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Preface

Polyurethane elastomers were first considered as potential biomaterials by John 
Boretos at the US National Institutes of Health in the 1960s and have found medical 
applications ever since. Polyurethanes generally have outstanding physical proper-
ties including high strength and stiffness, excellent flexibility and fatigue resistance, 
abrasion resistance, and reasonably good biocompatibility. This has led to their use in 
applications such as catheters, blood pumps, artificial heart components, and wound 
dressings. That is not to say that there are still unanswered questions in areas such as 
biostability and long-term biocompatibility and in the potential toxicity of aromatic 
diisocyanates used in many formulations. Over the years there have been numer-
ous publications and book chapters devoted to polyurethanes as biomaterials, but as 
the field advances, particularly in the area of applications in tissue engineering and 
regenerative medicine, new venues for describing the state of the art in the field are 
needed. To meet at least part of the need to provide a summary of recent research in 
 polyurethane biomaterials we have compiled 22 chapters on the topic of Advances in 
Polyurethane Biomaterials from authors making outstanding contributions to the field.

Advances in Polyurethane Biomaterials is organized in three sections. The first 
section contains 9 chapters on the chemistry, processing, and applications of polyure-
thane biomaterials. The second and third parts have chapters grouped around polyure-
thanes for vascular applications and polyurethanes for tissue-engineering applications. 
The authors have combined solid reviews as well as state of the art summaries of 
recent advances on their topics. Each contribution also contains copious and timely 
references on the topics covered. The editors thank the authors for their enthusiastic 
response to participate in this project and hope that readers of this volume will find 
value in the assembled material.

S. L. Cooper and J. Guan
September 2015

Ohio State University
Columbus, Ohio
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Hierarchal structure–property 
relationships of segmented 
polyurethanes
T.J. Touchet, E.M. Cosgriff-Hernandez*
Texas A&M University, TX, USA
*Corresponding author: cosgriff.hernandez@bme.tamu.edu

1.1   Introduction

The use of polyurethanes in medical devices has been well documented since 1965  
[1–7]. More recently, efforts have focused on the design of biodegradable formulations 
for use in tissue-engineered scaffolds and other resorbable implants. Biodegradable 
polyurethanes have a unique set of design requirements that include the use of biocom-
patible components, tissue-like mechanical properties, bioactivity, and an appropriate 
degradation rate. To accommodate these design criteria, the traditional polyurethane 
structure is often modified to incorporate degradable linkages or cell-responsive moi-
eties. The impact of these modifications on the resulting properties is affected by a 
number of factors including phase mixing, soft segment chemistry, hard segment 
chemistry, hard segment content, and molecular weight [8–12]. To enable rational 
design for these applications, an in-depth understanding of the effects that structure 
has on the properties is necessary. Characterization of polyurethane structure–property  
relationships has historically been focused on biostable formulations [4,9,13–17]. 
This chapter will provide an overview of the effect of polyurethane structure on physical  
properties with an emphasis on biodegradable polyurethane elastomers.

1.2   Structure of segmented polyurethanes
1.2.1   Polyurethane reactions

Polyurethane reactions fall into the category of step growth or condensation polym-
erization. In this process, bifunctional monomers react in a stepwise manner to pro-
duce long chains of the reacting monomers [18]. Step growth and polycondensation 
polymerizations typically expel a small molecule such as water or CO2; however, there 
is no by-product in the segmented polyurethane synthesis. Segmented polyurethanes 
comprise a low Tg soft segment that is commonly a low molecular weight macrodiol 
ranging from 400 to 6000 kg/mol and a glassy or semicrystalline hard segment of 
diisocyanate and chain extender. In a typical segmented polyurethane synthesis, the 
macrodiol is reacted with an excess of isocyanate to form a prepolymer. The prepoly-
mer is then reacted with a chain extender to build molecular weight and form a linear 

1
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block copolymer with alternating blocks of hard segment and soft segment. In contrast 
to the one-shot method in which the isocyanate, polyol, and chain extender are all 
reacted at once, the prepolymer method yields more ordered structure and control of 
properties [18]. Figure 1.1 provides a schematic comparing the polyurethane reaction 
using the one shot-method and the prepolymer method.

The central reactions of polyurethane synthesis are the formation of the carbamate 
or urethane linkage that occurs when an isocyanate reacts with an alcohol and the urea 
linkage that occurs when an isocyanate reacts with an amine. Isocyanates are a unique 
functional group that has several resonant structures and allows for the reaction with 
both nucleophiles and electrophiles [6,7,18]. Isocyanates react readily with primary 
alcohol functional groups but will also react with both secondary and tertiary alcohols 
at slower rates. The reaction kinetics can be influenced by factors such as steric hin-
drance that can slow down the reaction or proximity of electron-withdrawing groups 
that increase the rate of reaction [6,7]. The nitrogen of the urethane can also undergo 
a secondary reaction with excess isocyanate to form allophanates. Urea linkages can 
undergo similar reactions with excess isocyanate to form biurets [6,7,18]. These reac-
tions provide thermally labile crosslinks and provide additional structural diversity in 
polyurethane design (Figure 1.2).

1.2.2   Segmented polyurethane elastomers

Elastomers are a class of polymers that can be repeatedly strained and then return to 
the approximate original length on release of the load. Traditional elastomers such as 
rubber are able to achieve this elastic behavior by having a low glass transition tem-
perature and a small number of chemical crosslinks that form a permanent network 

Figure 1.1 Polyurethane polymerization based on the one-shot method and prepolymer method.
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for high recovery. Similar to rubber, thermoplastic polyurethane elastomers have soft 
segments with low glass transition temperatures but are reinforced with ordered hard 
domains that serve as rigid fillers and pseudo-net points. These physical crosslinks and 
the hydrogen bonds that stabilize them are thermally reversible, which permits thermal 
processing. The high elastic recovery and fatigue resistance of thermoplastic polyure-
thanes have generated significant interest in the field of tissue engineering, particularly 
in applications where mechanical properties are key design criteria [5,19–24].

1.3   Soft segment chemistry

Typical polyols used in resorbable polyurethanes include polyesters, polyethers, poly-
carbonates, and combinations of these polyols in the form of diblocks and triblocks 
[6,25,26]. In general, polyols have low glass transition temperatures that are in the 
rubbery regime at physiological temperatures. The length and type of polyol used can 
play a large role in the resulting physical properties, ranging from long polyols that 
produce low-modulus polyurethane elastomers to short and/or multifunctional polyols 
that result in rigid polyurethanes [27,28]. The reaction rate of the alcohol group allows 
for the reaction with isocyanate to occur under relatively mild conditions with primary 
alcohols reacting orders of magnitude faster than secondary or tertiary alcohols [18].

1.3.1   Polyester soft segments

Polyesters are hydrolytically labile and offer excellent mechanical properties com-
pared to the other commonly used polyols for biomedical applications. Table 1.1 pro-
vides a list of common polyester diol structures used in resorbable polyurethanes. 
Although polyester urethanes were generally considered unsuitable for biostable 

Figure 1.2 Reaction of urethane linkage with isocyanate to produce allophanate (a); reaction 
of urea linkage with isocyanate to produce biuret (b).
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devices, they are the most common choice for biodegradable applications [13,29–34].  
One of the most studied polyester soft segments is polycaprolactone (PCL). Although 
PCL undergoes ester hydrolysis, its hydrophobicity and crystallinity allow for a slower 
reaction rate compared to other polyesters. Polyglycolide, polylatide, and polygyl-
colide-co-lactide have also been investigated. Polyglycolide has the fastest degrada-
tion rate while polylactide displayed the highest tensile properties of the three [35]. 
With the exception of very low molecular weight diols, polyester polyols form semic-
rystalline soft segment domains that can strongly influence both mechanical properties 
and degradation rate.

1.3.2   Polyether soft segments

In biodegradable polyurethanes, polyethers are often used to add flexibility or hydro-
philicity to the polyurethane. Polyethers are more hydrolytically stable than polyes-
ters and can be used in combination with polyesters to tailor the degradation rate 
[1,34]. Polyether urethanes typically have lower moduli than polyester urethanes and 
are often selected when high flexibility and extensibility are needed. Table 1.2 provides 
a list of common polyether polyol structures used in resorbable polyurethanes. Com-
mon polyether polyols include poly(tetramethylene) glycol (PTMO), poly(propylene 
oxide) (PPO), and poly(ethylene) glycol (PEG). PTMO has been widely used in bio-
medical polyurethanes due to its low swelling and excellent mechanical properties 
[18]. In contrast, PEG has been a popular choice in tissue engineering applications 
to increase hydrophilicity and increase the degradation rate of the polyurethane. 
PPO is used less often in biomedical applications because it generally leads to 
reduced mechanical properties but allows for a softer grade material [18]. Although  

Table 1.1 List of common polyester diol structures used in 
resorbable polyurethanes

Chemical name Structure

Poly(ε-caprolactone) 
(PCL) diol

Poly(d,l-lactide) 
(PDLLA) diol

Poly(glycolide) (PGA) 
diol

Poly(ethylene adipate) 
diol
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polyethers are considered stable in terms of hydrolysis, they are susceptible to oxida-
tion mediated by adherent inflammatory cells [1,3,13,29,34,36–44].

1.3.3   Triblock soft segments

An emerging class of soft segments that has found a niche in biodegradable polyure-
thanes is block copolymers in an A–B–A structure that are variations of the commonly 
used polyols. Table 1.3 provides a list of common triblock structures used in resorbable 

Table 1.2 List of common polyether diol structures used in 
resorbable polyurethanes

Chemical name Structure

Poly(ethylene oxide) (PEO)

Poly(propylene oxide) (PPO)

Poly(tetramethylene oxide) (PTMO)

Poly(hexamethylene oxide) (PHMO)

Table 1.3 List of common triblock diol structures used in  
resorbable polyurethanes

Chemical name Structure

PCL-b-PEO-b-
PCL diol

PCL-b-PPO-b-
PCL diol

PCL-b-PTMO-
b-PCL diol
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polyurethanes. The versatility of the triblock structure can offer better control over 
morphology, hydrophilicity, mechanical properties, and degradation behavior of the 
resulting polyurethane. PCL–PEG–PCL is the most frequently used for soft tissue 
applications and provides flexibility in addition to an increased degradation rate com-
pared to PCL. Similar to PCL–PEG–PCL, other triblocks that follow the ester–ether–
ester structure such as PCL–PTMO–PCL and PLA–PEG–PLA are used for the same 
function but develop different properties [45,46]. Peptide-based triblocks have also 
been used in an attempt to control degradation by using an enzyme-specific sequence 
in between PEG to make a PEG–PEP–PEG triblock [47]. More recent advances have 
been aimed at incorporating peptides to induce bioactivity into the soft segment [48].

1.4   Hard segment chemistry

The hard segment of polyurethanes typically consists of a low molecular weight iso-
cyanate and a low molecular weight diol or diamine as the chain extender. In contrast 
to the soft segment, the hard segment typically has a high glass transition temperature 
and is semicrystalline or highly ordered. The selection of the isocyanate and chain 
extender strongly influences the physical properties of the resulting polyurethane.

1.4.1   Isocyanates

The two main classes of isocyanates used to generate biomedical polyurethanes are 
aromatic and aliphatic. Table 1.4 provides a list of commonly used isocyanates in 
resorbable polyurethanes. Aromatic isocyanates are the most commonly used in bio-
medical polyurethanes, specifically methylene diisocyanate (MDI), and yield the highest  
tensile properties with high melting temperatures. Toluene diisocyanate (TDI) is often 
used in polyurethanes in various industries but concerns over the potential degradation 
product toluene diamine has curbed its use in the biomedical field [46,54,62–65]. MDI 
has the distinct advantages of low cost, high reactivity, and ability to crystallize [7,18]. 
Although aromatic polyurethanes possess excellent mechanical properties, there is still 
some debate as to whether or not the degradation by-products of aromatic isocyanates 
produce carcinogenic diamines in large enough quantities to cause adverse effects 
in vivo. More recently, there has been development of biodegradable aromatic diisocy-
anates. These compounds, developed by Bezwada Biomedical, incorporate labile ester 
linkages allowing the diisocyanate to degrade into nontoxic by-products while achieving 
properties comparable to those of traditional aromatic diisocyanates. Aliphatic diisocya-
nates are more often used in degradable polyurethanes to circumvent any potential toxic-
ity concerns. Typically, aliphatic polyurethanes do not match the mechanical properties 
of their aromatic counterparts. The most commonly used aliphatic diisocyanates include 
1,4-butane diisocyanate, 1,6-hexamethylene diisocyanate [14,17], and lysine diisocy-
anates. Lysine diisocyanate has gained popularity in recent years due to the assump-
tion that its lysine-based chemistry will yield safe carboxylic by-products [32,49–51]. 
Butane diisocyanate is also considered to have biocompatible degradation products, as 
the hydrolyzed product, putrescine, is naturally occurring in the body [52,53].
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1.4.2   Chain extenders

Chain extenders are low molecular weight diols or diamines that react with diisocy-
anates to build polyurethane molecular weight and increase the block length of the 
hard segment. Much like the diisocyanates, chain extenders can be either aliphatic or 
aromatic. Table 1.5 provides a list of commonly used chain extenders in resorbable 
polyurethanes. Chain extenders made from diols such as ethylene glycol, butane diol, 
and propylene gylcol result in a urethane linkage [16,54–56]. The use of diamine 
chain extenders results in a urea linkage that results in bidentate hydrogen bonding. 
Diamine chain extenders are associated with increased modulus and tensile strength 
and with decreased elongation, as compared to their diol counterparts [57]. Ethylene 
diamine, putrescine, and diaminopropane have been used extensively in biomedical 
applications. One method of generating degradable hard segments is to incorporate 
degradable chain extenders based on diesters or amino acids that can be either diol 
or diamine terminated. Several groups have previously developed diol and diamine 
chain extenders based on amino acids that have been shown to increase the mechanical 
properties over more conventional chain extenders while introducing degradable ester 
linkages [12,58,59].

Table 1.4 List of common diisocyanate structures used in resorbable 
polyurethanes

Chemical name Structure

1,4-Diisocyanatobutane 
(BDI) O    C    N—— ——

N    C    O—— ——

1,6-Diisocyanatohexane 
(HDI) O    C    N—— ——

N    C    O—— ——

Lysine methyl ester  
diisocyanate (LDI)

OO
H3C

O    C    N—— —— N    C    O—— ——

Dicyclohexylmethane 
diisocyanate  
(H12MDI) C

O

N

——
—— C

O

N ——
——

Glycolide–ethylene  
glycol–glycolide  
isocyanate (Bezwada, 
LLC)

O
O

O
O

O

O

N

C
O

N ——
——

C
O——

——

Methylene diphenyl  
diisocyanate (MDI)

C
O

N

——
—— C

O

N ——
——
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1.5   Microphase separation

It has been well established by Cooper and Tobolsky that the unique properties of 
polyurethanes are strongly linked to its two-phase morphology [21]. Characteriza-
tion of microphase separation is performed using a variety of techniques including 
dynamic mechanical thermal analysis (DMTA), Fourier transform infrared spectros-
copy (FTIR), small-angle X-ray scattering (SAXS), and atomic force microscopy. 
Consideration of both the thermodynamic driving forces and the kinetics is needed to 
elucidate microstructure formation in polyurethanes [60–66].

1.5.1   Thermodynamics

Thermodynamics is the principle driving factor of microphase separation that is pre-
dicted well by the Gibbs free energy of mixing ΔGm = ΔHm − TΔSm. Where ΔGm is 
the free energy of mixing, ΔHm is the enthalpy of mixing and ΔSm is the entropy of 
mixing. In the event of a positive ΔGm, the thermodynamic incompatibility of the two 
phases drives phase separation [67,68]. Macrophase separation is prevented by molec-
ular restrictions imposed by covalent bonds that link the incompatible segments but 
microdomains are formed [62]. In general, hard segment blocks are considered to be 
highly polar when compared to the relatively nonpolar soft segment. This difference in 
polarity leads to a positive heat of mixing and results in a thermodynamic incompat-
ibility between the two segments. The hard domains are then stabilized by hydrogen 

Table 1.5 List of common chain extender structures used in 
resorbable polyurethanes

Chemical name Structure

1,4-Butane diol
HO

OH

1,4-Butanediamine (putrescine)
H2N

NH2

Ethylene diamine (ED)
H2N

NH2

Diaminopropane (DAP) H2N NH2

Cyclohexane diphenylalanine

O

O

NH2

NH2

O

O
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bonding between the urethane and the urea linkages. There has been extensive inves-
tigation into predicting the microphase separation and its behavior in polyurethane 
systems [9,62,63,67,68].

1.5.2   Structural morphology

The thermodynamic incompatibility between the hard and the soft segments drives 
microphase separation into semicrystalline hard domains and amorphous, rubbery soft 
segment domains. As such, the degree of phase separation is dependent on hard and 
soft segment chemistries. Phase separation is also influenced by the processing his-
tory and improves with increased mobility of the soft segment [69–72]. Morphology 
models of polyurethanes have been developed to describe the heterogeneity at the 
domain and higher level. The organization of this morphology is often characterized 
by the use of DMTA, FTIR, and most commonly SAXS. FTIR is often used to identify 
key chemical relationships that translate to morphological changes such as hydro-
gen bonding of urethane linkages [58,73,74]. SAXS is the most quantitative of the 
techniques and allows for quantitative analysis of domain size and spacing [28,75]. 
At low hard segment content, discrete hard domains are dispersed in the amorphous 
soft segment matrix (Figure 1.3). These hard domains act as physical net points and 
rigid filler. Increasing hard segment content results in increased hard domain inter-
connectivity and a transition from discrete to continuous hard domains [28]. Larger 
scale, spherulitic-like organization of the lamellar hard domains is also possible in 
polyurethanes with increased phase separation [76]. These hard segment domains are 

Figure 1.3 Schematic of polyurethane microphase morphology.
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dynamic and can be broken and reformed into more favorable and cohesive conforma-
tions under heat and stress through the process of annealing [28,77–79].

1.5.3   Kinetics

The kinetics of microphase separation has been the subject of increasing research in 
recent years. The process of phase separation of the polyurethane following thermal 
treatment is time dependent. Raising the temperature breaks hydrogen bonds between 
hard segments and induces phase mixing of the polyurethane. Lowering the tempera-
ture permits phase separation and microdomain formation. Given that this macromo-
lecular process is subject to kinetic and viscous effects, a finite amount of time is 
required to generate a change in morphology [80]. Techniques such as FTIR, differ-
ential scanning calorimetry (DSC), and X-ray scattering have been used to monitor 
microphase morphology formation and the impact of processing variables on domain 
size [28,43,44,74,81]. For example, X-ray scattering studies were used to demonstrate 
that changes in temperature led to changes in the domain spacing of polyester ure-
thanes [82]. Chu et al. reported that phase separation kinetics are in part controlled 
by molecular mobility in polyether urethanes. Specifically, the hard segment had the 
greatest effect on the relaxation times [61].

1.6   Compositional effects on mechanical properties

Mechanical properties are a key design feature for any biomaterial. A property mis-
match can lead to early device failure due to insufficient mechanical properties or 
undesired tissue responses due to stress shielding. Biodegradable polyurethane 
mechanical properties can be tailored by altering the soft segment chemistry, hard 
segment chemistry, soft segment molecular weight, hard segment content, and degree 
of crystallinity [6]. All of these factors influence variables such as modulus, elonga-
tion, tensile strength, and compressive strength [18,19,32,33,55,81,83–86]. A major 
component in modulating mechanical properties is the degree of chain mobility. Chain 
mobility can be affected by molecular flexibility, degree of crystallinity, and crosslink-
ing [18,33,84]. Polyurethane structure–property relationships can be generally divided 
into soft segment and hard segment effects.

1.6.1   Effect of the soft segment

Key soft segment variables that influence mechanical properties include polyol molec-
ular weight, chemistry, and crystallinity. There has been extensive investigation into 
the effect of soft segment molecular weight changes in the absence of any other struc-
tural change. Ma et al. [33] demonstrated these effects using a library of biodegradable 
polyurethanes with the same hard segment chemistry and content. An increase in the 
soft segment molecular weight was correlated with a decrease in the initial modulus. 
In addition, Gisselfalt and Helgee [27] reported that increasing the soft segment length 
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led to increased phase separation. This resulted in a decrease in increased soft segment 
mobility as evidenced by lower glass transition temperatures and a corollary reduc-
tion in modulus. Both of these studies aligned with the mechanical theory of rubber 
elasticity where there is an inverse relationship between the average length between 
crosslinks (hard domain) and modulus. Ma et al. [33] also reported that a large chain 
length also led to a decrease in permanent deformation due to a reduction in hard 
domain reorganization. Conversely, semicrystalline PCL displays an opposite effect as 
molecular weight is increased [12]. As the molecular weight of the PCL soft segment 
is increased, the degree of crystallinity increases. This increase in crystallinity leads 
to elastomeric polyurethanes with increased modulus and tensile strength. Table 1.6 
illustrates the effect of soft segment molecular weight on modulus in biodegradable 
polyurethanes [9,12,59,85,87,88].

Soft segment chemistry can also have a large impact on the polyurethane mechan-
ical properties. In the use of biodegradable polyurethanes, polyesters are commonly 
selected based on the hydrolytically labile linkage that allows for degradation. These 
polyurethanes also possess excellent mechanical properties that are largely attributed to 
the ability of the polyol to crystallize or its ability to undergo strain-induced crystalliza-
tion [89,90]. Although soft segment crystallinity increases modulus and ultimate tensile 
strength, elongation and percentage recovery are often reduced substantially [12,33,48]. 
Elongation and, more importantly, high recovery are required to mimic native tissue 
function [29]. As discussed earlier, the crystallinity of the soft segment can decrease 
the elongation, recovery, and degradation rate [33]. To address the limitations in using 
semicrystalline polyesters, triblocks in a polyester–polyether–polyester structure such 
as PCL–PEG–PCL have been investigated. By using two different types of polyols, a 
combination of mechanical properties can be achieved [48,91]. Incorporation of PEG 
can be used to increase the degradation due to its hydrophilicity while PCL can pro-
vide mechanical properties due to its semicrystalline morphology. Guan et al. tested 
biodegradable poly(ester urethane urea)s with varying PEG/PCL contents in the soft 
segment. As the molecular weight of PEG was increased, there was a decrease in tensile 
strength with minimal effect on elongation [48]. In general, the modulation of mechan-
ical properties strongly correlates with the degree of soft segment crystallinity with 
higher tensile strength and reduced flexibility associated with increased crystallinity. 
Work by Gunatillake et al. showed that variations in the polyether choice such as PTMO, 
poly(hexamethylene oxide) (PHMO), and PEG displayed changes in tensile properties, 

Table 1.6 Effect of polycaprolactone soft segment molecular weight 
on the modulus of a resorbable polyurethane [12]

Molecular  
weight (kDa) Modulus (MPa)

Ultimate tensile 
strength (MPa)

Ultimate 
elongation (%)

530 6.6 12.5 618
1250 20.2 28 580
2000 81.9 30.8 676
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with PTMO and PHMO displaying higher properties than PEG soft segments. Similar 
to the polyester–polyether triblock, there have been studies into the effects of using a 
polyester–polycarbonate triblock and random copolymers. Ma et al. [33] demonstrated 
that using copolymers of aliphatic polycarbonates and polyesters as the soft segment 
resulted in polyurethanes with high tensile strength, low modulus, and high recovery.

1.6.2   Effect of hard segment

Much like the soft segment, mechanical properties such as tensile strength and modu-
lus are influenced by hard segment content and chemistry [18]. The relative amounts 
of hard and soft segment can have a profound effect on the mechanical properties of 
polyurethanes. This relationship is based on the role of hard domains as rigid fillers 
that reinforce the amorphous soft segment matrix and as pseudo-net points or physical 
crosslinks. It follows that an increase in crosslinking would result in an increase in 
modulus and tensile strength as illustrated in Figure 1.4.

Studies by Klinedinst et al. have shown that increases in the hard segment con-
tent increased the size of the hard domains and increased phase separation. As the 
hard domain size increased they noted increases in both the modulus and the ten-
sile strength. The increase in hard segment content also led to an increase in perma-
nent set [56]. In addition to hard segment content, hard segment chemistry can also 
impact mechanical properties [9,74,92]. Aromatic isocyanates such as MDI and TDI 
possess superior mechanical properties; however, their use in biodegradable applica-
tions is limited due to toxicity concerns [14,17,93]. Dempsey et al. reported the effect 
of a novel aromatic degradable diisocyanate based on glycolic acid developed by  
Bezwada Biomedical. When compared to polyester urethanes made with aliphatic 
hard segments, this novel degradable polyurethane displayed a higher modulus and 
ultimate tensile strength [93]. A large fraction of biodegradable polyurethane research 
has focused on the use of linear aliphatic diisocyanates [16,26,35,49,52,53,55]. It has 
been established that diisocyanates such dicyclohexylmethane diisocyanate (H12MDI), 

Figure 1.4 Effect of hard segment content on mechanical properties.
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1,6-diisocyanatohexane (HDI), and 1,4-diisocyanatobutane (BDI) exhibit higher 
mechanical properties due to symmetry when compared to asymmetrical diisocya-
nates that inhibit crystallization [14,17,94–96]. One such asymmetrical diisocyanate 
that has gained popularity is lysine methyl ester diisocyanate (LDI), which is used 
because of its amino acid-based structure. In terms of mechanical properties, LDI has 
been shown to have reduced tensile properties compared to current aliphatic diisocy-
anates such as BDI and HDI. This decrease in mechanical properties was attributed 
to reduced registry and the associated loss of hard segment cohesion [32,49–51,96].

1.7   Compositional effects on degradation rate
1.7.1   Effect of soft segment

The effect of soft segment chemistry on degradation rate is related to the concentration 
of labile groups, hydrophilicity, and crystallinity. The chemical composition of soft 
segments influences the degree of water diffusion into the polymer. As such, hydro-
philicity has been shown to have a strong effect on the degradation rates of polyesters 
[97]. Several studies have examined the effect of polyurethane hydrophilicity on deg-
radation rate by altering the balance of hydrophilic and/or hydrophobic components of 
the soft segment [12,46,98–101]. Cohn et al. demonstrated that by increasing the PEG 
length or decreasing the PCL length, the rate of degradation was increased. It should be 
noted that the degree of crystallinity was also decreased [46]. Further studies showed 
similar trends by varying the molar ratios of PEG and PPO [12,33,48,102,103]. In a 
study by Gorna and Gogolewski, a triblock based on PluronicF-68 and PCL was inves-
tigated with similar effects on the rate of degradation [99]. The crystalline morphology 
of the polyurethane structure can also affect the degradation rate by decreasing the 
diffusion rate of water through the polyurethane and restricting access of water to 
the polymer chains in crystalline domains. It follows that an increase in crystallinity 
reduces the rate of hydrolytic degradation. Indeed, Skarja and Woodhouse reported 
that polyurethanes with amorphous soft segments displayed an increased rate of 
hydrolysis while an increase in crystallinity decreased the degradation rate [12,101].

Another route for modulating the degradation rates is to incorporate nondegradable 
moieties into the soft segment. A secondary effect is that copolymerization or blending 
in these nondegradable moieties also disrupts the polymer crystallinity. In a study by 
Hong et al., a polycarbonate diol was mixed with PCL diol at different ratios to inves-
tigate the effect on degradation. They found that introducing the polycarbonate diol in 
increasing amounts slowed the degradation rate [103]. Ma et al. [33] demonstrated that 
a decrease in soft segment crystallinity, even with nondegradable groups such as carbon-
ates, resulted in an increase in the degradation rate over the semicrystalline polyester.

1.7.2   Effect of hard segment

Several studies have been conducted on biostable polyurethanes to elucidate the 
effects of hard segment chemistry on polyurethane degradation rate. Tang et al. 
[104,105] observed the effects of hard segment chemistry and hard segment content 
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on the enzymatic degradation of polycarbonate urethanes (PCU). The study on hard 
segment chemistry specifically looked at differences in polycarbonate–polyurethanes 
synthesized from HDI, MDI, and H12MDI. Although it was also found that PCU with 
both MDI and HMDI were found to degrade similarly initially, later time points indi-
cated increased degradation of HMDI-based polyurethanes [104]. Similar degradation 
patterns were observed by Kim and Kim [106] in poly(ester urethane)s synthesized 
with the same isocyanates. Tang and colleagues concluded that the increased cohesion 
of the MDI-based hard domains made it more resistant to degradation [104]. It is rea-
sonable to assume that the same principle can be applied to resorbable polyurethanes.

Additional labile sites have been introduced into the hard segment to increase 
the degradation rate through the use of a biodegradable chain extender. Tatai et al. 
reported an increased rate of hard segment hydrolytic degradation with the use of an 
ester-based chain extender that was made by end capping ethylene glycol with lactic 
acid. Their results indicated that the hard segment rate of degradation was higher than 
that of the PCL soft segment and the control polyurethane [107]. Similarly, Skarja and 
Woodhouse tested the degradation of several polyurethanes that contained an amino 
acid-derived chain extender. Compared to control polyester urethanes, this amino 
acid-based chain extender increased the degradation rate when treated with enzymatic 
media but showed no significant difference in buffer. From these results, they sug-
gested that amino acid ester chain extenders were susceptible to enzymatic attack.

Along with the effects that chemical structures have on degradation, the weight 
fraction of hard segment also influences rate. Tang et al. [108] looked at the effect of 
hard segment content on the degradation and reported that as the hard segment content 
increased, the enzymatic degradation rate was reduced. Similar results were obtained 
by Lendlein and Langer on polyester urethanes that ranged from zero to 83% hard seg-
ment content [109]. In summary, the hard segment content does influence enzymatic 
degradation rate as much as hard segment chemistry [12].

1.8   Summary and future perspectives

Significant effort has been focused on the development of resorbable polyurethanes 
for applications in a variety of biomedical applications including tissue engineering 
scaffolds, controlled release applications, wound dressings, abdominal wall recon-
struction, and many others. In this chapter, key structure–property relationships of 
biodegradable polyurethanes were presented. In addition to the traditional hard seg-
ment and soft segment effects on mechanical properties, the compositional effects on 
degradation rate were also discussed. Design of biodegradable polyurethane devices 
depends on balancing mechanical property requirements and the desired degradation 
rate. These properties are often coupled in biodegradable polyurethane formulations 
and this makes it difficult to tune degradation rate independent of target mechanical 
properties. Furthermore, biodegradable formulations lack the breadth of properties 
available in the more established biostable polyurethanes. Current research is focused 
on both of these key areas: decoupling mechanical properties from degradation rate 
and expanding the properties available. Overall, the highly tunable mechanical and 
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physicochemical properties of biodegradable polyurethanes make them promising 
candidates in the rapidly growing resorbable device market.
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Polyurethane is probably the most versatile thermoplastic elastomer with many great 
properties. Commercial products made from polyurethanes include artificial hearts, 
catheters, feeding tubes, surgical drains, intraaortic balloon pumps, dialysis devices, 
nonallergenic gloves, medical garments, hospital bedding, wound dressings, and 
more. In typical applications, polyurethane surfaces have to interact with various body 
fluids, tissues, or organs. Thus the surface properties of polyurethane biomaterials 
are the key factors in determining the performance of finished products. Deficiencies 
in surface properties are the leading cause of implant failure such as surface  erosion, 
immune response, chronic inflammation, thrombi formation, and bacterial infec-
tion. For this reason, a tremendous amount of research has been focused on surface 
 modification of polyurethane biomaterials to improve their lubricity, hydrophilicity/ 
hydrophobicity, hemocompatability, antithromobogenicity, and antimicrobial activity. 
Thus, it is equally important that proper surface characterization techniques are applied 
during such research. The scope of this chapter is to provide a brief introduction to 
nine popular surface characterization techniques and also offer several examples to 
show how each technique may be applied. Some characterization techniques such as 
atomic force microscopy and attenuated total reflectance infrared spectroscopy (ATR–
FTIR) are not covered in this chapter. If more detailed information is needed, multiple 
reviews are available for further reading [1–7].

2.1   Friction measurement

Using medical devices such as catheters, angioplasty balloons, pacemaker leads, and 
cardiovascular stents usually involves insertion of such devices into urinal tracts or 
blood vessels. During insertion, high surface lubricity of the devices helps to facilitate 
the insertion process and reduce insertion-associated tissue damage, which benefits 
both the patient and the surgeon. Early approaches to decrease insertion friction involve 
using lubricants such as olive oil and silicon oil, or low friction materials like polyeth-
ylene. Due to the superior mechanical properties, polyurethane is extensively used in 
catheters/balloons and it is desirable to improve the lubricity of polyurethane materials.

2
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In modern theory of friction, 90% of the total friction is believed to come from 
interatomic adhesion between two surfaces [8]. If the interatomic adhesion is 
weakened, the friction force could be reduced. If water, the most abundant fluid 
in the body, easily wets the polymer surface and creates a thin layer between two 
surfaces to eliminate solid/solid contact, the friction force could be significantly 
reduced. Therefore, a general approach of friction reduction is to increase the sur-
face hydrophilicity of polyurethane by coating or by surface chemical modification 
[9–22].

2.1.1   Coefficient of friction measurement

Coefficient of friction (COF) is a dimensionless number that is defined as the ratio 
between friction force and normal force (Eqn (2.1)). Materials with COF smaller than 
0.1 are considered lubricous materials. COF depends on the nature of the materials 
and surface roughness. Usually, ASTM D1894-14 is the most widely used method for 
COF measurement. This method involves a polymer sheet or film with a fixed weight 
on top. The polymer sample is dragged along a stainless steel sheet under dry or wet 
conditions and friction force is thus measured by a forcemeter (Figure 2.1). The nor-
mal force in this test is equal to the gravity force of the weight.

 COF = Ffriction/Fnormal (2.1)

Gu et al. [23] used ozone to pretreat a Pellethane® surface and later functional-
ized the surface with polyacrylic acid. The surface hydrophilicity of Pellethane® ther-
moplastic polyurethane (“TPU”) is significantly improved by showing a much lower 
water contact angle (CA; 25° vs 92° of pure Pellethane® TPU, for CA test, please see 
Section 2.2) The COF of the modified surface was as low as 0.1.

A modified COF measurement method for testing finished catheters was reported 
by Kazmierska [24]. The tribology device is shown in Figure 2.2. A motor winds the 
strand and pulls the catheter against a weighted surface in a water bath. The friction 
force is measured by a forcemeter and the normal force is the difference of gravity 
force of the weight subtracted by the buoyancy force.

2.1.2   Trackability measurement

When a medical prosthesis such as a catheter, guide wire, angioplasty balloon, or stent 
is inserted to a blood vessel, external force is needed to advance the prosthesis into the 
right position. Ideally, the force used should be as low as possible to minimize surgeons’ 

Weight
Normal force

Friction force

Stainless steel

Polymer

Figure 2.1 COF measurement demonstration.
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work and damage to the blood vessel. COF measurement is a simple method to test 
raw materials. In order to simulate the insertion of a finished product in a tortuous 
pathway [25], ANSI/AAMI/ISO 25539 has been used as a test protocol (Figure 2.3).  
A polytetrafluoroethylene (PTFE) tube is commonly used to simulate a blood vessel and 
is placed in a temperature-controlled water bath. The test sample (guide wire/catheter) 
is inserted into the PTFE tube by a proximal roller assembly. The pushing force versus 
advancement distance is measured and plotted to show the trackability of the sample.

2.2   Contact angle

When a drop of liquid is sitting on a flat, horizontal solid surface, the CA is defined 
as the angle formed by the intersection of the liquid–solid interface and liquid–gas 
interface. Thomas Young first proposed to treat the CA of a liquid on a surface as the 
mechanical equilibrium of surface tension of three interfaces: solid–gas, solid–liquid, 
and liquid–gas (Figure 2.4). Since the liquid droplet is in mechanical equilibrium, the 
CA θ is determined from these surface tensions using Young’s equation (Eqn (2.2)).  

PC
Data

F
E A

C

D

H

G

B

(a)

(b)

T

T

W

Q

N = Q – W

Figure 2.2 Modified COF device for a catheter. (a) A, tested catheter; B, a vessel filled with 
distilled water; C, polymer element pressing down the catheter, rigidly connected, via rod E, 
with forcemeter F; D, an exchangeable counterface; G, DC motor coiling the strand H; (b) 
I = N/T; T, friction force; N, normal force, which is the difference of a force of gravity Q 
and a buoyancy W.
Reprinted with permission from Ref. [24].
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A CA less than 90° suggests that wetting of the surface is favorable; a CA greater than 
90° means that the liquid prefers to minimize the contact with the surface.

 γSG = γSL + γLG cos θ (2.2)

CA measurement is a facile, easy to apply technique that produces surface wetting 
and/or surface tension information. For polyurethane biomaterials, the commonly used 
liquid in this test is water. The CA gives us important information about the polyure-
thane, such as hydrophilicity/hydrophobicity, surface tension, and surface reorganiza-
tion kinetics [26–29].

Although CA seems like a very easy measurement, care must be taken during CA 
measurements since many factors can interfere with CA results: The water must be as 
pure as possible since impurity such as surfactants will drastically change the interfa-
cial tension of water; the polymer surface must be thoroughly cleaned and should not 
have any extractable low molecular weight (MW) contaminants, such as unreacted 
monomers or wax or additives.

Figure 2.3 Trackability test.
Credited from Machine Solution Inc.
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Figure 2.4 A static liquid droplet showing all three surface tensions (γSG, γSL, and γLG represent 
the surface tension of solid–gas, solid–liquid, and liquid–gas, respectively).
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There are two categories of CAs: static and dynamic. Each category has several test 
methods/instruments. Some of these methods will be discussed in the following section.

2.2.1   Static sessile drop

A typical static sessile drop is created by a microsyringe with an automated plunger to 
place a tiny drop of water on the polymer surface. Ideally, the polymer sample should 
be in a humidity chamber to minimize the water evaporation that would change the 
shape, and thus the CA of the droplet. The shape of the droplet is captured by a camera 
and CA is measured by an image analysis software [30].

2.2.2   Dynamic contact angle

Polyurethane is a segmented polymer with both a hard segment (diisocyanate/
chain extender crystalline region) and a soft segment (polyols amorphous region). 
Essentially, all polymers with nonhomogeneous surfaces will reorganize, to a cer-
tain extent, to expose their hydrophilic segment toward the polymer/water inter-
face when contacting water [31–39]. Such nonhomogeneity can only be fully 
evaluated with the dynamic CA method. In the dynamic CA method, information 
of both advancing CA (θadv) and receding CA (θrec) is obtained. The advancing 
CA, θadv, is sensitive to the hydrophobic surface component because θadv is mea-
sured when water tries to wet the surface. During this process, the hydrophobic 
parts of the polymer try to prevent the wetting process. On the contrary, the reced-
ing CA, θrec, is sensitive to the hydrophilic surface component since the water is 
trying to dewet the surface and the hydrophilic region will try to keep the water 
from dewetting [40].

2.2.2.1   Dynamic sessile drop

Dynamic sessile drop is very similar to the static sessile method. A small drop of water 
is carefully added on top of the polymer surface by a microsyringe with a very thin 
 needle. The needle is kept inside of the water droplet after the droplet is settled. A com-
puter program controls the syringe to add a very small quantity of water to the existing 
droplet to gradually expand the size of the droplet while the contact area between water 
and polymer is kept the same. Just when this contact area starts to expand, a CA is 
recorded. The CA obtained during this process is θadv since water tends to advance to 
wet the surface (Figure 2.5(a)). After θadv is recorded, a reverse process is carried out to 

(a) (b)

ϑ ϑadv res

Figure 2.5 Demonstration of dynamic sessile drop method (a) add water for θadv; (b) withdraw 
water for θrec.
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slowly decrease the size of droplet by withdrawing water from the droplet. Such process 
will generate θrec, which is obtained right when the contact area shrinks (Figure 2.5(b)).

A modified sessile drop method does not involve addition and subtraction of water. 
Instead, water droplet is added on a tilting stage. The stage is tilted by an automated 
program and water drop will deform into an asymmetric shape (Figure 2.6). While the 
stage is tilting, the image of water drop is captured by software right before it rolls 
down the polymer surface. Both θadv and θrec are measured at this point (Figure 2.6).

Tremendous efforts have been put into surface modification of polyurethane bio-
materials to promote cell adhesion [41] and/or depress platelet adhesion [42,43], 
biofilm formation [44], or protein adsorption [45]. CA is the quickest indirect evi-
dence of confirming these surface modifications. Cooper et al. [41] prepared a series 
of polyurethanes with surfaces functionalized with three hexapeptides to improve 
cell adhesion. The polar peptides on the surface increase the hydrophilicity and thus 
decreased CAs were observed. Again, CA is only an indirect proof of a successful 
surface modification since there are many factors that contribute to a change in CA. 
Many other surface characterization techniques must be combined to obtain a full 
picture of the surface properties of polyurethane biomaterials.

2.2.2.2   Wilhelmy plate

The Wilhelmy plate method is named after the German chemist Ludwig Wilhelmy. 
It is an indirect method for CA measurement that can be applied to samples in 
plate, rod, or fiber shape. The experimental setup is shown in Figure 2.7. The sam-
ple is attached to the arm of a precision balance. A programmed stage moves up a 
temperature-controlled water bath so that the sample becomes immersed in water. 
The stage moves down and then the sample leaves the water. The force applied 
on the arm is recorded together with the information of the stage positon. The CA 
is calculated using Eqn (2.3). F is the pulling force and measured by the balance 
(weight of sample is automatically deducted at the beginning of experiment), L is 
the wetting length, which is equal to two times the width of the sample, γwater/air 
is the water surface interfacial tension with air at given temperature, θ is the CA, 
d is the immersed depth of sample (recorded by stage positon), Δρ is the density 
difference between water and sample, and g is the acceleration of gravity. The 
Wilhelmy plate machine plots F/L versus d and cos θ can be extrapolated at d = 0. 
When the sample enters the water, the F/L versus d plot gives θadv; when sample 
leaves the water, the F/L versus d plot gives θrec.

 
F

L
= γwater/air cos θ − d Δ ρg

 (2.3)

ϑ

ϑ

adv

res

Figure 2.6 Tilting stage method to obtain dynamic CA.
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Park et al. [44] modified a Pellethane® surface with poly(ethylene glycol) 
(MW) = 1000, PEG1k carrying terminal hydroxyl, amino, and sulfonate groups, 
respectively, to reduce bacterial adhesion (Figure 2.8). After modification, the authors 
measured the dynamic CA before and after hydration using the Wilhelmy plate method. 

F

Stage
movement

1/2 L

d

ϑ

Figure 2.7 Demonstration of Wilhelmy plate method.

Figure 2.8 Synthetic procedure for PEG modification of PU surfaces.
Reprinted with permission from Ref. [44].
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Because the polymer surface reorients the hydrophilic groups toward polymer/water 
interfaces, modified polyurethanes show much lower CA after hydration (Table 2.1). 
PU–PEG 1K–OH, PU–PEG 1K–NH2, and PU–PEG 1K–SO3H show complete wet-
ting (undetectable θrec) after hydration, suggesting a superhydrophilic nature of the 
modified surfaces. The hydrophilic surface modifications greatly reduced Escherichia 
coli adhesion.

2.3   X-ray photoelectron spectroscopy

X-ray photoelectron spectroscopy (XPS), also referred to as electron spectroscopy for 
chemical analysis, is a surface characterization technique based on the photoelectron 
effect. XPS surveys the electron binding energy spectrum of a sample surface result-
ing in a plot of binding energy versus total electron count. Since the binding energy of 
electrons of different elements is different, XPS can be used to identify the different 
elements present on the surface and the composition ratio of each element. In the-
ory, XPS can detect all elements. However, H and He are barely detected in practical 
 situations [46].

Chemical bonding or chemical state plays an important role in the binding 
energy of the electron orbital and thus gives rise to observable energy shifts in the 
kinetic energy of the photoelectron. These binding energy shifts can be used to 
extract information of a chemical nature (such as atomic oxidation state/chemical 
bonding) at the sample surface. The data are readily available on the National 
Institute of Standards and Technology Website (http://srdata.nist.gov/xps/ 
Default.aspx).

XPS uses the photoelectronic effect to obtain binding energy information (Eqn 
(2.4)). When the ample surface is irradiated by X-rays, the X-rays knock out outer 
electrons on the surface. This process is an energy conservation process so the photonic 

Table 2.1 Dynamic contact angles of PEG-modified Pellethane® 
surfaces

Dry Hydration

Materials θadv θrec θadv θrec

PU (Pellethane®) 93.0 ± 3.0 46.5 ± 4.0 87.6 ± 4.1 39.5 ± 4.7
PU–PPG 1K–OH 78.8 ± 3.0 42.1 ± 5.1 83.6 ± 2.0 41.9 ± 5.6
PU–PEG 1K–OH 44.6 ± 2.5 30.2 ± 0.7 43.9 ± 1.6 Wetting
PU–PEG 1K–NH2 37.0 ± 2.8 24.8 ± 5.4 28.3 ± 3.0 Wetting
PU–PEG 1K–SO3H 33.8 ± 1.2 25.2 ± 6.9 25.6 ± 2.5 Wetting

Reprinted with permission from Ref. [44]].

http://srdata.nist.gov/xps/Default.aspx
http://srdata.nist.gov/xps/Default.aspx
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energy of X-ray Ephoton (varies with X-ray source: Al Kα X-rays, Ephoton = 1486.7 eV 
and Mg Kα X-rays, Ephoton = 1253.6 eV) is equal to the sum of Ekinetic (kinetic energy of 
electrons escaped from samples, which can be determined by an energy analyzer) and 
Ebinding (binding energy of outer electrons). Ebinding can be calculated by subtracting 
Ekinetic from Ephoton.

 Ephoton = Ebinding + Ekinetic (2.4)

Because the emitted photoelectrons are strongly attenuated when passing through 
the sample material itself, only photoelectrons of the top 0–10 nm of the sample can 
escape from the sample itself and become analyzed. Therefore, XPS is a characteri-
zation technique that provides the information of the very topmost layer of the mate-
rial. For the same reason, XPS requires high vacuum or ultrahigh vacuum so that the 
energy of photoelectrons can be preserved during the process between leaving the 
sample and entering the energy analyzer of XPS instrument.

To increase the hemocompatability and reduce platelet adhesion to TPUs, 
different approaches have been employed such as coating, surface grafting, and 
blending with surface modification additives. XPS is a crucial technique for con-
firming the surface chemical composition of these modifications. For example, 
Ishihara et al. synthesized a series of methacrylate copolymers with a phosphoryl 
choline moiety. These polymers were coated on a Pellethane® film to reduce 
platelet adhesion on blood contact [47]. XPS indicated the chemical composi-
tion before and after the coating process. Both carbon and oxygen peaks barely 
change because the PMBBU (Figures 2.9 and 2.10) polymer has carbon and oxy-
gen bonds similar to those of the substrate Pellethane® TPU. Nitrogen of ure-
thane bonds appears (401 eV) in samples both before and after coating. However, 
after coating, another nitrogen peak appears at approximately 403 eV, indicating 
quaternary nitrogen from the phosphoryl choline moiety. Other evidence of the 
phosphoryl choline moiety at the surface is the appearance of the phosphorus peak  
at 135 eV.

Zwitterionic groups such as phosphoryl choline and sulfonyl betaine can form 
a hydrated layer to prevent protein adsorption [48–51]. Li and coworkers used ure-
thane chemistry to synthesize a series of oligomeric polyurethanes with terminal 

Figure 2.9 Chemical structure of Pellethane® TPU and coating polymers.
Reprinted with permission from Ref. [47].
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phosphoryl choline groups to reduce protein adsorption on polyurethane surfaces 
(Figure 2.11) [52,53]. The key to preventing protein adsorption is to have phospho-
rous choline groups at the polymer surface. To achieve this goal, PU–FPC is syn-
thesized by putting fluorocarbon and phosphorous choline groups together because 
fluorine has a much lower surface energy and has a great tendency to concentrate at 

C1s O1s N1s P1p

295 285 540 530 410 400 145 135
Binding energy (eV)

Figure 2.10 XPS comparison before (top) and after (bottom) coating with MPC polymers.
Reprinted with permission from Ref. [47].

°

°

°

+

+

Figure 2.11 Synthesis route of oligomeric polyurethane with terminal phosphorous choline 
groups.
Reprinted with permission from Ref. [52].
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the polymer/air interface. As a result, PU–FPC shows much higher fluorine content 
at the surface than in the bulk TPU (Table 2.2). PU–FPC shows 2.5 times higher 
phosphorous contents than its bulk phosphorous content because fluorinated termi-
nal groups “drag” phosphoryl choline groups to the surface when fluorine concen-
trates at the surface (Table 2.2).

Polyethylene glycol (PEG) is another well-known molecule used to reduce pro-
tein adsorption and/or platelet adhesion. Surface enrichment of a triblock oligo-
meric PEG containing additive from a polyurethane matrix was reported [54,55]. 
The authors used PEG as the active groups to suppress protein and platelet adhe-
sion. The authors first synthesized a methylene diphenyl diisocyanate (MDI)–poly 
(tetramethylene oxide) (PTMO) 1000 prepolymer with a MW of approximately 
4750 (PU4750), and then this prepolymer was terminally functionalized with 
mono amino-polyethylene oxide (PEO) with different MW (PEO550, 2000, or 
5000, Table 2.3). This triblock copolymer was mixed with a polyurethane (MDI/
PTMO 1000/ethylene diamine (ED)) at different ratios in dimethylformamide 
(DMF) and cast into polymer films. The surface compositions of these films were  
evaluated by XPS.

The authors used high-resolution XPS to fully deconvolute the C1s spectra into 
CdC, CdO, NHCOO (urethane carbonyl), and NHCONH (urea carbonyl). On the 
surface of matrix PU, the majority of carbon were from the carbons in the CdC bond 
(Figure 2.12(a)). The fresh polymer blend with 20% copolymer 2 in the PU showed 
more carbon from the CdO ether bond (note that all the ether bonds are from the 
PEO groups) (Figure 2.12(b)). It was noted that after a prolonged aging process, pre-
dominant carbons were those from CdO ether bonds, suggesting that the surface was 
covered by copolymer 2.

The degree of surface enrichment of PEO groups depends on not only the 
aging time but also the MW of the triblock copolymer. When the low MW copo-
lymer 1 was blended with matrix PU, the surface of the blended polymer film had 
the same ether carbon content as that of copolymer 2 after just 3 days of aging  

Table 2.2 XPS composition comparison of regular TPU versus 
different oligomeric polyurethanes

Element contents on the surfacea (at%)
Element contents in the 

bulkb (wt%)

Sample C O N P F P F

PU 76.27 21.90 1.83 0 0 – –
PU–F 48.81 7.65 4.79 0 38.75 0 7.67 ± 0.26
PU–PC 77.48 19.73 2.50 0.29 0 0.28 ± 0.02 0
PU–FPC 51.94 12.07 6.16 0.53 29.30 0.19 ± 0.06 1.02 ± 0.01

“–” not detected.
aValues detected by XPS.
bValues detected by element determination.
Reprinted with permission from Ref. [52].
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Figure 2.12 C1s spectra at a takeoff angle of 90°. (a) Matrix PU, (b) 20% copolymer 2 with 
80% matrix PU fresh film, (c) 20% copolymer 2 with 80% matrix PU aged for 3 days,  
(d) 20% copolymer 2 with 80% matrix PU fully aged.
Reprinted with permission from Ref. [54].

Table 2.3 Triblock polyurethane composition

Properties of copolymers

Expected 
structure

PEO content 
(expected, 
wt%)

Expected 
Mn

Measured 
Mn Mw/Mn

Copolymer 1 PEO550–
PU4750–
PEO550

19 5850 6200 1.2

Copolymer 2 PEO2000–
PU4750–
PEO2000

46 8750 8600 1.1

Copolymer 3 PEO5000–
PU4750–
PEO5000

68 14,750 11,800 1.1

Reprinted with permission from Ref. [54]].
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(Figure 2.13). However, it took 20 days for polymer blend using higher MW copo-
lymer 2 and 3 to achieve a complete enrichment (Figure 2.13).

Another important property researchers strive to give to polyurethane bioma-
terials is antimicrobial activity. Wynne et al. [56] used self-concentrating amphi-
philic quaternary ammonium antimicrobials to modify polyurethane surfaces 
(Figure 2.14). These small molecule antimicrobials showed good antimicrobial 
activity in minimum inhibition concentration (MIC) tests. These antimicrobials 
were later solvent-mixed with matrix PU at 1% and cast into films. These anti-
microbials also demonstrated surface enrichment as XPS spectra showed that 
the observed quaternary nitrogen was much higher than the calculated nitrogen 
value, assuming that these antimicrobials were evenly distributed (3f showed the  
highest surface enrichment, up to 19 times higher than the calculated value). Such 
self-enriched quaternary surfaces showed up to 7 log reduction of surface bacteria  
(Table 2.4).
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Figure 2.13 Surface ether carbon (CdOdC) content of 20% blends after different aging 
time in air. (Theoretical ether carbon contents of pure copolymer 1, 2, and 3 are 50.8%, 
65.3%, and 78.4% of total C1s spectra.)
Reprinted with permission from Ref. [54].
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Figure 2.14 Synthesis of surface enriching antimicrobials.
Reprinted with permission from Ref. [56].
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Table 2.4 Antimicrobial activity and XPS results

MICa (mmol/L) Log killb XPScd

Entry Product m n Yield (%)
Staphylococcus 
aureus (G+)

Escherichia 
coli (G−)

Staphylococcus 
aureus (G+)

Escherichia 
coli (G−)

% N 
obsd

% N 
calcd

1 3a 2 1 83 9.3 9.3 5 3 0.1 0.05
2 3b 2 2 82 16.0 8.0 6 3 0.3 0.05
3 3c 2 3 96 14.0 7.0 3 1 0.1 0.05
4 3d 2 4 53 6.2 6.2 3 1 0.1 0.04
5 3e 3 1 79 0.7 2.0 7 6 0.5 0.05
6 3f 3 2 87 0.9 7.3 7 7 0.9 0.05
7 3g 3 3 94 1.3 6.5 5 4 0.3 0.04
8 3h 3 4 85 1.9 3.0 4 4 0.2 0.04

aMinimum inhibitory concentration.
bLog reduction starting with 107 CFU/cm2 on a coating of hydrothane containing 1% biocide.
c% N obsd is the weight percent of biocidal nitrogen in the surface, excluding hydrogen, as observed by XPS.
d% N calcd is the calculated number expected if the additive were evenly distributed throughout the coating, with no surface concentration.
Reprinted with permission from Ref. [56]].
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2.4   Secondary ion mass spectrometry

Secondary ion mass spectrometry (SIMS) is a mass spectrometry characterization 
technique sensitive to surface composition (sampling depth less than 1 μm) and it 
works in a manner similar to that of XPS. For XPS, the sample is irradiated by X-rays 
whereas for SIMS, the sample surface is bombarded with a focused, pulsed primary 
ion beam that is either positively or negatively charged. For XPS the detector picks 
up the kinetic energy of escaped electrons, but for SIMS escaped secondary ions are 
captured and separated based on m/z (mass/charge ratio) of the fragments. Fragments 
with different m/z are used to identify molecules on the surfaces. SIMS can also be 
operated in a mode where etching on the surface takes place, allowing one to obtain a 
composition versus depth profile.

SIMS can be a complementary survey tool in addition to XPS and it can be used 
to differentiate samples with similar XPS spectra. SIMS has a much lower limit of 
detection (LOD) (ppb level) compared to XPS (0.1%). SIMS can also provide more 
detail on chemical structure, but comparable quantitative information is only available 
via XPS [57,58].

Ratner et al. [59] have done detailed SIMS and XPS studies on aromatic polyurethanes 
with different soft segments. In this paper, polyethylene glycol (PEG)/Methylene diphe-
nyl diisocyanate (MDI)/ethylene diamine (ED), PTMO/MDI/ED, and polypropylene 
glycol (PPG)/MDI/ED polyurethanes were synthesized. Using SIMS, the three different 
polyurethanes were easily discriminated by their soft segments. PEG/MDI/ED poly-
urethane showed strong ion cluster of m/z = 45, which matched with [(CH2CH2O)nH]+ 
(n = 1), and less strong signals of m/z = 89, 133, and 177 (n = 2,3,4) were also found. In 
PTMO/MDI/ED polyurethane, the strongest signal m/z = 55 came from both C3H3O+ 
and C4H7

+, and a peak of 73 Da is also found at lower intensity, which matches with the 
repeating unit of polytetramethylene oxide (PTMO) [(CH2CH2CH2CH2O)nH]+ (n = 1). 
In PPG/MDI/ED polyurethane, 59 Da is the most abundant peak in all soft segment 
fragments, which matches with [(CH3CHCH2O)nH]+ (n = 1), the repeating unit of PPG 
polyol. Such differentiation among different polyurethanes would be more challenging 
if only an XPS survey was used since the bonding information and elemental composi-
tion are barely conclusive in polyurethane identification.

SIMS can also be used to investigate polyurethane surface contamination caused 
by antioxidants, wax, or other processing agents. Ratner et al. [60,61] used SIMS 
to investigate lot-to-lot variation of Biomer® polyurethane. Particularly, one lot of 
Biomer® had both antioxidant 4,4′-butylidene-bis-(t-butyl-m-cresol) (BBBC) and UV 
stabilizer poly(diisopropylaminoethyl methacrylate) (DPA-EMA) while the other lot 
only had BBBC. FTIR showed almost identical spectra on both polyurethanes. XPS 
did show different spectra on two lots of polyurethanes but failed to reveal the identity 
of the chemicals on the surface. In the SIMS study, Biomer® with both BBBC and 
DPA-EMA showed that its surface is predominately covered by DPA-EMA without 
signals from PTMO or MDI (Figure 2.15). On the contrary, Biomer® with only BBBC 
showed secondary ion signals from PTMO, MDI, and BBBC (Figure 2.16).

Researchers have also used SIMS to investigate the protein adsorption on differ-
ent materials [57,62–64]. Castner et al. [65,66] compared surface protein adsorption 
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quantification by time-of-flight (TOF) SIMS survey with 125I radiolabeled protein 
counting. (See Section 2.6.2 for more information.) TOF–SIMS survey is known to be 
a qualitative method rather than quantitative method due to limitations of sensitivity 
and matrix complexity. The authors did a computation regression program to calculate 
protein adsorption based on intensity of several specific peaks in the TOF–SIMS spec-
trum. The authors found that TOF–SIMS results matched well with the 125I radiolabel-
ing method in BSA/γ-globulin (IgG) and BSA/fibrinogen (Fg) binary protein binding. 
However, a larger discrepancy was observed between the 125I radiolabeling and  
TOF–SIMS measurements in IgG/Fg.

2.5   Scanning electron microscopy

Scanning electron microscopy (SEM) uses a focused electron beam to survey a sur-
face of interest. The working principle of SEM is very similar to that of optical 
microscopy but with an approximately 250 times higher resolution. The electrons 
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Figure 2.15 SIMS of Biomer® with both BBBC and DPA-EMA. (a) The positive ion SIMS 
spectrum for lot BSUA contains peaks for the DPA-EMA additive. Characteristic ions for 
PTMG (m/z = 55) and MDI (m/z = 106 and 132) are absent. (b) The negative ion SIMS  
spectrum contains methacrylate backbone peaks and peaks for the diisopropyl amino ethyl 
side chain (m/z = 85,97,109,125,139, and 155).
Reprinted with permission from Ref. [60].
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are generated by either thermionic guns or field emission guns and are then focused 
by a series of electromagnetic “lenses.” When electron beams hit the sample sur-
face, the sample emits X-rays and three kinds of electrons: primary backscattered 
electrons, secondary electrons, and Auger electrons. In SEM, only primary back-
scattered electrons and secondary electrons are collected and are used to generate 
images of the sample. Just like XPS, a high vacuum environment is required to allow 
free passage of electron beams. However, recent developments in environmental 
SEM allow samples to be analyzed under low vacuum in high humidity. The SEM 
technique is a very versatile but semiquantitative technique in polyurethane materi-
als to visualize protein adsorption [67], bacteria adhesion [68–70], platelet binding 
[71–78], and degradation [79–83].

Brash et al. [84] modified a Tecothane™ surface with PEGylated lysine, which 
binds plasminogen to reduce platelet adhesion. The general surface modification 
involved first to introduce reactive isocyanate groups into Tecothane™ TPU by soak-
ing Tecothane™ TPU in MDI toluene solution. PEGs (MW 300 and 1000) were fur-
ther immobilized on this reactive surface. The PEGylated Tecothane™ surface was 
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Figure 2.16 SIMS of Biomer® with only BBBC. (a) The positive ion SIMS spectrum contains 
peaks characteristic of PTMG (m/z = 55), MDI (m/z = 106 and 132), and BBBC (m/z = 177).  
(b) The negative ion SIMS spectrum for lot BSP shows only a few low m/z fragments.
Reprinted with permission from Ref. [60].
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then activated by a typical coupling reaction with BOC-protected lysine. Finally, the 
BOC-protecting group was removed by trifluoroacetic acid. The terminal NH2 on 
lysine preferentially captures plasminogen when exposed to blood. Plasminogen can 
be later converted into plasmin. Plasmin is believed to lyse fibrin, which binds plate-
lets and participates in blood clotting. By rapidly lysing fibrin, the polyurethane sur-
face could avoid platelet activation and adhesion. A reduction in platelet adhesion was 
visualized by SEM. As Figure 2.17 indicates, unmodified Tecothane™ TPU showed 
significant platelet adhesion (Figure 2.17(a)) whereas modified Tecothane™ surfaces 
(Figure 2.17(b–d)) showed little platelet adhesion.

Sun et al. [85] developed an antimicrobial modification of Estane® film with  
N-halamine groups on the surface. The authors introduced reactive isocyanate groups 
into Estane® film by reacting hexamethylene diisocyanate (HDI) with the existing 
urethane bonds in polyurethane. The grafted isocyanate groups then reacted with 
5,5-dimethylhydantoin (DMH) and DMH groups were finally converted to N-halamine 
groups by chlorination with a bleach solution (Figure 2.18). The N-halamine group 
is well known to release low concentrations of Cl+ to kill bacteria on contact [86]. 
Both contact kill and zone of inhibition (ZOI) test (see Section 2.8) showed positive 
biocidal activity. SEM images of biofilm formation were compared before and after  

Figure 2.17 SEM images of platelet adhesion after 15 min of exposure to whole blood at 
300 s−1 on (a) unmodified Tecothane™ TPU, (b) Tecothane™–PEG300, (c) Tecothane™–
PEG300–Lys(BOC protected), and (d) Tecothane™–PEG300–Lys. Scale bars = 10 μm.
Reprinted with permission from Ref. [84].
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polyurethane surface modification. Widespread bacteria colonies cover the polymer sur-
face on the original Estane® polymer (Figure 2.19(a), (c), and (e)). Significant biofilm 
reduction was confirmed by SEM after surface modification (Figure 2.19(b), (d), and (f)).

Polyurethane degradation is a common issue for polyurethane-based medical 
implants. The degradation mechanisms vary depending on the type of polyurethane 
used and their environment. For example, polyester polyurethane undergoes hydrolytic 

Figure 2.18 Surface modification of polyurethane with DMH group. DMH group is finally 
chlorinated with bleach to warrant antimicrobial activity.
Reprinted with permission from Ref. [85].



42 Advances in Polyurethane Biomaterials

Figure 2.19 Antibiofilm formation performance of (a) the original PU film against Staphylo-
coccus aureus, (b) the chlorinated PU–HDI–DMH film against S. aureus, (c) the original PU 
film against Escherichia coli, (d) the chlorinated PU–HDI–DMH film against E. coli, (e) the 
original PU film against Candida albicans, and (f) the chlorinated PU–HDI–DMH film against 
Candida albicans.
Reprinted with permission from Ref. [85].
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degradation due to the ester bond hydrolysis. Polyether polyurethane is more resis-
tant to hydrolytic degradation but subject to oxidative attack and crack formation and 
 propagation under stress, usually referred to as environmental stress cracking (ESC) 
[87]. There are other kinds: Polyurethane surfaces can also be attacked by reactive oxi-
dative radicals excreted from attached macrophage cells, when an implanted device 
induces a chronic inflammatory response [79,88,89]. Polyurethane pacemaker leads 
suffer from metal ion-induced oxidation during service [90–93].

Martin et al. [80] investigated and compared ESC of Pellethane® 80A with 50D. 
Previous efforts to retard ESC involved the use of poly(dimethylsiloxane) (PDMS) as 
coating materials or as a surface-modifying agents [94,95] because polysiloxane can 
reduce macrophage and giant cell coverage. However, polyurethanes with such a mod-
ification still exhibited ESC when they were stretched to higher elongation. To further 
improve the biostability of a polyurethane with lower hardness, the authors utilized 
bishydroxyethoxypropyl PDMS as the polyol, replacing the polytetramethylene glycol 
(PTMG) polyol, to synthesize soft polyurethanes. It was found that higher durometer 
harder Pellethane® 50D showed better stability than 80A (softer) after a 3 month ovine 
implantation (Figure 2.20(a) and (b)). Pellethane® 80A showed significant cracks com-
pared with PDMS polyurethane tested at 150% elongation rate (Figure 2.20(a) and (c)).

Figure 2.20 SEM images of polyurethane samples after 3 month implantation. (a) Pellethane® 
80A; (b) Pellethane® 55D; (c) polyurethane made of PDMS polyol (×50 magnification);  
(d) polyurethane made of PDMS polyol (×150 magnification).
Reprinted with permission from Ref. [80].
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2.6   Protein adsorption test

When a medical device is in contact with body fluid such as blood, the first thing 
that occurs on the surface is protein adsorption [96–98]. Proteins in solution trying 
to minimize the total surface energy is the thermodynamic driving force of protein 
adsorption on solid surfaces. In blood contact protein adsorption is believed to be the 
initial event in thrombus formation [99–101], calcification [102–104], and biofilm 
attachment [105–107], which leads to the failure of implanted devices. Therefore, 
protein- reducing surface modifications of polyurethane biomaterials have been applied 
to improve the service life of implants. Previous studies of protein adsorption have 
focused on adsorption of albumin, IgG, and Fg, which are the predominant three pro-
teins in blood plasma. Surface protein adsorption can be quantitated by several meth-
ods such as quartz crystal microbalance (QCM) [108–112], surface plasmon resonance 
(SPR) [113–118], and iodonization radiolabeling [78,119–125].

2.6.1   Quartz crystal microbalance

The QCM method utilizes the piezoelectric property of quartz crystals to measure 
extremely low mass changes per unit area. When an alternating electric current is 
applied to the quartz crystal, the quartz crystal produces an acoustic oscillation. Such 
oscillation frequency is partially dependent on the thickness of the crystal. If biomol-
ecules such as proteins adsorb on the crystal and thus increase the crystal thickness, 
the instrument will pick up the frequency change and the mass of adsorption can be 
calculated by Sauerbrey’s equation (Eqn (2.5), where Δf is frequency change; f0, res-
onate frequency; Δm, mass change; A, area between electrode; ρ, density of quartz; μ, 
shear modulus of quartz).

 
Δ f = −

2f 2
0

A
√ρμ

Δm
 (2.5)

Zhang et al. [108] used chain transfer free radical polymerization to synthesize a 
polyol with a pendant dimethylamine group. The polyol further reacted with MDI 
and 1,4-butane diol to produce a novel polyurethane material. The pendant dimethyl-
amine group was further betainized to yield polyurethane with a pendant sulfobetaine 
group (Figure 2.21). Sulfobetaine belongs to a large group of zwitterionic functional  
groups with superhydrophilicity and protein adsorption resistance. By covalently incor-
porating sulfobetaine groups into a polyurethane backbone, the protein adsorption can 
be greatly reduced. QCM was used in this research to investigate the protein adsorption 
reduction. Figure 2.22 shows frequency shift (Δf) and energy dissipation shift (ΔD). 
With the QCM, whenever there is a mass change on the quartz chip, the instrument 
will detect frequency shift and energy dissipation shift. A decreased frequency usually 
suggests a mass increase on the chip, meaning protein adsorption. zPDEM–PU32 and 
zPDEM–PU42 showed little frequency change, which suggested minimal Fg adsorp-
tion due to high sulfobetaine density on the polymer chain. zPDEM–PU19 showed  
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Figure 2.21 Synthesis and composition of the polyurethane with sulfobetaine pendant groups. (a) Feeding ratio of monomers; (b) ZPDEM is 
synthesized by betainization of corresponding PDEM polymer.
Reprinted with permission and modified from Ref. [108].
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some Fg adsorption but not as much as the control polymer by showing medium 
frequency change. ΔD will increase if the thickness of the protein adsorption layer 
increases. Again, zPDEM–PU32 and zPDEM–PU42 barely showed any increase of 
the baseline, implying significant protein adsorption reduction compared with control 
polymers.

2.6.2   Iodination radiolabeling

When proteins adsorb onto a polymer surface, one method of quantifying the amount 
of protein adsorption is radiolabeling. The most widely used radiolabeling tech-
nique is iodination. Iodine isotope was chosen as the radiolabeling agent instead of 
14C because 125I is a γ emitter that requires a much simpler instrument for detection. 
Another reason is that iodine isotope has much shorter half-life (60 days); thus it is 
much less hazardous [126]. Iodination radiolabeling is a gold standard for protein 
adsorption because of its extreme high sensitivity (ng/cm2) and because it is a well- 
established method with various commercial labeling products available.

The mechanism of iodination radiolabeling involves reactive iodine, gener-
ated by enzymatic or chemical oxidation of isotopic sodium iodide, reacting as an 
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Figure 2.22 Time dependence of frequency shift (Δf ) and dissipation shift (ΔD) for the 
adsorption of fibrinogen on a polymeric surfaces at 25 °C.
Reprinted with permission from Ref. [108].
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electrophilic agent with tyrosyl groups on the protein (Figure 2.23). Oxidation agents 
commonly used are chloramine-T [127,128], N-chlorobenzenesulfonamide sodium 
salt [129,130], iodine monochloride [131,132], Bolton and Hunter agent [127,133], 
lactoperoxidase [134,135], and iodogen [136].

A brief iodination protocol is summarized here: protein solution is mixed with 
Na125I solution and the oxidation agent. After the iodination reaction is complete, the 
 radiolabeled protein is recovered by passing through a desalting column to remove any 
unreacted iodide. The integrity of radiolabeled protein is checked via gel electrophoresis 
for MW weight comparison before and after radiolabeling. The radiolabeled protein is 
then mixed with unlabeled protein at a certain dilution factor. Afterward, polymer samples 
are  incubated with such mixed protein solution. After gently washing off loosely adsorbed 
protein, radioactivity is counted by a γ-counter and then converted to radiolabeled  protein 
mass. The final protein adsorption is calculated by multiplying radiolabeled protein mass 
with dilution factor (if radiolabeled protein is diluted 10 times with unlabeled protein, 
the actual protein adsorption is 10 times the radiolabeled protein mass data from the 
γ-counter). Compared with the QCM method, which requires polymer to be solvent cast 
on a chip, radiolabeling gives more realistic adsorption information on real devices.

Brash et al. [137] studied heparin-modified polyurethane surfaces to inhibit Fg adsorp-
tion while promoting antithrombin adhesion (Figure 2.24). Heparin is the most widely 
used thrombin inhibitor via both systematic administration and surface modification. 
The mechanism of such inhibition is well established. Heparin can preferentially bind 
to antithrombin. Antithrombin, which undergoes a conformational change, will bind and 
inhibit thrombin. After the antithrombin/thrombin complex (ATH) is formed, heparin is 
released and another binding cycle with antithrombin begins [138]. Brash created isocy-
anate groups on a Tecothane™ surface via allophanate bond formation between MDI and 
urethane hydrogen. The free isocyanate could further react with PEO. Additionally the 
 ATHs can be grafted onto polyurethane by this method.

Brash studied Fg and antithrombin radiolabeled using 125I and 131I, respectively, so 
that adsorption of both proteins could be measured in the mixture. After functional-
ization with ATH, the polyurethane surface (PEO–OH–ATH and PEO–COOH–ATH) 
preferentially binds with antithrombin rather than Fg, suggesting the strong heparin 
surface binding activity (Figure 2.25). By labeling both Fg and antithrombin with 
different iodine isotopes, the authors obtained competitive adsorption information on 
the same heparin-modified surface.

Figure 2.23 Iodination on tyrosyl group.
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2.7   Hemocompatability measurement

Polyurethane medical devices such as central venous catheters (CVCs) [139–141] and 
hemodialysis devices [142–144] require good hemocompatibility [145]. In Section 2.6, we 
know that when a device is implanted in the human body protein adsorption occurs in just 
a few seconds. In contact with blood, the protein layer interacts with platelets, which leads 
to thrombus formation and eventually to device failure. There are several tests available to 
evaluate hemocompatability. Visualization by SEM is one semiquantitative method, which 
is covered in Section 2.5. More accurate quantitative methods are described below.

2.7.1   In vitro platelet adhesion

2.7.1.1   Radioactive isotope labeling

The general protocol of this test is described as follows (detailed procedure can be 
found in Ref. [58]): First, fresh venous blood is collected and mixed with anticoag-
ulant, during which great care must be taken to avoid traumatic venipuncture and 
excess negative pressure to prevent activation of platelets. The blood is centrifuged 
to obtain platelet-rich plasma (PRP) and the pH of PRP is adjusted to 6.5–6.7 with  
acid–citrate–dextrose. This PRP is further centrifuged until a platelet “button” is formed 
and the platelet-poor plasma (PPP) is collected. The platelet is then resuspended in PPP 
to yield an appropriate concentration. A proper amount of radio labeling agent is added 
to such suspension to label the platelets. This suspension is incubated for a certain 
time. More PPP is added to the suspension followed by centrifugation to remove excess 
radioactive agent. This procedure is repeated several times. The labeled platelets are 
resuspended again in PPP. The labeled platelets are incubated with polyurethane sam-
ples for a certain time and samples are rinsed with saline solution to remove unattached 
platelets. The attached platelets are fixed by glutaraldehyde. Finally, the radioactive 
intensity is measured by a γ-counter and platelet adhesion calculated.

2.7.1.2   Lactate dehydrogenase assay

To avoid radioactive materials, other tests on platelet adhesion have been developed. 
The lactate dehydrogenase (LDH) assay was first developed by Schnaar et al. [146]. It 
was later adopted and modified for evaluation of platelet adhesion on polymeric films 
[147] and microplates [148]. This platelet adhesion procedure is similar to the radioac-
tive labeling method in that a PRP suspension is incubated on polyurethane surfaces. 
After removal of the unattached platelets by saline rinsing, the attached platelets are 
subjected to complete lysis to release LDH by adding Triton-X surfactant solution. The 
lysed solution is further incubated with LDH substrate nicotinamide adenine dinucle-
otide (NADH). NADH is oxidized into NAD+ by LDH. The final NAD+ solution is 
measured by a microplate reader at 490 nm with a reference wavelength at 620 nm. 
The optical density at 490 nm is linear with the platelets cell number within calibra-
tion curve range [149,150]. Therefore, by measuring the concentration of NAD+, the 
number of absorbed platelets can be calculated.
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2.7.1.3   Acid phosphatase assay

The acid phosphatase (ACP) method, developed by Bellavite et al. [151], is based 
on acid phosphatase platelet activity. Acid phosphatase is a stable enzyme present in 
platelets. This method is similar to the LDH method. It uses regular PRP and the same 
Triton-X to completely lyse attached platelets. But in this test, a different enzyme 
(acid phosphatase) is measured. On addition of p-nitrophenyl phosphate substrate, 
acid phosphatase converts the substrate into p-nitrophenol, which can be easily mea-
sured by a photospectrometer at a wavelength of 405 nm. Side-by-side comparison of 
both DCH and ACP assays suggests that the ACP assay is better than the LDH assay 
in terms of reproducibility [152].

2.7.2   Scanning electron microscopy

SEM imaging of platelets attached to polyurethane surfaces is a semiquantitative 
method (see Section 2.5).

2.7.3   In vitro blood loop method

A standard blood loop test (in vitro) uses whole blood instead of PRP to test the 
hemocompatability of polyurethane materials. Blood used in this test can be bovine, 
porcine, or human. Although human blood seems to be best for this test, bovine blood 
is the most popular. The reason is that when multiple devices are compared at a high 
blood flow rate, it usually requires a relatively large quantity of blood. Five hundred 
milliliters of blood is usually considered as the maximum amount that can be drawn 
from one human donor each time. Blood from different donors must be pooled together 
for this test, which increases the cost and inconvenience. However, 5–10 L of bovine 
blood could be collected from one donor [153]. Once the blood is collected, anticoag-
ulant is added to prevent blood clotting in blood bags or tubing. The typical anticoagu-
lant is heparin. Heparin can enhance antithrombin’s activity to eliminate thrombus and 
prolong the test period. Another important characteristic of heparin is that it can pre-
vent blood clotting [154,155]. Blood is circulated in a loop with a chamber in which 
medical devices such as catheters and stents can be placed inside. There are three dif-
ferent loop configurations (Figure 2.26): (1) A Chandler loop uses a closed tubing loop 
partially filled with a plug of air. The whole loop is vertically rotated in such way that 
the test device is continuously exposed to the blood–air interface while maintaining 
the air plug on top. (2) A roller pump loop uses a roller pump to circulate blood within 
a pulsatile fashion inside the tubing instead of rotating the whole loop. (3) A hemobile 
loop uses a special ball valve to allow unidirectional blood flow. The test sample cyl-
inder comes in contact with blood when the loop is rotated back and forth. When the 
loop is rotated in one direction and the ball valve is open, the test sample experiences 
pulsatile blood flow. Rotating the loop in the opposite direction makes the valve close 
and the test sample experiences static flow [156]. After a given period of testing, the 
thrombus formation on the device can be checked by visual inspection (qualitative) or 
γ-counter if using radiolabeled blood (quantitative, see Section 2.7.1.1).
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2.7.4   Ex vivo shunt blood loop

The shunt loop test is an animal test method for hemocompatability, which has charac-
teristics of both in vitro and in vivo blood exposure. The animal model chosen in this 
test is usually sheep, swine, or canine. A typical experimental setup is shown in Figure 
2.27. A shunt is placed between the femoral artery of the animal. Radiolabeled pro-
teins and platelets are deposited on the test surfaces and quantified using a γ-counter. 
A PVC conduit with test sample and flow meter completes the external blood loop. 
Emboli induced by the test sample can be detected in an ex vivo shunt using a light- 
scattering emboli detector (LSED). By collecting the scattered light, LSED can detect 
tiny emboli. The light scattered by red blood cells and emboli are different and can 
be both picked up by LSED (Figure 2.28) [157–159]. The amount and size of emboli 
induced by polyurethane samples can be recorded as a measure of blood compatibility.

2.8   Antimicrobial efficacy test

Medical devices such as catheters, implants, and prosthetics are continuously chal-
lenged in bacterial environments. For example, CVC’s total number of days of insertion 
for all patients is estimated to be 15 million in intensive care unit in the United States 
every year [161]. One potential risk of CVC utilization is catheter-related bloodstream 
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Figure 2.26 Schematic presentation of in vitro blood loop test: Chandler, hemobile, and roller 
pump.
Reprinted with permission from Ref. [156].
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infection, which increases hospital cost and length of hospital stay [162–165].  
Another example is catheter-associated urinary tract infection that has been reported to 
involve over five million cases leading to 13,000 deaths annually in the United States 
[166–168]. As a result, catheters with antimicrobial activity are highly desirable. In the 
case of polyurethane catheters, antimicrobial agents such as silver and antibiotics can 
be designed to elute from the polyurethane matrix. Polyurethanes can also be surface 
modified/coated with antimicrobial active groups/agents. Finally, antimicrobial groups 
can be permanently attached to the polymer backbone. The efficacy of each approach 
requires a different antimicrobial assessment.

2.8.1   Zone of inhibition

The ZOI test, also widely known as the Kirby–Bauer disk diffusion test, is a fast 
in vitro but semiquantitative test [169]. The original purpose of this test was to 
replace the MIC test for small molecule antibiotic efficacy [169]. Soon, this method 
was adopted and modified to evaluate antimicrobial efficacy of silver and polymeric 
devices with eluting antimicrobial agents [170]. Commonly used eluting antimicrobial 
agents are zinc salt/particles [171–173], silver salt/particles [173–177], and chlorhexi-
dine [178,179]. These antimicrobial agents can be compounded/blended into polyure-
thanes or coated/adsorbed on polyurethanes.

A standard test protocol is described as follows: bacteria strains of interest are first 
incubated in a nutritious broth to reach the plateau phase. An aliquot of bacteria solution 
is streaked onto nutritious agar plates, polymer samples are placed on top of agar, and then 
the whole agar plate is incubated. If there is antibiotic eluting from the polymer matrix 
and present at a specific area in the agar, colony formation will be inhibited around the 
sample, and the ZOI can be visually observed and measured (Figure 2.29). Finally, actual 
ZOI is measured by subtracting the diameter of the sample disk from the diameter of total 
ZOI. The ZOI is a benchmark for the antimicrobial efficacy. Ross et al. [180] reported a 
modified ZOI test with much shortened incubation time (6.5 h compared to 12–16 h) by 
spraying cell stains on the agar plates. In this method, the ZOI remained unstained while 
the live bacteria show a certain color depending on the cell dye.

Kaplan et al. [181] reported using the synergy of both Dispersin B and cefamandole 
nafate (CEF) to improve antimicrobial activity of Pellethane® TPU. Surface absorbed 
with Dispersin B showed moderate bacterial reduction. In addition, Dispersin B has a 
great affinity with Pellethane® soft segment and thus works as a priming agent for fur-
ther surface absorption of CEF. Treated Pellethane® TPU shows a 4 mm ZOI. Spangler 
et al. [178] used porous polyurethane foam to absorb chlorhexidine gluconate, which 
imparts the polyurethane with antimicrobial activity as confirmed by ZOI test.

2.8.2   Contact kill

The ZOI test is designed for polymers with eluting antimicrobial kill mechanisms. 
However, when antimicrobial groups are covalently bonded to polymer chains, or 
antimicrobial agents are permanently trapped in polyurethane, the ZOI test is no lon-
ger suitable and will yield false negative results (no bacterial kill shown).
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JIS Z2108 and ISO 22196 are two industry suggested protocols for nonporous 
polymer materials (ISO 20743 for textile materials) with noneluting antimicrobial 
agents. The general procedure is described as follows: the bacteria is incubated in 
a liquid broth and diluted to a stock solution of concentration between 2.5 × 105 and 
10 × 105 cell/mL. (This stock solution must be used within 2 h after preparation to avoid 
significant concentration changes.) Then 0.4 mL of stock solution is carefully added 
onto a flat sample surface (minimum 50 × 50 mm) in a petri dish. The polymer test film 
(40 × 40 mm) is gently pressed onto the sample surface to ensure good contact between 
inoculated stock solution and sample surface. The entire sample is further incubated 
in a petri dish for at least 24 h. After incubation, the sample surface is carefully rinsed 
with broth to recover any live bacteria. The broth with live bacteria is spread and 
inoculated on an agar plate. The number of live bacteria is later counted. Results are 
reported as percentage reduction compared to negative control surface. However, it is 
advised that an eluting antimicrobial will also yield the same but false positive results 
in a contact kill experiment. Therefore, a negative ZOI result (lack of ZOI) is needed 
to confirm that there is no leaching of a bound antimicrobial agent.

Cooper et al. [182] have synthesized a series of polyurethanes with N,N-bis(2- 
hydroxyethyl)isonicotinamide (BIN) as chain extender. The stoichiometry of PTMO/
MDI/BIN was varied to make polyurethanes with different contents of pyridine groups. 
The pyridine groups were further quaternized with 1-iodooctane, 1-iodooctadecane, 
and 1,1,1,2,2,3,3,4,4,5,5,6,6,7,7,8,8-heptadecafluoro-iododecane, respectively, to yield 
polyurethane C8, C18, and CF with quaternary pyridium pendant groups, respectively 
(Figure 2.30). A slightly different antimicrobial protocol was used in this paper. The 
bacteria inoculate solution is spread on the polyurethane-coated glass slides. After the 
polyurethane coating was challenged with bacteria, the number of live bacteria was 

6 mm 17 mm

(a) (b)

Figure 2.29 Typical ZOI test result: (a) No leachable antimicrobial shows no ZOI.  
(b) Leachable antimicrobial shows clear ZOI. ZOI can be measured by a caliper to give 
semiquantitative antimicrobial efficacy information.
Figure credited from Center of Disease Control and Prevention.
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measured by a fluorescent probe under a confocal microscope. All three polyurethane 
films showed antimicrobial activity against Staphylococcus aureus (Figure 2.31) 
without showing any ZOI, suggesting a true surface kill mechanism. Among all three 
polymers, polyurethanes with longer alkyl groups on the pyridium nitrogens (C18 poly-
urethane) had the highest antimicrobial efficacy (95% bacterial reduction).

Wynne et al. [183,184] utilized a similar strategy to synthesize nonleaching antimi-
crobial polyurethane additives. They used quaternary ammonium containing polyols 
(soft segment) to synthesize different polyurethane additives (Figure 2.32). The PEO 
groups in P[(ME2Ox)(C6)] 0.86:0.14–PU and P[(ME2Ox)(C12)] 0.86:0.14–PU and  
trifluoromethyl groups in P[(3FOx)(C6)] 0.89:0.11–PU and P[(3FOx)(C12)] 0.89:0.11–
PU of these additives have the tendency to concentrate at the interface between air and 
polyurethane due to their lower surface energy. Therefore, these antimicrobial additives 
can be blended with base polyurethane (nonantimicrobial) but still produce antimicro-
bial surfaces since the additives will self-concentrate on the base polyurethane surface. 
Contact kill results suggested that both P[(ME2Ox)(C18)] 0.86:0.14–PU and P[(3FOx)
(C18)] 0.89:0.11–PU show 100% biocidal efficacy (Table 2.5).
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Reprinted with permission from Ref. [182].
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2.9   Antibiofilm efficacy

Biofilm is defined as a bacteria community attached to a solid surface. Biofilm forma-
tion is a natural defense mechanism of bacteria to survive under harsh environments. 
The sequential formation of biofilm is schematically described in Figure 2.33. First, 

Figure 2.31 Viability of Staphylococcus aureus after 30 min contact with quaternized 
polyurethanes.
Reprinted with permission from Ref. [182].

⊕
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Figure 2.32 Polyurethane additives with alkyl ammonium-functionalized soft blocks.
Reprinted with permission from Ref. [184].
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planktonic bacteria cells make initial attachment to a biological or nonbiological sur-
face. Once the bacteria have colonized on the surface, they send out signal proteins 
to call in more bacteria to colonize at the same site. More and more bacteria start to 
accumulate on the surface, which excrete polysaccharide extracellulose matrix (ECM) 
to form a slimy and robust film-like biofilm. After the biofilm matures, it can dis-
semble to release bacteria into the nearby fluid, which can spread and produce new 

Table 2.5 Results from aerosol spray testing for coatings prepared 
from 2% additives (column 1) and 98% H12MDI/BD(50)–
PTMO(1000)

Escherichia  
coli (G−)

Pseudomonas 
aeruginosa  

(G−)

Staphylococcus 
aureus  
(G+)

2 wt% PSM designation Kill (%)
Log 
red

Kill 
(%)

Log 
red

Kill 
(%)

Log 
red

P[(ME2Ox)(C6)]0.86:0.14–PU 61.1 0.41 59.0 0.39 65.0 0.46
P[(ME2Ox)(C12)]0.86:0.14–PU 100.0 4.30 100.0 4.28 98.7 1.90
P[(3FOx)(C6)]0.89:0.11–PU 97.7 1.65 98.5 1.83 98.7 1.88
P[(3FOx)(C12)]0.89:0.11–PU 100.0 4.38 100.0 4.33 100.0 3.57

Reprinted with permission from Ref. [184].

Figure 2.33 Schematic demonstration of biofilm in all stages.
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biofilms elsewhere. The eradication of a biofilm is extremely difficult since systematic 
antibiotics can barely penetrate protective ECM. In addition, most bacteria in biofilm 
are in their dormant state with little metabolic activity. Since most antibiotics focus on 
inhibiting bacterial metabolistic pathways, dormant bacteria are hardly affected. The 
presence of biofilms can be found almost anywhere, from food processing facilities to 
implanted medical devices. Biofilm formation on medical devices, caused by insuf-
ficient sterilization during operation or late infection from the bacteria circulating in 
body fluid, is a major reason for device failure [185–187]. Therefore, surface modi-
fication of biomaterials and polyurethane in particular to impart biofilm resistance is 
of great interest.

It is important to note that antimicrobial and biofilm resistance are two differ-
ent characteristics though some materials show both properties at the same time. 
Antimicrobial materials do not automatically prevent biofilm formation and vice 
versa. Antimicrobial surfaces could kill bacteria on contact but if dead bacteria cell 
debris blocks the active biocidal surface, biofilm formation could eventually occur. 
For example, quaternary ammonium polymers can effectively kill bacteria but when 
the surface is fouled with dead bacteria debris, biofilm formation is inevitable [188]. 
Materials with antibiofilm properties will repel the bacterial adhesion very effec-
tively but may not kill the bacteria when they do colonize the surface. PEG sur-
faces are well known to repel bacteria adhesion. However, PEG surfaces show little 
antimicrobial activity. Quantitative antibiofilm efficacy tests can be divided into two 
categories: static (minimum biofilm eradication concentration assay, MBEC) and 
dynamic (flow cell assay). In addition, SEM is a semiquantitative assay, which is 
discussed in Section 2.5.

2.9.1   Minimum biofilm eradication concentration assay

The MBEC assay was first developed as a high-throughput test method for anti-
biotics’ efficacy to eradicate mature biofilms [189,190]. This test involves a spe-
cially designed “peg” microplate lid with small polystyrene cones that fit into 
microplate wells (Figure 2.34(b)). Bacteria-inoculated solutions fill the wells of 
a microplate and the microplate is covered with this peg lid that allows bacteria 
to form biofilm on the peg surface after incubation (Figure 2.34(a)). Antibiotic 
solutions are diluted to different concentrations in a new microplate. The peg lid 
with mature biofilm grown on it is then moved to the new microplate with anti-
biotic solutions. After incubation, the remaining bacteria on the peg surface are 
recovered by sonication with buffer saline and live bacteria are counted on agar 
plates. Bacterial log reduction versus antibiotic concentration can be further plot-
ted (Figure 2.35).

The MBEC assay described is designed for antibiotics rather than polyurethane 
materials. Therefore, Russell et al. [191] modified this method to evaluate acrylate–
urethane coating’s performance. Salicylic acid was first conjugated with an acrylate 
group to form a polymerizable monomer. This monomer was then copolymerized with 
urethane acrylate via UV free radical polymerization (Figure 2.36). The peg cones on 
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the lid are dip-coated with salicylic acid-releasing polymer. Such coated cones were 
challenged with bioluminescent Pseudomonas aeruginosa and E. coli. The lumines-
cence of peg lids was measured every day and plotted as reduction compared with 
negative control (Figure 2.37). Some formulations of the coating polymer showed 
50–60% reduction of biofilm formation.

2.9.2   Scanning electron microscopy

See Section 2.5 for more information on SEM.

2.9.3   Flow cell assay

A typical flow cell assay involves a flow cell chamber, a microscope (white light 
or fluorescent), a peristaltic pump, and connection tubings. The basic construct of 
a flow cell is shown in Figure 2.38. The flow chamber is sandwiched between two 
optical clear plates (glass or plastic). Based on test specification, the flow chamber 

Peg

(a) (b)

Biofilm

Adherence Shedding

Dispersed
cells

Figure 2.34 MBEC assay. (a) Biofilms form on the polystyrene pegs of the MBEC device 
when planktonic bacteria adsorb to the surface. These bacteria become irreversibly attached 
and grow to form mature biofilms. Biofilms are encased in “slime,” which is sometimes visible 
to the naked eye. Planktonic cells are also shed from the surface of biofilms, which serves as 
the inoculum for CA determinations. (b) The peg lid has 96 identical plastic pegs. This lid fits 
into a trough with channels designed to guide an inoculum across the surface of the pegs. The 
peg lid fits into a standard 96-well microplate as well, which is used to set up serial dilutions 
of antimicrobials.
Credited from http://www.innovotech.ca/.

http://www.innovotech.ca/
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Figure 2.35 Flow chart of MBEC protocol.
Credited from http://www.innovotech.ca/.
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has one (single channel) or multiple (multichannel) inlet/s and outlet/s that can test 
one or multiple samples. The peristaltic pump draws fresh inoculated bacteria solu-
tion into the flow cell and the bacteria solution is further collected in a biohaz-
ard waste container. Test polymer samples are placed in sample wells inside of the 
flow chamber and polymer samples are challenged with continuous flow of bacteria 
solution. Biofilm formation on polymer samples can be visualized by a white light 
microscope or quantified by a fluorescent microscope after staining with fluores-
cence dye.

Russell et al. [191] (for detailed information, see Section 2.9.1) tested salicylic 
acid releasing urethane–acrylate-coated polymer coupon against P. aeruginosa 
biofilm using this flow cell method. The biofilm was then stained with propidium 
iodide. A control polymer coupon showed much higher fluorescence intensity due 
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Figure 2.36 Synthetic route of acrylate–urethane coating polymer with hydrolyzable ester 
bonds for salicylic acid release.
Reprinted with permission from Ref. [191].
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to heavy bioflim accumulation. The coated samples, however, showed lower fluo-
rescence intensity because the polymer coating greatly inhibited biofilm formation 
(Figure 2.39).

The surface properties of polyurethane biomaterials are so important that they can-
not be overemphasized and there have been many innovative ways to tailor polyure-
thanes interfaces. In this chapter, we discussed some important but not all surface 

Figure 2.37 Percentage reduction of biofilm compared to control resins of Escherichia coli 
Xen14 (left column) and Pseudomonas aeruginosa Xen41 (right column) caused by the 
Desmolux (DMX) resins containing backbone-reacted salicylic acrylate (SAcr), 11% (solid 
diamond) or 33% (solid triangles), or admixed salicylic acid, 8% (open square) or 24% (open 
diamond). Statistically significant (P < 0.05) reductions are indicated by a ‘‘*’’ above the 
symbol.
Reprinted with permission from Ref. [191].
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characterization techniques. Because the interactions of polyurethanes with the bio-
logical environment are very complicated issues, it usually requires the combination 
of multiple characterization techniques from simple CA measurements to more com-
plicated radiolabeling techniques. Advancement of new characterization techniques 
can better guide the polyurethane research and supply a new generation of polyure-
thane biomaterials with improved properties.

Optical window
(a) (b)

Flow chamber

Inlet Outlet

Figure 2.38 Construct of a flow cell: (a) side intersection view; (b) commercial product from 
BioSurface Technologies Corporation.

Control Salicyclic acrylate

Figure 2.39 Fluorescence image of the flow cell after 5 days of Pseudomonas aeruginosa 
biofilm growth, showing the arrangement of the two coated coupons oriented in series in 
the flow cell. Extensive biofilm growth is evident on the control sample (Desmolux VP LS 
2396/0% SAcr) but minimal growth on the downstream salicylic acid-releasing sample  
(Desmolux VP LS 2396/35 wt% SAcr). The flow was from left to right. Note the biofilm 
growth evident at the outlet port directly downstream of the sample coupon. The blue 
color from the screws and the metal top plate in the upper panel was due to reflected light.
Reprinted with permission from Ref. [191].
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3

3.1   Fundamentals of polyurethane degradation

From before and on out to 2015 polyurethanes (PUs) have been used extensively in 
numerous biomedical applications. Their lasting popularity has been a direct result of 
their segmented block copolymeric chemistry, which provides a wide range of versatil-
ity in terms of tailoring physical properties, biocompatibility, and degradation rates. The 
literature cites many examples of early PU devices showing signs of degradation (i.e., 
valves [1], vascular prostheses [2], and PU-coated silicone breast implants [3–5]), lead-
ing many research groups to question the safety of PU devices and to continue the quest 
for more biocompatible PUs without compromising their desirable physical properties.

3.1.1   Polyurethane chemistry influences stability

It is important to recognize that the chemical composition and the resulting surface 
domain organization of PU materials will ultimately affect degradation [6]. Classical 
PUs are formulated with a desired stoichiometry from all three major components: (1) 
an aliphatic or aromatic diisocyanate (DI), (2) a long chain oligomeric diol (soft seg-
ment), and (3) a low molecular weight chain extender [7]. In PU-based materials, a 
microphase segregation process leads to the formation of regions enriched in either hard 
or soft segments, directly impacting the dimensional stability of the elastomer [8].

3.1.2   Polyurethane bulk degradation

Although original PUs used in biomedical applications were widely accepted as flex-
ible, durable, and relatively biocompatible, they have also been singled out as being 
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problematic in terms of their long-term stability in vivo. Polyether PUs were generally 
recognized as hydrolytically stable at neutral and basic pH and had been extensively 
evaluated for use in long-term implantable devices [9,10]. It was not until Pellethane® 
was used in marketed devices, such as pacemaker lead insulators, that several oxida-
tion failure mechanisms were discovered to affect the polyether soft segment [11].  
A synergistic effect of chemical degradation and physical damage was proposed since 
the brittle surface layer is more susceptible to cracking under repeated strains (i.e., phys-
iological movement of tissues, limbs, or fluids). In addition, polyether PU devices con-
taining metal parts, such as pacemaker leads, have been subject to metal ion oxidation 
because of redox reactions and catalysis with corrosion products in combination with 
H2O2 released by cells on the surface during the foreign body response (FBR) [12,13].

Early on, Stokes et al. put forth a description of a failure mechanism affecting poly-
ether PUs under strain, termed environmental stress cracking (ESC) [14]. This descrip-
tion implicated factors from the in vivo environment: oxidative processes, residual stress, 
ether content in the soft segment, and the presence of cells associated with the FBR, as 
well as an unknown biological element. Many subsequent studies embraced the ESC 
theory and built on it, to understand the molecular mechanisms associated with cleavage 
of the polymer chains. Anderson’s group focused on the oxidative mechanism of ESC 
and was the first to use inflammatory cells to study the biodegradation of PUs [15].

3.1.3   Hydrolytic degradation

Other groups focused on the nature of the biodegradation products and investigated 
the hydrolytic pathway of PU chain cleavage. A number of reports described the 
generation of potentially carcinogenic aromatic diamines from polyester urethanes 
(PEUs) that had been used in the Meme breast implant [16,17].

Subsequent reports proposed that hydrolytic enzymes associated with monocyte- 
derived macrophage (MDM) activity are as important as oxidation in the degradation 
of PUs. Santerre and coworkers demonstrated that cholesterol esterase (CE) preferably 
degraded ester linkages immediately adjacent to the hard segment rather than catalyzing 
the hydrolysis of the urethane linkage in the hard segment to generate toluenediamine 
[18]. The group went on to identify oligomeric degradation products from the polymer to 
gain a greater understanding of the polymer’s breakdown by CE [19]. Through a series of 
experiments with radiolabeled DIs and the degradative enzyme CE [20–26], it was deter-
mined that biodegradation showed a strong dependence on hard segment chemistry and 
molecular weight. Stable H-bonded microdomains in the hard segment are thought to cre-
ate a protective structure for cleavage points favored by the enzyme. In vivo experiments 
also confirmed an association between polymers with increased hard segment content and 
improved biostability (i.e., methylene diphenyl diisocyanate (MDI)-based polycarbonate 
PUs reported for Corethane® materials) [27,28]. However, the role of hydrolytic enzymes 
in the FBR and in vivo biodegradation had not been fully defined in those early studies.

3.1.4   Molecular mechanisms at the cell–material interface

In most cases, the actual chronic tissue interface is layered as follows: the biomaterial 
surface, adsorbed protein, MDMs and/or foreign body giant cells, a fibrotic capsule 
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composed primarily of collagen-containing phagocytic cells and fibroblasts, and then 
subsequently the native tissue [29]. It is not surprising that white blood cells have 
emerged as the predominant cell type coordinating the biodegradation process. The 
temporal variation in the acute and chronic inflammatory response describes polymor-
phonuclear neutrophils (PMNs) appearing within minutes, but not lasting more than 
48 h [15,30]. Adherent PMNs, a source of initial reactive oxygen species (ROS), have 
been shown to be differentially activated based on material chemistry [31–33]. For 
this reason, PMNs have been linked to biodegradation; however, it is unclear what the 
extent of their involvement is given their short life span at the cell–material interface. 
A comparison of PMNs versus MDMs for their destructive potential toward a radio-
labeled PEU determined that there was 25 times more radiolabel release elicited by 
MDMs [25].

3.1.5   Environmental biodegradation

A model of environmental biodegradation has been described in such a way that 
the central interaction between the cells and the materials is a cyclic process that 
influences two critical end points that have significant clinical impact: degradation 
of the biomaterial and chronic inflammation [7]. The model shows how an external 
perturbation, such as mechanical strain, metal ions, or other factors, influences the 
material morphology by redefining the interactions between the polymer chains. 
The external perturbation disrupts the PU surface microenvironment, which dictates 
the type, amount, and conformation of protein adsorbed onto the material surface. 
Taken together all of these factors influence the response of the cells, in turn altering 
the inflammatory process feeding back to the material.

3.2   Design of new degradable polyurethanes inspired  
by biodegradation mechanisms

The study of PU degradation mechanisms has motivated the development of novel 
degradable PU materials from 2005 to 2015, particularly in the area of tissue engi-
neering (TE) applications. Specifically, chemical linkages that are susceptible to 
oxidative, hydrolytic, or enzymatic degradation have been incorporated into the 
segmented block copolymeric structure of new PU materials to achieve desirable 
degradation processes.

3.2.1   Degradable polyurethanes designed with hydrolytically 
susceptible soft segments

Guan et al. have developed poly(ester urethane) urea (PEUU) and poly(ether ester 
urethane) urea (PEEUU) [34], both designed to be degraded by cleavage of their soft 
segment bonds. The PEEUU used polyethylene glycol (PEG) in a copolymer with 
polycaprolactone (PCL)–PEG–PCL soft segment rather than pure PCL, as in PEUU 
[34]. The addition of PEG into the soft segment of PEEUU contributed to increased 
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hydrophilicity and a faster hydrolytic degradation rate of the polymer when compared 
to PEUU. Despite the slight difference in hydrophilicity and change in degradation 
behavior for the two materials, both PEUU and PEEUU scaffolds demonstrated 
desirable mechanical properties (tensile strength and breaking strains) comparable to 
those of the canine thoracic aorta [34]. Two other interesting examples consisting 
of poly(ether carbonate urethane) ureas (PETCUUs) were developed by Wang and 
coworkers [35]. While both PETCUUs were synthesized with butanediisocyanate 
(BDI) and putrescine as in the PEUU and PEEUU materials discussed above, one 
of the PETCUUs contained a triblock copolymer of poly(trimethylene carbonate)–
poly(ethylene oxide)–poly(trimethylene carbonate) (PTMC–PEO–PTMC) as the soft 
segment, while the other one included a pentablock copolymer PTMC–PEO–PPO–
PEO–PTMC (PPO, polypropylene oxide) as the soft segment [35]. PTMC was cho-
sen for its low modulus and relative hydrophobicity [35,36], which helped maintain 
the mechanical integrity of the polymer for an extended period of time. The PEO 
(highly hydrophilic) or PEO–PPO–PEO (moderately hydrophilic) provided the ability 
to change the rate of degradation and cell adhesion behavior [37–40]. These polymers 
demonstrated comparable cell compatibility, as smooth muscle cells (SMCs) cultured 
in an 8-week study with both PETCUUs showed similar morphology and viability 
[35]. Cell adhesion could be further enhanced with the incorporation of an Arg–Gly–
Asp–Ser (RGDS) surface modification [35].

3.2.2   Degradable polyurethanes developed with  
blended soft segments

Given the need for degradable scaffolds to enable new tissue regeneration, to allow for 
timely scaffold decomposition, and to achieve mechanical criteria, a series of novel 
degradable PUs were developed with blended soft segments. For example, the partial 
replacement of the polyester units with polycarbonate elements in the soft segment 
has resulted in polymers (PECUU) with degradation properties in between those of 
the PEUU described above and a poly(carbonate urethane) urea (PCUU) [41]. Poly-
ester hydrolysis can induce acidic by-product release [42], which further catalyzes the 
degradation process, where the weak acidic by-products can be quickly converted into 
alcohol in the decomposition process of polycarbonate [42]. Following a similar logic, 
Niu and colleagues generated a novel PU by coupling PCL with PEG for its soft seg-
ment [43]. Degradation of the PU material occurred over 20 weeks in vivo, with no sig-
nificant elevation of pH in the local tissue [43]. Scaffolds made with this polymer also 
provided excellent mechanical support and important structural cues that facilitated 
better nerve regeneration in a rat nerve injury model [43]. Moreover, to better modu-
late the degradation kinetics of the materials, PUs with different soft segments were 
mixed together to generate novel composite PUs. In one study, PEG– hexamethylene 
diisocyanate (HDI)–desamino tyrosine tyrosyl hexyl ester (DTH) and PCL–HDI–
DTH (both containing the same hard segment, HDI, and chain extender, DTH, but 
PEG versus PCL as respective soft segments) were blended at different ratios by elec-
trospinning [44]. While the incorporation of HDI and the amino acid-based DTH were 
selected to improve the biocompatibility of the polymers [44], the biodegradability of  
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the materials depended on PCL and PEG (with PCL being more hydrophobic than PEG). 
It was observed that a higher ratio of PEG–HDI–DTH to PCL–HDI–DTH resulted in 
faster degradation of the composite polymer [44]. As well, electrospun scaffolds were 
shown to decompose faster than films made with the same material chemistry [44].

3.2.3   Degradable polyurethanes with varying chain extenders

Wagner et al. substituted the chain extender putrescine in PEUU, discussed above, 
with the enzymatically sensitive diamine peptide–Ala–Ala–Lys [45], aiming to 
develop an elastase-sensitive PU. Elastase-sensitive PU scaffolds with oriented 
pores supported muscle-derived stem cell growth [45], suggesting its potential use 
in TE applications.

Furthermore, elastomeric PUs with flexible degradability were prepared with 
PCL, HDI, and varying chain extenders [46,47]. Specifically, three new PUs, PU-S, 
PU-M, and PU-F, with bioactive isosorbidediol (1,4:3,6-dianhydro-d-sorbitol) 
(ISO), bis(2-mercaptoethyl) ether, and ISO combined with 3,7,11-trimethyl-2,6,10- 
dodecatrien-1-diaminobutane amide (TDD), respectively, used as chain extenders 
were synthesized [46,47]. These chain extenders acted as labile units and introduced 
different levels of polymer chain mobility into the polymeric materials [46].

Another attractive PEUU that showed controlled degradability based on its unique 
arginine-containing chain extender was reported by He et al. [48]. More specifically, 
HDI was reacted with the hydroxyl group in glycerol α-monoallyl ether (GAE) to form 
a prepolymer, which was then chain extended with l-Arg hydrochloride alkylenediester 
(Arg-x-Cl) via a urea bond to produce the PEUU [48]. The degradation rate of this argi-
nine-derived PEUU could be adjusted by varying the proportion of Arg-x-Cl in the poly-
mer, since Arg-x-Cl bears hydrolytically susceptible ester bonds [49]. In addition, the 
arginine-containing PEUU could elicit desirable cellular responses because the cationic 
arginine moiety not only plays a role in nitrogen metabolism and production of nitrogen 
oxide (NO) but also regulates the inflammatory response in vivo [50–56].

3.2.4   Degradable polyurethanes generated  
from novel chemistries

Degradable PUs synthesized with novel chemistries have demonstrated other attractive 
characteristics such as injectability, exclusive stimuli sensitivity, and anti-inflammatory 
properties. A novel injectable PU consisting of a flowable lysine triisocyanate (LTI)–
PEG prepolymer and a polyester triol was prepared by Adolph and colleagues [57]. The 
polymer was designed to be degraded through hydrolysis of ester bonds (polyester triol) 
and oxidation initiated by peroxidase expressed by MDMs interacting with the biomate-
rial in vivo [58]. The study showed that the injection of the PU resulted in wound healing 
rather than fibrosis in rat excisional wounds after 7 days [57].

Since production of ROS is a common biological response in cell–material interac-
tions on biomaterial implantation [59], PUs designed to degrade by a  ROS-dependent 
mechanism could be more advantageous in TE applications. Martin and coworkers 
have fabricated a series of poly(thioketal) urethanes (PTKU) that could be exclusively 
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degraded by cell-generated ROS [59]. Briefly, poly(thioketal) (PTK) (synthesized with 
2-mercaptoethyl ether (MEE), acetone, and 1,4-butanedithiol) was reacted with hard 
segment HDI trimer (HDIt) to yield PTKU [59]. It was found that PTKU degradation in 
the oxidative environment promoted the release of hydroxyl radicals, which acted as a 
positive feedback to further attack the thioketal bond and decompose the compound into 
its original monomers [59]. Additionally, ether oxidation also contributed to the overall 
degradation of the polymer [59]. The mechanism of degradation for PTKU was verified 
by assessing the response of the material to ROS released from activated murine-de-
rived RAW267.4 macrophages and oxidative medium after 10 days in vitro. However, 
the material remained nonreactive to hydrolysis in phosphate-buffered saline (PBS) for 
25 weeks [59]. PTKU demonstrated greater cell infiltration for subcutaneous wounds in 
a rat model when compared to standard PEU control [59].

Work by Santerre et al. has conceived degradable polar hydrophobic ionic (D-PHI) 
PUs, which possess excellent anti-inflammatory characteristics [60,61]. The novel 
D-PHI PU was synthesized from a lysine-based polycarbonate divinyl oligomer 
(DVO, which consists of a poly(hexamethylene carbonate) diol (PCN) soft segment 
and lysine diisocyanate (LDI)/2-hydroxyethyl methacrylate (HEMA) hard segments) 
and anionic/hydrophobic acrylate monomers (methacrylic acid (MAA) and methyl 
methacrylate (MMA)) [60]. PCN was chosen as the soft segment not only because 
it provides high tensile strength while being biodegradable but also because it yields 
relatively low proinflammatory degradation products such as carbon dioxide and alco-
hols [7,62]. The traditional hard segment is substituted by HEMA, which was incor-
porated into the material to confer cross-linking functionality to the DVO. The vinyl 
groups generated reactivity with MAA and MMA via the terminal ends of the oligo-
meric polycarbonate chain and thus enhanced the mechanical strength of the material 
[60]. Additionally, MMA and MAA were introduced to induce procell adhesion and 
cell–material interactions, because they generated hydrophobic and anionic function 
integrated with the nonionic polar nature via the polycarbonate [63]. D-PHI displayed 
a more controlled degradation rate in vivo as compared to PLGA, and maintained its 
physical structure [64]. In addition, D-PHI promoted a wound-healing phenotype of 
monocytes with and without protein coating [65,66] and demonstrated good compat-
ibility with vascular SMCs (VSMCs) [67], endothelial cells (ECs) [68], and human 
gingival fibroblasts (HGFs) [68].

These novel chemistries have been strongly considered for use in TE applications 
and as such they have been optimized for multiple design features both in terms of 
the chemistry and the processing of the materials. A list of key factors affecting 
PU performance in orthopedic, cardiovascular, and connective TE is provided in  
Table 3.1.

3.3   In vivo testing of polyurethanes from 2005 to 2015

In vivo testing in animal models is essential for implanted biomaterial devices (e.g., 
scaffolds) to determine biodegradation, mechanical compatibility, FBR, and biocom-
patibility of the material with host tissue or device function.
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Table 3.1 Factors affecting degradable PU performance in tissue engineering applications

Parameter Notes References

Orthopedic

Processing Some applications require the polymer to be injectable and cured in situ. [69]
Elasticity Sufficient elasticity required to ensure intimate contact with bone when used to fill a defect. [70]
Mechanical 

strength
Compressive modulus >1 GPa, compressive strength around 100 MPa. For highly porous polymers, this  

may be achieved with an appropriate filler material.
[69,71,72]

Degradation Some studies have suggested >18 months, depending on rate of new bone growth. Nontoxic degradation by-products. [70]
Hydrophilicity Reduced hydrophilicity has been proposed as a means to reduce degradation rate, allowing more time for new 

bone to form. However, more hydrophilic materials have shown greater calcium deposition than  hydrophobic 
PUs in some cases.

[70,73]

Porosity Porosity can influence the rate of PU degradation and the ability of cells to infiltrate the scaffold. [70,71]
Osteoconductivity Must promote new bone formation at a rate that outpaces PU degradation. This can be enhanced through inclu-

sion of calcium-complexing agents and drugs (e.g., lovastatin) in some cases.
[70,74]

Cardiovascular

Mechanical 
properties

Materials must be suturable, elasticity depending on the application, and have sufficient modulus without being too 
stiff (e.g., cardiac tissue has modulus of 10–50 kPa, tensile strength of 3–15 kPa, and strain of 22–90%).

[75,76]

Degradation Slower degrading materials have performed better than faster degrading PUs. Nontoxic degradation by-products. [76]
Porosity Porosity must be sufficient to allow tissue infiltration, not compromise rate of degradation, and promote cell 

attachment and growth.
[60,77,78]

Nonactivating 
chemistries

For blood contacting PUs, chemistries that reduce platelet and white blood cell activation are essential. [61,65,79,80]

Connective tissue

Mechanical 
properties

PUs should have mechanical properties that mimic those of native tissue (compliance, modulus, strain). [81,82]

Degradation Appropriate degradation rate to support new tissue formation. Nontoxic degradation by-products that could also 
activate cells to promote positive remodeling outcomes.

[57,58,83]

Porosity Must allow for new tissue ingrowth. [84,85]
New tissue 

formation
Inclusion of bioactive agents, such as ECM components (e.g., ECM digest) can promote tissue infiltration. [82,86,87]

Nonactivating 
chemistries

In addition to white blood cell interactions, new PUs should prevent fibroblast to myofibroblast  differentiation to 
support healthy tissue regeneration instead of scarring.

[57]
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3.3.1   In vivo testing of polyurethanes to assess biodegradation 
and the foreign body response

Preliminary in vivo biodegradation and the FBR are often assessed by subcutane-
ously implanting a PU disk (porous or nonporous). While the cage implant model 
has often been used to study biodegradation and the FBR because of the advan-
tage of allowing removal of the PU, surrounding cells/tissues and exudates [88–90], 
it presents a significant perturbation to the implant site. A cageless subcutaneous 
implant allows for direct contact with host cells and in the case of porous scaffolds 
leads to cell infiltration, reflecting more of what would be seen in TE applications 
[64,91]. Recent studies have shown that D-PHI lost only 20% of its original mass 
after 100 days of implantation in a rat model, suggesting a relatively slow and con-
trolled degradation rate [64]. In a mouse system, it was found that 14 day D-PHI 
explants showed good cell infiltration and matrix deposition as well as a pro-wound 
healing cytokine profile (compared to 1-day explants) [91]. Both studies favored 
D-PHI as a good scaffold for TE as it allowed for tissue ingrowth while maintaining 
structural support.

Using a 14-day subcutaneous implant, Da Silva et al. compared aqueous anionic 
PU dispersions (PUD) (with PCL and PEG soft segment and isophorone diisocya-
nate (IPDI) and hydrazine (HZ) hard segment) with or without montmorillonite clay 
nanoparticles (NPs) [92]. The number of cells infiltrating the PUD scaffolds decreased 
from day 1 to day 14 but did not significantly change between formulations, suggest-
ing that by day 14 the FBR had been resolved [92]. Dey et al. compared a cross-linked 
urethane-doped polyester (CUPE) scaffold to a poly-l-lactic acid (PLLA) scaffold in 
a subcutaneous rat model system. It was found that after 1 week, the CUPE scaffold 
had a thinner fibrous capsule when compared to the PLLA scaffold, suggesting a more 
modest FBR [93].

3.3.2   In vivo wound healing assays

Dermal TE using PU scaffolds/membranes requires the precise reconstitution of the 
skin bilayer. In an ovine full thickness wound model, which tested a PU (biodegrad-
able temporizing matrix; BTM-2) [94], the Integra™ dermal regeneration template 
was compared to BTM-2. It was found that by 29 days all wound sites had healed 
comparably [94].

Hafeman et al. recently compared two PEUs prepared from LTI versus HDIt for use 
in skin TE, looking at the in vivo degradation of the two PEUs in a full excision model 
[58]. Both PUs showed limited inflammation; however, the LTI scaffold degraded sig-
nificantly faster than the HDIt scaffold at 28 days, suggesting that it may be better for 
skin TE [58] as this rate is aligned with the desired design specifications.

3.3.3   In vivo polyurethane soft tissue engineering

Soft tissue TE scaffolds are temporary templates that are gradually degraded and 
replaced by the host’s own cells and tissue. New methods in in vivo imaging provide an 
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attractive strategy for determining structural and mechanical changes in PU scaffolds 
without explanting or sacrificing the animal. This allows for longer term monitoring of 
the scaffold’s compatibility and host tissue integration. Park et al. used multimodality 
imaging to compare degradation rates of PEUU scaffolds versus polydiaxanone scaf-
folds [95]. They found that mechanical and histological assessments of explants cor-
related well with ultrasound shear wave imaging and photoacoustic imaging data [95].

Cardiac biomaterials for TE have been a major PU research area for years. Many 
PU trileaflet heart valves have been developed, but most of these have failed due 
to calcification and stiffening. More recently, Thomas and Jayabalan developed a 
 calcification-resistant high flex life polyurethane urea (HFL18-PU) for use as a tri-
leaflet valve [96]. The long-term in vivo biodurability testing (subcutaneous implant 
in rabbit) showed little FBR with an absence of PMNs and MDMs after 3 months, 
and by 6 months there was no change in weight, color, or surface pitting and mini-
mal changes in mechanical properties, suggesting that the implant was not degraded 
[96]. Stachelek et al. evaluated a cholesterol-modified PU as a valve cusp that can 
promote EC adhesion [97]. They found that bovine blood outgrowth ECs (BOECs) 
could adhere to the PU valve cusps and that the BOEC-seeded valves implanted in an 
ovine model system appeared translucent with no abnormalities when compared to the 
unseeded valves, which appeared opaque with visible thrombi [97].

Similar to dermal patches for TE, cardiac patches to repair cardiac tissue can also 
be made of PUs. Fujimoto et al. used a PEUU scaffold to replace a surgical defect 
in the right ventricular outflow tract of a rat heart [98]. After 12 weeks, the PEUU 
scaffold showed host tissue ingrowth, which was not apparent in a comparison to 
expanded polytetrafluoroethylene patches [98].

3.3.4   In vivo polyurethane bone tissue engineering

PUs designed for bone replacement applications need to be subjected to weight- 
bearing in vivo studies. For instance, Dumas et al. used a rabbit weight-bearing unicor-
tical plug defect model system to evaluate an allograft bone that uses a 2-component 
biodegradable PU as a binder [72]. Within 6 weeks there was extensive cellular infil-
tration into the graft and new bone formation [72].

Adhikari et al. developed a biodegradable injectable PU for orthopedic appli-
cations [99]. The group chose to evaluate both the preformed PU and the in vivo 
injected PU to determine degradation and biocompatibility using an ovine model 
[99]. The preformed and injected PUs were well tolerated by the sheep and both 
showed evidence of new bone growth and controlled polymer degradation after 
6-month implantation [99].

Other biodegradable PUs for bone TE have incorporated drugs to enhance wound 
healing and bone regeneration and prevent bacterial contamination. For example, 
a group prepared a biodegradable PU with lovastatin to promote BMP-2 expres-
sion to stimulate bone formation [74]. A rat plug defect in vivo model was used 
where a 3 mm defect was created in the femur and the biomaterial was formed into a  
3 × 5 mm cylinder implanted into the defect. The femurs were then explanted at  
2 and 4 weeks for X-ray microtomography evaluation [74]. By 4 weeks, there were 
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increases in bone regeneration using the lovastatin/PU, which was not seen at the 
2-week time point [74].

3.4   Coculture using degradable polyurethanes  
from 2005 to 2015

Bone and soft tissues are complex multicellular structures requiring oxygen, nutri-
ents, and cell signaling cues to allow cells to form functional tissues. The oxygen 
diffusion limit of 150 μm [100] limits the size of in vitro TE constructs without 
vascularization. Often coculture is employed to promote prevascularization of the 
TE graft (reviewed in [101]).

3.4.1   Polyurethane coculture systems for liver tissue engineering

Salerno et al. cocultured human hepatocytes with human umbilical vein ECs 
(HUVECs) on a polyetheretherketone PU membrane to promote vascularization of 
an in vitro engineered liver tissue [102]. There was improved hepatocyte function 
and the formation of luminal structures occurred within 3 days of coculture on the PU 
versus hepatocyte-only samples [102]. Another study demonstrated that coculturing 
bone marrow-derived mesenchymal stromal cells with hepatocytes greatly reduced 
the secretion of stress enzymes by the hepatocytes and that the cells attached better to 
nanofiber PU versus unstructured PU [103].

3.4.2   Polyurethanes coculture systems for cardiac  
tissue engineering

Surprisingly, the use of cocultures with degradable PUs in cardiac TE systems has 
been limited when vascular grafts are excluded from the research. A study by Parrag 
et al. used murine-derived embryonic stem cells (mESCs) and mouse embryonic fibro-
blasts (MEFs) to TE cardiomyocyte-derived tissues. mESCs are pluripotent cells that 
require proper cues to differentiate into specific cell types. In the study, Parrag et al. 
showed that both the coculture of mESCs with MEFs and the use of aligned microfi-
brous PU scaffolds provided the cues necessary to induce mESC differentiation to a 
functioning cardiomyocyte phenotype [104].

More recently, the Santerre lab used the coculture of primary cells with monocytes/
MDMs to promote a wound-healing milieu to encourage cell attachment, infiltration, 
and proliferation on D-PHI PU films and scaffolds for TE vascular graft applications 
[67,91,105–107]. In the context of blood vessel TE, it was found that by coculturing mono-
cytes with ECs on D-PHI films that the ECs attached better and spread out more while 
displaying more EC functional markers than EC monocultures (CD31) [91]. VSMCs ben-
efited from coculture with monocytes on both film and porous scaffold forms of D-PHI 
[67,106,107]. On porous scaffolds, the monocyte coculture helped VSMCs migrate within 
the pores and increased deposition of extracellular matrix (ECM) proteins [107]. A recent 
study found that monocyte-conditioned medium could also promote VSMC attachment to 
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D-PHI, while allowing VSMC differentiation marker expression [106]. This suggests that 
it is the cytokines and signaling cues released from the monocyte (i.e., paracrine effects) 
rather than cell–cell contact alone that contribute to a desirable VSMC phenotype [106].

3.4.3   Polyurethane coculture system for dermal  
and other soft tissue engineering

Dermal TE grafts meet a critical need for nonhealing wounds and burn repair. For der-
mal TE, a vascularized bilayer of fibroblasts and keratinocytes is the ultimate goal. Li 
et al., using Novo Sorb™ PU variant BTM-2, showed that keratinocytes could form a 
monolayer over the BTM-2 scaffold preseeded with dermal fibroblasts [94]. In a 2014 
follow-up paper, the Greenwood group described their coculture system (fibroblasts 
then keratinocytes) on BTM as a cultured composite skin, suggesting that the BTM-2 
construct may be moving closer to the clinic [108].

Gingival atrophy, where the root is exposed leading to tooth sensitivities and 
caries, is a prevalent disorder that requires better graft options [109]. The Santerre 
group recently published that a D-PHI PU is compatible with HGFs cultured in a 
medium-perfused bioreactor [110]. The coculture of HUVECs with HGFs was subse-
quently tested to see if HUVECs could vascularize the PU scaffolds. HUVEC clusters 
could be seen at the end of the 28-day test and the cocultures had modulated cytokine 
activities depending on the ratio of HUVEC:HGF [105].

3.4.4   Polyurethane coculture systems for  
bone tissue engineering

Bone has been one of the largest research areas for PUs and coculture systems (coculture 
strategies in bone TE, reviewed by Janardhanan et al. [111]). Duttenhoefer et al. coseeded 
human endothelial progenitor cells (EPCs) with mesenchymal stem cells (MSCs) onto a 
porous bioresorbable elastomeric PU scaffold containing NPs of hydroxylapatite (HA) 
to induce vascularization and encourage osteogenic differentiation [112]. The presence 
of EPCs promoted more tubular structures per mm2 and greater EC marker-express-
ing tubular structures [112]. In another study, Hofmann et al. showed that coculturing 
human osteoblasts with HUVECs promoted vascularization of a degradable PU scaffold 
and stable cell differentiation after more than 14 days in culture [113]. Together, these 
studies suggest that coculture is beneficial for promoting cell attachment, desirable cell 
phenotypes, and tissue vascularization in the context of bone TE.

3.5   Degradable polyurethanes cultured with stem  
cells for tissue engineering applications

Since mature cells usually have limited expansion abilities in vitro [114], stem cells 
have become a promising substitute for mature cells in tissue repair and regeneration 
when assessed with a variety of PUs and stem cell culture systems.
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3.5.1   Biodegradable polycaprolactone-containing polyurethanes 
seeded with stem cells

Stem cell interactions with PCL-containing PEU or PEUU scaffolds (degraded via 
hydrolysis) have been studied for TE applications, and in particular using immu-
nomodulating and multipotent MSCs [115–117]. Zahedmanesh and colleagues 
have seeded MSCs on 3D fibrin–PU composite scaffolds, with the PU synthesized 
from HDI, PCL, and ISO, and incorporation of a fibrin gel [118]. A 10% triax-
ial compression of the scaffold matrix combined with interfacial shear promoted 
chondrogenesis of MSCs, as indicated by their elevated expression of collagen and 
proteoglycans after 14 days in culture (in the presence of TGF-β- dexamethasone) 
[119]. In addition, the importance of mechanical stimulation in modulating the 
behavior of MSCs has been reported by Liu et al., who cultured MSCs on degrad-
able PU scaffolds (generated using PCL/l-lactide, 1,4-butanediol (BDO), and 
BDI) [120]. Moreover, Laschke et al. reported culturing  adipose-derived stem 
cells (ASCs) either as 3D spheroids or single cells on PEU scaffolds (which has 
the same chemistry as the PU used in Zahedmanesh’s study) combined with HA 
[121]. ASC spheroids were shown to encourage significantly more new vascula-
ture formation than single ASCs (40% vs. 20%). The results corresponded well 
to the findings in Kuo’s study, where it was reported that human MSC aggre-
gates proliferated more and showed greater osteogenesis/chondrogenesis poten-
tial than single cells on PU after 7 days in culture [122]. The investigators then 
carried out a study to determine if the differentiation of ASCs on HA–PEU before 
implantation would affect their angiogenic capacity [123]. They found that osteo-
genic preconditioning of ASCs significantly impaired their ability to generate 
new microvessel networks [123]. In addition, dedifferentiation of preconditioned 
ASCs was evident with a reduction in mineralized matrix after 14 days in a mouse 
implant model [123]. Since the structure of electrospun fibrous scaffolds can be 
controlled to resemble natural ECM by adjusting the processing parameters [124], 
Gugerell and coworkers have incorporated ASCs into two PCL-containing elec-
trospun PUs. Both remained degradable by hydrolysis (with ester bonds more 
susceptible than urethane and urea linkages) [125]. The two PU polymers were 
 poly(ɛ-caprolactone-courethane-co-urea) (PCLUU) and poly [(l-lactide-co-ɛ-
caprolactone)-co-(l-lysine ethyl ester diisocyanate)-block-oligo(ethylene gly-
col)-urethane] (PLLEGU), with PLLEGU showing more degradability (34.3%) 
than PCLUU (2.4%) after 44 weeks in PBS [125]. ASCs were shown to be able to 
adhere, proliferate, and differentiate into adipocytes on both scaffolds (with lipid 
droplet formation after 21 days). However, they exhibited a more physiological 
morphology on PCLUU (more spread) than on PLLEGU (elongated) [125].

3.5.2   Commercial degradable polyurethanes used  
in stem cell culture

Commercial PUs have also been studied for use with stem cell culture. For instance, 
electrospun commercial PU (Desmopan® 9370A) scaffolds were fabricated with 
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high porosity (84%) and an average fiber diameter of 360 nm [126]. Human ESCs 
were cultured on PU scaffolds in neuronal proliferation (1–17 days) and differen-
tiation medium (18–47 days), and the results indicated successful transformation 
of the ESCs to dopaminergic tyrosine hydroxylase-positive neurons [126]. More 
importantly, ESCs seeded on PU scaffolds showed expression of neuronal mark-
ers (MAP2ab, β-tubulin III), neurite outgrowth, and formation of cell–cell/cell–PU 
fiber connections [126]. On the other hand, the reference culture (without the PU 
fiber, but with the same proliferation/differentiation medium) promoted differenti-
ation along the astrocyte lineage [126]. Therefore, the electrospun commercial PU 
could provide topographical cues to guide ESCs and allow them to differentiate into 
neuronal cells [126].

3.5.3   Injectable degradable polyurethanes cultured  
with stem cells

Injectable PU gels, containing a hydrophilic PEG segment and hydrophobic poly 
(serinol hexamethylene urethane), have been developed by Ritfeld et al. for seeding 
with MSCs [127]. In this specific design, the PU gel could act as a scavenger for 
ROS via its urethane groups and thus protect MSCs from oxidation-mediated cell 
death in vivo [127].

3.6   Degradable polyurethanes used in  
drug delivery systems

PU-based drug delivery systems can be manipulated to have site-specific release (via 
cell targeting designs) and controllable drug release kinetics [128].

3.6.1   Degradable polyurethane-based growth factor  
delivery systems

Growth factors have been covalently coupled to PUs (such as PEU and PEUU) such 
that the materials are degraded mainly via hydrolysis of the soft segment (cleavage 
of ester bonds). It is believed that biologics anchored to PUs can be released fol-
lowing Fick’s diffusion kinetics, breakdown of the polymers, or a combination of 
both. For example, Guan et al. loaded basic fibroblast growth factor (bFGF) with 
the addition of heparin and bovine serum albumin to stabilize bFGF [129,130]. A 
biphasic release behavior with an initial fast release followed by a slow release 
over 4 weeks was observed in PEUU/bFGF scaffolds without heparin. However, 
with the incorporation of heparin into the material, drug release in the burst phase 
was increased within the first 24 h [129]. Similarly, insulin-like growth factor-1 and 
hepatocyte growth factor were introduced into the same PEUU by Wagner’s group 
[131]. Proteins in this case showed complex multiphasic release profiles, influenced 
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by the rates of degradation and the different protein/polymer interactions of the 
different segments of the block copolymers [131]. Li and coworkers have coupled 
platelet-derived growth factor (PDGF) to a polyester triol-based PU [132]. The 
PDGF–PU system yielded a two-stage release profile as seen in Guan’s study. Most 
importantly, the Guan, Wagner, and Li studies all showed sustained bioactivity of 
the released growth factors [129,131,132].

3.6.2   Commercial degradable polyurethane-based anti-
inflammatory/anticancer drug delivery systems

Anti-inflammatory/anticancer drugs have been incorporated into and delivered with 
IPDI-based PUs or commercially available PUs. Moura et al. reported on mixing 
the anti-inflammatory dexamethasone acetate (ACT) with PU (prepared with hard 
segments, IPDI and HZ; soft segments, PCL and PEG) [133]. ACT was seen to be 
continuously released from the PU matrix following an approximately linear rela-
tionship over 120 days, indicating drug release mechanisms that implicated both 
polymer degradation (hydrolysis of ester linkages in PCL) and Fickian diffusion 
[133]. Babanejad and coworkers designed highly soluble carboxylated PU (CPU) 
NPs by substituting HZ in the PU used by Pinto et al. (2012) with dimethylol pro-
pionic acid (DMPA) and BDO [134]. The anticancer drug raloxifene hydrochlo-
ride (R-HCl) was complexed with CPU by interactions of cationic amino groups 
from R-HCl with the anionic CPU [134]. The results suggested Fickian diffusion 
release kinetics from the NPs, with a sustained drug release up to 24.19 ± 4.35% 
after 4 weeks in vitro [134].

3.6.3   Degradable polyurethane-based gene delivery systems

Nonviral transfection vectors are providing a promising alternative to viral vec-
tors due to their ease of production and low immunogenicity. Cationic amine 
groups can effectively bind DNA with strong electrostatic force and therefore 
have been coupled to PUs via hydrolytically degradable ester or urethane bonds 
[135]. Positively charged polymers also have a pH buffering effect, which would 
assist the escape of vectors and increase the efficiency of transfection [136–139]. 
One example of an amine-containing PU was synthesized with LDI, PEG, and 
2- diethylaminoethylamine (DEAE) via an aminolysis reaction [140]. Cationic 
amino groups in the PU established strong interactions with DNA molecules, 
which allowed condensation of DNA into nanoscale structures for endocytosis. 
As well, the cationic groups protected the NPs from nuclease degradation [140]. 
Tseng and Tang also developed a similar poly(amino ester glycol urethane)–
PAEGU based gene carrier, with the hard segment being BDI rather than LDI 
[135]. PAEGU DNA carrier was determined to be an efficient and safe tool, with 
a high transfection rate (35% transfection) and cell viability (90%) when cultured 
with human fibroblasts for 24 h [135].
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3.6.4   Stimuli-sensitive polyurethane drug delivery systems

Intelligent stimuli-sensitive PUs designed from 2005 to 2015 are emerging as prom-
ising tools for targeted drug delivery. One example is the pH-sensitive biodegradable 
PCLH–PUs developed by Zhou et al. for targeted antitumor drug release [141]. Briefly, 
the pH-responsive PU was synthesized with soft segments PCL and pH- sensitive 
PCL-hydrazone–PEG-hydrazone–PCL macrodiol (PCLH); hard segments LDI, BDO, 
and l-lysine derivative tripeptide (LDT); and end-capped with hydrazone-linked 
methoxyl-PEG (m-PEG-Hyd) [141]. In PCLH–PU, m-PEG-Hyd was introduced to 
shield the polymeric micelles from plasma proteins or phagocytotic cells in blood 
circulation [142], and could be cleaved in the low pH environment of tumor tissue, 
enabling efficient internalization of micelles by cancer cells. Song and colleagues also 
developed tumor-cleavable PUs by reacting PCL and LDI with an l-cysteine-derived 
diamine chain extender bearing a redox-responsive disulfide bond, clickable alkynyl 
groups (Cys-PA), and a detachable pH-sensitive methoxyl-PEG unit [143]. The hydro-
phobic core of the micelles was formed mainly by PCL to entrap water-repelling bio-
logics (doxorubicin (DOX)) [143]. What made this latter multisensitive drug carrier 
unique was that a model targeting ligand, folic acid (FA), was conjugated to the alkyne 
groups on the PU via facile click chemistry, which improved the drug efficacy toward 
HeLa cells (FA-receptor positive) after 4 h in vitro [143]. With a similar design logic, 
He and coworkers have incorporated reduction-sensitive bis(2-hydroxyl ethyl) disul-
fide (DHDS) into their polymers to generate paclitaxel (PTX)-coupled PU (PTX–PU) 
micelles, for on-demand drug delivery [144]. The rate of drug release (via polymer 
disintegration) was designed to be modulated by the redox-sensitive disulfide content 
DHDS in the material [144]. In vitro studies showed effective uptake of drug micelles 
within 1 h by tumor cells [144].

3.7   Physical forms and processing of degradable 
polyurethanes

Many fabrication methods exist for processing degradable PUs, whose final forms 
affect their degradability [145].

3.7.1   Porous polyurethane scaffolds

Many biomedical applications require PUs to be in the form of 3D constructs. For 
TE in particular, a porous scaffold architecture is necessary to permit cell and tissue 
ingrowth as well as to allow for integration with the host. Different porosity values, 
pore sizes, and pore interconnectivities are required for different TE applications. 
The method of solvent casting and particle leaching is popular for fabricating PU 
scaffolds due to its ease of use and versatility. In this method, the PU is dissolved 
in an appropriate solvent and cast into a porogen-filled mold. The most commonly 
used porogens are salts and sugar, but polymer particles and paraffin can also be 
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used [146]. Scaffold geometry can easily be manipulated by the design of templates 
made of solvent-compatible materials that are fabricated in the required shape. Care 
must be taken with this approach to ensure that residual solvent is removed to avoid 
cytotoxicity.

A degradable PU fabricated from a prepolymer of PCN:LDI:HEMA (1:2:2) and 
cross-linked in the presence of MMA and MAA has been processed into porous 
scaffolds (80–90% porosity, 100–400 μm macropores, 1–5 μm micropores) using 
the aforementioned porogen leaching technique [68,78]. In this system, NaHCO3 
provides a macroporous structure, while PEG (Mn 600) supports the formation of 
micropores in the scaffold walls to facilitate nutrient diffusion. For this PU, the pre-
polymer (PCN:LDI:HEMA) is dissolved in the MMA and MAA monomer mixture, 
while the microporogen increases the salt-loading capacity, obviating the need for 
a solvent.

Another scaffold fabrication technique is thermally induced phase separation 
(TIPS) [34,46,84,147–149]. TIPS involves decreasing the temperature of a polymer 
solution to obtain a polymer-rich and polymer-poor phase. Following phase separa-
tion, the solvent is removed using one of a number of methods (freeze drying, evapo-
ration) resulting in the formation of pores in the polymer structure. TIPS can also be 
combined with the use of porogens to increase void fraction, have better control over 
pore size, or improve pore interconnectivity.

Studies with degradable PUs have investigated the parameters involved in the TIPS 
process on the final scaffold properties achieved. Using a PU synthesized from HDI, 
PCL, and ISO, the use of dimethyl sulfoxide (DMSO) or N-methylpyrrolidone (NMP) 
as solvents resulted in scaffolds with a nonporous polymer layer that excluded non-
solvent from the bulk of the scaffold (DMSO) or a dense, irregular pore structure 
(NMP). The latter had low pore interconnectivity, as demonstrated by a high poros-
ity but low water permeability [46]. Dimethylformamide (DMF), however, resulted 
in larger, open, and interconnected pores. The use of a cosolvent with DMF, which 
leads to the formation of micropores in the walls of macropores due to liquid-induced 
phase separation, also influenced the scaffold properties, with tetrahydrofuran (THF) 
producing larger pores and greater pore interconnectivity than ethanol or isopropanol. 
While investigating the use of other processing parameters with TIPS using a PU 
(BDI, PCL, and putrescine) dissolved in DMSO, it was shown that pore size increased 
with an increase in quenching temperature (0 > −20 > −80 °C) and that porosity was 
higher when using a lower PU concentration (5% > 10% PU in DMSO) [84]. The 
freezing phase of TIPS can further be modified using a temperature gradient to achieve 
oriented pore structures [150].

3.7.2   Electrospun polyurethane scaffolds

Detailed descriptions of the theory and setup with electrospinning systems can be 
found in reviews by Pham et al., Bhardwaj et al., and Rutledge et al. [151–153]. A 
generic setup consists of a PU solution held in a syringe connected to a syringe pump, 
a high voltage source, and a collector [151]. The high voltage source is used to induce 
charge into the polymer solution, which is attracted toward the collector of opposite 
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polarity. As the polymer solution travels from the needle tip of the syringe to the 
collector, the solvent evaporates, resulting in the deposition of polymer micro- or 
nanoscale fibers.

Degradable PUs based on HDI, PCL, and chain extenders of either 2- aminoethanol 
(PEUU) or a diesterdiphenol derivative of tyrosine (PEU) were electrospun using 
different electrospinning parameters, and provided a case study for the importance 
of both polymer type and electrospinning parameters on the final formed scaffold 
[154]. Below certain concentrations (<30 wt% in dimethylacetamide (DMAc) and 
<20% in DMAc/acetone 60/40), electrospinning of these PUs results in only beads, 
while elevating the concentration results in a polymer solution too viscous to elec-
trospin [154]. In contrast, the use of 1,1,1,3,3,3-hexafluoroisopropanol (HFIP) as 
the electrospinning solvent generates uniform fibers with no beading at concentra-
tions greater than 20%. HFIP is considered a good solvent for the electrospinning 
of highly hydrogen bonded polymers, such as PUs, as the hydroxyl group interacts 
with hydrophilic hard segment domains through hydrogen bonding, while fluorine 
is able to interact with the hydrophobic soft segments, allowing for a well-dispersed 
polymer solution with reduced chain entanglements. The appropriateness of the sol-
vent was also dependent on the polymer type, since the PEU, but not PEUU which 
experiences greater hydrogen bonding, could be reliably electrospun with 50:50 
DMF:THF [154].

Modifications to the traditional electrospinning setup have also been reported 
to further customize PU scaffolds. Hybrid scaffolds have been achieved using a 
dual-syringe system where simultaneous electrospinning of PLGA and a PEUU is 
used to produce a scaffold with one polymer providing mechanical stability, and the 
other antibiotic release [155]. Wet electrospinning has also been reported, wherein 
during the electrospinning of a PEUU (based on PCL, BDI, and putrescine) cell cul-
ture medium was electrosprayed, resulting in the incorporation of biological factors 
that improved the ability of the formed scaffold to support cellular infiltration [83]. 
Reactive electrospinning, achieved by placing a UV source above the mandrel, can 
be used with PU formulations that are UV sensitive, such as Pellethane® modified 
with reactive pentenoyl groups [156]. Electrospinning can also perturb the surface 
distribution of chemical functional groups. While fluorinated components of PUs 
are typically reported to demonstrate significant surface segregation [157]. In the 
latter work Blit and colleagues introduced cell adhesive chemistries onto the surface 
of a degradable polycarbonate urethane via fluorinated surface carrier oligomers. 
However, others have reported that the electrospinning process results in perfluoro-
polyether components of a PU to aggregate in the electrospinning solution, which 
results in a minimized surface fluorine content due to the fluorinated segments being 
frozen in the fiber core during the rapid evaporation of solvent that occurs during 
electrospinning [158], thereby influencing the potential for surface degradation by 
chemically changing the surface.

Another modification involves removing the potentially cytotoxic solvent from the 
electrospinning equation in a process called melt electrospinning [159]. This process 
involves tight control of temperature, and for the case of a PU based on BDI, PCL, 
1,4-butanediamine (BDA), and BDO involved temperatures of 220–240 °C [160]. 
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While thermal degradation of PUs is generally not considered an issue for biomedi-
cal applications due to the range of temperatures expected, when processing degrad-
able polymers at high temperatures thermal degradation can occur, which can release 
toxic degradation by-products into the body, depending on the hard and soft segment 
components of the PU. In a study by Karchin et al. [160], degradable PUs made of 
PCL:LDI:BDA (1:2:1) underwent degradation, yielding weak and oxidized fibers fol-
lowing melt electrospinning, while a PU of PCL:BDI:BDO (1:4:3) could successfully 
be electrospun with good quality fibers.

3.7.3   Polyurethane nanoparticles

Several methods have been reported for the synthesis of PU NPs. Using a soft seg-
ment of PCL diol with either PLLA diol or polyethylene butylene adipate (PEBA) 
diol, hard segment of IPDI and DMPA, as well as triethylamine (TEA) and eth-
ylenediamine (EDA), NPs of <50 nm diameter were fabricated using a water-
borne procedure [161]. In this method, the soft segment components and IPDI 
are first reacted to form a prepolymer, after which DMPA is added with 0.27% 
methyl ethyl ketone. To neutralize the carboxylic acid groups of DMPA, TEA is 
added, followed by end-capping of the polymer with EDA in water under vig-
orous stirring to form the NPs (final stoichiometric ratio of IPDI:oligodiols: 
DMPA:EDA:TEA of 3.52:1.1:1.52:1).

The use of oil/water (O/W) emulsions has also been employed to fabricate PU 
NPs [162–165]. In this method, the diisocyanate (IPDI) is first dissolved in an oil/
surfactant mixture (90/10, saturated medium chain triglyceride/polysorbate 80 [poly-
oxyethylene 20-sorbitan monooleate]). Addition of the aqueous phase with PEG 400 
(diamine or diol) to the O/S mixture in dropwise fashion (to obtain 90% aqueous 
component) occurs under mechanical stirring to obtain nanoemulsions, followed by 
heating to 70 °C to allow polymerization and achieve PU or PU urea NPs, which can 
be isolated by ultracentrifugation [165]. This method works by having IPDI present in 
the core of oil nanodroplets in the O/W nanoemulsion, which react with the diols or 
diamines at the surface of the oil droplet, resulting in the formation of the NPs with a 
size distribution from 40 to 100 nm.

Core–shell PU NPs can also be prepared by appropriate choice of isocyanate 
[166]. Blocked amphiphilic prepolymers were prepared by Cheong et al., where the 
hydrophobic block is composed of IPDI–polytetramethylene adipate polyol (PTMA) 
and the hydrophilic block is MDI–DMPA. The resulting polymer is added drop-
wise to water under stirring, resulting in a core–shell structure with the  hydrophobic 
IPDI–PTMA in the core and hydrophilic MDI–DMPA in the shell (80–100 nm 
diameter) [166].

3.7.4   Effect of processing parameters on polyurethane 
biodegradation characteristics

While the chemistry of the PU itself is of critical importance in determining the 
biodegradability of the PU, the final form it takes can also alter its degradation 
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characteristics. Increasing the porosity of the scaffolds enhances cellular and tissue 
infiltration, but the greater surface area associated with the porous form may also 
increase the rate of degradation [167]. For some polymer scaffolds, the degradation 
rate has been shown to increase slowly with increases in porosity up until 80%, after 
which a sharp increase in degradation rate is seen [167]. Likewise, PCL nanofibers 
demonstrated an increase in degradation with decreasing electrospun fiber diameter 
due to the associated increase in surface area. Furthermore, the process of electrospin-
ning resulted in reduced surface hydrophilicity of PCL nanofibers, thereby generating  
decreased water uptake and thus reduced degradation versus other processing tech-
niques. This emphasizes the importance of processing parameters on surface chemis-
try that can ultimately influence degradation properties [168].

Nanocomposites involve the inclusion of NPs into otherwise familiarly pro-
cessed PUs, which can be in the form of films or electrospun or porous scaffolds. In 
addition to providing bioactivity to the PU material [169–173], inclusion of NPs in 
the polymer matrix can also alter the degradation characteristics. Nanocomposites 
involving the inclusion of a polyhedral oligomeric silsesquioxane (POSS) inte-
grated within a poly(carbonate–urea) urethane (POSS–PCU) resulted in shielding 
of the soft segment from oxidative and hydrolytic degradation [174]. The inclu-
sion of POSS in a poly(caprolactone/carbonate) urethane urea also allowed for a 
more controlled degradation rate, specifically demonstrating the ability to pro-
tect the mechanical properties of the polymer under hydrolytic degradation [175]. 
Gold and silver NPs have also been incorporated into PU materials to alter deg-
radation kinetics. The inclusion of gold NPs (30.2–113 ppm) in a polyether-type 
waterborne PU was shown to increase the biostability of the PU by acting as a free 
radical scavenger [176].

3.8   Monomers and oligomers used in degradable 
polyurethanes

The monomers and oligomers used in the design of degradable PUs are summarized 
in Table 3.2.

3.9   Summary

Block copolymeric/degradable PUs provide significant advantages over classical 
degradable polyesters because of their chemical diversity, which yields uniquely com-
patible materials with respect to the biological responses to implants, and provides the 
field with a versatile range of physical properties when compared to other classes of 
biomaterials. Their attributes will enable many practical solutions to medical devices 
that are currently not afforded by other contemporary biomaterials. Hopefully this 
review will inspire the exploration of new PU chemistries with respect to biological 
interactions.
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Table 3.2 Monomers and oligomers used in degradable PUs

Monomer Chemical structure Comment References

Polyisocyanate
MDI  •  Toxic aromatic diamine 

degradation products
[27,28,166]

BDI  •  Yields putrescine  
following degradation,  
a polyamine essential  
for cell growth

[35,82,84,120,135,160]

HDI  •  Diamines released on deg-
radation are toxic to human 
liver and kidney, though 
less toxic than aromatic 
diamines from MDI or TDI

[44,46–48,118,154]

LTI  •  Hydrolytic, esterolytic, 
and oxidative degradation

 •  Nontoxic degradation 
by-product (lysine)

[57,58]

HDIt  •  Hydrolytic, esterolytic, 
and oxidative degradation

 •  Slower in vivo degrada-
tion than LTI-based PUs

 •  Degradation releases 
cyanuric acid

[58,59]
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LDI  •  Nontoxic degradation 
by-product (lysine)

 •  Methyl ester provides 
steric hindrance of  
hydrolysis sites

[60,125,140,141,143,160]

IPDI  •  Lower toxicity than  
aromatic diisocyanates

 •  Reduced hydrolytic  
degradation vs.  
HDI-based PUs due to 
asymmetrical structure

[92,133,161,165,166]

DMPA  •  Hydrophilic, and thus 
expected to increase  
susceptibility to  
hydrolytic degradation

[134,161,166]

Soft segment

PEG  •  Most susceptible to  
oxidative degradation

 •  Can increase PU  
hydrophilicity, thus 
increasing hydrolytic  
degradation

[34,43,44,57,92,125, 
133,135,140,165]

PCL  •  Most susceptible to 
hydrolytic degradation

 •  Slow degrading, but faster 
than just hydrolysis due 
to autocatalytic bulk  
degradation from lower pH 
due to acidic degradation 
by-products

[34,43,44,46,47, 
82,84,92,115–118, 
120,125,133,143, 
154,160,161,168,174]

Continued
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PTMC  •  Has been shown to 
undergo surface  
degradation, which may 
allow for maintenance of 
mechanical properties for 
prolonged periods

 •  Slow degradation rate

[35]

PEO  •  Can be used to accelerate 
hydrolytic degradation 
due to high hydrophilicity

[35]

PPO  •  Less hydrophilic than 
PEO, thus maintains 
slower hydrolysis rate

[35]

GAE  •  High GAE content results 
in higher cross-link  
density, reducing enzy-
matic biodegradation rate

[48]

Polyester triol  •  Composition of the poly-
ester triol (ε-caprolactone, 
glycolide, lactide) can be 
modified to tailor  
degradation rate

[57,132]

Table 3.2 Continued

Monomer Chemical structure Comment References
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PTK diol  •  Stable under aqueous 
conditions, but  
selectively degraded 
through cell-generated 
ROS

[59]

PCN  •  More resistant to oxi-
dative degradation than 
PEU, but can be designed 
to be prone to hydrolytic 
degradation

[60]

l-Lactide  •  Releases acidic degrada-
tion by-products

 •  Most susceptible to  
hydrolytic degradation

[120,125]

PCLH macrodiol  •  Confers pH sensitivity
 •  Increases susceptibility to 

hydrolytic degradation
 •  Undergoes bulk  

degradation
 •  Hydrolysis rate inversely 

correlated to pH

[141]

PLLA diol  •  Most susceptible to  
hydrolytic degradation

 •  Acidic degradation 
by-products

[161]

Continued
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PEBA diol  •  Hydrophobic, and thus 
reduces susceptibility to 
hydrolytic degradation

[161]

Chain extender
Putrescine (BDA)  •  Important mediator of 

cell growth and differenti-
ation when released on  
degradation

[35,82,84,160]

HZ [92,133]

LDT  •  Can be used to bind  
targeting molecules to PU

[141]

BDO [120,134,141,160]

Table 3.2 Continued

Monomer Chemical structure Comment References
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HEMA  •  Confers cross-linking  
functionality to  
prepolymer

 •  Increases susceptibility to 
hydrolytic degradation

[60]

DTH  •  Nontoxic, noncarcino-
genic peptide degradation 
by-products

[44]

ISO  •  Provides enhanced 
biological activity, due to 
release of active agents 
on degradation that act as 
vasodilators and promote 
bone formation

[46,47,118]

Bis(2- 
mercaptoethyl) 
ether (MEE)

 •  Provides stability in 
aqueous medium, but 
susceptibility to oxida-
tive degradation from 
cell-generated ROS

 •  Limited in vitro  
cytotoxicity

 •  Minimal host  
inflammatory response

 •  Thiourea more  
susceptible to hydrolysis 
than urethane

[46,47,59]

Continued
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DEAE [135,140]

TDD  •  Potential to increase cell 
viability and morphology

[46,47]

Arg-x-Cl  •  Increased susceptibility to 
hydrolytic and enzymatic 
degradation due to  
presence of alkylene 
diester content

[48]

Table 3.2 Continued

Monomer Chemical structure Comment References
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Diamine peptide–
Ala–Ala–Lys

 •  Introduces sensitivity to 
degradation mediated by 
elastase

[45]

m-PEG-Hyd  •  Hydrazine bonds provide 
pH-sensitive degradation 
to target tumor environ-
ments (>degradation at 
low pH)

[141,143]

Cys-PA  •  Redox-sensitive disulfide 
bond, allows for triggered 
release of payloads due to 
intracellular glutathione

 •  Nontoxic amino acid  
(cysteine) by-product

[143]

DHDS  •  Disulfide bond allows for 
synthesis of reduction- 
sensitive PUs

[144]

2-Amino ethanol  •  Introduces both urea and 
urethane bonds, which 
have different sensitivities 
to hydrolytic degradation 
(urea > urethane)

[154]

Continued
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Diester diphenol 
derivative of 
tyrosine

 •  Nontoxic amino acid  
tyrosine released on  
degradation

[154]

4-Pentenoyl 
chloride

 •  UV-mediated cross- 
linking

 •  Increased cross-linking 
expected to decrease  
degradation rate

[156]

TEA [161]

EDA [161]

PTMA  •  Provides hydrophobic 
character to PU

 •  Introduces hydrolyzable 
ester linkages

[166]

Table 3.2 Continued

Monomer Chemical structure Comment References
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Other

POSS  •  Shields soft segment 
of polyurethanes from 
oxidation and hydrolysis

[174]

MAA  •  Increasing MAA content 
increases polymer 
swelling, which may 
yield greater hydrolytic 
sensitivity

[60]

MMA [60]
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4.1   Introduction

Urethane/urea chemistry refers to both isocyanate-based and nonisocyanate-based reac-
tions that form urethane (dHNCOOd) or urea (dHNCONHd) bonds. The reactions 
between isocyanate groups and hydroxyl (to form urethane bonds, Figure 4.1(a)) or 
amino (to form urea bonds, Figure 4.1(d)) groups [1–3] are the most commonly found. 
Nonisocyanate-based urethane reactions include the reactions between cyclic carbonates 
or activated carbonate/carbamate/chloroformate derivative groups and amine groups 
(Figure 4.1(b) and (c)) [4–6]. The latter were often used as coupling reactions between 
hydroxyl and amino groups [5,7–9]. The polyaddition reaction between polyisocya-
nates and polyols is often used to make polyurethanes (PUs) [1–3], the generic term 
which represents the most versatile family of synthetic polymers containing repeating 
urethane (dHNCOOd) linkages in the polymer chains. Polyols used for PUs can be 
small molecules or macromolecules, biodegradable polyesters or nondegradable poly-
ethers, or other polymers with two or more terminal or pendent hydroxyl groups [1–3].

Segments of polyisocyanates can be aliphatic or aromatic, di-, tri-, or multifunc-
tional, pure carbon chains or containing some biodegradable ester bonds [1–3,10]. A 
variety of polyols and polyisocyanates make PUs a class of polymers that can display 
thermoplastic, elastomeric, and thermoset behavior depending on their chemical and 
morphological characteristics [2]. The unsurpassed physical and chemical properties, 
along with their biocompatibility, have led to their use in a wide range of biomedi-
cal applications, including external applications as catheters, padding and bedding 
[1,3,11,12], cardiovascular applications [1,3,11,13–16], nerve guides [1,3,11,14,17], 
bone tissue engineered substrates [14,18], artificial organs [12], tissue replacement 
and augmentation, breast implantation, and wound dressings and adhesives [11,19,20].

Traditional and most commonly used PUs are linear multiblock polymers made by the 
polyaddition reaction between diols and diisocyanates. Diols can be polyesters, polyethers, 
other polymers with two terminal hydroxyl groups, or small molecular diols and their 
mixtures. Diisocyanates can be aliphatic, such as 1,6-hexamethylene diisocyanate (HDI) 
and isophorone diisocyanate (IPDI), or aromatic, such as toluene diisocyanate [2]. Using 
different types of diols and diisocyanates, various thermoplastic, elastic, or thermoset  
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PUs have been developed and thoroughly investigated for various industrial and  
biomedical applications [1–3]. By alternately connecting soft and hard segments together 
through urethane bonds, assorted PUs, such as poly(ε-caprolactone) (PCL) containing 
block PUs [21], polylactide (PLA)-based PUs [22], and poly(ε-caprolactone-co-lactide 
acid) (PCLA)-based PUs [23], were prepared with useful shape-memory properties.

Since the synthesis and applications of traditional biodegradable PUs have been 
thoroughly reviewed by many other researchers, we will particularly analyze the  
biomedical applications of urethane/urea chemistry from a different view in this chapter. 
We will focus on the development of novel PUs, such as citrate-based urethane-doped 
polyesters, including cross-linked urethane-doped polyester elastomers (CUPE) [13,16], 
clickable CUPE (CUPE-click) [24], urethane-doped biodegradable photoluminescent 
polymers (UBPLPs) [15], photo-cross-linkable CUPE [25], and biodegradable citrate-
based waterborne PUs and their clickable counterparts. In addition, their applications in 
cardiovascular and orthopedic applications, nerve regeneration, and drug delivery will 
be reviewed. We will also expand our discussion to nonisocyanate-based urethane reac-
tions and nontraditional applications of isocyanate- and nonisocyanate-based urethane/
urea chemistry in polymer synthesis, surface functionalization, polymer grafting, poly-
mer cross-linking, peptide, protein, and deoxyribonucleic acid (DNA) bioconjugations.

4.2   Citrate-based urethane-doped polyesters

Different from traditional PUs designed for long-term implantation applications, PUs 
used for soft tissue engineering (e.g., cardiac, bone tissue, and neural engineering) and 
drug delivery should be able to decompose to nontoxic degradation products in vivo. 
One of the most common methods to synthesize biodegradable PUs is to incorporate 
biodegradable polyester macrodiol soft segments that hydrolyze in vitro and in vivo, 
such as PLA, poly(lactide-co-glycolide) (PLGA), and PCL.

(a)

(b)

(c)

(d)
Figure 4.1 Representative urethane/urea chemistry reactions: (a) between isocyanate 
and hydroxyl groups (to form a urethane bond); (b) between a cyclic carbonate; activated 
 carbonate, carbamate, or chloroformate derivative group and amino group (c); between 
 isocyanate and amino groups (to form a urea bond) (d).
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Polyester is a group of polymers that contain the ester functional group in their 
chain. Esters are chemical compounds derived from a carboxylic acid and a hydroxyl 
compound, usually an alcohol. Most esters are considered biocompatible since they 
are endogenous to the human metabolism and able to break down to natural metabolic 
products by simple hydrolysis. Elastomers composed of aliphatic polyester chains 
cross-linked with each other by ester bonds, such as poly(diol citrates) and poly(glyc-
erol sebacate) (PGS), have received much attention because they are soft, elastic, and 
biocompatible [26,27]. Yang et al. synthesized the first citrate-based biodegradable 
elastomer (CABE), poly(diol citrates), in 2004 using a convenient and cost-effective 
polycondensation reaction [26,28].

A key feature of CABEs is that citric acid serves as a robust multifunctional mono-
mer in prepolymer formation through a simple polycondensation reaction while 
preserving pendant functionality for postpolymerization to produce a cross-linked 
polyester network with degradable ester bonds [29]. Citric acid is a nontoxic meta-
bolic product of the Krebs cycle and has been used in Food and Drug Administra-
tion (FDA)-approved products or devices. Citric acid prevents blood clotting so it can 
function as an anticoagulant for blood specimens. In biomaterials, citric acid is mainly 
used to participate in the ester cross-link formation, but also enhances hemocompat-
ibility, balances the hydrophobicity of the polymer network, and provides hydrogen 
bonding and additional binding sites for bioconjugation to confer an additional func-
tionality such as optical properties. The pendant functionality gives the CABEs their 
unique degradation, mechanical, and optical properties over existing biomaterials.

However, traditional polyester elastomers lack mechanical compatibility with sur-
rounding living tissues and the strategy for increasing cross-link density to improve 
their mechanical properties often makes them lose their flexibility. Although these 
polyester elastomer scaffolds have been proposed for tissue engineering of nerve tis-
sues [30–32] and small diameter blood vessels [33], they are weak and unsuitable for 
engineering tissues such as ligaments, which require high tensile strength and load 
bearing ability. For example, the human anterior cruciate ligament has an ultimate 
tensile strength of at least 38 MPa [34], which is much higher than that of poly(diol 
citrates) (up to 11.15 ± 2.62 MPa). Sufficient mechanical strength is also desired for 
an ideal tissue-engineering scaffold especially during surgical handling following ini-
tial cell seeding. Maintaining proper mechanical strength becomes even harder when 
using elastomers for porous scaffolds. Polymers used for tissue engineering tend to 
lose a significant amount of mechanical strength when fabricated into porous scaf-
folds. For example, poly(diol citrate) underwent a significant loss in peak stress from 
2.93 ± 0.09 MPa (film) to 0.3 ± 0.1 (scaffold) on pore introduction [33].

Thus, recent effort in biodegradable elastomer designs has focused primarily on develop-
ing a soft, strong, and completely elastic (100% recovery from deformation) material with 
balanced, tunable biodegradability and mechanical properties. For a decade, multifunc-
tional CABEs with tunable mechanical and degradation properties for tissue engineering, 
drug delivery, bioimaging, and other applications have been developed [17]. The resulting 
materials have shown a wide range of mechanical properties, degradation profiles, and sur-
face energies, which are all important in controlling the biological response to an implant. 
Recently, a new class of biodegradable elastomers, cross-linked urethane-doped polyesters 
(CUPEs), has been developed by doping urethane bonds in the poly(diol citrate) polyester 
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network [16]. CUPEs fuse the advantages of a fully elastic cross-linked polyester 
network with the high strength of linear PUs so they are soft and elastic with improved 
mechanical strength, which make them highly suitable for soft tissue-engineering applica-
tions. Briefly, the rationale behind CUPE synthesis was: (1) cross-linking confers excellent 
elasticity of CUPEs; (2) ester bonds confer degradability of CUPEs, all the cross-links of 
the polymer’s network consist of ester bonds to ensure a degradable cross-linked poly-
mer network; (3) introduction of urethane bonds into the polyester chains between ester 
cross-links enhances the hydrogen bonding within the polyester network, thus significantly 
improving the mechanical strength of the CUPE network. The first CUPE prepoly-
mers were synthesized in two steps similar to previously published methods as shown in  
Figure 4.2 [16]. The first step involves the synthesis of a POC (poly(1,8-octanediol citrate)) 
prepolymer, which is chain-extended by 1,6-hexamethylene diisocyanate (HDI) in the sec-
ond PU synthesis step. Briefly, a POC prepolymer was first synthesized by reacting a 1:1.1 
monomer ratio of citric acid to 1,8-octanediol [35].

The purified POC prepolymer was then lyophilized for the next step of chain 
extension. In the second step, chain extension was achieved by dissolving pre-POC in 
1,4-dioxane (3 wt%) and allowing it to react with HDI using stannous octoate as a cat-
alyst (0.1 wt%). The reaction was terminated on the disappearance of the isocyanate 
peak located at 2267 cm−1, which was determined by Fourier transform infrared (FT-
IR) analysis. HDI was chosen here as a chain extender as it has previously been used 
in the synthesis of various biodegradable PUs [36–41]. To obtain cross-linked CUPE, 
the material was postpolymerized in an oven at 80 °C for predetermined durations 
(0.5, 1, 2, 3 days). Free carboxylic acids and hydroxyl groups available on CUPEs  
allow for further biofunctionalization.

Subsequently, the physical and biological properties of CUPE both in vitro and 
in vivo [16] have been examined. The tensile strength of CUPE was as high as 
41.07 ± 6.85 MPa while still maintaining over 200% elongation at break [16]. The ini-
tial modulus ranged from 4.14 ± 1.71 to 38.35 ± 4.5 MPa. It is important to note that 
a simple chemical modification to the previous polyester network, poly(diol citrate) 
resulted in over a 10-fold increase in mechanical strength [42]. Mechanical properties 
are known to be involved with different material and process parameters such as the 
(1) choice of diol, (2) choice of isocyanate and its molar ratio used during synthesis, 
and (3) postpolymerization conditions. Consequently, these parameters can be used to 
modulate the material properties of CUPEs, which ultimately affect their biological 
performance in vitro and in vivo.

Higher tensile strength of CUPE was obtained by increasing the amount of iso-
cyanate, polymerization time, or temperature used during the synthesis. Various 
CUPE prepolymers were synthesized using different molar feeding ratios of the pre-
POC:HDI (1:0.6, 1:0.9, 1:1.2 M ratio) to evaluate the influence of HDI on CUPEs. 
The properties of CUPE polymers can also be controlled by varying the diol content. 
Various diols can be used to control the material performance and create a family of 
elastomers with their diols varied in their methylene content. Dey et al. conducted a 
detailed investigation on the development of CUPE polymers synthesized using diols 
with 4, 6, 8, 10, or 12 methylene units in an attempt to elucidate the influence of 
the diol component on the physical properties of the resulting material and assessing 
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their long-term biological performance in vivo [43]. They prepared CUPE polymers 
using diols with different numbers of carbon atoms, while maintaining the constant 
ratio 1:1.2 of the soft segment prepolymer/diisocyanate. Along with the diol content, 
polymerization times were varied from 1 to 4 days. It was found that increasing the 
diol length leads to a lower cross-linking density, higher hydrophobicity, higher tensile 
strength and elasticity, and slower polymer degradation.

Initial contact angles of the CUPE prepolymer films were affected by the diol used 
during the synthesis. Incorporating polyethylene glycol (PEG) into the diol segment of 
the polymer chain increased the hydrophilicity, thus reducing the initial contact angle. 
CUPE films made with 1,8-octanediol were more hydrophobic with an average contact 
angle of 94.20 ± 2.87°. Meanwhile, HDI played a negligible role in affecting the initial 
contact angles of CUPE films. It is likely due to the fact that the urethane-bonded seg-
ment formed a small portion of the polyester chain and did not significantly influence 
the wettability of the material.

By controlling the temperature and time of postpolymerization, the elastomer’s 
mechanical properties and degradation rate can be tuned to fit a wide range of 
 tissue-engineering applications. An increase in postpolymerization temperature and 
time resulted in a network with increased mechanical properties due to the increased 
cross-linking density. The introduction of CUPEs presents new avenues to meet the 
versatile requirements for tissue engineering and other biomedical applications.

CUPEs demonstrated good in vitro and in vivo biocompatibility. Hemocompatibility 
studies indicated that CUPE adhered and activated a lower number of platelets compared 
to poly(l-lactic acid) (PLLA) [16]. In addition to biocompatibility, CUPEs facilitate 
processing of the materials into highly porous structures compared to other poly(diol 
citrates); the higher molecular weights and nonsticky nature of the CUPE prepolymers 
allow the use of fabrication techniques such as thermally induced phase separation 
(TIPS) technique and electrospinning. Soft and elastic CUPE three-dimensional porous 
sheets (150 μm thick) fabricated from a simple TIPS allowed for even seeding, growth, 
and distribution of 3T3 fibroblasts. Good mechanical properties, processibility, and bio-
compatibility make CUPE materials well suited for soft tissue-engineering applications.

4.2.1   Photo-cross-linkable citrate-based urethane-doped 
polyesters

Photo-cross-linkable biomaterials can be of interest in biomedical applications (i.e., 
as they may allow in situ polymerization directly in or on tissues). They may provide 
advantages including localized drug delivery for site-specific action, ease of applica-
tion, and a reduction in the dosage amount. A citrate-based photo-cross-linked bio-
degradable elastomer was developed, poly(octamethylene maleate citrate) (POMC), 
derived from the previously reported POC material [44]. POMC preserves pendant 
hydroxyl and carboxylic functionalities even after cross-linking, keeping both avail-
able for potential conjugation of biologically active molecules.

POMC films promoted the adhesion and proliferation of human aortic smooth mus-
cle cells and NIH-3T3 fibroblast cell lines and demonstrated minimal inflammatory 
response when subcutaneously implanted in Sprague–Dawley rats. The success in 
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designing POMC prompted the development of another novel photo-cross-linkable 
urethane-doped polyester elastomer (CUPOMC) by reacting POMC prepolymers with 
HDI followed by thermo- or photopolymerization [25].

The synthesis of CUPOMCs was carried out in the following three steps  
(Figure 4.3). The monomers, citric acid and 1,8-octanediol, and maleic acid underwent 
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Figure 4.3 Schematic diagram for the synthesis of CUPOMC.
Reprinted with permission from Ref. [25]. Copyright © 2011, ICI Global.
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polycondensation to yield hydroxyl group capped pre-POMC in step 1. In step 2, 
1,6-hexamethylene diisocyanate (HDI) was used to extend the pre-POMC chain. In 
step 3, pre-CUPOMC was thermo- and/or UV-cross-linked to obtain the CUPOMC 
network. Similar to CUPEs, mechanical properties of the CUPOMCs can be tuned by 
varying the molar ratios of pre-POMC monomers and the prepolymer:HDI ratios. The 
mechanical strength and elongation at break of the CUPOMCs range from 0.73 ± 0.12 
to 10.91 ± 0.64 MPa and from 72.91 ± 9.09% to 300.41 ± 21.99%, respectively.

The results suggest that doping urethane bonds in photo-cross-linkable POMCs 
to make CUPOMCs did not compromise the elasticity, thus making CUPOMCs a 
candidate for soft tissue engineering. CUPOMCs can be cross-linked into a three- 
dimensional network via either polycondensation or UV polymerization. Using thermal 
polymerization, a highly interconnected porous CUPOMC structure was built (Figure 
4.4). Tensile tests on the pre-CUPOMC scaffolds confirmed the elastic property of the 
material (Young’s modulus, 0.09 ± 0.01 MPa; elongation at break, 192.44 ± 24.76%).

4.2.2   Urethane-doped biodegradable photoluminescent 
polymers

CABEs have demonstrated excellent biocompatibility in vivo animal studies [16–
18,43]. Although it is recognized that the scaffold degradation rate should match the 
rate of new tissue formation [45], biomaterial designs to control the in vivo scaffold 
degradation rate remain empirical due to the lack of in vivo quantitative validation. 
Histological analysis is commonly used for probing such processes, but it is an end-
point measurement and requires sacrifice of an animal for each time point [46]. It is 
imperative to find an in situ real-time method to facilitate tracking or monitoring tis-
sue regeneration and scaffold degradation processes without sacrificing animals. This 
issue has been rarely addressed previously.

To meet this unmet need in regenerative tissue engineering, a breakthrough was 
recently made in developing soft and elastic biodegradable photoluminescent poly-
mers (BPLPs) with tunable and in vivo detectable fluorescence with emission from 

(a) (b)

Figure 4.4 SEM images of (a) the surface and (b) cross-section of a 
CUPOMC-0.2–0.8–1.1–1.0 scaffold thermally cross-linked at 80 °C for 1 day.
Reprinted with permission from Ref. [25]. Copyright © 2011, ICI Global.
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blue to near infrared (up to 725 nm) that can function as a noninvasive, real-time 
imaging probe to monitor the scaffold degradation and tissue infiltration/formation 
by measuring the fluorescence decay over time in vivo [15,47,48]. It is notable that 
BPLPs’ tunable fluorescence emission results by the use of different natural amino 
acid residues. For example, BPLP-serine (BPLP-Ser) emits strong red fluorescence.

Although BPLPs are attractive materials for tissue engineering and drug deliv-
ery, the tensile strength of BPLPs is 6.5 ± 0.8 MPa, which is not sufficient for certain 
tissue-engineering applications (e.g., vasculature grafts). To address the above chal-
lenges, UBPLPs were synthesized [15]. As shown in Figure 4.5(a), BPLPs were first 
synthesized via condensation polymerization of 1.0:1.1:0.2 monomer ratios of citric 
acid, 1,8-octanediol, and l-cysteine, respectively. Next, the BPLP prepolymer (3 w/v% 
in 1,4-dioxane) was chain-extended at 55 °C with HDI to obtain UBPLP using stan-
nous octoate as a catalyst. The reaction was terminated on the disappearance of the 
isocyanate peak located at 2267 cm−1, determined by FT-IR analysis. The resulting 
UBPLP was cross-linked in an oven maintained at 80 °C for predetermined periods to 
obtain cross-linked urethane-doped BPLP or CUBPLP.

Mechanical properties of UBPLPs were manipulated by (1) postpolymeriza-
tion conditions, (2) feeding ratio of diisocyanates, and (3) choice of amino acids. A 
dramatic improvement was made by doping with urethane bonds (tensile strength, 
49.41 ± 6.17 MPa; elongation at break, 456.60 ± 62.49%) from the previously reported 
mechanical strength of cross-linked BPLP (tensile strengths, 6.50 ± 0.80 MPa; elonga-
tion, 240 ± 36%) [47]. UBPLPs synthesized with different amino acids retained their flu-
orescent properties. This confirms that the fluorophores of BPLPs remained intact during 
the synthesis of UBPLPs, although the chain extension of BPLPs caused some loss of 
fluorescence intensity after urethane bond doping, due to the increased average number 
of fluorophores per polymer chain. Degradation properties can also be modulated by 
varying the feeding ratios of diisocyanate to prepolymers and the choice of amino acids.

The potential of using UBPLPs as an organic dye-free theranostic system has been 
evaluated. Using a nanoprecipitation technique, UBPLP-Ser 1.2 was able to form 
nanoparticles in PBS (Figure 4.5(b)). Nanoparticles have a spherical shape with an 
average diameter of 103 nm. The cytocompatibility of UBPLP nanoparticles was 
also found to be significantly higher than quantum dots at all dilutions and compa-
rable to PLGA nanoparticles at 2, 10, and 50X dilutions. Tubular triphasic scaffolds 
made of CUBPLP-Cys and CUBPLP-Ser 1.2 were subcutaneously implanted in the 
back of black mice for in vivo fluorescence imaging (Figure 4.5(d)). Fluorescence 
was detected with a concentration of the UBPLP-Ser 1.2 at 5 mg/mL (Figure 4.5(e)). 
UBPLPs present new avenues for noninvasive and real-time assays to advance the 
fields of tissue engineering and drug delivery.

4.2.3   Click chemistry to enhance citrate-based urethane-doped 
polyesters

Click chemistry represents a rapid, selective, and high-yielding bioorthogonal reac-
tion that is also capable of immobilizing materials on cell surfaces [49,50]. To further 
expand click chemistry-based elastomers, Guo et al. introduced click chemistry into 
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Figure 4.5 (a) Synthesis of UBPLP polymers; (b) TEM images of UBPLP-Ser 1.2 
 nanoparticles. Inset image was captured under higher magnification showing evenly  dispersed 
nanoparticles; (c) cytotoxicity evaluation of BPLP and UBPLP nanoparticle solutions at 
different dilutions. PLGA nanoparticles as a control; (d) combined fluorescence images of 
CUBPLP-Cys and CUBPLP-Ser triphasic scaffolds implanted in a black mouse;  
(e) in vivo fluorescence images of UBPLP-Ser nanoparticles at various concentrations injected 
 subcutaneously in the back of a black mouse.
Reprinted with permission from Ref. [15]. Copyright © 2013, Elsevier Ltd.
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CABEs as a strategy to both improve mechanical properties and enable facile surface 
site-specific bioconjugation [24].

Azide and alkyne groups were introduced to POC prepolymers to synthesize pre-
POC-N3 and pre-POC-Al, respectively (Figure 4.6(a)). Pre-POC-N3 and pre-POC-Al 
were cross-linked via a thermal synchronous binary (TSB) cross-linking mechanism to 
make POC-clicks (Figure 4.6(b)). In the TSB cross-linking, thermal click reaction between 
azide groups and alkyne groups and esterification between –COOH and –OH groups took 
place simultaneously to form TSB cross-linked POC-click polymers. The introduction of 
click chemistry into POCs improved their mechanical properties significantly. For exam-
ple, the wet mechanical strength of POC-click was stronger than that of CUPE [16].

Cross-linked urethane-doped polyester clickable prepolymer (UPE-click) was 
synthesized by chain-extending pre-POC-click macromolecules (pre-POC-N3 and 
pre-POC-Al) with HDI as a chain extender using the weight ratio 1:0.22 of pre-POC-
click:HDI followed by TSB cross-linking. The TSB cross-linked polymer (CUPE-
click) showed significantly enhanced mechanical strength compared to normal CUPE. 
As shown in Figure 4.6(c) and (d), click chemistry also fortified the mechanical 
strength of CUPE and CBPLP materials after chemical modification with azide and 
alkyne groups and TSB cross-linking.

The residual azide groups on the surface of click materials can be sites for conve-
nient and efficient bioconjugation. As an example, collagen mimetic peptide p15 was 
conjugated onto the surface of POC-click-3 films by strain-promoted azide–alkyne 
cycloaddition (SPAAC) and the viability and proliferation of human umbilical vein 
endothelial cells (HUVECs) on POC-click-3-p15 films were investigated. Based on 
the methylthiazolyldiphenyl-tetrazolium bromide (MTT) results, HUVEC prolifera-
tion on POC-click-3-p15 films was much faster than that on untreated POC-click-3 
films. The HUVEC cell density on POC-click-3 films was nearly twice that of the 
control POC-click-3 films. The results suggest that the same SPAAC method can be 
utilized for conjugating CUPE-click materials with such biomolecules for various bio-
medical applications.

The triazole rings formed by click reactions were recently found to possess anti-
microbial properties. The large dipole moment of triazole modulates N-2 and N-3 
nitrogen atoms present in the triazole ring as good H-bond acceptors [51]. The 
 hydrogen-bonded triazole acts as a biologically active site that protects the material 
from bacterial and fungal attacks. The antimicrobial property of triazoles is expected 
to make CUPE-click more promising for future applications in tissue engineering.

4.2.4   Applications

4.2.4.1   Vascular grafts

To demonstrate the feasibility of using CUPEs as a tissue engineered vascular graft 
(TENG), Dey et al. developed biphasic CUPE scaffolds prepared as previously 
reported [33]. The nonporous phase was created by dip coating a glass rod (outer 
diameter 3 mm) in a 3 w/w% CUPE0.9 in 1,4-dioxane. The prepolymer coated glass 
rods were air-dried and cross-linked for 12 h in an oven at 80 °C. The porous phase 
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Figure 4.6 (a) Synthesis of functional POC prepolymers: POC-N3 and POC-Al; (b) cartoon 
illustration of a new class of citrate-based biodegradable clickable elastomers (CABEs) with 
greatly improved mechanical strength and easily clickable surface for biofunctionalization; 
(c) mechanical properties of cBPLP-Ser, cBPLP-Ser-N3, cBPLP-Ser-Al, and cBPLP-click 
(cBPLP-Ser-N3, Al) polymers; (d) mechanical properties of CUPE, CUPE-N3, CUPE-Al, and 
CUPE-click (CUPE-N3, Al) polymers. The polymers used in (c) and (d) were cross-linked at 
100 °C for 3 days.
Reprinted with permission from Ref. [24]. Copyright © 2014, Wiley-VCH Verlag GmbH & 
Co. KGaA, Weinheim.
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consists of a 3 w/w% solution of CUPE0.9 in 1,4-dioxane mixed with salt particles 
(150–250 μm) in a 1:9 ratio by weight. The biphasic scaffolds were prepared by (1) 
casting the slurry into tubular poly(tetrafluorethylene) molds (inner diameter 6 mm), or 
by (2) inserting the partially polymerized nonporous phase, consisting of the glass rod 
with the prepolymer coats, concentrically into the mold. Purely porous salt-leached 
scaffolds were used as controls.

The prepared CUPE material was evaluated for its mechanical properties (tensile 
strength, burst pressure, and suture retention) and hemocompatibility as a poten-
tial blood-contacting vascular graft material. The tensile strength of CUPE biphasic 
scaffolds (5.02 ± 0.70 MPa) was greater than that of native vessels (1.43 ± 0.60 MPa). 
CUPE scaffolds showed tunable burst pressure between 1500 and 2600 mm Hg and 
their suture retention values were 2.45 ± 0.23 N. CUPE scaffolds exhibited mechan-
ical properties similar to those of native veins and arteries. Hemocompatibility of 
CUPE in vitro was evaluated by assessing blood clotting characteristics, leukocyte 
activation, inflammatory cytokine release, and red blood cell hemolysis. The results 
showed that CUPE is less prone to thrombosis and inflammation, compared to PLLA. 
CUPE also behaved similarly to PLLA in terms of leukocyte activation. Suitable 
mechanical properties combined with a reduced tendency to cause thrombosis make 
CUPE a promising material for implantation in in vivo vascular  tissue-engineering 
applications.

4.2.4.2   Bone tissue engineering applications

In the field of bone tissue engineering, it is highly desirable to design mechanically 
strong and osteoconductive scaffold materials for orthopedic applications. A class of 
citrate-based polymer blends (CBPBs) with hydroxyapatite (HA) (CBPBHAs) was 
developed for bone regeneration [18]. Citrate makes up about 5 wt% of the organic 
component in bone, and is responsible for regulating and stabilizing apatite nanocrys-
tals. Additionally, a study has shown that citrate has an innate ability to induce the HA 
formation in simulated body fluid (SBF) [52]. It was hypothesized that the mechani-
cally strong CUPE material increased the strength of the resulting material to meet the 
load-bearing requirements of orthopedic devices. In addition, the introduction of an 
optimal percentage of carboxyl-rich POC into the CUPE network helps the polymer/
HA interactions to better mimic the inorganic composition of bone.

For these reasons, HA was used in CSPBs to better replicate the natural bone citrate 
and inorganic mineral content to produce a more biomimetic material and to enhance 
bone formation (Figure 4.7(a)).

CBPBHA composites were fabricated in three steps. First, a mixture of CUPE 
and POC prepolymers was prepared by dissolving POC prepolymer in 1,4-dioxane 
and mixing with various weight ratios of CUPE prepolymer to form a homogeneous 
CSPB. In the second step, various CBPBs were mixed with 65 wt% HA and stirred 
in Teflon dishes, which were prewarmed to 50 °C to help solvent evaporation, until a 
homogeneous mixture was formed. Following solvent evaporation, the mixture was 
inserted into machined cylindrical metal molds and compressed into rod-shaped sam-
ples. In the final step, the resulting cylindrical composites were postpolymerized for 
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1 day to form a cross-linked CBPBHA-X composite (where X denotes the weight ratio 
of CUPE in CBPB).

The CBPBHA composite material possesses a compressive strength of 116.23 ±  
5.37 MPa, comparable to human cortical bone (100–230 MPa). In vitro mineral-
ization of CBPBHA composites was assessed in SBF. CBPBHA exhibited a rapid  
mineralization in SBF and showed promising osteoconductivity results (Figure 
4.7(b)). As shown in Figure 4.7(c) and (d), it also increased osterix gene (obsteo-
blast-specific transcription factor required for osteoblast differentiation and bone  
formation) and alkaline phosphatase (an early osteoblast differentiation gene marker 
for bone formation) gene expression in C2C12 (a typical pluripotent mesenchymal 
cell line) cells. The role of soluble citrate was also investigated to show that exogenous 
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Reprinted with permission from Ref. [18]. Copyright © 2014, Wiley Periodicals, Inc.
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citrate supplemented into cell media improved the in vitro phenotype progression 
of MG-63 (a Homo sapien bone osteosarcoma) osteoblasts. CBPBHA composites 
induced minimal fibrous tissue encapsulation and were well integrated with the  
surrounding tissues after 6 weeks of implantation in a rabbit lateral femoral condyle 
defect model. This study highlighted the role of citrate molecules that had previously 
been overlooked.

4.2.4.3   Nerve applications

To demonstrate the applicability of using our soft, elastic, and biodegradable CUPE 
for nerve tissue engineering, TENGs for peripheral nerve regeneration were designed 
[17]. Porous, suturable, and multichanneled CUPE TENGs were fabricated using 
microengineering approaches and particulate leaching (Figure 4.8). Elastic CUPE 
TENGs showed an ultimate peak stress of 1.38 ± 0.22 MPa and a corresponding elon-
gation at break of 122.76 ± 42.71%, which were comparable to those of native nerve 
tissue. Our CUPE TENGs were successfully implanted to repair a 1 cm sciatic nerve 
defect. They showed comparable performance with nerve autografts and outperformed 
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Figure 4.8 (a) Multidirectional bend without kinks to show soft and elastic nature of CUPE 
materials; (b) scanning electron microscope images of porous and elastic multichannel CUPE 
TENG with five channels; (c) surgical image of a rat with the implantation of CUPE scaffold; 
(d) microscopic images of a semithin cross-sections of tissue explants stained with H&E  
(top row) and toluidine blue (bottom row).
Reprinted with permission from Ref. [17] Copyright ©2014, Wiley Periodicals, Inc.
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PCL hollow tubes in terms of fiber population and densities 8 weeks after their implan-
tation. The elastic and biomimetic CUPE TENGs could serve as off-the-shelf nerve 
conduits for peripheral nerve regeneration.

4.3   Waterborne polyurethane biomaterials
4.3.1   Waterborne polyurethane technology

Traditional solvent-based PUs have long established the standard for high performance 
systems. However, due to high levels of volatile organic compounds (VOCs) in 
 solvent-based PUs, serious concerns have emerged about environmental and applica-
tion safety in the use of typical solvent-based PUs [53]. Waterborne PU technology 
uses water as the primary dispersion solvent. The resultant waterborne PU materials 
have many advantages: (1) zero or very low levels of VOCs (environmentally friendly), 
(2) absence of isocyanate residues (nontoxic), and (3) good applicability, versatility, 
and a wide range of superior properties, such as abrasion resistance, impact strength, 
and low temperature flexibility. As such, waterborne PUs have rapidly become import-
ant materials used in diverse applications [54].

An aqueous waterborne PU dispersion is a binary colloid system in which PU 
particles range in size from 0.01 to 5.0 μm [55]. The effective method for making 
PU dispersible in water is to introduce ionic and/or nonionic hydrophilic moieties 
into its backbone structure. The most important and practical type of waterborne 
PU is the anionic type. This type of waterborne PU possesses pendant ionized 
carboxylic acid groups [56]. Anionic waterborne PUs with carboxylic acid groups 
can be synthesized by a four-step process, which is schematically presented in 
Figure 4.9.

In the first step, macromonomer diisocyanate is prepared by reacting excess diisocy-
anate with a long-chain polyol and/or low-molecular-weight glycol. Then, carboxylic 
acid-containing macromonomer diisocyanate is prepared through the hydrophiliza-
tion of macromonomer diisocyanate in a second step, where bis-hydroxycarboxylic 
acid, such as dimethylolpropionic acid (DMPA), is incorporated into the backbone of 
macromonomer diisocyanate. The next step involves the neutralization of carboxylic 
acid with tertiary amine. Finally, the anionic PU prepolymer is vigorously sheared and 
stirred in water with diamine. Chain extension in water causes the residual isocyanate 
groups to transform into urea linkages resulting in an anionic PU that is stably dis-
persed in water.

4.3.2   Design and synthesis of waterborne polyurethane 
biomaterials

Most conventional waterborne PUs derived from petroleum resources are not biore-
newable or biodegradable. The most common method to obtain biorenewable and/or 
biodegradable waterborne PU is to incorporate bio-based and/or biodegradable com-
ponents into a waterborne PU backbone during polymer synthesis.
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4.3.2.1   Introduction of bio-based materials into waterborne 
polyurethanes

Vegetable oils are widely used bio-based renewable resources due to their low toxicity, 
inherent biodegradability, ready availability, and relatively low price. As such, a great 
deal of effort has been made to develop waterborne PUs from vegetable oils [57,58]. 
Castor oil, which has inherent hydroxyl groups in its structure, was the first vegetable 
oil directly used in the synthesis of waterborne PUs. Other vegetable oils, such as sun-
flower, corn, palm, rapeseed, soybean, and linseed oils, must be modified into polyols 
for synthesizing waterborne PUs [59,60].

Vegetable oil-based polyols are long-chain polyols that offer promise in producing 
biorenewable waterborne PUs. Castor oil-based waterborne PUs show good mechani-
cal properties in terms of both tensile strength (9.3 ± 1.5 MPa) and elongation at break 
(520 ± 20%). Thus they have been used to modify plasticized starch to prepare novel bio-
degradable materials with high performance [60]. Waterborne PUs containing 50–60 wt% 
of biorenewable components have been prepared using methoxylated soybean oil polyols 
(MSOLs) with hydroxyl functionality ranging from 2.4 to 4.0 by Lu and Larock. Par-
ticle sizes of the resultant waterborne PUs range from 12 to 130 nm. An increase in the 
hydroxyl functionality of the MSOL significantly improved the cross-link density of the 
waterborne PUs and resulted in biorenewable PUs ranging from elastomeric polymers to 
ductile plastics [61]. A challenge in the synthesis of vegetable oil-based, environmentally 
friendly waterborne PU is the high cross-linking of the PU prepolymers caused by high 
hydroxyl functionality of the vegetable oil-based polyols. Vegetable oils are also suscep-
tible to hydrolytic breakdown due to the three ester bonds in their structure. Vegetable oil-
based waterborne PU bonds may degrade when exposed to excessive humidity, releasing 
amines and carbon dioxide and they are also susceptible to microorganism attack [62].

Chain extenders can also be substituted with bio-based components in the synthesis 
of waterborne PUs. For example, chitosan, a derivative of abundant naturally occurring 
polysaccharides that has active amino groups, can be used to chain-extend waterborne 
PUs in water. Chitosan possesses unique biological properties such as nontoxicity, 
biocompatibility, anticoagulant properties, and biodegradability. Waterborne PU films 
synthesized with chitosan as a chain extender exhibited excellent mechanical and anti-
coagulating properties, as well as antibacterial and antifungal activities [63].

Gelatin from cold fish skin also can be introduced into waterborne PUs by covalent 
bonding, to reinforce and render biodegradability. Lee et al. chemically modified gel-
atin with vinyltrimethoxysilane and incorporated the modified gelatin into waterborne 
PU with terminal hydroxyl ethyl acrylate groups by UV polymerization. The water-
borne PU showed excellent mechanical properties and water-resistant properties along 
with significantly enhanced biodegradability both in trypsin solution and in soil [64].

4.3.2.2   Introduction of biodegradable polyesters into 
waterborne polyurethanes

To render waterborne PUs biodegradable, researchers have attempted to incorpo-
rate biodegradable polymeric materials into the backbones of waterborne PUs. The 
biodegradable polymeric materials can be long-chain polyols, chain extenders, or 
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diisocyanates. Among biodegradable long-chain polyols, PCL diols, PLA diols, 
 poly(lactic acid-caprolactone) (PLCL) diols, and PLGA diols are often used for the 
synthesis of biodegradable waterborne PUs. However, it is reported that satisfactory 
mechanical properties (e.g., elongation higher than 25%) are not obtainable by merely 
reacting a single PLA diol as a long-chain polyol component [65]. Biodegradable 
long-chain polyols and conventional polyether/polyester polyols are often synergis-
tically used in the synthesis of waterborne PUs to adjust the biodegradability and the 
film-forming properties of waterborne PUs [66].

Recently, a breakthrough on the development of biodegradable photoluminescent 
prepolymers (BPLPs as described in Figure 4.10(a)) with superior inherent photo-
luminescence and photostability has been made [47]. BPLP–cysteine, a hydroxyl- 
terminated aliphatic polyol, is fully biodegradable and biocompatible. It can be used as 
a long-chain polyol to produce biodegradable BPLP-based waterborne polyurethane 
(BPLP-WPU as in Figure 4.10(b)). The emission spectra of the obtained BPLP-WPU 
excited at different wavelengths of 335, 365, 380, 425, 455, and 485 nm are shown 
in Figure 4.10(c), which demonstrates the versatile and strong photoluminescence of 
BPLP-WPU. Nanomicelles of BPLP-WPU are distributed evenly in water with the 
average size of 20–30 nm as shown in Figure 4.10(d). The resulting photoluminescent 
waterborne polyurethane can be used as noninvasive bioimaging elastomeric films 
and porous scaffolds in tissue engineering, as well as amphiphilic fluorescent nanomi-
celles for theranostic drug delivery.

Many amino acid derivatives can be used as chain extenders for the synthesis 
of PUs in bulk or in organic solvents. Among natural amino acids, water solu-
ble  l-lysine, which contains two active amino groups and one carboxyl group, 
is a good extender candidate for waterborne PUs [36]. Low-molecular-weight 
 l-lysine can be incorporated as a biodegradable component to help the degra-
dation of high-molecular-weight waterborne PUs. Waterborne PUs made from 
isophorone diisocyanate (IPDI), DMPA, and PCL were prepared and chain- 
extended in water using l-lysine by Chen et al. [67]. Results demonstrated that 
the prepared waterborne PU films exhibited excellent mechanical properties, good 
anticoagulating characteristics, desirable water swellability, and hydrolysis prop-
erties. Jiang et al. have successfully prepared nontoxic waterborne biodegrad-
able PU by using IPDI, 1,4- butandiol (BDO), and l-lysine as hard segments, and 
PEG and PCL as soft segments with a molar feed ratio of IPDI/PCL/PEG/BDO/ 
l-lysine = 3/0.75/0.25/0.85/0.85. Three-dimensional interconnected porous scaf-
folds fabricated with the waterborne PU showed better adhesion and proliferation 
of endothelial cells and can be utilized in soft tissue engineering [68].

To achieve biodegradability and nontoxicity, there has been intensive research on 
replacing common isocyanates with amino acid diisocyanates in the development 
of waterborne PUs [69]. l-Lysine diisocyanate and l-lysine ethyl ester diisocyanate 
have gained attention because lysine is nontoxic, less prone to inflammation, and easy 
to connect with bioactive molecules. Lysine ethyl ester diisocyanate was prepared 
with an improved method that avoids the use of gaseous phosgene, elevated tem-
perature, and strongly acidic conditions as described by Nowick et al. [70]. l-Lysine 
diisocyanate and PCL diol were used as main components to prepare nontoxic and 
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biodegradable waterborne PUs. The materials showed tensile strength up to 46.5 MPa 
and 42% hydrolytic degradation after 80 days [71].

In conclusion, waterborne PU biomaterials have the advantages of low viscosity 
at high molecular weight, nontoxicity, and good applicability over conventional PU 
biomaterials. Driven by the continuous reduction in costs and the control of VOC 
emissions, the development of waterborne PUs as biomaterials has significantly 
increased.
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Figure 4.10 Synthesis and properties of BPLP and biodegradable BPLP-based biodegradable 
waterborne polyurethane (BPLP-WPU). (a) Synthesis of BPLP. (b) Structure and application 
of BPLP-WPU. (c) Emission spectra of BPLP-WPU excited at wavelengths of 335, 365, 380, 
425, 455, and 485 nm. (d) Particle size distribution of BPLP-WPU dispersed in water.
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4.3.3   Applications of waterborne polyurethane biomaterials

Much effort has been made to improve the biocompatibility and biodegradability of 
waterborne PUs, thus making them suitable for a wide range of medical applications. 
For example, waterborne PUs have great potential in the field of tissue engineering. 
Xu et al. studied the response of bladder smooth muscle cells (BSMCs) on biodegrad-
able waterborne PUs. BSMCs showed better attachment, proliferation, and α-actin 
distribution behavior on waterborne PU membranes than on PLGA membranes [72]. 
Waterborne PUs have also been developed as nanoparticles for drug delivery. Biode-
gradable waterborne PU nanocomposites containing clay nanoparticles have been used 
to deliver dexamethasone acetate for the treatment of ocular diseases [73]. Research-
ers also prepared bioactive waterborne PU nanomicelles for breast cancer treatment. 
The nanomicelles successfully caused apoptosis of human breast cancer MCF-7 cells 
[74]. In addition, waterborne PUs could be used in wound healing [75] and antibacte-
rial materials [76]. Hsu et al. have developed biodegradable elastomeric nanoparticles 
that could self-assemble into hydrogels, microspheres, nanofibers, sponges, and films, 
all of which have great value in biomedical applications [77].

4.4   Functionalization of polyurethanes and novel 
applications of urethane/urea chemistry

The properties of biodegradable PUs (e.g., hydrophobicity/hydrophilicity, bio-
compatibility, biodegradability, and conjugation with proteins, drugs, or biologi-
cal agents) can be tailored by the introduction of different functional groups for 
various biomedical applications. Urethane/urea reactions (isocyanate-based and 
 nonisocyanate-based reactions) can be used to impart specific functionalities to 
polymers or biomaterials. The reactions between polyisocyanates and polymers/ 
proteins that contain abundant hydroxyl or amino groups have also been applied as a 
room temperature cross-linking method to fabricate tissue-engineering scaffolds or 
3D printed patterns. In the following sections, applications of urethane/urea chem-
istry in biomaterials will be discussed in detail.

4.4.1   Functionalization of polyurethanes

4.4.1.1   An overview of functionalization methods for 
polyurethanes

The introduction of functionalities into PUs can be made before, during, or after 
polymerization. Traditional linear PUs are made by the polyaddition reactions between 
diols and diisocyanates. One route to obtain functional PUs is to use monofunctional 
compounds (alcohol or isocyanate, b1, b2, and c1 in Figure 4.11(a)), but they lead 
to a limited number of terminal functionalities and reduced molecular weight [78]. 
Although there are some examples of introducing specific functionalities using func-
tional diisocyanates, such as diisocyanates derived from l-lysine (e.g., l-lysine methyl 
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ester diisocyanate [LDI], a1 in Figure 4.11(a)) [79], or biodegradable diisocyanates 
(a2 in Figure 4.11(a)) [10], the sources of functional diisocyanates are limited and 
their synthesis processes are inconvenient. By controlling the feed ratios of diols and 
diisocyanates, desired terminated groups, such as isocyanates, can be obtained and 
can be used for functionalizing PUs through postmodification [78]. Side ester groups 
introduced by either LDI or ethyl isocyanatoacetate (b1 in Figure 4.11(a)) [79,80] can 
be further modified through aminolysis by amino group-containing compounds, such 
as N,N-dimethylenediamine [79] or poly(ethyleneimine) [80], to obtain cationic poly-
mers. The cationic polymers can then be used for gene delivery. All of the functional-
ization methods noted above are limited by a complex reaction process or limited raw 
material sources. In contrast, the incorporation of functionalities into PUs through the 
addition of functional diols is convenient and straightforward (Figure 4.11(b)).

4.4.1.2   Introduction of functional groups into polyurethanes 
using functional diols

The introduction of hydrophilic carboxyl groups by the addition of 2,2-bis(hy-
droxymethyl) propionic acid (DMPA, a in Figure 4.11(b)) followed by salt forma-
tion of carboxyl groups with amines, such as triethylamine, is frequently applied as 
a functionalization method, to obtain waterborne PUs [81]. Du Prez and colleagues 
developed maleimide-functionalized PUs by adding furan-protected maleimide-con-
taining diols (FMD, b in Figure 4.11(b)) followed by simple heating at 100 °C under 

Figure 4.11 (a) Examples of functional diisocyanates (a1, a2), functional monoisocyanates 
(b1, b2), and monofunctional alcohol (c1) used for polyurethane functionalization before, 
concurrent, or post polymerization; (b) introduction of functional groups into polyurethane 
through functional diols.
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vacuum overnight. Maleimide-functionalized PUs can be further used to conduct 
thiol– maleimide reactions without the use of UV light or any toxic catalyst [82]. Bio-
degradable PUs with pendant hydroxyl groups were synthesized by Yang et al. by the 
introduction of benzal pentaerythritol (BPO, c in Figure 4.11(b)) into PUs followed by 
de-protection [83]. The pendant hydroxyl groups were used for reaction with 4-azido-
benzoic acid to obtain PUs functionalized with photoactive phenyl azide groups. The 
PUs had the ability to immobilize proteins under UV light [84]. Clickable functional 
groups can also be directly introduced into PUs by the addition of click functional 
diols, such as 2,2-bis(prop-2-yl) propane-1,3-diol (DPPD, d in Figure 4.11(b)) [85–
87], propargyl 2,2-bis(hydroxymethyl)propionate (e in Figure 4.11(b)), 2,2-bis(azi-
domethyl)propane-1,3-diol (f in Figure 4.11 (b)), and click functionality containing 
macromolecular diols [87]. Pendant vinyl groups can be obtained by the addition of 
double bond-containing diols such as 3-allyloxy-1,2-propanediol [87]. By adding 
dihydroxy-terminated poly(2-(dimethylamino)-ethyl methacrylate) (PDEM(OH)2), 
Zhang et al. developed protein-resistant PUs containing zwitterionic side chains [88].

Overall, the incorporation of functionalities through the addition of functional diols 
is convenient and straightforward, especially when the desired functional groups have 
no obvious side reactions with isocyanate groups such as carboxyl, azide, alkyne, and 
vinyl groups [80–88]. The introduction of functional groups that can react with isocy-
anate groups, such as hydroxyl or amino groups, requires these functional groups be 
protected before PU formation and de-protected afterward [83].

4.4.2   Urethane/urea chemistry as a functionalization method

4.4.2.1   Introduction of functional groups into OH- or 
NH2-containing polymers using functionalized 
monoisocyanates

As noted above, the addition of monofunctional isocyanates/alcohols in the polyad-
diton process of diols and diisocyanates is a way of obtaining terminally functional-
ized PUs [78]. The urethane/urea reactions between monofunctional isocyanates and 
hydroxyl or amino groups on polymers can also serve as a functionalization route 
for OH- or NH2-containing polymers (Figure 4.12(a)). Among monofunctional iso-
cyanates, ester group-containing monoisocyanate, which can be further modified by 
aminolysis post polymerization [80], and vinyl group functional isocyanates, such as 
2-isocyanatoethyl (meth)acrylate and allyl isocyanate, are the most commonly used 
(Figure 4.12(a)). 2-Isocyanatoethyl methacrylate (IEM) has been used to react with 
the terminal OH– groups of star shaped PCL [89] or amino groups of silk protein 
[90,91] to obtain photo/free radical cross-linkable PCL or silk protein for gelation, 
precise patterning, dynamic topographical control, or microfabrication. IEM has also 
been used to introduce vinyl groups onto cellulose [92], or perfluoropolyether polyol 
macromonomer, creating a polymer with low surface energy [93]. Through the mod-
ification of 1,1,1-tri-[4-(methacryloxyethyl-aminocarbonyloxy)-phenyl]ethane with 
IEM, urethane-based trimethacrylate monomer has been also developed and used as a 
dentin adhesive [94].
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4.4.2.2   Introduction of isocyanates as functional groups

Vinyl group-functional isocyanates, such as IEM, can be polymerized through free 
radical polymerization with other vinyl monomers to give polymers with pendant 
isocyanate groups (Figure 4.12(b)). Polymers with pendant isocyanate groups have 
been used as tissue adhesives [95]. The pendant isocyanate groups can also be used 
to react with thiol/amino group-containing compounds for polymer surface func-
tionalization [96].

4.4.2.3   Urethane/urea chemistry as a cross-linking method

As noted above, monofunctional isocyanates can be used to introduce functionalities 
onto OH- or NH2-containing polymers. Similarly, compounds with two or more 
isocyanate groups can be used as cross-linkers for OH- or NH2-containing polymers 
(Figure 4.12(c)). The application of PUs with preserved isocyanates as  tissue adhe-
sives is based on the cross-linking reaction between isocyanate and amino groups 
that are from tissue proteins or produced by water hydrolysis of isocyanate groups 
[19,20]. By employing the urethane reaction between 1,6-hexamethylene diisocy-
anate (HDI) and the pendant hydroxyl groups on PGS, Pereira et al. developed a 
highly tunable biocompatible biodegradable elastomer, poly(glycerol sebacate ure-
thane), which can be cross-linked under melt conditions through solvent-based or 
solvent-free methods [97]. Similarly, by simply employing LDI as a cross-linker 
for gelatin, Neffe et al. were able to create open porous three- dimensional archi-
tecture hydrogels that can induce bone regeneration in just one step [98]. By 
reacting 1,2,3-triazole-rich hyperbranched polyether polyols with diisocyanate, 
moist- curable antimicrobial hyperbranched PU–urea coatings were developed by 
Kantheti et al. [51]. A DNA–lipid organogel cross-linked by IPDI has been devel-
oped by Yao et al. and reported to possess shape-memory properties [99].

Figure 4.12 Application of urethane/urea chemistry in polymer functionalization and 
cross-linking: (a) introduction of functional groups using functionalized monoisocyanates; (b) 
introduction of isocyanates as functional groups; (c) application of urethane/urea reaction as a 
cross-linking method.



139Novel applications of urethane/urea chemistry

4.4.2.4   Nonisocyanate-based urethane reactions and the 
application of urethane-forming hydroxyl–amino 
coupling reactions

In addition to the most intensively researched urethane reactions between isocyanate 
and hydroxyl groups (Figure 4.1(a)) that form urethane bonds, there are also noniso-
cyanate urethane reactions, such as the reactions between cyclic carbonate or acti-
vated carbonate/carbamate/chloroformate derivative groups and amine groups (Figure 
4.1(b) and (c)) [4–6].

The ring-opening polymerization of cyclic carbonates with polyfunctional amines 
forms poly(hydroxyl-urethanes). The most traditional syntheses of cyclic carbonates 
use phosgene chemistry, which involves environmental hazard issues [100].

Another approach with cyclic carbonates is the transesterification of diols with 
dicarbonates [101]. The development of a green chemistry approach has eliminated 
the use of phosgene in cyclic carbonate syntheses. Among them, catalytic conversion 
of epoxides with carbon dioxide into cyclic carbonates is the most promising ( Figure 
4.13(a)) [4,102–104]. This chemistry opens the development of isocyanate-free  
bio-based green PUs from natural-based compounds, such as vegetable oils (including 
castor oil) [103–105]. Poly(hydroxyl-urethanes), as one type of nonisocyanate poly-
urethane, contain side hydroxyl groups that bring hydrophilicity and can be used as 
functionalities (Figure 4.13(b)). Furthermore, they do not have labile allophanate 

Figure 4.13 Nonisocyanate urethane reactions: (a) example of the formation of cyclic  carbonate 
and the reaction with polyamines servers as a new polyurethane synthesis route; (b) representa-
tive coupling reactions between hydroxyl group and amino group that form a urethane bond;  
(c) the reaction between urethane bond and isocyanate group results in labile allophanate groups, 
which make traditional isocyanate-based polyurethanes less chemical resistant.
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groups, side reaction products between urethane and isocyanate that make conven-
tional isocyanate-based PU less chemical resistant (Figure 4.13(c)) [4].

Activated carbonate, carbamate, or chloroformate derivative groups, including 
(imidazolylcarbony1)oxyl (IC) derivative, carbonate derivatives of 2,4,5-trichlorophe-
nyl and p-nitrophenyl, succinimidyl carbonate, and chloroformate derivative (Figure 
4.1(c)), can react with amino groups under mild conditions to form urethane bonds 
that are very stable under physiological conditions and show little breakdown in var-
ious buffers of pH 2–11 [6]. Thus these reactions have been extensively used as the 
coupling reactions between hydroxyl and amino groups (Figure 4.13(c)) and applied 
in protein-selective modification on amino groups, drug or protein bioconjugation, 
and polymer modification [5–9,104]. An example of the application of urethane bond 
forming hydroxyl–amino group coupling reactions in drug conjugation is described 
below. By activating the side hydroxyl groups on biodegradable amphiphatic mPEG-
b-P(LA-co-DHP) polymer with 4-nitrophenyl chloroformate (NPC), Hu et al. con-
jugated the amino group containing the anticancer drug doxorubicin (Dox) onto the 
polymer by a direct hydroxyl–amino coupling reaction with the formation of a stable 
urethane bond. In the same work, the acid-liable hydrazine linkage between the poly-
mer and the Dox was also formed by reacting the NPC-activated polymer with hydra-
zine monohydrate followed by the reaction between the hydrazine and the ketone 
group on Dox [9]. The drug release profiles of these two different polymer–drug con-
jugate micelles were investigated [9]. Urethane bonds formed from hydroxyl–amino 
group coupling reactions have also been widely used in polymer modification or 
functionalization. By the reaction between NPC-modified PEG diols and tyramine, 
followed by the grafting of monotyramine-terminated NPC-activated PEG diol onto 
gelatin or chitosan, Park et al. [7] and Tran et al. [8] synthesized tyramine-modified 
gelatin or chitosan. They could be cross-linked enzymatically into bioadhesive hydro-
gels and used for tissue regeneration or wound healing. By modifying monohydroxyl 
PCL with carbonyldiimidazole, Yu el al. synthesized IC terminal PCL. It was grafted 
onto chitosan and formed into an amphiphilic biodegradable polymer that can be used 
to form micelles [5]. By activating terminal hydroxyl groups with phosgene, Wang 
et al. synthesized a chloroformate terminated PEO–PPO–PEO block copolymer and 
reacted it with propargylamine to obtain alkyne group-functionalized PEO–PPO–PEO 
block copolymer [106].

4.5   Conclusions and outlook

Urethane/urea chemistry has evolved and transformed to offer convenient and effec-
tive tools for the modification of biomaterials, providing them with desirable proper-
ties for biomedical applications. The efforts described above have produced an array 
of multifunctional urethane/urea chemistry-based biomaterials to meet the specific 
requirements of each application. A collection of citric acid-based PUs has been 
developed with tunable mechanical, degradation, photoluminescent, and biomedical 
properties. The CABE platform technology enables easy modulation of their unique 
properties by simply altering the ratios of diols, prepolymers, and other additive(s) and 
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the polymerization conditions. With this expandable list of CABEs, the development 
of more robust, elastic, soft, and biocompatible materials for biomedical applications 
is possible. Additionally, novel urethane/urea chemistry with isocyanate-based and 
nonisocyanate-based approaches was discussed in this chapter to provide insights on 
their potential for designing novel biomaterials. The versatility of urethane/urea chem-
istry in modern biomaterial designs that have been described has an impact on a broad 
range of applications, especially in the field of biomedical engineering.
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Figure 5.1 Structure of linear PUs.

5.1   Polyurethane as a candidate material for  
3D printing

5.1.1   History and general terminology

Polyurethanes (PUs) are a family of condensation polymers that include the urethane 
(–NHCOO–) group in the chemical structure (Figure 5.1). The history of PUs started 
in 1937 when Dr Otto Bayer of Bayer Germany invented the diisocyanate polyaddition 
process. The early applications of PUs were mainly on soft foams and nonsegmented 
semicrystalline fibers. The lack of rubber materials during WWII has led to the inten-
sive development of PU elastomers. In 1950, Bayer launched the first PU elastomer 
product, Vulkollan rubbers. Since then, PU elastomers have been used extensively, 
particular in medical, textile, automobile, and architecture industries [1–3].

PU is obtained from the reaction of diisocyanate, oligodiol (i.e., macrodiol or polyol), 
and a chain extender (diol or diamine). PU thus is considered a multiblock polymer. 
Isocyanates employed in PU synthesis can be either aromatic or aliphatic. Aromatic 
 isocyanates have higher reactivity than aliphatic isocyanates and generally develop 
 better mechanical properties than aliphatic isocyanate-based PUs [4]. Some of the 
 common aromatic isocyanates are 2,4-toluene diisocyanate (TDI),  4,4-diphenylmethane 
diisocyanate (MDI), and 1,5-naphthalene diisocyanate (Figure 5.2) [5–7]. Aromatic 
isocyanate-based PUs have lower light stability, leading to a yellowish color after light 
exposure. Aromatic isocyanate-based PUs are also considered to have higher toxicity due 
to their potential to form aromatic amines after degradation. Aliphatic  isocyanate-based 
PUs have better light stability and lower toxicity [8,9]. Major aliphatic isocyanates 
are 1,6-hexamethylene diisocyanate (HDI), 4,4- dicyclohexylmethane diisocyanate, and 
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isophorone diisocyanate (IPDI) (Figure 5.2) [10,11]. Oligodiols used in PU synthesis 
are normally between 1000 and 5000 Da. They can be categorized as polyether, poly-
ester, or polycarbonate based. Polyether-based PU [poly(ether urethane)] has flexibility 
and hydrolytic resistance as well as better low-temperature properties. A disadvantage 
is its lower oxidative and thermal stability [12,13]. Common polyethers are poly-
ethylene glycol (PEG) and poly(tetramethylene ether) glycol (Figure 5.3) [14,15]. 
 Polyester-based PU [poly(ester urethane)] has greater mechanical strength and heat 
resistance, while it is susceptible to hydrolytic degradation [16,17]. Common polyes-
ters are poly(ethylene adipate) diol and poly(butylene adipate) diol (Figure 5.3) [18,19]. 
Polycarbonate-based PU [poly(carbonate urethane)] is more biodurable than the other 
two types of PUs with good mechanical properties, heat stability, and hydrolytic resis-
tance [20,21]. Even so, polycarbonate-based PUs can still undergo enzymatic hydro-
lysis and oxidative degradation by inflammatory cells in long-term in vivo applications 
[22,23]. Chain extenders are low molecular weight diols or diamines. The molecular 
weight is normally below 400 Da. The structure of a chain extender normally contrib-
utes to hydrogen bonding and enhances the mechanical properties of the product by 
increasing the molecular weight of PUs during synthesis [24,25].

Segmented PUs are composed of soft and hard segments. The soft segment com-
prises oligodiol, which has a relatively low glass transition temperature (Tg). The hard 
segment is built from the isocyanate and the chain extender [26]. The two segments 
have different polarities and free energy, which lead to the incompatibility between 
the segments termed microphase separation (Figure 5.4) [27]. The aggregated hard 
segments (dispersed phase) form hydrogen bonds and can be viewed as physical cross-
links [28]. The microphase separation equips PUs with elasticity. The degree of micro-
phase separation has significant impact on the mechanical properties, thermal stability, 
water vapor permeability, and hydrolytic resistance of PUs [4,29,30]. The degree of 
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Figure 5.2 Chemical structure of common isocyanates.
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microphase separation can be adjusted by selecting hard/soft segments with proper 
chemistry, molecular weight, and tendency to form hydrogen bonding [31,32]. The 
degree of microphase separation can be analyzed by differential scanning calorimetry, 
dynamic mechanical analysis, small angle X-ray scattering, small angle neutron scat-
tering, electron microscopy, and atomic force microscopy (AFM) [27,29,33]. AFM 
can obtain the information of microphase separation on the surface (rather than in the 
bulk), which can be particularly important for biomedical applications.
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Figure 5.3 Chemical structure of common oligodiols.
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Figure 5.4 Microphase-separated structure of PUs.
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5.1.2   Synthesis of polyurethanes

PU synthesis is based on the nucleophilic reaction of –NCO groups with electro-
philic agents such as alcohols, amines, or water. PUs can be synthesized by one-
stage or two-stage polymerization. The synthetic scheme of PUs is illustrated in 
Figure 5.5. In one-stage polymerization, isocyanates, oligodiols, and chain extend-
ers are mixed to react simultaneously. In two-stage polymerization, oligodiols and 
isocyanates first react to form a prepolymer before further chain extension. The 
two-stage polymerization requires a longer reaction time, but the product has a more 
uniform structure, which is advantageous for achieving microphase separation and 
better properties [34].

PUs can be thermoset or thermoplastic. Thermoset PUs can be prepared by choos-
ing multifunctional group chain extenders such as trimethylolpropane and glycerol 
[35,36]. Thermosetting PU elastomers can maintain their physical properties to 
somewhat higher temperatures. They can also be prepared by adding crosslinking 
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agents such as adding isocyanates in excess, which react at high temperatures with 
the –NHCOO– groups to form allophanate linkages, to create a network structure 
[37,38]. PUs and other polymers can form interpenetrating polymer networks (IPN). 
IPN is an interpenetrating network structure that forms when polymers of different 
molecular weights and compositions are fully mixed and penetrate each other. The 
advantageous properties of different polymers can be combined without bulk phase 
separation [39]. For example, PU/epoxy resins can have the toughness of epoxy res-
ins [40] and PU/acrylate IPN can possess high tensile strength and the weather resis-
tance of acrylates [41,42]. Thermoplastic PUs (TPUs) are linear block polymers that 
can be processed by heating via extrusion molding, injection molding, blow molding, 
and compression molding [43–45]. They can also be dissolved in polar solvents for 
solution processing such as solvent casting and fiber spinning. The elasticity of PU 
is attributed to the hydrogen bonding between hard segments and microphase sepa-
ration of soft and hard segments, with hard segments acting as physical crosslinking 
points [28,46].

During PU synthesis, the molecular weight and the viscosity increase sharply; 
therefore, solvents can be added to achieve better mixing. This type of PU is called 
solvent-borne PU. Highly polar organic solvents are often used such as dimethy-
lacetamide, dimethylformamide, and dimethyl sulfoxide (DMSO) [47–49]. How-
ever, when solvent-borne PU is manufactured for further applications, the volatile 
organic solvents might diffuse into the air, raising environmental concerns. Further-
more, highly polar solvents are more difficult to remove and might remain in the final 
product [50,51]. The more eco-friendly waterborne PU has received recent attention 
[52]. By incorporating hydrophilic groups into the chemical structure, PU can be dis-
persed in water, turning into an emulsion, which thus becomes less viscous [53,54]. 
Waterborne PU can be classified into nonionic, anionic, and cationic according to the 
incorporated hydrophilic groups. Nonionic PU employs hydrophilic polyethers such 
as PEG or polypropylene glycol in the backbone [32]. In contrast, cationic PUs use 
tertiary amines [55] and anionic PUs use sulfonate, carboxyl, and phosphate to assist 
them to be dispersed in aqueous solutions [56]. Waterborne PUs may have lower ten-
sile strength and water resistance because their chain extenders are less reactive after 
dispersion than they are in the case of solvent-borne PUs, and PUs with lower molec-
ular weights are often formed [57,58].

To improve the mechanical properties of waterborne PUs, highly reactive or 
hydrogen bond-forming monomers can be used and, under proper reaction con-
ditions, microphase separation to a greater extent can be attained [59,60]. For 
example, IPDI with relatively higher reactivity and the ability to form hydrogen 
bonding may be selected. We have recently shown that by changing the carbon/
oxygen (C/O) ratio of biodegradable soft segments, waterborne PUs of excellent 
mechanical properties and tunable degradation rate could be obtained [61]. Due to 
the low viscosity, the conventional waterborne PUs may not be suitable for further 
manufacturing, limiting their use to adhesives and surface coatings [62,63]. By tak-
ing advantage of the nanoscale dispersion of waterborne PU particles (“nanoelasto-
mer”) and their self-assembly, we demonstrated that waterborne PUs may become a 
versatile biomedical polymer platform. They can encapsulate anticancer drugs and 
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superparamagnetic nanoparticles and be applied in the field of cancer  theranostics 
[64]. Additionally, the waterborne PU nanoparticles may be subjected to further 
processing and easily transformed into microspheres, temperature- sensitive gels, 
electrospun fibers, elastic foams, and three-dimensional (3D)-printed scaffolds 
[61,65–68].

5.1.3   Biomedical polyurethanes

Biomaterials intended for biomedical applications should have good biocompati-
bility and appropriate physical properties. PUs in general have been demonstrated 
to have good biocompatibility and hemocompatibility [69]. In addition, since PU 
is easily processed and the mechanical properties can be easily tuned by modifi-
cations in chemical structure, it has been widely used in tubings, dressings, blood- 
contacting devices, etc. [28,32].

The first generation of biomedical PUs was mainly poly(ester urethane)s, which 
have good tensile strength, wear resistance, and low immune response after short-
term implantation, thus finding use in conduits for blood pumps and in breast implants 
[70]. However, polyester-based PU is unstable under high temperature, and hydro-
lysis may occur, leading to a loss of mechanical properties [71]. Polyester-based PU 
may be prone to attack by hydrolytic enzymes for long-term applications [72]. Early 
poly(ester urethane)s mostly incorporated aromatic diisocyanate hard segments for 
improved mechanical properties [73]. Poly(ether urethane)s were developed for their 
excellent hydrolytic resistance as well as excellent elasticity [23] and have been used 
in neurologic leads and cardiac leads since the 1970s and have challenged silicone 
rubber for pacemaker insulation [70]. Commercially available products included 
Biomer® of Ethicon and Pellethane® of Upjohn. Nevertheless, in the late 1980s it 
was found that poly(ether urethane) suffered from stress cracking after being placed  
in the human body for long periods of time [74]. Macrophages or foreign body  
giant cells that attached to the PU could release peroxides that prompted free radical 
attack [75,76], causing PUs to degrade in particular near areas of stress concentra-
tion, leading to fracture in the long term [76,77]. Metal ions from the pacemaker coil 
also catalyzed oxidative degradation. Polyether-based PUs can also be attacked by 
enzymes [78]. Surface modification by fluoropolymers [79], introducing polysiloxane 
to replace part of polyether as soft segments [80], or adding gold, silver nanoparticles 
[81,82], or nanosilica [83–85] to form nanocomposites can improve PU biocompati-
bility and biostability.

Polycarbonate-based PUs and polyolefin-based PUs are third-generation biomedi-
cal PUs or biodurable PUs, which have even better hydrolytic resistance and oxidative 
stability both in vivo and in vitro compared to poly(ether urethane) [21,86]. They also 
possess excellent mechanical properties [87]. They are available in the market as Car-
bothane® of Thermedics and Chronoflex™ of PolyMedica [88]. Although poly(car-
bonate urethane) (PCU) has excellent biostability, it can degrade by the attack of free 
radicals [89,90]. Methods have been applied to improve the biostability of PCUs, such 
as enhancing the hydrogen bonding of hard segments [91]. The microphase separation 
may affect their biocompatibility and biostability of PCUs [92] and can be adjusted 
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by the structure and molecular weight of the oligodiol [93], the ratio of oligodiol to 
isocyanate [94], or by adding nanoparticles [95].

5.1.4   Biodegradable polyurethanes

In the earlier development of biomedical polymers much attention was focused on 
conceiving PUs of high biostability. Immune responses, however, could still occur 
for long-term applications [22,23]. Opposite to this strategy, biodegradable PUs were 
designed to provide short-term support in the human body and to degrade into small 
molecules excreted from the body without having to be taken out by surgery [96]. 
Biodegradable PUs can be synthesized by introducing biodegradable content into 
the backbone. The general method is to incorporate natural biodegradable materials, 
including starch and cellulose into soft segments [97,98], or choosing synthetic bio-
degradable oligodiols such as polylactides, polycaprolactones, and polyhydroxyal-
kanoates [61,99,100]. A poly(lactide-co-caprolactone)-based PU was developed and 
implanted into the subcutaneous tissues of rats for 26 weeks and New Zealand white 
rabbits for two and a half years. Despite the fact that in the first week macrophages and 
foreign body giant cells attached to the surface of the material, they tended to decrease 
in number as the degradation continued [101].

The degradation products of biodegradable PUs might be biologically toxic; 
therefore, care is required in selecting the monomers. PUs that contain aromatic 
isocyanates may release aromatic diamines after degradation, which are toxic to the 
human body [74]. Aliphatic isocyanates have been proven to have degradation prod-
ucts of low toxicity by in vitro and in vivo studies [102,103]. The commonly used 
isocyanates in the synthesis of biodegradable PUs include IPDI, HDI, and lysine-di-
isocyanate [22,61,101]. Concerning chain extenders, there is current research to 
introduce biological peptides such as Arg–Gly–Asp–Ser (RGDS) [104] or amino 
acid-based chain extenders (phenylalanine-based [105] or l-cystine-based [106]) 
into hard segments of PU.

The main degradation mechanism of biodegradable PU is hydrolysis, in which the 
ester of soft segments and the urethane of hard segments hydrolyze [107]. Hydro-
lytic reactions can be classified into two types, enzyme-catalyzed hydrolysis and non-
enzyme-catalyzed hydrolysis [108,109]. In the enzyme-catalyzed hydrolysis, as the 
name implies, the hydrolysis is catalyzed by a specific kind of enzyme, while non-
enzyme-catalyzed hydrolysis occurs by contact with body fluid or water. The former 
one has a faster degradation rate in general [2]. Furthermore, since hard segments in 
PU reside in hard microdomains and are less accessible, soft segments often degrade 
faster than hard segments [25]. The degradation rate of PUs can be easily adjusted 
through selecting the appropriate monomers when synthesizing the materials, includ-
ing changing the chemical structures of soft segments [61] and hard segments [25], 
and the molecular weight [110], crystallinity [111], hydrogen bonding [112], and 
hydrophobicity of monomers [113]. The degradation rate of PU thus can vary over 
a broad range. Additionally, the extent of microphase separation between hard seg-
ments and soft segments may affect the permeability of water or the attachment of 
enzymes [114], consequently having an influence on the degradation rate. Our recent 
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work showed that biodegradable waterborne PU consisting of PCL diol and a second  
oligodiol may have different degradation rates depending on the composition, as 
shown in Figure 5.6. The degradation rate of PU increased with the molar ratio of the 
second oligodiol, which was probably associated with the greater hydrophilicity. The main 
mechanism has been suggested to be nonenzyme-catalyzed hydrolysis [61].

Biodegradable PUs can be processed into various products such as freeze-dried 
foams [67], electrospun fibers [115], and 3D-printed scaffolds [68], by the use of sol-
vent or heat. In the case of thermal processing, the moisture must be removed to avoid 
heat-induced hydrolysis [72]. Biodegradable PU has been used as scaffolds for the 
repair of bones, cartilages, and blood vessels [68,116,117], demonstrating the poten-
tial in a wide range of medical applications.

5.2   Applications of polyurethanes in 3D printing

3D printing technology (additive manufacturing) is a process in which objects are 
formed layer by layer on an operating platform through computer-aided design and 
manufacturing. Due to the fast and precise manufacturing process, and the fact that the 
products can be customized, 3D printing technology is very suitable for applications in 
the biomedical field where individual differences abound [118]. 3D printing technol-
ogy can be classified into various manufacturing processes including stereolithography 
(SLA), selective laser sintering (SLS), power bed and inkjet head 3D printing (PIP), 
fused deposition manufacturing (FDM), and liquid frozen deposition manufacturing 
(LFDM) (Figure 5.7) [119,120]. In SLA, monomers are mixed with photoinitiators, and 
then free radical polymerization occurs under exposure to light. Moreover, the structure 
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Figure 5.6 Tunable degradation rates for a series of biodegradable waterborne PUs immersed 
in 50 °C phosphate-buffered saline.
Adapted from [61]. They differed only in soft segment (oligodiol) compositions: PU1 
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60%/40%, and 40%/60% PCL diol/polyethylene butylene adipate diol, respectively; PU5 
employed 80%/20% PCL diol/poly(d,l-lactic acid) diol. All oligodiols had a molecular weight 
of 2000. The isocyanate employed in the series of PUs was IPDI.
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of the products is formed along the path on which the light is introduced. However, this 
method requires toxic photoinitiators that are retained in the final products and cannot 
be completely removed. Consequently, the method is unfavorable for manufacturing 
biomedical products that may be implanted [121]. On the other hand, in SLS and PIP, 
the objects are formed from polymer powder sintered under high temperature generated 
by laser light and from polymer powder clustering together via adhesives, respectively. 
These two methods require powder beds on which a huge amount of material is stored, 
often leading to wasted material [122]. In FDM and LFDM, polymers are melted by 
heat and are dissolved in solvents, respectively, and deposited layer by layer to form the 
objects. By choosing the proper temperature and solvents, objects can be manufactured 
from a broad range of materials [120].

According to a market estimation in 2013 [123], the total value of the global market 
of 3D-printing materials is currently 400 million dollars (as of May 2014), which is a 
29% increase from 2011. Photo-polymers account for 50% of 3D-printed material and 
thermoplastic polymers account for 40%. PU has excellent elasticity, and the mechan-
ical properties can be tuned by changing its chemical structure. When combined with 
the customized 3D printing, different PU materials can be selected and adjusted based 
on which part of the body it is applied to manufacture multifunctional and sophisti-
cated products. In addition, since PU has been widely used in a variety of fields such 
as the transportation, furniture, construction, and biomedical products industries, the 
fast and precise process of PU manufacturing in combination with 3D printing tech-
nology has potential in each field [28].

TPU becomes molten at high temperature. The excellent processability allows PU 
to be fabricated by various 3D-printing procedures. Vasquez et al. chose SLS to 3D 
print TPU, and studied the effect of sintering energy input and laser scanning rate on 
the merging of TPU powder and the resultant mechanical properties. It was found that 
as temperature rose, the extent to which the PU powder merged increased, enhancing 
the mechanical properties. Increasing the laser scanning rate had the same influence 
on the mechanical properties of the final product [124]. In SLS the polymer powder is 
processed under high temperature. Some studies have pointed out that the high-tem-
perature process may reduce the molecular weight of TPU, resulting in a decrease of 
tensile strength [125,126].

TPU materials for 3D printing, including such products as Bayer’s Desmosint® 
TPU 92A-1 and BASF’s Elastollan® for SLS, have been developed. For FDM, there 
are Bayer’s Desmopan® and Falshforge’s TPU wires. The TPU products fabricated 
from the above materials by 3D printing have demonstrated high elasticity and tear 
strength.

5.3   Applications of biodegradable polyurethanes  
in 3D printing

Biodegradable polyesters are commonly incorporated as soft segments during the 
 synthesis of biodegradable PUs. However, pyrohydrolysis of these biodegradable 
 polyesters tend to occur at high temperature, which leads to a decrease in tensile 
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strength and release of acidic components [127]. Therefore, FDM and SLS are not 
suitable for 3D printing of biodegradable PUs. In recent years, most of the studies 
turned to the other methods to successfully print objects. Pfister et al. adopted adhe-
sive ZP11 (mixture of cellulose and starch) to 3D print biodegradable PU [128]. 
Unfortunately, the adhesive was water-soluble and the mechanical properties of the 
final products could not be maintained. To overcome this shortcoming, isocyanate was 
added to the adhesive ZP11 to react with PU. While some success was achieved in 
increasing the water-resistance and tensile strength, the final products were shown to 
swell when implanted [128].

Kröber et al. prepared two types of ink for 3D printing consisting of IPDI/cata-
lyst and oligodiol/trifunctional polyol, respectively, to be applied in reactive inkjet 
printing. After these two types of ink were squeezed out and mixed on the operating 
platform, they solidified very quickly [129]. Müller et al. started from this concept 
to develop the ink for 3D printing composed of oligodiol, MDI, and trifunctional 
polyol. By changing the relative ratios of each component of the ink while the object 
was printed, the mechanical properties at various sites could be adjusted accordingly 
[130]. In addition, to prevent the catalyst from being extracted by body fluids after the 
product was implanted into the human body and at the same time maintain the reaction 
rate, highly reactive aromatic isocyanates were employed.

Kim et al. applied commercially available acrylated PU resin in SLA 3D printing, 
in which inorganic substances were added to increase the viscosity of the resin to a 
degree that it could be squeezed out before the light-induced polymerization. This 
method also required toxic photoinitiators to bring about the reaction [131]. Tartarisco 
et al. mixed commercially available liquid PU Polytek 74-20 with crosslinking agents, 
and pushed the materials through a nozzle to print objects. By changing the pressure 
and the rate at which the nozzle moved, the linewidth of the products could be tuned. 
Nevertheless, the unreacted crosslinking agents used made it unfavorable for use as 
implants [132]. Given that the above-noted methods may not be suitable for use in 
biomedical applications, current research efforts are focusing on applying the LFDM 
process for the printing of objects.

Xu et al. dissolved biodegradable PU in 1,4-dioxane and deposited it on the 
low-temperature operating platform to make vascular stents. After solvent removal, 
the vascular stents showed biodegradability and excellent mechanical properties 
[133]. Yan et al. also dissolved biodegradable PU in 1,4-dioxane, which was further 
mixed with heparin solution. They printed vascular stents on a low-temperature oper-
ating platform and obtained biodegradable venular stents with elasticity and antico-
agulation properties [117]. In other literature, a double nozzle was employed to print 
double-layer nerve conduits from ink consisting of PU/1,4-dioxane or type I collagen/
acetic acid. Among the printed conduits, those with type I collagen as the internal 
layer and PU as the external layer were able to promote nerve repair [134,135]. In all 
the above LFDM methods for printing 3D biodegradable PU scaffolds, toxic organic 
solvents were still used to dissolve the PU material. This is the main disadvantage 
of LFDM. Besides, PU must be dissolved in a solvent that can be freeze-dried, for 
example, 1,4-dioxane and acetic acid. The choices of chemical compositions for the 
PUs are thus limited.



160 Advances in Polyurethane Biomaterials

5.4   Low-temperature printing process of waterborne 
biodegradable polyurethanes

As noted, for 3D-printed PU scaffolds made by LFDM, the materials are often dis-
solved in the toxic organic solvents before manufacturing begins. Thus there may be 
residual solvent in the final product. These raise concerns for possible harmful effects 
when these materials are used as implants. Adopting waterborne biodegradable PUs 
can solve the above problems; however, the viscosity of waterborne PU is too low to 
be 3D printed directly. Zhang et al. sprayed anionic waterborne biodegradable PU into 
an acidic solution via a 3D-printing nozzle to change the dissociation degree of anions 
on the chains of PU, causing it to precipitate. However, the squeezed-out liquid in the 
method had such a low viscosity that it spread out on making contact with the plat-
form, and could not be stacked layer after layer. Therefore, this method only resulted 
in two-dimensional final products [136].

A recent effort has successfully fabricated waterborne biodegradable PU scaffolds 
by 3D printing. First, an emulsion of waterborne biodegradable PU (soft segment 40% 
PCL diol and 60% polyethylene butylene adipate diol) was synthesized as a nanopar-
ticle dispersion [61]. Before printing, polyethylene oxide (PEO) was added as a vis-
cosity enhancer. By changing the amount of PEO, it was found that the viscosity of 
3D-printing ink had a decisive influence on printing PUs by the LFDM platform. As 
shown in Figure 5.8, PU/PEO ink of various formulations had different viscosities, and 
as the PEO content increased, the viscosity increased. On the other hand, as displayed 
in Figure 5.9, when the viscosity of 3D-printing ink became too high to be able to pass 
continuously through the nozzle, serious deficiencies in the final products emerged. 
When the viscosity was too low, the ink was unable to solidify into a fixed shape on the 
platform, causing the product to collapse. The scaffolds were successfully fabricated 
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Figure 5.8 The viscosity of waterborne biodegradable PU dispersion mixed with PEO in the 
shear rate range between 0.1 and 100 s−1, measured by a rheometer.
Adapted from [68]. Copyright 2014 Wiley-VCH Verlag GmbH & Co. KGaA.
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only when the rheological properties of the PU-printing ink were optimal (i.e., PU/PEO 
76/24). The as-prepared 3D-printed scaffolds were tested to prove that in addition to 
having biodegradability and excellent compliance (elasticity) (Figure 5.10), they also 
had good cytocompatibility. Cells may be easily seeded to the water-based 3D-printed 
scaffolds without any prewetting. Therefore, sophisticated 3D products made in this 
way are more suitable for applications in the biomedical field than those from the other 
biodegradable polyesters or those made by the other printing methods [68].

There are other advantages for the low-temperature printing process of waterborne 
PUs. Since for most of the manufacturing process of 3D printing, organic solvents and 
heating are required, it is difficult to include bioactive factors such as growth factors or 
hydrophilic drugs/antibiotics [137]. For waterborne 3D printing, the medium was water. 
It is thus convenient to encapsulate bioactive factors in the products for customized 
tissue engineering. The potential for such applications is worthy of further investigation.

Figure 5.9 The appearance of the 3D-printed scaffolds from waterborne biodegradable PU 
dispersion mixed with PEO in various ratios.
Adapted from [68]. Copyright 2014 Wiley-VCH Verlag GmbH & Co. KGaA.
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Figure 5.10 (a) The degradation profiles of 3D-printed scaffolds made of PLGA, PU, and 
PUe (PEO extracted first) scaffolds in 37 °C phosphate-buffered saline. (b) The dimensional 
recovery of 3D-printed PLGA, PU, and PUe scaffolds on removal of 5% and 10% strain. PU 
was  synthesized from a waterborne process. The soft segment was 40% PCL diol and 60% 
polyethylene butylene adipate diol. PLGA was 3D-printed from 1,4-dioxane solution. PUe was 
prepared by immersing the PU 3D-printed scaffolds in water at 25 °C for 3 days to remove PEO.
Adapted from [68]. Copyright 2014 Wiley-VCH Verlag GmbH & Co. KGaA.
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At present, there is still room for improving the ink formula and manufacturing 
processes for biological applications of the water-based 3D printing of biodegradable 
PUs. The viscosity enhancer should have high viscosity and at the same time be bio-
degradable. Moreover, the low-temperature platform for solidification is not applica-
ble for cell encapsulation. To avoid a liquid freezing process, waterborne PU serving 
as cell-containing hydrogel for 3D printing has been mixed with DMSO to dissolve 
PU for encapsulating cells [138,139]. However, since the cells may die from being 
in contact with DMSO for long periods of time, this method may not be favorable 
for making cell-containing scaffolds [140]. Finally, modification of the PU chemical 
structure can create a stimulus responsive material leading to temperature-responsive 
or pH-sensitive systems [66,141]. The combination of smart PU materials and 3D 
printing can bring significant advances to bio-3D printing for customized biomaterial 
applications.

5.5   Conclusion

With the progress in PU synthesis and understanding of the microphase separation 
and degradation mechanism, PU has become a polymer with many advantages. PUs 
can be designed to have various biodegradation rates by using mixed oligodiols as 
soft segments and by other strategies. TPU can be 3D-printed at high temperature 
from polymer melts or from low-temperature polymer solutions or dispersions. In  
particular, water-based PU dispersions can be 3D-printed into elastic, highly compliant  
scaffolds. Biodegradable waterborne PUs have high potential for development into 
novel 3D-bioprinting ink for customized tissue or organ printing.
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6.1   Introduction

Polyurethanes (PUs), versatile polymeric materials, are used extensively in biomedi-
cal applications due to their excellent biocompatibility, processability, and exceptional 
mechanical flexibility [1,2]. PUs are widely used as adhesives, coatings, construction 
materials, synthetic leathers, flame retardants, and wound dressings. PUs can be tailored 
in terms of their mechanical properties, oxygen permeability, barrier properties, and 
drug transport for a variety of biomedical applications [3–8]. PUs are usually synthe-
sized using three components, for example, diols, diisocyanates, and chain extenders, 
and their properties can be modified either by changing the composition and nature of 
the diols, diisocyanates, and chain extenders or by incorporation of fillers in the polymer 
matrix [9]. Segmented PUs consist of hard and soft segment units that determine the 
mechanical properties of the polymer. Both relatively biostable and biodegradable PUs 
are used in different forms in artificial organs and medical devices [10]. Biodegradable 
PUs are used in drug delivery systems and implant materials for tissue repair [11].

Polymers with different forms of fillers such as carbon black, fullerenes, carbon 
nanotubes (CNTs), graphene, layered silicates (nanoclay), layered double hydroxides 
(LDHs), different metals, and ceramics are extensively used to modify the properties 
of pure polymers [12–17]. There are several metals and their oxides such as Ag, Au, 
TiO2, Fe3O4, and ZnO that are frequently used to improve the properties of polymers. 
Since silver exhibits antibacterial properties, its nanoparticles embedded in polymers 
are utilized in various medical applications including wound dressings, artificial skin, 
bone tissue engineering, and urinary catheters [18–20]. Nanoparticles having super-
paramagnetic properties have received much attention as composites because they 
do not retain their magnetization properties in the absence of a magnetic field. This 
nanoparticle feature is very useful in magnetic resonance imaging and targeted drug 
delivery [21–24]. Fe3O4 is a superparamagnetic nanoparticle widely used in poly-
mer composites due to its large surface area, biocompatibility, and nontoxic nature 
with good magnetic properties [25]. CNTs have also been used in composites due 
to their high electrical, thermal, and mechanical properties [26]. Inorganic materials 
having nanometer dimensions show very interesting physical and chemical properties, 
leading to development of new materials for various applications [27]. Montmoril-
lonite (MMT), which is the major ingredient of bentonite, is commonly used for the 
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preparation of polymer composites for enhancement of properties. In MMT, two tet-
rahedrally coordinated silicon atoms are joined to an edge-shared octahedral sheet of 
magnesium or aluminum hydroxide. Cationic species present in the lattice structure 
are replaceable by other cations, for example, Al3+ can be replaced by divalent species 
such as Fe2+ or Mg2+ and Mg2+ or even by monovalent Li1+, leading to generation of a 
negative charge in the lattice that is counterbalanced by the positive ions present in the 
interlayer spacing. Due to the presence of weak van der Waals forces acting within the 
matrix, these materials can easily be dispersed and provide high surface areas avail-
able for interaction during synthesis. Another advantage of these nanoparticles is their 
easy surface modification through ion exchange, which can enhance their polymer 
compatibility. Considerable enhancements in the thermal stability [28–30], barrier 
properties [31–33], mechanical strength [34–36], elastic properties [37,38], biodeg-
radation, and high energy shielding [39,40] were observed in nanocomposites using 
nanoclay as the filler [41]. Tuning of the morphology and mechanical properties of the 
polymer and its nanocomposites in the presence of nanoclay was also reported [9,42]. 
Nanoparticle-induced self-assembly in PUs has several benefits such as improvement 
in mechanical properties, thermal stability, and decrease of the rate of enzymatic deg-
radation [43]. LDH and anionic clay have received much attention in the field of nano-
composites due to their anion exchange capabilities, catalysis, and delivery of drugs as 
well as biological molecules such as DNA and enzymes [44]. LDH has a brucite-like 
structure and the replacement of divalent cations by trivalent ones results in excess 
charges that are counterbalanced by anions located between two layers [45]. Enhance-
ment in mechanical properties and thermal stability were observed in those polymer 
nanocomposites in which exfoliated/disordered LDH was used as filler material [46]. 
Recently, the use of carbon materials as a filler has received tremendous attention in 
the composite field due to their exceptional properties. Different forms of carbon allo-
tropes are used and depending on their structure are termed as fullerenes (0-D), CNT 
and nanoribbons (1-D), graphene (2-D), and graphite (3-D). Fullerenes can be formed 
through wrapping of graphene sheets, which leads to the formation of CNT. Stacking 
of graphene sheets is responsible for the formation of the graphite allotrope of carbon 
[47]. Graphene, a single layer of sp2 hybridized carbon atoms arranged in a hexagonal 
lattice, is the fundamental structural unit of all kinds of carbon allotropes [48]. The 
chemical modifications of graphene are comparatively simple and important proper-
ties such as mechanical, thermal, electronic, and optical can be varied [49–52]. This 
allows graphene to have a wide range of applications in the field of energy technol-
ogy [53,54], sensors [55], nanoelectronics [56], composites [57–60], and biomaterials 
[61]. Zeolites, another inorganic material, are frequently used in nanocomposites and 
in catalysis. Zeolites are also used in various applications due to their mechanical and 
thermal stability [62]. Zeolites are aluminosilicate minerals containing micropores 
in their structure. Since aluminosilicates have a negatively charged oxygen frame-
work, this excess charge is balanced by the positively charged cations. Zeolites can be  
utilized for the preparation of antibacterial polymer nanocomposites. By tuning the  
Si/Al ratio as well as ion exchange properties of zeolites, one can tune the properties 
of composites material for a variety of purposes [63]. Classification of nanoparticles 
with different dimensions are shown in Scheme 6.1.
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6.2   Preparation of composites

There are different ways to prepare polymer composites and their advantages or 
 drawbacks are as follows:

6.2.1   Solution casting technique

This is a common technique for the preparation of polymer composites. In the first 
step, dispersion of filler is achieved in appropriate solvent through mechanical stir-
ring or sonication, followed by dissolution of the polymer in the same solvent. The 
dispersed fillers are then mixed with polymer solution either at room temperature or 
at higher temperature depending on the solubility of the polymer. Composite films are 
obtained either by precipitation or by casting the solution/mixture.

6.2.2   Melt blending process

This process of composite preparation is achieved using equipment such as an extruder 
[68] that has the ability to generate high shear force at elevated temperatures. The filler 
is added to the molten polymer and is sheared at a high rate. The advantage of this 
technique is that there is no solvent required. The drawbacks of this process are that a 
fine dispersion may not be achieved and that only limited filler concentrations can be 
used [69]. In addition the polymer chain may degrade under high shear conditions at 
high temperatures.

6.2.3   In Situ techniques

This is an efficient technique for the preparation of composites, allowing uniform 
dispersion of the filler to take place. Fillers are dispersed in monomer, possibly in the 
presence of solvent followed by the addition of the curing agents, hardener, or chain 
extender for polymerization at an appropriate temperature. One of the major advan-
tages of this technique is that homogeneous dispersion of filler occurs in polymer 
matrix leading to significant improvement of most properties.

Scheme 6.1 Various types of nanoparticles. (a) 0D, fullerene; (b) 1D, carbon nanotube;  
(c) 2D, clay; and (d) 3D, zeolite [64–67].
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6.2.4   Latex method

Latex is a colloidal dispersion of polymer in an aqueous solvent. This method is 
more suitable for those polymers that can be prepared via emulsion polymerization 
or those that have the ability to form emulsion. It consists of an aqueous dispersion/ 
stabilization of filler using a surfactant followed by the addition of the dispersed filler 
into the polymer latex. Nanocomposites can be obtained after freeze-drying the above 
mixture followed by melt processing. The latex method has several advantages includ-
ing no requirement for organic solvent, reliability, ease of processing, and improved 
dispersion of the filler in the viscous polymer matrix [70].

6.3   Morphology

The presence of filler alters the morphology of the polymer matrix in various ways. Com-
posite morphologies are highly influenced by the preparation method and extent and 
chemical nature of the filler used. Transmission electron microscopy (TEM), scanning 
electron microscopy (SEM) , atomic force microscopy (AFM), and optical microscopes 
are usually used to characterize the morphology. Dispersion of gold nanoparticles (0-D) 
in PU matrix is presented in Figure 6.1(a). At a low concentration, the distribution is 
homogeneous whereas it aggregates at a higher concentration (>65 ppm). The surface 
morphology observed through SEM shows a globular pattern in an Ag nanoparticle 
(AgNP) dispersed in a PU composite (Figure 6.1(aʹ)) while an AFM phase topography of 
the gold nanoparticles composite is given in Figure 6.1(aʺ). Roughness of the pure PU and 
its composites is in the range of 2.0–2.8 nm, indicating moderately flat surfaces. Hsu et al. 
and Cho were observed the formation of a lamellar structure through the hard segment of 
PU, which tends toward a micelle shape with increase of the hard segment content in PU 
[71,72]. Homogeneous dispersion of CNTs (1-D nanoparticles) in a PU matrix through 
in situ polymerization is shown in Figure 6.1(b) [73]. Uniform dispersion of filler through 
the in situ method provides a high surface area to interact better with polymer matrix and 
control the mechanical properties of the composite [74]. Better dispersion is also observed 
in the SEM and AFM images of the PU–CNT composites [75,76] (Figure 6.1(bʹ) and 
(bʺ)). The distribution of nanoclay (2-D nanoparticles) in a PU matrix and its effect on 
surface morphology are shown in Figure 6.1(c, cʹ, cʺ). Homogeneous dispersion is clearly 
observed as the composite was prepared in situ by dispersing nanoclay in polyol followed 
by polymerization with diol and diisocyanate. The surface morphology of the nanocom-
posite was also affected by the time of incorporation of the clay during the polymeriza-
tion process. Pure PU exhibits a flake-like structure whereas the nanocomposites show a 
grainy morphology, which does not occur when the nanoclays are incorporated at an early 
stage of polymerization [9]. The banded pattern in the AFM image is evident in nanoclay 
PU composites with the band size becoming narrower in the composite than in pure PU. 
The SEM image of a PU–zeolite composite reveals the well-dispersed zeolite in the PU 
matrix (Figure 6.1(d)). The asymmetric structure of membrane consists of top skin, sub-
structure, and bottom skin. Some aggregation of zeolite is observed in dense bottom skin. 
A study of the cross-section of the membrane reveals that the incorporation of zeolite is 
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Figure 6.1 Morphology of polyurethane with various types of nanoparticles. (a) TEM 
 micrograph of PU–Au nanocomposites containing 43.5 ppm gold particles [71], (aʹ) SEM 
image of PU–Ag fiber [72], (aʺ) AFM phase containing 17.4 ppm gold in PU matrix [71]; 
(b) TEM image of PU–CNT nanocomposites [73], (bʹ) SEM micrograph of PU–CNT 
 nanocomposites containing 10 wt% CNT in matrix [75], (bʺ) AFM image of PU–MWCNTs 
[76]; (c)TEM image of PU–nanoclay, (cʹ) SEM micrograph of PU–nanoclay, and (cʺ) AFM 
image of PU–nanoclay [9]; and (d) SEM micrograph of PU–zeolite nanocomposites [78].
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uniform only in the top skin (active layer) and in the substructure of the membrane. The 
pore size also decreases in the composite compared to the pure PU [77,78].

6.4   Structure

The incorporation of various nanoparticles in a PU matrix produces structural changes 
that are summarized here. X-ray diffraction (XRD) shows that the aromatic-based PU 
matrix is amorphous while the nano-TiO2 (0-D filler) reveals its diffraction peaks (Figure 
6.2(a)) [79]. The addition of CNT into a PU matrix disrupts the microphase morphology 
[80] (Figure 6.2(b)). Considerable enhancement of nanoclay interlayer spacing occurs 
when the clay is added to diol. Subsequent addition of diisocyanate and polymerization 
increase the spacing further as polymerization takes place, which displaces the silicate 
layers making an exfoliated structure [9] (Figure 6.2(c)). XRD patterns of PU–LDH 
nanocomposites exhibit the exfoliated nature at lower concentration of LDH while an 
intercalated nature is seen at higher LDH (2-D nanofiller) content [44]. PU having zeolite 
in its matrix shows a sharp peak at 2θ  =  37° and the intensity as well as position of this 
peak is affected by the content of the zeolite (Figure 6.2(d)) [81] due to the change in the 
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Figure 6.2 XRD patterns of PU and its nanocomposites with different types of nanoparticles: 
(a–i) pure PU, (a–ii) pure nano-TiO2, and (a–iii) PU–nano-TiO2 composite [79], (b) PU–CNT 
composites [80], (c) PU–clay nanocomposites [9], and (d) PU–AlPO4-5 zeolite composites [81].
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microcrystalline structure of the composites. For all types of filler, as expected, the inten-
sity of the filler peak increases with increase of the content of filler in the composites.

6.5   Nanoparticle-induced self-assembly

Self-assembly plays an important role in enhancing the physical and mechanical 
properties of polymers. Nanoclay-induced self-assembly in aliphatic PUs via in situ 
polymerization has been observed [9]. Layer by layer self-assembly in aliphatic 
PU was observed through XRD, small-angle neutron scattering (SANS), AFM, and 
polarizing optical microscopy (POM). The appearance of a peak at ∼5.8° (d-spacing 
∼1.6 nm) in XRD measurement suggests the formation of molecular layers in the PU 
nanocomposite (Figure 6.3(a)). Further, a shoulder/peak in SANS measurement with 
characteristic value (Λc ∼ 12–14 nm) indicates the presence of a nanostructure in PU/
nanocomposites (Figure 6.3(b)). The lower value of the characteristic length in nano-
composite (12 nm) compared to pure PU (14 nm) indicates  nanoclay-induced self-as-
sembly where a lesser number of molecular sheets is required for greater assembly 
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Figure 6.3 (a) X-ray diffraction patterns of organically modified Closite-30B nanoclay and 
nanocomposites, (b) small-angle neutron scattering patterns; I(q) versus q (wave vector) plot 
of indicated PU and nanocomposites, (c, c′ ) AFM image of PU and its nanocomposites with 
height profile, and (d) POM image PU–nanoclay composite [9].
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through hydrogen bonding. The domain structure observed in AFM topographs sug-
gests a larger assembly (lateral dimension of ∼0.5 μm) (Figure 6.3(c)). A greater num-
ber of peaks as well as intensity of the height profile in the nanocomposite compared 
to pure PU appears in AFM topographs. This suggests the formation of a more consol-
idated structure in the nanocomposites. Larger structures in the nanocomposites were 
observed in the PU using optical microscopy (Figure 6.3(d)). The driving force for 
this self-assembly is the extensive hydrogen bonding between the urethane moieties 
in the polymer chains with the clay nanocrystals. Tuning of the surface morphology 
and properties due to the influence of clay through self-assembly was also revealed in 
aliphatic PUs having various chain extenders [42].

6.6   Mechanical behavior

The mechanical properties of composites depend on the amount, aspect ratio, surface 
area, orientation, interaction, and dispersion of the filler in polymer matrix [82]. Deka 
et al. synthesized PU nanocomposites with different weight percentages of Ag particles 
and measured the mechanical properties (tensile strength, bending, hardness (Shore A), 
and impact resistance). Tensile strength, hardness, and impact resistance increase with 
increasing weight percentage of nanoparticles while the elongation at break and bending 
remains the same compared to pure PU. The enhancement in mechanical properties 
was due to homogeneously dispersed Ag nanoparticles (AgNPs) with larger surface 
areas, which can interact with the matrix and facilitate easy transfer of stress to the 
fillers (Figure 6.4(a)) [83]. Mechanical properties of the composites can also be tuned 
by using different sizes of nanoparticles. Larger particles in the matrix result in lower 
stiffness and higher elongation at break compared to the composites with smaller par-
ticles, which show increased stiffness and lower elongation at break. Most differences 
in properties of the composites arise due to the interaction between filler and matrix 
polymer [84]. CNT with its high surface area and aspect ratio has a tensile strength of 
50–200 GPa and Young’s modulus of 1.2 TPa, which make it attractive for enhancing 
the mechanical properties of polymer matrices [68]. Figure 6.4(b) shows stress–strain 
curves of CNT-based PU composites as a function of CNT content [85]. The improve-
ment of mechanical properties is due to the good dispersion of CNT that facilitates the 
load transfer between the polymer matrix and the CNTs. PU composites formed by 
using multiwall CNTs (MWNTs) and single wall CNTs (SWNTs) have shown differ-
ent mechanical properties. MWNTs exhibit greater improvement in modulus whereas 
SWNT-based composites show improvement in tensile strength and elongation at break 
compared to the pure PU [86]. Considerable improvement in mechanical properties of 
PU/LDH composites is also reported. These improved properties are mainly due to the 
interaction of hydroxyl groups of LDH and the polar urethane linkages along with the 
high aspect ratio and orientation of LDH, which help the load transfer process during 
measurement (Figure 6.4(c)) [87]. PU/clay nanocomposites prepared through the in situ 
polymerization technique exhibit enhanced mechanical properties in terms of modulus 
and toughness. Orientation of the  two-dimensional nanoclay toward the applied force 
field is responsible for the toughness enhancement in nanohybrids [88]. Incorporation 
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of 2 wt% of graphene in PU matrix during the polymerization process increases tensile 
strength and elongation at break in PU/graphene composites presumably due to homo-
geneous dispersion of graphene in the PU matrix. TEM measurements suggest good 
interfacial interaction between the polymer chain and the graphene sheets [13]. Several 
workers report a decrease of mechanical properties of CNT PU nanocomposites due 
to poor dispersion of the CNTs and the preparation method (ex situ polymerization) 
[89,90]. The improvement in mechanical properties of TDI-based PUs after the addition 
of zeolites (in situ process) has been investigated by Kumar et al., comparing surface 
hardness, tensile strength, and modulus. Surface hardness of the composites increased 
slightly with the addition of zeolite AlPO4-5. Considerable improvements in tensile 
strength and modulus were observed with increasing AlPO4-5 content, which indicates 
good interfacial adhesion between the PU and the zeolite filler [81] (Figure 6.4(d)).

A general observation is that composites having smaller nanoparticles in a PU matrix 
exhibit higher storage modulus compared to larger particles. The larger surface area also 
causes a shifting of the damping factor (tan δ) peak toward higher temperatures compared 
to the pure PU [84] (Figure 6.5(a) and (b)). Incorporation of CNTs in a PU matrix leads 

Figure 6.4 Mechanical behavior of polyurethane composites with various types of nanoparticles: 
(a) PU and its nanocomposites containing silver particles [83], (b) PU and its nanocomposites 
with CNTs [85], (c) PU–LDH nanocomposite (in which a, b, c, d, and e represent the pure PU, 
1, 3, 5, and 8 wt% of LDH in matrix) [87], and (d) PU–zeolite composites [81].
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Figure 6.5 Dynamic mechanical behavior of polyurethane nanocomposite in the presence of various types of nanoparticles. (a and b) Storage 
modulus and damping factor in the presence of alumina [84], (c and d) storage modulus and damping factor in the presence of CNTs [86],  
(e and f) storage modulus and damping factor in the presence of clay [91], and (g and h) storage modulus and damping factor in the presence  
of zeolite, respectively [92].
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to the enhancement in storage modulus at room temperature as well as a slight decrease 
in tan δ and glass transition temperature likely due to an increase in microphase sepa-
ration creating slightly purer soft segment microdomains [86] (Figure 6.5(c) and (d)).  
The storage modulus and tan δ of nanoclay-based PU composites are presented in  
Figure 6.5(e) and (f). Different types of clay exhibit different behavior toward the storage 
modulus and damping behavior. Nanoclay with aromatic organic modification exhibits 
a higher storage modulus compared to the composites made of nanoclay modified with 
aliphatic ammonium salt. The peak position of tan δ curves of the composites shifted 
toward the lower temperature region and becomes narrower than that of the pure PU 
[91]. Composites of zeolite exhibit a different behavior of storage modulus in the glassy 
region. The calcined zeolite filler exhibits a higher storage modulus compared to freshly 
synthesized zeolite composites in the glassy region due to the increase in the density 
of material resulting from the loss of porosity after calcination. The addition of small 
amounts of as-prepared β-zeolite in the PU matrix shifts the damping peak toward higher 
temperatures due to restriction on the mobility of the polymer chains. However, as the 
content of filler increased, the peak shifts toward the lower temperature, a phenomenon 
not observed with the calcined zeolite [92] (Figure 6.5(g) and (h)).

The rheological behavior of PU-grafted SWCNT in terms of viscosity versus shear 
rate at 80 °C is presented in Figure 6.6(a). Grafted PU composites exhibit higher 
 viscosity compared to the pure diol as well as the diol/SWCNT composites. The 
 lowest shearing thinning exponent observed in grafted composites indicates better 
 dispersion in polycaprolactone (PCL) diol [93]. The rheological behavior in terms 
of modulus and complex  viscosity versus frequency of PU clay nanocomposites was 
studied by Mishra et al. [9].  Nanoclay-based composites exhibit higher storage mod-
ulus (Gʹ) and complex viscosity (η*) compared to unfilled PU due to the presence of 
the nanoparticles. In the melt phase, the modulus drops abruptly at a certain frequency 
due to a disruption of the network structure. This disruptive frequency shifts toward 
higher frequency in the nanocomposites [9] (Figure 6.6(b) and (c)). Further increase 
of  frequency enhances the storage modulus and complex viscosity.

η
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Figure 6.6 Rheological behavior of polyurethane and its nanocomposites in the presence of 
nanoparticles. (a) The viscosity at 80 °C versus shear rate for blank PCL diol and PCL diol/SWNT 
dispersions, (b) storage modulus, (c) complex viscosity of pure PU and its nanocomposites as 
a function of frequency at Tref  =  Tm + 20 °C.
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6.7   Thermal behavior

The thermal properties of a given composite are influenced, for example, by quality 
of dispersion, interaction with the polymer matrix, and filler content as well as the 
aspect ratio. Enhancement in the thermal stability was observed in composites by the 
addition of nano-TiO2 in a PU matrix. The thermal degradation temperature increases 
from 347 to 365 °C in 1 wt% TiO2 composites [94]. Composites having different parti-
cle dimensions exhibit a range of thermal stability [84] (Figure 6.7(a)). The addition of 
CNTs also affects the thermal stability of the composites. PU/CNT composites exhibit 
a two-step degradation process [95]. The addition of minute quantities of MWCNTs 
during the polymerization process of PU considerably enhances the thermal stability 
[96]. Figure 6.7(b) shows the thermogravimetric analysis (TGA) curves of PU/CNT 

Figure 6.7 TGA curves of polyurethane and its nanocomposites in the presence of different 
types of nanoparticles. (a) In the presence of alumina powder [84], (b) in the presence of 
CNTs [96], (c) in the presence of clay (here a, b, c, d, e, and f represent 0, 1, 2, 3, 4, and 5 wt% 
of clay in PU matrix) [14], and (d) in the presence of zeolite [81].
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composites. Incorporation of 1 wt% of MWCNTs in the PU matrix enhances the ther-
mal degradation from 215 to 275 °C and the degradation temperature further increases 
with the increasing amounts of MWCNT in the PU matrix [97]. A comparison of the 
thermal stability of PU/CNT composites reveals that more stable dispersions result 
in better thermal stability [98]. LDH as a filler in PU matrix also enhances the ther-
mal stability of the composites. Degradation patterns of the LDH composites were 
very similar to those of pure PU [44]. Similarly, composites of organically modified 
nanoclay–PU composites show better thermal stability than pure PU and the stability 
was further increased with nanoclay content due to the thermally insulating behavior 
of the nanoclay (Figure 6.7(c)) [14]. Different types of nanoclays exhibit a range of 
thermal stability. Nanocomposites having aromatic amine-modified clay exhibit bet-
ter thermal stability than quaternary alkyl ammonium salt-containing nanocompos-
ites [91]. Composites having graphene or modified graphene as filler exhibit better 
thermal stability than pure PU due to the tortuous path created by two-dimensional 
graphene sheets, which prevent the elimination of the volatile products along with the 
formation of char [99]. Incorporation of 2 wt% of graphene in PU matrix during the 
polymerization (in situ) leads to the improvement in thermal stability of 40 °C com-
pared to the pure PU [13]. TGA of pure PU and its composites with zeolite 13X shows 
the effect of zeolite on thermal stability. The degradation temperature increases with 
increase of the zeolite content in composite, indicating good heat resistance and heat 
transfer properties of the zeolite filler (Figure 6.7(d)) [81,100]. CNTs exhibit thermal 
conductivity ∼3000 W/m/K at room temperature and this property has been utilized to 
prepare thermally conductive composites [101]. Xia and Song observed a significant 
improvement of thermal conductivity of 21% and 42% for composites containing 1% 
of MWCTs and SWNTs, respectively [86]. Further increases of CNT reduce the ther-
mal conductivity due to the large interfacial thermal resistance between the CNTs and 
the polymer matrix [102]. Similar results were also obtained in the case of MWNT/
water-based PU composites prepared through the latex method [103].

Differential scanning calorimetry (DSC) thermograms of PU–Au nanocomposites 
are presented in Figure 6.8(a). Nanocomposites having 6.5 × 10−2 wt% gold particles 
in the matrix do not show an endothermic soft segment melting peak while com-
posites with less than the amount of Au particles show a sharp melting endotherm. 
The disappearance of the peak at a higher content of Au particles is possibly due to 
gold–polyol interactions, which inhibit crystallization [104]. SWCNTs do not alter 
the glass transition temperature of composites of PCL-based PUs while the nanofiller 
strongly influences the melting behavior of the soft and hard segments. The melting 
temperatures of the soft and hard segments decrease slightly with increasing amounts 
of SWCNT (Figure 6.8(b)) [80]. In contrast the melting temperature of the soft seg-
ment increases in PU–nanoclay composites prepared through in situ polymerization 
where the nanoclay was incorporated before prepolymer formation. Interestingly a 
decrease in melting temperature is noted for the hard segment compared to the pure 
PU, indicating a strong interaction between the nanoclay and the hard segment of the 
aliphatic-based PU (Figure 6.8(c)). This suggests that the organically modified nano-
clay disrupts the urethane interactions of the polymer chain, which causes a decrease 
in the melting temperature [9].
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6.8   Flame retardancy

PUs can be used as coating materials for the improvement of flame retardant proper-
ties [105,106]. Initially, halogen and phosphorous-based materials were used in these 
applications [107]. Layer by layer nanocoating is an important process that can enhance 
the flame retardant activity of highly flammable materials like nylon [108], PET fabric 
[109], polycarbonate [110], and cotton [111,112]. PU coating with cationic boehmite 
and anionic vermiculite filler material exhibits considerable improvement in flame retar-
dant activity. PU melts and ignites when a hand-held butane torch is focused on the 
uncoated PU sample for 10 s while a coated clay-filled PU is not influenced by the torch 
and retains its original shape [113]. Incorporation of a few percent of clay in a PU matrix 
enhances its the thermal stability and flame retardant properties due to the formation of 
a protecting clay layer on the polymer surface [114]. Patel and Patel have used different 
types of diisocyanate for the preparation of PU nanoclay composites and compared the 
flame retardant properties in terms of limiting oxygen index value. Nanocomposites 
show better flame retardant properties compared to the pure PU [115].

6.9   Antimicrobial activity

Nanoparticles, especially silver ions (Ag+), are frequently used for their antibacterial 
activity. Ag+ ions prevent the replication of the microbial DNA, which in turn suppress 
the expression of the ribosomal protein as well as the enzymes for ATP hydrolysis [116]. 
Liu et al. have prepared composites of MDI and H12MDI-based PU using small, medium, 
and large sizes of silver nanoparticles to study the effect of nanoparticles size on bacterial 
activity (Escherichia coli and Staphylococcus aureus). The smaller size silver nanopar-
ticles in composites show better response in comparison to the composites with larger 
particles [117]. PU composites using nanoscale silicate platelets (NSP) and AgNPs in 
different ratios also exhibit strong antibacterial activity. Figure 6.9 shows the bactericidal 
LIVE/DEAD analysis of the growth of S. aureus (after exposure for 12 h), indicating 

Figure 6.8 DSC curves of polyurethane and its nanocomposites in the presence of different 
types of nanoparticles. (a) PU–Au nanocomposites, 1 for pure PU, 2, 3, and 4 indicate 1.74, 4.35, 
and 6.5 × 10−2 wt% of Au nanoparticles [104], (b) PU–CNT composites [80], and (c) PU- nanoclay 
composites [9].
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full inhibition for the composition of AgNP:NSP of 1:1 in a PU composite [118]. Zvekić 
et al. performed antimicrobial tests against bacteria and fungi (pour plate method) with 
nano-ZnO-containing PU varnishes. The colonies of Pseudomonas aeruginosa and Sac-
charomyces cerevisiae are not observed in the ZnO-containing varnishes in comparison 
to pure PU varnishes. Further, PU composites with 0.4 and 0.7 wt% ZnO inhibit growth 
of S. aureus by more than 85% and 95%, respectively [119].

6.10   Biomedical application of nanocomposites
6.10.1   Drug delivery

Controlled drug release and its application in the biomedical arena have received much 
attention from 1995 to 2015. Materials used as a vehicle for drug delivery should be 
safe, biocompatible, and nontoxic in nature and must not be the basis of an excess 
immune response. Other criteria such as suitable mechanical strength, easy  processing/
manufacturing, and a highly porous structure also must be met [120]. Large surface 
area along with the presence of different functionalities on the surface of CNTs pro-
vides an advantage for the loading of different kinds of drugs. Release of drug from 
polymer composites depends on several factors such as interactions between the drug 
and the polymer matrix, pH, and temperature of the medium [121]. Prolonged efficient 
drug release can also achieve a minimization of side effects [122]. Figure 6.10 shows 
the drug release profile of gentamicin sulfate in PU composites containing different 
types of nanoparticles. Albumin nanoparticle composites release drug at a faster rate 
in comparison to pure PU [123]. Similarly, CNT-based hyperbranched PU composites 
also exhibit slower release compared to pure PU and the release rate decreases with 
increasing amounts of CNTs in the matrix [124]. Two-dimensional nanoclay also sus-
tained the release rate of drugs by controlling the diffusion mechanism through a tor-
tuous path caused by the fine dispersion of the nanoclay in the PU matrix [42,125]. In 
summary, nanoparticles play an important role in drug release either by enhancing the 
interaction between the drug and the nanoparticles or by creating a tortuous diffusion 
path. Nanoparticles also appear to suppress the burst release of the drug from the PU.

Figure 6.9 Bactericidal LIVE/DEAD analysis. Growth of Staphylococcus aureus (after 12 h 
exposure) on AgNP/NSP-PU-coated stainless steel. Greens are viable cells and reds are nonvi-
able cells, where 1/1 and 1/9 are the ratios of AgNP/NSP in PU composites [118].
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6.10.2   Tissue engineering

PUs have received considerable attention for engineering applications [126]. These 
include the construction of different types of structures for blood vessels, skin repair, 
and nerve reconstruction as well as bone growth [127]. Cell adhesion and proliferation 
on these structures are considered to be important in addition to their biocompatibility 
[128]. Different types of organically modified nanoclay have been used to prepare 
composites of PU for biological applications. Cell viability on composites was shown 
to be better than the PU matrix after 3 days of incubation [129] (Figure 6.11). Mishra 
et al. have also reported on the biocompatible nature of the PU/clay nanohybrid films 
in terms of cell viability, adhesion, and proliferation [9]. Recently, organically modi-
fied graphene has been used in tissue-engineering applications [130].
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Figure 6.10 Sustained drug release profile of polyurethane composites with different types of 
nanoparticles. (a) In the presence of albumin nanoparticles [123], (b) in CNTs [124], the  number 
indicates the percentage of CNT, and (c) in the presence of clay [125].

Figure 6.11 The viability of ECs grown on the surface of PU/NSQa (nanosilicate platelet 
exchange with cationic surfactant; A30 and A50; surfactant and reduced surfactant,  respectively) 
and PU/Qa nanocomposites at 1 and 3 days. * indicates P < 0.05, significantly greater than pure 
PU and ** indicates P < 0.05, significantly greater than all other samples [129].
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6.10.3   Implant materials

There are several polymers such as collagen, silicone rubber, and poly(tetrafluoro-
ethylene) as well as PUs that are available for implant applications [131–133]. The 
basic requirement for implant material is that material should be mechanically strong 
to serve as a substrate for cell attachment and proliferation and be easily  removable/
bioadsorbable after the newly generated tissue restored the natural function [134]. 
Kannan et al. prepared PU (polycarbonate as soft segment) nanocomposites using 
polyhedral oligomeric silsesquioxanes (POSS) as the filler and used them as a bio-
stable and biocompatible material [135]. POSS is responsible for the better resis-
tance against oxidative and hydrolytic degradation for the PU–POSS composite [136]. 
The nanocomposite is nontoxic and has good thrombo-resistance and is also resistant 
toward degradation in vivo. In vivo experiments demonstrate minimal inflammation, 
capsule formation, and no degradation after 36 months of postimplantation in a sheep 
model compared to control [137]. Another in vivo study involving a vascular graft 
indicates good surface properties, superior biostability, and biocompatibility of the 
nanocomposite compared to the unfilled polymer [138]. Hence, a PU–POSS nano-
composite is an excellent material for tissue implants such as vascular grafts and 
heart valves. Khan et al. have prepared biocellulose nanoparticle-based composites  
(PU–BC) that have strong potential as bone tissue implants in terms of biodegrada-
tion, mechanical strength, porosity, and three-dimensional structure [139]. In sum-
mary, PU nanoparticles have potential in the biomedical arena for controlled drug 
delivery, tissue engineering, and implants and are a very active area of research.

6.11   Conclusions

Composites prepared using different types of nanoparticles can show superior proper-
ties compared to pure PU and have a wide range of applications in structural and bio-
medical fields. The surface morphology of nanocomposites is affected by the nature 
and amount of the nanoparticles embedded in polymer matrix. Different shapes and 
sizes of the nanoparticles play a significant role in enhancement of the mechanical, 
rheological, thermal, and fire retardant properties of the PU nanocomposites. Consid-
erable improvements in antibacterial properties have been reported using nanocom-
posites compared to pure PU. Incorporation of the different kinds of nanoparticles 
in PU matrix alters the biocompatible nature of the composites, suggesting that PU 
composites may have use in biomaterial applications.
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7.1   Introduction

In recent decades, polymeric nanoparticles have emerged as a powerful platform to be 
used in biomedical applications, particularly for therapeutic delivery,1 medical imag-
ing,2 and simultaneous drug delivery and diagnosis.3,4 Nanoparticles, traditionally 
defined as solid colloidal materials built from macromolecular or molecular assem-
blies with a diameter in the range of 1–500 nm,5 exhibit unique key features such as 
high kinetic stability, wide structural variety, rigid morphology, capacity to incorporate 
different hydrophilic or hydrophobic drugs, and multiple possibilities for functional-
ization.6 All these properties make nanomaterials promising therapeutic tools for syn-
thesizing nanosystems with desirable biophysicochemical properties to target specific 
organs, tissues, or cells. In this regard, the main challenges in the design of polymeric 
nanoparticles as targeted therapeutic systems are in the engineering of nanostructured 
materials with desired size, specific shape, and surface to accomplish a drug-controlled 
release at the target site, minimizing adverse immune response.7 Therefore the right 
choice of polymer and the preparation method are critical aspects since they will deter-
mine the final properties of the colloidal system. Among the wide array of polymers 
typically used to prepare nanoparticles, polyurethanes have received growing interest 
owing to their synthetic versatility, excellent mechanical properties, and good biocom-
patibility.8 Moreover, it has been demonstrated that these materials undergo gradual 
biodegradation in the human body.9,10 Polyurethanes represent one of the most versa-
tile materials employed for biomedical applications and have been extensively used in 
clinic as prosthetic heart valves, catheters, blood pumps, and wound dressings.11 These 
materials are classically synthesized from the polycondensation or polyaddition reac-
tion of diisocyanates and diols/polyols or diamines, leading to the formation of polyure-
thane or polyurea polymers, respectively.12 As a result of this process, polymers with 
carbamate bonds (dNHdCOd) in their main chains are obtained. In this chapter,  
we review the main synthesis processes used to prepare polyurethane nanoparticles 
with special emphasis on the preparation of polyurethane from nano-emulsions. In 
this regard, the simple preparation of polyurethanes and their high tailoring enable 
the incorporation of targeting ligands, cell-penetrating molecules, and stimuli- 
responsive linkages into the polymer structure.13 These properties allow the design of 
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multifunctional nanoassemblies that are potential candidates as nanovectors for smart 
drug delivery. The potential use of polyurethane nanoparticles as drug targeted deliv-
ery systems, diagnostic and theranostic tools is described here with special interest in 
targeting cancer cells.

7.2   Synthesis of polyurethane nanoparticles

Polyurethane and polyurea polymers are typically obtained from the nucleophilic 
attack of hydroxyl or amine groups of polyols or polyamines on carbonyl groups of 
diisocyanate monomer to form carbamate or urea bonds.14 Although this reaction is 
often described as occurring between two monomers, diisocyanates can also react 
with synthetic preformed polymers such as poly ε-caprolactone or polysaccharides to 
achieve more biocompatible and biodegradable polymers.15,16 Taking advantage of the 
high reactivity of diisocyanate monomers with multiple molecules, a great variety of 
tailored structures can be engineered.17,18 This fact offers important advantages in bio-
medical applications in the design of functionalized systems able to specifically rec-
ognize target organs, tissues, or cells. Polyurethane nanoparticles are usually obtained 
from polyaddition or polycondensation reactions.19 When the polymerization reaction 
takes place at the interface between two nonmiscible liquids, the process is known 
as interfacial polyaddition or interfacial polycondensation. Considering that these 
reactions always yield polymers with reactive functional groups, additional molecules 
that are not involved in the step-growth polymerization can be incorporated to obtain 
functionalized structures.19 The formation of polyurethane particles of different sizes 
by interfacial polyaddition has been described in different media such as microemul-
sions,20 emulsions,21 nano-emulsions,18,22–27 and suspensions.28 However, it should be 
noted that in an emulsion system a mixture of micelles and monomer droplets coexists 
in the polymerization medium, which could lead to the formation of nanoparticles 
with a bimodal size distribution.19 Moreover in microemulsions, as a consequence 
of the high concentration of surfactant, the initiation of polymerization could not be 
obtained in all microdroplets simultaneously and therefore small nanoparticles and 
empty micelles could be produced.29 Nano-emulsions exhibit interesting properties 
and can be used as a template to prepare polyurethane nanoparticles.6 These systems 
are discussed in detail in Section 7.2.1. Furthermore, apart from these methods, poly-
urethane nanoparticles based on preformed polymers have also been obtained by the 
nanoprecipitation/solvent evaporation30 or emulsion/solvent techniques.31,32

7.2.1   Polyurethane nanoparticles from nano-emulsions

Nano-emulsions constitute an attractive alternative for preparing polyurethane 
nanoparticles because of their small droplet size and, consequently, very large surface 
area and high kinetic stability.6,26 Nano-emulsions are a class of emulsions with a 
uniform and extremely small droplet size, usually ranging between 20 and 200 nm.33 
They can be classified as oil-in-water (O/W) or water-in-oil (W/O) nano-emulsions 
if the internal phase is constituted by oil or aqueous droplets dispersed in aqueous 
or oily external phase, respectively. Therefore both hydrophobic and hydrophilic 
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materials can be incorporated into the droplets depending on the nature of the internal 
phase. Considering the internal structure of nano-emulsions polymers can be synthe-
sized either in the dispersed phase or at the interface of the droplets by a polymer-
ization reaction between functional monomers or with preformed polymers.19 Since 
nano-emulsions are thermodynamically unstable systems, energy input is required for 
their formation. Thus, nano-emulsions can be obtained by high-energy emulsification 
methods using external energy input provided from mechanical devices or by low- 
energy emulsification methods that take advantage of the chemical potential stored 
into the components of the system.33 Taking into account that drugs or biologically 
active substances can potentially be affected by the emulsification process, the prepa-
ration method of nano-emulsion should be chosen according to therapeutic goals and 
the administration route of the nanovector.6

The formation of polymeric nanoparticles from nano-emulsions with a particle 
size and narrow size distribution suitable for biomedical purposes has been exten-
sively reported.34–36 In this regard, nanodroplets used as template have been prepared 
generally by high-energy emulsification methods.22–25,37,38 Enough energy should 
be supplied in the shortest possible time with the most homogeneous flow to obtain 
nano-emulsions with the smallest sizes.39 Mechanical devices such as high-shear stir-
ring, high-pressure homogenizers and ultrasounds generators are often employed to 
produce monomer nanodroplets with diameters below 500 nm.23–25 These nano-emulsions 
act as “nanoreactors” leading to the formation of nanoparticles ideally in a 1:1 copying 
process. Thus, nano-emulsions consisting of diisocyanate monomer and hydrophobic 
diol droplets dispersed in an external aqueous phase and stabilized by the anionic  
surfactant sodium dodecyl sulfate (SDS) have been widely described as templates 
useful for obtaining polyurethane nanoparticles with particle diameters in the range 
of 200–400 nm.22,23,25,38 These nanoparticles can be obtained by a one-pot method 
through the direct polyaddition reaction of monomers in the nano-emulsion system22 
or by two-step procedures.40 These latter consist of incorporating previously prepared 
reactive prepolymers in the dispersed phase to react with diols in nano-emulsion 
medium in the presence of crosslinker and catalyst.40 Although other cationic and 
nonionic surfactants were also used in these studies, the most stable nano-emulsions 
seemed to be achieved with SDS as surfactant. Furthermore, isophorone diisocyanate 
(IPDI) was chosen as the preferred monomer due to its low reactivity with diol. How-
ever the formation of colloidal systems based on polyurethanes with other aliphatic 
diisocyanates such as hexamethylene diisocyanate and lysine diisocyanate has also 
been reported.41–43 Polyurethane nanoparticles have also been successfully synthe-
sized using a natural triol, castor oil instead of synthetic diols, and employing non-
ionic surfactants.24 The polyaddition reaction to obtain polyurethane nanocapsules has 
been also carried out using hydroxypropyl-β-cyclodextrin and low molecular weight 
chitosan as reagents.16 To avoid premature reaction between isocyanate and hydroxyl 
groups before the nano-emulsion formation, the temperature must be controlled during 
the emulsification process. The polymerization reaction between diisocyanate and diol 
is accelerated by increasing the temperature of the system above 40 °C, leading to 
the nanoparticle formation in a second step. Some studies required the use of chem-
ical catalysts to initiate the polymerization process.25,37 Moreover, hybrid polymeric 
nanoparticles based on polystyrene or poly(butyl acrylate) and polyurethane have 
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been also synthesized by combining a polyaddition process with radical polymeriza-
tion in a one-pot procedure using O/W nano-emulsions.37 Nanocapsules can also be 
obtained by an interfacial polycondensation mechanism in nano-emulsion medium. 
Thereby, the large surface area generated during the emulsification process allows 
multiple reactions at the interface, leading to the formation of a thin film around the 
nanodroplets and core–shell and capsular morphologies.19 Polyurethane nanocapsules 
with oily core and mean particle around 200 nm prepared by interfacial polymerization 
have also been reported.23 The design consists of preparing nano-emulsions containing 
one of the monomers solubilized inside the droplets and then adding the other func-
tional monomer dissolved in a small fraction of external phase to the system. Hexa-
decane is typically used as costabilizer to provide stability against Ostwald ripening. 
Polymerization takes place at the interface of the two immiscible phases to achieve 
nanoparticles. Moreover, hollow nanocapsules with a hydrophilic liquid core obtained 
by interfacial polycondensation or cross-linking reactions from W/O nano-emulsions 
have been also engineered.41 The functionalization of these polyurethane nanocap-
sules by carboxymethylation or by physical adsorption of a cationic polyelectrolyte 
to enhance their bioaccessibility has been also reported.44 Table 7.1 summarizes syn-
thesis aspects of different polyurethane nanoparticles and the particle sizes obtained.

Even though high-energy emulsification methods described above have been well 
proven and repeatable it has been reported that nano-emulsions with even smaller and 
more uniform droplet sizes can be obtained by using low-energy methods.33,45 Tak-
ing advantage of the physicochemical properties of the system, nano-emulsions are 
produced almost spontaneously. Formation of nano-emulsions by low-energy emulsi-
fication methods includes the phase inversion temperature (PIT) method, which con-
sists of cooling or heating speedily the system, keeping the composition constant46; 
and the phase inversion composition (PIC) method, in which phase transitions take 
place by modifying the composition at constant temperature.47 Although the forma-
tion of polyurethane nanoparticles from polymerization in nano-emulsions obtained  
by a low-energy method offers important advantages compared with high-energy 
methods, this polymerization route has barely been exploited (see Table 7.1). Polyure-
thane and polyether urethane nanoparticles with mean particle diameter in the range 
of 150–50 nm have been synthesized by combining an interfacial polycondensation 
 process with spontaneous emulsification.48 Acetone was used as water miscible solvent 
and nanoparticles were formed by nanoprecipitation followed by solvent evaporation. 
The formation of polyurethane and polyurea nanoparticles without organic solvent has 
also been successfully reported.18,26,27 These compositions consist of O/W nano-emulsions 
with IPDI incorporated prepared by the PIC emulsification method in aqueous solution/
nonionic surfactant/saturated medium chain triglyceride systems and using biocompatible 
components.18,26,27 Pegylated polyurethane and lysine-coated polyurea nanoparticles 
with small particle sizes (below 80 nm) were obtained by polymerization at the droplet 
interface after increasing the temperature of the system above 60 °C. These studies 
showed that nonionic surfactants Polysorbate 80 and Kolliphor® ELP were involved 
in the polymerization process, thus obtaining a polymeric matrix built by copolymers 
derived from reaction between the diisocyanate and the hydroxyl groups of both the 
nonionic surfactant and the highly hydrophilic components. These systems exhibit 



Table 7.1 Synthesis aspects of polyurethane and polyurea nanoparticles obtained from O/W nano-emulsions

Nature of 
nanoparticle

Emulsification 
method

Nature  
of nano-
emulsion Monomers Surfactants

Polymerization 
and emulsification 
parameters

Particle 
size 
(nm) References

Polyurethane High-energy 
(ultrasonication)

O/W IPDI/1,12-dodecanediol
IPDI/bisphenol A
IPDI/neopentyl glycol

SDS Influence of diol  
monomer

200 nm Tiarks et al.22

Polyurethane High-energy 
(ultrasonication)

O/W IPDI
1,6-hexanediol

SDS
Pluronic® F127
Pluronic® F68

Influence of volume ratio
Influence of ultrasound 

power
Influence of surfactant

170–190 Gaudin and 
Sintes- 
Zydowicz38

Polyurethane
Pegylated 

polyurethane

High-energy 
(high-shear 
stirring)

O/W IPDI/castor oil
IPDI/PEG 400/castor 

oil

SDS
Tween 80
Pluronic® F 68

Concentration of reactants
Nature of stabilizers
Shear speed

200–400 Zanetti- 
Ramos et al.24

Polyurethane 
nanocapsules

High-energy 
(ultrasonication)

O/W IPDI/1,6-hexanediol SDS
Cationic
Nonionic

Influence of surfactant 200 Torini et al.23

Polyurethane 
nanocapsules

High energy 
(high-shear 
stirring and 
high-pressure 
homogenizers

O/W IPDI/propanetriol 
catalyst

SDS
Disponil® FES77
Lutensol® AT50

Influence of surfactant
Influence of disperse phase

170–320 Johnsen and 
Schmid25

Continued



Nature of 
nanoparticle

Emulsification 
method

Nature  
of nano-
emulsion Monomers Surfactants

Polymerization 
and emulsification 
parameters

Particle 
size 
(nm) References

Polyurethane
Polyurea
Polythiourea
Cross-linked 

starch
Cross-linked 

dextran

High-energy 
(ultrasonication)

W/O IPDI
Toluene diisocyanate 

hexamethylene 
diisocyanate

1,6-Hexanediol 
Diethylenetriamine

Glycerol
Starch
Dextran
1,4-Diaminohexane

Block  opolymer 
emulsifier poly-
[( butylene-
coethylene)-b 
-(ethylene oxide)]

Nature of reactive  
monomers and 
 continuous phase

200–500 Crespy et al.41

Polyurethane
Pegylated 

polyurethane
Polyurea

Low-energy (PIC) O/W IPDI/Polysorbate 80
IPDI/Kolliphor® ELP
IPDI/Polyethylene 

glycol
IPDI/l-lysine

Polysorbate 80
Kolliphor® ELP

Influence of temperature
Influence of monomer 

concentration
Influence of oil/surfactant 

weight ratio

25–90 Morral-Ruíz 
et al.18,26,27

Table 7.1 Continued
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stealth properties and showed good biocompatibility after being tested by hemolysis 
and cell viability assays.

Multifunctional biotinylated and streptavidin-coated polyurethane–urea nanoparti-
cles have also been engineered from O/W nano-emulsions.4,49 In these studies, biotin 
or streptavidin reacts with diisocyanate at the droplet interface and are successfully 
attached to the nanoparticle polymeric matrices. These nanoparticles exhibit diameters 
around 110–140 nm (biotin nanoparticles) and 70–74 nm (streptavidin nanoparticles). 
In addition, streptavidin-coated polyurethane–urea nanoparticles were functionalized 
with biotin anti-VCAM-1 and anti-ICAM-1 antibodies for specific targeting. Both 
nanoparticulate systems showed no cytotoxicity in healthy endothelial cells and there-
fore good biocompatibility properties. Figure 7.1 shows a schema of the synthesis of 
different polyurethane nanoparticles obtained from O/W nano-emulsions by interfa-
cial polymerization and images obtained by transmission electron microscopy.

The formation of polyurethane nanoparticles from inverse nano-emulsions (W/O) has 
also been achieved. Interfacial polyaddition in inverse nano-emulsion is of special inter-
est since this allows the encapsulation of hydrophilic active materials such as proteins or 
nucleic acids. Thus, taking advantage of the high reactivity of tolylene 2,4-diisocyanate 
with water molecules, polyurea lipid nanocapsules with aqueous cores obtained from 
W/O nano-emulsions and prepared by PIT method were designed.50 Polymer synthesis 
occurs by in situ interfacial polymerization after nano-emulsion formation. Volatile oils 
employed as the continuous phase were removed by evaporation and the nanocapsules 
were redispersed in water. These nanocapsules could be potentially used for encapsula-
tion of both hydrophilic and lipophilic molecules simultaneously.

7.3   Polyurethane nanoparticles as drug delivery systems

The development of new strategies for the delivery of drugs and biologically active sub-
stances is an important challenge in the biomedical field. The use of therapeutic mol-
ecules is often limited due to their low bioavailability and solubility, low permeability 
across barriers, and short biological half-life in the organism.35 The encapsulation of 
these molecules in nanocarriers offers important advantages in terms of pharmacokinet-
ics and pharmacodynamics. Colloidal systems have been extensively used for several 
years to encapsulate and target different drugs.51,52 Between diverse developed nano-
carriers, polymeric nanoparticles have been demonstrated as useful tools for drug deliv-
ery.1,53 These systems protect the drug against in vivo degradation, thus improving its 
bioavailability, allow a longer term therapeutic effect through the slow drug release from 
the polymeric matrix, and control the suitable biodistribution of the drug according to 
the properties of the nanoparticulate system.54 The design of polymeric nanoparticles 
for drug release should be addressed to achieve specific targeting to enhance the ther-
apeutic efficacy of the drug while minimizing its toxicity. In vitro and in vivo tests are 
useful for evaluating the efficacy of the nanovector compared to the administration of 
the drug in solution. Taking into account that one commonly used administration route 
is intravenous apart from oral and intratumoral, the biocompatibility and bioadhesion 
properties of the nanoparticles in contact with blood or soft tissues should be assessed.55 
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Figure 7.1 Formation of different polyurethane nanoparticles (naked polyurethane, pegylated 
polyurethane, lysine-coated polyurea, biotinylated polyurethane–urea/pc DNA complex, and 
functionalized streptavidin-coated polyurethane–urea nanoparticles) obtained by interfacial 
polycondensation from O/W nano-emulsions (a) and transmission electron micrographs of 
polyurethane nanoparticles after being negatively stained with 1% v/v uranyl acetate (b).
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Moreover, intravenous administration implies that the nanocarrier should remain in the 
blood stream long enough to reach the target cell, organ, or tissue. Therefore nanoparti-
cles should exhibit stealth properties for not being quickly recognized and removed by 
the action of the reticuloendothelial system.56 In this regard, two strategies are usually 
employed56: one is to increase the hydrophilicity of the colloidal system with mole-
cules such as polyethylene glycol, a second is to achieve nanoparticles with small par-
ticle size (under 100 nm). Furthermore, the choice of polymer to prepare nanoparticles 
should also be governed by the biodegradability of the polymer after the drug has been 
released. Regarding the synthesis of polyurethane nanoparticles, the use of aliphatic 
diisocyanate instead of aromatic diisocyanate is preferred for in vivo applications. Poly-
urethanes derived from the reaction between lysine–diisocyanate and polyesters such as 
poly(ε-caprolactone) or poly lactic acid/glycolic acid as soft segments are emerging as 
potential therapeutic systems with good biocompatibility and release properties.31,57–59 
Nanovectors based on polyurethane have been used to entrap multiple molecules and 
therapeutic agents for imaging, gene therapy, or drug delivery.4,49,58,60–62 In this section 
we report some that have demonstrated high entrapment efficiency, therapeutic effect, 
good release profiles, and low cytotoxicity in vitro or in vivo.

Rosenbauer and coworkers63 designed polyurea nanocapsules from amino- 
functionalized surfactant, Lubrizol U, which can react with diisocyanate, thus being 
incorporated to the polymeric interfacial layer forming a more compact and imper-
meable capsule shell. These nanoparticles were used to encapsulate a hydrophilic 
fluorescent dye, fluorescein, with an entrapment efficiency around 85–95%. Cell 
uptake studies showed that nanoparticles were successfully internalized into HeLa 
cells. Similar studies demonstrated that functionalization by carboxymethylation or 
amino-functionalization, resulted in an increase of uptake by HeLa cells.44 These 
researchers also developed nanocapsules with aqueous cores and polymeric shells 
containing azo bonds to achieve selective release of encapsulated material by stim-
uli such as temperature, UV light, or pH change.64 The release of encapsulated sul-
forhodamine SR101 as a model molecule was also studied.64 Furthermore, dsDNA 
was successfully encapsulated in starch cross-linked polyurea nanocapsules.65 These 
nanocapsules were used as nanoreactors to amplify dsDNA through polymerase chain 
reactions. Similar nanocarrier platforms based on hydroxyethyl starch and polyurea 
functionalized with polyethylene glycol, which were able to encapsulate hydrophilic 
molecules, have been also reported.66 These nanoparticles exhibited stealth properties 
in in vitro and in vivo studies.

Hydrophilic contrast agents such as Magnevist®, Gadovist®, and Multihance® for 
magnetic resonance imaging have been encapsulated in polyurethane, polyurea, and 
cross-linked dextran polyurea nanocapsules.67,68 These systems exhibited good bio-
compatibility, efficient water exchange through different polymeric shells, high pay-
load, and high stability in biological media.

The encapsulation of anti-inflammatory drugs in nanovectors in polyurethanes has 
been also reported.69,70 A nonsteroidal anti-inflammatory drug, ketoprofen, has been 
successfully incorporated in pegylated polyurethane and lys-coated polyurea nanopar-
ticles with high entrapment efficiency of 89–95%. In vitro release studies were per-
formed achieving 80% of released free drug from the polymeric matrix after 6 h.69 
Dexamethasone, a glucocorticoid with anti-inflammatory properties, has been loaded 
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in nanocapsules consisting of a cross-linked hydroxyethylated glucose–polyurea 
polymer.70 These systems showed a targeted delivery through the suppression of the 
inflammatory response in nonparenchymal murine liver cells, such as Kupffer cells.

CBO-P11, a specific inhibitor of vascular endothelial growth factor and other 
angiogenic pathways, was efficiently incorporated in multifunctional anti-VCAM-1 
and anti-ICAM-1 polyurethane–urea nanoparticles.49 These systems showed a sig-
nificant and selective blockade of the proliferation only in inflamed endothelial cells 
and no cytotoxic effect was observed in healthy cells. Moreover, in vivo studies in 
CD1 mice demonstrated that these nanoparticles reach the target site after intravenous 
administration.

Polymeric polyurethane micelles and nanoparticles have also been shown to be 
good nanovehicles for transport and delivery of different anticancer drugs. Wang 
et al.43 developed temperature- and pH-responsive polyurethane nanoparticles based 
on hexamethylene diisocyanate to encapsulate doxorubicin. These polyurethanes were 
not cytotoxic. Nanoparticles were effectively uptaken by Huh-7 cells. The release 
of doxorubicin occurred by pH- and temperature-stimulated variations. Similarly, 
 targeting-clickable and tumor-cleavable polyurethane nanomicelles obtained from 
biodegradable poly(ε-caprolactone) and l-lysine ethyl ester diisocyanate showed a 
high loading capacity for doxorubicin, stimuli responsiveness, and good cytocom-
patibility.71 Moreover, the functionalization with folic acid enhanced cellular uptake 
and improved drug efficacy in HeLa cancer cells. Biodegradable and temperature- 
responsive polyurethane nanoparticles consisting of polyethylene glycol and l-lysine 
ester diisocyanate loaded with Adriamycin® have also been reported.72 Phenoxodiol and 
sunitinib malate were successfully incorporated into biotinylated polyurethane–urea 
nanoparticles.4 In vitro studies in cells revealed that drugs loaded into these nanopar-
ticles reduced the cell viability of hepatoma cells but not human endothelial cells, 
thereby exhibiting high specificity for tumor cells. Moreover a plasmid DNA encod-
ing green fluorescent protein was also incorporated into these nanoparticles. Trans-
fection of the reporter gene by fluorescent detection was only evidenced in cancer 
cells and no fluorescent signal attributed to GFP was observed in healthy endothelial 
cells. Furthermore, these studies demonstrated that biotinylated nanoparticles were 
only incorporated and accumulated in the perinuclear and nuclear area of tumor cells. 
This privileged subcellular localization in cancer cells makes these nanosystems good 
candidates for targeted gene therapy in cancer. Aspects related to targeting cancer cells 
are discussed in Section 7.3.1.

7.3.1   Polyurethane nanoparticles targeting cancer cells

Many different strategies and delivery systems have been evaluated for cell- selective 
drug targeting to tumors over the years. For that purpose, investigators have used 
liposomes, lipoplexes, albumin nanospheres, micelles, nano-emulsions polymers, and 
nanoparticles with antibodies, among others.73 Significant progress has been made 
in this area of research both at the preclinical and at the clinical level, and some 
promising nanomedicines such as Abraxane®, Doxil®, DaunoXome®, Oncaspar®, and 
DepoCyt® have been approved for clinical use.
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The high number of studies in the field of pathophysiological behavior of cancer 
cells and their milieu during past decades has improved the prospect of drug target-
ing to tumors. We know that cancer cells interplay with the immune system and with 
blood vessels to boost their uncontrolled growth. Indeed, many cancers arise from 
sites of infection, chronic irritation, and inflammation.74–76 As a tumor proliferates, 
it rapidly outgrows its blood supply, and regions of hypoxia arise, thus stimulating 
angiogenesis.77 In turn, along with the formation of blood vessels, tumors also recruit 
immune and inflammatory cells by means of the stimulation of the synthesis of cel-
lular adhesion molecules in the vascular endothelium. Unfortunately, since tumors 
promote a tolerant microenvironment and the activation of an array of immunosup-
pressive mechanisms,78 immune cells are not effective at fighting cancer cells. Quite 
the contrary, immune and inflammatory cells amplify the inflammatory reaction 
through the formation of new blood vessels, stimulate tumor cell growth, and induce 
tumor cells to migrate out of the tumor and enter vessels.79 It is therefore now becom-
ing clear that this vascular tumor microenvironment, which is largely orchestrated by 
inflammatory cells, is an indispensable participant in the neoplastic process, foster-
ing proliferation, survival, and migration.74 Moreover, one of the molecular events 
linking inflammation and cancer is an increase in cellular adhesion molecules that 
are expressed on the luminal surface of endothelium on inflammation. These adhe-
sion molecules, such as VCAM-1 and ICAM-1, are shared by some cancer cells and 
have the ability to contribute to metastasis. Thus, an elevation of adhesion molecules 
in chronic inflammation may be a risk factor for metastasis.80 In this regard, func-
tionalizing polyurethane nanoparticles with streptavidin has been reported as a good 
strategy for targeting inflamed vessels in mice, taking advantage of the spontaneous 
binding of biotinylated antibodies to these multifunctional nanoplatforms.49 The ther-
apeutic strategy consisted of targeting polyurethane nanoparticles with anti-VCAM-1 
or ICAM-1 antibodies and loading them with an antiangiogenic drug to arrest the 
blood supply.49 Similarly, other investigators are focusing on targeting polyurethane 
nanocapsules to suppress the inflammatory response of phagocytic cells, by delivering 
anti-inflammatory drugs such as dexamethasone.70 Another feature of tumor tissue 
that has been exploited to design nanomedicines is the acidic environment where can-
cer cells grow. The pH value of the bloodstream is approximately 7.4, while the exist-
ing tumoral pH and that of endocytic compartments of the cells generally ranges from 
4 to 6. This difference in pH value makes pH-triggered drug release possible. Thus, the 
use of pH-sensitive biodegradable polyurethane nanoparticles and also mesoporous 
materials as delivery carriers with anticancer drug controlled release has been tested 
in vitro and in vivo, with promising outcomes.43,81

Advances in the understanding of the changes that healthy cells undergo when 
transforming into cancer cells are allowing improvements in the design of nanomedi-
cines. However, the specific targeting of nanoparticles to only cancer cells and deliv-
ering chemotherapy without affecting healthy cells remain a challenge. Recent reports 
designing antibody-coated polyurethane nanoparticles or mutiblock polyurethanes 
have shown the efficacy of targeting a cell surface receptor that is overexpressed 
in many cancer cells, epidermal growth factor receptor.31,82 However this receptor 
is ubiquitous83 and that means that nontumor binding may occur when applied in 
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patients with cancer. For this reason, molecularly and targeted therapeutics with a 
time-delayed release of drug may more preferentially kill cancer cells and improve the 
balance between the efficacy and the toxicity of systemic anticancer therapy. In this 
regard, pegylation of polyurethane nanoparticles has shown a sustained-release profile 
of the anticancer drug doxorubicin due to the chemical structure and interactions with 
the polymeric shell.30 Cancer cells also display an array of common traits that allow 
their permanent growth and spreading, such as angiogenesis promotion, release of 
matrix-degrading enzymes, and high expression of carriers for nutrients.84 Among 
nutrient carriers, biotin and folic acid transporters have been found to be highly active 
and overexpressed in cancer cells.85–87 Namely, biotin participates in cell signaling, 
gene expression, and chromatin structure in cell proliferation.88 Cells accumulate bio-
tin through both the sodium-dependent multivitamin transporter and the monocar-
boxylate transporter 1. These transporters, along with other biotin-binding proteins, 
drive biotin to compartments involved in metabolism, cell growth, and division. The 
activity of certain factors in cell signaling pathways, such as biotinyl-AMP, Sp1 and 
Sp3, nuclear factor-κB, and receptor tyrosine kinases is dependent on biotin supply.88 
Surface coating of polyurethane nanoparticles with biotin has been shown to be an 
effective strategy to selectively target and deliver drugs or plasmids into hepatocellular 
carcinoma cells with minimal binding to endothelial cells.4 Similarly polyurethane 
micelles and nanoparticles coating folic acid to their surface have been demonstrated 
to have an enhanced cellular uptake and improved drug efficacy toward HeLa and 
HepG2 cancer cells in vitro.61,71

Nanotechnology-based therapeutics have exhibited clear benefits when compared with 
unmodified drugs, including improved half-lives, retention, targeting efficiency, and lower 
patient side effects. However, the problems to overcome are difficult. This field has led to 
the identification of several important pitfalls in tumor-targeted drug delivery:

 1.  Overestimation of the enhanced permeability and retention effect by which particles with a 
very small size (typically liposomes, nanoparticles, and macromolecular drugs) should be 
accumulated into the tumor microenvironment due to the unique anatomy of tumor vessels. 
This postulate must be tested for every polymeric composition because it is dependent not 
only on size but also on chemical and surface properties.

 2.  Reduced tumor and tissue penetration of nanomedicines.
 3.  Misinterpretation of the potential usefulness of active drug targeting.
 4.  Confusing formulation design, based on materials that are too complex and not broadly 

applicable in biomedicine.
 5.  Insufficient incorporation of effective drugs for a therapeutic effect clinically relevant in 

combination regimens.
 6.  Insufficient studies focusing on the highest medical needs in cancer, that is, treating metas-

tasis, and not just solid tumors.
 7.  Inadequate integration of noninvasive imaging techniques and theranostics, which might be 

used to personalize nanomedicine-based therapeutic interventions.
 8.  Lack of appropriate animal models to reproduce the pathophysiology more similar to the 

clinical situation.

These perceptions strongly suggest that besides investigating ever more different 
polyurethane combinations for cancer, forthcoming efforts should also be addressed 
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to understanding the unique pathophysiology of every tumor and the interaction of 
cancer cell–material. With this conceptual integration, polyurethane carriers modified 
for drug targeting to tumors should help to overcome these shortcomings and help in 
clinical practice.

7.4   Polyurethane nanoparticles as diagnosis tools

Advances in imaging technology for medical diagnosis have revolutionized almost 
every aspect of medicine. Computed tomography (CT) and angiography scans, mag-
netic resonance imaging (MRIs), positron emission tomography (PET) scans, other 
techniques, and combinations of them have had a huge impact on the diagnosis and 
treatment of disease from 1995 to 2015. Some years ago, an angiography (an exam-
ination of the blood vessels) could only be done by inserting a catheter into an artery. 
In the procedure, contrast material (a substance that makes it easier to see tissue in 
an X-ray) is injected through the catheter. Then an X-ray image is taken to look for 
blockages, internal bleeding, etc. Catheter angiography can take up to several hours. 
It often requires sedatives and sometimes a night in the hospital. It also has risks, 
like a small chance of blood clots or bleeding. The newest CT scans are a completely 
noninvasive way to obtain the same information as an invasive catheter angiography. 
In CT angiography, the contrast material is injected into the arm and the arteries in 
the lungs, kidneys, brain, and legs can be examined. The entire process takes just 
10–25 min. CT angiography has not completely replaced the old technique as tradi-
tional angiography is still commonly used to evaluate heart arteries for blockages.89 
Imaging tests have also replaced exploratory surgery. With CT, MRI scans, and ultra-
sound the surgical approach has improved substantially. PET has become increasingly 
important in recent years, particularly since it was combined with CT scanning in 
one device. Unlike many other imaging technologies, PET scans are not designed to 
analyze images of organs or tissue. Instead, PET images biological functions, such as 
blood flow or glucose metabolism. The fusion of PET and CT allows simultaneous 
determination of both the metabolic information of PET and the anatomic detail of 
CT. More detailed imaging is allowing increased resolution of the data while pro-
viding early and more accurate diagnoses. In many cases, it might even lead to more 
successful treatment.90

Different imaging agents for MRI, PET/SPECT, and fluorescent markers can be 
attached to the surface of polyurethane nanoparticles for targeting specific cells or tis-
sues. The rationale of nanoimaging is to facilitate imaging by selectively targeting the 
injured or diseased area in contrast to unspecific current contrast agents. This strategy is 
designed to gain information about the extension of a diseased cell type or tissue (like 
in cancer), study kinetics, trafficking pathway, or therapeutic efficacy. A first approach 
in the field from a group of investigators was the use of polyurethane nanocapsules 
containing the hydrophilic commercial contrast agents Magnevist® and Gadovist®.68 
These investigations demonstrated that polyurethane matrices can preserve the porosity 
necessary for the exchange of water molecules through the capsule wall to ensure T1 
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relaxation of the contrast compound and be useful for MRI. The use of the miniemul-
sion technique produces small stable droplets; subsequent polymerization of these 
droplets leads to particles or capsules, which ideally keep their size.91 Further investi-
gations demonstrated that polyurethane nanocapsules are stable in human blood plasma 
without altering the effectiveness of the loaded contrast agent.67 A different approach to 
transform bare polyurethane nanoparticles in real biosensors has been the noncovalent 
functionalization with multiwall carbon nanotubes loaded with hemoglobin.92 This way, 
immobilized hemoglobin could maintain its native conformation and bioactivity and 
also exhibit an excellent electrochemical behavior to be detected by different techniques.

More recently, new approaches trend to multifunctional or targeted polyurethane 
nanoplatforms with different imaging agents. Multifunctional polyurethanes bearing 
cell-penetrating gemini quaternary ammonium-pendant groups in the side chain and 
redox-responsive disulfide linkages throughout the backbone, have been developed for 
potential MRI and drug delivery.60 These nanocarriers are loaded with superparamag-
netic iron oxide nanoparticles demonstrating excellent MRI contrast enhancement for 
both efficient intracellular delivery of anticancer drugs and real-time monitoring of ther-
apeutic effect. Other investigators take advantage of the magnetic properties of metallic 
agents such as Fe3O4 to design nanoparticles based on a paraffin core and polyurea shell 
with the expectation that organic polyurea shells would offer structural flexibility and 
convenient processing, while the inorganic Fe3O4 would provide enhanced thermal con-
ductivity and additional magnetic properties for imaging as well as thermal therapy.93

The functionalization of polyurethane nanoparticles to target fluorophores to spe-
cific cells has been focused on basic science since there are no devices designed for 
detecting low levels of cell-selective fluorescence in clinics currently. In this context, 
polyurethane nanoparticles from nano-emulsions have been described; these encap-
sulate pH independent fluorescent dyes or coating streptavidin fluorophores and have 
the potential to attach peptides or biotinylated agents (such as antibodies or receptors) 
to selectively target and detect cancer cells.4,44 A convenient functionalization of the 
aqueous core of polyurethane nanoparticles with different imaging agents appears as 
a suitable strategy for improving the efficiency of current diagnostic imaging agents.

7.5   Polyurethane nanoparticles as theranostic tools

Simultaneous targeted drug therapy and imaging for diagnostics (theranostics) is still 
a current challenge in nanoscience. There have been increasing approaches in diverse 
nanoscale platforms from 2005 to 2015 to develop multifunctional medical nanocarri-
ers for targeted delivery, fast diagnosis, and efficient therapy.73,94,95 Particularly, in the 
field of nanomedicine, it is crucial that biocompatible nanocarriers are well designed 
to achieve a selective and efficient treatment and tagging of specific diseased cells, 
thus delivering drugs and coating imaging agents to aid in the recognition of targeted 
tissue during diagnosis. Among the numerous developed colloidal systems, nanopar-
ticles based on polyurethane–urea matrices offer new possibilities to covalently bind 
bioactive molecules on the surface. This makes the functionalization of polyurethane–
urea nanoparticles an interesting approach for obtaining new tools for theranostics. 
In this context, surface coating of polyurethane–urea nanoparticles with streptavidin 
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represents a multifunctional strategy to bind either specific biotinylated antibodies or 
imaging agents for therapy or diagnostics.49 Surface coating of polyurethane–urea 
nanoparticles with biotin has been demonstrated also to be useful for biomedical diag-
nostics or specific drug delivery on cancer cells by means of delivering antiprolifera-
tive drugs plus a plasmid encoding for a fluorophore (GFP).4 Therefore polyurethane 
nanoparticles can also transport and transfect nucleic acids, allowing the improve-
ment of current transfection methods. Actually these plasmid DNA-biotinylated 
nanoparticles had higher transfection into hepatocellular carcinoma cells than healthy 
endothelial cells in comparison to DNA linked to the commercial FuGENE®6.4 This 
means that both the therapy and the diagnostic potential properties of biotinylated  
nanoparticles are selective for human hepatoma cells and are not expected to have 
toxic effects on vasculature or false positives in the labeling of tumor tissue. Taken 
together, surface- modified polyurethane nanoparticles can be good carriers for tar-
geting drugs and imaging agents and also bridge the gap between the promise of gene 
therapy and the clinical applications. The design, uptake, and multitargeting of typical 
pegylated  polyurethane–urea nanoparticles for theranostics are shown in Figure 7.2.

Figure 7.2 Design, uptake, and multitargeting of pegylated polyurethane–urea nanoparticles 
for theranostics. (a) Design of theranostic platform of polyurethane–urea and (b) theoretical 
mechanism of targeting and uptake of functionalized pegylated polyurethane–urea nanoparti-
cles loading a therapeutic agent and fluorescent dye on tumor cells.
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Maximal surgical resection of a tumor improves the survival of patients.96 How-
ever success in surgery still relies on the surgeon’s ability to delimit the presence 
of residual tumor tissue at the time of surgery. Neoplastic tissue limits are virtually 
indistinguishable from normal tissue, thus pointing to a clear need for improving 
tumor delineation during surgery. Some investigations suggest that DNA/nanoparti-
cle hybrids are promising machinery for gene therapy and diagnostics in cancer.97,98 
These hybrids show clear advantages in relation to the use of fluorescein or other 
imaging agents coated to nanoparticles since it is very difficult to implement fea-
sible tumor imaging techniques that simultaneously offer sufficient specificity and 
sensitivity. Nanotechnology offers a tremendous potential for medical diagnostics 
and novel therapeutic modalities. The combination of nanoscale materials with 
multitarget antitumor drugs and a reporter gene encoded by DNA can lead to the 
development of multifunctional medical nanoplatforms for simultaneous targeted 
delivery and diagnosis as well as better monitoring of the therapeutic process. 
Nanoscale carriers for multitarget drugs and nucleic acids require positively charged 
surfaces with the consequent increase of toxicity on healthy cells. In contrast, poly-
urethane nanoparticles do not require a positively charged surface to bond DNA, 
thus allowing minimal cytotoxicity. Overall polyurethane nanoparticles could pro-
vide new perspectives to overcome the current limitations of therapy and diagnostics 
by means of state-of-the-art nanostructure tools and also encourage the researchers 
to improve the promising field of gene therapy.

Theranostic nanoparticle usage, which combines both therapeutic and diagnostic 
capabilities in one dose, has promise to push the biomedical field toward personalized 
medicine. Different theranostic strategies developed for the diagnosis and treatment 
of disease, such as nucleic acid delivery, hyperthermia (photothermal ablation), pho-
todynamic, chemo, and radiotherapy are combined with one or more imaging func-
tionalities for both in vitro and in vivo studies.99 Different imaging probes, such as 
MRI contrast agents, nuclear imaging agents (PET/SPECT agents), and fluorescent 
markers (organic dyes and inorganic quantum dots), can be shell-decorating therapeu-
tic agents or polymeric vehicles to facilitate their imaging to gain information about 
the kinetics, trafficking pathway, or therapeutic efficacy. To date there are not many 
studies using polyurethane nanoparticles as vehicles for the wide array of commer-
cial diagnostic contrast agents useful in clinics. Further study is required to allow the 
design of polyurethane particles to be easily detectable by equipment available in any 
medical center.

7.6   Future trends

Significant advances have been made in the design, formation, and characterization 
of polyurethane nanoparticles. Different approaches have been employed to synthe-
size polyurethane nanoparticles as carriers of imaging agents, as drugs, or as copo-
lymers to form different versatile matrices. The chemical reactivity and properties 
of these polymers make them suitable to bind peptides, nucleic acids, antibodies, 
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and other biomolecules to obtain functionalized nanoparticles for an array of med-
ical applications. Further work is still required to develop new methods to obtain 
nanoparticle matrices with tuned porosity and degradability for sustained controlled 
drug release. In the future, the goal is to obtain smart multifunctional nanoparticles 
to target specific cells for the release of drugs or imaging agents controllable and 
triggered by external signals (such as infrared light, ultrasound, and magnetic force) 
or the local environment. Moreover, polyurethane nanoparticles will have improved 
drug solubility, oral bioavailability, targeting ability, lower dosage with the same 
effects, better side-effect profile, more convenient dosage forms, and the ability to 
cross biological barriers. Overall, the development of polyurethane nanoparticles 
from 2005 to 2015 has boosted the use of polyurethanes as suitable materials for 
biomedical applications. Future advances should see these nanostructured material 
systems applied in the clinic in such applications as drug delivery, gene transfection, 
and tumor imaging.
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8.1   Introduction

Polyurethanes (PUs) are found everywhere: the chair we sit on, the comfortable bed 
we sleep on, every nook and corner of our house, the car we drive, the refrigerator 
and air conditioner that comfort us, and many other day-to-day objects. PUs can 
also be used for drug delivery and may be fabricated as bioinert, biodegradable, 
stimulus-responsive, shape-memory, conjugated, self-assembled, rigid, flexible, and 
porous systems.

PUs were discovered as far back as 1947 by Otto Bayer [1]. A great variety of PUs 
can be synthesized based on the different substituents. The reactions are also straight-
forward, and they can be synthesized in large scales for industrial purposes. Chemi-
cally PUs are carbamates having an dNHCOOd backbone. PUs are synthesized by 
reaction between diisocyanates (DIs) and polyols in the presence of a suitable catalyst 
(Figure 8.1(a)). The physical property of PUs may be controlled by choosing the type 
of polyols or isocyanates.

PUs are unique type of polymers that may be thermoplastic, elastomeric, and 
thermosetting. PUs may be compact or foamed. They are extremely adaptable and 
sustainable problem solvers for the challenges that our society is facing, imposing 
special demands on materials [2]. Engels et al. comprehensively reviewed different 
applications of PUs. According to them, the secret to the success of PU chemistry is 
the reactivity of the isocyanate groups toward all types of nucleophiles plus the great 
variability of the polyols and polyisocyanates (Figure 8.1(b)), resulting in a combi-
natorial diversity of possible polymers. PUs have demonstrated their versatility and 
adaptability to new challenges for over 75 years, and they have many more to offer.

PUs have also been used in biomedical devices as they are biocompatible with 
significant control over mechanical strength and flexibility [3–7]. PUs can be ren-
dered either biodegradable or bioinert by controlling the building blocks and their final 
chemical structure. Biodegradable PUs are mainly employed in drug delivery sys-
tems. PUs can be designed to be responsive [8–11] and also to carry positive charges 
[12]. These properties may be tuned according to the need by controlling the archi-
tecture of PUs. They are normally synthesized by step polymerization of DIs and  
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diols/polyols [13]. Difunctional isocyanates and diols result in linear polymers 
whereas cross-linked PUs are synthesized using tri- (or higher) functional monomers. 
DIs can also react with bisamines to give polyureas.

Practically, for better control, PUs are synthesized using three different compo-
nents: DIs (aliphatic or aromatic), polyols (mostly diols or triols), and chain extenders 
(diols or diamines).

Aromatic DIs are more reactive than aliphatic ones. PUs made from aliphatic DIs 
are more resistant to ultraviolet irradiation, while aromatic DI-based PUs can undergo 
photodegradation [14]. The structures of the DIs, polyols, and chain extenders play 
key roles in the final polymer properties [15].

Polyols are mostly dihydroxyl-terminated macroglycols of polyethers, polyesters, 
and polycarbonates (Figure 8.2). Relatively low molecular weight polyols such as 
pentaerythritol or N-BOC-serinol are also used for the synthesis of PUs. The polyol 
block plays an important role in the physicochemical and mechanical properties of 
the PUs.

Polyester-based PUs are more sensitive to hydrolytic cleavage than polyether-based 
PUs. However, the introduction of bulky alkyl side groups into a hydroxyl-terminated 
polyester (e.g., poly(2,4-diethyl-1,5-pentamethyleneadipate) yields PUs that are more 
hydrolytically stable with regard to hydrolysis [16]. Polyethylene oxide-based PUs 
exhibit water sensitivity due to their hydrophilicity and the water-absorbing capacity 
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of the ethylene oxide units. PUs based on the more hydrophobic polypropylene oxide, 
on the other hand, are less water sensitive [13].

Serinol, the serine derivative with two dOH groups, is suitable for reacting with DI 
[17]. The mechanical properties of PUs synthesized from only isocyanates and polyols  
are poor. Chain extenders render PU’s microphase separation between the two thermo-
dynamically incompatible segments i.e., hard segments (composed of dNHdCOOd 
and the chain extender) and the soft segments (the polyols part). The hard domains 
impart mechanical strength, and soft domains flexibility (Figure 8.3) [18–20]. Chain  
extenders are normally low molecular weight bisamines or diols such as 1,4-butanediol  
(BDO), 1,3-propanediol (PDO), ethylene diamine, and putrescine.

8.2   Chemistry of polyurethanes

PUs are synthesized by the reaction between isocyanates (commonly DIs) and diols 
(or polyols), which results in the formation of carbamates. Depending on the diols or 
isocyanates used the mechanical/physical properties of the resulting polymers can be 
controlled. The most commonly used isocyanates are the aromatic DIs, toluene diiso-
cyanate (TDI) and 4,4’-diphenylmethane diisocyanate (MDI).
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Chain extenders (  f = 2) and cross-linkers (  f = 3 or greater) are low molecular weight  
hydroxyl- and amine-terminated compounds that play an important role in the poly-
mer morphology of PU fibers, elastomers, adhesives, and certain integral skin and  
microcellular foams. The elastomeric properties of these materials are due to phase 
separation of the hard and soft copolymer segments. The urethane hard segment 
domains serve as cross-linkers (through hydrogen bonding) between the amorphous 
polyether (or polyester) soft segment domains. This phase separation occurs because 
the mainly nonpolar, low melting soft segments are incompatible with the polar, high 
melting hard segments. The soft segments, which are formed from high molecular 
weight polyols, are mobile and are normally present in coiled form. The hard segments 
formed from the isocyanate and chain extenders are stiff and immobile. Because the 
hard segments are covalently coupled to the soft segments, they inhibit plastic flow of 
the polymer chains, thus imparting elastomeric properties (Figure 8.3).

8.3   Use in drug delivery

PUs can be differentiated into bioinert PUs and biodegradable PUs, among which 
the former is used in medical devices and applied as artificial organs. The latter is 
used in tissue engineering and as drug delivery carriers. The unique chemistry and 
flexible processing of these segmented polymers to produce the urethane materials 
with widely differing properties such as thermoplastic elastomers and flexible or rigid 
foams make them versatile materials. For instance, they are applicable as either per-
manent medical implants or biodegradable tissue scaffolds [21–23]. The applications 
of PUs in delivery of therapeutic moieties are listed in Table 8.1.

The chemistry of PUs can be tuned to render the polymer pH- and thermo- 
responsive. PU-based stimuli-responsive drug delivery systems are widely explored.  
For example, incorporation of pH-sensitive groups such as carboxyl and amino 
provides pH sensitivity to the polymer. PUs based on primarily DIs will provide 
temperature sensitivity. DI-dominated-based PUs have been reported to encapsu-
late doxorubicin (DOX) successfully, and uptaken by Huh-7 cells [29,34,39]. The 
surfaces of PU systems can be modified by attachment of targeting ligands such 
as monoclonal antibodies, which render recognition, binding, and internalization 
capacity for the system. For example, polyclonal IgG-loaded PU hydrogel coat-
ings reduced the bacterial adhesion and can be applicable for biomaterial-centered 
infection [13,40]. PUs sensitive to pH can also be synthesized by using capro-
lactone derivatives in soft segment, and l-lysine DI in hard segment, which are 
proved to be safe and effective biodegradable carriers for intracellular antitumor 
drug delivery [41] (Figure 8.4).

Methods used for preparing of poly(ester urethane)–urea scaffolds are electro-
spinning, solvent casting/salt leaching, phase inversion, laser excimer, and thermally 
induced phase separation. Electrospun poly(ester urethane)–ureas are elastomeric and 
the synthesis method allows control of fiber diameter, porosity, and degradation rate. 
All these properties aid in the development of soft tissue scaffolds. However, electro-
spinning produces fibers with unacceptably small pore sizes. Thermally induced phase 
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Table 8.1 Applications of polyurethanes in delivery of drugs and macromolecules

S. No. Delivery system Drug incorporated Remarks References

1 Polyurethane film-based 
stent covering

Gemcitabine Applied for local drug delivery in case of unresistable 
pancreatic or biliary malignant tumors

[24]

Initial burst release was enhanced with increased loading 
whereas total amount released was higher with lower 
loading

2 Azo-containing  
polyurethane-coated drug 
pellets

Model drugs (hydrophilic 
in nature)

Double-coated drug pellets which are undercoated with 
(carboxymethyl)(ethyl)-cellulose and overcoated with 
the azo polymer

[25]

Colon-specific delivery
Effective prevention of the drug leakage was observed  

with PU
3 Polyurethane intravaginal 

rings
Dapivirine and tenofovir Suitable delivery system for the sustained delivery of drugs 

with contrasting hydrophilicity
[26]

Tenofovir showed sustained release whereas dapivirine 
exhibited linear release over time

4 Polyurethane matrices Cefamandole nafate Carboxylated polyurethane/antibiotic-loaded albumin 
nanoparticles composite Exhibited controlled  
drug release

[27]

Prolonged antimicrobial activity from 4 to 9 days
5 Nanostructured polyure-

thane matrix
Cefamandole nafate Bovine serum albumin or polyallylamine nanoparticles 

loaded with antibiotic incorporated in a polyurethane 
matrix

[28]

Prolonged antimicrobial activity up to 9 days.
6 Temperature- and pH- 

responsive PU-based 
nanoparticles

Doxorubicin Hexamethylene diisocyanate (HDI) and 4,4′-diphenylmeth-
ane diisocyanate (MDI)-based PUs showed temperature- 
and pH-responsive properties

[29]

Efficient encapsulation into polyurethane nanoparticles and 
uptaken by Huh-7 cells

HDI-based PUs were nontoxic

Continued
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7 Polyurethane foams DB-67 and doxorubicin Covalent incorporation of anticancer compounds DB-67 
and doxorubicin into polyurethane foam

[30]

Rates were dependent on temperature and chemical struc-
ture of the drug

Differential release of covalently bound drugs
8 Polyurethane gels Model dye (crystal violet) Gels were prepared from polyether PUs [31]

Drug release from segmented polymer was based on 
partition of the drug in the heterogeneous matrix and 
the interaction between the drug and the hard segments 
whereas it depends on diffusion of drug through delivery 
system in case of PU gel.

9 Polyurethane scaffolds Platelet-derived growth 
factor (PDGF)

Biphasic release of PDGF was observed [32]
PU/PDGF scaffolds accelerated wound healing when 

implanted in rat skin excisional wounds
Formation of new granulation tissue as early as day 3
Opened the opportunities for the development of novel 

injectable therapeutics
10 Polyurethane nanoparticles Adriamycin® Temperature-sensitive polymers were synthesized  

based on poly(ethylene glycol) (PEG) and l-lysine ester 
diisocyanate (LDI)

[33]

Showed about 25% encapsulation efficiency
Release of drug was dependent on transition temperature  

of LDI-PEG600
11 Polyurethane films Chlorhexidine diacetate Release of the drug was dependent on the drug loading  

and the structure of the system
[34]

Exhibited persistent antibacterial activity against 
 Staphylococcus species

Applicable in dental and clinical setup

Table 8.1 Continued
S. No. Delivery system Drug incorporated Remarks References
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12 Thermoplastic polyurethane 
matrix

Metoprolol tartrate High drug loading up to 65% is possible [35]
On drug release, total porosity of the matrix increased 

gradually
Oral administration of PUs did not show any adverse 

effects on GIT
13 Polyurethane scaffolds Recombinant human bone 

morphogenetic protein 
(rhBMP)

Initial burst release followed by sustained release was 
observed

Enhanced new bone formation was shown by BMP-loaded 
PU scaffolds

[36]

14 Polyurethane tablets Diprophylline High drug loading was possible with PU matrices [37]
Influence of drug release modifiers such as dicarboxylic 

acids on drug release was observed
Succinic and maleic acid had the highest drug release- 

modifying capacity
15 Polyurethane 

 pressure-sensitive 
adhesives

Thiamazole diclofenac 
sodium ibuprofen

Excellent stabilization of the model drugs without any skin 
irritation for PEG-based PU pressure-sensitive adhesives

[8]

Drug release was dependent on the loading and solubility 
of the drug

16 Polyurethane bearing model 
drug

Ibuprofen Ibuprofen was introduced into the polymeric backbone via 
ester linkages

[38]

Drug release was based on degradation of ester linkages
Tunable drug release can be achieved with this new macro-

molecular design
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separation seems to be the more popular method of scaffold construction, as pore size 
and structure can be controlled [42–44].

PU–esters are mainly employed as biodegradable drug delivery vehicles. These sys-
tems were generally fabricated as nanohybrids, implants, or other suitable dosage forms. 
The release may be modulated by controlling the chemistry of the polymer. The ratio 
of ester:urethane is intrinsic for controlling the rate of hydrolysis. Ester bonds of these 
polymers undergo a faster, but controlled hydrolysis. Later the urethane bonds degrade, 
resulting in smaller fragments, eliminated rapidly from the system (Figure 8.5).

Drug release from nonbiodegradable PU matrices will be via a diffusion mecha-
nism, where the rate of release will be dependent on the thickness and permeability of 
the polymer matrix and solubility of the drug in the polymer matrix. The release pro-
file from biodegradable PU matrices will be dependent on the composition, swelling, 
degradation rate, and initial drug loading [13,26,45]. The proportions of DI and diol 
play a crucial role in the synthesis of biodegradable PUs. Aliphatic DI yields less toxic 
diamine (degradation product of PUs) than aromatic DI [46,47].

8.3.1   Biocompatibility and biodegradability of polyurethanes

Coexistence of foreign materials inside the human tissue depends on the biocompati-
bility of the material. An ideal biocompatible material should not elicit inflammatory 
reactions [48]. Depending on the structure of PUs, they can be either biocompatible 
or biodegradable.

It has been observed that PUs synthesized from aliphatic isocyanates are reported 
as more biocompatible than aromatic isocyanate-based PUs [49–54]. Therefore, PUs 
based on aliphatic isocyanates are preferred over aromatics for in vivo applications 
[55]. Aromatic-based PUs degrade to yield aromatic amines, which may be carcino-
genic, and therefore avoided for biological applications. The strategy for avoiding 
toxicity arising from such degradation product is to use naturally occurring substrates 
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as backbone. Lysine DI is an example, it will degrade to yield a naturally occur-
ring amino acid lysine [56]. Another commonly used biocompatible PU is based on 
poly(ε-caprolactone) diol and the degraded product is biocompatible and biodegrad-
able [57]. These materials have already been applied in tissue and bone engineering 
[58]. Biocompatible cross-linked porous polyester urethanes based on ethyl lysine DI, 
pentaerythritol, and lactic acid/glycolic acid were reported. Despite releasing higher 
amount of amines, no adverse inflammatory responses were observed [59].

PUs undergo biodegradation mainly by hydrolytic cleavage of the carbamate 
bonds. The hard segments in PUs may also undergo oxidative degradation. The kinet-
ics of the hydrolysis significantly depend on the PU structure [60]. Ester-based PUs 
undergo enzymatic (e.g., cholesterol esterase, carboxyl esterase, lipase) hydrolysis 
and the cleavage results in the formation of α-hydroxy acids [61].

Urethane bonds are also amide mimetics, so they can be hydrolyzed by enzymes 
such as human neutrophil elastase and pancreatic elastase [62]. PUs containing ester 
linkages degrade faster compared to those with ether linkages. The degradation of 
poly(ester urethane urea) by porcine pancreatic elastase was 10 times faster than that 
of poly(ether urethane urea).

The hard segment of PUs, urea linkages may be degraded by proteolytic enzymes 
such as papain or urease [49,63]. Another way of degradation of PUs is through oxi-
dative degradation by hydrogen peroxide generated by enzyme myeloperoxidase to 
generate respective amines and carbon dioxide [13]. PUs can be decomposed in vivo 
through hydrogen peroxide (oxidative degradation), generated by the macrophages.

Zhou et al. described the synthesis of pH-sensitive biodegradable PUs. They 
used a novel pH-sensitive macrodiol containing acid-cleavable hydrazone linkers, 
poly(ε-caprolactone)–hydrazone–poly(ethylene glycol)–hydrazone–poly(ε-caprolactone)  
diol (PCL–Hyd–PEG–Hyd–PCL). The macrodiol was used with l-lysine ethyl ester 
diisocyanate (LDI) and l-lysine-derived tripeptide as chain extender [47]. These PUs 
could self-assemble into micelles in aqueous solutions. Later, the same research group 
synthesized pH-sensitive polymers using 1,4-butanediol as chain extenders and sug-
gested its use as antitumor drug carriers [41].

Highly pH-sensitive polymer was synthesized by introducing pyridine rings into 
the backbone of PU. The mechanism of pH responsiveness was found to be the for-
mation of hydrogen bonding interactions between the N atom of the pyridine ring 
and the HdN of urethane in neutral or alkaline environments, disrupted under acidic 
conditions due to the protonation of the pyridine ring [64] (Figure 8.6).

8.3.2   Polyurethane-based shape-memory polymers

Materials that show a shape-memory effect can be deformed into a temporary shape 
and afterwards they can recover their original shape on exposure to an external stim-
ulus [65,66]. Shape-memory polymers (SMPs) are stimuli-responsive “smart” poly-
mers that have dual shape, which responds to application of an external stimulus. SMP 
is conventionally processed to receive its permanent shape. Afterward, the polymer 
is deformed and the intended temporary shape is fixed [67,68]. This process is called 
programming. These polymers basically consist of two phases, fixed points or frozen 



227Polyurethanes for controlled drug delivery

phase and reversible flexible phase. In PUs (Figure 8.7) the soft segment domains 
form the reversible phase, with their crystalline melting temperature being the shape 
recovery temperature and hard segments of PUs become the fixed points or frozen 
phases [69].

Segmented PUs are basically block copolymers of soft segments and hard seg-
ments. Soft segments are polyols of typical molecular weight 1000–2000, whereas 
hard segments are built from DIs and extenders. Depending on the types and compo-
sitions of soft and hard segments and preparation procedures the structure–property 
relationships of PUs are extremely diverse and easily controlled. Hence, the shape- 
recovery temperature can be set at any temperature between –30 °C and 70 °C, allow-
ing a broad range of applications. They can be molded using conventional processing 
techniques including extrusion, injection, and blow molding which allow versatility 
of shaping.

PUs have wide applications in tissue and bone engineering. SMPs can be inserted 
to the anatomical site by making a minimal incision. The devices may be provided 
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appropriate stimulus so they regain their original shape. Such PU-based biodegrad-
able foams aimed at bone and tissue-engineering applications and were reported 
[70–72].

Shape-recovery procedures in SMP are extremely important. Most SMPs used 
receive an external stimulus in the form of heat or light. Another practically feasible way 
is solvent-induced shape recovery. Kalita et al. reported PUs based on PDI and TDI with 
solvent-induced shape-responsive properties [73]. Recently, Thakur et al. reported PU 
SMP nanocomposites based on castor oil and their shape is recoverable by sunlight [74].

Recently Langer and Lendlein reported a PU-based shape-memory suture [75]. The 
smart surgical suture is tied loosely, and after exposure to physiological stress and pH 
it tightens the knot automatically. These sutures are biodegradable.

8.3.3   Polyurethane-based nanoparticle system

PUs are often used as nanomaterial carriers, but PU-based nanoparticles have also 
been reported. Most of the nanoparticles have been synthesized by miniemulsion tech-
niques [76]. Miniemulsions are stable aqueous dispersions of oil droplets, which are 
prepared by high shear of a system containing oil, water, surfactant, and a hydrophobe.

PU nanoparticles have also been synthesized using several techniques such as 
suspension–polycondensation [77], interfacial polycondensation and concomitant 
emulsification [78], suspension polyaddition [79], and dispersion in organic solvent 
using supercritical carbon dioxide [80,81]. The preparation of PU nanoparticles via 
miniemulsion techniques was also reported.

Mishra et al. reported PU-based nanoparticle systems. They synthesized PUs by 
using aliphatic chain extenders of varying chain lengths. They also prepared nano-
hybrids of PUs by dispersing them in 2D nanoclay. They observed enhancement in 
toughness with increase in aliphatic chain length. Finally, they demonstrated con-
trolled biodegradable PUs and their nanohybrids [82].

Wang et al. reported a series of temperature- and pH-responsive PUs based on 
hexamethylene diisocyanate (HDI) and 4,4′-diphenylmethane diisocyanate (MDI). 
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They used these PU-based nanoparticles for DOX encapsulation. The results indi-
cated efficient encapsulation into PU nanoparticles and uptake by Huh-7 cells. The 
loaded DOX molecules could also be released on pH and temperature changes, 
responsively [29].

Polyurethane-based nano/microparticulate systems: The biocompatibility of 
PUs made them ideal for the development of nanosystems for local delivery of drugs. 
Amphiphilic poly(lactic acid, PLA)–polyurethane containing carboxylic acid groups 
was prepared by polycondensation reaction and used as a biodegradable carrier. The 
synthesized PU was used for preparing polymeric micelles loaded with gliclazide 
(Figure 8.8). The release rate of drug was dependent on pH and carboxylic groups of 
the micellar system [83]. PUs can be employed as stimuli-responsive drug delivery 
systems that can be used for targeted and controlled drug delivery. DI and diol-based 
PUs possess temperature and pH sensitivity, which release the drug according to tem-
perature and pH changes. As the pathological site of tumors is acidic in nature and 
responds to pH changes, such stimuli-responsive carriers can be applied as potential 
antitumor agents.

DOX was successfully encapsulated in the stimuli-responsive PU-fabricated 
nanoparticles and the drug was released according to the changes in stimulus [29].  
Double-coated pellets, undercoated with carboxymethyl cellulose and overcoated with 
PU containing azo groups in the main chain, were loaded with hydrophilic drugs and the 
release profile was analyzed. Release profile was dependent on the molecular weight, 
the composition of the overcoated PU, and the hydrophilicity of the loaded drugs [25]. 
PU–urea-based nanoparticles were developed and streptavidin a targeting ligand has 
been incorporated into nanoparticle matrix, which showed specificity in binding with 
biotinylated antibodies. This multifunctional PU-based nanoparticles can be explored in 
the area of cancer diagnostics and targeted drug delivery to the tumor vasculature [84].

Superparamagnetic iron oxide nanoparticles (SPIO NPs) are widely used in mag-
netic resonance imaging and magnetic hyperthermia. PUs having self-assembly 
behavior of biodegradable polyurethane nanoparticles (PU NPs) were reported. These 
nanoparticles can encapsulate SPIO NPs (SPIO–PU NPs) or hydrophobic drugs (drug–
PU NPs). Hydrophobic drugs were entrapped in PU NPs effectively and showed a sus-
tained release profile. On heating, the release of drug was accelerated [85].
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Figure 8.8 An example of self-assembled micelles formed by PU-based nanoparticle systems.
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8.3.3.1   Polyurethane-based nanofibers, nanovehicles,  
and devices carrying nanomaterials

Nanofibers have applications in medicine, including artificial organ components, tis-
sue engineering, implant material, drug delivery, and wound dressings [86]. PUs con-
sisting of soft and hard segments are easier to manipulate and they give better control 
over shape. Most of the PU-based nanofibers are made through an electrospinning 
method [87–90]. Composite materials synthesized from PU-based nanofibers have 
been used for tissue and skin engineering [91] and in vascular grafts [92]. Nifedip-
ine loaded thermo-responsive nanofibers were reported by Lin et al. The nanofibers 
reported therein exhibited reversible hydrophilicity and hydrophobicity by a change 
of the temperature. They also exhibited significant mechanical properties and control 
over the drug release [93].

PU/nanoclay nanocomposite nanofibrous webs prepared by electrospinning 
were reported. Chlorhexidine acetate was loaded in the prepared clay and was then 
incorporated into PU nanofibers. The nanofibers were evaluated for moisture vapor 
transmission, porosity, contact angle, and antibacterial activity, important for topical 
drug delivery application [94]. Verreck et al. described the preparation of nanofibers 
by electrospinning of itraconazole and ketanserin in a non-biodegradable matrix. It 
improved the transdermal delivery of these poorly soluble drugs. It was shown that 
these two drugs exist in the amorphous state in the PU nanofibers [95].

Redox-responsive nanovehicles containing disulfide bonds have been reported. 
Biodegradable multiblock PUs bearing varied amounts of disulfide linkages were syn-
thesized. The reducible PUs exhibited appropriate phase behavior and self-assembly 
properties. It was also found that the redox-sensitive PU micelles could rapidly enter 
tumor cells and can transport the encapsulated paclitaxel effectively (Figure 8.9). The 
inhibition effects were controlled by adjusting the disulfide content in the polymeric 
backbone [96].

A similar dual redox and pH-responsive delivery system was reported (Figure 
8.10). Disulfide cross-linked PU micelles that respond to pH change and intracel-
lular reducing agents were prepared. The micelles were prepared by cross-linking 
of PEG–PU multiblock copolymers containing tertiary amino and cyclic disulfide 
moieties. Around the tumor environment, the nanovehicle swelled and decomposed 
under a weakly acidic environment. Further, the intracellular reducing agent glutathi-
one (GSH) cleaved the disulfide cross-linking bonds. The DOX-loaded nanoparticles 
suppressed the initial burst release at pH 7.4. It was found that the intracellular DOX 
release was accelerated by an acidic environment or enhanced intracellular GSH con-
centration [97].

8.3.4   Polyurethane-based membrane systems

PU controlled release films were developed for chlorhexidine diacetate (CDA), an 
antiseptic used widely for skin and mucosal infections, dentistry, etc. In conventional 
formulations of this drug, the uncontrolled release of the loaded moiety lead to teeth 
discoloration, bitter taste, and patient discomfort. These concerns were overcome by 
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Figure 8.9 Example of redox-responsive PU, used to deliver paclitaxel to tumor cells.

O

O

N
H

O
N
Hn 6

O

O

SS

O O

O

N
H

N
H

6

O

N
N

Redox responsive

pH responsive

Figure 8.10 Redox and pH stimulus-based nanovehicles based on PU were reported. 
 Doxorubicin was used as the anticancer drug triggered to be released near the tumor 
 environment by acidic pH and GSH.



232 Advances in Polyurethane Biomaterials

controlled release PU films of CDA. Release of the drug was dependent on the drug 
loading and structure of the system. The CDA-loaded PU films exhibited persistent 
antibacterial activity up to 35 days [34]. Bioactive PU foams were explored by incorpo-
rating bioactive compounds into the polymer chain by chemical or physical bonding. 
For instance, functional compounds such as quinoxaline and acetanilide derivatives 
were bonded to the polymer chain and PU foams were developed by using suitable 
foaming agents and foam stabilizers. Testing against Gram-positive and Gram-nega-
tive bacteria proved the antimicrobial efficacy of PU foams and they were shown to be 
non-toxic and adhesive in nature [98].

8.3.5   Polyurethane-based matrix systems

PUs can also be employed in the development of matrix systems for higher drug 
loading and for controlled release of the drugs. Thermoplastic polyurethanes (TPUs), 
which are inert, non ionic, water-insoluble polymers, were investigated as matrix 
excipients for developing oral sustained release formulations for metoprolol tartarate, 
diprophylline, and theophylline. Higher drug loading up to 65% and controlled drug 
release were possible in the case of metoprolol whereas diprophylline required drug  
release modifiers such as Tween 80 or PEG 4000. Also Simulator of the Human Intes-
tinal Microbial Ecosystem (SHIME) study showed that the oral administration of 
TPUs did not affect the GI system [35].

PU gels were prepared using a prepolymer hydroxyl-terminated poly-(oxytet-
ramethylene) and hydroxyl-terminated poly(oxyethylene)-b-poly(oxytetrameth-
ylene)-b-poly(oxyethylene) (HT-ETE), among which the latter one possesses the  
hydrophilic segment in the chain. This hydrophilic nature renders more swelling 
property and larger release rate of crystal violet (model dye employed to test the 
release) from the gel prepared from HT-ETE. The release profile from gel was 
dependent on the diffusion and movement of drug through the delivery system  
[31]. Incorporation of albumin nanoparticles into the carboxylated PU matrix  
system was explored for improvement in drug absorption due to greater surface/volume 
ratio and enhancement in drug release rates. Cefamandole nafate was loaded into 
the above nanostructured composite system from which long-term release of drug 
was observed [27]. Iodine, a strong disinfectant, was loaded into PU matrix, which  
was investigated as coating material for hospital equipment during the manufacture 
process. This strategy was found to be a good alternative for decontamination of  
medical equipment that is exposed to patient- contaminated fluids. It is also  
reported similar PU-based iodine releasing system that may attenuate human immu-
nodeficiency virus. This system may be used for decontamination and disposal of 
medical devices [99]. A general depiction for grafting the halides on PU matrix is 
shown in (Figure 8.11).

Our group recently reported iodinated polyurethane (IPU) sponges. The IPU sponges 
were coated with ethylene vinyl acetate (EVA), to release iodine in a controlled rate 
for water decontamination combined with active carbon cartridge, which adsorbs the 
iodine residues after the microbial inactivation. Controlled and stable iodine release was 
observed with the EVA-coated IPU sponges and was effective in deactivating the bac-
teria and virus present in the contaminated water (Figure 8.12). Thus, these iodinated 
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PU systems could be used in water purification to provide safe drinking water. These 
sponges may find applications as disinfectants in medicine [100].

Our group also developed rapamycin (RM)-eluting stents using electrospun PU 
vascular grafts that could effectively suppress local smooth muscle cell proliferation. 
We observed that the release kinetics was characteristic of a Fickian diffusion for at 
least 77 days in vitro. RM–PU fibers generated via powder blending showed the high-
est encapsulation efficiency.

Recently, our group, in collaboration with Peter I. Lelkes’ group, developed 
RM-eluting mats/grafts using electrospun PU vascular grafts that could effectively 
suppress local smooth muscle cell proliferation. In this study, we employed blend 
electrospinning to incorporate RM into electrospun PU fibers at various dosages 
into PU fibrous mats/grafts using three distinct blending methods (Figure 8.13). The 
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Figure 8.11 Application of halogen (-X) grafted PUs that are hydrolyzed to their nascent 
form and may be used for antimicrobial purposes.
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RM-eluting PU fibrous mats and grafts were then assessed in terms of their fiber mor-
phology, fiber size, mechanical properties, and drug release profiles, as well as their 
ability to inhibit SMC proliferation in vitro.

The RM release study from electrospun RM–SPU mats/grafts prepared via the pow-
der method and with different RM contents was initially carried out over a period of 
49 days. All samples exhibited a small initial burst release (<10% of the theoretical total 
drug loading) within the first 3 days followed by an extended slow release till day 49. It 
was found that the amount of RM released at each time point was generally dependent 
on the amount of RM loading, but the release kinetics was not affected by the amount 
of RM (Figure 8.14). Grafts containing 20% RM released the maximum drug over the 
entire period examined. Moreover, the correlations between release profiles and PU fiber 
diameters were studied also at 20% RM with different fiber diameters via the three 
blending methods, and examined RM release profiles in vitro for up to 77 days (Figure 
8.15). All samples exhibited a burst release for the first week followed by a sustained 
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Figure 8.13 SEM images of electrospun rapamycin–PU fibers at a relative RM/SPU ratio 
(w/w) of 0, 1, 5, 10, or 20% via three different blending methods. Scale bar: 2 μm.
Adapted from Ref. [101].
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release till day 77. Similar release kinetics was found for all fibers (Figure 8.16). How-
ever, the amount of RM release at each time point was different, suggesting that our data 
are consistent with the reported fact that the smaller the fiber, the faster the drug release. 
This suggested that the release of RM from all samples till day 77 was controlled by 
Fickian diffusion, a kinetics that has been widely reported for drug-laden electrospun 
fibers. These grafts maintained bioactive even after 77 days in vitro release.
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Figure 8.14 In vitro drug release profiles of electrospun RMp (1%), RMp (5%), RMp (10%), 
and RMp (20%) fibrous grafts. Each data point represents mean ± SD of three samples.
Adapted from Ref. [101].
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Therefore, electrospun RM-containing PU fibers can serve as effective drug car-
riers for the local suppression of cell proliferation and could be used as RM-eluting 
scaffolds for vascular grafts [101,102].

In another study we traced the release of paclitaxel (ptx) from three different types 
of PU, degradable (two types) and nondegradable graft-preloaded ptx by soaking 
grafts in ptx solution. The release was traced in PBS for 2 months. The release data 
showed continuous release profiles from the three types and controlled release during 
the study period, whereas the three PU grafts showed almost identical release profiles 
for the first 3 weeks followed by faster release from degraded grafts, resulting in a 
larger amount of ptx released (data not shown). These results reflect the potential use 
of PU implants as carriers for controlled drug release for localized therapy and pro-
longed release systems.

8.3.6   Polyurethanes in macromolecular delivery

Segmented PUs are widely applicable as biomedical devices due to their excellent 
bio- and hemo-compatibility. A heparin release system based on PU and silk fibroin 
composite was reported. The release rate of heparin from this system depends on the 
thickness of the PU–fibroin film, PU–fibroin proportions, and initial loading of the 
heparin. In vitro coagulation tests showed that the antithrombogenicity of heparin 
can be maintained for long time and the film has good blood compatibility [103]. 
Osteoinductive molecules, such as recombinant human bone morphogenetic protein 
(rhBMP-2), were incorporated into biodegradable PU scaffolds and the effect of the 
scaffold was investigated by implanting it in the rat femoral plug model. For this 
purpose, rhBMP-2 was encapsulated into PLGA microspheres of different sizes and 
then embedded into PU scaffold. The results showed that microsphere encapsulation 
reduced the burst release of protein unlike the lyophilized powder loaded into scaf-
fold. The new bone formation was higher in the PU/rhBMP-2 group than PU/PLGA–
rhBMP-2 treatment groups. The above study concluded that a burst release during 
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initial stages as well as sustained release for up to 3 weeks is crucial for development 
of new bone tissue [36].

Insulin-like growth factor-1 and hepatocyte growth factor were incorporated into 
scaffolds prepared from poly(ester urethane)urea. The bioactivity of the growth fac-
tors was retained during the early period of drug delivery, which was confirmed by 
cellular assays. The complex release profile was replaced by single phase release 
when the degradation of scaffold was accelerated by lipase enzyme. PUs are flexible 
for processing, scaffold formation, and drug loading, making them appropriate for 
soft tissue applications [104]. Yet another growth factor, platelet-derived growth factor 
(PDGF) was incorporated into PU scaffolds, which exhibited a biphasic release pro-
file, that is, initial burst followed by a period of sustained release for up to 21 days. PU/
PDGF scaffolds resulted in the development of new granular tissue on the third day 
when they were implanted in rat skin wounds. The capacity to incorporate bioactive 
moieties into segmented PUs opens up new opportunities for the development of novel 
injectable therapeutics [32].

8.3.7   Drug molecules covalently bound to polyurethanes

Drugs covalently linked to PU have also been reported. Isocyanates are active func-
tional groups through which hydroxyl- or amino-based drugs can be easily conjugated. 
Ascorbic acid, glycerol, and LDI-based PUs were synthesized, where the hydroxyl 
groups of ascorbic acid react with the isocyanates to form the urethane linkages. The 
release of ascorbic acid is therefore dependent on the cleavage of urethane linkages 
[105]. Silatecan (DB67) an anticancer topoisomerase inhibitor was also reported to be 
conjugated with LDI glycerol-based PUs. DB67 being a hydrophobic drug was not 
significantly released even after 65 days [106]. Similarly, DOX was also reported to 
be conjugated through urethane and urea linkages [30]. Carboxylic acid-based drugs 
may also be conjugated (Figure 8.16); an example is ibuprofen conjugated through 
epoxy(butanedioldiglycidyl ether). The resulting hydroxyl groups were then further 
reacted with isocyanates to form PU [38].

Azo-cleavage by colonic bacteria inspired the synthesis of amino salicylic acid-
based PU system (Figure 8.17). The amino salicylate was diazotized and then 
self-coupled; the free phenolic groups were then utilized to synthesize PUs with 
hexane diisocyanate [107].

Folic acid-conjugated PUs were reported, using LDI, PEG diol, and PEG amine as 
chain extender [108].

A sugar active targeting system for the platinum (IV) prodrug of clinically rele-
vant oxaliplatin (OxaPt(II)) was reported. Biocompatible PUs containing free pair-
wised pendant amino groups (PU) were synthesized and then lactobionic acid (LA) 
was grafted to the PU as a targeting moiety. Thereafter, the prodrug, OxaPt(IV) was 
introduced into the PU–LA conjugates resulting in the formation of PU platinum (IV) 
conjugates (PU–LA/Pt) with targeting LA groups [109].

Conjugates of camptothecin were prepared. The polymeric matrixes were obtained 
by the ring-opening polymerization of ε-caprolactone, glycolide, rac-lactide, 
or trimethylene carbonate. The synthesized polymers were coupled with various 
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molecules like folic acid and anti-cancer agents like camptothecin to yield the final 
PUs based drug delivery systems [110] (Figure 8.18).

Poly(amino urethane) (PAU)-conjugated bovine serum albumin (BSA) hydrogels 
were reported. The synthesis included preparation of PAUs, acrylation of the syn-
thesized PAUs, and conjugation of PAUs to BSA. The conjugate exhibited pH- and 
temperature-induced sol–gel phase transitions, facilitating the DOX-loaded conjugate 
solution to form gels under physiological conditions (Figure 8.19) [111].

8.4   Conclusion and future directions

In this chapter, the recent progress of PUs in drug delivery is reviewed. PUs are a 
successful class of polymers that have appropriate biocompatibility and biodegrad-
ability when it comes to biomedical applications. The chemistry of PUs gives us the 
opportunity to widen the possible combinations to fine-tune the final polymer with 
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precise control. It was observed that mechanical, thermal, viscoelastic, optical, elec-
trical, degradation, compatibility, shape, etc. might be precisely controlled by tuning 
the chemistry of PUs. The vast combinatorial options of combining the DIs, polyols, 
and chain extenders make PUs the material of choice for today. PUs are polymers of  
choice for biomedical applications when it comes to shape memory, stimulus respon-
siveness, and grafts. Their versatility and adaptability have been demonstrated for over 
75 years now, and these are far from exhausted.
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MDI 4,4’-Diphenylmethane diisocyanate
NPs Nanoparticles
OxaPt(II) Oxaliplatin
PAU Poly(amino urethane)
PCL Polycaprolactone diol
PCL–Hyd–PEG–Hyd–PCL Poly(ε-caprolactone)–hydrazone–poly(ethylene glycol)–hydra-

zone–poly(ε-caprolactone) diol
PDGF Platelet-derived growth factor
PDI Pentamethylene diisocyanate
PDO 1,3-Propanediol
PEG Poly(ethylene glycol)
ptx Paclitaxel
PUs Polyurethanes
rhBMP-2 Recombinant human bone morphogenetic protein
SHIME Simulator of the Human Intestinal Microbial Ecosystem
SMP Shape-memory polymers
SPIO NPs Superparamagnetic iron oxide nanoparticles
TDI Toluene diisocyanate
TPUs Thermoplastic polyurethanes
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9.1   Introduction

Health care-associated infections affect 5% of patients hospitalized in the United 
States every year and lead to nearly 100,000 infection-related deaths, resulting in 
up to $4.5 billion cost in health care annually.1,2 The majority of these infections are 
associated with the use of indwelling medical devices such as intravascular catheters, 
mechanical heart valves, urinary catheters, and orthopedic implants.3–5 The mortality 
rates of using these devices are significantly high. For example, the mortality rates 
approach 30% for infection associated with prosthetic valve endocarditis and 40% 
for infections associated with an aortic graft.6 Due to the broad range of mechanical 
properties, fatigue resistance and relatively good hemocompatibility, polyurethanes 
are the most widely employed materials for the manufacturing of vascular catheters, 
and also have been widely used to prepare other medical devices including wound 
dressings, artificial organs, and drug controlled delivery devices.7–9 However, polyure-
thanes seem to perform only moderately well in bacterial adhesion studies compared 
to other polymers,10 and are susceptible to bacterial colonization and have a higher 
risk of infection.11 Antibacterial or antibiotic polyurethanes are among the most inten-
sive ongoing research areas in an effort to increase their ability to withstand infection.

The difficulty in treatment of biomaterial-associated infection is primarily related 
to biofilm formation on the surface. A biofilm is a complex consortium of surface 
adherent bacteria that becomes embedded in a polysaccharide matrix, and is generally 
proposed as a four-stage model for formation: adherence, accumulation, maturation, 
and dispersal.12 When exposed to biological fluid, the surfaces of biomaterials are 
rapidly adsorbed with a layer of “conditioning film,” which is composed of macro-
molecules such as proteins, carbohydrates, and lipids. This film mediates the interac-
tions between bacterial cells and material surface through the van der Waals forces, 
electrostatic interactions, hydrophobic interactions, acid–base bonds, etc., as well as 
ligand–receptor interactions. Once the bacteria adhere to the material surface, bacteria 
multiply, accumulate in multilayered cell clusters, and produce a slime forming the 
biofilm matrix (Figure 9.1). When a mature biofilm has been established, conven-
tional therapies based on systemic antibiotics are not efficacious because biofilms as 
a barrier protect bacteria from microbicidal systems and antimicrobial agents.13–16 As 
a result, surgical removal and replacement of the implanted devices are often the only 
treatment to eradicate the infection.17

9
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Various approaches have been proposed and developed to limit or prevent micro-
bial colonization and biofilm formation on biomaterials and medical devices. Excel-
lent reviews on infection-resistant biomaterials and technologies for infection-resistant 
surfaces can be found in recent publications.18–21 As anti-infective biomaterials have 
progressively become a primary strategy for preventing medical device-associated 
infections, it is not at all surprising that a very broad variety of concepts and approaches 
have been developed to achieve the necessary antibacterial properties of materials. 
These approaches include antiadhesive strategies to prevent surface adhesion or produc-
tion of bacterial adhesins, dissolution of already established biofilms, targeting of the 
biofilm matrix for degradation, and interference with biofilm regulation.22 The rationale 
for approaches to develop antibacterial polyurethanes generally focuses on designing an 
antibacterial surface through incorporation or coating with antibiotic agents or surface 
modification. These surfaces have the ability to repel or resist the initial attachment of 
bacteria either by exhibiting an antibiofouling affect or by inactivating any cells coming 
into contact with the surface, causing cell death and therefore exhibiting a bactericidal  
effect. Therefore, the antibacterial polyurethanes can be broadly categorized into 
antiadhesive (antibiofouling) polyurethanes and bactericidal polyurethanes or 
polyurethanes exhibiting both antiadhesive and bactericidal characteristics.

9.2   Antiadhesive polyurethanes

Bacterial adhesion is the critical step in the pathogenesis of biomaterial-associated 
infection and is critically influenced by numerous variables including surface prop-
erties of biomaterials, the nature of the environment, and the bacterial cell surface. In 
addition, adsorbed proteins play an important role in bacteria–surface interactions.23 
One strategy for the development of antibacterial polyurethanes has focused on 

Figure 9.1 Representative SEM images of (a) bacterial adhesion on polyurethane  
surface after exposure to Staphylococcus epidermidis RP62A strain culture for 1 h and  
(b) biofilm formation after exposure of 24 h.
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modifying surface physicochemical properties to minimize the interactions between 
bacterial cells and surfaces or adsorbed proteins by chemical or physical treatments. 
Ostuni et al.24 proposed that nonfouling polymers should be hydrophilic, electrically 
neutral, and possess hydrogen-bond acceptors. Therefore, one chemical treatment is to 
graft polymerized monomers or covalently couple hydrophilic polymer molecules, for 
example, polyethylene glycol (PEG),25 onto the substrate surface forming a brush-like 
layer that shields the surface to repel protein adsorption and cell interactions.26 Physical–
topographical treatments modify biomaterial surface topography at the micro- and 
nanoscales to minimize the interactions of cells and surfaces and thereby reduce the 
bacterial adhesion.27 With the development of nanotechnology the important roles of 
surface nanotopography and architecture in bacterial adhesion and biofilm formation 
have been recognized and attracted more interest to the biomaterial society.28,29 
Tethered antibiofouling brushes or topography modifications are advantageous in 
offering long-lasting effects and minimizing environmental problems associated with 
the leaching of antibiotic agents that cause the antibiotic resistance of bacteria.30

9.2.1   Polyethylene glycol-modified polyurethanes

PEG or polyethylene oxide (PEO) has gained wide recognition as a biomaterial because 
of its high efficiency in resisting protein adsorption, weak immunogenicity, and good 
compatibility with living cells. Due to lack of mechanical properties, PEG or PEO mate-
rials are generally attached to the surface of a material possessing suitable mechanical 
properties, such as a polyurethane. Both in vitro and in vivo experiments have shown that 
PEG-grafted surfaces have great potential for clinical applications in medical devices 
and implants.31,32 PEG-grafted polyurethanes have been shown to be effective for pre-
vention of bacterial adhesion and subsequent infection,25 and also have exhibited signif-
icant reduction of platelet adhesion33,34 and heparin-like anticoagulant activity.35

Grafting PEG onto polyurethane surfaces is generally performed by a two-step reac-
tion that covalently binds PEG onto the urethane group through an allophanate linkage 
(Figure 9.2).36 Hexamethylene diisocyanate (HMDI) is added to react with urethane 
bonds at the surface in the first step to functionalize the surface with isocyanate groups, 
and then the free isocyanate groups are utilized to bind PEG onto surfaces. The cat-
alyst, such as trimethylamine,36,37 di-n-butyl tin dilaurate,25,38,39 stannous octoate,40 
and stannous 2-ethylhexanoate,41 is necessary in allophanate reactions under lower 
reaction temperatures in the range of 40–60 °C where diisocyanate is used for activat-
ing the polyurethane surface, otherwise formation of allophanates from urethane and 
isocyanate groups generally does not occur below 100 °C. Such a reaction is relatively 
slow and easily controlled. After 60 min a maximum number of free NCO groups can 
be obtained and react with functional groups (e.g., dOH, dNH2, dSO3) in PEG in 
the second step to graft the polymer onto the surface and obtain the different surface 
chemistries.25,36,39 Grafting PEG onto a polyurethane surface can also be performed 
by other techniques. Desai et al.42 used the surface physical interpenetrating networks 
technique to incorporate PEO and other water-soluble polymers into the surfaces of 
polyurethane and found PEO with a molecular weight of 18,500 g/mol having an opti-
mal chain length to reduce protein adsorption and prevent protein-mediated biological 



250 Advances in Polyurethane Biomaterials

interactions. Orban et al.43 reported a simple synthesis of PEG-grafted polyurethanes 
with the PEG grafts emanating from a secondary amine incorporated into the backbone 
of the polyurethane, and N-Boc-diethanolamine was used as chain extender. PEGs with 
different molecular weights were grafted onto the Boc-deprotected polyurethanes via 
chloroformate and the obtained grafted polymers exhibited very little platelet adhesion, 
although no data were reported about bacterial adhesion inhibition. The other type of 
PEG or PEO-modified polyurethane can be obtained by blending. Park et al.44 prepared 
PEO-based multiblock copolymer/segmented polyurethane blends as coating materials 
for urinary catheters. To prepare this coating material, a copolymer containing hydro-
philic PEO and hydrophobic poly(polytetramethylene oxide) (PTMO) was first created 
by a polycondensation reaction in the presence of HMDI, and then the copolymer was 
blended with segmented polyurethane solution for coating on the urinary catheters. 
The copolymer additive increased the swellability of coating and adsorbed a significant 
amount of water. The bacterial adhesion study showed that there was an 85% decrease 
in adhesion of Staphylococcus epidermidis for blends compared to bare polyurethane.

Inhibition of bacterial adhesion on PEG-modified polyurethane surfaces is related 
to chain density, chain length, and functional groups of PEG.25,34 Grafting PEG onto 
a polyurethane surface forms a layer of polymer brush with a tightly bound water 
layer and acts as a physical barrier that hinders the adhesion of protein, platelet, and 
bacteria.45,46 The steric repulsion, water barrier, osmotic repulsion, and excluded-volume 
effects are the most probable explanations for the antiadhesive effects of polymer 
brushes. With the excellent mechanical properties and biocompatibility, PEG-modified 
polyurethane is expected to be useful as coating, molding, and blending materials for 
artificial organs and medical devices.

9.2.2   Surface topography-modified polyurethanes

The surface topography of a material influences biological responses including pro-
tein adsorption, cell behaviors, blood-contacting interactions, and bacterial adhesion 
and has been utilized to design biomaterial and device surfaces for improved biocom-
patibility.28,29,47 Surface topography has been explored to create antifouling surfaces 

Figure 9.2 Two-step reaction scheme for grafting PEG to the polyurethane surface (R: dOH, 
dNH2, dSO3, etc.).
Ref. 36.
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(antiadhesion of protein, platelet, and bacteria) without the need to change the bulk 
properties of the material or the surface chemistry. Ideas for development of nontoxic 
and fouling-resistant materials by surface topography have been inspired from nature, 
such as shark skin, lotus leaf, and the inner surface of blood vessels.48–53 Reddy et al.54 
reported that the Sharklet micropatterned silicone surfaces inhibited bacterial coloniza-
tion and migration of uropathogenic Escherichia coli in catheter-associated urinary tract 
infection. A similar microtopography was designed on poly(dimethyl siloxane) (PDMS) 
elastomer to disrupt the formation of biofilm and it was found that there was no bio-
film colonization of Staphylococcus aureus until at 21 days while the smooth surface 
exhibited early-stage biofilms colonies at 7 days and mature biofilms at 14 days.55 More 
evidence has shown that spatially organized topographic patterned surfaces represent a 
promising approach for controlling/inhibiting bacterial adhesion and biofilm formation, 
thereby reducing the risk of biomaterial-associated infection.56

The antifouling properties of topographical polyurethanes were rarely reported 
until recently. Zheng et al.57 engineered a lotus leaf-like polyurethane/Pluronic® F-127 
surface via replica molding using a natural lotus leaf as the template. The antifouling 
studies showed that protein adsorption on the PU/Pluronic® surface without topo-
graphic modification was significantly lower than that on the PU surface, and adsorp-
tion was further reduced when lotus leaf-like topography was constructed on the PU/
Pluronic® surface. Yao et al.58 studied the bacterial adhesion on nanostructured poly-
urethanes by HNO3 treatment and found that the colonization of S. epidermidis den-
sity decreased by 5 times, E. coli density decreased by 6 times, and Proteus mirabilis 
density decreased by 8 times compared to conventional polyurethane. The significant 
increase in nanoscale roughness and hydrophobicity was regarded as contributing to 
the observed decrease of bacterial responses. We developed a submicrometer textured 
surface on polyurethane biomaterials and showed significant decreases in adhesion 
of S. epidermidis and S. aureus to textured polyurethanes as well as the inhibition of 
biofilm formation under shear and static conditions.59 These similar textured poly-
urethane surfaces have also been shown to have the ability to reduce platelet adhe-
sion, which is a critical step for thrombus formation on blood-contacting devices.60–62 
Therefore, the in vitro successes of textured polyurethanes are of great interest for the 
potential clinical use in combating health care-infections without addition of antibiot-
ics and thrombosis.

Surface structural topography is created by either depositing material on a surface 
or etching away part of a surface. The techniques for patterning have been reviewed 
elsewhere.63 Figure 9.3 illustrates an example of a soft lithography two-stage repli-
cation molding technique for fabrication of textured polyurethane surfaces. A silicon 
wafer master with desired texture may be fabricated either by etching the pattern in 
to the silicon wafer64 or by patterning a photosensitive polymer on the silicon sur-
face.65–67 A “negative” of this pattern is molded in silicone (e.g., PDMS) and the orig-
inal pattern can be transferred through a second molding step. To obtain the highest 
replication efficiency and quality of surface topography, a polyurethane replica can 
be prepared by spin casting diluted polyurethane solution onto a silicone mold in 
one thin layer first. After curing under vacuum, the additional thicker polyurethane 
layers are added until the desired film thickness is reached. Figure 9.4 shows the  
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scanning electron microscopy (SEM) and atomic force microscopy (AFM) topogra-
phy images of a textured polyurethane with the pillars having diameter/separation of 
500/500 nm and 4.0/1.5 μm. With the soft lithography two-stage replication molding 
method, a pillar yield of more than 99.8% on polyurethane surfaces can be obtained.59 

µ µ

Figure 9.4 Representative (a and b) SEM images and (c and d) 3-D AFM images of textured 
polyurethanes, (a and c) 500/500 nm and (b and d) 4.0/1.5 μm. AFM scan size, (c) 5 × 5 μm2 
and (d) 4.0/1.5 μm; size, 25 × 25 μm2; z scale, 1500 nm.
Ref. 69.

Figure 9.3 Soft lithography two-stage replication molding process for fabrication of textured 
polyurethane (PDMS, poly(dimethylsiloxane); PU, polyurethane).
Ref. 63.
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The fractions of total top surface area of pillars are 25.2% of the nominal surface 
area for 500/500 nm pattern and 51.6% for 4.0/1.5 μm pattern. Since the submicrom-
eter patterned surface has low accessible surface contact area and is less energetically 
favorable for bacterial interactions, bacterial adhesion is inhibited; however, the bac-
terial adhesion on a micropatterned surface (e.g., 4.0/1.5 μm) is more dependent on 
surface wettability (see below).

The nanotopographical surface may induce surface energy differences. One import-
ant phenomenon of a topographical surface is the change of wettability described by 
the Wenzel and Cassie–Baxter wetting model.68 Inherently, hydrophobic materials 
become more hydrophobic due to the entrapped air between the surface structures 
while hydrophilic materials become more wettable due to increased contact area of 
the liquid with surface.29 For example, the water contact angle of the original Biospan 
MS/0.4 polyurethane is around 92°, and increases up to 140° after patterned with pil-
lars of dimension of 500/500 nm; however, the polyurethane surface becomes wettable 
with a water contact angle of 35° if treated with air plasma, and the surface is more 
wettable with a contact angle of 28° or lower for the textured polyurethane surface 
after treatment with air plasma.69

The antibiofouling effect of antibacterial surfaces by topography is related to the 
changes in surface energy and surface architecture. Hydrophobic surface topography 
increases the surface hydrophobicity, resulting in a “slippery” surface. Epstein et al.70 
reported that the superhydrophobic microstructure arrays on a silicon wafer (termed 
as slippery liquid-infused porous surfaces) can prevent 99.6% of Pseudomonas aeru-
ginosa, S. aureus, and E. coli biofilm attachment under flow conditions. Our study of 
bacteria adhesion on hydrophobic polyurethane surfaces shows that surface texturing 
can inhibit bacterial adhesion up to 90% for S. epidermidis in phosphate buffered saline 
(PBS) solution under shear, where the antiadhesive property depends on surface fea-
tures, flow conditions, and microorganisms.59 To understand the effect of surface geom-
etry and surface wettability on bacterial adhesion as well as the underlying mechanism, 
the bacterial adhesions of S. epidermidis to smooth and textured polyurethane surfaces 
(both hydrophobic and hydrophilic) across a low shear stress range (0–13.2 dyn/cm2) 
were further studied and are shown in Figure 9.5.69 Here the hydrophilic polyure-
thane surfaces were obtained by glow discharge air plasma treatment. Results showed 
that all the textured hydrophobic surfaces have significant reductions in adhesion of  
S. epidermidis in PBS or 25% platelet poor plasma (PPP) solutions under shear as 
compared to smooth surfaces, regardless of the sizes of patterns. However, bacterial 
adhesion on hydrophilic surfaces is largely dependent on the size of patterns. The sub-
micrometer patterned surfaces reduced bacterial adhesion, while the micrometer pat-
terned surfaces led to increased bacterial adhesion. The data suggest that increased 
surface hydrophobicity and decreased availability of contact area contribute to a reduction  
in bacterial adhesion to hydrophobic textured surfaces, while the availability of contact 
area is the primary determinant factor for bacterial adhesion on hydrophilic textured 
surfaces.69 In addition the flow condition may influence bacterial adhesion. More bac-
teria or clusters were found on micrometer sizes of patterned polyurethane surfaces 
under static conditions whereas less bacterial adhesion was colonized on submicrometer  
patterned surfaces (Figure 9.6).
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The design parameters of topographical features including shape, size, height 
(depth), and separation distance are important for controlling biofouling. Whitehead 
et al.27 studied the bacterial adhesion on titanium pattered surfaces with pits of differ-
ent sizes and depths and found that the lowest number of bacteria was observed on the 
500 nm diameter pits whereas it increased with pit size for other patterned surfaces. 
Biomimetic studies have shown that surface structures are most effective in the range 
of 50–90% of the size of settling organisms.71 The stiffness of nanostructured fea-
tures may influence bacterial adhesion and biofilm formation. Epstein et al.72 studied 
high-aspect-ratio surface nanostructure arrays and found that the softness of hair-like 
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Figure 9.5 Bacterial adhesion on (left) hydrophobic and (right) hydrophilic polyurethane 
surfaces in PBS for 1 h. Each graph is shown as adhesion on a textured surface compared with 
that on a smooth surface (column, bacterial adhesion; marker + line, bacterial reduction rate). 
Columns missing in figure are due to bacterial aggregates on hydrophilic surfaces.
Ref. 69.
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Figure 9.6 SEM images of bacterial adhesion on hydrophobic (a) smooth and textured PUU 
surfaces: (b) 400/400 nm, (c) 500/500 nm, (d) 2.5/1.5 μm, and (e) 4.0/1.5 μm, in PBS under 
static conditions (bar = 20 μm).
Ref. 69.
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nanoarrays was increased beyond a threshold value and biofilm growth could be inhib-
ited compared to a flat control surface. In our experiments the pillars of 400/400 nm 
on a submicrometer patterned polyurethane surface were sometimes found to be col-
lapsed (Figure 9.6(b)), but lower bacterial adhesion was still observed. Apparently 
the parameters of topographical features for antibacterial polyurethane biomaterials 
should be exploited and optimized through in vitro and in vivo experiments.

9.2.3   Synergetic antibiofouling by combination of  
chemical and physical treatments

Physical approaches to biomaterial design provide a new concept and strategy in 
designing a new generation of implanted medical devices with truly biocompatible 
materials.28,73 As the primary materials used in a variety of blood-contacting medical 
devices, polyurethane biomaterials, including those with surface topographical design, 
have numerous potential applications in the production of biomedical devices with 
improved hemocompatibility. However, defects on the surface during fabrication are 
unavoidable; for example, the defect with missed pillars in the transition of patterns 
from Si master to polyurethane replica and the seam (one kind of defect) during fabri-
cation of cannulas or other clinical devices with shapes from flat textured polyurethane 
films may lead to colonization of bacteria on these areas. New designs and fabrication 
for minimizing defects may be necessary. An alternative approach is to combine the 
chemical modification (e.g., grafting PEG) to the topography approach so that the tex-
tured surfaces including the areas with defects are antiadhesive of bacteria. We devel-
oped a new antibiofouling polyurethane surface bearing modification of topography 
and chemical modification with PEG grafting. The bacterial adhesion study showed 
that the adhesion was significantly reduced by the surface with combined treatment, 
compared to the surface with single treatment. The adhesion reduction rates reached 
to 92.8% and 97.3% on PEG-400/400 nm and PEG-500/500 nm surfaces, respectively, 
compared to smooth surfaces without PEG treatment in PBS buffer (Figure 9.7(a)), 

××

Figure 9.7 Staphylococcus epidermidis adhesion on textured polyurethane surfaces in (a) PBS 
and (b) 75% PPP for 1 h under static conditions. (Statistical symbols: *, compared to same 
polyurethane without PEG modification; #, compared to PEG smooth polyurethane.)
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and the adhesion reduction rates were 87.0% and 89.3% in 75% PPP solution (Figure 
9.7(b)). The large reduction in bacterial adhesion is probably due to the synergetic 
effects of chemical and physical modifications on interactions of bacteria–material.

9.2.4   Other approaches to antiadhesive polyurethanes

As described in the previous discussion, chemicophysical properties exhibited by the 
biomaterial surfaces determine the kinetics of bacterial adhesion. Efforts to design 
an antibiofouling surface have been focused on modifying the material bulk or sur-
face properties to be hydrophilic and electrically neutral and possess hydrogen-bond 
acceptors.24 Polyurethane biomaterials consist of hard and soft segments, in which 
hard domains are embedded in a soft domain matrix forming a microphase separa-
tion structure.74 Notwithstanding the presence of soft domains that are hydrophilic, 
polyurethanes, if not properly functionalized, are not able to effectively resist bac-
terial adhesion. The functionalization of hard or soft domains in polyurethanes has 
been proposed to improve the surface wettability and the ability to control microbial 
infection. Francolin et al.75 synthesized new polyurethanes having a common hard 
domain but a variety of soft domains made of different macrodiols: polypropylene 
oxide (PPO), polycaprolactide (PCL), and poly-l-lactide (PLA). The variation of soft 
domains caused a marked variation of polymers in thermal, viscoelastic, and swelling 
properties, as well as antifouling ability. The PCL- and PLA-containing polyurethanes 
possessed good antifouling properties due to the polymer bulk hydrophilicity and sur-
face wettability. Similar works were also reported earlier by Corneillie et al.76 who 
synthesized polyurethane with PEG, PPO, and PTMO as the different soft phases 
and bacterial adhesion was found to be significantly reduced. Francolin et al.77 also 
reported the synthesis of heparin mimetic segmented polyurethanes in which sulfate 
or sulfamate groups, known to be responsible for the biological activity of heparin, 
were introduced into the side chain of a carboxylated polyurethane. The synthesized 
polymers possessed a higher hard/soft phase segregation and a greater hydrophilic-
ity than the pristine polymer. The polymers were able to not only significantly delay 
the activated partial thromboplastin time but also prevent the adhesion of a strain of 
S. epidermidis. Thus, the features of these polymers represent an intrinsic ability to 
counteract bacterial adhesion and biofilm formation without any specific surface func-
tionalization or incorporation with antimicrobial agents to release.

Immobilization of nonfouling polymers on biomaterial surfaces is particularly 
interesting since it avoids the use of drugs. Besides PEG, other polymers have also 
been explored. Polysaccharides are abundant in natural organic bodies and have been 
identified as nontoxic, biodegradable, and biocompatible materials. Polysaccharides 
and their derivatives have been immobilized onto the surfaces of polymeric biomaterials 
to improve their surface properties and biocompatibility. Using polysaccharides has a 
twofold advantage, that is, local control of the coagulation process and reducing bacterial  
adhesion. For example, heparin is a naturally occurring polysaccharide with negatively 
charged sulfate and aminosulfate groups and is often used as an anticoagulant to 
control blood clotting. It has been extensively investigated as a surface modifier for 
improving blood compatibility of polyurethane biomaterials.78,79 Furthermore, heparin 
is also proven to be an effective surface modifier in prevention of catheter-related 
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bloodstream infections.80 De Nardo et al.81 synthesized a novel heparin-bound 
polycarbonate–urethane and the polymer surfaces were shown to decrease the col-
onization of S. epidermidis and S. aureus. As an alternative grafting technique, 
polysaccharide polymers can also be deposited on polyurethane surfaces via  
layer-by-layer assembly technique. Wang et al.82 prepared polyurethanes modified 
by bioactive polysaccharide-based polyelectrolyte multilayers consisting of two 
polysaccharide-based polyelectrolytes, polyanionic lentinan sulfate and polycationic 
chitosan, alternatively deposited. These polysaccharide-based multilayers can not 
only improve hemocompatibility and cytocompatibility of the modified materials but 
also confer antibacterial bioactivity to the modified materials, for example, against  
P. aeruginosa at a reduction of 58% compared to unmodified polyurethane.

9.3   Bactericidal polyurethanes

The bactericidal biomaterial is bioactive and capable of inactivating bacterial cells and 
causing cell death when bacteria come into contact with the surface.20 A general strat-
egy for antibacterial polyurethane by the bactericidal effect is incorporation of a biocide 
into the bulk or at the surface. The scope of biocides is broad and includes quaternary 
ammonium compounds, antibiotics, phenols, iodine, and metal salts of silver and tin.83 
Bactericidal polyurethanes may be broadly categorized into intrinsically bioactive anti-
microbial polyurethanes and bioactive antibiotic-coated polyurethanes by distribution of 
biocides in polymers. The former is the bulk material that exerts an antibacterial action 
and the latter is developed to achieve the desirable antibacterial properties at the bio-
material interface without compromising the quality of bulk material characteristics.19 
Using the mode of antimicrobial activity, the biocidal polymers may also be categorized 
into contact biocidal and biocide release-killing polyurethanes. Such biocidal modes can 
also be combined in a polymer, resulting in a synergistic effect on antibacterial activity.84

9.3.1   Contact biocidal polyurethanes

Many approaches have been used for incorporation of biocides to bulk polymeric 
materials. One method is the direct addition of biocide to the polymer material. This 
approach is economical, but the biocide is leachable and the rate of release may be a 
problem, resulting in overrelease at short times and underrelease at longer times, lim-
iting the efficacy of the materials. Particularly, when the leaching antibacterial agent is 
exhausted, the ability of materials to retard bacteria is important.83 Thus, nonleaching 
biocidal surfaces that kill bacterial on contact have been designed. The additional 
advantage of a contact biocidal surface is that it is effective against airborne bacteria 
even in the absence of a liquid medium while the biocide release-based strategy is only 
useful in aqueous solutions containing bacteria.85

9.3.1.1   Quaternary ammonium salt-containing polyurethanes

A nonleaching biocidal polyurethane was developed through covalent bonding of  
biocides to bulk polymer, often on the chain extender. Cooper reported the synthesis  
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of a series of functionalized polyurethanes containing different ionic groups based 
on Pellethane® including sulfonated Pellethane® phosphonated Pellethane® quaternized 
amine polyurethane, and a zwitterionic phosphonated polyurethane.86 A bacterial 
adhesion study was conducted with exposure to radiolabeled S. aureus for 1 h and the 
results showed that the phosphonated polymers exhibited much lower amounts of bac-
terial adhesion while the quaternized amine polyurethane exhibited a greater amount 
of bacterial adhesion compared to unmodified Pellethane®. However, the radiolabel-
ing technique may not support the long-term trend of bacterial colonization. In their 
latter experiments polymers were exposed to S. aureus culture for 24 h and the results 
showed that quaternized amine polyurethanes and the zwitterionic phosphonated poly-
urethane exhibited bactericidal abilities while Pellethane®, sulfonated Pellethane®, and 
phosphonated Pellethane® did not show potential as infection-resistant materials.87 In 
fact, quaternary ammonium compounds have been well known as potent antimicro-
bials,88,89 and they have been incorporated into polyurethanes as nonleaching infection- 
resistant biomaterials.90–93 Park et al.94 synthesized a polyurethane containing 
N,N-dodecyl,methyl-polyethylenimine (a polymeric quaternary ammonium compound) 
and the polymer surface was able to kill airborne Gram-positive S. aureus and 
Gram-negative E. coli bacteria, and also inactivate the enveloped influenza virus.

Quaternary ammonium salts are cationic disinfectants and kill bacteria by interac-
tion with the constituents of the cell envelope: interaction with the negative charges 
of the cell wall, destabilization, weakening of the cytoplasmic membrane, causing a 
loss of cytoplasmic constituents and the death of the cell.92 Sauvet et al.91 reported 
on a polyurethane prepared by reaction of hydroxytelechelic polybutadienes carry-
ing covalently bound quaternary ammonium salts with an aliphatic triisocyanate and 
that this polyurethane coating exhibited high biocidal activity against Gram-positive 
and Gram-negative bacteria, with 6–8 orders of magnitude in bacteria decay after 1 h 
of contact. However, a small decrease of activity (the magnitude order in bacteria 
decay was dropped to about 3.2) was noted within a few days due to the leaching 
of nonbonded quaternary ammonium salts or the splitting of a weak bond. Later the 
researchers developed a new class of insoluble polyurethanes based on polysiloxanes 
bearing pendant primary alcohol and quaternary ammonium groups in the same chain. 
The hydroxyl groups allow the polysiloxane to be incorporated in polyurethane films 
and the quaternary ammonium salts impart biocidal properties to the coating. These 
new polymers presented a high biocidal power that remained remarkably constant 
after 1 month of immersion in water.92

Bakhshi et al.95,96 developed a synthetic approach for preparing bactericidal  
polyurethane coatings from soybean oil as a low cost, widely available, and renewable 
resource-based raw material. In this polymer, both quaternary ammonium salts and 
reactive hydroxyl groups were functionalized on to the backbone of soybean oil-based 
polyols, and then the polyols were reacted with different diisocyanate monomers to 
prepare polyurethane coatings. Since all active quaternary ammonium groups were 
covalently attached to the polymers there is no possibility for release of active groups 
from the polymers. No zone of inhibition around the specimens was observed. These 
materials showed excellent biocompatibility and very promising antibacterial properties 
against both Gram-positive and Gram-negative bacteria with bacterial reduction in the 
range of 83–100%.
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The quaternized polyurethanes can be further incorporated with other functional 
groups such as pyridine. Cooper et al.97 synthesized a series of nonleaching bio-
cidal polyurethanes bearing incorporated pyridine moieties in the chain extender, 
followed by quaternization. In these materials, N,N-bis(2-hydroxyethyl)isonico-
tinamide (BIN) was used as the chain extender and the pyridine ring in BIN was 
quaternized with a variety of alkyl halides to form cationic polyurethanes. Such 
quaternized polymers possessed good mechanical properties in the dry state and 
displayed long-term stability in an aqueous environment with only small changes 
in sample mass after 2 years of immersion in water. Furthermore, similarly syn-
thesized polyurethanes showed that the pyridinium moieties in the polyurethane 
were chemically cross-linked using short-chain divalent quaternizing agents, and 
the cross-linked polyurethane networks exhibited improved thermal stability.98 The 
pyridine quaternized materials had good bactericidal activity against S. aureus and 
E. coli, and the percentage of dead cells on a surface was dependent on the alkyl 
halide used for quaternization, the concentration of quaternized moieties in the 
polyurethane, the Gram-type of the microorganism, and the contact time of the 
organism with the surface.97

9.3.1.2   N-Halamine-containing polyurethanes

Another important group of biocidal polymers is N-halamine polymers.99 This type of 
polymer is prepared by introducing a heterocyclic ring containing amino, amide, or imide 
groups into the polymer structure followed by halogenation to the corresponding N-hala-
mines, which confers on the polymer its biological activity.100 The biocidal activity of the 
polymer is modulated by halogen stability, and the stability and antibacterial activity are 
opposite; that is, the stability follows an order of imide < amide < amine N-halamine,101 and 
their antibacterial activities have an inverse trend, imide > amide > amine N-halamine.102 
This stability and biocidal activity trend provide guidance for the selection of an ideal 
biocidal material depending on the purpose.

The biocidal property of N-halamine polymers is mostly due to the direct transfer of 
the oxidative state of halide atoms in chloramine or bromamine groups to the cell wall 
of the microorganism, but a dissociation of Cl+ or Br+ into water followed by diffu-
sion to the microorganism will also take place.100 The N-halamine can have inorganic 
groups (e.g., phosphate, sulfate) or organic groups (e.g., alkyl and carbonyl groups). 
Among organic substituents, hydantoin (imidazolidine-2,4-dione) and dimethyl-
hydantoin are basic moieties of N-halamine polymers (e.g., polyurethanes). Ahmed 
et al.103 synthesized a novel N-halamine polyurethane by copolymerizing a heterocy-
clic ring-based monomer with either tolylene-2,6-diisocyanate or toluene-2,4-diiso-
cyanate followed with different halogenations and found that the iodinated polymer 
showed greater biocidal power than chlorinated and brominated polymers. No bac-
terial growth was recorded in the presence of any of the halogenated polymers. Fur-
thermore, the experimental results showed that the mode of action of these polymers 
was dual and proceeds both through release of halogen species into the medium and 
through bacteria–polymer contact.

Wynne et al.83 synthesized a polyurethane with soft blocks containing semifluo-
rinated (dCH2OCH2CF3) and 5,5-dimethylhydantoin pendant groups as a biocidal 
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polymeric surface modifier (PSM), and this polyurethane was used as an additive 
(2% or less) for conventional model polyurethanes. The 2 wt% PSM-modified polyure-
thane was activated with hypochlorite to generate a biocidal NCl function and was contact  
biocidal against both Gram-positive (S. aureus) and Gram-negative (P. aeruginosa 
and E. coli) bacteria. Effective biocidal activity can be conferred on a substrate  
polymer by as little as 1.6 wt% PSM, and P. aeruginosa can be completely killed in 
15 min. However, the preparation of these hydantoin-containing PSMs includes a slow 
and incomplete reaction on the polymer for introducing hydantion. Wynne developed 
a more practical preparative method for incorporating hydantoin in a telechelic. A 
new oxetane monomer 5,5-dimethyl-3-(2-((3-methyloxetan-3-yl)methoxy)ethyl)- 
imidazolidine-2,4-dione (Hy4Ox) was synthesized.104 This hydantoin–oxetane mono-
mer is stable to cationic ring-opening polymerization. Copolymerization of Hy4Ox 
with another new monomer, 3-methyl-3-methoxymethyloxetane, provided a series of 
hydroxyl-terminated poly(2,2-substituted-1,3-propanediol) co-telechelics with low Tg 
for polyurethane synthesis. The new monomers and telechelics had promise in optimizing 
the effectiveness of biocidal polyurethane PSMs.105

The unique property of N-halamine biocidal polymers is that after many appli-
cations they can be regenerated by simply reacting with Cl+ or Br+ donor com-
pounds such as hypochlorite, sodium hypobromite, trichloroisocyanuric acid, or 
sodium dichlorocyanurate.106,107 Worley et al.108 reported on a group of N-halamine 
monomers, in which the chemical structures of these N-halamine compounds had 
electron-donating alkyl groups substituted on the heterocyclic rings adjacent to the 
oxidative NCl or NBr moieties. This structure prohibits significant release of “free 
halogen” into aqueous solutions and is stable for long term in aqueous solutions 
and in dry storage. The coating can be chlorinated with a source of free chlorine 
such as bleach to render it biocidal and the biocidal activity can be regenerated 
by further exposure to free chlorine. Sun et al.109 reported a polyurethane sur-
face covalently linked with an N-halamine precursor, 5,5-dimethylhydantoin, and 
1,6-hexamethylene diisocyanate as the coupling agent. This new N-halamine-based 
polyurethane provided potent antimicrobial effects against S. aureus (Gram-positive 
bacterium), E. coli (Gram-negative bacterium), methicillin-resistant S. aureus, van-
comycin-resistant Enterococcus faecium, and Candida albicans (fungus), and suc-
cessfully prevented bacterial and fungal biofilm formation. The antimicrobial and 
biofilm-controlling effects by N-halamine-based polymers were stable for longer 
than 6 months under normal storage in open air; furthermore, the polymers could be 
recharged by another chlorination treatment. After 10 cycles of quenching–recharg-
ing processes the chlorine contents in the polymers were almost unchanged (98.6%) 
and biocidal activity remained at the logarithm reduction rate of 4. The Kirby–Bauer 
test showed that the antimicrobial function was partly provided by the positively 
charged chlorines generated from the disassociation of the newly formed N-hala-
mine structures, and the content of active chlorine in water was about 0.2 ppm, much 
lower than the allowed concentration by US Environmental Protection Agency (up 
to 4 ppm active chlorine as disinfection residues).109 The low toxicity, ability for 
regeneration, and the promising biocidal activity have made N-halamine polymers 
or coatings widely used in many fields including medical facilities, food prepara-
tion, and water disinfection.
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9.3.1.3   Chitosan-containing polyurethanes

Chitosan, poly-(b-1/4)-2-amino-2-deoxy-d-glucopyranose, is a linear cationic poly-
saccharide produced from chitin by partial deacetylation. Due to its unique biologi-
cal characteristics, including high biodegradability, biocompatibility, nontoxicity, and 
antimicrobial properties, chitosan is widely used as an antimicrobial agent either alone 
or blended with other natural polymers in the food, pharmaceutical, textile, agricul-
ture, water treatment, and cosmetics industries.110 Since chitosan has a wide spectrum 
of activity and high killing rate against Gram-positive and Gram-negative bacteria,111 
chitosan and its derivatives have also been applied to polyurethane surfaces with anti-
bacterial properties. Different mechanisms of antibacterial action of chitosan have 
been proposed, but the exact mechanism is still unknown. One explanation on the 
mechanism of antibacterial action of chitosan can be given as the strong interaction 
between positively charged chitosan molecules and negatively charged microbial cell 
membranes causing the leakage of proteinaceous and other intracellular constituents 
out of the cell membrane.110,112

Antibacterial activity of chitosan can be applied on polyurethane surfaces in dif-
ferent ways. Chitosan can be tethered on polyurethane surfaces by covalent immobi-
lization. Kara et al.113 synthesized polyurethane by a condensation reaction of toluene 
diisocyanate and polypropylene ethylene glycol, and the polyurethane film surfaces 
were modified with different concentrations of chitosan. The modified polyurethane 
surfaces were more hydrophilic and rough and had strong antibacterial activity against 
S. aureus and P. aeruginosa. Chitosan can be blended with other polymers as the 
coating applied onto polyurethane surfaces. Yang et al.114 reported on a four-step 
surface modification method to create a thin lubricious layer of chitosan/poly(vinyl 
alcohol) hydrogel on the polyurethane catheter. Modification steps included oxidation 
of the polyurethane surface, functionalities modification, carbodiimide reaction and 
coupling, and hydrogel cross-linking. The coated polyurethane catheter surface pos-
sessed significantly better antibacterial effects against S. aureus, P. aeruginosa, and E. 
coli. Chitosan can act as an adsorbent to anionic antimicrobial drugs, and then slowly 
release the drugs to achieve antimicrobial and biofilm-controlling effects for weeks.115 
In a chitosan-based rechargeable system chitosan was first immobilized on methac-
rylic acid-grafted polyurethane surfaces, and then strongly bound anionic antibiotics 
(e.g., rifampin) and slowly released the drugs. The extraordinary advantage of this 
system is that the released drugs could be recharged to further extend antimicrobial 
duration. In the recharging process, rifampin could be replaced with other classes of 
antibiotics such as ciprofloxacin to achieve sustained and rechargeable drug release, 
providing a great potential application of a new system in controlling device-related 
biofilm formation.116

9.3.2   Biocide-releasing polyurethanes

Contact biocidal biomaterial surfaces kill bacteria on contact as the bactericidal agents 
are not released and are active following direct interaction with the bacterial cells.117 
Acting through direct contact with bacteria, however, these bioactive surfaces can 
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potentially be masked and inactivated when surfaces are coated with a film, for exam-
ple, proteins, in physiological fluids. An effective alternative approach for reducing 
bacterial adhesion is actively releasing antibacterial agents from bulk or surface coat-
ing. Such products containing drugs within a medical device represent an emerging 
new trend in implantable therapeutics. The surface of these medical devices has been 
designed to release an initial flux of antibacterial agents during the critical short term 
after implantation (several hours) to inhibit the initial adhesion of bacteria, and bio-
cides are continuously released beyond this short-term period to inhibit/kill bacteria 
over a longer time period (weeks to months).118 The primary advantage of delivering 
antibiotics directly at the site of implantation is that a high local dose can be adminis-
tered without exceeding the systemic toxicity level of the drug, and enhanced efficacy 
can be achieved at the implantation site.119 The design of biocide-releasing polyure-
thanes can rely on different strategies: incorporating antibacterial agents into bulk 
materials, tethering the antibiotics on the surface by adsorbing or covalently bond-
ing, polymer coating releasing metal ions (e.g., silver), and polymer coating releasing 
nitric oxide, all long known as powerful bactericidal molecules.

9.3.2.1   Antibiotic-releasing polyurethanes

Delivering the antibiotic in a controlled manner at the implant is perhaps the most direct 
approach for improving the efficacy of conventional antibiotics against implant-related 
infection.118 The effectiveness of the antibiotic-releasing system is dependent on the 
release rate and manner of antibiotic, which are affected by the matrix where the anti-
biotic is loaded. Biocompatible polyurethane devices or polymer coatings that actively 
release antibiotics have been the first class of local antibiotic delivery systems. Two 
main strategies for incorporating antibiotics onto polyurethanes have been employed: 
(1) drug-coating/bonded systems, immobilizing antibiotics to the polyurethane sur-
face via electrostatical charge or covalent bonds; (2) drug impregnation incorporating 
antimicrobials into the polymer bulk material directly.120–122

Antimicrobial-coated/bonded polyurethanes are generally adsorbed with antibi-
otics by swelling and diffusion123,124 or via polymer–antibiotic interactions through 
hydrophilic interaction between noncharged polar groups or by ionic bonds.125 For 
example, β-lactam antibiotics (e.g., cefamandole nafate) were bound to a function-
alized polyurethane catheter device surface, and the polymer–antibiotic system 
was able to inhibit bacterial growth up to 7 days.126 The adsorption amount and 
the kinetic release of antibiotics depend on the type of the surface–antibiotic inter-
action. In particular, matrix hydrophilicity, formation of strong ionic bonds, and 
the existence of spacer between the antibiotic and the matrix bonding site all play 
important roles in antibiotic adsorption and release. Marconi et al.125 prepared sul-
fated (dOdSO3H) polyurethane films for catheter application and two antibiotics, 
cefamandole and vancomycin, were adsorbed. Greater amounts of antibiotics were 
observed to be adsorbed on these matrixes due to the particularly strong ionic or 
hydrophilic bonds formed between polymer and antibiotics. When exhausted, the 
polymers can be submitted to a second adsorption process to recover the superior 
antibacterial activity.
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Coating/bonding the surface of catheters with antibiotics can be problematic due 
to the rapid elution of the drug from the surface of the catheter.127 An alternative 
approach for incorporating antibiotics to polymers is to have the antibiotic directly 
added in the polyurethane solution, and impregnated in the bulk of polyurethane bio-
materials prior to fabrication. This strategy has allowed incorporation of various anti-
microbials to a variety of medical devices with different shapes (e.g., central venous 
catheters and urinary catheters),119 antibacterial polyurethane coating,128 and poly-
urethane nanocomposites.129,130 Biodegradable polyurethanes have been investigated 
as supportive scaffolds for tissue regeneration and new bone formation. The impreg-
nation of antibiotics in these polyurethane scaffolds offers a comparable or better 
infection control than the traditional nonbiodegradable antibiotic-laden poly(meth-
ylmethacrylate) beads. Due to their biodegradable system, polyurethane scaffolds do 
not require the extra surgical removal step in clinical use.131,132 With the development 
of nanotechnology, polyurethanes impregnated with antibiotics can be fabricated 
to nanofibrous constructs that can be used for wound-dressing materials. Unnithan 
et al.133 prepared an antibacterial scaffold by electrospinning of a solution composed 
of polyurethane, dextran, and ciprofloxacin hydrochloride drug. These nanofiber mats 
had good biocompatibility and good bactericidal activity against both Gram-positive 
and Gram-negative bacteria. Sabitha and Rajiv134 also prepared similar electrospun 
polyurethane scaffolds incorporated with ampicillin for wound healing and infection 
control, and the fibers exhibited a good zone of inhibition against Gram-positive S. 
aureus and Gram-negative Klebsiella pneumoniae. Analysis showed that weak inter-
actions enable the antibiotic ampicillin sodium salt to migrate to the surface of the 
fibers, resulting in an initial rapid release of ampicillin on application to a wound and 
eliminating colonizing bacteria before they proliferate.

The homogeneous distribution of antibiotics in biocidal-releasing polymers dic-
tates the sustained and prolonged release over time and the efficacy of antibiotics in 
inhibition of bacterial adhesion. Schierholz et al.135 prepared a series of polyurethanes 
incorporating different antibiotics (ciprofloxacin, gentamycin, fosfomycin, flucloxa-
cillin) by solvent casting and measured the drug release profile, bacterial colonization, 
and surface morphological features. They found that the physicochemical similarity 
of the polymeric material and the antibiotics was important for the homogeneity of  
polymer–antibiotic combinations. The hydrophilic drug, for example, ciprofloxacin hydro-
chloride, incorporated into hydrophobic polymers showed a fast initial release rate fol-
lowed by substantially lower levels of release at extended periods. Conversely, a drug 
having similar hydrophobicity of polymer, for example, gentamicin and flucloxacillin, 
was characterized by a more continuous release type of behavior and demonstrated 
near 100% adhesion inhibition of S. epidermidis after 72 h in PBS.135

Impregnated polymers with antimicrobials often suffer low drug delivery. Using 
a pore former is an efficient way to increase release of antibiotics through poly-
mers.136,137 Pore formers are generally biologically inactive and water-soluble com-
pounds able to form channels inside the polymeric matrix through which the drug can 
flow more easily. Kwok et al.138 compared the efficiency of PEG and bovine serum 
albumin (BSA) as pore former agents in ciprofloxacin-loaded polyurethanes and 
found that the release of ciprofloxacin was substantially higher in PEG-containing 
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polymer than BSA-containing polymer. Ciprofloxacin release increased with the 
load of PEG by creating more interconnected channels to facilitate the process of 
migration of ciprofloxacin through the void volumes. However, the release behavior 
of drug in antibiotic-releasing polymer systems is often a high initial burst followed 
by a greatly reduced long-term rate of release. To achieve more sustained release, as 
well as zero-order release kinetics, researchers explored a release-controlling coating 
overlayer and applied it on ciprofloxacin- and PEG-loaded polyurethane, where this 
additional layer served as a rate-limiting barrier for drug diffusion, thereby reducing 
the initial burst of antibiotic released and achieving a constant, sustained release of 
ciprofloxacin for a long period.139

Impregnation of antibiotics in polymer can be reached via physical entrapping 
of drugs into the polymer matrix, and also through polymer–antibiotic interactions. 
Introduction of functional groups in a polyurethane to establish specific chemical 
interactions with the antimicrobial molecules can increase the ability of polymers to 
adsorb antibiotics, thereby obtaining a greater antibiotic matrix affinity and a more 
controlled drug release.140 This provides the possibility of keeping an efficacious drug 
concentration during the entire period of device implantation to prevent biofilm for-
mation. To reduce and control the risk of emergence of drug-resistant strains, multiple 
antibiotics having different mechanisms of actions can be loaded onto functionalized 
polyurethanes. Ruggeri et al.141 developed polyurethanes with different functional 
groups on the side chains and two antibiotics, cefamandole nafate and rifampin, were 
loaded. PEG was used as the pore former in the polymer bulk. The controlled release 
of drug can last a long time (e.g., 23 days); furthermore, the presence of two antibi-
otics exerted a synergistic effect on bacterial growth and controlled the emergence of 
antibiotic resistance of bacteria.

9.3.2.2   Silver- and metal-containing polyurethanes

Metal- and silver ion-containing polyurethanes
Metal-containing polymers represent a broad classification of polymers having inor-
ganic salt groups attached to the polymer chain and improvement of some typically 
desired functional properties such as mechanical, hydrophilic, conductive, or anti-
bacterial. Metal-containing polyurethanes have been synthesized via ionic diols con-
taining metal salts as starting materials, and the metal is firmly incorporated in the 
backbone of the polymer chain.142 One group of metal-containing polyurethanes was 
synthesized by the polyaddition reaction of HMDI or toluene 2,4-diisocyanate with 
1:1 mixtures of divalent metal salts of mono(hydroxypentyl)phthalate (Ca2+, Cd2+, 
Pb2+, Zn2+). All these metal-containing polyurethanes exhibited antibacterial activ-
ity.143,144 In fact, the antimicrobial activity of silver, as well as copper and other metal 
ions, has been well known for centuries. It is very advantageous that silver is the ele-
ment with the highest toxicity for microorganisms, followed by Hg > Cu > Cd > Cr > Pb >  
Co > Au > Zn > Fe > Mn > Mo > Sn, as silver has the least toxicity for animal cells.145 
Recently developed novel antibiofilm agents, gallium (Ga) or zinc (Zn) complexed with 
protoporphyrin IX or mesoprotoporphyrin IX, show efficacy as metal complexes in negat-
ing suspended bacterial growth and biofilm formation.146 Poly(ether urethane) (PEU)  
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polymer films were fabricated for the controlled sustained release of the Ga or Zn 
complexes using PEG as an incorporated pore-forming agent. These chelated gallium 
or zinc complexes act as iron siderophore analogs, supplanting the natural iron uptake 
of most bacteria, and the drug-loaded polyurethane films exhibited in vitro ≥90% 
reduction of S. epidermidis and P. aeruginosa bacteria in both suspended and biofilm 
cultures versus the negative control PEU films releasing nothing.

Being relatively nontoxic to human cells, silver possesses extraordinary antibacte-
rial properties for a broad spectrum of bacterial strains that are found in industrial pro-
cesses as well as in the human body.147 The silver ions released from silver-containing 
surfaces interact with sulfhydryl groups or thiol groups (dSH) on the membranes of 
bacteria, causing disruption of their permeability and thereby leading to microbial cell 
death. It is known that silver ions react with the negatively charged nitrogen, oxygen, 
or sulfur atoms present in the bacteria as phosphate, amino, carboxyl, and thiol groups 
in the cellular proteins and DNA, inducing hydroxyl radical formation and causing 
damage of the cellular DNA, thereby inhibiting bacterial replication.148,149 Silver ions 
were also reported to block the respiratory chain of microorganisms reversibly in low 
concentrations and irreversibly in higher concentrations.145 Because of the mechanism 
by which silver acts as a biocidal agent, the likelihood of bacteria becoming resistant 
to silver-based antibiotics is believed to be low.147 In addition, the minimum con-
centration of silver ions that is capable of rendering an antimicrobial efficacy can be 
as low as 0.1 ppb.150 These characteristics make silver-releasing materials a potential 
strategy for reducing bacterial activity on a wide range of medical devices.

The antimicrobial property of silver in polymer is related to its form and amount, 
and the rate that silver is released. As an antimicrobial agent, silver is mainly pres-
ent in antibacterial polyurethanes in the form of ions or nanoparticles. Silver ion is 
highly reactive and it binds to tissue proteins and brings structural changes in the 
bacterial cell wall and nuclear membrane, leading to cell distortion and death.149  
Silver ions can be incorporated into the polyurethane hard segment or soft segment 
by altering the chemical structure of the diisocyanate, the diol, the soft segment, or 
the chain extender. Roohpour et al.151 synthesized a silver-containing polyether–
polyurethane via two reaction steps in which polytetramethylene oxide (PTMO) 
and methylene diphenyl diisocyanate (MDI) were first polymerized and the polymer 
was then chain-extended with butanediol followed by end capping with silver lactate 
or silver sulfadiazine. The synthesis was carried out in highly polar solvents (e.g., 
dimethylformamide and dimethyl sulfoxide) to enhance the solubility of silver salts 
and the molar ratio of salt and polymer was controlled to avoid cross-linking. The 
obtained silver-incorporated polyurethane does not have any significant change in 
mechanical properties but confers significant antibacterial activity. Acharya et al.152 
reported a synthesis of low molecular weight polyurethane incorporated with dSO2 
or dCOOH functional groups, which were used for metal complexation with sil-
ver ions. It was found that the carboxylic acid group imparted a higher degree of 
hydrophilicity to the polymer surface than the sulfone group and represented a bet-
ter bactericidal group with complexation of silver ions. Francolini et al.153 com-
pared the thermal, mechanical, and biological properties of polyurethanes containing 
Ag(I), Cu(II), Zn(II), Al(III), and Fe(III). Except for the Al-containing polymer, all 
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the other polymer aniomoners showed satisfactory antimicrobial properties, and the  
best antibacterial effect was obtained with the silver ion-containing polymer. To 
enhance the antimicrobial effect and to minimize the emergence of antibiotic  
resistance, ciprofloxacin was also adsorbed onto the above-noted ionomers. The metal 
ion-containing polymers loaded with ciprofloxacin possess different mechanisms of 
antibacterial actions, and a synergistic effect of the antibiotic and silver ions on 
bacterial growth inhibition was able to inhibit bacterial growth for at least 25 days.

Silver nanoparticle-containing polyurethanes
The use of silver ions as antimicrobial agents is limited due to the solubility of silver 
ions in biological and environmental media containing Cl−. The most common form 
of silver in polyurethanes is nanoparticles. Silver nanoparticles are clusters of silver 
atoms that range in diameter from 1 to 100 nm, and are attracting interest as antibac-
terial and antimicrobial agents for applications in medicine.154,155 Silver nanoparticles 
dispersed in polymers are much more stable than silver ions in polymer, and often 
show greater antimicrobial properties compared to other salts due to their extremely 
large surface area-to-volume ratios. Most importantly, silver nanoparticles and poly-
mer form nanocomposites that largely decrease the cytotoxicity of nanoparticles, but 
still release ions exhibiting excellent antibacterial activity. The mechanism of antibac-
terial activity by nanosilver has not been fully elucidated; however, it is well accepted 
that silver in aqueous solution releases silver ions that are biologically active to bacteria.  
Nanoparticles can attach to the cell membrane and react with sulfur-containing  
proteins in the membrane. Nanosilver can also penetrate inside the bacteria and react 
with phosphorus-containing compounds like DNA. The nanoparticles preferably 
attack the respiratory chain and cell division, leading to cell death.149

Nanotechnology and modern chemistry have been used to establish a variety of 
well-characterized methods for silver nanoparticle synthesis.154 The most common 
preparation method for silver nanoparticles for application in polyurethanes is the 
reduction of silver salts (e.g., silver nitrate, silver acetate) ex situ or in situ either 
using a reducing agent (e.g., sodium borohydride)156 or using photoreduction via UV 
light.157 Since nanoparticles tend to form agglomerates they need to be stabilized. A 
promising method is the ex situ generation of silver nanoparticles in a liquid phase 
with polymer or surfactants as stabilizing agents. Triebel et al.158 developed an ex situ  
preparation method for the synthesis of nanoparticles in an invertible polyester.  
The particles were surrounded by a polyester cage that prevents agglomeration, and 
the particles were incorporated into polyurethanes with even distribution. The results 
showed that the composite with the ex situ silver nanoparticles exhibits better anti-
microbial properties with a higher silver ion release (∼two orders of magnitude) than 
the release from a composite with in situ silver nanoparticles obtained by a thermal 
reduction of silver acetate during melt mixing.

Chemical reduction is the most frequently applied method for the preparation 
of silver nanoparticles as stable, colloidal dispersions in water or organic solvents. 
However, a number of alternative “green” chemistry synthesis routes have been 
reported.159,160 Inspired by mussel adhesive proteins, a novel functional polyure-
thane based on hydrolyzable tannins that contain a number of catechol groups was 
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recently synthesized. The catechol groups could reduce Ag+ to form Ag0 for pre-
paring polyurethane/silver nanoparticle composites.161 Mtimet et al.162 reported 
a green synthesis process of silver nanoparticles by microwave irradiation of a 
silver nitrate aqueous solution in the presence of PEG 2000 without other chemi-
cals. The synthesized Ag nanoparticles bonded to the hydroxyl groups at the chain 
ends of PEG, which was incorporated into a polyurethane backbone, allowing a 
good distribution of the metal particles inside the final nanocomposite without 
aggregation. These silver nanoparticles exhibited biocidal properties against  
P. aeruginosa and Enterococuss faecalis in liquid suspension and on the polyurethane 
surfaces. Some polyurethane anionomers can also reduce silver ions to silver nanopar-
ticles without additional reducing and stabilizing agents. For example, a carboxylate 
anionic waterborne polyurethane containing N-methyl-2-pyrrolidone and trimethyl-
amine can reduce the silver ions by the amine group, and also coordinate silver ions 
and stabilize silver nanoparticles through carboxylate and nitrogen in the urethane 
group. The polyurethane–Ag nanocomposites could release silver ions and reduce the 
bacterial activity 99.99% for E. coli and 53.97% for S. aureus.163 Melinte et al.164 
reported a similar synthesis method for obtaining silver–polymer composite mate-
rials from a series of polyurethane acrylates, where the carboxyl groups and amino 
groups were totally/partially ionized, and silver nitrate was in situ reduced through an 
electron transfer reaction. The polymers obtained were uniformly distributed with Ag 
particles in a polyurethane acrylate film without agglomeration. Such green, one-step 
synthetic procedures of silver nanoparticles when the polymer acts simultaneously as 
a reductant and matrix may be recognized as the most sophisticated approaches with a 
high application potential, especially when a biocompatible polymer is used.160

The antibacterial activity of silver nanoparticles is influenced by intrinsic silver 
nanoparticle features such as size, concentration, chemistry, crystallinity, and capping 
agents.155 Silver nanoparticles comprise nano-sized structures formed of silver atoms 
that are metallically bonded together. The silver ion release from a matrix increases 
with decreasing diameter of the silver particles only. It was reported that silver ion 
release at a distinct concentration could be enhanced if nanoparticles instead of micro-
particles were used because of the much larger specific surface area of the nanopar-
ticles.165 However, nanoparticles of smaller sizes increase the toxicity to human cells 
because smaller nanoparticles have the same dimensions as biological molecules (e.g., 
DNA and proteins, ∼2 nm) and may directly interact to damage DNA, denature pro-
teins and enzymes, and produce free radicals.154 Liu et al.166 compared the antibac-
terial activity and cytotoxicity of silver nanoparticles with three different sizes (i.e., 
3–4, 5–7, and 10–40 nm) and different concentrations in waterborne polyurethane. 
The results showed that the nanocomposites with 60 ppm of medium size (5 nm) silver 
nanoparticles had the best antibacterial activity and biocompatibility. The good disper-
sion of nanoparticles and delicate nanostructure of polyurethane nanocomposite were 
believed to contribute to their good biological activity.

Significant progress has been made toward the silver/polyurethane nanomaterials 
exhibiting broad spectrum biocidal activity toward bacteria, fungi, viruses, and algae. 
This motivates its wide use in a large number of biomedical and environmental appli-
cations. However, the possible impact on the environment and its potential toxicity to 
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organisms including humans are of concern.167 Optimization of silver nanoparticle 
features including size, concentration, shape, and chemistry to the biocompatibility 
and antibacterial activity still needs in vivo and in vitro studies.

9.3.2.3   Nitric oxide-releasing polyurethanes

Nitric oxide (NO), a diatomic free radical, naturally produced in the body by endothe-
lial cells, is well known as an antithrombogenic mediator and its continuous release 
from the surface of endothelial cells effectively prevents the adhesion/activation of 
platelets on normal blood vessel walls.168 Hence, materials that release or generate 
NO locally at the surface to inhibit thrombus formation have been developed with 
great potential applications in blood-contacting medical devices with improved 
biocompatibility.169,170

Nitric oxide also plays an important role in the immune response as an antimicro-
bial agent and host defense against pathogenic bacteria. As a free radical, nitric oxide 
can cross the membranes to enter the microbial cell readily and kill the microbe by 
directly nitrosating DNA, proteins, and lipids or by combining with reactive oxygen 
species (e.g., superoxide, peroxide) and oxidizing the same targets.171,172 Nitric oxide 
has been identified as a key mediator of biofilm dispersal and provides an unprece-
dented opportunity for developing novel treatments to induce biofilm dispersal and 
improved treatment for chronic infection.173 Nitric oxide is very reactive and has a 
short lifetime in the order of seconds in the body. Once it enters the body it quickly 
finds a target. The rapid reduction of microbial loads reduces the pressure for the evo-
lution and spreading of variant bacteria and limits the possibility of promoting nitric 
oxide-resistant strains.

NO-releasing biomaterials have been developed for antibacterial applications 
including polymeric materials,174,175 xerogel,176,177 sol gel,178,179 and silica nanoparti-
cles.180 Two different classes of NO donors, diazeniumdiolates and nitrosothiols, are 
commonly used. The diazeniumdiolates, also called as NONOates, are synthesized 
by reaction of amines with NO gas to form relatively stable compounds that sponta-
neously release NO on contact with bodily fluids.

The S-nitrosothiols are generally formed by reaction of nitrous acid with the parent 
thiol and are reported to require copper-mediated decomposition, reaction with ascor-
bate, or cleavage by light to release NO.181 NO donors are incorporated into materials 
either by blending discrete NO donors within polymeric films or covalently attached 
to polymer backbones and/or to the inorganic polymeric filler particles that are often 
employed to enhance the strength of biomedical polymers (e.g., fumed silica or tita-
nium dioxide).169

A variety of strategies for synthesizing NO-releasing polyurethanes by diazenium-
diolates NO donors have been reported. Jun et al.182 synthesized a diazeniumdiolate 
peptide using standard fluorenylmethoxycarbonyl chemistry from a lysine-containing 
peptide by reaction with NO, in which the amine groups in lysine residues were con-
verted to diazeniumdiolates and the hydroxyl groups in serine residues are allowed 
to incorporate the peptide into a polyurethane chain. A polyurethane polymer was 
obtained by reacting MDI and PTMO and then a combination of BD (1,4-butanediol) and 
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diazeniumdiolate peptide was added as the chain extender. The obtained polyurethane 
showed two-phase kinetics of NO release: an initial burst within 48 h and a much 
slower sustained release over 2 months. The platelet adhesion to this NO-releasing 
polyurethane was dramatically decreased compared to control polyurethane. Reynolds 
et al.183 reported two novel strategies for synthesizing stable nitric oxide-releasing 
polyurethanes with covalently attached diazeniumdiolate groups onto secondary 
amines in a polymer chain. The first approach was to attach diazeniumdiolate groups 
to secondary amino nitrogen of alkane diamines inserted within the diol chain extender 
of a polyurethane material, and the second strategy involved ω-haloalkylating the  
urethane nitrogens and then displacing the halide from the resulting polymer with a 
nucleophilic polyamine to form a polyurethane with pendant amino groups suitable for 
diazeniumdiolation. Both were successful in preparing NO-releasing polyurethanes. 
The flux of molecular NO from the polyurethane by the former strategy reached levels 
as high as 19 pmol/cm2/s with a total recovery of 21 nmol of NO/mg of polyurethane 
on immersion in physiological buffer, and the released NO flux was at 14 pmol/cm2/s  
and a total recovery of 17 nmol/mg from the polyurethanes synthesized by the  
secondary strategy. Polyurethane films containing polyethyleneimine can also 
be directly exposed to NO gas to form diazeniumdiolate in situ under pressure of  
5 atm and in Ar gas environment.184 The NO release capacity increased with increasing  
polydimethylsiloxane content in the soft segment of the polyurethane, and the 
NO releasing rates were maintained above the value of quiescent endothelial cells 
(0.83 pmol/cm2/s) for 5–10 days.

NO-releasing polyurethane can also be synthesized from alternative NO donors, 
S-nitrosothiols, which are endogenous compounds involved in NO storage and trans-
port in blood. Coneski and Schoenfisch185 synthesized a polyurethane incorporating 
active S-nitrosothiol functionalities into hard and soft segment domains using thiol 
group protection and postpolymerization modification, respectively, and the polyure-
thanes were capable of releasing NO up to 0.20 μmol/cm2. The total NO release and 
release kinetics were affected by the nitrosothiol position in hard and soft segment 
domains of the polyurethanes. Thiol modification on soft segments was the most 
promising avenue for NO donor incorporation due to the retention of surface restruc-
turing and microphase separation, and high thiol to nitrosothiol conversion efficiencies  
related to the solution accessibility of the thiols. The decomposition of S-nitrosothiols  
can be facilitated by copper (II) complex to release NO. Therefore, NO-releasing 
polyurethanes from S-nitrosothiols are often tethered with a copper (II) complex  
such as copper (II)–cyclen moieties.186,187 Puiu et al.188 modified Pellethane® and 
Tecophilic® polyurethanes via covalently linked cyclen/Cu(II) moieties onto struc-
tural polymer backbones. Both derivatized polyurethanes were found to produce NO 
at levels at or above those of endothelial cells. The promising behaviors in prevention 
of platelet adhesion and blood coagulation make NO-generating polyurethane materi-
als that are able to be used in a wide variety of long-term biomedical applications such 
as a coating material for catheters, vascular grafts, and other blood-contacting devices.

Since most uses of NO-releasing polyurethanes are still concentrated on the purpose 
of resistance to thrombosis, reports of NO-releasing polyurethanes for antibacterial appli-
cation are few. Seabra et al.174 reported on the synthesis of NO-releasing polyester for 
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the coating of a polyurethane intravascular catheter. The catheter coated with polymers 
was shown to release NO in PBS solution at 37 °C at a rate of 4.6 nmol/cm2/h in the first 
6 h and 0.8 nmol/cm2/h over the next 12 h, and exerted a potent dose- and time-dependent 
antimicrobial activity against S. aureus and P. aeruginosa strains. Heilman et al.189 syn-
thesized a light-sensitive polyurethane-based composite material entrapped with silica 
xerogel particles and embedded with the photoactive NO donor manganese nitrosyls. 
This biocompatible material can readily release NO when exposed to visible light. The 
polymer film is durable and maintains its NO-releasing capacity for over 3 months of 
storage and exhibits antibiotic effects against a broad spectrum of bacteria including 
methicillin-resistant S. aureus, Acinetobacter baumannii, P. aureginosa, and E. coli. It is 
feasible to use these polymer films for the treatment of infected wounds.

9.4   Other strategies of antibacterial polyurethanes  
and future perspectives

Over the past decades, a number of strategies and products of antibacterial polyure-
thanes have been developed. In general, antibacterial polyurethanes and surfaces can 
be broadly classified as antiadhesive polymers and biocidal polymers based on the 
mechanisms of controlling bacterial adhesion and biofilm formation. However, such 
classifications might be limited since the polymer surfaces often involve multiple 
mechanisms of antiadhesion.190 For example, antibacterial polyurethane surfaces are 
often modified to be hydrophilic and capable of repelling bacterial cells, and also to 
inactivate/kill cells that do come into contact with the surface through the release 
of antibiotics. Such multifunctional antibacterial surfaces greatly increase the anti-
bacterial activity of materials and extend the efficacy of anti-infection properties and 
increase the biocompatibility. For future developments of antimicrobial polyurethane 
surfaces, it may be desirable to combine different working mechanisms and to opti-
mize “release-on-demand” systems.

The strategies behind the antibacterial polyurethanes described above are either 
to reduce the adhesion of bacteria to the surface or to inactivate and destroy them. 
However, the development of antibacterial technology is not limited to the cur-
rent strategies. Progress in the knowledge of the molecular mechanisms implicated 
in the physiology of biofilm formation of bacterial species has recently made new 
opportunities available to counteract the establishment of bacteria on biomaterial  
surfaces. These new approaches include enzyme treatment, targeting quorum-sensing,  
small molecules, and immunotherapy for biofilm treatment.19,191 A newly purified 
β-N-acetylglucosaminidase, named dispersin B, is an enzyme produced by the 
Gram-negative periodontal pathogen Actinobacillus actinomycetemcomitans that was 
able to degrade the polysaccharide-based matrix biofilm produced by staphylococci 
and exhibited broad spectrum activity.192 As an antibiofilm agent, it was bound to 
functionalized polyurethane matrices and found to exert hydrolytic activity against 
the exopolysaccharide matrix produced by staphylococcal strains, demonstrating a 
highly effective tool for preventing bacterial colonization of medical devices.193  



272 Advances in Polyurethane Biomaterials

The success of dispersin B at clearing established biofilms and preventing formation 
of these structures in vitro suggests that the enzyme could be a promising new treat-
ment for staphylococcal infections on polyurethane-based medical devices.

Bacteria rely on chemical communication or quorum sensing to coordinate 
activities necessary for their survival in colonies. For example, staphylococci regu-
late biofilm formation and dispersal using the agr quorum-sensing system.194 Their 
dependence on quorum sensing has made these signaling systems within bacteria an 
attractive target for the design of new therapeutic agents.195 Nowatzki et al.196 synthe-
sized an ultraviolet-cured polyurethane acrylate polymer composed of salicyl acrylate, 
which hydrolyzed on exposure to aqueous conditions and released salicylic acid while 
leaving the polymer backbone intact. The controlled release of salicylic acid from 
polyurethane films exhibited significant inhibition of biofilm formation. The mecha-
nism of salicylic acid to inhibit biofilm formation is not well understood; however, one 
proposed explanation is that salicylic acid might interfere with bacterial quorum-sensing 
signals since salicylic acid acts as a signal molecule involved in systemic acquired 
resistance against pathogens and suppresses the expression of genes associated with 
the quorum-sensing autoinducer.196

The future of implant surfaces lies in the design and development of a surface that 
interacts in a specific way to promote the desired processes and to minimize detri-
mental side effects.28 Because of the increasing concern on the bacterial resistance to 
traditional antibiotics, strategies that do not lead to antibiotic resistance strains will 
be more attractive to scientists and clinicians. The studies of surface topographical 
modification have demonstrated their important applications for control of the ini-
tial bacterial adhesion and future colonization events without causing antibiotic resis-
tances. Furthermore, a combination of the correct topography and surface chemistry 
may minimize the effects of defects during fabrication, and may be the most suc-
cessful strategy for controlling the biological responses including bacterial adhesion, 
protein adsorption, and platelet adhesion as well as blood coagulation. Future work 
will further characterize such topographies and chemical modifications on a variety of 
polyurethanes, allowing us to select the features of biocompatibility and specific tissue 
responses required for the implants.28

Small molecules, such as nitric oxide and salicylic acid, have exhibited strong anti-
microbial effects and have shown the ability to readily disperse biofilms. An important 
advantage of these small molecules is that bacteria often do not develop resistance to 
them. In addition, they are often more biocompatible and also resistant to thrombosis, 
for example, nitric oxide. It seems that small molecule treatment of bacterial infec-
tions with controlled delivery of suitable doses of small molecule (e.g., nitric oxide) 
is a very desirable goal. Development of nitric oxide- or other small molecule-re-
leasing polyurethanes will provide promising approaches to antibiotic therapies with 
improved biocompatibility.

Because of the significant impact of biomaterial-induced infections and the loss of 
efficacy of antibiotic-based conventional therapies, it is imperative that new strategies 
against bacterial adhesion and biofilm formation on biomaterial surfaces are found. Anti-
bacterial or anti-infection polyurethane biomaterials have been rapidly developed, simi-
lar to the most current infection-resistant biomaterial technologies, and their potential in 
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in vitro or in preclinical models has been recognized; however, the clinical experimental 
phase is weak. Multicenter clinical trials and appropriately designed and well-structured 
international registers are needed to obtain reliable comparative data for the develop-
ment of anti-infection technologies and antibacterial biomaterials.19,20 Knowledge of the 
medical devices and their clinical applications will guide future strategies, appropriately 
and specifically directing the design and selection of anti-infective biomaterials.
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10.1   Introduction

In the development of blood-contacting medical devices the biocompatibility and espe-
cially the hemocompatibility are still major challenges. Biocompatibility is defined by 
Williams as “the ability of a material to perform an appropriate host response in a specific 
application” [1]. Hemocompatibility as a subcategory of biocompatibility describes all 
blood–material interactions such as inflammation, platelet activation, and coagulation 
[2]. A material surface that lacks hemocompatibility can lead to thrombus formation, 
causing material failure, emboli, or in the worst case the patient’s death [3,4]. But as the 
need for implants, organ-assist devices, and other blood-carrying systems such as arti-
ficial heart valves, total artificial hearts, lung-assist devices, blood bags and tubing sys-
tems is increasing, new and especially improved medical devices are required. Currently, 
patients with such devices undergo an anticoagulation therapy, which regulates the risk 
of thromboembolic events but at the same time raises the severe risk of bleeding [2,5]. 
Therefore, the improvement of all blood-contacting medical devices regarding hemo-
compatibility is inevitable for better medical care and higher quality of life for patients.

For achieving this aim, many different approaches are focusing on the modifica-
tion of polymer surfaces in general and on polyurethane (PU) surfaces in particular. 
PUs are widely used for biomedical applications as they offer good mechanical prop-
erties and a better biocompatibility than other polymers [6–9]. Nevertheless, there 
is still a huge potential for improving the hemocompatibility of PUs. The modifi-
cations of PU surfaces can be roughly divided into chemical and physical methods. 
The chemical techniques include all modifications of the material’s chemistry as, for 
example, organic and inorganic coatings, biofunctionalization, and biomimetic modi-
fication whereas all physical techniques alter only the surface properties and leave the 
chemistry constant [10,11]. Numerous research groups have tried to improve hemo-
compatibility physically by implementing surface structures in the micro- and nano-
meter range using diverse manufacturing methods. Various test setups, test fluids, and 
analysis methods for different hemocompatibility key factors such as platelet aggre-
gation, platelet adhesion, and clotting times have been used [12–14]. A prominent 
example is the structured pump housing of the “Heart Mate I” (Thoratec Corp., USA),  
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a left ventricular-assist device, which was implanted in the early 1990s [15].  
Microspheres in the range of 50 μm–75 μm were employed to trigger an encapsulation 
of the foreign surface with a neointima. But uncontrollable tissue ingrowth especially 
in the small parts of the device led to thrombotic events and the retraction of the struc-
tured pump housing [2,15,16]. This illustrates that surface structuring is a powerful 
tool for influencing blood cell adhesion, but is still far from being understood and 
needs to be intensively investigated in the future.

The following sections focus on both the chemical and the physical modification of 
PUs, summarize the different approaches, and highlight similarities as well as differences. 
Therefore, a short overview regarding blood–material interactions and the impact on 
medical devices is given first, followed by an explanation of surface–liquid interactions.

10.2   Blood–material interactions

The coagulation process is divided into the primary hemostasis, also known as cellular 
coagulation, and the secondary hemostasis, named plasmatic coagulation. The phys-
iological primary hemostasis is initiated as a consequence of tissue injuries directly 
within the first few minutes (approximately 1–3 min) [17]. At first, the vasoconstriction 
narrows the blood vessels prior to the injury to reduce the blood flow and therewith the 
blood loss. Meanwhile, the collagen released by the injured endothelium triggers the 
platelet adhesion, which is followed by platelet aggregation caused by the von Will-
ebrand Factor (vWF) [17–21]. In the physiological sequence, plasmatic coagulation 
follows, which leads to the final thrombus formation. This pathway is divided into two 
different processes as well: the extrinsic and the intrinsic path (see Figure 10.1).

The extrinsic path is a direct consequence of the endothelium injury and is thus 
initiated by the so-called tissue factor (Factor III). This is followed by the activation 
of other coagulation factors, such as Factor VII and Factor IX, which are additionally 
triggered and intensified by calcium (Ca2+), leading to the activation of Factor X. The 
activated Factor X (Xa), Ca2+, and phospholipids transform prothrombin to thrombin, 
which initiates the synthesis of fibrinogen to fibrin, amplifies the activation of Fac-
tors V, VIII, XI, and XII and furthermore triggers platelet activation and aggregation. 
Finally, fibrin strengthens the clot of the activated and adhered platelets.

The intrinsic pathway is triggered by protein adsorption on negatively charged sur-
faces, namely High Molecular Weight Kininogen (HMWK, Factor XIV) in the first 
instance. Receptors on the platelet membrane recognize the protein adsorption and bind 
on them, leading to platelet activation and further protein and coagulation factor release, 
namely Factors XII, XI, and IX. This results in the activation of Factor X as well, lead-
ing to thrombin generation and fibrin syntheses. At this point, both the extrinsic and  
the intrinsic pathways result in a joint final path. Within the physiological case, coagu-
lation is followed by fibrinolysis, the degradation of fibrin, and thus the degradation of  
the whole thrombus [17,20,22,23].

With regard to the pathological thrombosis, three initiating key factors emerged 
during the nineteenth and twentieth centuries, nowadays known as the “Virchow triad” 
(see Figure 10.2). These are abnormalities concerning blood flow, blood constituents, 
and the blood-contacting surface [24–26].
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Abnormalities in the blood flow are possibly areas where the flow converges to 
zero, which leads to a stagnation of the blood, resulting in platelet activation and clot 
formation. The same outcome is caused by high shear stresses, namely above 10 Pa, or 
turbulence in the blood flow [27–31]. During the development of new medical devices 
these flow-related issues can be analyzed and predicted in advance by means of com-
putational fluid dynamics and fluid structure interaction simulations or particle image 
velocimetry [32–36]. Virchow’s second point is related to an unphysiological hyper-
coagulability due to illnesses such as hypertension, hemophilia, atrial fibrillation, or 
coronary artery disease. These risk factors should be treated by modern medicine 
[31,37,38]. The last point addresses the blood-contacting surface. Normally, blood is 
only in contact with the endothelium, which is the inner layer of all blood-carrying 
vessels and organs in the body [23]. But as soon as a foreign material is in contact with 
the blood stream, a foreign body reaction might be initiated. Triggered by the pro-
tein adsorption on the artificial surface, the intrinsic path of the coagulation cascade 
is activated, finally leading to clot formation on the foreign material [17,18,20,39]. 
In contrast to the physiological sequence, the pathway does not result in fibrinolysis 
and clot degradation as long as the foreign material remains in the blood stream and 
causes a subsequent activation of the coagulation cascade. This bears the severe risk of 
thromboembolic events possibly leading to implant failure or even the patient’s death. 
This makes the improvement and modification of medically used material surfaces 
highly desirable [2,40,41].

Surface

Blood flowBlood constituents

Figure 10.2 Virchow’s triad.

10.3   Surface–liquid interactions

The wetting behavior of a liquid at a solid–gas interface is described by the water 
contact angle θ and can be divided into four different classes (see Figure 10.3) [42].

According to the Young’s equation the contact angle can be calculated using the 
surface tension of the solid (γs), the liquid phase (γl), and the solid–liquid interfacial 
energy (γsl) [43]:

 
cos θY =

γs − γsl

γl  

The majority of chemical PU modification approaches are aimed at establish-
ing hydrophilic surfaces repelling nonspecific protein adsorption [6,44,45]. The 
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alternative physical modifications are mostly focused on increasing the hydrophobic-
ity to prevent platelet activation and adhesion on the surfaces [46–50]. If a surface has 
hydrophilic properties a liquid droplet spreads at the solid interface, wetting a large 
surface fraction. In contrast, for the hydrophobic case, the droplet remains in its origi-
nal shape, which leads to a very small contact area at the surface. Both phenomena can 
be found in nature, especially in flora and fauna. For example, low contact angles are 
established on the surfaces of Bromeliaceae (e.g., pineapples) or epiphytic growing 
orchids for the most efficient water and nutrient uptake. Carnivorous plants also have 
such hydrophilic surfaces for a better insect capturing [42]. A high contact angle can 
be found on shark skin, reducing the water resistance during movement. The most 
prominent example for superhydrophobicity in nature is the so-called lotus effect, the 
self-cleaning and water repelling properties that are achieved by a two-scale surface 
structure on the lotus leaves (see Figure 10.4). This special structure consists of ran-
domly arranged burling in the range of several micrometers, which are overlaid with a 
nanometer-scaled hair structure [42,43,51,52].

θ

Figure 10.3 Four classes of contact angles.

µ

Figure 10.4 (a) Water droplet rolling off the lotus leaf (reprinted by permission from  
Macmillan Publishers Ltd. Ref. [53], Copyright © 2003). (b) SEM picture of the double-scale 
structure of the lotus leaf (reprinted from Ref. [54], with kind permission from Springer  
Science and Business Media).

For this special case of such a rough hydrophobic surface, two different wetting 
scenarios are reported. One is the homogeneous wetting state, which is described by 
the Wenzel equation and follows the assumption that all cavities between the rough 
topography come in contact with the liquid. The other is the heterogeneous wetting 
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state, which is described by the Cassie–Baxter equation and is based on air trapping 
between the liquid and the roughness (see Figure 10.5) [51,52,55].

Which wetting state applies on which surface depends on the free energy of the 
whole system. Nature always aims to reach the state of the lowest energy. Thus, either 
homogeneous or heterogeneous wetting fulfills the state of the lowest energy for each 
individual surface. Some research groups reported that a decrease of the roughness 
ratio r leads to a switch from Wenzel to Cassie–Baxter mode. The threshold was 
reported to be 1.7 or even lower. In this wetting scenario, the contact area between 
liquid and solid is significantly reduced as only the tips of the surface structure are 
touched by the liquid [51,52,55,56].

All these biomimetic approaches can be transferred to biomedical applications. 
Using hydrophilic surfaces in contact with blood is aimed at establishing a hydrate 
layer on the foreign surface, which serves as a barrier for blood protein adsorption. 
Minimizing or even avoiding any kind of protein adsorption on the surface tremen-
dously inhibits the activation of the intrinsic coagulation pathway and thus the foreign 
body reaction [2,7,46]. In contrast, superhydrophobic surfaces aim at repelling aque-
ous-based liquids, including blood and its components as well as proteins enclosed 
in liquid droplets. As a consequence, neither platelets nor proteins can adsorb on the 
surface leading to coagulation and clotting on the biomaterial. Additionally, in the 
case of heterogeneous wetting of the surface the contact area between foreign material 
and blood is heavily reduced, which further reduces the contact-induced activation of 
coagulation [46,48,51,52].

10.4   Chemical surface modification

Improving the hemocompatibility of medically used materials via chemical modifi-
cation techniques means altering the surface of the bulk material by, for example, 
polymerization, ligand binding, or coating. This is aimed at the development of either 
a bioinert or a bioactive material [6,8,10,11].

r: roughness ratio 

cos θW = r cos θY

(a) (b)
cos θCB = r + f – 1cos θY
r: roughness ratio of wet area 

f :  fraction of wet area

Figure 10.5 (a) Homogeneous wetting according to Wenzel; (b) heterogeneous wetting 
 according to Cassie–Baxter [52].
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10.4.1   Bioinert polyurethanes

Bioinert materials are materials that do not release any substances that are, for exam-
ple, toxic or inflammatory and do not trigger a material–tissue interaction. In the case 
of a blood-contacting foreign material this means that the blood components do not 
recognize the artificial surface as artificial and thus do not initiate a foreign body 
reaction [41,57].

For establishing such a bioinert PU surface, the most common technique is the 
incorporation of poly(ethylene glycol) (PEG) or poly(ethylene glycol) methacrylate 
(PEGMA). Both materials are known to be hydrophilic and hemocompatible as they 
avoid protein adsorption due to the formation of a hydrate layer between the mate-
rial surface and the surrounding medium [6,58]. Furthermore, the hydrophilic prop-
erties lead to better endothelial cell (EC) attachment and proliferation in cell culture 
as it is needed for tissue engineering scaffolds [7,8]. Several research groups inves-
tigated the effect of grafting PEG or PEGMA onto PU surfaces, varying the graft 
ratio and/or molecular weight. Although they used different fabrication processes 
(e.g., electrospinning, UV polymerization, multistep grafting) and different experi-
mental setups the results were all similar [6–8,58]: The higher the portion of PEG 
or PEGMA, the lower the contact angle and thus the platelet adhesion. The same 
relation was found for increasing the molecular weight of PEGMA. The best results 
according to platelet adhesion in static experiments with platelet-rich plasma (PRP) 
were achieved with a minimum ratio of PU/PEG and PU/PEGMA. In the case of PU/
PEGMA a ratio of 70/30 wt% and a PEGMA molecular weight of 800 g/mol resulted 
in a greatly decreased amount of adherent platelets, resulting in minimal platelet adhe-
sion on the modified PUs after 4 h incubation (see Figure 10.6). A prolonged activated 
partial thromboplastin time (aPTT) supports the assumption that PEG or PEGMA 
respectively leads to a suppression of the intrinsic coagulation cascade by avoiding 
the protein adsorption on the modified PU surfaces [6–8,58]. As protein adsorption 
triggers the intrinsic pathway of the coagulation cascade, its suppression leads to a 
highly hemocompatible foreign surface. These materials performed best in cell attach-
ment and proliferation trials as well, using human umbilical vein endothelial cells 
(HUVECs) and a cultivation period of up to 14 days. Thus, PEG-modified PUs can 
also be used for tissue engineering scaffolds [7,8].

Grafting PEG on PU materials is used not only as a modification of the PU sur-
face but also as a priming layer for further coating. By copolymerization of tetra- 
hydroxyl-terminated poly(butadiene-co-acrylonitrile onto PEG-pretreated PU, Luo et al. 
established a new scaffold material that showed a prolonged prothrombin time (PT) as 
well as aPTT in static experiments carried out with human PRP [59]. The same exper-
iments revealed less platelet adhesion after incubation for 1 h and 12 h. The adherent 
platelets showed reduced shape change and pseudopodia formation [59]. Other examples 
of polymer coatings for PU are the modification with fluorocarbon oligomers, which are 
highly protein repellent and hemocompatible [60–62] or other hydrophilicity-increasing 
polymers (e.g., polyethersulfone or poly-(2-hydroxyethyl methacrylate)) [63,64].

Besides polymer coating, the grafting of either zwitterions or betaines has been used for 
establishing protein-resistant PU surfaces as well. Both molecules have an equal number 
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Figure 10.6 SEM pictures after PCU platelet adhesion tests, from left to right: plain PCU, 
400 g/mol, 600 g/mol, 800 g/mol, and 1000 g/mol PEGMA.
Reprinted from Ref. [6], with kind permission from Springer Science and Business Media.
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of positive and negative charged groups and have a biomembrane-like surface resulting 
in a high resistance to protein adsorption and platelet adhesion [45,61,65,66]. Phosphor-
ylcholine (PC) is a prominent example for a zwitterionic phospholipid that has been used 
for PU coating. Several studies revealed that grafting PC results in very low contact angles 
down to 20° on PU surfaces, accompanied by several other indicators for better hemocom-
patibility such as reduced fibrinogen adsorption, less platelet adhesion and shape change, 
and prolonged aPTT and plasma recalcification time (PRT) as well as less P-selectin 
expression after shear exposure [45,61,65]. All these data indicate improved hemocom-
patibility due to PU surface modification. Additionally, the grafting of sulfobetaine onto 
PU surfaces leads to a higher hydrophilicity and thus to longer aPTT and thrombin time 
(TT), another hint for a suppressed activation of the coagulation cascade [66].

Another method for inhibiting a foreign body reaction between blood and artificial PU 
surfaces is the application of metal coating. This type of surface modification is already 
well established for other types of materials such as metals and ceramics. Common coat-
ings are titanium oxide (TiOx), titanium nitride (TiN), zirconium oxide, or diamond-like 
carbon (DLC), which are frequently used for VADs, stents, or guidewires [11,67–70]. 
To apply such coatings to polymeric surfaces several types of laser deposition are used, 
for example, pulsed laser deposition, plasma-activated chemical vapor deposition, or 
pulsed laser ablation in liquid [71–73]. These techniques allow the coating of pure and 
modified titanium (Ti) (e.g., TiN, TiOx) as well as pure and doped DLC (e.g., doped with 
silicon (Si), titanium, nitride (N)). Depending on the content of the particular material 
the results all show reduced platelet activation and aggregation investigated under both 
static and dynamic conditions. The latter was performed in a cone-and-plate analyzer 
at a shear rate of 1800 s−1 for 5 min and revealed the best results for TiN and DLC–TiN 
coatings [72]. Additional cell culture experiments showed an improved EC growth with 
a confluent cell layer after 7 days successfully preventing platelet adhesion on titanium 
carboxonitride-modified (Ti(C, N, O)) PU surfaces [71].

A completely different approach was followed by Jia et al. who established fluori-
nated thermoplastic PUs via a two-step bulk polymerization aiming not at hydrophilic 
but at hydrophobic surfaces [74]. With an increasing content of fluorine the water 
contact angle increased, reaching ranges even above 100°. In vitro experiments with 
PRP revealed a decreasing number of adherent platelets and a lower degree of spread-
ing. With a fluorine content of 6 wt% the platelet adhesion could even be as good as 
completely suppressed [74].

These contradictory approaches and results give a first hint that research is still far 
from having found “the one and only” surface modification technique for improving 
PU surfaces and establishing a perfectly hemocompatible biomaterial. A summary of 
modification techniques aiming at bioinert PU surfaces is shown in Table 10.1.

10.4.2   Bioactive polyurethanes

In contrast to bioinert materials, which are designed to prevent any interaction with 
the surrounding medium, bioactive materials come in contact with the environment as 
they trigger a specific material–tissue interaction such as EC proliferation or release 
drugs such as anticoagulation or anti-inflammatory agents [1,11,75].



Table 10.1 Chemical modifications for bioinert surfaces

Modification Technique Variation Target
Testing 
conditions Test medium Result

PEGMA on PU UV 
polymerization

PEGMA  
molecular 
weight (400 g/
mol–1000 g/mol)

Platelet adhesion Static, in vitro Rabbit PRP Higher molecular weight = more 
hydrophilic; least adhesion 
with 800 g/mol

[6]

PEGMA on PU Electrospinning PU–PEGMA 
concentration

Cell proliferation Static cell culture HUVEC The more PEGMA the more 
hydrophilic; best cell  
proliferation on PU–
PEGMA 70/30

[7]

PEG on PU Electrospinning PU–PEG 
concentration

Platelet adhe-
sion; cell 
proliferation

Static, in vitro; 
static cell 
culture

Rabbit PRP; 
HUVEC

Amount of adherent  
platelets decreases with PEG 
amount

[8]

PEGMA on PU Three-step 
grafting

– Platelet adhe-
sion; cell 
proliferation

Static, in vitro; 
static cell 
culture

Rabbit PRP; 
HUVEC

Less platelets and better 
HUVEC proliferation on 
PU–PEGMA

[58]

THRPBA on PU Copolymerization – Platelet adhesion, 
coagulation 
times

Static, in vitro Human PRP Less platelets on modified PU, 
prolonged PT and aPTT

[59]

Fluorocarbon  
oligomers on PU

Grafting – Platelet adhesion Static, in vitro Human PRP Less adhesion, no aggregation 
or shape change

[60]

Fluorocarbon and/or 
phosphorylcholine 
on PU

Material mixing Combination of 
materials

Platelet adhesion; 
fibrinogen 
adsorption

Static, in vitro Human PRP; 
human 
fibrinogen

Phosphorylcholine most 
effective against fibrinogen; 
fluorocarbon more effective 
against platelets; combination 
of moth modifications best

[61]



Fluorocarbon  
into PU

Bulk modification Chemical 
compositions

Platelet adhesion Static, in vitro Rabbit PRP Less adhesion and spreading 
on fluorocarbon PU

[62]

Polyethersulfone on 
PU

Blending Polyethersulfone 
concentration

Platelet adhe-
sion; protein 
adsorption

Static, in vitro Porcine PRP; 
protein 
solution

Less fibrinogen and platelet 
adhesion of modified PU

[63]

PHEMA on PU Grafting – Platelet adhesion Static, in vitro Human PRP Lower contact angle and less 
platelets with less spreading

[64]

Phosphorylcholine 
on PU

Three-step 
grafting

Portion of PC Platelet adhesion, 
coagulation 
times

Static, in vitro Rabbit PRP Reduced adhesion and shape 
change; 5 % PC  
showed longer aPTT

[45]

Phosphorylcholine Dip-coating – Fibrinogen and 
platelet adsorp-
tion, coagula-
tion time

Static, in vitro Human PPP 
and PRP

Contact angle decreased with 
PC, accordingly less  
platelets and longer PRT

[65]

Platelet adhesion, 
P-selectin 
expression

Dynamic, in vitro Human whole 
blood

No platelet adhesion, less 
P-selectin expression on 
modified surfaces

Sulfobetaine on PU Grafting – Coagulation times Static, in vitro Human blood Lower contact angle,  
prolonged aPTT and TT

[66]

Ti, TiN, TiO and 
DLC modified PU

Pulsed laser 
deposition

Combination of 
materials

Platelet adhesion 
and activation, 
GPIIb/IIIa

Dynamic, in vitro Human blood Overall best results on  
DLC–TiN and TiN

[72]

Ti (C, N, O) on PU Plasma-activated 
chemical vapor 
deposition

– Cell proliferation Static and 
dynamic cell 
culture

Endothelial 
cells

Confluent EC layer preventing 
platelet adhesion, resistant 
against shear stress

[71]

Fluorinated PU Two-step Bulk 
polymerization

Fluorine content Platelet adhesion 
and activation

Static, in vitro Human PRP Increasing content of fluo-
rine = increasing contact 
angle, decreasing platelet 
adhesion and shape change

[74]
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The field of tissue engineering typically is aimed at encapsulating the foreign 
material into a layer of native ECs and thus prohibiting a foreign body reaction. 
Therefore, the PU must be pretreated with some kind of biological or chemical 
substance allowing cell growth on the PU surface. One possibility is the incor-
poration of ligands that bind to integrins [76,77]. These are cell receptors that 
exist in the EC membrane. They bind specifically to molecules, which trigger a 
cell response like death, differentiation, or attachment, depending on the type of 
molecule. Those integrins can be separated out of peptide sequences and are, for 
example, RGD or REDV, both residing in fibronectin. Fibronectin is present in the 
native endothelium in its insoluble state and regulates cell migration and angiogen-
esis [76,78–81]. Binding of such ligands can be achieved by introducing several 
adhesive agents (e.g., carboxyl, hydroxyl, amino, or silane groups), which mediate 
the peptide binding. As a result, HUVEC cultivation revealed good adhesion with 
proper cell morphology [76,77].

Another cell type used for enhancing endothelialization of PU scaffolds are 
fibroblasts [82]. Fibroblasts have a repair function in the endothelium and thus can 
be bound to ECs [17]. A PU–fibroblast scaffold was seeded with ECs and com-
pared to an autologous homograft, which was treated in the same manner. In vitro 
investigations revealed a confluent and vital EC layer on the tissue engineered 
PU scaffolds, combined with a decrease of inflammatory cells compared to the 
homograft [82].

Another chemical approach utilizes gold (Au) or platinum (Pt) nanoparticles or 
Ti-consisting coatings for triggering the EC adhesion [73,83,84]. Various experiments 
showed the potential of such coatings, as modified PUs revealed a confluent layer 
of ECs with proper morphology after both static and dynamic cultivation [73,83]. 
Additionally, in vivo experiments showed an enhanced CD31 expression from PU–Au 
nanocomposites, which is a key to promoting endothelialization. Furthermore, mod-
ified PU catheters had less collagen fibrosis and more newly formed vascular tissue 
in their surroundings, indicating a high repair potential of the tissue triggered by ECs 
(see Figure 10.7) [84].

To mimic the native endothelium, nitric oxide (NO) is a suitable substance to 
be included into a PU coating. One of the key functions of endothelium involves 
the NO release, as it inhibits thrombus formation and regulates vascular cell pro-
liferation and migration. Therefore, it is often used for thromboresistant coatings 
on various materials [11,85–87]. Taite et al. combined both effects of NO release 
and integrin binding on a PU surface with a PEG adhesive layer [85]. As a ligand 
they used the laminin-derived sequence YIGSR, which is known to improve cell 
attachment and spreading. Besides static platelet adhesion trials, which proved the 
NO coating to be antithrombogenic, they investigated the proliferation of ECs as 
well as smooth muscle cells. The excessive growth of smooth muscle cells is a 
complication observed especially in small diameter grafts (<6 mm), triggered by 
platelet adhesion and aggregation and finally leading to the occlusion and thus the 
failure of the grafts. PU modified with YIGSR and NO at the same time revealed 
good EC adhesion and proliferation whereas no smooth muscle cell growth was 
observed [85].
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Figure 10.7 Results from the in vivo study; catheters with and without bare and Au-modified 
PU coating.
Reprinted from Ref. [84], Copyright © 2014, with permission from Elsevier.
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Embedding antithrombogenicity agents into a PU coating is aimed at suppress-
ing the coagulation cascade by interrupting at a key point. Heparin is a popular 
anticoagulation agent as it binds specifically via active pentasaccharides to anti-
thrombin (AT), a plasma protein that is originally present in the blood circuit and 
acts as a natural coagulation antagonist. AT interrupts the coagulation cascade 
at several points, the most important ones are the inhibition of Factor Xa and 
thrombin (Section 10.2). If AT is bound to heparin, it undergoes a conformational 
change that leads to thrombin binding, resulting in the  thrombin–antithrombin 
complex (TAT). This complex dissociates from the  heparin, thus allowing new 
binding of AT and inhibition of thrombin [17,88]. This kind of anticoagulation 
effect in biomaterials has been achieved by heparin-loaded PU microspheres that 
can be included in biomaterial coatings [89]. The microspheres manufactured by 
Tong et al. showed a heparin release of 52 % over a period of 6 days, indicating an 
anticoagulation activity for more than one week [89]. Furthermore, aPTT, TT, and 
PT measurements with rabbit blood showed prolonged coagulation times. Addi-
tional analyses for complement activation (C3a) and platelet activation (CD62P 
and CD42) revealed no significant differences compared to control plasma and 
cytotoxicity testing showed no untoward results [89]. Similar outcomes were 
observed by Yan et al. who investigated PU-based grafts that were dip-coated with 
heparin in a 12 month rabbit model in vivo [90]. As control, a graft without the hep-
arin coating was implanted as well. Due to the grafts’ small diameter of 1.2 mm, 
the occlusion rate was the main criteria for a successful coating. After 12 months, 
the heparin-coated PU graft showed no occlusion and thus 100 % patency whereas 
the bare PU graft had only 83 %. The heparin coating showed a noninflammatory 
reaction combined with a decrease in smooth muscle cell growth, which also con-
tributes to the lack of occlusion. Furthermore, a uniform coverage of ECs was 
observed [90].

Although heparin as an anticoagulation coating is widely used, there are some other 
approaches in trying to avoid its use as it bears some negative aspects. The efficacy of 
heparin is dependent on the amount of active pentasaccharide sequences as they are 
the binding site for AT. According to Du et al., commercially available heparin-coated 
PU catheters exhibited only one-third of active pentasaccharides, thus significantly 
reducing the anticoagulation effect [91]. In addition to the intended AT binding, there 
is the possibility of other proteins binding to inactive, negatively charged heparin 
chains. This scenario is similar to the protein adsorption on a foreign surface and 
thus may trigger an increased coagulation [92]. Therefore, a different method directly 
includes AT into a heparin coating (ATH), ensuring effective AT binding and at the 
same time preventing nonspecific protein adsorption [88,91–93]. In vitro experiments 
revealed good specificity of ATH bound to PU surfaces via a PEG–OH intermediate 
layer as AT binding was superior to fibrinogen attachment when both proteins were 
present simultaneously. Comparing different PEG intermediate layers proved that 
PEG–OH had an amplifying effect on AT binding [88]. Experiments with ECs showed 
good cell proliferation on ATH-immobilized PU films resulting in a homogenous dis-
tributed and a well spread cell layer. Thus, ATH modification to heparinized surfaces 
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seems to improve the specific anticoagulation effect and at the same time to promote  
endothelialization [88,93].

Similar results were achieved in in vivo rabbit experiments by Du et al. [91,92]. PU 
catheters either uncoated, heparin-coated, or ATH-coated were inserted into the jug-
ular veins of different animals. Blood was drawn through the catheter into a syringe, 
held for 2 min, and slowly released again. The experiment was stopped either when 
releasing the blood was not possible anymore due to clotting or after 4 h. Only the 
ATH-treated catheters reached the final experiment duration as there was no clotting 
after 4 h whereas the uncoated catheters clotted after 78 min and the heparin-coated 
even after 56 min. Further in vitro tests showed a lower binding of fibrinogen and its 
products on the ATH-modified PU surfaces in comparison to good AT adsorption. An 
anti-FXa assay proved the coating’s functionality as there was a high anti-FXa activity 
measured [91,92].

To avoid all heparin- and AT-related complications, there is also the alternative of 
incorporating other anticoagulants into PU coatings. One possibility is argatroban, as 
this is a direct thrombin inhibitor and thus is not dependent on AT binding. Addition-
ally, argatroban is suitable for patients who suffer heparin-induced thrombocytope-
nia (HIT). Major et al. combined an argatroban coating with a nitric oxide-releasing 
coating to amplify the anticoagulation and antiplatelet activation effects [94]. A 4 h 
extracorporeal circulation experiment in rabbits revealed reduced thrombus formation 
as well as low platelet activation compared to uncoated and only argatroban-coated 
PU surfaces [94].

Another approach of coating PU surfaces with a physiological substance is the 
use of hyaluronic acid. Hyaluronic acid is part of the extracellular matrix and, 
among other functionalities, prevents thrombus formation and triggers angio-
genesis. Accordingly, a PU surface modification with hyaluronic acid revealed a 
decrease in platelet adhesion and protein adsorption and at the same time exhibited 
better EC growth and proliferation. ECs grew well on hyaluronic acid-modified 
samples resulting in a viable EC layer [95]. Even better results could be achieved 
by a hyaluronic acid bulk modification of PU. Those samples were superior to 
surface-modified PUs in all dynamic experiments aiming at protein adsorption, 
platelet adhesion, and EC adhesion and proliferation [96].

The above results show how versatile the field of bioactive surface modification of 
PU is. Many completely different approaches have been tried to reach the same goal 
by incorporating cells, anticoagulation agents, or nanoparticles into the PU surface.  
A summary of the different methods and results is given in Table 10.2.

10.5   Physical surface modification

The general aim of physical surface modification is to improve the hemocompatibility 
of PU biomaterials by establishing a structured surface and at the same time leave 
the bulk properties untouched. This ensures that the initial hemocompatibility is not 
changed or negatively influenced [10,97]. The idea of improving the hemocompatibility 



Table 10.2 Chemical surface modifications for bioactive surfaces

Modification Technique Variation Target
Testing 
conditions Test medium Result

REDV peptide 
sequence on PU

Multistep  
covalent binding

– Cell proliferation Static cell culture HUVECS Good spreading and proper 
morphology

[77]

Fibroblast seeding 
on PU

Cell seeding – Cell proliferation 
and response

Static cell culture Endothelial cells Confluent and vital cell layer, 
decrease of inflammatory 
response

[82]

Au and Pt nanoparti-
cles in PU

Pulsed laser abla-
tion in liquid

wt% of Au 
resp. Pt

Cell proliferation 
and platelet 
adhesion

Dynamic cell 
culture; static 
in vitro

Endothelial cells 
forming cells, 
human PRP

Best cell proliferation on 
0.1 wt% Au and <0.25 wt% 
Pt; additionally no platelet 
adhesion and activation

[73]

Ti(C, N)-layer on PU Plasma-activated 
chemical vapor 
deposition

Type of PU Cell proliferation 
and platelet 
adhesion

Static cell culture; 
static in vitro

Endothelial cells; 
human PRP

Confluent cell layer, modified 
PCU nearly no platelet 
adhesion

[83]

Au nanoparticles in 
PU + cell seeding

Spin casting – CD31 expression, 
tissue response

In vitro; rabbit 
in vivo

Endothelial cells; 
rabbit tissue

Best in vitro cell growth 
on PU–Au, in vivo more 
endothelialization

[84]

YIGSR integrin + 
nitric oxide on PU

Polymer synthesis – Platelet adhesion; 
cell growth

Static, in vitro Human blood; 
endothelial 
and smooth 
muscle cells

Nitric oxide release up to 
60 days, platelet-resistant, 
good endothelial cell prolif-
eration, no smooth muscle 
cell growth

[85]

Heparin-loaded PU 
microspheres

Single-step phase 
separation

– Heparin release, 
coagulation 
times, comple-
ment activation

Static, in vitro Rabbit blood 
plasma

52 % Heparin release over 
6 days, aPTT, TT, and PT 
prolonged, no complement 
activation (CD62P, CD42)

[89]



Heparin on PU Dip coating – Graft occlusion In vivo Rabbit Heparin-coated graft no occlu-
sion and good cell coverage, 
control only 83% patency

[90]

PEG-modified PU 
with antithrombin–
heparin coating

Multistep 
modification

Different PEG 
intermediate 
layers

ATH efficacy Static, in vitro Human plasma Good cell proliferation on 
ATH–PEG–OH–PU, 
antihrombin binding supe-
rior to fibrinogen

[88]

Heparin-coated and 
antithrombin- 
heparin coated PU

Copolymerization 
and covalent 
linking

– Catheter clotting 
during drawing 
and release

Ex vivo Rabbit ATH-catheter no clotting 
during test duration,  
heparin-coated failed first

[91]

Fibrinogen  
bonding, FXa

Static, in vitro Rabbit plasma Lower fibrinogen binding on 
ATH-catheters, high  
anti-FXa activity

[92]

Argatroban + nitric 
oxide coating  
on PU

Coating – Platelet aggre-
gation and 
activation

Ex vivo Rabbit Reduced thrombus formation, 
low platelet activation

[94]

Hyaluronic acid  
on PU

Grafting – Platelet adhesion, 
cell behavior

Static, in vitro Bovine serum 
and cells, 
human blood

Decreased platelet adhesion and 
protein adsorption, viable and 
round-shape cell layer

[95]

Hyaluronic acid  
into PU

Bulk modification Bulk versus 
surface 
modification

Platelet 
response, cell 
proliferation

Dynamic, in vitro Human PRP, 
endothelial 
cells

Hyaluronic acid stable in 
bulk modified PU, better 
antiplatelet properties, good 
cell proliferation

[96]
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by means of surface structuring is inspired by nature. The earlier discussed lotus effect 
is a prominent example for the efficacy of superhydrophobic surfaces [42,46]. On the 
other hand, natural blood vessels exhibit a microgrooved surface parallel to the main 
blood stream and thus provide rationale for structuring artificial surfaces that contact 
blood [98].

In contrast to chemical modification techniques, this approach tends to create 
(super-)hydrophobic surfaces with a reduced direct contact area for proteins and 
especially platelets [46]. Many research groups have worked on surface structuring 
of polymers to improve their hemocompatibility. Therefore, many polymeric materi-
als were structured by different techniques producing various geometries and dimen-
sions and investigated using a variety of test setups and conditions [12,14,99,100]. 
The results of these investigations vary considerably, but in general come to the 
conclusion that surface topography does influence the platelet adhesion and activa-
tion processes. However, the distinct mechanisms and processes which lead to these 
results are incompletely understood [101,102]. Furthermore, it is unknown whether 
the platelets are directly influenced by the surface structure or indirectly by altered 
protein adsorption [103].

10.5.1   Platelet adhesion on structured surfaces

For structuring polymer surfaces, mostly indirect techniques are used. First, a 
master template is fabricated by, for example, photolithography, soft lithography, 
stereo lithography, laser ablation, or acid etching for ordered structures or by sand-
blasting, abrasion, or plasma spraying for random structures [97,101,104–107]. In 
a following step, a structured polymer film is molded from these templates by, for 
example, spin casting, dip coating, or hot embossing [14,99,101]. All techniques 
can be applied to those PUs that are soluble in solvents such as trichloromethane 
or dimethylacetamide. The same polymers can also be processed at temperatures 
around 200 °C due to their thermoplastic properties [12,41]. The resulting struc-
tures can be either random with a specific roughness or with a distinct geometry 
such as grooves, pillars, wells, pits, or pyramids with dimension in the micro- or 
even nanometer range (see Figure 10.8) [106].

Our group investigated grooved PU samples with variations in the mean groove 
widths of 1.8 μm, 3.4 μm, and 90 μm [12]. The assumption was that structures 
in the range of the mean platelet diameter (2 μm–3 μm) will reduce the effective 
adhesion area. As a consequence, the total amount of adherent platelets and the 
activation state of those platelets that adhere should be reduced as well. Dynamic 
testing with porcine whole blood revealed a significantly lowered platelet adhesion 
and activation on 1.8 μm, and 3.4 μm samples, respectively, compared to the 90 μm 
sample. It appeared that the mean platelet diameter seems to be an upper thresh-
old for improving the hemocompatibility of medically used PUs [12]. Similar 
results were achieved by, for example, Chen et al. who used the inspiration of the 
lotus leaf to manufacture an overlaid double structure with ridges (width = 500 nm, 
height = 40 nm) and protuberances (diameter = 100 nm, height = 40 nm) on the 
same surface [98]. Although they used polydimethylsiloxane (PDMS) instead of 
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PU the results are relevant to PU surfaces as the bulk properties of PU are known 
to be suitable for biomedical products. The double-structured surfaces resulted in 
the least amount of activated platelets after dynamic testing. They postulated that 
an effective structured surface with regard to reduced platelet adhesion should be 
in the range from 50 nm to 2 μm, which is in agreement with our results regarding 
the upper threshold. Structures smaller than 50 nm will be considered smooth by 
platelets and thus will not be effective for improving the hemocompatibility [98]. 
Milner et al. investigated PU surfaces with nanometer square pillars with diame-
ters and interspacings of 400 nm and 700 nm, respectively. Under different shear 
rates and compared to flat PU surfaces the structured PU surfaces showed an over-
all reduced platelet adhesion combined with minimal shape change of the adherent 
single platelets. Low shear stress smaller than 3.3 dyn/cm² led to actually fewer 
platelets on the 700 nm samples. Even smaller geometries were investigated by 
Fan et al. who used structures similar to those of Chen et al., namely protrusions 
(diameter = 100 nm, height = 10 nm) and interlaced ridges (width of 500 nm, height 
of 100 nm) on PDMS surfaces. Dynamic experiments with adenosine diphosphate 
(ADP)-preactivated platelets proved that double-structured surfaces had the least 
amount of platelet adhesion [97]. Another study of randomly single-structured 
surfaces in the range of 40 nm–400 nm on PMMA resulted in less platelet adsorp-
tion on smaller structures [108]. Comparable results were achieved by dip-coating 
PU on aligned carbon nanotubes (diameter = 39.7 nm, length = 20 μm). Flat films 
with a contact angle of 110° had many adherent and activated platelets with pseu-
dopodia on the surface after static PRP testing. In contrast, the structured surfaces 
with a contact angle of ∼160° showed even no adherent platelets (see Figure 10.9) 
[99]. It appears that a lower threshold of 50 nm is required to suppress platelet 
adhesion but must be further investigated.

The upper threshold of 2 μm–3 μm was exceeded by several research groups. PU 
surfaces with fibers of 25 μm base diameter, 100 μm interspacing, and 25 μm, 50 μm, 
and 100 μm length, respectively, revealed no platelet adhesion in an ex vivo ovine shunt 

Figure 10.8 Various surface structures: (a) pillars, (b) mastoid, (c) grooves, (d) wells.
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model. However, the experiment showed white blood cell adhesion, indicating an acti-
vation of the complement system which was inversely related to the wall shear stress 
[13]. The rabbit heart valve shows a structured surface with cobblestones in the microm-
eter range combined with small nanometer villus. This structure was partly imitated 
on PDMS surfaces by introducing a regular mastoid structure with 60 μm in diameter, 
30 μm in height, and 40 μm in interspacing. Compared to a smooth PDMS surface with 
a contact angle of 113°, the structured surface revealed superhydrophobicity with a 
163° contact angle. This increase in contact angle led to significantly reduced plate-
let adhesion in combination with round-shaped platelets without any shape change 
or pseudopodia formation on contrast to the flat sample (see Figure 10.10). Ye et al. 
attributed this result to the superhydrophobic properties of the structured surfaces as 
having a lower surface energy and thereby lower platelet adhesion [49].

To investigate the distinct effect of the interspacing between such structures, pil-
lar geometries with 15 μm in diameter, 5 μm in height with an interspacing varying 
in 5 μm steps, ranging from 5 μm to 60 μm, were investigated. Those pillars which 
resulted in the highest contact angle, namely 156° showed the least platelet adhesion. 
The interspacing was 25 μm, contradictory to the assumption that the effective adhe-
sion area should be beyond the platelet diameter of approximately 3 μm [50]. But at 
the same time microgrooves with 130 nm depth and several nanometers interspacing 
were investigated. Although those surfaces had a contact angle of only 120°, the plate-
let adhesion was lower compared to the best pillar-structured surface [50].

Figure 10.9 Plain (a & b) and structured (c & d) PU after platelet adhesion experiments.
Reprinted from Ref. [99], Copyright © 2005, Wiley-VCH Verlag GmbH & Co. KGaA.
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These conflicting findings emphasize how diverse the results for improving the 
hemocompatibility of PU and polymer surfaces in general are. There is no doubt, that 
surface structuring is a strong tool for making blood-contacting foreign surfaces more 
hemocompatible, but at the same time it becomes clear that there are still many open 
questions. The geometry of the most effective structures, their dimensions, and also 
the kind of testing regarding static or dynamic conditions, the use of PRP or whole 
blood, etc. require further investigations.

10.5.2   Protein adsorption on structured surfaces

Several groups investigated whether surface structuring influences platelet adhesion 
directly or indirectly via an influence on protein adsorption. Ten different PUs were 
preadsorbed either with fibrinogen or with vWF-deficient plasma and then incu-
bated with washed platelets for 90 min under static conditions. The results revealed 
a high platelet sensitivity for fibrinogen as there was nearly no platelet adhesion 
on the antifibrinogen surfaces whereas the anti-vWF surfaces showed no change in 
platelet behavior [100]. Furthermore, no relation between a high contact angle and 
the amount of adsorbed fibrinogen was found, indicating a direct influence from the 
surface structure on platelets. Additionally, the amount of adsorbed fibrinogen did 
not correlate with the amount of adherent platelets, suggesting that, while fibrino-
gen is the primary platelet adhesion mediator on PU surfaces, the amount is not the 
determining factor [100]. This assumption is supported by a study taking the con-
formational change of fibrinogen adsorbed on a foreign surface into account. Incu-
bating self-assembled monolayers of alkanethiols with different concentrations of 
fibrinogen showed more adsorption with increasing initial concentrations. Inversely, 
the conformational change in terms of loss of α-helix increased with decreasing 
concentrations, as the slower adsorption provides more time for an unfolding of the 
protein. Static platelet adhesion tests showed more adhesion on those surfaces that 
were preincubated in lower fibrinogen concentrations and thus revealed the impor-
tance of protein shape change as indicated by the loss of α-helix. Thus, the amount 

Figure 10.10 Plain (a) and pillar structured (b) PDMS surfaces after platelet adhesion 
experiments.
Reprinted from Ref. [49], Copyright © 2009 with permission from Elsevier.
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of adsorbed fibrinogen is not the determining mediator for platelet adhesion, but its 
conformational change is [40].

Using this knowledge, studies were performed utilizing structured surfaces that 
were preadsorbed with fibrinogen and afterward incubated with platelets or whole 
blood. On PDMS surfaces with regular protrusions of 4 μm diameter, 1 μm height, and 
10 μm interspacing most fibrinogen adhesion took place between the protrusions. Com-
pared to flat surfaces the adhesion increased about 46 %, which was inconsistent with 
the findings from Wu et al. who did not find a correlation between the surface varia-
tions and the amount of fibrinogen adsorption [102]. Static experiments with PRP per-
formed on surfaces with and without fibrinogen preadsorption showed that the pattern 
of platelet adhesion correlated with the prior fibrinogen adhesion, which was highest 
in the interspace areas. Random platelet adhesion was observed on surfaces without 
pretreatment (see Figure 10.11). The results were confirmed using a dynamic test 
setup with whole blood [102]. Contrary to this, Koh et al. performed studies on 
structured surfaces varying in several dimensions and found a decrease in fibrin-
ogen adsorption for some structures [101]. Poly(lactic-co-glycolic-acid) (PLGA) 
was structured with round pillars with diameter, height, and interspacings ranging 
from 40 nm to 15 μm. All surfaces were investigated with regard to static fibrino-
gen adsorption and static platelet adhesion. The overall degree of platelet adhesion 
correlated with that of fibrinogen adsorption and differed on various structures 
[101]. Koh et al. revealed that interspacings smaller than 200 nm led to a signifi-
cant reduction of platelet adhesion and fibrinogen adsorption. Diameters smaller 
than the mean platelet diameter of 3 μm contribute to the positive effect, which is 
in accordance with other studies [12,98]. The authors regarded the absolute height 
of the structures as less important but the aspect ratio, namely the ratio between 
height and  diameter of the pillars, as very important. According to their studies, the 
aspect ratio should be between 3 and 5 so that the pillars are flexible, which does 
not allow the platelets to obtain a tight connection to their top. The result that sur-
face structuring significantly reduces platelet adhesion is supported by the shape 
change of the platelets on flat surfaces, which did not occur on structured surfaces, 
especially on those surfaces with 100 nm diameter, 100 nm interspacing, and 800 nm  
height [101].

The majority of hemocompatibility studies are performed under static condi-
tions, but some groups considered the effect of flow on platelet adhesion in dynamic 
experiments. As one example, randomly structured PMMA surfaces with feature 
sizes of 40 nm, 80 nm, and 400 nm and heights of 3 nm, 13 nm, and 50 nm were 
investigated under flow conditions [108,109]. Experiments with human whole blood 
showed a preferred adsorption of vWF compared to that of fibrinogen and albumin, 
which is in conflict with other static studies. It is apparent that different adsorp-
tion behaviors of plasma proteins can be observed under different flow conditions. 
The platelet adhesion was highest on those samples with the most vWF adhesion, 
namely the larger structures. Experiments were carried out with washed platelets 
and revealed other results. Platelets preferred the smaller structured surfaces for 
adhesion, which shows the severe influence of blood cells and plasma proteins on 
the adhesion behavior of platelets [108].
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A summary of all presented physical surface modifications from Sections 10.1 and 
10.2 can be found in Table 10.3.

The aforementioned, occasionally contradictory results show how important it is to 
further investigate the issue of protein adsorption in the context of platelet adhesion on 
structured surfaces. It is suggested that standardized testing conditions be set up as the 
diverse studies show how significant the influence of the test conditions are on the results.

Figure 10.11 (a) Fibrinogen adsorption on plain and structured PDMS; (b) platelet adhesion 
on plain and structured PDMS.
Reprinted from Ref. [102], Copyright © 2009, with permission from Elsevier.



Table 10.3 Summary of physical surface modifications

Material Structure Dimension Target
Testing 
condition Test medium Result

Section 10.1

PU Grooves, varying 
width

Width 1.8 μm, 
3.4 μm, 90 μm

Platelet adhesion and 
activation

Dynamic, 
in vitro

Porcine whole 
blood

Reduced on groove widths 
smaller than ∼3 μm

[12]

PDMS Protrusions and 
ridges

d = 39.7 nm; 20 μm 
length

Platelet adhesion Static, in vitro ADP-activated 
platelets

Double-structured surfaces 
most effective

[98]

PU Pillars, varying 
interspacing

d = 25 μm;
i = 100 μm;
l = 20 μm, 50 μm, 

100 μm

Platelet adhesion and 
activation

Dynamic, 
ex vivo

Bovine PRP At shear stress <3.3 dyn/cm² 
better for i = 700 nm

[14]

PDMS Protrusion and 
ridges

d = 400 nm, 700 nm;
i = 400 nm, 700 nm;
h ∼ 600 nm

Platelet adhesion Dynamic, 
in vitro

ADP-activated 
platelets

Double-structured surfaces 
most effective

[97]

PMMA Random Protrusions:
h ∼ 10 nm;
d = 100 nm

Platelet adhesion Dynamic, 
in vitro

Whole blood, 
washed 
platelet

Less platelets on smaller  
structures (∼40 nm)

[109]

Ridges:
h = 100 nm;
w = 500 nm

PU Nanotubes Protrusions:
h ∼ 40 nm;
d = 100 nm

Platelet adhesion and 
activation

Dynamic, 
in vitro

Human PRP Structured surfaces with 
higher contact angle few 
platelets, no shape change

[99]

Ridges:
h = 100 nm;
w = 500 nm

PU Fibers, varying 
length

Size: 
270 nm–1240 nm;

height 3 nm–120 nm

Platelet adhesion Dynamic, 
in vitro

Ovine whole 
blood

No platelet adhesion, white 
cell adhesion instead

[13]



PDMS Mastoid structure d = 60 μm;
h = 30 μm;
I = 40 μm

Platelet adhesion and 
activation

Static, in vitro Human PRP Reduced adhesion and activa-
tion on superhydrophobic 
structures

[49]

PDMS Pillars, varying 
interspacing

d = 15 μm;
h = 5 μm;
i = 5 μm–60 μm

Platelet adhesion Static, in vitro Human PRP Structure with highest contact 
angle least adhesion

[50]

Grooves 130 nm deep Less adhesion than best pillar 
surface although contact 
angle lower

Section 10.2

PU Chemically 
modified

– Platelet adhesion after 
fibrinogen and 
vWF incubation

Static, in vitro Human PRP Platelet adhesion dependent on 
fibrinogen adsorption

[100]

Alkanethiols – – Platelet adhesion 
after fibrinogen 
incubation

Static, in vitro Human PRP Platelet adhesion dependent 
on fibrinogen shape change 
(loss of α-helix) but not on 
amount

[40]

PDMS Protrusion d = 4 μm;
h ∼ 1 μm;
i = 10 μm

Platelet adhesion 
after fibrinogen 
incubation

Static, in vitro Human PRP Fibrinogen mostly present on 
interspacing area, platelet 
adhesion pattern corre-
sponds to fibrinogen pattern

[102]

PLGA Round pillars, 
different 
dimension

40 nm–15 μm Fibrinogen and  
platelet adhesion

Static, in vitro Human fibrin-
ogen, human 
PRP

Amount of adsorbed fibrino-
gen similar to platelets

Diameter at least <3 μm
Height–diameter ratio: 3–5
Interspacings <200 nm

[101]

PMMA Random Size: 40 nm–
400 nm, height 
3 nm–50 nm

Protein adhesion and 
platelet adhesion

Dynamic, 
in vitro

Whole blood vWF dominantly adsorbed, 
highest on larger structures, 
accordingly most platelet 
adhesion

[108]

Washed platelet Platelets preferred smaller 
structures for adhesion
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10.6   Conclusion

The need for biomedical devices and thus for hemocompatible foreign materials has 
grown from the 1990s to 2015 and will further increase in the future [3,98]. Thus, 
improving the hemocompatibility of materials with initially good properties such 
as PUs remains a major research focus. A number of different approaches exist, all 
of which aim at reducing protein adsorption and platelet adhesion and activation on 
these surfaces. The approach of using chemically modified hydrophilic surfaces is a 
well-investigated topic with PEG or heparin coatings as typical examples. All these 
techniques reveal several advantages such as creating protein repellent surfaces with 
good EC growing properties. At the same time, there are some disadvantages such as 
cost or unexpected deleterious effects such as activation of the complement system 
[110]. The newer and therefore not that extensively studied method of physical surface 
structuring might provide a suitable alternative. Within this approach, the bulk proper-
ties of the PU are kept untouched as the topography is changed. This leads to hydro-
phobic surfaces that are generally liquid repellent and thus reduce protein and platelet 
adhesion. Up to now, the distinct effects of structure geometry and dimensions such as 
height, diameter, interspacings, and aspect ratio have not yet been sufficiently inves-
tigated. Different research groups who used diverse test setups and testing conditions 
revealed contradictory results. Nevertheless, this is a promising approach for estab-
lishing hemocompatible PU surfaces and is suggested as a focus for future research.
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11.1   Introduction

Blood does not coagulate in a living normal blood vessel, with an inside surface cov-
ered with endothelial cells. However, when blood encounters a foreign surface, the 
coagulation mechanisms are immediately activated. Therefore, blood compatibility 
is the most important property required for biomedical materials, especially blood- 
contacting devices [1–6]. These materials are used for long periods, in applications 
such as artificial hearts, vascular prostheses, and cardiovascular stents, and also outside 
of the body for short periods, in blood purification devices and catheters. These devices 
must completely prevent activation of the coagulation system leading to thrombus for-
mation. A surface that promotes a pseudointima can be successfully used in a vascular 
prosthesis provided it has a diameter over 6 mm. The antithrombogenicity is not due to 
the surface itself, but due to a not well-understood passivation process. However, when 
these types of vascular prosthesis are applied to arteries with smaller sizes, they are 
occluded by thrombus. Therefore, it is necessary to develop materials with antithrom-
bogenic surfaces utilizing blood-compatible polymers.

Blood compatibility of a material may be evaluated using in vitro, ex vivo, and 
in vivo experiments. Such studies involve evaluation of antithrombogenic properties 
in terms of nonactivation of coagulation and nonadhesion and activation of blood cells 
when the material is in contact with blood with and without anticoagulant. From the 
viewpoint of blood coagulation, protein adsorption and platelet adhesion are initial 
key phenomena of blood coagulation. Thus, there are several reports published evalu-
ating these phenomena (Figure 11.1).

11.2   Structural characteristics of segmented 
polyurethanes as blood-compatible materials

Segmented polyurethanes (SPUs) are widely used as biomedical materials because 
of their excellent mechanical properties, stability in the biological environment, and 
their ease of process [7–11]. The SPU consists of alternating “hard” and “soft” seg-
ments. The segments are thermodynamically incompatible and generally, the phases 
are separated into distinct domains, with a typical domain size in the order of 3–10 nm. 
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The hard segments contain urethane and/or urea bonds, which are capable of forming 
hydrogen bonds. In the case of SPUs composed of soft segments of polyether and 
hard segments of urethane, the extent of phase separation is influenced by the length 
distributions in both the hard and the soft segments. The variations in segment lengths 
cause some short, soft segments to be solubilized in the hard domains and short, hard 
segments to be dissolved in the soft segment matrix. A broad interfacial region between 
relatively pure hard and soft segment domains characterizes another type of phase mix-
ing. Several strategies for improving the blood compatibility of polyurethanes (PUs), 
in particular SPUs, have been investigated [12–20]. These are based on the chemical 
structure of PU. The nature of the hard and soft segments, chain length of the soft seg-
ment, and mobility of both segments are key parameters for modification. For example, 
when polyoxyethylene (PEO) is used as a soft segment, hydrophilicity and mobility 
may be enhanced. Detailed studies on the morphology and mechanical properties of 
SPUs have been described [21]. In the development of the blood-compatible SPUs the 
domain structure is critical. The hydrophilic and hydrophobic heterogenic surfaces of 
SPUs can reduce a cellular adhesion. Currently, the mechanism is not clear, but it may 
be due to the state of bound water at the surface [22]. Using the X-ray photoelectron 
spectroscopy (XPS) on SPUs, Lelah et al. found a linear correlation between the sur-
face concentration of the soft segments and the platelet adhesion [23] (Figure 11.2).

The surface properties of blood-contacting polymers are believed to affect pro-
tein adsorption and subsequent events leading to thrombus formation. The chemical 
nature of SPU surfaces is controversial, with some investigators indicating that the 
blood-contacting interface consists almost entirely of soft segments, and others claim-
ing that hard segment components are present at the surface [24]. If they are present, 
hard segment components on an aqueous interface can reside in several environments. 
In an SPU with a relatively low hard/soft segment ratio, for example, the hard seg-
ments can be dissolved in soft segment domains, or the hard segments can be present 
in distinct domains (Figure 11.3).

The bulk, surface, and blood compatibility properties of a series of SPUs based 
on PEO (molecular weight (MW) = 1450), poly(tetramethylene oxide) (PTMO) 
(MW = 1000), and mixed PEO/PTMO soft segments were evaluated [25,26]. Two 
polymer blends prepared from a PTMO-based and a PEO-based SPU were also 

Figure 11.1 Blood compatibility observed on the surface.



321Enhancing polyurethane blood compatibility

investigated. Differential scanning calorimetry and dynamic mechanical analysis indi-
cated that the SPUs based on either the PEO or the PTMO soft segments are relatively 
phase mixed. The degree of phase mixing in the polymers increased with increas-
ing weight fraction of PEO. As expected, the water absorption and hydrophilicity of 
the polymer increased with increasing PEO soft segment content. In vacuum, XPS 
shows that the PEO-rich SPUs have a lower concentration of soft segments at the 
surface, possibly due to the migration of the hydrophilic PEO segments away from 
the polymer/vacuum interface. Blood-contacting results indicated that the high PEO- 
containing SPUs were more thrombogenic than the PTMO-based SPUs. In PEO/
PTMO-based SPUs, a high surface density of PEO appeared to be required before 
blood compatibility was significantly decreased.

Figure 11.2 Evaluation of blood compatibility and properties of polyurethane.

Figure 11.3 Segmented polyurethane as multiblock type polymer.
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11.3   Utilizing bioactive molecules for surface 
modification to prevent thrombus formation

A classic surface treatment used to prevent thrombus formation is heparin immobili-
zation [6,27–29] (Figure 11.4). Heparin is a strong anticoagulant molecule and is used 
in anticoagulation therapy during hemodialysis and extracorporeal blood circulation. 
The antithrombogenic activity of immobilized heparin is dependent on its density and 
mobility. Also, maintaining the biological activity of heparin is essential. A hydro-
philic spacer chain between the PU surface and the heparin molecules improves its 
biological action. As heparin is an anionic polysaccharide, it can be immobilized on a 
cationic surface via ionic bonding [30]. In addition, covalent bonding may be applied 
to stabilize the immobilization. There are many review articles that have addressed 
these types of heparin modifications. For example, heparin was immobilized onto SPU 
surfaces using hydrophilic PEO spacers of different chain lengths. The use of the PEO 
hydrophilic spacer reduces protein adsorption and subsequent platelet adhesion on the 
surface. In addition, the bioactivity of the immobilized heparin to inhibit fibrinogen 
polymerization is enhanced by the incorporation of these spacers. Immobilized hep-
arin bioactivity is shown to be a function of PEO spacer length [31–33]. The use of 
hydrophilic PEO spacers has demonstrated that the bioactivity of immobilized heparin 
is consistently higher than that of immobilized heparin using a hexamethylene (C6) 
spacer. The heparin-immobilized surfaces demonstrate no spacer chain length effect 
on platelet adhesion, even though they show less platelet adhesion compared to SPU 
controls [34]. In ex vivo artery–artery shunt experiments performed under low flow and 
low shear conditions, all heparinized surfaces exhibited significant prolongation of occlu-
sion times compared to SPU controls, indicating an ability of immobilized heparin to 
inhibit thrombosis in whole blood. Heparin immobilization is effective for preventing 
clot formation; however, the effects are lessened due to reduced activity of heparin as 

Figure 11.4 Heparin modified surface of segmented polyurethane.
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a consequence of protein adsorption on the surface. Thus, heparin-immobilized SPU 
may be suitable for short-term applications.

Immobilization of the enzyme urokinase has also been utilized [35–37]. Urokinase 
is used clinically as a thrombolytic agent in the treatment of severe or deep venous 
thrombosis and occluded intravenous cannulas made with SPUs.

11.4   Modification of PU with functional groups
11.4.1   Noncharged hydrophilic polymers

Surfaces adsorbing a minimal amount of protein are important in many applications 
such as blood-contacting devices, membrane separators, sensors, and contact lenses. 
Therefore, much effort has been expended on minimizing or eliminating protein 
adsorption. To prevent protein adsorption, the utilization of water-soluble polymers 
such as polyacrylamide, poly(N-vinyl-2-pyrrolidone), and PEO has been considered. 
In particular, PEO has a low interfacial free energy with water, unique solution prop-
erties, molecular conformation in aqueous solution, high surface mobility, and steric 
stabilization effects [38,39] (Figure 11.5).

Many studies on the synthesis and characterization of PUs modified with PEO and 
its derivatives have been performed [15,40–45]. The methods used to synthesize PEO 
surfaces on PU include a coupling reaction, interpenetration, adsorption, and grafting 
of the PEO chain and its derivatives to the substrate. Generally, the PU surface is 
activated and a functional group that can react with PEO chains is introduced. Using 
the terminal hydroxyl group, PEO can react with the carboxyl or isocyanate groups 
generated on the surface of a PU. Diisocyanate–PEO may potentially react with pro-
tein amines to form molecular barriers of adsorbed proteins present on biomaterials, 
thereby masking adhesive ligands and preventing acute surface thrombosis. To test 
this notion, polymer and glass substrates were preadsorbed with fibrinogen and treated 
with diisocyanate–PEO, nonreactive dihydroxyl–PEO, or left untreated. Following 
perfusion of platelets in whole human blood for 1 min, diisocyanate–PEO-treated 

Figure 11.5 Surface modification with hydrophilic polymer on segmented polyurethane. 
Effects of graft density and chain length on blood compatibility.
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surfaces experienced 96% (polyethylene), 97% (polytetrafluoroethylene), and 94% 
(glass) less platelet deposition than the untreated surfaces [46]. Similar reductions 
were seen for diisocyanate–PEO versus dihydroxyl–PEO treatment. Similar results 
were obtained on a PU surface. A marked reduction in platelet adhesion was observed 
on fibrinogen-adsorbed PU treated with N-carboxymethyl succinimidyl ester PEO 
or diisocyanate–PEO. Relative differences in platelet adhesion on N-carboxymethyl 
succinimidyl ester PEO- and diisocyanate–PEO-modified surfaces were attributed to 
differences in the reactivity toward fibrinogen and the size of the polymer backbone. 
Taken together, these findings provide insight and guidance for applying protein-reac-
tive PEGs for the interruption of acute thrombotic deposition.

Grafting of high molecular weight PEO by the action of peroxide and graft polym-
erization of methoxy group-terminated PEO methacrylate resulted in the formation of 
surfaces with good water wettability and low platelet adhesion. However, the blood 
compatibility of the PEO-grafted PU evaluated in vivo was the same as that of the 
unmodified PU. Their surfaces were covered with a thick protein adsorption layer 
of about 100–200 nm after implantation for 3 weeks, and the tubing occluded within 
1 month. The density of PEO chains on the surface and molecular weight of PEO 
influence protein adsorption resistance [47]. On the other hand, even under biologi-
cal conditions, PEO chains can exhibit oxidative degradation [48–52]. This induces a 
reduction in both the density and the chain length of the PEO. Thus, long-term implan-
tation of medical devices made with PEO-modified materials has not been achieved.

11.4.2   Charged groups

11.4.2.1   Cationic groups conjugated with heparin

A significant example of introduction of a charged group into PU is to use cationic 
amino groups to immobilized heparin (see Figure 11.4). In general, cationic groups 
play an important role in activation of the coagulation and platelet adhesion [30,32]. 
However, after immobilization of heparin, the anticoagulant properties improved. If 
heparin can be attached to a polymer while retaining its antithrombin III activity, an 
antithrombogenic material can be created. Heparin immobilization can also be carried 
out by grafting heparin and spacer groups onto a soluble polymer, which can then be 
coated onto materials or by the direct coupling of heparin using spacer groups onto 
insoluble materials. The most important detail required for immobilization is increas-
ing the surface concentration of heparin while maintaining biological activity.

11.4.2.2   Anionic sulfonate groups

Cooper et al. modified SPU by grafting propyl sulfonate groups to its backbone. The 
dynamic contact angle of the resulting sulfonated SPU showed that the propyl sulfon-
ate groups were enriched at the surface [53–55]. A canine ex vivo blood-contacting 
test indicated that the incorporation of propyl sulfonate groups dramatically reduced 
the number and activation of platelets adherent to the polymer surface. In addition, 
fibrinogen deposition increased with increasing sulfonate content, despite the low 
level of platelet activation. Lindon et al. reported that one of the mechanisms of anti-
thrombogenicity appeared on the sulfonated surface [56]. They observed that platelet 
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adhesion and secretion were independent of the total amount of adsorbed fibrinogen 
but were directly proportional to the amount of fibrinogen in its native conformation. 
Santerre et al. also observed high levels of in vitro fibrinogen deposition along with 
the absence of the Vroman effect on a series of PUs based on a sulfonate-containing 
chain expander; this suggested that the fibrinogen was tightly bound and could not 
be displaced [57]. Moreover, these sulfonated PUs inhibited the polymerization of 
fibrinogen to cross-linked fibrin. These findings suggested that the sulfonate groups 
interact with fibrinogen, subsequently altering its conformation such that its functional 
domains were not recognizable to platelets, thereby preventing adhesion.

Kim et al. reported an investigation into the negatively charged surface of a PU with 
a sulfonated PEO graft. They described the importance of the flexible PEO chain on 
the antithrombogenicity using a “negative cilia concept” [58,59].

11.4.2.3   Zwitterionic groups

Recently, it has been realized that biomaterials that are surface-modified with 
 zwitterionic compounds demonstrate excellent blood compatibility (Figure 11.6). Zwit-
terionic compounds have both cationic and anionic groups in the same molecules and 
form a betaine structure. There are three kinds of zwitterionic groups that have been 
investigated for use in obtaining a blood-compatible surface. Sulfobetaine compounds 
have a sulfonate anion and trimethyl ammonium cation in the same molecule, similar 
to heparin. The sulfobetaine group is introduced at the surface of PU and has been 
evaluated for blood compatibility. Lin et al. reported that sulfobetaine polymers can 
effectively suppress platelet adhesion and protein adsorption [60–71]. Also, Lowe et al. 

Figure 11.6 Various zwitterionic moieties.
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reported that sulfobetaine-based polymer coatings can reduce bacteria, macrophage, and 
fibroblast adhesion [72,73]. The N,N-dimethyl(methacryloyloxyethyl) ammonium pro-
panesulfonate (DMAPS) has been graft-polymerized onto a PU surface in a three-step 
heterogeneous reaction through the vinyl bonds of acrylic acid (AA) or 2-hydroxyethyl 
methacrylate (HEMA), which had been immobilized with hexamethylene diisocyanate 
(HDI). First, PU was activated with isocyanate groups using HDI as a coupling agent. 
Second, AA or HEMA was introduced through the reaction of AA or HEMA with NCO 
groups bonded on the PU surface. Last, the DMAPS was graft-polymerized with the 
vinyl group of AA or HEMA using a polymerization initiator. Ozonization is another 
good way to introduce active peroxide groups onto an SPU surface. DMAPSs have 
been grafted onto an ozone-activated SPU surface to improve surface hemocompati-
bility. The sulfobetain structure accepts ionic species. The possibility for calcification, 
during exposure to blood for long periods, must be investigated.

The carboxybetaine group has a carboxylate anion group and an ammonium cation 
group [74,75]. The surface of the PU is treated with a tertiary amino group and then 
reacted with β-propiolactone. PU surfaces were treated with HDI in toluene in the 
presence of di-n-butyl tin dilaurate as a catalyst. In the second step, the hydroxyl group 
of N,N-dimethylethanolamine (DMEA) or 4-dimethylamino-1-butanol (DMBA) is 
allowed to react with isocyanate groups bound on the surface. In the final step, car-
boxybetaines are formed on the surface through the ring-opening reaction between the 
tertiary amino group of DMEA or DMBA and the β-propiolactone.

Currently, the most important ongoing research is on the phosphorylcholine (PC) 
group (sometimes described as a phosphobetaine group). Ishihara et al. and other 
research groups have systematically investigated the preparation of PC group-bearing 
polymers and demonstrated that these surfaces are antithrombogenic [76–82]. The 
fundamental concept was inspired by the cell membrane surface, which is mainly 
constructed of neutral phospholipids with PC groups. The PC group is a zwitterionic 
group that forms an inner salt between the phosphate anion and the trimethylammo-
nium cation. It is electrically neutral in the pH 2–12 range. Also, the PC groups are not 
significantly affected by the ions surrounding them. In the following section, surface 
modification with PC groups is summarized and explained in detail.

11.4.3   PC group-bearing PU

11.4.3.1   Surface reaction on PU substrates

In the field of biomimetic chemistry, phospholipid molecules have been utilized for 
the preparation of cell membrane–like structures, namely, liposomes and Langmuir–
Blodgett membranes. However, a major disadvantage of molecular assemblies of this 
kind is their inadequate chemical and/or physical stability. Stabilization of the phos-
pholipid assembly is therefore an important topic of focus in the construction of inter-
faces between living and artificial systems. One approach to addressing this issue is 
the design of a new type of polymer system with PC groups.

Several studies that involve the introduction of PC groups to a PU surface have 
been performed. They are summarized in Table 11.1.



Table 11.1 Surface modifications on polyurethanes by introduction of phosphorylcholine (PC) group

Modification Polyurethane and modified compound Function evaluation References

Reaction Photoreaction on SPU (Pellethane®) with PC compound having  
phenylazido group chemical reaction on polycarbonate urethane with  
aldehyde–PC compound

Protein adsorption [83,84]
Platelet adhesion [85,86]

Polymerization PU with poly(MPC-co-BMA) side chain via macromonomer synthesis Protein adsorption
Cell adhesion

[87]

PU with poly(MPC-co-MMA) side chain via macromonomer synthesis Protein adsorption
Cell adhesion

[88]

PU prepared with glyceryl–PC Cell adhesion [87,89]
PEUU prepared with PC–NH2 compound Platelet adhesion

Cell adhesion
[90]

Surface reaction on PEU with PC group Platelet adhesion [91]
PU prepared with diol–PC via polyaddition Protein adsorption [92–94]
Poly(carbonate urethane) with fluorinated alkyl PC compounds Platelet adhesion [95]
PUU with PC group introducing during polyaddition Platelet adhesion [96]
SI-ATRP of MPC from PU Protein adsorption

Platelet adhesion
[97]

PU end-capped with PC compound Platelet adhesion [98]
Poly(ester–urethane) with PC group introduced during polyaddition Platelet adhesion [99]

Immobilization PEUU immobilized with MPC polymer In vivo evaluation as a vascular graft [100]
Coating Solution coating with MPC polymer wih urethane methacrylate unit on SPU Platelet adhesion [101]

Solution coating with poly(MPC-co-BMA) on SPU In vivo evaluation as artificial heart [102]
Solution coating with poly(MPC-co-BMA) on SPU (Tecoflex®) Friction evaluation as catheter [103]
Solution coating with poly(MPC-co-BMA) on SPU (Tecoflex®) Friction evaluation as joint replacement [104]

Blending Solution blending of SPU and MPC polymer (random copolymer) Cell adhesion from whole blood and  
platelet-rich plasma

[105–109]

Solution blending of SPU and MPC polymer (random copolymer) In vivo evaluation as a vascular prosthesis [110–112]
Solution blending of SPU and MPC polymer (random copolymer) Cell adhesion and activation [113]
Solution blending of SPU (Pellethane®) and PU with PC group Platelet adhesion [114]

Interpenetration Semi-IPN composed of SPU and cross-linked MPC polymer Cell adhesion platelet adhesion [115,116]
Polymer 

integration
Double polymer layers composed of SPU (Tecoflex®) and well- 

defined block- and graft-type MPC polymers
Cell adhesion from whole blood
Protein adsorption

[117–119]
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Simple modification is performed by utilizing reactive compounds with a PC group. 
The compounds can react with the PU surface and form chemical bonds. When this 
occurs, the mechanical properties of the base PU should not be affected by the reaction 
procedure. One of the ideal procedures is the utilization of a photochemical reaction.

Kool et al. prepared PC compounds with a phenylazide group as a photoreactive 
moiety [83,84]. They synthesized molecules containing a photoinduced reactive 
4-azidobenzoyl group at one end of the molecule and a PC group at the other end 
(Figure 11.7).

On photoinduced activation, a phenylazide splits off nitrogen and a highly reac-
tive intermediate singlet nitrene is formed. The chemistry of nitrenes is complex 
and not fully understood. The reaction pathways depend on temperature, the pres-
ence of ring substituents, and the availability of nucleophiles. Ring expansion of the 
nitrene leads to a 1,2-didehydroazepine that can react with various nucleophiles. The  
electron-withdrawing para-carboxyl substituent increases the reactivity of the 
1,2-didehydroazepine intermediate and as a result it can react not only with amines but 
also with alcohols. It has been suggested that even NH groups in the urethane bond are 
nucleophilic enough to react with the didehydroazepine. The density of phenylazide 
molecules reacted with a poly(ether urethane)-type SPU surface is 25 nmol/cm2 at the 
outermost PU surface and 7.7 nmol/cm2 within the surface layer of PU. No significant 
reaction was observed on the PU substrate. After photoreactive treatment with this 
compound for surface modification of the SPU, there was a dramatic improvement 

Figure 11.7 Photochemical immobilization of PC group on polyurethane.
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in blood compatibility of SPU (Pellethane®). That is, the clotting time of blood in 
contact with the SPU increased from 8.2 min to a maximum of 22 min following this 
treatment. Also, the concentration of thrombin generated decreased from 102 nM on 
the original SPU surface to 56 nM on the modified surface when platelet-rich plasma 
(PRP) was in contact with these surfaces for 15 min in the presence of Ca2+. Plate-
let adhesion and activation from PRP on the SPU were significantly reduced. These 
results show the potential of PU modification using a PC compound for obtaining 
improved blood compatibility.

Natural phospholipid molecules are glycerol derivatives with one PC group and 
two fatty acid moieties bound via an ester bond. Thus, glycerol–PC compounds are 
easily obtained and useful for preparing PUs. Aldehyde groups can be generated from 
1,2-diol units by gentle oxidation. Feng et al. described the preparation of PC com-
pounds with aldehyde groups (aldehyde–PC) and the surface reaction of PU with this 
compound for improving blood compatibility [85,86]. They used poly(carbonate ure-
thane) as a PU substrate. To react at the surface of the PU, primary amino groups 
were introduced by reaction with additional diisocyanate and tris(aminoethyl)amine. 
Subsequently the aldehyde–PC reacts. The surface density of the amino group was 
1.0 μmol/cm2. The reactive efficiency of the amino groups on the surface toward the 
aldehyde–PC may not be sufficient due to the instability of aldehyde groups in aque-
ous medium and the bulky structure of the PC group. Thus, amino groups remained, 
which was confirmed by XPS analysis. However, it was described that platelet adhe-
sion to the original PU was significantly reduced after this surface modification. To 
improve this, they attempted another process, a Michael addition reaction between the 
primary amino group and the double bond in the methacrylate group. 2-Methacryloy-
loxyethyl phosphorylcholine (MPC) is used as a methacrylate compound-bearing PC 
group (Figure 11.8).

Although MPC has been commercialized since 1999 worldwide, an excellent syn-
thetic route for MPC production was first developed in 1987 and then reported in 1990 
by Ishihara et al. [120,121]. The successful obtaining of high purity MPC opened up 
the field of MPC chemistry for applications in the biomedical and clinical medicine 
fields. MPC is a monomer used for preparing a polymer using a radical polymeriza-
tion procedure, and it has been used as a reactive PC compound for introducing other 
functional groups into molecules [90,93,122]. Using a surface modification procedure 
MPC that was almost the same as the one used to obtain the aldehyde–PC compound 
described above, a PC-modified PU was obtained. Improved blood compatibility was 
confirmed by a platelet adhesion test, hemolysis test, and activated partial thrombo-
plastin time measurement. Every evaluation revealed the positive effect of the PC 
group on the resistance of thrombus formation.

11.4.3.2   Polyaddition with diol compounds with a PC group

The introduction of a PC group into PU has been conducted during the polymerization 
process (Figure 11.9). Polyaddition is a common method for preparing PU between 
diol and isocyanate compounds. Glycerol–PC is an ideal candidate compound for pre-
paring PU by polyaddition. Cooper et al. prepared PU using glycerol–PC as a chain 
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extender [87,88]. By altering the ratio of glycerol–PC to 1,4-butanediol (BD), a series 
of polymers was obtained composed of different contents of PC groups. The mechan-
ical properties of the PU with the PC group depended on the PC composition. An 
increase in the PC group composition increases the tensile strength and Young’s mod-
ulus of the PU. Dynamic contact angle analysis showed that these PUs, especially the 
ones with a high PC group content, rearranged PC groups to minimize their interfacial 
tension on contact in an aqueous environment. They did not observe adhesion of neu-
trophils on the PU with the PC group. Cell spreading was observed on the control PU 
but not on PU surfaces with PC groups. Finally, they concluded that the incorporation 

Figure 11.8 2-Methacryloyloxyethyl phosphorylcholine as functional compound.

Figure 11.9 Segmented polyurethane with phosphorylcholine group as side chain.
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of the PC group into the PU backbone effectively reduced neutrophil adhesion and 
thus potentially could result in lower inflammatory and foreign body responses.

Considering the reactivity of the diol compounds with diisocyanate compounds 
during the polyaddition reaction, primary hydroxyl groups have higher reactivity than 
secondary hydroxyl groups. In the case of glycerol–PC, both types of hydroxyl groups 
should react at the same time to obtain higher molecular weight PU. Glycerol–PC, diol 
compounds with two primary hydroxyl groups and one PC group have been synthesized. 
Fu et al. synthesized 9-(2-hydroxy-1-hydroxymethyl-1-methyl-ethylcarbamoyl)- 
nonyl-phosphorylcholine (HDEAPC) and its fluorinated derivative (HFDAPC) 
[91,95]. Considering the molecular mobility of PC groups when the PU is in contact 
with aqueous medium, they introduced long alkyl and fluoroalkyl chains as spacers 
between main polymer chains and PC groups. This molecular design also improves 
the mechanical properties of PU because hydrophilic PC groups do not disturb the 
microphase separation of the PU main chain. The adsorption of plasma proteins 
from the protein solution was evaluated. In the case of conventional poly(carbon-
ate urethane) and poly(ether urethane), several proteins in the range 1.5–4.5 μg/cm2  
were adsorbed. The amount of protein adsorbed on the PU with PC groups was 
reduced to about 1.0 μg/cm2. This is a small improvement compared to conventional 
PU; however, the lower values suggest that the PC groups could help improve blood 
compatibility.

Nagase et al. synthesized diol compounds and 2-[3,5-bis(2-hydroxyethoxy)- 
benzoyloxy]ethyl phosphorylcholine (BHPC) and polymerized them with methylene 
diphenyl diisocyanate (MDI) and poly(carbonate diol) [94,99]. A PU chain extension 
with BD and SPU was obtained. On changing the composition of BHPC from 10 to 
50 mol% against poly(carbonate diol), the solubility of PU and the final SPU was 
altered. Below 30 mol% BHPC, the PU can be dissolved in THF and chloroform. 
Hence, a high content of PC groups can be incorporated with the PU backbone. 
The mechanical properties of the PU and SPU are ideal and the polymer films were 
obtained by a solvent evaporation method using dimethyl sulfoxide (DMSO) solu-
tion. Surface blood compatibility was evaluated by investigating the adsorption of 
the plasma protein, albumin, and fibrinogen, and less adsorption was confirmed com-
pared to poly(ethylene terephthalate) (PET) and the SPU without the PC group. They 
also prepared polymer thin films from the PU with the BHDC unit. The polymer 
solution was spin-cast on a water-soluble polymer substrate and the substrate was 
immersed in water. The water-insoluble PU layer was peeled off the substrate and 
a thin membrane was obtained. The thickness of the membrane was varied from 35 
to 600 nm by changing the polymer concentration. The thin membrane was tough 
enough to evaluate platelet adhesion on the surface due to the good mechanical prop-
erties of the PU. The thin membranes can be used directly or can be bound to other 
substrates.

Nagase et al. synthesized a diamine monomer containing the PC group to prepare 
poly(urethane–urea)s containing PC groups [96]. The synthesized poly(urethane–
urea)s possessed the high molecular weight required to prepare tough films via solvent 
casting. A platelet adhesion test showed that the poly(urethane–urea)s exhibited 
excellent blood compatibility, and adhesion of human platelets to the film surface 
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was significantly reduced. In addition, stress–strain measurements revealed that the 
poly(urethane–urea) films exhibited high elastic mechanical properties with Young’s 
modulus increasing with increasing PC content.

As explained above, functional PC compounds can be synthesized from MPC as 
a starting molecule. Natural PC molecules accept oxidation under normal conditions 
easily because olefin units are located in the fatty acid moiety. The PC group itself is 
very hydrophilic and has limited solubility in organic solvent. Therefore, it is hard to 
use these compounds as starting compounds in organic reactions. MPC is currently 
produced on an industrial scale with a purity greater than 99%. The methacrylate 
moiety is the target of the Michael addition reaction along with amino and mercap-
tan groups (see Figure 11.8). Takami et al. developed a procedure for preparing PC 
compounds with 1,2-diol groups by a reaction between MPC and α-thioglycerol with 
a ternary amine as a catalyst [93]. Conversion from an MPC to a diol–PC compound 
proceeded well and the reaction conversion was above 90% after 5 h. Other functional 
methacrylates, which possess PEO, fluoroalkyl, or alkyl groups in the side chain, can 
be converted to the diol compound using the same reaction. PUs were synthesized by 
a one-pot reaction with the diol–PC compounds and MDI and BD. Protein adsorption 
was evaluated on these PU surfaces. The amount of albumin adsorbed on conventional 
PU (Biomate®) and PU without the functional group in the side chain was 3.5 and 
1.8 μg/cm2, respectively. This was decreased by the introduction of hydrophilic func-
tional groups to 1.7 μg/cm2 for the PEO side chain and 0.15 μg/cm2 for the PC group 
in the side chain. Thus, a marked decrease in protein adsorption was observed on the 
introduction of the PC group.

Wagner et al. reported other reactions between MPC and cysteamine, under pho-
toirradiation to synthesize a primary amino group-modified PC compound [90]. 
Poly(ester urethane urea) modified with a PC group was synthesized by the reaction 
of amine–PC compound with the backbone carboxyl groups of a PU synthesized from 
a soft segment blend of polycaprolactone and dimethylolpropionic acid, a hard seg-
ment of 1,4-diisocyanate butane, and a 1,4-butanediamine chain extender. The PC 
group-modified poly(ester urethane urea) experienced greater degradation than the 
control samples, that is, poly(ester urethane urea) from a soft segment of polycapro-
lactone and poly(ester urethane urea), in either a saline or lipase enzyme solution. The 
PC group-modified poly(ester urethane urea) also exhibited markedly inhibited ovine 
blood platelet deposition compared with the control PUs. They attempted loading of 
the bioactive reagent paclitaxel (PTX) in the PC group-modified poly(ester urethane 
urea). The PU film loaded with PTX did reduce rat smooth muscle cell proliferation. 
They concluded that the synthesized PC group-modified poly(ester urethane urea) 
has promising functionality for use as an antithrombogenic, drug-eluting coating on 
metallic vascular stents and grafts.

Grafting of a poly(MPC) chain on a PU surface by a surface-initiated living radical 
polymerization technique was reported and the surface platelet adhesion resistance 
postgrafting was confirmed [97]. Because the procedure for obtaining a blood- 
compatible PU surface is very complicated, it is not applicable for preparing blood- 
contacting medical devices.
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11.4.3.3   Coating of PU substrates with MPC polymer

Another convenient surface modification of a PU is surface coating with a solution 
containing a polymer bearing a PC group in the side chain. The MPC polymers are 
good candidates and those with various methacrylates and styrene derivatives are 
obtained by conventional radical copolymerization. The MPC polymer is dissolved in 
a suitable solvent and a substrate for wrapping the MPC polymer layer is immersed 
into the solution. After removing the polymer substrate, the solvent is evaporated. 
To control the solubility of the MPC polymer in aqueous media and to obtain films 
on the substrate by the solvent evaporation procedure, hydrophobic monomer units 
are necessary. The most typical MPC polymer is poly(MPC-co-n-butyl methacrylate 
(BMA)) (PMB) [121]. Platelet adhesion and activation were completely suppressed on 
the surface of the PMB when the MPC unit composition was around 30 mol%. These 
ideal antithrombogenic properties appeared when the PMB was in contact with human 
whole blood, even in the absence of an anticoagulant. Protein adsorption on the PMB 
from human plasma determined by radioimmunoassay and immunogold labeling tech-
niques showed that the amount of protein decreased with an increase in MPC moiety 
and appeared to be absorbed to the surfaces in a uniform and evenly distributed manner. 
The molecular weight is another important factor to consider when preparing a stable 
MPC polymer layer on the substrate. Usually, a molecular weight up to 5.0 × 105 Da is 
favorable. The PMB can be used to treat any kind of substrate including PUs using a 
simple solvent casting method [102–104]. One example shows the blood-compatible 
performance of PMB coated on PU in vivo. The PMB was coated on a blood pump and 
implanted into 2- to 3-month-old calves. After 15 days, the surface of the blood pump 
was observed and there was no visual thrombus formation on the PMB-coated PU. 
On the other hand, considerable thrombus was formed on the nontreated PU [102]. A 
PMB-coated PU was also applied as a cannula for an implantable blood pump [121]. 
The blood pump has been approved by the Japanese National Health Administration 
and has been implanted into humans since 2005. More than 100 pumps have been 
implanted at the present time and good blood compatibility has been observed.

Only hydrophobic interactions and van der Waals forces are generated between 
the BMA units and the substrate. In the case of SPUs, they can be used at the moving 
or flexible parts of medical devices, that is, the diaphragm portion of a blood pump. 
Thus, to enhance the molecular interaction forces, methacrylate with a urethane unit 
in the side chain was copolymerized with the MPC and BMA [101] (Figure 11.10). 
The monomers are synthesized using an additional reaction between the correspond-
ing alcohol and the 2-isocyanatoethyl methacrylate. One example is 2-methacryloy-
loxyethyl butylurethane (MEBU). The MPC polymer obtained was characterized and 
the monomer unit composition for each type of monomer was 36/53/11 (unit mol%) 
for MPC unit/BMA unit/MEBU units. After the MPC polymers were coated on the 
SPU, Pellethane®, and TM-3® they were exposed to a water or 40 vol% aqueous etha-
nol solution for 3 h. XPS results showed improvement in the stability as a result of the 
introduction of urethane bound to the side chain of the MPC polymer. This was due to 
hydrogen bonding between the MPC polymer and the SPU. The number of platelets 
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that adhered to the PU was significantly reduced after MPC polymer coating. This 
process is very useful for modification of PU-based medical devices.

11.5   Blending of a polymer with a PC group to improve 
blood compatibility

11.5.1   Random-type amphiphilic copolymers

Stable modification of a polymer may be obtained by entanglement of both polymer 
chains. This constitutes a blending of polymers in solution as a way of preparing a 
polymer alloy. The first example of a successful improvement in PU thrombogenicity 
using this technique was reported by Anderson et al. [123,124].

They used amphiphilic methacrylate polymer with a ternary amino group, 
poly(N,N-diisopropylaminoethyl methacrylate (DIPAM)-co-n-decyl methacrylate 
(DMA)) (PDD), composed of 25 unit mol% of DMA in the polymer as a polymeric 
additive to SPU. The content of the PDD in the SPU was in the range of 1–5 wt%. The 
surface characteristics of the SPU/PDD polymer alloy were examined by XPS and 
dynamic contact angle measurements with water. These evaluations revealed that the 
PDD was located on the surface of the polymer alloy. This induced a more hydrophilic 
and movable surface compared with untreated SPU. Protein adsorption from human 
plasma was also reduced on the surface of the SPU/PDD polymer alloy. During the 
blending process, the solubility of the polymer added to the SPU is important. The 
solubility parameter of the polymer is one of the factors used to estimate the blending 
state of both polymers.

MPC polymers were designed and blending was performed with SPUs [105–112] 
(Figure 11.11). Most of these research groups used random-type MPC polymers such 
as poly(MPC-co-cyclohexyl methacrylate) (PMC) and poly(MPC-co-2-ethylhexyl 
methacrylate) (PMEH) because of their solubility in the solvent and SPU. The sol-
ubility parameter of these polymers ranged from 20 to 26 × 10−3 J1/2 m−3/2. The solu-
bility parameter of PMB was above 25 × 10−3 J1/2 m−3/2. The PMB barely dissolved in 
the solvent for SPU, which contained methylene chloride and tetrahydrofuran, with 
solubility parameters of 19.8 and 18.6 × 10−3 J1/2 m−3/2, respectively [105]. To improve 

Figure 11.10 Chemical structure of the MPC polymer with various urethane units.
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the solvent system for the MPC polymers, a mixed solvent composed of methylene 
chloride and ethanol (70/30 v/v) was applied. As the solubility parameter of this mix-
ture was 21.7 × 10−3 J1/2 m−3/2, it was suitable for mixing with the SPU Tecoflex®. Also, 
the boiling points of the solvent components methylene chloride and ethanol are 40 
and 78 °C, respectively. During the blending process, the migration of both polymer 
segments and functional groups to the side chain of the MPC polymer is strongly 
dependent on the concentration of the polymers. The evaporation of the solvents influ-
ences the location of the polymers and the functional groups of the polymer alloy. 
Ethanol is a good solvent for the MPC polymer because ethanol can dissolve the MPC 
polymer and concentrate at the interface in contact with the support substrate. In this 
way, the surface density of the MPC polymers becomes enhanced. This was revealed 
by direct observation of the polymer alloy composed of the MPC polymer and SPU 
by scanning microscopic observations after staining with osmium tetraoxide [106]. At 
the air-contacted surface, few MPC polymer domains were observed. In contrast, at 
the substrate-contact surface, many domains were observed. Since the MPC polymer 
is responsible for the blood-compatible nature of the polymer alloy, the substrate- 
contacting surface is ideally used as the blood-contacting surface. This surface enrich-
ment occurs in the SPU/MPC polymer alloy along with maintenance of the original 
mechanical properties of the SPU.

Although the MPC polymer did not have complete compatibility with the SPU, a 
phase-separated structure (microdomain structure) was formed with the MPC polymer 

Figure 11.11 Polymer alloy composed of MPC polymers and SPU coated on the polyester 
woven vascular prosthesis. Lower SEM pictures are original polyester prosthesis and that after 
coating with SPU/PMEH polymer alloy.
Reproduced with permission from Ref. [110].
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located near the surface. The composition of the MPC polymer in the polymer alloy 
was less than 10 wt%. The mechanical properties of the polymer alloy were equiv-
alent to those of SPU itself. To control the dispersion state of both SPU and MPC 
polymers in the solution, the effect of ultrasonication on the polymer solution on the 
microdomain structure of the polymer alloy was examined. Ultrasonication induced 
better dispersion of the MPC polymer in the SPU matrix. Many small microdomains 
approximately 0.5 μm in diameter were evenly dispersed on the substrate-contacting 
surface. The blood compatibility of the polymer alloy composed of SPU and MPC 
was evaluated by observing protein adsorption from human plasma and platelet adhe-
sion. In comparison with the original SPU surface, both phenomena were reduced 
significantly by the addition of the MPC polymer. For example, the amount of protein 
adsorbed on the SPU was 2.8 ± 0.2 μg/cm2, whereas it was reduced dramatically on the 
SPU/MPC polymer alloy with PMEH to 0.47 ± 0.09 μg/cm2 [107].

A small-diameter vascular prosthesis with potential for clinical use was examined 
using a polyester fiber woven prosthesis coated with MPC polymer (Figure 11.11). 
When the luminal surface of the vascular prosthesis was coated with only an MPC 
polymer such as PMB, the polymer was easily washed out into the blood stream soon 
after implantation or detached by mechanical perturbations during the surgical proce-
dure. The MPC polymer was then blended into the SPU as a polymeric additive. As 
a coating material, SPU (Tecoflex®) was blended with PMEH. The prosthesis, 2 mm 
in diameter, was immersed in a solution of the SPU/MPC polymer blend and dried to 
evaporate the solvent. The SPU/MPC polymer prosthesis was nonwater permeable 
and could be sewn to a natural vessel using a microsurgical technique. An SPU solu-
tion was used instead of the SPU/MPC polymer blend solution to prepare a control 
prosthesis (SPU prosthesis). The SPU/MPC polymer prosthesis and the SPU prosthe-
sis were introduced as interpositional grafts in rabbit carotid arteries (Figure 11.12). A 
massive red thrombus became attached to the surface of the SPU prosthesis as early as 
90 min after implantation. In the SPU/MPC polymer prosthesis (MPC polymer com-
position was 7.5 wt%), a clear surface was maintained for 5 days after implantation 
[110]. A much longer in vivo evaluation was also performed. The patency of the SPU/
MPC polymer prosthesis was four out of six at 1 week after implantation and two out 

Original SPU (90 min) SPU/PMEH polymer alloy (4 weeks)

Figure 11.12 In vivo evaluation of small-diameter polyester vascular prosthesis coated with 
SPU and SPU/PMEH polymer alloy.
Reproduced with permission from Ref. [78].
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of three at 4 weeks following implantation. An increase in the MPC content increased 
the patency of the prosthesis, and five out of six were patent for a week after implan-
tation [111], three out of three were patent after 4 weeks, and three out of four were 
patent after 8 weeks [112].

Other MPC polymers have been blended with SPU. The MPC polymer with ure-
thane bound poly(MPC-co-MEBU) (see Figure 11.10) (PMBU) to the side chain 
was blended by the same procedure described above. Fundamental characterizations 
regarding the surface and bulk properties were performed [109]. To improve the 
mechanical properties, a polymer composed of MPC and MEBU units was blended 
into SPU and fibrous vascular grafts were fabricated [114] (Figure 11.13). To develop 
a compliant conduit that could serve as a temporary vascular scaffold and facilitate 
tissue integration in situ while avoiding acute thrombosis, an electrospun biodegrad-
able elastomer, poly(ether urethane urea), was employed as a scaffolding material that 
would be able to match with the native vessel compliance while providing additional 

Fibrous SPU vascular prosthesis with PMBU (15 wt%)

In vitro blood-contacting for 4 h

Original SPU SPU/PMBU

500 µm

5 µm 5 µm

10 µm

Figure 11.13 Fibrous polyurethane vascular prosthesis. Upper SEM pictures are morphology 
of the vascular prosthesis prepared with SPU/PMBU polymer alloy by electrospun procedure. 
Lower SEM pictures are the blood-contacting surface of the vascular prosthesis after 4 h blood 
circulating.
Reproduced with permission from Ref. [114].
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suitable properties for surgical handling. Blends of poly(ether urethane urea) and 
PMBU with weight fractions of 0–15% were processed. The composite scaffolds were 
flexible with breaking strains exceeding 300%, tensile strengths of 7–10 MPa, and 
compliances of 2.9–4.4 × 10−4 mm/Hg. In vitro platelet deposition on the scaffold sur-
faces significantly decreased with increasing PMBU content. For in vivo evaluation, 
electrospun fibrous conduits of 1.3 mm internal diameter were implanted as aortic 
replacements in a rat model with an evaluation period of 8 weeks. Greater patency 
for grafts with 15% PMBU blending versus poly(ether urethane urea) without PMBU 
(67% vs 40%) was observed. A thin neo-intimal layer with endothelial coverage and 
good anastomotic tissue integration was observed in the poly(ether urethane urea)/
PMBU vascular grafts. These results are promising and further evaluation of this tech-
nique in larger diameter applications for longer implant periods should be performed.

These observations indicated that MPC polymer in SPU can improve the anti-
thrombogenicity of SPU, and the SPU/MPC polymer blend has potential for use in the 
preparation of small-diameter vascular prostheses.

11.5.2   Well-defined structure polymers as new polymeric 
additives

As noted above, the PMEH showed good blending with SPUs to produce the SPU/
MPC polymer alloys. However, the MPC units of PMEH do not have an affinity for 
the SPU within the blend and can cause phase separation in the SPU/PMEH alloy. 
Thus, in the MPC/SPU blend, MPC units did not function as well as desired. The 
addition of PMEH into the SPU affects the mechanical properties of the SPU because 
the MPC units of PMEH and disturb hydrogen bonding between hard segments of 
the SPU. Thus, to improve the blood compatibility of the SPU/PMEH alloy without 
affecting the bulk properties of the SPU, it is necessary to control the compatibility 
and phase separation between the SPU and the PMEH. Recent progress in living rad-
ical polymerization has brought about a new era of well-defined polymer structures 
[125–128]. The molecular architecture of the MPC polymer could be modified by 
hydrophobic EHMA units. It is considered that a block-type copolymer composed 
of poly(MPC) and poly(EHMA) segments has the potential to make an ideal poly-
mer alloy with SPU. A block-type polymer, poly(MPC-block-EHMA) (block-type 
PMEH), has been obtained by the reversible addition–fragmentation chain transfer 
(RAFT)-controlled radical polymerization method [117]. The SPU/block-type PMEH 
polymer alloy membrane was prepared by integration of polymer layers using the 
alternative solvent evaporation procedure. Indeed orientation of the molecular chains 
was controlled by use of the amphiphilic block copolymer. Thus, a high concentra-
tion of the poly(MPC) segments was achieved at the intended surface by the two-step  
solvent evaporation method.

Since the solubility of the poly(EHMA) segments is comparable to that of SPU, 
good mixing between the poly(EHMA) segments and SPU occurs. Additionally, 
the poly(MPC) segments in the SPU/block-type PMEH membrane orient toward 
the glass-contacting side because the PC groups in the MPC unit have an affinity for the 
hydrophilic glass. The orientation of each polymer segment in the block-type PMEH 
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enhances the hybridization with SPU and allows for maintenance of the mechani-
cal properties. Also, the block-type PMEH layer was stabile on the SPU/block-type 
PMEH membrane even though the block-type PMEH has an amphiphilic nature.

The amount of fibrinogen adsorbed on the glass-contacting surface of the 
SPU/block-type PMEH membrane was reduced significantly compared with that 
of SPU. Also, blood cells did not adhere. The orientation of the poly(MPC) seg-
ments in the block-type PMEH allowed for sufficient antiadhesion function. Based 
on these considerations, it appears that the molecular architecture of the blended 
polymer provides for biomaterials with suitable mechanical properties and reduced 
thrombogenicity.

An additional molecular architecture is the graft-type polymer, which possesses a 
hydrophobic polymer segment as a side chain and a hydrophilic polymer segment in 
the main chain.

A graft-type PMEH was synthesized by the combination of two kinds of living rad-
ical polymerizations, namely RAFT polymerization and atom transfer radical polym-
erization (ATRP) [118,119] (Figure 11.14). The difference between block-type PMEH 
and graft-type PMEH is that graft-type PMEH contains many more poly(EHMA) side 
chains within one copolymer. The blending efficiency of these three kinds of SPU/
PMEH can be compared by considering the graft-type PMEH as having an anchor, 
which sinks deeper into the SPU than random-type PMEH but remains shallower than 
block-type PMEH.

Figure 11.14 Chemical structure of graft-type polymer composed of poly(MPC) main chain 
and poly(EHMA) side chain prepared by two types of living radical polymerization. Lower 
SEM pictures show the blood-contacting lumen surface of SPU and SPU/gPMEH tubing after 
blood was passed for 2 min (scale bar: 10 μm).
Reproduced with permission from Ref. [118].
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Liu et al. proposed that SPU membranes be modified by graft-type MPC polymers 
prepared by a double-solution casting procedure on stainless steel substrates [118]. 
The graft-type PMEH, which is composed of a poly(MPC) segment as the main chain 
and poly(EHMA) segments as side chains, shows a higher stability on the SPU mem-
brane after being peeled off from the stainless steel substrate, as well as after immersion 
in aqueous medium. This stability is caused by the intermiscibility in the domain of 
the poly(EHMA) segments with the soft segments of the SPU membrane. Each SPU/
MPC polymer alloy membrane exhibited a dramatic suppression of protein adsorption 
from human plasma and endothelial cell adhesion. Albumin, fibrinogen, and γ-glob-
ulin adsorbed in a dispersed pattern on the SPU surface. The SPU/graft-type PMEH 
polymer alloy dramatically suppressed protein adsorption. Compared with block-type 
PMEH, the molecular architecture suggests that the graft-type PMEH forms a fine and 
closely knit MPC unit network on the surface to protect against protein adsorption. It 
was demonstrated that the molecular architecture of the MPC polymer affects the sur-
face characteristics of the modified SPU membranes. Porcine blood without any antico-
agulant was passed through the SPU/graft-type PMEH tubing for 2 min for evaluation of 
initial antithrombogenicity. Red blood cells and platelets adhered to the inner surfaces 
of the SPU tubing. However, there was minimal adhesion to the SPU/graft-type PMEH 
tubing. The surface coverage of adherent blood cells including red blood cells and plate-
lets on the blood-contacting surface of the SPU tubing was approximately 28%, and on 
the SPU/graft-type PMEH tubing it was reduced to less than 1%. Also, some aggregates 
were observed on the SPU surface. Fewer platelets were observed in each position of the 
SPU/graft-type PMEH tubing. In the SPU/graft-type PMEH tubing, blood cell adhesion 
was inhibited even after whole blood was passed through without anticoagulation. These 
results indicated that the poly(MPC) segments located on the surface of the graft-type 
PMEH function effectively and obtain antithrombogenicity.

The molecular architecture of the MPC polymers influenced the properties of the 
SPU/MPC polymer membrane, in particular, the stability of the MPC polymer layer 
on the SPU surface. The graft-type PMEH had better affinity for the SPU compared to 
random- and block-type PMEH. The SPU/graft-type PMEH polymer alloy, which has 
both excellent blood compatibility and mechanical properties, is a potential biomate-
rial for use in blood-contacting devices.

11.6   Concluding remarks

In this chapter, surface modifications of PU to achieve blood compatibility were sum-
marized. Classical technologies involving conjugation with bioactive molecules such 
as heparin and urokinase are applied for short-term or single-use medical devices. 
Although a great deal of research regarding hydrophilic polymer grafting has been 
performed, no polymer-based or -coated medical devices that can be implanted for the 
long term have been created. The most attractive modification of the SPU surface is 
achieved by the bioinspired concept of constructing an artificial cell membrane surface 
with PC group-incorporated polymers. For example, a PU cannula connected to an 
implantable blood pump was coated with a phospholipid polymer and has functioned 
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for more than 9 years in the living body. However, much more stable incorporation of 
the phospholipid polymers with PU is desired. PUs have suitable mechanical prop-
erties and can be stable under biological conditions. Surface modification of the PU 
blood-contacting surface with other polymers has increased their potential applica-
tions in the medical field.
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12.1   Introduction

Intravascular devices have become an indispensable part of modern medical care. In 
past decades, many novel synthetic materials were developed for the manufacturing 
of temporary or permanent devices including prostheses, bone replacement implants, 
heart valves, intravascular catheters, urinary catheters, and other devices providing cli-
nicians with useful means for improving health care. Notwithstanding their consider-
able success, clinical complications are still associated with the use of medical devices, 
the most common of which is the onset of local and systemic infections (nosocomial 
infections or hospital-acquired infections, HAIs). When a biomaterial is implanted in 
the body, a biological response of the organism occurs, causing the covering of the 
medical device surface with a conditioning film, rich in proteins, polysaccharides, and 
cells. This covering plays an important role in the early stages of microbial biofilm 
formation, as it alters the surface properties of the biomaterial, thereby influencing the 
magnitude and speed of microbial adhesion.

In the United States hospitals, about 2 million people acquire bacterial infections 
each year. The World Health Organization has reported that the highest prevalence of 
nosocomial infections occurs in acute surgical and orthopedic wards and in intensive 
care units (ICU). Among medical devices, catheters are invaluable tools in medical 
practice. Intravascular catheters are employed in the administration of fluids, medi-
cations, and blood products, as well as in the monitoring of hemodynamic status of 
critically ill patients and in chronic outpatient hemodialysis. Their use is associated 
with a high risk of development of catheter-related bloodstream infections (CR-BSIs) 
causing a considerable increase of morbidity and mortality, prolonged hospitalization, 
and additional medical costs. Risk factors in the development of catheter bacterial col-
onization and bloodstream infection include patient factors (increased risk associated 
with malignancy, neutropenia, and shock) and treatment-related factors (increased risk 
associated with total parenteral nutrition, ICU admission for any reason, and endotra-
cheal intubation). Other risk factors are prolonged catheter indwelling time, lack of 
asepsis during central venous catheter (CVC) insertion, and frequent manipulation of 
the catheter.

Since the eradication of these infections with antimicrobial agents is more difficult 
and often such infections cause the devices to malfunction, leading to their removal, 
new approaches are needed to prevent bacterial colonization.

12
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The recommended prevention strategies include: (1) educating and training of 
health care providers who insert and maintain catheters; (2) using full barrier precau-
tions during CVC insertion; (3) using antiseptics for skin; (4) developing antiadhesive 
biomaterials using physicochemical methods; (5) using antiseptic/antibiotic impreg-
nated short-term CVCs.

The last method of prevention represents one of the most promising strategies devel-
oped in recent years since the antimicrobial agent adsorbed on the catheters is released 
directly at the infection site. Recently, intrinsically antimicrobial polymers have emerged 
as promising candidates to address biofilm-based medical device-related infections.

Catheter material can play an important role in the prevention of catheter-related 
infections (CR-Is). Indeed, more infectious complications have been associated with 
the use of polyvinyl chloride (PVC) or polyethylene catheters compared to catheters 
made of Teflon or polyurethane (PU).

This chapter will be focused on antimicrobial PUs for intravascular applications. 
First, a classification of the types of PU intravascular devices and their impact in the 
medical field will be introduced. Then, a survey of infections associated with intravas-
cular devices in terms of incidence, etiology, and pathogenesis will be presented. Next, 
management of device-related infections and the role of modified PUs in preventing 
intravascular device-related infections will be discussed. Finally, the future direction 
of novel antimicrobial polymers as biomaterials for the development of devices pre-
venting biofilm-based infections will be described.

12.2   PUs in intravascular applications

The medical device industry has witnessed remarkable growth from 1995 to 2015, with 
a huge differentiation in the types of available products. The medical device industry 
is estimated at 150 billion US$ worldwide.1 Medical devices have now become indis-
pensable tools in modern clinical practice. This is also thanks to the enormous advances 
achieved in biomaterials science from 1985 to 2015. The concept of a biomaterial has 
changed radically over the years. In the early 1980s, a biomaterial was defined as “a 
systemically and pharmacologically inert substance designed for implantation within or 
incorporation with living systems”2 while in the late 1980s a biomaterial was considered 
as “a nonviable material used in a medical device, intended to interact with biological sys-
tems” (Williams, 1987). Scientists have realized that to be functional, a biomaterial must 
interact properly, and not be inert, with the surrounding tissues. This has triggered the 
development of new classes of biomaterials that work with the physiological environment 
and have specific chemical features, porosity, degradability, and mechanical properties.

The biological response of an organism to a biomaterial depends on the body site 
of device implantation.

A classification often used to distinguish the different typologies of intracorporeal 
medical devices is that considering their localization into the vascular system (intra-
vascular devices) or not (extravascular devices). It is clear how these two classes of 
devices interact very differently with the host. Indeed, intravascular devices are des-
tined to interact with the blood components while extravascular devices interact with 
the surrounding tissues or interstitial fluids.
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Segmented PUs are considered the materials of choice for manufacturing intravas-
cular devices. Blood compatibility of PUs was first claimed by Boretos and Pierce3 
and Lyman et al.4 in the late 1960s and early 1970s. This property was soon related to 
the PU unique molecular structure constituted by separated microphases composed of 
hard and soft segment domains.5 Blood response following interaction with a PU was 
shown to be dependent on hard/soft segment type and concentration.6,7 The flexibility 
of the soft segment has also been shown to play a positive role for polymer interaction 
with the biological system while hard segments with high crystallinity were shown 
to promote thrombogenicity of the polymer. Therefore, thanks to their fairly good 
bio- and hemocompatibility and excellent physicomechanical properties,8 a number 
of different intravascular devices from catheters to heart valves are currently made 
with PU (Table 12.1).

The features required for each of these applications can be very different depending 
on the site of implant, length of implantation, method of application, and function. 
For this reason, a large variety of biomedical-grade PUs with different compositions 
have been produced and marketed (Table 12.2). These products differ in terms of 
elastomeric properties, degradation rate, hydrophilicity, fatigue resistance, resistance 
to stress cracking, and so on.

Biomer® and Pellethane® are traditional segmented polyether urethanes based on 
polytetramethylene oxide (PTMO), methylene-bis-phenyldiisocyanate (MDI), and 
ethylenediamine (ED) or butanediol (BD), respectively. They possess an excellent 
balance between physicochemical and biological properties together with ease of pro-
cessing. For many years, they have been employed for fabrication of artificial ventri-
cles or heart valves as well as for other cardiovascular devices. However, their use has 
been discontinued due to their lack of long-term performance9 and permeability to 
water and water vapor.10 That makes polyether urethanes suitable only for short-term 
applications such as peripheral or CVCs.

To increase hemocompatibility and biostability, siloxanes have been incorporated 
into PUs. The ability of siloxane to improve PU blood compatibility has already been 

Table 12.1 Main intravascular applications of polyurethanes

Intravascular device Uses

Peripheral venous catheters Administration of intravenous fluids, medication, 
or parenteral nutrition; sampling blood

Central venous catheters (tunneled, 
nontunneled, or totally implanted 
ports)

Administration of medication or fluids
Monitoring venous pressure
Sampling blood

Pulmonary artery catheters Diagnostic applications
Artificial heart valves Replacement of dysfunctional heart valves
Vascular grafts Redirect blood flow in a specific region of the body
Coronary stents Treatment of coronary arteries suffering from 

stenosis
Pacemakers Control abnormal heart rhythms
Left ventricular assist devices Support heart function and blood flow
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demonstrated in the early 1990s by Cooper et al. who performed an investigation on 
the influence of the chemistry of the soft segment on blood interactions.11 They tested 
different PUs containing the following soft segments: polyethylene oxide (PEO), 
PTMO, polybutadiene (PBD), hydrogenated PBD (HPBD), and polydimethylsiloxane 
(PDMS). Their findings showed that the most hydrophobic PDMS-based segmented 
PU had the lowest platelet adhesion among the investigated PUs, while the initial rate 
of platelet adhesion increased with the increase in hydrophilicity of the polyol soft 
segment. The authors concluded that PU blood compatibility depends on a combina-
tion of factors including microphase separation, surface heterogenicity, and surface 
hydrophilicity.

Cardiothane-51™ is one of the first commercially available polymers coupling 
PDMS and PUs. It consists of Pellethane® grafted with 10% acetoxy-terminated 
PDMS. The availability of PDMS on the PU surface depends on the techniques used 
to prepare the sample. Rimplast™ is a PU/silicone interpenetrating network obtained 
by mixing reactive silicone pellets with pellets of base PU at high temperature in the 
extrusor or injection molding. The mechanical and physiological properties of 
Rimplast™ can be modulated by varying silicone content and cross-link density. 
PurSil® is a PDMS-based PU in which the silicone is used in the PU synthesis as the 
soft segment. This polymer is claimed to be thromboresistant and to have excellent 
mechanical properties compared to conventional silicone elastomers.

Polycarbonate-based PUs were later developed to further extend biostability, to 
improve PU mechanical properties, and to reduce water permeability. Corethane® and 
Bionate® PCU are examples of polycarbonate-based PUs and are claimed to possess 

Table 12.2 Examples of biomedical-grade polyurethanes

Trade name Supplier Description

Biomer® Ethicon Polyether urethane urea (PTMO/ 
MDI/ED)

Pellethane® Dow Chemical USA Polyether urethane (PTMO/MDI/BD)
Tecoflex HR™ Thermodics Aliphatic polyether urethane (PTMO/

HMDI/BD)
Vialon Becton Dickinson polymer Polyether urethane (PTMO/MDI/BD)
Cardiothane-51™ Kontron Instruments PDMS-grafted polyether urethane
Rimplast™ Petrarch System Inc. Silicone–polyurethane interpenetrat-

ing network
PurSil® TSPU DSM Corporate Silicone-based PU
Corethane® Corvita Corp Polycarbonate-based PU
Bionate® PCU DSM Corporate Polycarbonate-based PU
ChronoFlex C AdvanSource Biomaterials Aromatic polycarbonate-based PU
CarboSil® TSPCU DSM Corporate Silicone–polycarbonate–urethane 

copolymer
ChronoSil® AdvanSource Biomaterials Silicone–polycarbonate–urethane 

copolymer
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enhanced biostability, load-bearing capability, water resistance, and radiation resis-
tance. Therefore, these products are intended for long-term applications such as vas-
cular grafts, artificial heart, and cardiac assist devices.

Finally, CarboSil® and ChronoSil® are thermoplastic polysiloxane/polycarbonate/
PU copolymers able to combine the mechanical strength of polycarbonate-based PUs 
with the biostability and hemocompatibility of siloxane-based PUs. These products 
are also resistant to environmental stress cracking and therefore suitable for long-term 
cardiovascular applications.

12.3   Infections associated with intravascular devices

Intravascular devices are essential tools for the management of patients suffering from 
cardiovascular diseases, cancer, and other diseases. However, their implantation in the 
body exposes the patient to a substantial risk of infection.

Globally, urinary tract and surgical site infections are the most frequent 
health-care-associated infections (HAIs) followed by respiratory and BSIs.12 The 
highest proportion of BSIs is related to the implant of intravascular devices, especially 
CVCs, originated by hematogenous spreading. BSIs have the highest impact in terms 
of associated morbidity and mortality. Indeed, according to Klevens et al.,13 in 2002 
the estimated deaths associated with HAIs in US hospitals were 98,987 (ca. 6% of the 
total HAIs), of these ca. 30% for BSIs, 13% for urinary tract infections, and 8% for 
surgical site infections.

12.3.1   Incidence of CVC-related infections

A large number of CVCs are inserted yearly in hospitalized or outpatient settings for a 
variety of different indications, including administration of drugs, monitoring central 
venous pressure, total parenteral nutrition, poor peripheral venous access, and cardiac 
catheterization. According to recent data, the worldwide usage of catheters per years 
is around 400 million1 and this number is likely to increase. In the United States, more 
than 5 million CVCs are implanted each year, with approximately 200,000 cases of 
BSIs related to their use.14

Many different types of venous-access devices are available. Peripherally inserted 
central venous catheters (PICCs), which can be made of PU or silicone, are inserted 
into a vein in the arm rather than in the neck or chest. Nontunneled CVCs are short-
term catheters, made of PU or silicone as well, inserted into the internal jugular, sub-
clavian, or femoral vein. Tunneled CVCs are long-term catheters implanted surgically 
under the skin. One end of the catheter remains outside the skin and the exit site is 
typically located in the chest. Passing the catheter under the skin helps to reduce the 
infection risk and provides stability. Implantable ports are similar to tunneled catheters 
but are left completely under the skin. They consist in small devices, made of plastic 
or titanium, inserted beneath the skin and connected to a catheter allowing vascular 
access. Under the skin, the port has a septum through which drugs can be injected and 
blood samples can be withdrawn.
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The risk of catheter-associated BSIs (CA-BSIs) has been estimated from 11% to 
14% with an attributable mortality that can exceed 25%.15 That risk has been shown to 
be dependent on the length of catheterization, the type of venous-access device, and the 
underlying patient characteristics. Particularly, the incidence of CVC-related infections 
was found to be higher in CVCs kept in place for more than 7 days.16 Several studies have 
tried to compare the incidence of infections in PICCs, CVCs, and ports. Al Raiy et al.17 
followed hospitalized patients who were implanted either a CVC or a PICC. A number 
of 638 CVCs was placed for 4917 catheter-days versus a total of 622 PICCs for 5703 
catheter-days. A similar rate of infection was found for both groups of venous access 
(rate of 2.4 and 2.3 per 1000 catheter-days for CVCs and PICCs, respectively). However, 
the median time to infection development was significantly higher in the patients with a 
PICC, suggesting that this device is a safe choice for prolonged venous access.

Also Chopra et al.,18 in a systematic review and meta-analysis, compared the risk of 
BSIs associated with PICCs with that related to CVCs in adults. Pooled meta-analyses 
of the 20 available studies revealed that PICCs were associated with a lower risk of 
CA-BSIs than CVCs, but the greatest reduction in CA-BSIs was recorded in outpa-
tients. Therefore, the authors concluded that hospitalized patients may be just as likely 
to experience CA-BSIs with PICCs and CVCs.

The underlying patient characteristics, especially type of disease and age, signifi-
cantly influence the rate, morbidity, and mortality of CR-Is. According to the National 
Nosocomial Infections Surveillance (NNIS) System Report, the rate for CA-BSIs var-
ies from 4.0 per 1000 catheter days in medical–surgical ICUs to 7.0 per 1000 catheter 
days in burn ICU units.19 CR-Is remain among the most frequent complications in 
cancer patients,20 33% of whom experiences at least an episode of infection during 
catheterization.21 Two risk factors have been identified for early CRIs: young age 
(<10 years) and difficulties during insertion.22

12.3.2   Incidence of infections in patients with permanent 
pacemakers or implantable cardioverter defibrillators

Cardiac prosthetic devices are routinely employed in modern cardiovascular medicine. 
Permanent indwelling devices, including permanent pacemakers (PPMs) and implant-
able cardioverter defibrillators (ICDs), have been shown to improve survival rates and 
reduce symptoms. More than 3 million PPMs and ca. 180,000 ICDs were function-
ing in 2000 worldwide.23 Infection of these cardiac devices is a serious complication 
occurring either within 1 year after implantation as a surgical site infection or later as 
a lead endocarditis.24 The most common signs and symptoms of infection are pocket 
erythema and local pain while the most common pathogens are coagulase-negative 
staphylococci and Staphylococcus aureus.23 The estimated rate of infection following 
implantation of cardiac prosthetic devices in adults is between 1% and 2%25,26 but 
increases in young patients (<40 years old) and reaching 5.5% in young patients with 
congenital heart disease.27 Data collected from the National Hospital Discharge Sur-
vey from 1996 to 2003 evidenced an increase in the infection rate related to implant-
able antiarrhythmic systems faster than the rate of device implantation.28 In addition, 
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in the same period, the risk of infection was found to be greater in ICD than in per-
manent pacemakers.28 Use of temporary pacing before implantation, fever within 24 h 
before implantation, and early reinterventions have also been identified as risk factors 
by a large prospective study performed in 44 French medical centers.29 Additional risk 
factors are pulse generator replacement surgery and dual- or triple-chamber device 
implantation.

An optimal procedure for management of such infections has yet to be defined. 
Usually the management consists in antimicrobial therapy combined with complete 
device removal. However, mortality rates of device-related endocarditis remain as 
high as 18%.30,31

12.3.3   Incidence of left ventricular assist device infections

Left ventricular assist devices (LVADs) have become an effective treatment support 
for patients with severe heart failure awaiting transplantation. Indeed, there is a signifi-
cant gap between the population of patients with congestive heart failure and the num-
ber of donors, which has been filled by the recent implementation of LVADs. The new 
generation continuous-flow assist devices have also provided a destination therapy for 
end-stage heart failure patients who are not candidates for cardiac transplantation.32 
Infection is one of the most prevalent complications of these devices.33 Infections 
related to these devices can be broadly divided into driveline infections, pump-pocket 
infections (PPIs), and LVAD-associated endocarditis.34 Driveline infections occur 
along the percutaneously implanted lead connecting the device motor to its external 
power source. PPIs occur within the recess made in the abdominal cavity to house the 
device. According to the major trials performed in recent years on LVADs,35–38 drive-
line infections occur more frequently than PPIs while the incidence of blood infection 
ranged from 20% to 44% with the exception of the ADVANCE trial in which blood 
infection was lower (11.4%).38

12.3.4   Incidence of infections related to intra-aortic  
balloon pump

Intra-aortic balloon pump (IABP) is a mechanical device that increases myocardial 
oxygen perfusion in critically ill patients with cardiac diseases such as cardiogenic 
shock (CS), acute myocardial infarction (AMI), and ventricular arrhythmias.39

The IABP consists in a polyethylene or PU balloon mounted at the distal tip 
of a large bore catheter. The catheter is generally inserted into the aorta through 
the femoral artery in the leg. Outside the catheter is connected to a console that 
inflates the balloon with helium. The goal of IABP is to support a failing heart 
by increasing the myocardial oxygen supply and decreasing myocardial oxygen 
demand. To do so, the balloon inflates in diastole, augmenting coronary perfusion, 
and deflates in early systole (counterpulsation). The duration of IABP treatment 
ranges normally from few hours to few days and in some cases can be prolonged 
for weeks.40
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Several complications are known to be associated to IABP implantation.40–42 The 
main vascular complications are thrombocytopenia, bleeding, systemic embolization, 
and limb ischemia. IABP may also be associated with mechanical complications, 
including balloon rupture or inadequate inflation.39,41

Vales et al.43 performed a retrospective cohort study by collecting clinical data from 
150 patients admitted to the Beth Israel Medical Center in New York and receiving 
IABP therapy between 2004 and 2009. The results showed that thrombocytopenia was 
the most common adverse event, occurring in 50% of the involved patients, followed 
by fever (36%) and bleeding (27%). Patients who developed fever had higher in-hospital 
mortality (31% vs 16%) and longer duration of IABP was significantly associated 
with the development of fever. The duration of IABP treatment has been recognized 
as a risk factor for development of IABP-related complications also in a recent inves-
tigation performed by Valente et al.44 on 481 patients admitted to the Intensive Care 
Unit of the Careggi University Hospital in Florence, Italy. In this study complications 
were observed in ca. 13% of patients, among whom ca. 50% showed major bleeding. 
Other variables identified as predictors for major IABP-related complications are: 
(1) age (>70 years); (2) female gender; (3) history of peripheral vascular disease; and 
(4) diabetes mellitus.41

An IABP-associated infection is rare (<1%).40,42 Local wound infections have been 
reported to occur in up to 5% of patients and bacteremia in up to 2.2%.45 Several fac-
tors have been implicated in the genesis and rate of IABP-related infections, including 
improper preparation or contamination of the femoral area during surgical insertions, 
the clinical settings in which the IABP procedure is carried out,46 and the duration of 
IABP treatment.47

Even if the infection rate is low, in view of a steadily increasing use of IABPs, 
the absolute number of IABP-related infections is expected to grow. Therefore, cer-
tain clinical and epidemiological issues should not be neglected. Yu et al.48 recently 
reported a clinical case concerning a 78-year-old woman with AMI complicated by 
CS who needed bypass surgery. An IABP was inserted to reduce afterload in view of 
the bypass surgery. After surgery, IABP was removed and the device was cut in pieces 
and inoculated in culture media to assess possible bacterial load. The Gram-positive 
methicillin-susceptible S. aureus was found to grow on the IABP. The patient was 
submitted to antibiotic therapy but her condition deteriorated up to death 3 weeks later. 
The authors remarked that the possibility of bacteremia is often overlooked in IABP 
patients with systemic inflammatory response syndrome (SIRS), especially fever.

Crystal et al.49 evaluated the incidence of bacteremia and sepsis in IABP patients 
and determined the clinical significance of fever after IABP implantation. Seventy-one 
patients over a 2-year period (1996–1998) admitted at the Cardiology Department 
of the Soroka University Medical Center (Israel) were studied. The length of IABP 
therapy ranged from 3 h to 9 days. Thirty-one patients (52%) developed SIRS during 
treatment, 90% of whom had fever. Bacteremia and sepsis occurred in 15% and 125 
of patients, respectively. Coagulase-negative staphylococci were the most prevalent 
species in broth cultures. Bacteremia was detected mainly during the first hours after 
IABP insertion. The authors raised a question as to the need for antibiotic prophylaxis 
administration before IABP placement.
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12.3.5   Incidence of prosthetic vascular graft-related infections

Vascular grafts are used to replace, bypass, or maintain function of damaged, occluded, 
or diseased blood vessels. They can be obtained through the use of either blood vessels 
of the patient’s own body (autogenous grafts) or synthetic materials (artificial grafts).

The most used materials to manufacture artificial grafts are polyethylene tere-
phthalate (PET, Dacron®), polytetrafluoroethylene (PTFE), and PUs. The first PU vas-
cular graft was a polyester-based PU (Vascugraft®). These prostheses showed good 
biocompatibility but a poor chemical stability in vivo.50,51 Also polyether-based PUs 
(Pulse-Tec®) were found to be susceptible to oxidative degradation.52 On the contrary, 
a new generation of PU grafts based on poly(carbonate urethanes) (Corvita®) showed 
superior biostability.53

The complication and patency rates of PTFE and PU grafts implanted for hemodi-
alysis vascular access were compared by Kiyama et al.54 by a long-term follow up of 
53 patients who received 58 arteriovenous grafts between 1997 and 2000. Both prob-
lem-free (primary) and functional (secondary) patency rates for PU and PTFE grafts 
were similar at 1 year and 2 years.

An ideal synthetic vascular graft should possess several features: biocompatibility; 
mechanical strength, and compliance for long-term devices; thromboresistance; avail-
ability in various sizes; satisfactory graft healing and ability to withstand infection.

Infection of a vascular graft is a potentially life-threatening complication. The inci-
dence of prosthetic vascular graft infection is between 1% and 6%.55 The Infection 
risk was also found to vary with the location of the vascular graft: 1% for abdominal 
grafts, 2% for aortofemoral grafts, and 6% for infrainguinal grafts.56–59 The clini-
cal presentation of prosthetic graft infection can vary according to infection location. 
Infections that involve an extremity, such as the femoral component of an aortic pros-
thetic graft, tend to present with focal inflammatory changes. In contrast, infections 
of intracavitary graft locations are more difficult to diagnose since they do not present 
specific symptoms.60 To permit a more precise prognostication and treatment, a clas-
sification of vascular graft infections has been established by Szilagyi,61 later modified 
by Samson.62 Several risk factors have been identified for vascular graft infections 
including groin incisions, emergent surgery, diabetes mellitus, chronic renal disease, 
obesity, and immunocompromised conditions.56

Recently, Zetrenne et al.55 performed a multicenter review to determine the pri-
mary mode of therapy and rate of limb salvage for major prosthetic graft infections. 
The review of records was completed at three hospitals: the Hospital of California–
Irvine Medical Center, the Yale New Haven Medical Center, and the Hospital of Saint 
Raphael. Only extracavitary and distal limb aortofemoral graft infections belonging 
to groups 3, 4, and 5 of the Samson classification62 were reviewed. According to the 
pooled results, 34 out of 45 infected grafts were done in PTFE, 8 in Dacron, and the 
remaining were composite grafts. The 64% of infections developed early (less than 
4 months) and the groin was the most common site of infection (82%). Staphylococ-
cus epidermidis was the most common Gram-positive organism cultured (32%), fol-
lowed by methicillin-resistant S. aureus (26%). Gram negatives were also isolated in 
16 cases, and of those, only 3 were Pseudomonas aeruginosa.
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12.4   Pathogenesis of intravascular device–related 
infections

Microbial colonization of intravascular catheters can follow either an extralumi-
nal route, for which microorganisms arising from skin at the catheter insertion site 
migrate along the external catheter surfaces up to the catheter tip, or an intraluminal 
route by inoculation of microorganisms from the catheter hub or contaminated intra-
venous fluids. Less frequently, microorganisms can be hematogenously seeded from 
another focus of infection. Most studies suggest that an extraluminal colonization of 
the catheter is more frequent in short-term catheterization (less than 7 days), whereas 
an intraluminal colonization predominates with long implantation times.63

Important pathogenic factors for catheter contamination are related to: (1) the proper-
ties of the material constituting the device, (2) host factors, and (3) the intrinsic virulence 
factors of the involved microorganisms (ability to form biofilm).64 In Table 12.3, the 
factors controlling microbial adhesion to abiotic surfaces are listed.

12.4.1   Physicochemical properties of the catheter surface

There is a great diversity in the available intravascular devices, in terms of both chemi-
cal composition of the material constituting the catheter and features of the final prod-
uct. Some catheter materials have surface irregularities that can provide protection 
for bacterial cells and promote their attachment. However, the influence of surface 
roughness on microbial adhesion is still controversial. Some studies show an increase 
in bacterial adhesion with increasing roughness of the substratum.65,66 Other authors 
believe that surface roughness does not significantly affect bacterial adhesion and bio-
film formation.67,68 These controversial results are presumably related to the different 
bacterial species studied, determined roughness parameters, and methods to detect 

Table 12.3 Factors controlling microbial adhesion to abiotic surfaces 
are listed

Factor Specific variable

Physical properties of the surface Porosity
Roughness

Chemical properties of the surface Hydrophobicity/hydrophilicity
Polar groups
Charged groups

Environmental conditions Host protein conditioning layer
Shear rate
pH and temperature

Pathogen Gram positive/Gram negative
Genus/species
Surface charge
Ability to form biofilm
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microbial adhesion on the surface. In general, it was shown in some in vitro66,69 and 
in vivo studies70,71 that there exists a threshold average surface roughness (0.2 μm) for 
bacterial retention, below which surface roughness has no significant effect on micro-
bial adhesion. Above this threshold, an increase in biofilm accumulation was instead 
observed.72

Some polymeric materials are more thrombogenic than others, and this has been 
shown to favor catheter colonization and infection development.73 Indeed, in a pro-
spective multicenter study carried on ICU patients requiring internal jugular or subcla-
vian catheterization74 a relationship between CVC-related thrombosis and infection 
was found. In fact, the risk of sepsis was 2.62-fold higher in patients with thrombosis. 
Similarly, van Rooden et al.75 found a temporal association of CVC-related infec-
tion and thrombosis. In addition, the absolute risk of developing a thrombotic event 
in patients with CVC-associated sepsis (57%) was higher compared to that found 
in patients with a local CVC-related infection (27%). These findings explain why 
silicone intravascular catheters are associated with higher risk of infection than PU 
catheters.76

The interaction of microorganisms with a biomaterial may also be described in 
thermodynamic terms by applying concepts of the Derjaguin, Landau, Verway, and 
Ocerbeek (DLVO) theory.77 Indeed, because of their small size, low density, and net 
negative surface charge, bacteria can be considered as living colloids. Therefore, the 
interaction forces occurring at the biomaterial surface are electrostatic forces gener-
ated by a net charge distribution on both the biomaterial surface and the bacterial wall, 
van der Waals forces arising from permanent dipoles, and Brownian motion forces. 
Electrostatic interactions are negligible when neutral polymers are considered while 
the van der Waals forces are predominant and account for the different extents of 
microbial adhesion on different substrates. Speranza et al.78 studied the Escherichia 
coli adhesion on three clinical grade polymers, PVC, polymethyl methacrylate, and 
polyethylene, having different acidic/basic properties. The extent of bacterial adhe-
sion depended on the presence of acidic or basic sites on the polymer surface. In 
particular, because of its basic character, E. coli had a higher interaction with PVC.

Tegoulia and Cooper79 studied S. aureus adhesion on self-assembled monolayers 
terminated with methyl, hydroxyl, carboxylic acid, and tri(ethylene oxide) groups. 
Results showed how bacterial adhesion was lower on the hydrophilic ethylene 
oxide-bearing and hydroxyl-bearing surfaces. However, preincubation of surfaces 
with fibrinogen increased microbial adhesion on all surfaces and minimized the effect 
of the surface properties of the substrate. The authors concluded that even if surfaces 
rich in ethylene oxide groups can be used to prevent bacterial adhesion under phys-
iological conditions, most of the substrate properties are masked and their effect on 
adhesion becomes minimal.

12.4.2   Host factors

The adhesiveness of a given microorganism to specific host factors is also important 
in the pathogenesis of CR-BSIs. The first biological response of the host organism 
to the presence of a foreign body consists in depositing on the device surfaces host 
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proteins, mainly albumin, fibronectin, and fibrinogen. These proteins can mediate 
microbial adhesion. Albumin was shown to have inhibitory effects on bacterial adhe-
sion to polymer, ceramic, and metal surfaces. S. aureus adhesion to different types of 
PUs (positively charged PUs, aminated PUs, negatively charged sulfonated PUs) was 
also studied.80 Materials were tested bare, or coated with human fibrinogen, plasma, 
or albumin. The results showed how the presence of fibrinogen or plasma enhanced 
the attachment rate constants while albumin inhibited microbial adhesion. Although it 
has not been clarified, its mechanism of action is presumably reduction of the hydro-
phobicity of the surface of the polymer substrate.81

Fibronectin is one of the main protein components of the extracellular matrix and 
is known to mediate the phenomena of surface adhesion in eukaryotic cells. This pro-
tein plays an important role in infections associated with biomaterials and it has been 
shown that S. aureus has specific receptors for this protein.82,83 Similarly, fibrinogen 
promotes adherence of bacteria, especially staphylococci to biomaterials.84

12.4.3   Microbial ability to form a biofilm

It is now widely accepted that microbial biofilms play a key role in all types of 
health-care-associated infections and especially in those related to medical devices. 
Particularly, biofilm formation on the device surfaces contributes to the severity of 
these infections. Indeed the development of biofilm is responsible for the chronic 
nature of related infections, and for the inherent resistance to antibiotic therapy.85 
Raad et al.86 were among the first investigators who isolated biofilm-producing micro-
organisms from the intraluminal surface of CVCs, which remained in situ for more 
than 30 days.

Understanding the mechanisms of biofilm formation has been crucial for the design 
of new biomaterials able to prevent microbial adhesion and biofilm formation on device 
surfaces. The use of microscopic techniques, including scanning electron microscopy 
(SEM) and confocal laser scanning microscopy (CLSM), has elucidated the com-
plex morphology assumed by surface-adherent bacteria. Biofilms are now defined as 
microbial sessile communities, often multispecies, irreversibly attached to a surface, 
either biotic or abiotic, and embedded in a self-produced matrix consisting of poly-
saccharides, proteins, and nucleic acid.87 Biofilms are heterogeneous mushroom-like 
structures in which microcolonies are glued together by the sticky exopolysaccharide 
matrix. Water-filled channels are present between the microcolonies to allow nutrients 
and oxygen to reach the bacteria located in the bottom layers of the biofilm.

Biofilm development is a multistage process. In Figure 12.1 the biofilm formation 
onto the external surface of a catheter (convex surface) is seen. In Stage 1 (Reversible  
adhesion), planktonic microorganisms approach the surface and adhere to it via  
van der Waals or electrostatic interactions. In Stage 2 (Irreversible adhesion), micro-
organisms permanently attach to the surface by using cell-adhesion structures (such 
as pili) or producing specific adesins, resulting in the formation of a monolayer of 
microcolonies. In Stage 3 (Early biofilm development), microrganisms begin to secrete 
extracellular components with early vertical development. The ability of microorgan-
isms to produce these components is a prerequisite for biofilm formation. Stage 4  
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(Biofilm maturation) concerns the maturation of the typical three-dimensional mushroom- 
like architecture of biofilms. In Stage 5 (Cell dispersal), detachment of bacterial cells 
or clumps from the biofilm external layer or within the interior of the biofilm by a 
“swarming” phenomenon occurs resulting in a so-called “seeding dispersal.”

Microorganisms growing as biofilms exhibit a resistance to antibiotics higher than 
their planktonic counterpart. The mechanisms involved in the increased drug resis-
tance of biofilms are many.85,88,89 The biofilm matrix can act as a barrier delaying the 
diffusion of antibiotics into the inner layers of biofilm. This phenomenon depends 
on the type of antibiotic and biofilm. Indeed, fluoroquinolones have been shown to 
readily penetrate P. aeruginosa biofilms,90 while positively charged aminoglycosides 
showed a delayed diffusion91 due to their interaction with the negatively charged  
P. aeruginosa biofilm matrix.

The presence of subpopulations of persister or dormant bacterial cells in a spore-
like, nondividing state has been also suggested as a possible mechanism of biofilm 
resistance.88,92 Many antibiotics targeting growth-specific factors are poorly effective 
against slow- or nongrowing cells. For instance, fluoroquinolones are more efficacious 
on biofilm-growing P. aeruginosa with respect to with β-lactams since these latter 
antibiotics are active only against growing bacterial cells. However, fluoroquinolones 
work better against planktonic cells compared to biofilm-growing P. aeruginosa.93 
Persister cells may therefore survive after antibiotic therapy and may regrow causing 
chronic infections.

The conjugation frequency seems to be higher in bacteria growing as biofilms than 
in the planktonic mode,94 and this contributes to amplification of both naturally occur-
ring and induced antibiotic resistance.

Finally, an important variable that can influence the antibiotic susceptibility of 
biofilm-growing microorganisms is the age of the biofilm. Particularly, as the bio-
film ages its treatment becomes more difficult as demonstrated for S. epidermidis 
biofilms, which were more resistant to cefalotin, clindamycin, erythromycin, van-
comycin, and teichoplanin with increased age.95 Finally, the presence of a mixed 
microbial population in the biofilm can influence susceptibility to antimicrobial 
agents. Adam et al.96 showed by using a catheter disk model system how, in a 
mixed species biofilm of Candida albicans and S. epidermidis, C. albicans pro-
tected the staphylococcus against vancomycin and S. epidermidis protected the 
fungus against fluconazole.

1 2 3 4 5

Figure 12.1 Stages of biofilm formation.
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12.4.4   Microrganisms involved in intravascular device-related 
infections

The most commonly reported causative pathogens remain coagulase-negative staphy-
lococci, S. aureus, enterococci, and Candida spp.97 Gram-negative bacilli accounted 
for 19% and 21% of CR-BSIs reported to CDC98 and the Surveillance and Control of 
Pathogens of Epidemiological Importance (SCOPE) database, respectively.97

The main problem related to CA-BSIs is the antimicrobial resistance of the involved 
pathogens. Particularly, infections caused by methicillin-resistant S. aureus (MRSA) 
can be life-threatening especially for ICU patients.

According to Klevens et al.,99 the proportion of MRSA isolated in ICUs in US 
hospitals increased from 35.9% in 1992 to 64.4% in 2003. However, a decrease in 
multidrug resistance among MRSA isolates was observed. The incidence of MRSA 
central line-associated BSIs has decreased in recent years, presumably due to preven-
tion efforts.100

An increasing proportion of intravascular device-related infections are being caused 
by Candida spp. and the management of these infections can be challenging. Candida 
infections account for ca. 10% of the whole number of intravascular catheter-associated  
infections.101 Usually the management of these infections requires the device  
removal.

Biofilm-based central line-associated infections are often polymicrobial.102,103 Par-
ticularly, C. albicans and S. aureus can be found coexisting as polymicrobial biofilms 
on catheter surfaces.104

It is estimated that S. aureus is the third most common organism isolated in con-
junction with C. albicans.105 It was demonstrated in vitro that S. aureus can form 
microcolonies on the surface of C. albicans biofilm, serving as scaffolding. In addi-
tion, the S. aureus resistance to vancomycin was enhanced within the polymicrobial 
biofilm while the sensitivity of C. albicans to amphotericin B was not altered.105

12.5   Prevention of intravascular device–related 
infections

The management of intravascular device–related infections depends on several factors 
related to the patient, pathogen, and type of infected device. Removal of the device is 
recommended when signs of severe infection are present or if virulent pathogens, such 
as S. aureus or P. aeruginosa, are isolated.106 However, removing the infected device 
is not always possible or easy to perform. Therefore, salvage of the device is preferred 
and the patient is given the antibiotic therapy. Particularly, infections associated with 
long-term or permanent CVCs are frequently treated with success by systemic antibi-
otic therapy combined with “antibiotic lock” therapy for 2 weeks.106

To reduce the incidence of such infections, specific guidelines providing strategies 
for prevention are available.107 Strict adherences to hygienic rules during insertion or 
implantation of the device are aspects of particular importance. According to these 
guidelines, despite the use of maximal sterile barrier precaution and skin cleaning with 
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antiseptic agents, the implantation of antimicrobial-coated CVCs is recommended in 
patients whose catheter is expected to remain in place >5 days.107

Therefore, besides strict hygienic rules during insertion of the device, the devel-
opment of new materials able to counteract microbial adhesiveness and colonization 
has become a critical issue in recent years. The two principal approaches to prevent 
microbial adhesiveness are (1) the development of polymers with antifouling proper-
ties, and (2) the development of polymers with antimicrobial properties.108,109 Such 
materials either repel microbes (antifouling) or kill bacteria (antimicrobial) present in 
the surface proximity.

Antifouling polymers are usually obtained by modification of the polymer surface by 
physicochemical methods leading to unspecific interactions with microorganisms. Since 
the surface of microbial cells is mainly hydrophobic and negatively charged, chemical 
modifications generally aim to either (1) increase surface hydrophilicity; (2) introduce 
negatively charged groups; or (3) decrease surface free energy.110 Antifouling polymers 
are interesting since they avoid the use of drugs but their efficacy is strongly dependent 
on the microbial species. In addition, it is difficult to create a surface with no adhesion 
also considering that in vivo the material surface is rapidly covered by plasma proteins. 
Therefore, the strategy more pursued for preventing microbial adhesion is the develop-
ment of antimicrobial polymers. Such polymers can be obtained by (1) surface adsorp-
tion of antimicrobial drugs; (2) drug entrapping in the polymer bulk; (3) drug grafting 
on the device surface; and (4) introduction in the polymer backbone or side-chain func-
tionalities exerting antimicrobial activity (Figure 12.2).

Drug
surface

adsorption

Legend:

Drug

Polymer brushes

Polymer bulk
Antimicrobial polymer bulk

pH, temperature or enzymes

Intrinsically
antimicrobial

polymer
Drug

entrapping
Drug
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Figure 12.2 Main strategies for developing antimicrobial polymers.
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In the first three approaches, the polymer acts as a carrier for the antimicrobial 
agent that once released can exert its action (antimicrobial agent-releasing polymers). 
In the first case the antibiotic is adsorbed mainly on the device surface, in the second 
case the drug is physically entrapped, while in the third case the antibiotic is grafted 
by labile bonds. In the fourth approach, the whole polymer (the bulk and the surface) 
is intrinsically antimicrobial and exerts its killing action when microorganisms contact 
the surface. These polymers are often called biocidal polymers.

In the following sections, antifouling and antimicrobial PUs will be presented in 
relation to their application for preventing intravascular device-related infections.

12.5.1   Antifouling PUs

The most investigated strategy for developing antifouling PUs involves increasing the 
hydrophilicity of the polymer surface. On the basis of the empirical criteria recently 
proposed by Ostuni et al.,111 antifouling polymers should be hydrophilic, electrically 
neutral, and possess hydrogen-bond acceptors. To increase the hydrophilicity of seg-
mented PUs, two strategies can be investigated: (1) variation of the PU soft phase,11,112 
and (2) application of hydrophilic coatings.113,114

Recently, to obtain antifouling materials, segmented PUs having the same hard 
domain but a variable soft domain have been synthesized.112 The soft phase was con-
stituted by polypropylene oxide (PPO), polycaprolactone (PCL), or poly-l-lactide 
(PLA). PCL- and PLA-containing PUs reduced the adhesion of S. epidermidis com-
pared to the PPO-containing PU; this ability is presumably related to their greater 
hydrophilicity.

Several hydrophilic coatings were applied to PUs to increase surface hydrophilic-
ity, including poly(ethylene glycol) (PEG), hyaluronan, dermatan sulfate, and heparin.

12.5.1.1   PU functionalization with PEG

PEG is widely known for its resistance to protein adsorption, nonimmunogenicity, and 
antithrombogenicity.115 It is believed that PEG’s antifouling ability is related to hydra-
tion and steric effects.116 Several studies have been focused on PEG grafting onto 
PUs.117–122 Particularly, PEG was either introduced in the polymer backbone,123,124 by 
Michael addition onto main chain double bonds125 and click chemistry,117 or grafted 
in the polymer side chain by urethane120 or allophanate linkages.126

In general, PEG-modified PUs shower better hemocompatibility properties in 
comparison with the unmodified PUs with a significant decrease in platelet adsorp-
tion.120,127 Better performances of the PEG-functionalized PUs in terms of bacterial 
adhesion and infection development were also reported. Corneillie et al.123 introduced 
PEG in segmented PUs as a soft segment in different ratios with PPO and PTMO. The 
PUs having PEG/PPO or PEG/PTMO in 1/1 molar ratio were able to significantly 
reduce the adhesion of S. aureus and Enterococcus faecalis with respect to glass, 
but were not able to reduce the adhesion of P. aeruginosa. Park et al.119 grafted PEG 
1000 and 3400 g/mol with different chain end groups (dOH, dNH2, and SO3) onto 
Pellethane® and tested the behavior of these PUs versus the adhesion of S. epidermidis 
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and E. coli in three different media, tryptic soy broth (TSB), brain heart infusion, and 
human plasma. PEG 3400-containing PUs showed better antifouling properties versus 
S. epidermidis compared to PEG 1000-containing PUs. The PEG 1000-modified sur-
faces did not show any reduction in S. epidermidis adhesion in TSB media regardless 
of the PEG chain end group. On the contrary, in plasma S. epidermidis adhesion was 
reduced especially when SO3 chain groups were present. As for E. coli, a significant 
reduction in adherent bacteria was found in all media.

Taken together, these studies suggest how the ability of PEG-containing PUs to 
reduce bacterial adhesion can have variable degree of success depending on PEG 
molecular weight, bacterial species involved, and environmental factors (culture 
medium).

12.5.1.2   Heparin coating of PUs

From the early 1990s, a number of strategies have been pursued to improve the hemo-
compatibility of PUs. The physical adsorption or chemical grafting of heparin to PUs 
has been shown to be successful in improving PU hemocompatibility.128–130 Also our 
group has developed different functionalized PUs able to bind heparin ionically129 or 
covalently.131

Heparin coatings have also been shown to prevent microbial adhesion and coloni-
zation in vitro and in vivo.132 This activity is presumably related to heparin’s ability to 
favor albumin adsorption while reducing fibrinogen adsorption, and to its negative net 
charge repelling negatively charged bacteria.

Heparinization of CVCs and dialysis catheters resulted in a significant reduction of 
CR-Is, as seen in a randomized-controlled clinical trial of heparin-coated and uncoated 
nontunneled CVCs inserted in 246 patients133 and a retrospective comparative analy-
sis of coated and uncoated tunneled dialysis catheters.134

12.5.1.3   Heparin-like PUs

As an alternative to heparin coatings, heparin-like polymers, that are polymers able 
to mimic the biological behavior of heparin, have been developed mainly to reduce 
thrombotic events associated with intravascular devices. These polymers are char-
acterized by the presence of sulfonate and sulfamate groups in the backbone or 
side chain. The first heparin-like PU was obtained by the group of Cooper135 by 
reaction of propyl sulfonate with the urethane hydrogens of a PTMO-based PU. A 
reduction of platelet adhesion was found with the increase in the sulfonate group 
content. Few studies evaluated the efficacy of heparin-like polymers in reducing 
infection. Recently, PUs were synthesized having sulfonate and sulfamate in the 
hard segment by employing a carboxylated diol, dihydroxymethylpropionic acid, 
as chain extender.136 The resulting carboxylated PU was further amidated with dif-
ferent functional amines and reacted with pyridinedSO3 or DMFdSO3 adducts. 
The dSO3H-containing polymers, possessing a degree of sulfonation ranging from 
30% to 40%, not only had good hemocompatibility but were also able to inhibit  
S. epidermidis adhesion. These features seemed to be related to the polymers phase 
segregation and content of dSO3H groups. Other studies confirmed the sulfate 
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group content in PUs to be a crucial parameter for impart antifouling properties to 
heparin-like PUs. Indeed, a sulfonated pellethane with a 20% degree of sulfonation 
failed in reducing S. aureus adhesion.137

12.5.1.4   Other hydrophilic coatings for PUs

Other hydrophilic coatings have been proposed to reduce bacterial adhesion onto 
PUs.138–140 Morra et al. studied in vitro the adhesion of S. epidermidis onto bare PU 
catheters and PU catheters coated with hyaluronan. A significant reduction in bacterial 
adhesion was found by using the soft, hydrated surface of the modified PU.140 Highly 
sulfonated hyaluronan as PU coating resulted in the inhibition of S. epidermidis adhe-
sion with respect to the unmodified PU.141

Xu et al.142 used hyaluronic acid (HA) as a chain extender during PU synthesis with 
the aim of developing inherently nonthrombogenic materials. The physical and biolog-
ical properties of the resulting PUs were modulated by varying the HA content. The 
results showed a linear increase in hydrophilicity with increase in HA content. Incor-
poration of HA resulted in negligible platelet adhesion compared to a standard PU. 
However, HA significantly stiffened the material and a relatively small fraction of the 
HA was exposed on the material surface. Better hemocompatibility was obtained more 
recently by the same research group through HA grafting onto the surface of a PU.143 
The grafting reaction consisted in first the incorporation of branched polyethylenimine 
into the PU backbone, followed by the covalent attachment of HA. Also dermatan sul-
fate/PU copolymers showed fairly good hemocompatibility and antiadhesive features, 
making these materials attractive for blood-contacting or nonfouling applications.144

Other than HA other polysaccharides were investigated as antifouling macromol-
ecules including dextran,145 dermatan sulfate,144 and chitosan.146,147 In particular, 
 chitosan was shown to possess antibacterial activity against different microorganisms 
including S. aureus and E. coli.148 This polysaccharide has been blended with stearyl 
poly(ethylene oxide) and used as a surface-modifying additive for PUs. The results 
indicated that the coated surface could effectively resist clotting. However no tests to 
evaluate microbial adhesion were done.149 A chitosan/poly(vinyl alcohol) hydrogel 
was similarly used as a coating for segmented PUs for application as urethral cathe-
ters. The coating provided the catheter with antibacterial properties against S. aureus, 
P. aeruginosa, and E. coli.150

Another hydrophilic polymer studied as antifouling coating is poly-N-vinylpyrrolidone  
(Hydromer®). PU catheters coated with Hydromer® significantly reduced the adhesion of 
five strains of S. epidermidis and one strain of S. aureus.139 More recently, a PVP coating 
was applied to PU for application as urinary tract biomaterial.151 While encrustation was 
less on the PVP-coated PU than on the uncoated PU and silicone catheters, E. coli and  
E. faecalis adhesion was similar on the coated and uncoated PUs.

12.5.2   Antimicrobial PUs

As described above, several experimental approaches have been reported in the lit-
erature for introducing antimicrobial agents in PUs, including (1) drug entrapping 
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into the polymer bulk during device manufacturing; (2) drug adsorption or graft-
ing on the device surface after manufacturing; (3) use of intrinsically antimicrobial 
polymers.

However, the majority of the antimicrobial-treated CVCs available on the market 
(Table 12.4) are obtained by adsorption of the drug onto the catheter surface, since this 
method is facile, inexpensive, and potentially applicable for a wide range of drugs. 
Only in the two types of CVCs treated with silver, the antimicrobial agents are impreg-
nated in the polymer bulk. Often, to improve drug affinity for the device surface, 
cationic surfactants are used, such as tridodecylmethylammonium chloride (TDMAC) 
and benzalkonium chloride employed for the adsorption of minocycline/rifampin and 
heparin, respectively.

Table 12.4 Main medicated CVCs present on the market

Type of medicated CVC Main characteristics Manufacturer

First-generation  
chlorhexidine and silver  
sulfadiazine-coated CVC

Drugs are adsorbed onto the 
external CVC surface

Vygon Ltd, Ecouen, France
Arrow International, Inc., 

PA, USA
Second-generation  

chlorhexidine and silver  
sulfadiazine-coated CVC

Silver sulfadiazine is present 
on the external CVC sur-
face; chlorhexidine on the 
intraluminal CVC surface

Arrow International, Inc., 
PA, USA

Minocycline and  
rifampin-coated CVC

The antibiotics, present both 
onto the external and the 
internal CVC surface, are 
to the catheter surface 
through a TDMAC coating

Cook Critical Care, Inc., 
IN, USA

Miconazole and  
rifampin-coated CVC

Drugs are adsorbed onto both 
catheter surfaces

Vygon Ltd, Ecouen, France

Benzalkonium chloride and 
heparin-coated CVC

Sold under the trade name 
AMC Thromboshield™, 
this catheter has the two 
bioactive agents onto both 
the internal and the exter-
nal surfaces

Baxter Healthcare Corpora-
tion, Irvine, CA, USA

Silver ion-impregnated CVC The catheter is based on 
Agion® silver ion release 
technology

Multicath Expert, Vygon 
Ltd, Ecouen, France

Silver, platinum, and  
carbon-impregnated CVC

This CVC is known as Oli-
gon CVC, where Oligon 
stands for polyurethane/
antimicrobial agent mix. 
The antimicrobial agents 
are impregnated in the 
polymer bulk

Vantex CVC, Edwards Life 
Science, CA, USA
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12.5.2.1   Antimicrobial-coated PUs

Coating devices with antibiotics or other antimicrobial agents is undoubtedly simple 
and applicable to all types of drugs. However, limitations of this strategy are insuffi-
cient drug loading and the rapid release of the adsorbed drug in the first hours follow-
ing implantation. Both of these phenomena cause a short-term antimicrobial activity 
and can contribute to the development of antimicrobial resistance.

The most experimented antimicrobial drugs for intravascular devices are chlorhex-
idine/silver sulfadiazine (CH/SS) and minocycline–rifampin (MR). From a historical 
point of view, CVCs coated with one of these two drugs are the first medicated cathe-
ters approved for clinical trials.

The first generation of CH/SS-coated CVCs possessed both antimicrobial agents 
on the external surface. These catheters were extensively studied in the early 
1990s152–154 and the results showed that the infection rate was reduced only for short 
(approximately 2 weeks) catheterization times.109,155

In the early 2000s, the second-generation CH/SS-coated CVCs were marketed. 
These catheters have both surfaces coated with antimicrobials; silver sulfadiazine is 
present on the external surface and chlorhexidine on the intraluminal surface. In addi-
tion, the concentration of chlorhexidine was three times higher than that present into 
the first-generation catheters.

Three clinical trials156–158 were performed to test the efficacy of these second- 
generation CH/SS-coated catheters. The first multicenter randomized double-blind 
trial156 was carried out on 175 ICU patients receiving uncoated CVCs and 188 patients 
receiving CH/SS-coated CVCs for a mean duration of catheterization of ca. 11 days. A 
3.7% incidence of catheter colonization in the treated group compared to the control group 
(13.1%) was observed. Also a slight reduction of CVC-related BSIs was recorded when 
using CH/SS-coated CVCs, even if in a context of a low baseline infection rate. Sim-
ilar results were obtained by Ostendorf et al.157 in hemato-oncological patients. Rupp 
et al.158 showed that CH/SS-coated catheters did not promote antibiotic resistance.

In the early 1990s, the group of Raad and Darouiche showed in vitro159,160 and in 
rabbit models161 that minocycline and rifampicin could be adsorbed together onto 
catheters and had a synergistic and prolonged antimicrobial action.

A clinical trial performed at the end of the 1990s showed the efficacy of M/R-coated 
catheters in reducing bacterial colonization and CR-Is for short-term catheterization  
(approximately 7 days).162 Similarly, in a more recent prospective randomized  
double-blind controlled multicenter trial in which MR-coated catheters were implanted 
in ICU patients requiring a triple-lumen CVC for more than 3 days, a low rate of  
colonization by staphylococci was found.163 The efficacy of these medicated cath-
eters was confirmed also for long-term (up to a 60 day) implantation.164 Particu-
larly, the long-term clinical trial was performed on tunneled CVCs inserted in adult 
patients admitted in seven university-affiliated US hospitals.164,165 This long-lasting 
efficacy seems to be associated with a controlled release of the drugs from the cath-
eter surface. Indeed, rifampin and minocycline were still detected on the surfaces 
of M/R-coated indwelling catheters explanted after at least 2 weeks of implantation 
but the two antibiotics were not present in the patient serum.166 This good affinity 
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for the catheter surfaces was realized by precoating the catheter with the cationic  
surfactant  triiododecylmethylammonium chloride able to interact with anionic drugs. 
Similar results were obtained by synthesizing differently functionalized PUs.167–171 
 Particularly, high antibiotic loading and controlled drug release were obtained by intro-
ducing polymer side chain-specific functional groups able to interact with the selected 
drugs. This approach was similar to the use of TDMAC but in this case the functional 
groups interacting with the drugs are linked to the polymer main or side chain. In 
a recent review published in 2013, the efficacies of M/R-coated and CH/SS-coated 
CVCs were compared in vivo.172 M/R-coated CVCs were able to reduce catheter  
colonization and CR-BSIs significantly more than CH/SS-coated devices.

Unfortunately, MR-coated intravascular catheters do not possess antimicrobial 
activity against strains of P. aeruginosa causing ca. 5% of CR-BSIs and Candida spp. 
contributing up to 12% of CR-BSIs.173,174

To counteract CVC colonization by Candida spp., a novel PU incorporated with 
the antifungal drug miconazole and rifampicin was developed. The activity of this 
rifampicin/miconazole (RM)-loaded PU was evaluated in vitro versus 158 clinical iso-
lates of CR-BSIs.175 The first clinical trial to assess the efficacy of RM-coated CVCs 
was performed in two German university hospitals on 223 adult patients.176 This trial 
showed a reduction in colonization and related infection when using the RM-coated 
CVCs with respect to the uncoated ones for a catheterization period of ca. 7 days 
(5% vs 36%).176 In addition, a more pronounced reduction of catheter colonization 
was found in male, overweight, and oncology patients.177 The efficacy of RM-coated 
CVCs in reducing the incidence of CR-BSIs for short-term catheterization was con-
firmed in a more recent study.178

To provide protection against P. aeruginosa, Raad et al.179 developed novel  
antimicrobial-coated PU CVCs based on a combination of chlorhexidine and minocycline– 
rifampin (CH-MR). CH-MR coating was shown to provide better protection against 
methicillin-resistant S. aureus, P. aeruginosa, and Candida spp. and a prolonged anti-
microbial durability than CH/SS and MR coatings.180

To enhance the activity of antibiotics against microbial biofilm, the enzyme Dis-
persin B was absorbed in combination with cefamandole nafate onto the surface of 
functionalized PUs.181 Dispersin B is a β-N-acetylglucosaminidase, produced by the 
Gram-negative Actinobacillus actinomycetemcomitans, able to dissolve mature bio-
films produced by S. epidermidis as well as some other bacterial species.182 The func-
tionalized PUs absorbed a significant amount of dispersin B, which was able to exert 
its hydrolytic activity against the exopolysaccharide matrix of staphylococcal strains. 
In addition, when microbial biofilms were exposed to both dispersin B and CEF, a 
synergistic activity between these two agents was found.

Silver-treated intravascular catheters have been also developed and tested for their 
ability to reduce infection rate. A conventional approach to coat devices with silver 
is the direct deposition of metallic silver onto the device surface by vapor coating, 
sputter coating, ion beam coating,21,183 or electrochemical deposition.184 More recent 
methods to incorporate silver in polymers consisted in the coordination of silver ions 
by anionic PUs185,186 or direct formation of silver nanoparticles onto the surface of PU 
hemodialysis catheters by photoreduction of a silver salt.187
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The majority of the clinical trials performed on silver-coated CVCs failed in 
showing a statistically significant reduction either in catheter colonization or in 
CR-BSIs.188–191 In addition, a recent in vitro study192 showed that silver nanoparticle 
coatings applied to CVCs or the release of silver ions from the catheter may affect 
blood coagulation. Indeed, following contact of the silver-coated CVCs with plasma, 
an acceleration of thrombin formation and a stronger platelet activation were found 
compared to other coatings.

12.5.2.2   Antimicrobial-entrapped PUs

Entrapping antimicrobial agents into the polymeric bulk during device manufacturing 
permits the loading of significant drug amounts but is limited to thermally stable drugs. 
Other drawbacks of this strategy are (1) possible drug diffusion limitations from the 
polymer bulk to the surface193 and (2) possible degradation of polymer mechanical 
properties.194

The studies available in the literature on this topic are lower in number compared 
to those concerning drug adsorption and most of the systems described did not reach 
clinical evaluation. One of the first studies focused on antibiotic entrapping into PUs 
was performed by Schierholz et al. who loaded ciprofloxacin–HCl salt and lipophilic  
ciprofloxacin–betaine into PU matrices.195 A sustained and prolonged release was 
obtained when the lipophilic ciprofloxacin–betaine was entrapped due to the good 
affinity of this drug for the polymer. The initial burst release was avoided and a  
continuous and long-lasting release was obtained.

Usnic acid, a secondary lichen metabolite, possessing antimicrobial activity against 
a number of planktonic Gram-positive bacteria, including S. aureus, E. faecalis, and 
Enterococcus faecium, was incorporated into functionalized PUs.196 The ability of 
usnic acid–loaded PUs to control biofilm formation by either S. aureus or P. aeru-
ginosa was assessed under laminar flow conditions by using CLSM. The modified 
PUs did inhibit biofilm formation by S. aureus but not by P. aeruginosa. However, 
the morphology of the P. aeruginosa biofilm grown on the usnic acid–loaded PU was 
altered, possibly indicating a role of usnic acid in interfering with the bacterial signal-
ing pathways.

In a more recent study rifampin was loaded into biodegradable polyester ure-
thanes.197 The authors suggested the use of this antimicrobial-entrapped polyester 
urethane as a coating material for intravascular devices. Indeed, a sustained delivery 
of the antibiotic was obtained and related to a diffusion-dependent release mechanism.

To control the release of the drug entrapped in a polymer matrix, the use of 
pore-forming agents, such as entrapped PEG or albumin, together with antibiotics has 
been investigated.169,198,199 In particular, cefadroxil entrapped in a PU, together with 
PEG, d-mannitol, or bovine serum albumin as pore formers,198 was evaluated by mea-
suring the diameter of the inhibition zones. Changing the amount and particle size of 
the pore formers influenced drug release from the matrix. Particularly, the release rate 
of cefadroxil increased with increasing loading amount. The best cefadroxil releas-
ing system exhibited antibacterial activity for 5–6 days against E. coli and Bacillus 
subtilis.
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Similarly, a sustained drug release was obtained by our group entrapping the  antibiotics, 
cefamandole nafate and rifampin, in a PU matrix together with the pore former PEG.169 Three 
PEG molecular weights investigated were 2000, 10,000, and 35,000 g/mol. The PEG 
10,000–containing PU exhibited a long-lasting antimicrobial activity (up to 23 days) against 
S. aureus. To inhibit fungal biofilm formation on intravascular devices, fluconazole plus 
pore formers were incorporated into functionalized PU matrices.199 PEG and albumin were 
investigated as pore-forming agents. PEG significantly improved the fluconazole release 
while albumin, having a higher molecular weight, provided a controlled drug release and 
prolonged antifungal activity versus C. albicans.

Polymer nanocomposites were also investigated for their ability to control drug 
release and provide prolonged antimicrobial activity.193,200 A nanostructured polymer 
system consisting of PUs entrapped with either albumin or polyallylamine nanoparti-
cles and adsorbed with cefamandole nafate was developed.193 Antibiotic release and 
duration of antimicrobial activity depended on porosity of the nanoparticle/polymer 
systems as well as on the drug/polymer interaction. Fong et al.200 developed anti-
bacterial PU–montmorillonite (MMT) nanocomposites using chlorhexidine diacetate 
(CHX) both as an organic modifier for silicate dispersion and as an antibacterial agent. 
Antibacterial activity against S. epidermidis was significant in materials with higher 
MMT and containing free CHX, for which 2-log reductions in adherent bacteria were 
found after 24 h incubation. CHX also modulated the material properties.

Silver was also impregnated into CVCs, and at least two products have been marketed 
(Table 12.4): silver ion-impregnated CVCs and silver, platinum, and carbon-impregnated 
CVCs (iontophoretic). The first type of CVC is based on Agion® technology consisting 
of entrapped silver-containing zeolites in the CVC polymer matrix. Two recent clinical 
trials addressed the efficacy of this silver ion-impregnated CVC,201,202 the most recent 
of which was performed on a significant number of ICU patients (577) requiring a CVC 
for more than 3 days.201 Similar rates of colonization for silver-impregnated CVCs and 
standard uncoated CVCs (14.7% vs 12.1%) were found.201

Silver, platinum, and carbon-impregnated CVCs were manufactured using a PU 
combined with silver, platinum, and a carbon black. Conflicting results were found in 
clinical trials evaluating the efficacy of this catheter.203–206 The most recent prospec-
tive, randomized, multicenter clinical trial, involving a large number of patients (539), 
failed to demonstrate the efficacy of this silver CVC in preventing catheter coloniza-
tion and reducing of CR-BSIs compared to untreated CVCs.203

The poor protection of silver in preventing CVC-related infections may be due 
either to the low susceptibility of staphylococcal species to silver ions207 or to deacti-
vation of silver by interaction with the host blood proteins.208

12.5.2.3   Antimicrobial-grafted PUs

Some studies have investigated the covalent binding of antimicrobial agents, either 
antiseptic or antibiotic molecules, on the polymer main or side chains. These systems 
are considered drug-releasing systems since, usually, hydrolysis of the drug/polymer 
linkage is required to have antimicrobial activity. Hydrolysis may be pH, temperature, 
or enzyme triggered (Figure 12.2).
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Woo et al. covalently linked ciprofloxacin to an aliphatic biodegradable PU based 
on polycaprolactone diol.209 This polymer was able to release the drug in the presence 
of cholesterol esterase up to 30 days while its activity against P. aeruginosa lasted 
for 10 days. In a preliminary cell study, this biodegradable antibiotic polymer did not 
show any observable effects on cell proliferation or cell membrane structure.210

A drug precursor was grafted to PUs and further activated to release the biocide.211 
PUs having soft blocks containing semifluorinated and 5,5-dimethylhydantoin pen-
dant groups were employed as coatings for a conventional PTMO-based PU. Then, the 
coated PU was activated with hypochlorite to convert the surface amide groups to chlo-
ramide. The activated PU was effective against S. aureus, P. aeruginosa, and E. coli.

12.5.2.4   Intrinsically antimicrobial PUs

From 2005 to 2015, the development of intrinsically antimicrobial polymers (biocidal 
polymers) has emerged as a promising alternative approach for preventing biofilm for-
mation on medical devices. The advantage of this strategy is that the polymer matrix 
will not release antimicrobial substances but microorganisms will be killed while 
entering in contact with the surface.

Features that biocidal polymers should possess include212: (1) inexpensive synthe-
sis; (2) good chemical stability; (3) tunable water solubility; and (4) not releasing toxic 
products, especially for applications in the biomedical field or in the food industry.

Among intrinsically antimicrobial polymers, cationic polymers have been exten-
sively studied. Their activity is related to their ability to bind to the negatively charged 
bacterial cell surface promoting cell wall and/or membrane disruption.212,213

Cationic PUs possessing phosphonate or quaternized amine groups were synthe-
sized by Flemming et al.137 Better activity was shown by the quaternized amine PUs 
which significantly reduced the number of adherent bacteria compared to control PUs. 
A reduction in bacterial adhesion was also found on the surface of the zwitterionic 
phosphonated PU but to a lesser extent.

A series of quaternized PUs were prepared by using different contents of the mono-
mer N,N-bis(2-hydroxyethyl)isonicotinamide (BIN) during the synthesis of PTMO-
based PUs.214 The pyridine ring in BIN was then quaternized with different alkyl 
halides obtaining polymers with bactericidal activity against S. aureus and bacterio-
static activity against E. coli.

PUs having random copolymer 1,3-propylene oxide soft blocks with alkylammonium 
(C6 or C12 alkylammonium chain lengths) and either trifluoroethoxy or PEGylated side 
chains were recently prepared as polymer surface modifiers.215 The coatings were highly 
effective against P. aeruginosa and E. coli. The extent of the antimicrobial effectiveness 
of these polymers was influenced by the alkylammonium chain length.216

12.6   Future perspectives

Biostable PUs are considered the materials of choice for the manufacturing of cardio-
vascular devices that need high flexural endurance, fatigue resistance, and good blood 
compatibility.
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From 1995 to 2015, a deep understanding of the mechanisms involved in bioma-
terial/tissue interaction gave new direction to scientists working in the biomaterials 
field. Indeed, to provide better functionality, to last longer, and to meet patient require-
ments, biomaterials should work in harmony with biology.

A crucial feature required for a successful application of PUs as biomaterials is their 
ability to prevent microbial colonization. Indeed, any implanted biomaterial is known 
to have the potential to put the patient at high risk of infection. In case of intravascular 
devices, the development of device-related infections may result in life-threatening 
consequences for the patient.

Drug-releasing PUs can be considered the first milestone in the prevention of intra-
vascular device-related infections. Already, their clinical application has contributed 
to decreasing infection risk, mortality rate, and patient morbidity. However, the use of 
these drug-releasing polymers has elicited concerns in terms of durability and possible 
local emergence of resistant microorganisms.

Intrinsically antimicrobial PUs and antifouling PUs represent promising alterna-
tives to the use of drug-releasing PUs. Since these polymers do not release low molec-
ular weight drugs in the surrounding environment, their activity does not exhaust with 
time, at least in theory, and they do not promote bacterial resistance.217 However, 
so far, only a few studies have focused on the development of such new classes of 
PUs. Beside the development of novel intrinsically antimicrobial/antifouling PU 
matrices, the application of nano- or microtechnology could contribute in preventing 
biofilm-based, intravascular device-related infections. Indeed, nano- or microparticles 
could be used as tools for loading significant amounts of drug, deliver drugs in a con-
trolled fashion, and protect the drug from degradation.218,219 These system could be 
entrapped in PUs and be used as antimicrobial coatings for medical devices.

In conclusion, the development of antimicrobial PUs is currently an area of active 
and ongoing research. The key for their success relies on the tight collaboration of sci-
entists working in the field of macromolecular science, microbiology, and medicine.
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13.1   Introduction: cardiovascular diseases

Cardiovascular diseases (CVDs) remain the biggest cause of deaths worldwide. 
According to the World Health Organization more than 17 million people died 
from CVDs in 2008, representing 30% of total deaths worldwide (Mendis et al., 
2011). Cardiovascular disease is a general term that describes a disease affecting 
the heart or the blood vessels. There are four main types of CVD: heart disease 
(heart attack), cerebrovascular disease (stroke), peripheral arterial disease, and 
aortic disease (Figure 13.1). Atherosclerosis is responsible for a large proportion 
of CVDs. Other CVDs such as disorders of the heart muscle (e.g., cardiomyopa-
thy) and of the heart electrical conduction system (e.g., cardiac arrhythmias) and 
heart valve diseases are less common than heart attacks and strokes.

In atherosclerosis, fatty material and cholesterol are deposited inside the lumen 
of medium- and large-sized blood vessels (arteries). Eventually, the plaque can 
rupture, triggering the formation of a blood clot. If the blood clot develops in the 
brain, it can cause a stroke; if it develops in a coronary artery, it can cause a vessel 
occlusion and consequently a heart attack: the supply of nutrients and oxygen to 
the heart muscle is reduced and the contractile muscle cells (cardiomyocytes) die 
within the blood-deprived myocardium. The tissue becomes necrotic and cardiac 
performances are impaired.

Aortic diseases can be classified in aortic enlargement (aneurysms) or tears (dis-
sections) and in either case, the rupture may have fatal results. Aging can lead to 
atherosclerosis of the aorta with involvement of the aortic valve. This may result in 
valvular stenosis, regurgitation, aneurysm formation, and acute dissections.

Peripheral vascular diseases (PVDs) are circulation disorders that affect blood 
vessels outside of the heart and brain. PVD typically strikes the veins and arteries that 
supply the arms, legs, and organs located below the stomach. These vessels are distant 
from the heart and they are known as peripheral vessels.

Cardiomyopathies are diseases of an abnormal heart muscle. There are three 
main types of cardiomyopathy: dilated, hypertrophic, and restrictive. Dilated car-
diomyopathy is a condition in which the heart becomes weaker and the chambers 
get larger. Hypertrophic cardiomyopathy is a condition in which the heart muscle 
becomes thick. Ischemic cardiomyopathy is caused by a narrowing of the arteries that 
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supply the heart with blood. Cardiomyopathies make it harder for the heart to pump 
and deliver blood to the rest of the body. Cardiomyopathy can lead to heart failure.

An arrhythmia is a problem with the rate or rhythm of the heartbeat. During 
an arrhythmia, the heart can beat too fast, too slow, or with an irregular rhythm. A 
heartbeat that is too fast is called tachycardia. A heartbeat that is too slow is called 
bradycardia. Most arrhythmias are harmless, but some may be serious or even life 
threatening. During an arrhythmia the heart may not be able to pump enough blood to 
the body and this can damage the brain, heart, and other organs. Rhythm disorders are 
the leading cause of morbidity, impaired quality of life, and mortality in adults with 
congenital heart disease.

Heart valve disease occurs when a valve does not work properly. In valvular 
stenosis, the valve leaflets tissues become stiffer, narrowing the valve opening and 
reducing the blood flow. If the narrowing is mild, the overall functioning of the 
heart may not be reduced. However, the valve can become so narrow (stenotic) 
that heart function is reduced, and the rest of the body may receive inadequate 
blood flow. Another valvular heart disease condition, called valvular regurgitation, 
occurs when the leaflets do not close completely, letting blood leak backward 
across the valve.

Figure 13.1 Cardiovascular diseases.
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13.2   Polyurethanes in cardiovascular applications

Successful treatment of cardiovascular diseases is limited in many situations by the lack 
of autologous tissue; therefore artificial materials may open a new era in the treatment 
of these pathologies. The artificial tissues should match the mechanical properties of the 
native ones to avoid the mechanical failure of the construct and provide mechanical sup-
port during regeneration. Force-generating contractile tissues, such as cardiac and vascular 
ones, may undergo significant deformation and show an anisotropic viscoelastic behav-
ior. Their mechanical properties can be mimicked by a handful of materials of synthetic 
origin, especially elastomers. Among them, polyurethanes (PURs) have been demon-
strated to be valid candidates due to their enhanced physical properties: in addition to 
their elastomer-like character, they show durability, fatigue resistance, compliance, and 
blood compatibility (Zdrahala and Zdrahala, 1999; Lamba et al., 1998). Furthermore, they 
are attractive for their ability to undergo bulk and surface modification via tailoring their 
hydrophilic/hydrophobic balance or by attachment of biologically active species. Poly-
mers modified with extracellular matrix (ECM) components, such as proteins or their frag-
ments (mainly peptides), are indicated as biomimetic materials (biochemical biomimicry). 
Moreover, some devices or scaffolds can mimic native tissues also with regard to mechan-
ical properties (mechanical biomimicry) and structural-morphological composition  
(morphological biomimicry). These modifications are designed to mediate and enhance 
implant integration in the host tissue.

By virtue of their excellent mechanical properties and blood compatibility, PURs 
have emerged as optimal candidate materials for cardiovascular devices in both tissue 
substitution and regeneration. This chapter provides a review of their application in 
this field, starting with commercial PURs that have found practical application in car-
diac surgery and mainly in heart valve replacement. Recently, the versatile chemistry 
and the possibility of modulating mechanical and physical properties and inserting 
biological cues, in the bulk material or on the surface, have opened the way for the 
application of novel PUR formulations in cardiac tissue engineering approaches, with 
promising preclinical results. This chapter also reports the future trends on the appli-
cation of PURs in the design of innovative drug delivery systems for cardiac disease, a 
pioneering research field that could lead to advanced therapies and devices. An exten-
sive description of the application of PURs in the vascular field is reported in Chapter 
10, 11, 12 and 15.

13.3   Polyurethanes in heart valve replacement

There are three types of prosthetic heart valves:

 •  bioprosthetic or biological valves, from animal or human sources (e.g., cadaver, porcine, 
bovine);

 •  mechanical heart valves (MHVs), which are made entirely of plastics and metallic materials;
 •  tissue engineered valves, which are realized through a multidisciplinary approach combin-

ing principles from biology and engineering.
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The main problems related to bioprosthetic heart valves are due to calcification and 
tissue failure. However, compared to MHVs, these valves offer a physiological flow 
pattern and require less anticoagulation than mechanical valves.

Mechanical valves are divided into two kinds based on their flow patterns: valves 
with lateral flow (e.g., the ball in cage valves) and valves with a more central flow 
(e.g., the tilting disc and bileaflet valves) (Kidane et al., 2009a). MHVs made out of 
metal are often susceptible to fatigue failure owing to the polycrystalline characteristic 
of metals. Polymeric materials have shown great potential in this application and have 
a long history in heart valve replacement. For instance, thermoplastic PUR elastomers 
have been used since the 1960s, because they possess high tensile strength, excellent 
resistance to cyclic fatigue, desirable hemodynamic characteristics, and good biocom-
patibility (Hilbert et al., 1987).

The disadvantage of polymeric heart valves is their susceptibility to biodegradation 
and mineralization. This has somewhat limited the use of PUR for prosthetic heart valves.

Different types of biostable PURs have been used in heart valve components, 
including polyether urethanes (PEUs), polyether urethane ureas (PEUUs), polycar-
bonate urethane (PCUs), polycarbonate urethane ureas (PCUUs), polycarbonate-based 
materials that contain polyhedral oligomeric silsequioxane nanoparticles (POSS) 
(Ghanbari et al., 2010; Kidane et al., 2009b), and those that contain polysiloxane soft 
segments (Bezuidenhout et al., 2015).

PEUs were used since they have excellent hydrolytic stability. In the 1980s two 
types of trileaflet PUR valves made of Biomer (Ethicon) and Lycra Spandex (DuPont) 
were developed. The Lycra valves showed low regurgitation in vitro, and lasted for 
one year or more in large animal models, but calcification and thrombosis became evi-
dent in growing sheep (Wisman et al., 1982). Calcification was also seen with Biomer 
valves in juvenile sheep (Hilbert et al., 1987).

Wheatley and colleagues worked with a variety of PURs (Bernacca et al., 1992, 
1995, 1996, 1997a,b). The early studies were focused on a PEU (Estane) and a PEUU 
(Lycra). Durability of more than 300 million cycles at 12 Hz was achieved with Estane 
valves (Hilbert et al., 1987) and 800 million cycles were completed with Lycra PEUU 
devices. In vitro dynamic testing showed some calcification in the leaflets of these 
valves and at degradation sites (Hilbert et al., 1987; Bernacca et al., 1992). Static 
in vitro and in vivo studies underlined the effect of low molecular mass components in 
the polymeric materials: lower degrees of calcification were observed after extraction 
of these components with methanol and chloroform. Hydrodynamic function tests in 
a simulated mitral position evidenced that the valves had less reverse flow and energy 
loss than both bioprosthetic and mechanical valves (Mackay et al., 1996) and mean 
pressure drops similar to those of bioprostheses. In vivo tests in a 6 month sheep mitral 
model showed similar performance for both the PUR and the mechanical valves in 
terms of hemodynamics, while a porcine valve became compromised with time. How-
ever, calcification of the PUR valve was marked and it was generally associated with 
surface thrombus and degraded areas on the leaflets.

Several studies demonstrated that, despite the hydrolytic stability of polyether soft 
segments, they are susceptible to oxidative degradation and consequently undergo 
environmental stress cracking (Christenson et al., 2004a,b).
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Subsequently different hydrolytic stable macrodiols were used in PUR synthesis. 
For instance PCUs were tested and proven to have an increased oxidative stability 
compared with PEUs (Tang et al., 2001; Salacinski et al., 2002) and the biodegra-
dation was limited to a thinner surface layer (Kidane et al., 2009a). The company 
ADIAM (which closed the production) developed bi- and trileaflet valves from a 
PCU for mitral and aortic positions, respectively (Daebritz et al., 2004a; Sachweh 
and Daebritz, 2006). These valves were subjected to in vitro testing, showing that the 
durability of the mitral valves ranged from 600 to 1000 million cycles, equivalents 
to 16–26 years (Daebritz et al., 2003), while the aortic trileaflet exhibited improve-
ments from 300 to 600 million cycles (Daebritz et al., 2004b). A comparative study of 
these valves with two different bioprosthetic valves was conducted in a growing calf 
mitral model for 20 weeks, showing little regurgitation, mild leaflet thickening, and 
calcification, and no degeneration has been observed with the PCU valves, while the 
bioprosthetic ones induced congestive heart failure, due to severe calcification, degen-
eration, and thrombosis. When the in vivo tests were conducted in the aortic position, 
the synthetic valves had a variable degree of calcification and a mild degeneration and 
there was little thrombus (Bernacca et al., 1997a).

Poly(dimethyl siloxane) (PDMS) provides good thermal and oxidative stability and 
was incorporated into a PUR backbone in the presence of polyhexamethylene oxide 
(PHMO), a compatibilizer that facilitates the incorporation of the nonpolar PDMS 
macrodiol. Long-term stability was demonstrated for PDMS-based PUR synthesized 
using 20% PHMO and 80% PDMS (Dabagh et al., 2005; Simmons et al., 2004).

Similarly, our group studied a series of PDMS–poly(tetramethylene oxide) 
(PTMO)-based PUR formulations, including composites containing a clay as a filler, 
as new biomaterials for the realization of annuloplastic rings in mitral valve repair (Sil-
vestri et al., 2011). The clays, which were introduced to further improve the mechan-
ical properties, were two commercial organomodified montmorillonites, Cloisite 20A 
and 30B. These clays were selected because they showed antimicrobial activity in 
several studies (Nigmatullin et al., 2008). The PURs were synthesized starting from an 
aliphatic diisocyanate, namely 1,6-diisocyanatohexane (HDI), because of its low cost 
and the negligible toxicity of its biodegradation products. The mechanical behavior 
of the prepared formulations makes them suitable for annuloplastic applications since 
Young’s modulus values at 37 °C were in the range required for the realization of these 
kinds of devices. It could be possible to choose two or more materials characterized 
by different elastic modulus values and combine them in the manufacturing of ring 
components. By taking into account creep tests, the best PUR-based formulations 
turned out to be the PURs containing 60% and 80% PTMO in the soft segment and the 
composites containing Cloisite 30B as filler.

Seifalian synthesized a novel nanocomposite PUR with a polycarbonate soft segment 
(PCU) and POSS covalently bound as a pendant cage to the hard segment (Kannan et al., 
2007). In vitro studies demonstrated that the POSS groups protected the soft segment of the 
PUR from oxidative and hydrolytic degradation (Kannan et al., 2006). The polymer also 
demonstrated resistance to degradation by plasma proteins compared to PCU in an in vitro 
enzymatic degradation study. Furthermore, the polymer is nontoxic and possesses greater 
thromboresistance than polytetrafluoroethylene (PTFE). An in vivo study in a sheep model  
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showed minimal inflammation and capsular formation and no degradation after 36 months 
of postimplantation compared to a control (Simmons et al., 2004). The POSS–PCU nano-
composite (Figure 13.2) also possesses excellent mechanical strength, good surface prop-
erties, and resistance to platelet adhesion. It has also shown a hardness and tear strength 
comparable to those of Estane, Chronoflex, and Elasteon, and elongation comparable to 
that of Elasteon, but higher tensile strength than all of these (Kidane et al., 2009b). In an 
in vitro accelerated physiological pulsatile pressure system model study the PCU nano-
composite revealed lower platelet adhesion and higher calcification resistance compared 
to the respective PCU and glutaraldehyde-fixed bovine pericardium.

13.3.1   Functionalized and biomimetic polyurethanes for the 
development of advanced heart valves

As previously described, device failure has frequently occurred as a result of both throm-
bosis and calcification. PUR valve calcification occurs on the blood-contacting surfaces of 
these devices, and in general results from calcified thrombus (Bezuidenhout et al., 2015). 
This is caused in part by the lack of an intact endothelium on device surfaces, with result-
ing thromboembolic activity.

Stachelek et al. (2006) modified a polyether urethane to promote cell adhesion and pro-
duce an antitrombogenic surface. Their work was based on the hypothesis that endothelial 
seeding of a PUR heart valve leaflet with autologous sheep blood outgrowth endothelial 
cells (BOECs) could be achieved with a cholesterol-modified PUR (PUR-Chol) to promote 

Figure 13.2 A prototype valve fabricated from POSS–PCU nanocomposite with a Dacron 
suture ring.
Reprinted with permission from Ghanbari et al. (2010). Copyright 2010, Elsevier.
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BOEC adhesion, resulting in an intact, shear-resistant endothelium that would promote 
resistance to thrombosis. The PUR used in these studies was Tecothane TT1074A (Ther-
medics, Waltham). This PUR was covalently modified with cholesterol (Chol) by means of 
bromoalkylation. Uniaxial stress–strain experiments revealed no significant differences in 
elastic behavior in a comparison between unmodified PUR and PUR-Chol. PUR-Chol was 
markedly different than unmodified PUR in terms of increased surface energy, a relatively 
smooth surface, and a different surface chemistry. Summing up, the surface modification 
leads to a more lipophilic surface with increased collagen synthesis. Successful BOEC 
seeding on a PUR heart valve leaflet was achieved, with significantly greater retention of 
seeded BOECs than controls, both in vitro, under simulated valve shear, and in vivo. Cal-
cification was not observed in any of the explants, but the authors underlined that previous 
investigations have shown that more extended in vivo studies are required for investigating 
PUR-related pathologic calcification mechanisms (Stachelek et al., 2006).

Wong et al. (2010) studied blends of natural and synthetic polymers with the aim 
of creating biomimetic materials for heart valve leaflets. They examined electrospun 
gelatin–chitosan PUR, polyglycolide (PGA)/PLA and collagen-coated bovine pericar-
dium. Ovine endothelial cells were seeded onto these materials and exposed to a range 
of shear stresses for a period of 1–3 h.

Through the exposure time and the shear-stress range tested, the gelatin–chitosan 
PUR group showed the best results, with a mean cell retention rate of 80%. For all 
ranges of physiological flow conditions examined, the electrospun gelatin–chitosan 
PUR demonstrated good biocompatibility and cell retention properties.

Alves et al. (2014) used a commercial preprocessed polyether-based PUR (Elastol-
lan1180A50) to formulate films whose surfaces were modified by grafting 2-hydroxyethyl-
methacrylate (HEMA) to increase its hydrophilicity and improve its biological properties. 
Elastollan was chosen because it does not contain plasticizers; it has good heat resistance, 
high mechanical flexibility, and the ability to be processed by molding. HEMA was grafted 
onto the surface of Elastollan by plasma and UV irradiation. X-ray photoelectron spec-
troscopy (XPS), atomic force microscopy (AFM), and static contact angle measurements 
suggested that the surfaces were successfully grafted and argon plasma treatment turned 
out to be more efficient for the grafting of HEMA when compared to the UV method. 
The plasma-modified surface showed higher HEMA density, which led to a smoother and 
more hydrophilic surface. Furthermore, argon plasma treatment showed lower values of 
thrombogenicity in comparison with those of unmodified and UV-modified thermoplas-
tic polyurethanes (TPUs) and enhanced the bactericidal activity of the materials. Human 
fibroblasts cells were seeded on unmodified and modified films, showing higher viabilities 
in the presence of modified TPUs during the first 72 h. Based on the overall results the 
authors concluded that the proposed plasma modification of Elastollan leads to a suitable 
material for heart valve replacement.

13.3.2   Future prospective of polyurethane heart  
valve replacement

Long-term material calcification has been the major factor that has limited the success 
of PUR heart valves. To overcome this problem, several efforts have been made to 
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modify PUR materials by incorporating soft segments, such as polycarbonate and 
polysiloxane, into the backbone. These changes led to materials with improved long-
term biocompatibility and biostability.

Another interesting strategy adopted to improve PUR heart valve performance was 
the functionalization with bioactive molecules. Encouraging preliminary results were 
obtained, but more comprehensive studies should be carried out.

More recently scaffold recellularization in a bioreactor before implantation has 
been described as a strategy for obtaining a fully recolonized living autologous valve. 
These approaches were tested with polyester scaffolds (Mendelson and Schoen, 
2006), showing promising results, but to our knowledge, similar studies were not 
conducted with PUR. In a work of Aleksieva et al. PUR heart valve prostheses were 
manufactured by using a PUR spraying technique. In this study endothelial cells and 
fibroblasts were seeded onto PUR heart valve scaffolds and static cultivation (SC) and 
dynamic cultivation (DC) were compared. DC intensified formation of cell connecting 
molecules, and a higher expression of collagen IV, VE-cadherin, and fibronectin was 
observed, indicating the formation of an ECM, crucial for tissue regeneration. These 
observations indicate that a combination of PUR modification and dynamic cell cul-
ture may lead to devices with superior performance.

However, in vitro culture steps, especially using bioreactors, are delicate, require 
time, and sophisticated devices and methods. Hence, a procedure that avoids cell seed-
ing, allowing direct scaffold implantation, and additionally induces in vivo recoloniza-
tion would be ideal, since it simplifies clinical studies and applications.

13.4   Cardiac tissue engineering/regenerative medicine

Although the heart plays an essential role in living organisms, mammals show a poor 
natural capacity to repair injured heart tissue. Contractile cells, indeed, do not repopu-
late the injured area, while fibroblasts gradually replace them (Cohen and Leor, 2004; 
Holmes et al., 2005; Sun and Weber, 2000). After a myocardial infarction (MI), the pro-
liferative capacity is limited to the noninfarcted area and the border zone (interface area 
between infarcted and healthy tissue) and, as a consequence, the injured tissue in gradu-
ally replaced by a noncontractile scar (Nadal-Ginard et al., 2003; Baig et al., 1998; Krup-
nick et al., 2004). Therefore, at least one-third of patients who survive an MI develop 
heart failure (HF) (Cohen and Leor, 2004). The gold standard treatment in case of HF is 
heart transplantation (Stehlik et al., 2010; Ramakrishna and Pajaro, 2011). Despite the 
improvements made in heart transplantation surgery, several problems still remain in 
both the short and the long term and transplanted people are continuously subjected to 
the risk of developing malignancies and allograft coronary vasculopathy (Ramakrishna 
and Pajaro, 2011). In addition, only a small percentage of patients can undergo heart 
transplantation due to the shortage of heart donors. All these issues explain the need 
for alternative treatments to heart transplantation. Ventricular assist devices and total 
artificial hearts are gaining more and more interest as temporary assist systems in the 
management of patients waiting for heart transplantation. However, all traditional ther-
apies aim at restoring blood flow from the heart to the surrounding tissues and organs, 
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but are unable to make the heart infarcted region again functional. As a consequence, 
patient’s final outcome will gradually worsen due to the progress of the remodeling 
cascade (Dobaczewski et al., 2010; Frangogiannis, 2008; Holmes et al., 2005; Zamilpa 
and Lindsey, 2010). In this context, tissue engineering/regenerative medicine (TERM) 
may represent an efficient alternative to stimulate the regeneration of the infarcted tissue, 
avoiding remodeling and scar formation (Figure 13.3).

One of the most promising approaches in myocardial TERM involves the design 
and fabrication of scaffolds to be implanted on the damaged heart tissue in the form 
of cellularized or cell-free patches. The implantation of cellularized or noncellu-
larized 3D scaffolds provides several advantages over cell injection: (1) patches 
temporally replace the damaged tissue providing a substrate for cell proliferation 
and eventually differentiation, and a mechanical support for the reparative process 
(Leor and Cohen, 2004), (2) cell injection procedures require the injection of a bil-
lion of cells, since an MI can damage up to 50 g of tissue (Curtis and Russell, 2009) 
and about 90% of the injected cells are lost in the blood circulation and 90% of the 
successfully injected cells dies within a week due to the adverse cardiac micro-
environment (Curtis and Russell, 2009; Laflamme and Murry, 2005; Murry et al., 
2006). Scaffold-embedded cells show higher survival and secrete more cytokines 
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Figure 13.3 Cardiac TERM approaches. Cells from several sources, for example, bone mar-
row, blood, embryo, cardiac and skeletal muscle tissue, adipose tissue, can be injected in the 
coronary arteries or directly on the infarcted area, or seeded on scaffolds prior to implantation. 
Noncellularized cardiac patches can also be implanted. Cytokines and/or growth factors can 
be incorporated to make the developed scaffolds bioactive.



396 Advances in Polyurethane Biomaterials

with respect to injected cells, thus resulting in improved cardiac repair (Shimizu, 
2011). This behavior can be related to the scaffold’s ability to create a favorable 
environment for cell homing, proliferation, and differentiation. Several studies have 
reported the capability of heart patches to alleviate left ventricular (LV) remodeling 
(LV dilatation reduction) and induce cardiac function improvement (improvement in 
LV ejection fraction) in both acute and chronic conditions (Fujimoto et al., 2007a; 
Kelley et al., 1999; Liao et al., 2010). Scaffold constituent materials and design are 
crucial points for the development of suitable and promising matrices for cardiac 
TERM application. A suitable patch for cardiac TERM should meet strict prereq-
uisites in terms of physicochemical, mechanical, structural, and surface properties 
(Silvestri et al., 2013; Boffito et al., 2014).

The scientific literature describes both natural and synthetic polymers for the 
fabrication of suitable scaffolds for cardiac TERM (Silvestri et al., 2013; Chen et al., 
2008a). Synthetic polymers overcome some disadvantages of natural polymers, for 
example, their poor mechanical properties, fast degradation, and composition vari-
ability (Sui et al., 2011), allowing a fine tuning of the degradation kinetics and 
the mechanical and structural properties of the resulting scaffolds (Sui et al., 2011;  
Boffito et al., 2014; Silvestri et al., 2013). Among them, polymers belonging to 
both the polyester and the PUR families have been considered for the design of 
suitable 3D scaffolds for infarcted cardiac tissue repair (Chen et al., 2008a, 2013; 
Sartori et al., 2013; McDevitt et al., 2003; Fujimoto et al., 2007a,b; Guan et al., 
2002, 2005, 2008; Bursac et al., 2007; McDevitt et al., 2002; Zong et al., 2005; 
Tay et al., 2010; Stout et al., 2011; Ishii et al., 2005; Shin et al., 2004; Piao et al., 
2007; Kenar et al., 2010; Silvestri et al., 2013; Boffito et al., 2014). Among poly-
esters, those showing elastomeric mechanical properties, that is, poly(glycerol seb-
acate) and poly(1,8-octanediol-co-citric acid), turned out to be the most promising 
materials for the intended application (Ravichandran et al., 2013; Chen et al., 2013; 
Hidalgo-Bastida et al., 2007; Stuckey et al., 2010; Chen et al., 2008b; Rai et al., 
2012; Liang et al., 2010; Yang et al., 2004; Guillemette et al., 2010; Engelmayr 
et al., 2008). These materials unfortunately lack PUR versatility in terms of avail-
able building blocks, which results in the possibility of providing the synthesized 
polymer with tuned physicochemical and mechanical properties, degradation kinet-
ics, and interactions with cells (Silvestri et al., 2013). Several conveniently synthe-
sized biodegradable and biomimetic PURs have been described in the literature, 
with properties that make them suitable raw materials for the development of inno-
vative cardiac patches (Chen et al., 2013; Sartori et al., 2013; Courtney et al., 2006; 
Fujimoto et al., 2007a,b; Guan et al., 2002, 2005, 2006, 2007, 2008; Nelson et al., 
2011; Stankus et al., 2004, 2006). With the aim of fabricating suitable PUR scaffolds 
for cardiac TERM application, several conventional (e.g., salt leaching, electrospin-
ning, phase separation) and advanced fabrication techniques (i.e., rapid prototyping) 
have been explored (Silvestri et al., 2013; Boffito et al., 2014). Indeed PURs show 
wide versatility in terms of available techniques that can be exploited to process 
them into porous scaffolds, thanks to their high thermal stability (Chiono et al., 
2014) and solubility in a wide spectrum of solvents, for example, tetrahydrofuran, 
dimethylformamide, dimethylsiloxane, and hexafluoroisopropanol.
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13.4.1   Biodegradable and biomimetic polyurethanes and 
polyurethane-based scaffolds for cardiac tissue 
engineering/regenerative medicine application

Polyester-based PURs have been widely investigated in the field of cardiac tissue  
engineering/regenerative medicine due to their biocompatibility (Jawad et al., 
2007, 2008; Rechichi et al., 2008; Sartori et al., 2013; Guan et al., 2002, 2005; 
Guan and Wagner, 2005) and elastomeric mechanical properties (Guan et al., 
2002; Sartori et al., 2013). Polycaprolactone (PCL)-based PURs have been thor-
oughly explored for the design of innovative cardiac patches by the Ciardelli 
and Wagner groups. Guan et al. successfully synthesized PCL-based elastomeric 
PURs for cardiac TERM applications containing putrescine or the enzyme tar-
get alanine–alanine (AA) peptide sequence as chain extenders, with the final 
aim of modulating the degradation kinetics of the resulting scaffold (elastase- 
mediated degradation was more pronounced in AA-sequence containing PUR with 
respect to the putrescine-based one) (Guan et al., 2008; Fujimoto et al., 2007a,b; Guan 
et al., 2002, 2007). The latter was used by Guan et al. (2008) to produce random and ori-
ented scaffolds by thermally induced phase separation (TIPS). Oriented scaffolds bet-
ter supported muscle-derived stem cell growth probably because of their less tortuous 
structure, which facilitates oxygen and nutrient diffusion and makes cell seeding more 
efficient. Scaffold subcutaneous implantation in rats demonstrated their cytocompati-
bility (absence of infections during the postoperative period and at the time of explant) 
and degradability (a substantial portion of the scaffold was degraded after 8 weeks) and 
showed their progressive colonization by cells. Fujimoto et al. produced similar scaf-
folds starting from a PUR synthesized by using putrescine as chain extender (Fujimoto 
et al., 2007a,b; Guan et al., 2002). In vitro cell tests demonstrated cell adhesion, migra-
tion, and proliferation inside the scaffolds, while in vivo tests carried out using a cell-
free scaffold sutured on a rat infarcted myocardium showed a complete integration of 
the patch in the host tissue, 8 weeks after implantation (Fujimoto et al., 2007a,b; Guan 
et al., 2002, 2005). In addition, on week 8 after surgery, the patch was largely degraded 
and the left ventricular wall was thicker than that of untreated animals. Moreover, 
scaffold-treated animals showed higher capillary density and overexpressed both tran-
scription factors connected to the cardiac phenotype (Nkx2.5 and GATA4) and growth 
factors related to angiogenesis (vascular endothelial and basic fibroblast growth fac-
tors (VEGF and bFGF)) (Fujimoto et al., 2007a,b, 2012). Hashizume et al. (2013a) 
have recently tested these scaffolds in a porcine model, reporting an attenuation in LV 
remodeling and functional deterioration, accompanied by increased vascularization, 
thus confirming the results previously obtained in a rodent ischemic cardiomyopathy 
model (Fujimoto et al., 2007a,b, 2012). To further stimulate angiogenesis, laser-in-
duced forward-transfer (LIFT) cell printing was implemented on the PUR-based scaf-
folds, produced by a thermally induced phase separation technique and previously 
characterized by Guan et al. (2002, 2005). Cellularized scaffolds were produced by 
printing human vein endothelial cells (HUVECs) and human mesenchymal stem cells 
(hMSCs) according to a predefined pattern (HUVEC were printed according to an 
orthogonal grid, while hMSCs were printed as squares between HUVEC lines) (Gaebel 
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et al., 2011). The cell printing pattern was conveniently designed to mimic native tissue 
vasculature; as a matter of fact, LIFT-cellularized scaffolds, unlike randomly seeded 
ones, induced angiogenesis and new blood vessel formation in infarcted rat models. In 
addition, as a consequence of the improved angiogenesis, a complete functional inte-
gration of LIFT-cellularized patches in the host myocardium was observed.

In 2013 and 2014 two works were published that highlighted the significant 
effects of chain extender selection on PUR physicochemical properties (Sartori 
et al., 2013; Silvestri et al., 2014). In addition, a correlation between PUR surface 
organization and biological response was suggested: better myoblast adhesion, pro-
liferation, and organization were observed for PURs showing a less ordered surface 
structure. Cell tests with C2C12 myoblasts together with PUR mechanical charac-
terization allowed the selection of a PCL-based PUR containing lysine ethyl ester 
as chain extender for the production of scaffolds for the repair of soft contractile 
tissues, such as the myocardium. This PUR showed mechanical properties closest 
to those required for contractile tissue repair (low elastic modulus and high strain at 
break) and the best results in terms of C2C12 myoblast adhesion and spreading. The 
selected PCL-based PUR was used for the fabrication of TIPS scaffolds showing 
long and stretched pores along a preferred direction that make them able to mimic 
the typical striated myocardial tissue anisotropy (Silvestri et al., 2014). Preliminary 
cell tests with H9C2 rat heart cells revealed the capability of the proposed substrates 
to support cell adhesion and proliferation. In addition, TIPS-produced anisotropic 
scaffolds were characterized by atomic force microscopy, showing the presence of 
a well-organized structure at the nanoscale (highly oriented fibrils were observed in 
the direction of the applied cooling gradient during TIPS) (Boffito et al., 2015). In 
this work it was demonstrated that the application of a cooling gradient during the 
TIPS procedure allows the fabrication of anisotropic scaffolds at both the micro- 
(aligned pores) and the nanoscale (aligned fibrils) (Figure 13.4). This two-scale 
structure is expected to have positive effects on cell alignment, morphology, and 
cytoskeletal organization.

µ µ µ µ

Figure 13.4 Optical, scanning electron and atomic force micrographs of a PUR-based anisotropic 
scaffold produced through TIPS under application of a thermal cooling gradient. Cooling gradient 
application allows the fabrication of anisotropic scaffolds at both the micro (aligned pores) and the 
nanoscale (aligned fibrils).
Adapted with permission from Boffito et al. (2015). Copyright 2015, Wiley Periodicals.
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With the final aim of tuning PUR physicochemical properties, the addition of poly-
ethylene glycol (PEG) as macrodiol was investigated (Silvestri et al., 2014). The addi-
tion of 10% or 20% w/w of PEG to PCL–diol during prepolymer synthesis resulted in 
the modulation of PUR thermal and mechanical properties (decrease in crystallization, 
melting temperature, and elastic modulus and increase in the maximum strain and 
stress with increasing PEG content). PEG introduction in the polymeric chains also 
has significant effects on PUR degradation kinetics with an increased degradation rate 
in PCL–PEG-containing PURs with respect to PCL-based PUR, as reported by Skarja 
and Woodhouse (Skarja and Woodhouse, 1998).

Hashizume et al. (2013b) have recently tried to answer an unresolved question: 
how long should a cardiac patch remain in place. They compared the efficacy of 3D 
salt-leached scaffolds produced according to the same protocol using three different 
PURs, PEUU (PCL-based PUR), PCUU (poly(hexamethylene carbonate) (PHC)-
based PUR), and a poly(ester carbonate urethane)urea (PECUU) (PUR based on a 
blend of PCL and PHC 50/50 molar ratio). Previously, Hong et al. (2010) showed that 
PHC introduction in the backbone of a PCL-based PUR makes the resulting polymer 
softer and more distensible, with degradation slower than PCL-based PURs and faster 
than PHC-based PURs. In vivo tests carried out by Hashizume et al. (2013b) showed 
that a moderately slow degrading cardiac patch, such as that made from PECUU, ame-
liorates rat functional outcomes (PECUU-treated rats showed greater vascular density 
and enhanced LV contractility and end diastolic performance).

Electrospun PUR-based matrices have been produced and characterized by several 
groups (Rockwood et al., 2008; Fromstein et al., 2008; Parrag et al., 2012; Guan et al., 
2011). Rockwood et al. electrospun random and aligned fibrous scaffolds starting from 
a poly(ester urethane) synthesized from PCL–diol, 2,6-diisocyanate methylcaproate, 
and a chain extender based on 1-phenylalanine (Rockwood et al., 2008). Similar 
to other studies comparing isotropic and anisotropic scaffolds (Kai et al., 2011a),  
Rockwood et al. reported an improved cardiac cell adhesion and orientation in aligned 
fibrous scaffolds. The same PUR was used by Fromstein and colleagues to produce 
scaffolds by either TIPS or electrospinning (Fromstein et al., 2008). Embryonic stem 
cell–derived cardiomyocytes showed a different morphology and viability on the two 
produced substrates probably because of their different thickness (1 mm and 70 μm 
for TIPS and electrospun matrices, respectively) that strongly influences fluid and 
nutrient uptake: a better cell spreading and colonization were observed on electrospun 
matrices with respect to the TIPS scaffolds. Irrespective of the substrate, all cells over-
expressed sarcomeric myosin and connexin-43 and spontaneously contracted, proving 
that scaffold structure has more significant effects on cell morphology than on their 
functionality. The influence of scaffold architecture on cell behavior was also studied 
by Parrag et al. (2012) using PUR-based electrospun matrices with aligned or random 
fibers. Murine embryonic stem cell–derived cardiomyocytes (mESCDCs) cultured on 
anisotropic matrices showed a higher cell organization (well-organized sarcomeric 
structures) compared to the randomly oriented fibrous scaffolds. The cells aligned 
parallel to the fiber direction and expressed end-to-end gap junctions (Figure 13.5).

In 2006, Stankus et al. (2006) proposed an innovative technology for the fabrica-
tion of cellularized grafts, by combining polymer electrospinning with concurrent cell 
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electrospray. This setup, first used to produce smooth muscle cell–seeded PUR matrices, 
has been recently employed to fabricate mesenchymal stem cell (MSC)-embedded scaf-
folds. The scaffolds were fabricated from a PECUU based on a multiblock copolymer 
PTMC–PEO–PPO–PEO–PTMC diol (PEO, poly(ethylene oxide); PPO, poly(propylene 
oxide); PTMC, poly(trimethyl carbonate)), 1,4-butandiisocyanate, and putrescine (Guan 
et al., 2011). Electrospray did not have negative effects on MSC viability, proliferation, 
and stemness. In addition, the scaffolds showed anisotropic properties and the encapsu-
lated cells were uniformly distributed within the scaffold wall. Dynamic cell culture was 
applied to induce cell alignment in the direction of PECUU fibers. Both in the presence 
and in the absence of mechanical cues, the cultured cells upregulated several cardiac 
transcription factors (MEF-2C, Nkx2.5, GATA4); however, a more pronounced upregu-
lation was observed in the scaffolds subjected to mechanical stimulation.

Senel-Ayaz et al. (2014) have recently combined electrospinning and textile- 
manufacturing technologies with the final aim of producing anisotropic cardiac 
patches. Briefly, knitted conventional textiles made of cotton or polyester yarns 
were employed as templates to produce electrospun anisotropic matrices made from 
a commercial PCU (Bionate®) (Figure 13.6). Although the authors selected Bion-
ate®, a biostable PUR, as an example to provide a proof of concept of the feasibility 
of the method and plan to apply it to degradable PURs, the produced porous matrices 
showed suitable mechanical properties for cardiac TERM application and were tested, 
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Figure 13.5 Cell organization on electrospun aligned (top) and unaligned (bottom) scaffolds 
produced starting from a PUR based on PCL–diol, 2,6-diisocyanate methylcaproate, and a chain 
extender based on 1-phenylalanine, 6 days post-mESCDC seeding. Red, cytoskeleton (F-actin); 
green, sarcomere (α-actinin); blue, cell nuclei (DAPI); blue arrows indicate fiber orientation. 
PUR scaffolds showed cells with varying levels of differentiation, but an increase in the number 
of rod-shaped cells with striated sarcomeric patterns was observed with fiber alignment. Yellow 
arrows represent round mESCDCs with poorly defined sarcomeric structures, while white 
arrows represent rod-shaped mESCDCs with well-defined and organized sarcomeres. Scale bars 
represent 50 μm.
Adapted with permission from Parrag et al. (2012). Copyright 2012, Wiley Periodicals.
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in vitro, with H9C2 cardiac cells. Scaffold structural and mechanical characterization 
revealed that the patches were characterized by anisotropic properties at the microscale 
(no mechanical anisotropy was observed at the macroscale). Nevertheless, cell tests 
demonstrated that local anisotropy is sufficient to exert significant effects on cardiac cell 
behavior: cells were able to detect the local anisotropy, rearranged themselves accord-
ingly, and exhibited synchronous spontaneous beating.

Despite the encouraging results obtained by testing in vitro and in vivo of con-
ventionally produced cardiac patches, there is an increasing interest in scaffold pro-
duction via rapid prototyping technologies that allow a more precise control over 
scaffold properties, e.g. scaffold shape and dimensions, pore size, geometry, and 

Figure 13.6 Scanning electron micrographs (a–c) and atomic force microscopic (AFM) images 
(d–f) showing the morphology of Bionate scaffolds electrospun on polyester template (a) and (d), 
cotton template (b) and (e), or flat aluminum target (c) and (f). Confocal micrographs (g–i) of 
Bionate scaffolds seeded with H9C2 cardiomyocytes: (g) Bionate scaffolds electrospun on polyes-
ter template, (h) Bionate scaffolds electrospun on cotton template, (i) Bionate scaffolds electrospun 
on flat aluminum target. Scale bar: 200 μm. Size of scanning area in AFM images: 50 × 50 μm.
Adapted with permission from Senel-Ayaz et al. (2014). Copyright 2014, Elsevier.
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interconnectivity (Silvestri et al., 2013; Boffito et al., 2014). Recently it has been 
demonstrated that a PCL-based PUR can be melt-processed avoiding PUR thermal 
degradation during scaffold fabrication (processing temperature was defined by rhe-
ological characterization, differential scanning calorimetry, and thermogravimetric 
analysis) (Chiono et al., 2014). Bilayered scaffolds with a 0°/90° lay-down pattern 
were successfully produced, with an optimal reproduction of computer-aided design 
geometry (Figure 13.7). In addition, preliminary cell tests carried out with human 
cardiac progenitor cells demonstrated that the scaffolds support cell adhesion and 
spreading; however, further surface functionalization with bioactive peptides/ 
proteins seems to be essential for properly directing cell behavior.

From 2005 to 2015, several research groups have focused their attention on con-
ductive polymers, such as polyaniline and polypyrrole, with the final aim of develop-
ing scaffolds showing electrical properties that make them able to direct cell adhesion, 
migration, proliferation, and differentiation (Li et al., 2006; Pedrotty et al., 2005;  
Kai et al., 2011b; Fernandes et al., 2010). In 2011, Broda et al. in situ polymerized 
pyrrole within a PUR emulsion mixture to obtain a composite polymer with a PUR-
based matrix incorporating an electrically percolating network of polypyrrole (PPy) 
nanoparticles. As expected, PPy content influenced composite properties in terms of 
conductivity and mechanical properties (conductivity and stiffness increase, while 
strain at break decreases with increasing PPy content). In addition, cytotoxicity tests 
reported the cytocompatibility of the designed composites by supporting C2C12 myo-
blast proliferation and differentiation with respect to pure PUR samples. Cell-to-cell 
interactions provided by the composite substrates were also observed. Baheiraei et al. 
(2014) have recently synthesized a novel biodegradable electroactive PCL/PEG-based 
PUR containing aniline pentamer moieties. This PUR blended at equal weight ratio 
with PCL to improve biocompatibility showed a cytocompatibility comparable to that 
of the positive control (tissue culture plates) and appropriate mechanical properties 
(elastic modulus of 10 MPa) for the design of scaffolds for cardiac TERM applica-
tions. Finally, this innovative PUR showed antioxidant properties that makes it a 
promising material for the fabrication of scaffolds that aim at healing tissues suffer-
ing high oxidative stress, such as infarcted myocardial tissue. Another approach to 

µ µ

Figure 13.7 (a) Scanning electron micrograph of a PUR scaffold obtained by melt-extrusion 
additive manufacturing; (b) higher magnification detail of the trabecular arrangement.
Reprinted with permission from Chiono et al. (2014). Copyright 2014, The Royal Society.
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the design of conductive scaffolds consists in blending a polymer with gold nanowires  
or carbon nanotubes (CNTs) (Dvir et al., 2011; Stout et al., 2011; Mackle et al., 
2011; Crowder et al., 2013; Sirivisoot and Harrison, 2011; Kharaziha et al., 2014).  
Sirivisoot and Harrison (2011) tested electrospun CNT/PUR scaffolds as supports for 
muscle cell adhesion, proliferation, and differentiation, reporting an increased myo-
tube formation in electrically stimulated composite scaffolds compared to PUR alone. 
Crowder et al. (2013) reported that hMSCs cultured on three-dimensional PCL–CNT 
electrospun substrates tend to assume an elongated spindle shape morphology, asso-
ciated with overexpression of actin and α-myosin heavy chains, suggesting their early 
differentiation toward a cardiac phenotype. Similarly, Wickham et al. (2014) reported 
an enhanced cardiac progenitor cell (CPC) proliferation on thiophene-conjugated 
CNT/PCL electrospun matrices; however, thiophene-conjugated CNT incorporation 
had no effects on CPC differentiation. Martinelli et al. (2013) have recently reviewed 
the effects of CNT incorporation in polymeric scaffolds on cardiomyocyte growth, 
pointing out their capability for improving cardiac myocyte proliferation, maturation, 
and electrical coupling.

A very interesting strategy for improving PUR biocompatibility and making them 
biomimetic consists in blending them with natural polymers (Guan et al., 2006; Chen 
et al., 2015). Wagner’s group produced composite scaffolds starting from a blend of 
a PCL-based PUR with collagen type I, showing an interconnected porous structure, 
high strain at break (up to 440%) and tensile strength in the range 0.97–4.11 MPa, 
and tuned degradation kinetics (they can degrade by both hydrolysis and collagenase 
degradation) (Guan et al., 2006; Stankus et al., 2004). In addition, collagen incor-
poration resulted in improved cell behavior (higher cell numbers on scaffolds con-
taining collagen compared to PUR-based ones). Chen and colleagues have recently 
fabricated aligned and randomly oriented electrospun PUR/ethyl cellulose fibrous 
matrices with uniform fiber diameters. The scaffolds showed an interconnected 
structure and suitable mechanical properties (ultrathin scaffolds—thickness of about 
tens-hundreds of micrometers—are expected to have a Young modulus in the required 
range and elastomeric mechanical properties) to withstand cyclic stresses and sup-
port contractile cardiac tissue (Chen et al., 2015). Soldani and Briganti have recently 
produced biocompatible composite scaffolds starting from a poly(ether)urethane–
polydimethylsiloxane and fibrin (PEtU–PDMS/fibrin) by combining phase separa-
tion with material deposition via a spray machine (Briganti et al., 2006; Losi et al.,  
2010; Soldani et al., 2004; Soldani and Briganti, 2012). These substrates provided 
a more cell-friendly environment with respect to traditional cell culture plates: 
human amniotic mesenchymal stromal cells showed higher proliferation and met-
abolic activity on the newly developed substrates compared to petri dishes (Lisi 
et al., 2012). Finally, another way to make PUR biomimetic consists in coating them 
with proteins or peptide sequences (surface functionalization). Guan et al. (2005) 
covalently bound the adhesion motif arginine–glycine–aspartic acid–serine to plas-
ma-modified biodegradable PUR films and showed an increased endothelial cell 
adhesion on functionalized samples with respect to control surfaces and tissue culture 
polystyrene plates. McDevitt et al. (2003) investigated the effects of PUR coating and 
patterning on cardiomyocyte behavior. They microcontact-printed lines of laminin 
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on PUR films, demonstrating their capability of guiding cardiomyocyte alignment 
in highly organized arrays. Siepe et al. (2007) developed myoblast-seeded Artelon 
porous scaffolds and studied the effects of scaffold coating with different proteins 
(laminin, fibronectin, and human immunoglobulin) on myoblast behavior. Precoating 
with laminin showed the most enhanced cell adhesion. Four weeks after implanta-
tion on rat infarcted hearts, myoblasts completely colonized the scaffolds and no 
differentiation was observed. The superiority of laminin coating was also reported by 
Alperin et al. (2005) who cultured embryonic stem cell–derived cardiomyocytes on 
PUR films coated with gelatin, laminin, or collagen type IV.

Finally, regarding diisocyanate selection, broad attention has been directed to aliphatic 
diisocyanates, for example, 1,4-butane diisocyanate (BDI), HDI, and 2,6-diisocyanate 
methyl caproate (LDI), due to the biocompatibility of their degradation products (as an 
example, BDI hydrolysis produces putrescine that is commonly present in the body and is 
essential for cell growth and differentiation (Skarja and Woodhouse, 2000; Cooke et al.,  
2003)). However, aromatic diisocyanate-based PURs have also been investigated for 
cardiac TERM applications. Siepe et al. (2007) used the PUR Artelon® (Artimplant, AB, 
Västra Frölunda, Sweden), a PCL-based PUR synthesized from 1,3-diaminopropane 
and 4,4′-diphenylmethane diisocyanate, for the fabrication of cellularized patches for 
cardiac TERM.

13.4.2   Cardiac tissue engineering/regenerative  
medicine: future trends

Several research groups have recently reported encouraging results from in vitro and 
in vivo testing of PUR-based cardiac patches. This success must be ascribed to the 
great versatility of PURs in terms of their physicochemical, mechanical, and degra-
dation properties. Moreover, they can be easily processed in the form of 3D porous 
scaffolds to be employed as cardiac patches in the treatment of heart infarcted patients. 
However, considerable effort is still required to identify the ideal cardiac patch, that 
is, one which provides mechanical support for the regenerative process, properly  
directs cell orientation, and degrade as the need for structural support decreases due 
to new tissue formation. PCL-based PUR scaffolds have been investigated for years 
and their suitability for cardiac repair has been proven in several animal models. The 
pioneering work by Hashizume et al. (2013b) has recently resulted in a new genera-
tion of cardiac patches with improved performance due to the fine modulation of the 
mechanical and degradation properties deriving from the introduction of PHC in the 
PUR backbone. Several studies of scaffold architecture have highlighted the impor-
tance of accurately reproducing the characteristic anisotropy of the myocardium. A 
comparison between random and aligned scaffolds produced with the same PUR and 
technology has revealed the superiority of the latter in terms of cell viability, organi-
zation, and differentiation toward the cardiac phenotype (Guan et al., 2011). In this 
context, rapid prototyping technologies are gaining increasing interest thanks to the 
possibility of precisely controlling the properties and architecture of the resulting 
scaffolds, an issue that is inadequately addressed by conventional scaffold fabrication 
techniques. Finally, in response to the increasing interest in conductive scaffolds and 
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with the final aim of overcoming drawbacks related to conductive polymer biostabil-
ity, PURs have been modified to introduce aniline pentamer moieties in the polymer 
backbone, thus successfully synthesizing a biodegradable conductive antioxidant PUR  
(Baheiraei et al., 2014). The results summarized in this chapter prove that PURs may 
serve as materials for the design of the optimal cardiac patch, one exhibiting struc-
tural, functional, and mechanical biomimicry of the native cardiac tissue. Once the 
ideal cardiac patch has been designed, its in vitro and in vivo characterization must be 
properly defined to allow its validation under conditions mimicking its real working 
environment. Since cardiac patches will be subjected to cyclic stresses after implan-
tation, a mechanical characterization under dynamic conditions mimicking cardiac 
cycle is also essential to validate them (fatigue tests should be performed on millions 
of cycles at a proper frequency and strain to mimic myocardium working conditions).

13.5   Polyurethane devices for drug delivery  
in cardiovascular applications

Due to the high versatility of their chemical structure (which allows the modulation 
of their physicochemical properties and degradation kinetics by simply varying the 
building blocks), biodegradable and biostable PURs have been proposed for drug 
delivery devices (Sartori et al., 2014; Cherng et al., 2013).

In the case of biostable PURs, that is, materials that remain stable under physiolog-
ical conditions, drug delivery is mainly controlled by drug diffusion from the material 
structure. In contrast, for biodegradable PURs the release rate of pharmacologically 
active molecules is mostly governed by the degradation rate of the polymer, which in 
turn depends on several different parameters (Storey and Hickey, 1994).

Several authors have studied the dependence of the degradation rate on the compo-
sition and molecular weight of the macrodiol, the crystallinity of the polymer, and the 
presence of enzymatically cleavable sequences.

It has been shown that PURs with hydrophilic soft segments are more susceptible 
to hydrolytic degradation due to facilitated water uptake. Moreover, more crystalline 
polymers and polymers prepared with higher molecular weight biostable macrodiols 
have lower degradation rates (Cherng et al., 2013).

PUR-based drug delivery systems have been fabricated in different forms, such 
as scaffolds, fibers, micro- and nanoparticles, membranes, and foams (Mattu et al., 
2013). PURs can be designed to be thermoresponsive and pH-responsive and to carry 
positive charges or pendant functional groups, which can be exploited to establish 
physical and/or chemical interactions with several different drugs (Kucinska-Lipka 
et al., 2015; Sartori et al., 2014).

Hafeman et al. (2010) obtained a PUR network using hexamethylene diisocyanate 
trimer and a polyester-ether-based macrodiol containing poly(ε-caprolactone), gly-
colyde, and d,l-lactide. Their system was able to sustain the release of tobramycin 
over an extended period of time (up to 2 weeks) with a burst release ranging from 45% 
to 95%, depending on the glycolide content in the macrodiol.
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Moura et al. (2011) prepared dexamethasone-loaded PUR matrices and reported a 
linear release profile, associated with drug diffusion and matrix degradation, in both 
in vitro and in vivo experiments.

Recently, we reported the preparation of polyester urethane nanoparticles for the 
release of the anticancer drug paclitaxel. The study showed the ability of PURs to 
encapsulate hydrophobic drugs and to extend the release period compared to commer-
cial polyester nanoparticles (Mattu et al., 2012).

Mishra et al. (2014) reported the release of dexamethasone from blood-compatible 
PURs and PUR–clay nanocomposites. They showed that PUR and PUR nanocompos-
ite films did not induce platelet damage or aggregation in in vitro tests, thus display-
ing excellent blood compatibility. They were able to sustain dexamethasone release 
for up to 2 weeks depending on the polymer composition. PUR/clay nanocomposites 
possessed a slower release rate compared to pure PURs and were able to minimize the 
burst effect in the first hours of release.

Sivak et al. (2008a,b) developed drug-containing PURs, to where the drug was chem-
ically linked to the polymer chains. Two different anticancer drugs, doxorubicin and 
hydroxyl-camptothecin, were covalently incorporated in the polymer backbone. These 
authors showed a very slow release of less than 0.1% over a tested period of 70 days, 
indicating that a stable linkage between the drug and the PUR backbone was established.

All these studies highlight the possibility of using PURs as drug delivery systems 
with the potential of a modulated release profile obtained by properly tuning material 
composition. PURs, as discussed in the previous sections of this chapter, also dis-
play excellent mechanical and blood compatibility properties, suggesting their use for 
implanted drug release devices.

Despite the great potential of PURs in both cardiovascular and drug delivery appli-
cations, the combination of a PUR-based cardiovascular device that also can release a 
drug delivery deserved more attention.

In 1988 Robert Levy developed a PUR-based drug release system for the controlled 
release of lidocaine to normalize the cardiac rhythm (Sintov et al., 1988). They used 
a commercial poly(ether urethane) (Tecoflex) and traditional casting or compression 
molding techniques. Lidocaine release was dependent on the technique used to pre-
pare the matrix, that is, films prepared by solvent casting showed faster release with 
40% of the loaded drug released in nearly 20 min. Rapid-release matrices were suc-
cessful in quickly resolving ventricular tachycardia in dogs.

Briganti et al. (2010) developed a PEtU–PDMS/fibroin composite scaffold by a 
spray, phase-inversion technique. The composite served as a delivery vehicle for pro-
angiogenic factors for application in cardiac tissue engineering. They investigated the 
release of both VEGF and bFGF, at varying fibroin concentrations in the scaffold com-
position. Their results indicate that mixed PUR/fibroin scaffolds were able to sustain 
the release of growth factors for 14 days, with about 50% of protein release in the first 
4 days. The initial fibroin concentration slightly affected growth factor release. Scaf-
folds obtained with higher concentration showed a slower release, reaching about 30% 
and 40% of VEGF and bFGF release, respectively, at day 4. Moreover the composite, 
drug-loaded scaffolds retained their excellent mechanical and biological properties 
and did not alter the integrity of the entrapped protein.
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Similarly, Guan et al. (2007) developed an elastomeric poly(ester urethane)–urea 
scaffold by a thermally induced phase separation method for the release of bFGF. The 
scaffold maintained bFGF bioactivity over a period of 21 days and showed a two-
phase protein release pattern, characterized by a fast initial release of about 30% in the 
first 2 days, followed by a slow release over a period of 4 weeks.

Recently, Han et al. (2013) prepared PUR nanofibers loaded with rapamycin by 
electrospinning and incorporated them into a vascular graft. Their system was able 
to sustain the release of rapamycin over a long period of at least 77 days and showed 
effective local suppression of smooth muscle cell proliferation.

13.5.1   Drug release in cardiovascular applications:  
conclusions and future trends

Recent studies suggest that PURs may be excellent candidates for the preparation of 
drug eluting cardiovascular devices, due to the combination of good mechanical and 
biological properties with the possibility of a wide modulation of the drug release pro-
file according to the therapeutic need. Despite these encouraging results there is still 
ample space for investigation and optimization of PUR-based drug delivery devices 
for cardiovascular applications. The excellent properties and versatility of these poly-
mers warrant their further investigation.

13.6   General conclusions

In the last decades, PURs have emerged as promising materials for the replacement 
of damaged heart tissue or valves, providing an adequate mechanical and structural 
support and eventually stimulating a reparative process (Silvestri et al., 2013; Boffito 
et al., 2014; Kütting et al., 2011). PURs are extensively used as blood-contacting bio-
materials due to their relatively good blood- and biocompatibility.

The latest advances in polymer science have led to the design of PURs with 
improved long-term biostability, compared to PEU and PEUU used in the first gen-
eration heart valves (Ghanbari et al., 2010; Kidane et al., 2009b; Bezuidenhout et al., 
2015). The availability of these materials has rekindled interest in the use of these 
polymers for such applications.

PURs with appropriate composition, surface properties, degradation kinetics, 
and biocompatibility have been widely investigated in cardiac tissue regeneration 
(Silvestri et al., 2013; Boffito et al., 2014). Due to their elastomeric mechanical 
properties and tunable degradability, PURs, especially polyester-based ones, have 
been thoroughly studied for the design of cardiac patches (Rockwood et al., 2008; 
Fromstein et al., 2008; Parrag et al., 2012; Guan et al., 2011; Chiono et al., 2014; 
Stankus et al., 2006; Boffito et al., 2015; Silvestri et al., 2014; Sartori et al., 2013; 
Fujimoto et al., 2007a,b, 2012; Guan et al., 2005). In addition, the possibility of con-
ferring biomimetic properties through bulk or surface functionalization has further 
increased the interest for cardiac TERM and heart valve replacement.
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Recently, PURs have been proposed for a combined regenerative and pharmaco-
logical treatment in tissue engineering with promising results (Sartori et al., 2014; 
Cherng et al., 2013). Several authors have shown that pharmacologically active mol-
ecules can be either physically entrapped or chemically conjugated to the polymer 
backbone, allowing a fine modulation of the drug release kinetics (Sintov et al., 1988; 
Briganti et al., 2010; Guan et al., 2007; Han et al., 2013).

In conclusion, PURs are effective raw materials for the design of successful ther-
apeutic devices for patients suffering heart valve disease or myocardial infarction. 
However, efforts are still needed to bring PUR-based therapeutic devices to clinical 
application. More controlled and automated manufacturing processes and detailed and 
controlled in vitro and in vivo characterizations are essential to finally gain PUR-based 
cardiac patches and heart valves approved as medical devices.
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14.1   Introduction

As a replacement for natural rubber, Dr Otto Bayer first discovered polyurethane (PU) 
during World War II. Since then, PUs have been used in biomedical applications due to 
their excellent stability, mechanical properties, and biocompatibility (Boretos and Pierce, 
1968; Lyman et al., 1971). From 1995 to 2015, PUs have gained popularity in several 
blood-contacting device applications including synthetic conduits, extracorporeal life 
supports (ECLSs), intravascular stents, in vivo sensors, defibrillators, and intravascular 
catheters. Thrombosis is one of the primary problems associated with  blood-contacting 
devices that can cause life-threatening complications for patients. The blood coagu-
lation cascade is a complex process, where protein adsorption occurs within a few 
seconds to minutes when blood comes in contact with a foreign surface (Figure 14.1).  
This is followed by platelet adhesion and activation that finally leads to thrombus 
formation (Horbett, 1993). Adsorbed plasma proteins, such as fibrinogen, bind to 
 glycoprotein GPIIb/IIIa receptors on activated platelets (Gorbet and Sefton, 2004). 
The activation of platelets also leads to conformation changes and the excretion of 
intracellular granulates containing adhesion molecules (P-selectin, coagulation factor 
V and VII, calcium ions, etc.), leading to additional adhesion and activation of plate-
lets. From 1955 to 2015, much has been learned about blood–surface interactions, and 
many approaches have been studied to prevent thrombosis with systemic anticoagula-
tion and surface modification. In a clinical setting, many of these devices require the 
use of anticoagulant therapies (e.g., heparin) to avoid device failure (Gaffney et al., 
2010). Unfortunately, the long-term use of systemic anticoagulation can be harmful to 
the patient, and can result in bleeding, increased thrombosis, and thrombocytopenia 
(Ahanchi et al., 2007; Menajovsky, 2005; Robinson et al., 1993).

Infection and foreign body response (FBR) are among other significant problems 
faced by long-term use of medical devices. The mechanism of bacterial adhesion is a 
very complex process. Bacterial adhesion involves initial reversible physicochemical 
interactions, followed by time-dependent irreversible molecular and cellular inter-
actions (An and Friedman, 2000). Due to various physical forces, such as Brown-
ian movement, van der Waals forces, and hydrophobic and electrostatic interactions, 
bacteria move to the implant surface. In the second phase, molecular and cellular 
interactions become predominant where bacteria attach irreversibly to the surface 
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using various bacterial polymeric structures including fimbriae, capsules, and slimes 
(An and Friedman, 2000). At this time most bacteria multiply and produce extracel-
lular polymeric substances (EPS) to stabilize the biofilm structure. This accumula-
tion of bacterial biomass and EPS on a surface leads to biofilm formation over time  
(Figure 14.2). In a biofilm, bacteria are protected from adverse environmental con-
ditions, including the application of antiseptics as well as host defense, which makes 
them difficult to eradicate (Costerton et al., 1995; Hall-Stoodley et al., 2004; Parsek 
and Singh, 2003; O’Toole et al., 2000; Fux et al., 2005). The presence of fibrinogen 
and thrombus on the surface also promotes bacterial adhesion (Harris et al., 2004).

14.1.1   Properties of polyurethanes and their  
compatibility for medical use

PUs are used for a wide range of medical applications including wound dressings, 
intraaortic balloon pumps, catheters, pace makers, feeding tubes, dialysis bags, 
sutures, needle hubs, oxygen masks, nonallergic gloves, medical garments, hospital 
bedding, artificial hearts, and drug delivery systems (Davis and Mitchell, 2008). The 
versatility of PUs can be attributed to their flexibility, tear resistance, abrasion resis-
tance, biocompatibility, and flexible processing. One important feature that makes 

Figure 14.2 Series of events leading to biofilm formation on an implant surface. These events 
include (a) cell adherence to the implant’s surface with the help of a specialized structure 
on the bacterial cell wall, (b) cell to cell attachment, (c) cell proliferation leading to growth and 
aggregation, and (d) biofilm maturation and development of resistance against antibacterial agents.

Figure 14.1 Series of steps involved in thrombus formation on an implanted surface. These 
events include fibrinogen adsorption and platelet adhesion and activation, finally leading to a 
clot formation.
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them useful for biomedical applications is that fully reacted PUs are chemically 
inert (Dernehl, 1966). PUs consist of soft (flexible) and hard segments made of 
three building blocks: (1) long chain molecule, which acts as backbone, (2) diiso-
cyanate, and (3) chain extender. The backbone provides flexibility to polymer while 
diisocyanate and the chain extender combined to form the hard segment and act 
as a cross-link. The hard segment provides high tensile strength and elongation to 
the PU. PUs are formed by the exothermic reaction between isocyanate (with more 
than one reactive isocyanate group per molecule) and alcohol (with more than two 
hydroxyl group per molecule) in the presence of a catalyst. These isocyanates can 
be either aromatic or aliphatic. Aromatic diisocyanates are preferred if the purpose 
is to create strong and tough PUs with higher tensile strength and elongation than 
corresponding PUs prepared with aliphatic isocyanates. Aliphatic PUs with hydro-
carbon backbones also form strong polymers, but lack the chemical resistance and 
properties of their aromatic counterparts. They are mostly used in biodegradable 
PU formulations with biodegradable hard segments (Jun et al., 2005; Hou et al., 
1999). Numerous combinations of the basic building blocks provide an opportunity 
to use PUs in a variety of biomedical devices. Nonisocyanate-based polyurethanes 
have been studied for reducing potential toxicity concerns related to isocyanates  
(Kuo and Schroeder, 1995).

14.1.2   Introduction to nitric oxide

Nitric oxide (NO) is a free radical, water-soluble, ubiquitous gas, which influences 
various biological functions. It is a cellular signaling molecule naturally secreted 
by vascular endothelial cells, and is involved in many physiological and patholog-
ical processes (Hou et al., 1999). As shown in Figure 14.3, nitric oxide is enzymat-
ically synthesized endogenously from l-arginine by nitric oxide synthase (NOS). 
There are three NOS synthase isoforms: eNOS (endothelial NOS, generates NO 
from the endothelial lining of blood vessels), nNOS (neuronal NOS, present in 
neurons and produces NO that acts as a neurotransmitter), and iNOS (inducible 
NOS, present in macrophages as a response to bacterial/viral infections) (Knowles 
and Moncada, 1994; Dicks et al., 1996). The eNOS and nNOS isoforms are cal-
cium dependent and increased NO production occurs when there is an increase 
in Ca2+. The iNOS isoform is calcium independent and is involved in immune 
responses, including autoimmune diseases, and is the predominate cause of septic 
shock (Stuehr, 1999).

Radomski et al. first described NO as a potent vasodilator secreted by the normal 
endothelium that has the ability to inhibit platelet adhesion and aggregation to the 
blood vessel wall (Radomski et al., 1987; Radomski and Moncada, 1993a). In 1992, 
the free radical NO received approbation as “molecule of the year” by the journal 
Science and was the subject of a Nobel Prize. Numerous published reviews have been 
devoted to a comprehensive discussion of different NO-releasing/generating materials 
and their many potential biomedical applications (Frost et al., 2005; Seabra et al., 
2012; Riccio and Schoenfisch, 2012; Kim et al., 2014; Jen et al., 2012; Halpenny and 
Mascharak, 2010; Carpenter and Schoenfisch, 2012).
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Nitric oxide offers great potential to be utilized in biomedical applications due 
to its impact on wide ranging biological functions including infection, angiogene-
sis, inflammation, vasodilation, thrombosis, smooth muscle cell proliferation and 
migration, wound healing, cardiovascular diseases, nervous system diseases, mam-
malian cell growth, and tumor formation (Marín and Rodríguez-Martínez, 1997; 
Vural and Bayazit, 2001; Radomski and Moncada, 1993b; Cai et al., 2005; Chen, 
2005;  Feldman, 1993; Kuo and Schroeder, 1995). Nitric oxide is known to be a potent 
inhibitor of platelet activation and adhesion. Healthy endothelial cells exhibit an NO 
flux of 0.5−4.0 × 10−10 mol/cm2/min (Vaughn et al., 1998). In addition, NO released 
within the sinus cavities and macrophages functions as a natural antimicrobial agent 
(Rouby, 2003; Halpenny and Mascharak, 2010). McMullin et al. showed that gaseous 
NO is bactericidal against several strains of bacteria derived from tracheal aspirates 
of mechanically ventilated patients in the intensive care unit (McMullin et al., 2005). 
Therefore, using NO-releasing polymers that can locally deliver NO at or above phys-
iologically relevant levels has the advantage of creating implantable devices that can 
possess both antithrombotic and antibacterial properties.

Due to the fact that NO is highly reactive under physiological conditions, many 
molecules with functional groups that can store and release NO have been studied. 
Among various NO donors, diazeniumdiolates and S-nitrosothiols (RSNOs) have been 
studied widely (Shin and Schoenfisch, 2006; Hetrick and Schoenfisch, 2006; Handa 
et al., 2014; Brisbois et al., 2013, 2014, 2015; Reynolds et al., 2006; Major et al., 2010, 
2013; Frost and Meyerhoff, 2006; Frost et al., 2005). Diazeniumdiolates are synthetic 
NO donors that undergo proton or thermally driven mechanisms to release 2 mol of NO 
per diazeniumdiolate molecule (Figure 14.4) (Batchelor et al., 2003; Mowery et al., 
2000; Smith et al., 1996). Both endogenous and synthetic RSNOs have been studied 
(Figure 14.5). Some of the endogenous RSNOs include  S-nitrosoglutathione (GSNO), 
S-nitrosocysteine (CysNO), and S-nitrosoalbumin. S-nitroso-N-acetylpenicillamine 
(SNAP) and S-nitroso-N-acetylcysteine are two examples of synthetic RSNOs. These 
RSNOs can release NO via thermal decomposition, catalysis (using metals ions such 

Figure 14.3 Enzymatic (nitric oxide synthase, NOS) conversion of l-arginine to citrulline 
resulting in nitric oxide (NO) release.
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as Cu+), or by exposure to light (wavelengths of 340 and/or 590 nm), resulting in disul-
fide species (RSSR) formation (Wood et al., 1996; Frost and Meyerhoff, 2004; Singh 
et al., 1996; Dicks et al., 1996; Williams, 1999).

The two commonly used approaches to release NO from polymeric surface are: 
(1) NO-releasing polymers (NORel), where NO donor molecules (e.g., diazenium-
diolates or RSNOs) that can release NO under physiological conditions are incorpo-
rated into the polymer; and (2) NO-generating (NOGen) polymers, where catalysts 
that can react with endogenous RSNOs to generate NO are incorporated into the 
polymers (Figure 14.6) (Dicks et al., 1996; Holmes and Williams, 2000; Singh et al., 
1996;  Williams, 1999). Nitric oxide-releasing/generating PUs have been success-
fully reported for use in many biomedical applications. This chapter discusses in 
detail some of the biomedical applications of NO-releasing PUs, their advantages 
and limitations associated with each of the applications.

14.2   Nitric oxide-releasing/generating  
polyurethanes

PUs offer several applications in blood-contacting devices. Many strategies have 
been studied to create localized NO release/generation from various PU materials. 
As discussed above, NORel polymers are prepared by covalently or noncovalently 
incorporating NO donor molecules into polymer matrices. Diazeniumdiolates have 
been incorporated into polymers for a variety of potential applications. Taite et al., 

Figure 14.4 Mechanism of NO release from diazeniumdiolated dibutylhexanediamine 
(DBHD/N2O2).

Figure 14.5 Structures of example synthetic (a) and endogenous (b) S-nitrosothiol species.
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incorporated poly(ethylene glycol) and a diazeniumdiolate NO donor into the back-
bone of PU in addition to incorporating the laminin-derived cell adhesive peptide 
sequence tyrosine–isoleucine–glycine–serine–arginine (YIGSR) (Taite et al., 2008). 
Nitric oxide release was sustained over a 2 month period as measured by Griess assay. 
The NO release and YIGSR sequence worked synergistically, where NO improved 
thromboresistance and endothelial cell proliferation while YIGSR promoted endothe-
lial cell adhesion and migration.

Reynolds et al. suggested two novel strategies for the synthesis of NO-releasing PU 
with covalently linked diazeniumdiolated secondary amines (Reynolds et al., 2006). To 
achieve this, the diazeniumdiolate moiety was covalently attached onto amines within 
the polymer backbone of Pellethane 2363-80AE. However the NO-releasing polymers 
resulting from this synthetic strategy required incorporation of countercations to sta-
bilize the diazeniumdiolates. In the second approach, the polymer was derivatized to 
contain pendant polyamine sites, which act as a linker to covalently bind the diazeni-
umdiolates. These diazeniumdiolates were found to be stable without additives, likely 
because the pendant amines are less rigid than the polymer backbone and allow the 
zwitterionic diazeniumdiolate to form more easily. Covalently bound NO donors have 
the advantage that the by-products remain covalently bound to the polymer matrix. 
The results showed an initial NO flux of 14 pmol/cm2/s when immersed in pH 7.4 
buffer at 37 °C for up to 6 days. Other diazeniumdiolate-based NO-releasing implants 
have proved helpful in decreasing the local chronic inflammation response by 33% and 
enhancing formation of blood vessels by >77% in vivo in adult male Sprague–Dawley 
rats (Hetrick et al., 2007). In addition, NO release helped in reducing collagen capsule 
thickness in rat models by >50% around the implant as compared to controls.

Figure 14.6 Two examples of NO-releasing (NORel) polymers where NO donor molecules 
(e.g., RSNOs or diazeniumdiolates) can be covalently or noncovalently incorporated into the 
PU. NO-generating (NOGen) polymers consist of immobilized catalysts that can generate NO 
from endogenous RSNO species.
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Success in using NO donors for preventing thrombosis either by covalently linking 
NO donors to the polymer or by embedding them within the polymers (NORel poly-
mers) has been reported. However, the utility of NORel PUs can be limited by their 
sensitivity toward heat, light, and moisture, leading to decreased NO release lifetimes. 
One of the obstacles in delivering NO from the polymers is rapid leaching of the NO 
donor species, resulting in nonlocalized NO release. For example, rapid leaching of 
SNAP from PUs with high water uptake such as Techophilic SP-60D6-and Tecoflex 
SG80A was observed, while PUs with low water uptake such as CarboSil and Elast-
eon E2As had minimal leaching (Brisbois et al., 2013). Another concern, especially 
with diazeniumdiolated-based polymers, is the formation of potentially toxic decom-
position products such as N-nitrosoamines, which can lead to cancer (Mowery et al., 
2000; Annich et al., 2000). Other limitations include issues with sustained NO release 
and stability of the NO donor, which could limit shelf life or ability to be sterilized.

To address this stability issue, several NO-generating PUs have been studied. These 
NOGen polymers have the advantage that they could potentially generate NO for long 
periods, provided that there is a constant source of endogenous RSNOs. One approach has 
been the use of various covalently linked Cu(II)–cyclen moieties that have been immo-
bilized onto PU backbones (Oh and Meyerhoff, 2003). Hwang et al. covalently linked 
Cu(II)–cylen moieties to Tecophilic SP-93A-100, which could potentially be applied to 
various biomedical devices to improve their hemocompatibility by catalytically generating 
NO from endogenous RSNOs (Hwang and Meyerhoff, 2008). Puiu et al. derivatized two 
different PUs, Pellethane™ and Tecophilic®, to incorporate NO-generating Cu(II)–cyclen 
moieties on the backbone of the PU (Puiu et al., 2009). Tecophilic® thermoplastic PUs 
are aliphatic, polyether-based PUs, which have high water uptakes (up to 150% of the 
weight of the dry resin). In contrast, Pellethane™ is a high-strength, aromatic thermoplas-
tic PU. A three-step synthetic approach is used to prepare Cu(II)–cyclen–PU material with 
these polymers. This NOGen polymer was able to produce physiological levels of NO in 
the presence of RSNOs without the use of an aminated linker. Tecophilic® thermoplas-
tic PU, due to its lower reactivity, had a lower percentage of incorporation of isocyanate 
(NCO) and therefore fewer cyclen/Cu(II) sites. However, higher water uptake allows for 
greater NO generation due to better diffusion of the RSNO species to the active Cu(II) 
sites. Owing to these properties, the newly developed material possesses great potential to 
be utilized in vivo as a coating material for various blood-contacting device applications.

These examples demonstrate the various chemistries that have been used to incor-
porate NO-releasing/generating materials in medical grade PUs. Below are specific 
examples of NO-releasing/generating PUs that have been examined for some specific 
biomedical applications.

14.3   Biomedical applications of nitric oxide-releasing 
polyurethanes

14.3.1   Extracorporeal circuits

Extracorporeal circulation (ECC) is used in a wide variety of hospital procedures 
including short-term hemodialysis, extracorporeal membrane oxygenation, and other 
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ECLS devices (Reynolds and Annich, 2011). These procedures involve blood coming 
in contact with various tubing, pumps, and artificial devices, all of which are foreign 
surfaces and activate the blood (Bartlett, 2005). While patients are on ECLS devices, 
preventing fibrin formation as well as platelet and monocyte activation is critical for 
successful clinical outcomes. The clinical practice during ECLS is administration of 
systemic anticoagulants, such as heparin, to avoid device failure and has allowed the 
continued success of ECLS (Gaffney et al., 2010). Bleeding and thrombosis (7–33%) 
are the most common complications with ECLS circuits (Paden et al., 2013). Systemic 
administration of anticoagulants, like heparin, has some adverse side effects includ-
ing hemorrhage, thrombocytopenia, and thrombosis (Robinson et al., 1993). Despite 
these complications, heparin is still used as the standard in anticoagulation therapy for 
patients on ECC.

The ideal ECLS procedures would consist of nonthrombogenic surfaces and little 
to no systemic anticoagulant administration needed. Novel methods to suppress the 
thrombogenicity of ECLS circuits are still needed. One strategy has included immo-
bilized heparin; however, ECC circuits coated with heparin are still thrombogenic 
(Ihno et al., 1997; Wendel and Ziemer, 1999; Bartlett, 2005). As discussed in the 
 Section 14.1, the normal endothelial lining continuously releases NO, at a surface 
flux of 0.5–4 × 10−10 mol/cm2/min, which inhibits platelet activation and prevents 
intravascular thrombosis (Vaughn et al., 1998). It also has been reported that NO 
can inhibit the activation of circulating granulocytes (Wright et al., 1989; Niu et al., 
1994). Gaseous NO has been applied in the sweep gas of membrane oxygenators 
and has shown promise in improving their hemocompatibility by preventing plate-
let activation as well as reducing the inflammatory response associated with ECC 
(Hayashi et al., 1998; Keh et al., 1999; Mellgren et al., 1996, 1998; Tevaearai et al., 
2000). To localize the administration of NO, NO-releasing polymers have been 
applied to the ECC circuit tubing and tested in a rabbit thrombogenicity model for 
their hemocompatibility properties. NO-releasing polymers for ECC circuits have 
been studied by incorporating NO donor species (e.g., diazeniumdiolates, RSNOs) 
as well as catalysts for  S-nitrosothiol decomposition (Jen et al., 2012). NO is advan-
tageous for blood-contacting device applications because of its short half-life in 
blood, due to rapid scavenging by hemoglobin (Hakim et al., 1996), and the local-
ized effect of temporarily inhibiting the activation of platelets that approach the 
polymer surface.

The rabbit thrombogenicity model provides a simplified ECC circuit arterio-
venous (AV) shunt that is useful for investigating the hemocompatibility of novel 
polymers. The ECC circuit consists of 16-gauge and 14-gauge PU IV angiocath-
eters (Kendall Monoject Tyco Healthcare Mansfield, MA), two 16 cm in length 
of 1/4 inch inner diameter (i.d.) Tygon tubing, and an 8 cm length of 3/8 inch i.d. 
Tygon tubing, which creates a thrombogenicity chamber where thrombus forms 
due to more disturbed blood flow (Figure 14.7). The inner walls of the ECC cir-
cuit are coated with solutions containing the NORel, NOGen, or control polymer. 
As shown in  Figure 14.7, the ECC is pieced together, starting at the left carotid 
artery side, with the 16-gauge angiocatheter, one 15 cm length 1/4 inch i.d. tubing, 
the 8 cm length thrombogenicity chamber, the second 15 cm length 1/4 inch i.d. 
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tubing, and finally the 14-gauge angiocatheter. The angiocatheters are interfaced 
with tubing using two luer-lock PVC connectors. The 3/8 inch i.d. tubing and the 
1/4 inch tubing are welded together using Tetrahydrofuran (THF) (Brisbois et al., 
2013; Handa et al., 2013, 2014; Major et al., 2010, 2011, 2013, 2014a,b). Briefly, 
the assembled ECC circuit is positioned on the rabbit as an AV shunt, connecting 
the left carotid artery and right jugular vein. During the 4 h of blood flow through 
the ECC circuit the rabbit hemodynamics (blood flow rate, platelet count, plasma 
fibrinogen levels, and platelet functionality) are monitored and compared to base-
line values (prior to ECC placement). After 4 h of blood flow, the 2D representa-
tion of the clot that formed in the thrombogenicity chamber is quantitated using 
NIH ImageJ software.

The intrinsic hemocompatibility of the base polymer (in which the NO chemistry 
is incorporated) has direct effects on the resulting effectiveness of the NO released 
from that polymer. Handa et al. conducted a study where four polymers (without any 
NO release) were coated on the inner walls of the ECC circuit and tested in the rab-
bit model. The polymers compared in this study were Tecoflex SG80A, Tecophilic 
SP-60D-60, and Elast-eon E2As PUs, as well as plasticized poly(vinyl chloride) (PVC/
DOS). Only one out of five of the E2As coated circuits were occluded prior to the end 
of the 4 h blood flow, while two to three out of four circuits occluded for the SG80A, 
SP-60D-60, and PVC/DOS ECC circuits. The Elast-eon E2As polymer exhibited the 
best hemocompatibility properties in terms of preserving platelets and reducing clot 
formation. This corresponds with previous reports that E2As has excellent hemocom-
patibility because it exhibits low levels of blood protein adhesion ( Cozzens et al., 
2011; Simmons et al., 2008).

Figure 14.7 Schematic of the assembled extracorporeal circulation (ECC) circuit and cross 
section showing generic coatings. Inner walls of the Tygon tubing and angiocatheters are 
coated with an active coat (containing the NORel or NOGen chemistry) or control coat  
(without NO chemistry), followed by a polymer top coat.
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Nitric oxide-releasing polymers, containing NO donor diazeniumdiolated dibutyl-
hexanediamine (DBHD/N2O2) have been tested in the rabbit ECC model (Handa et al., 
2013, 2014; Major et al., 2010). Through these studies various modifications have been 
made to improve the NO release chemistry. Studies have shown that DBHD/N2O2 is 
an excellent donor for incorporation into hydrophobic polymers (Major et al., 2010; 
Batchelor et al., 2003). DBHD/N2O2 releases NO through thermal and proton driven 
mechanisms (Davies et al., 2001; Zhang et al., 2002). The loss of NO from the DBHD/
N2O2 results in lipophilic amine species that react with water, thereby increasing the 
pH within the organic polymer phase, which effectively turns off the NO release 
before a significant fraction of the NO payload is released (Batchelor et al., 2003). 
Initially, tetrakis-(p-chlorophenyl) borate was added to the DBHD/N2O2 polymers to 
help maintain a low enough pH to prolong the NO release (Batchelor et al., 2003; 
Major et al., 2010). However, this borate additive was not effective at completely 
depleting the NO payload, resulted in a large initial burst of NO, and also was found 
to be toxic toward endothelial and smooth muscle cells (Wu, 2009). Further studies 
demonstrate an alternative method of prolonging the NO release from DBHD/N2O2 
using poly(lactic-co-glycolic acid) (PLGA) additives (Handa et al., 2013). PLGA is 
a biodegradable and biocompatible polymer that slowly hydrolyzes in the presence 
of water to produce lactic and glycolic acid species. This continuous acid production 
promotes the NO release reaction by compensating for the increase in pH from the 
generation of organoammonium hydroxide (reaction of DBHD amine species with 
water in the polymer film) resulting from the NO release reaction, thereby providing 
the acidic environment needed to prolong the NO release. Handa et al. demonstrated 
that PLGA additives with carboxylic acid end groups create a more acidic environ-
ment resulting in an initial burst of NO, while PLGAs with ester end groups that have 
slower hydrolysis rates were able to prolong the NO release from DBHD/N2O2 for up 
to 2 weeks (Handa et al., 2013, 2014).

Initial ECC studies with DBHD/N2O2 were conducted using the PVC/DOS poly-
mer with the borate additive. Skrzypchak et al. coated the inner walls of the ECC 
circuits with 2–50 wt% DBHD/N2O2 doped within the PVC/DOS polymer. The 
circuits with at least 25 wt% DBHD/N2O2 were able to preserve platelet count and 
reduce fibrinogen consumption, leading to the conclusion that the NORel polymers 
need an NO flux of at least ∼14 × 10−10 mol/cm2/min to be effective (Skrzypchak et al., 
2007). ECC circuits coated with PVC/DOS containing 25 wt% DBHD/N2O2 and 
borate (average NO flux ∼13 × 10−10 mol/cm2/min) were able to preserve platelets at 
79 ± 7% of baseline (vs 54 ± 7% for controls) and reduce clot area to 2.8 ± 0.7 pixels/
cm2 (vs 6.7 ± 0.4 pixels/cm2 for controls) (Major et al., 2010). These circuits were also 
found to attenuate the activation of monocytes, as measured by CD11b expression, 
which is a key component of a proinflammatory response. Similar platelet preserva-
tion and clot area results were obtained for NORel ECC circuits coated with 25 wt% 
DBHD/N2O2 and 10 wt% 5050DLG7E PLGA additive (in PVC/DOS) with an NO 
flux of 11 × 10−10 mol/cm2/min (Handa et al., 2013). Combining the DBHD/N2O2 
and PLGA chemistry with the E2As PU resulted in a coating with an NO flux of 
∼6 × 10−10 mol/cm2/min that significantly improved the hemocompatibility of the ECC 
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circuits over previous studies, preserving platelets at 97 ± 10% and reducing clot area 
to 0.9 ± 0.3 cm2 (vs 58 ± 3% and 5.2 ± 0.3 cm2, respectively, for E2As controls) after 4 h 
of blood flow (Handa et al., 2014). Platelet functionality (as measured by aggregom-
etry) was preserved for the NO-releasing ECC circuits in these studies, indicating 
that the NO release has a localized effect that temporarily prevents the activation of 
platelets that approach the surface and allows them to aggregate normally downstream 
from the circuit (Major et al., 2013). Studies have also suggested that combining nitric 
oxide-releasing (DBHD/N2O2) coatings with immobilized active anticoagulants, hep-
arin (Zhou and  Meyerhoff, 2005) and argatroban (a direct thrombin inhibitor) (Major 
et al., 2014a), can further improve the hemocompatibility of polymers by preventing 
both platelet activation and fibrin formation, two key components in the coagulation 
cascade. These studies demonstrate the importance of combining the NO release 
chemistry with hemocompatible polymers to effectively reduce thrombus formation 
during ECC procedures.

NOGen polymers consist of catalysts immobilized within the polymer that can 
liberate NO from endogenous RSNOs, thus locally generating NO at the  blood–
polymer interface. Major et al. used polymeric coating composed of a Cu(0) 
nanoparticle (80 nm)-containing hydrophilic PU (Tecophilic SP-60D-60) com-
bined with the intravenous infusion of SNAP and evaluated this NOGen coating 
in the 4 h rabbit ECC model (Major et al., 2011). The Cu(0) nanoparticles corrode 
to generate Cu(II) species, which then can be reduced to Cu(I) by the presence 
of thiols (RSH) or other reducing equivalents (e.g., ascorbic acid) that exist in 
the blood. The Cu(I) is the active species that can catalytically generate NO from 
endogenous RSNO species (e.g., GSNO) (Williams, 1996) as shown in Figure 
14.8. This NOGen approach would ideally be able to continually generate NO 
from the endogenous RSNOs. However, in the study it was found that the endoge-
nous RSNO levels were not sufficient and systemic SNAP infusion (0.1182 mmol/
kg/min) was administered to improve the efficacy of the device. Platelet counts 
were preserved after 4 h blood exposure with NOGen/SNAP compared to the cor-
responding controls (3.9 ± 0.7 NOGen/SNAP vs 1.8 ± 0.1 control/SNAP or 3.0 
± 0.2 × 108 mL−1 NOGen/saline). The intravenous infusion of SNAP did have the 

Figure 14.8 Scheme showing the mechanism of localized NO generation from Tecophilic 
SP-60D-60 coating containing 80 nm Cu(0) nanoparticles. The Cu(0) nanoparticles will  
corrode in the presence of water to generate Cu(II) ions. The Cu(II) will be reduced to the 
active species, Cu(I), in the presence of thiolates or other reducing equivalents that exist in  
the physiological environment (e.g., ascorbic acid). The Cu(I) catalyzes the decomposition  
of endogenous RSNOs (e.g., GSNO, CysNO) to locally generate NO.
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side effect of hypotension; however, the coadministration of intravenous fluids 
counteracted this effect.

To obviate the need for SNAP infusion, Brisbois et al. studied the effects of 
noncovalently incorporating SNAP into a variety of PUs to create an NO-releasing 
polymer (Brisbois et al., 2013). The polymers with low water uptakes (CarboSil, 
Elast-eon E2As, and silicone rubber) minimized the amounts of SNAP leaching 
into PBS buffer in comparison to PUs with higher water uptakes (Tecoflex SG80A 
and Tecophilic SP-60D-60). SNAP incorporated into the E2As polymer (a copoly-
mer with a mixed soft segment of poly(dimethylsiloxane) and poly(hexamethylene 
oxide) with a methylene diphenyl isocyanate (MDI) hard segment) created an inex-
pensive coating that could release NO via thermal and photochemical reactions. 
SNAP was found to be stable within E2As during a shelf life stability study, where 
only ∼18% of the SNAP was lost during 2 months storage at 37 °C. The SNAP/
E2As polymer was coated on the inner walls of ECC circuits (average NO flux 
∼2 × 10−10 mol/cm2/min) and exposed to 4 h blood flow in the rabbit model. After 
4 h, the SNAP/E2As coating preserved the platelet count at 100 ± 7% of baseline, 
as compared to 60 ± 6% for E2As control circuits. This coating also reduced the 
amount of thrombus formation as compared to the controls (2.3 ± 0.6 and 3.4 ± 
1.1 pixels/cm2, respectively).

14.3.2   Intravascular glucose sensors

Glucose plays a pivotal role in respiration and other metabolic processes in humans. 
Disturbed glucose concentration (hyperglycemia or hypoglycemia) may lead to many 
other metabolic disorders and neuropathic consequences. These medical complica-
tions include decrease in insulin sensitivity (diabetes), obesity, delay in wound heal-
ing, increased formation of reactive oxygen species, premature ageing, increase risk 
of Crohn’s disease and ulcerative colitism migraines, enhancement in development of 
Alzheimer’s disease, aggravation in premenstrual syndrome, increase in amount of 
liver fat, development of Parkinson’s disease, decrease in amount of growth hormones 
in the body, ovarian cancer, suppression of immune response, attention deficit disorder 
in children, and encephalopathy (Sanchez et al., 1973; Cerami et al., 1987; Thomas 
et al., 1981; Darlington et al., 1986; Ma et al., 2006; Furth and Harding, 1989; Lee and 
Cerami, 1992; Girardi et al., 1995; Schulze et al., 2005). According to the National 
Diabetes Statics Report published in 2014 by Center for Disease Control and Preven-
tion, 29.1 million people in the United States are diabetic (9.3% of the United States 
total population) and only 21.0 million are diagnosed, while 8.1 million (27.8% of the 
diabetic population) of those having diabetes are undiagnosed (Centers for Disease 
Control, 2014). The total (direct and indirect) medical cost associated with Diabetes in 
the United States is estimated to be $245 billion in 2012 (Centers for Disease Control, 
2014).

Patients with diabetes need to test their blood glucose levels several times a 
day using finger pricking and test strip glucometers. Due to wide range of impli-
cations of disturbed glucose metabolism and huge medical cost associated with it, 
continuous glucose monitoring (CGM) becomes critical for proper management 
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of body sugar, particularly in cases of type I diabetes (Wang, 2008). While con-
ventional methods like finger pricking cannot be used for CGM, the implantable 
electrochemical-based blood sensors face the issues of incompatibility, frequent 
calibration (2–4 times/day finger pricking), short implantable lifetime (less than 
1 week), and nonreproducible results, which limit their medical utility (Klonoff, 
2005a,b; Frost et al., 2013). Even the existing commercial implantable glucose 
sensors have significant limitations with their accuracy and require frequent cal-
ibration (Cheyne and Kerr, 2002; Kubiak et al., 2004). Lack of success in devel-
oping implantable glucose sensors can be attributed to the biological response 
against the indwelling sensor. Surface fouling, scar tissue formation, and bac-
terial adhesion around the implanted glucose sensor not only reduce the rate of 
glucose diffusion but also increase the risk of sepsis and leukocyte infiltration 
(Frost and Meyerhoff, 2002; Wisniewski et al., 2000; Koh et al., 2011a). A cumu-
lative effect of all these detrimental events ultimately leads to an FBR, which 
can lead to a sheath of leukocytes, macrophages, and collagen formed around 
the device (Ratner, 2002). This sheath can alter the glucose levels by consuming 
glucose at an accelerated rate, resulting in false glucose sensor readings (Frost 
and Meyerhoff, 2006; Wilson and Gifford, 2005; Anderson, 1993; Daley et al., 
1990). To fully utilize the potential of implantable glucose sensor for CGM, there 
is an urgent need to overcome these limitations. Koh et al. suggested that an 
ideal in vivo sensor for continuous and real time measurement should have four 
attributes: (1) a very small size (<1 mm o.d.) for comfortable placement within a 
blood vessel or under the skin, (2) provide reliable results, (3) nontoxicity under 
physiological conditions, and (4) provide long-term analytical signal stability  
(Koh et al., 2011b).

To date electrochemical detection and enzyme-modified electrodes offer the most 
successful technologies for measurement of glucose level. One approach for achieving 
CGM has been the development of needle-type electrochemical sensors for intravas-
cular use. Many of these sensors have been developed using an enzyme layer of glu-
cose oxidase (GOx) that converts glucose to peroxide (H2O2), which then is detected 
by the electrode. Both active strategies (e.g., use of NO release) and passive strategies 
(e.g., surface modifications) have been employed to enhance in vivo biosensor perfor-
mance (Bota et al., 2010; Ju et al., 2010; Koschwanez et al., 2008; Sanders et al., 2005; 
Soto et al., 2014; Koh et al., 2011a, 2013). Various strategies including development 
of a polymeric membrane and doping of the biomaterial with antimicrobial agents 
have been employed to overcome FBR, surface fouling, and microbial infection of 
glucose sensors (Lindner et al., 1994; Yoda, 1998; Moussy et al., 1994; Valdes and 
Moussy, 1999; Hendricks et al., 2000; Rojas et al., 2000; Umar et al., 2013; Koh et al., 
2013; Zhang et al., 2013). Many detailed studies have been published on implantable 
glucose sensors (Meyerhoff et al., 1992, 1993, 1994; Soto et al., 2014; Mortellaro and 
DeHennis, 2014; Huang et al., 2013; Ballesteros et al., 2014; Balaconis et al., 2015; 
Koh et al., 2013; Koschwanez and Reichert, 2007). Utilizing NO-releasing PUs is one 
approach used to improve the biocompatibility of these devices.

PUs can address the surface fouling issue associated with in vivo glucose sensors, 
while NO plays a critical role in mediating inflammatory response in addition to 
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being antithrombotic and antibacterial. Gifford et al. used DBHD/N2O2 with a semi-
permeable glucose membrane layer of Tecoflex PU and polydimethylsiloxane. The 
 NO-releasing sensors exhibited excellent in vitro and in vivo performance with sup-
pressed inflammatory response in a rat model (Gifford et al., 2005). Nichols et al. 
reported increase in recovery of in vivo glucose from NO-releasing microdialysis 
probes during a 2 week implantation in a rat model (Nichols et al., 2011). Decreased 
inflammatory cell density and decreased capsule thickness was observed on the probe 
surface.

Hybrid NO-releasing sol–gel particles developed by Schoenfisch received much 
attention for their tremendous chemical flexibility, porosity, and mild synthesis 
conditions (Shin et al., 2004). The NO-releasing sol–gel particles were embedded 
within a PU matrix and used to coat the glucose biosensors. Sol–gels containing 
aminosilanes were coated on platinum electrodes and exposed to high pressure NO 
to convert accessible amine groups to diazeniumdiolate groups. The NO release was 
controlled by varying the amount of diazeniumdiolate-modified sol–gel particles 
in PU. This combination has advantages for coating the sensor as it combines the 
controlled release of NO with the versatility of sol–gel chemistry. Another advan-
tage of this biosensor was that it improved the NO donor sensitivity as well as pro-
vided microencapsulation to the GOx enzyme within the sol–gel. This model with 
an  NO-releasing xerogel fabricated glucose biosensors proved successful in terms of 
reducing bacterial adhesion but with compromised detection sensitivity due to sig-
nificantly limited glucose diffusion. To address this, Oh et al. used an NO-releasing 
xerogel microarray on top of PU sensor membranes but again a reduced sensitivity 
was observed for  NO-releasing micropatterned sensors compared to the correspond-
ing controls (Oh et al., 2005). A significant reduction in FBR and improvement in 
analytical performance of implantable biosensors can be achieved using NO, but 
there is still room for improvement of the NO release chemistry for efficient analyt-
ical performance.

Koh et al. demonstrated the impact of the NO release vehicle and its release 
kinetics on the performance of a glucose sensor by using two NO donor classes 
( N-diazeniumdiolates and RSNOs) in combination with different PUs (Tecoplast 
TP-470-000, Tecophilic HP-93A-100) (Koh et al., 2011b). Glucose sensor membranes 
were prepared using PUs doped with NO-releasing silica particles and then used as 
the outermost coating of a GOx enzyme-based glucose sensor. Such membranes are 
also known to have adequate selectivity over known interferents (Heller and Feldman, 
2008; Wilson and  Gifford, 2005). NO-releasing silica particles were prepared via cocon-
densation of various aminosilanes or mercaptosilane with tetraethoxysilane or tetrame-
thoxysilane followed by diazeniumdiolation of amine-containing particles under high 
pressure of NO. The  NO-releasing silica particles were dispersed in PUs with different 
water uptakes  (Tecoplast TP-470-000, Tecophilic HP-93A-100) and PU topcoats were 
used to further control the release of NO. Using NO donor-modified silica nanoparticles 
the sensors were able to achieve NO fluxes in the range of 5 pmol/cm2/s–2.5 nmol/cm2/s 
for up to 14 days. The result demonstrated that the use of NO donor-modified silica 
nanoparticles resulted in decreased glucose sensitivity by ∼57% as compared to the 
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control. However, this reduction in glucose sensitivity was independent of NO release 
from the membrane, and was not enough to change GOx activity. In addition, H2O2 
permeability through the silica particle-doped films was also reduced by ∼58%, likely 
to the greater thickness of the particle-doped films as compared to the control (14 vs 
2 μm thick).

In an another study, the Meyerhoff group developed NO-releasing needle-type 
glucose sensors with Nafion, 1,3-diaminobenzene, and resorcinol layers to prevent 
interference from other electroactive species present in blood (e.g., acetamino-
phen, ascorbic acid, etc.) (Yan et al., 2011). The sensors were prepared with an 
NO-releasing layer containing lipophilic diazeniumdiolate species (DBHD/N2O2) 
embedded within a layer of PLGA. A top coat of PurSil (copolymer of PU and 
siloxane) was used to prevent leaching of the NO donor compound, as well as 
limit the diffusion of glucose to the enzyme layer. These sensors could release 
NO for more than 7 days above the physiological levels. The sensors were tested 
in vivo for glucose monitoring in an 8 h rabbit model. The reduction of thrombus 
formation due to the NO release improved the accuracy of the continuous glucose 
measurement in blood.

Electrospun fibers have been used as glucose sensor membranes due to their 
mechanical strength and high surface to volume ratio (Teo and Ramakrishna, 2006). 
Wang et al. suggested that the coating of PU electrospun fibers on sensor surfaces 
can be done to modify microsensors having porous membranes (Wang et al., 2013).  
Gifford et al. used a rodent model and suggested that NO fluxes >0.83 pmol/cm2/s 
from needle-type glucose biosensors are required to obtain satisfactory reduction in 
inflammation and improvement in measured glucose accuracy (Gifford et al., 2005). 
The Schoenfisch group developed NO-releasing thin porous PU membrane-coated  
needle-type implantable glucose sensors using Tecophilic HP-93A-100, Tecoflex 
SG-80A, and Tecoplast TP-470 (Koh et al., 2013). The 1,2-epoxy-9-decene-functionalized  
poly(amidoamine) dendrimers were converted to diazeniumdiolates under high pres-
sure of NO for 3 days in the presence of sodium methoxide. Electrospinning was used 
to make NO-releasing dendrimer-doped PU fibers to fabricate a porous mat for sensor 
membranes. The porous NO-releasing PU membranes may reduce the FBR without 
affecting the sensor performance.

To summarize, the results suggest that sustained release of NO from implanted 
PU-based sensors can improve glucose sensing by mitigating the FBR, clot for-
mation, and surface biofouling. It is evident that for successful implementation of 
in vivo glucose sensors, further research in sustaining the release of NO more than 
a few weeks is needed. More chronic animal studies need to be performed where 
the effects of longer term NO release on the FBR and overall quality of sensing 
need to be studied.

14.3.3   Wound healing

A wound can technically be defined as a disturbance in the steady state equilib-
rium between the outermost skin layer (epidermis) and the inner layer (dermis). 
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The definition of wound includes a wide range of damages to the skin, which 
can be as simple as a small cut (heals in 2–3 days) or can be as severe as chronic 
wounds, such as malignant and diabetic foot ulcers, which can take more than 
3 months to heal. There are more than one million annual burn injuries reported in 
the United States and these result in 3500 deaths per year (Horan and Mallonee, 
2003; Runyan et al., 2005). A delay in wound healing not only adds to the suf-
fering of affected individuals but also substantially increases the overall medical 
cost (Fife et al., 2012). Approximately, over $25 billion is spent every year in 
the United States alone for treatment and caring of chronic wounds (Brem et al., 
2007). In fact, the cases of chronic wounds in the United States are as prevalent 
as cases of heart failure (prevalence rate 2%) (Sen et al., 2009; Berry et al., 2001). 
Thus, proper wound management can facilitate faster healing and thus reducing 
the cost of overall treatment.

Chronic wounds are often complicated by bacterial infections, leading to scar 
tissue formation, and delaying the overall wound healing process. The resistance 
developed against antibiotics used during such infection also demands alternative 
approaches for wound management (Stadelmann et al., 1998). A report from the 
American Diabetes Association suggested that 25% of the diabetic population is 
likely to face wound healing issues in their lifetime (American Diabetes Associa-
tion, 2014). Foot ulcers are examples of chronic wounds that, in many cases, may 
lead to the amputation of a lower limb (Driver et al., 2010). In general, the natu-
ral healing of wounds occurs in a complex manner aimed at repairing the dermis 
of skin or other effected organ tissue and typically involves four phases namely 
homeostasis, inflammation, proliferation, and remodeling, which overlap in time 
and do not occur in series (Figure 14.9) (Simon, 2014). Homeostasis involves clot 
formation and collagen interaction with blood, which stimulates platelets to release 

Figure 14.9 Major events that occur during the four phases of wound healing: (a) homeostasis;  
(b) inflammation; (c) proliferation; and (d) maturation and tissue remodeling.
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inflammatory factors (Gabriel et al., 2009). The inflammatory phase involves vari-
ous events aimed toward preventing microbial infection at the injured site. The onset 
of the proliferative phase overlaps with the inflammatory phase and is marked by 
fibroblasts entering the wound site (Falanga, 2004). In addition to active involve-
ment during the inflammatory phase, macrophages also play a crucial role in the 
proliferative phase (in addition to the inflammatory phase) by contributing to regen-
eration (Ovchinnikov, 2008; Newton et al., 2004) and formation of extracellular 
matrix leading to angiogenesis, granular tissue formation, and fibroblast formation 
(Stashak et al., 2004). The final phase of wound healing is maturation and tissue 
remodeling, which begins when there is an equilibrium between collagen produc-
tion and degradation (Greenhalgh, 1998). Depending on the nature of the wound 
(acute or chronic), the maturation phase may take several days, weeks, or even years 
(Schultz et al., 2005; Mercandetti and Cohen, 2008). In the case of chronic wounds, 
the total time taken during wound healing is often unpredictable due to inappropri-
ate progression of the healing process (Midwood et al., 2004; Desmouliere et al., 
2005). The complication underlying the wound healing mechanism demands a strat-
egy that can aid the endogenous wound healing mechanism and enhance the overall 
process. In this regard, the use of smart biomaterials, such as NO-releasing PUs, 
can improve the chronic wound healing process, prevent associated complexity, and 
reduce the overall medical cost.

Modern wound dressings include the use of hydrogels, hydrocolloids, hydrofi-
bers, dextranomers, alginates, and PU foam (PUF) (Rusak and Rybak, 2012). Win-
ter et al. first popularized the concept of enhancement of wound healing in a moist 
environment in the 1960s (Winter, 1962). Hydrophilic PUFs can maintain a moist 
environment, enhance water vapor permeability, increase adsorption of blood, and 
prevent the wound bed from drying out, thus enhancing the overall healing process. 
In 1979, Salisbury et al. reported that PUF accelerates epithelialization of wounds 
(Salisbury et al., 1979). Ruff et al. used PU dressing-assisted epidermal suturing in 
a rat model, which prevented wound infection by acting as a barrier to microbes, 
water, and irritants, and thus helped in minimizing postoperation care (Ruff et al., 
2008). Yoo et al. used PUF for wound healing without any significant side effects 
(Yoo and Kim, 2008).

In multiple studies, NO has been associated with wound healing, thus acting as 
a central player in the process (Witte and Barbul, 2002; Han et al., 2012; Blecher 
et al., 2012; Schäffer et al., 1996; Stechmiller et al., 2005). Furthermore, all three NOS 
enzymes are reported to be associated with the wound healing process (Bulgrin et al., 
1995; Frank et al., 1998; Boissel et al., 2003; Luo et al., 2004). The presence of stable 
derivatives of NO, nitrite and nitrate, in the wound site hints that NO is crucial for 
collagen synthesis and deposition at the site of injury, ultimately providing mechanical 
strength to the tissues (Schäffer et al., 1996; Smith and Dunphy, 1991; Schäffer et al., 
1997a,b). A marked decrease in collagen deposition and strength has been reported 
using inhibitors of NOS, indicating the importance of NO in wound healing (Schäffer 
et al., 1996; Bulgrin et al., 1995). Collagen deposition and fibroblast migration can be 
accelerated by NO-releasing nanoparticles, thus resulting in faster wound healing in 
mice (Han et al., 2012).
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Chronic burn wounds often lead to sepsis that can be lethal (Macherla et al., 2012). 
In fact, among all burn victims the microbial infection rate is approximately 30–63%  
(Holzheimer and Dralle, 2002). Studies have shown that NO possesses antimicro-
bial activity (Jones et al., 2010; De Groote and Fang, 1995; McMullin et al., 2005; 
Weller, 2009; de la Fuente-Núñez et al., 2013; Martinez et al., 2009). There are sev-
eral examples in the literature demonstrating that NO-releasing materials can decrease 
infection in wound sites. Macherla et al. developed stable NO-releasing nanoparticles 
(NO-np) and demonstrated its antifungal activity against Candida albicans in vivo 
using a murine burn model (Macherla et al., 2012). To achieve this, nitrite contain-
ing hydrogel/glass composite was synthesized using glucose, chitosan, polyethylene 
glycol, tetramethyl orthosilicate, and sodium nitrite. Nitric oxide was produced by 
reducing nitrite with thermally generated electrons from glucose within the matrix. In 
another report, Weller presented NO-containing nanoparticles as antimicrobial and an 
enhancer of wound healing (Weller, 2009; Martinez et al., 2009). These NO-np were 
also effective against wound infections caused by Acinetobacter baumannii, which is 
also major cause of nosocomical pneumonia (Mihu et al., 2010). Martinez et al. also 
showed that nitrite-containing hydrogel/glass used for sustained release of NO-np can 
be used to accelerate wound healing in mice by reducing the burden of methicillin 
resistant Staphylococcus aureus (MRSA) at cutaneous wound sites. Furthermore, it 
also resulted in decreased inflammation and collagen degradation caused by MRSA 
(Martinez et al., 2009). Amadeu et al. showed that GSNO-containing hydrogels when 
applied topically to a rat cutaneous wound model affected granulation and accelerated 
wound closure and tissue reepithelialization (Amadeu et al., 2007). Seabra et al. showed 
that topical application of GSNO donors might promote the local vasodilation in both 
diabetic and healthy rats (Seabra et al., 2007). A new NO delivery approach has been 
used in the form of NO-releasing bandages, in which electrospun acrylonitrile-based 
terpolymers fibers were loaded with diazeniumdiolate functional groups in the poly-
mer backbone (Lowe et al., 2015). These wound dressings were shown to upregulate 
gene expression associated with NO exposure (JunB, cFOS, enOS, and VEGF) within 
30 h of application in an excision wound in mice. These results suggested that these 
bandages accelerate wound healing through NO-induced angiogenesis.

Brisbois et al. used DBHD/N2O2-doped PU-based wound patches for preventing bac-
terial growth in a mouse burn wound model (Brisbois et al., 2014). The  NO-releasing 
patches were optimized using two different PUs with different water uptakes, Tecoflex 
SG-80A (6.2 ± 0.7 wt%) and Tecophilic SP-60D-20 (22.5 ± 1.1 wt%), for their effects 
on the NO release from the DBHD/N2O2 chemistry. Varying amounts of DBHD/N2O2 
and PLGA additives were used in this study. PLGA hydrolyzes to form lactic acid and 
glycolic acid, which results in the acidic pH needed to sustain NO release from DBHD/
N2O2-doped polymers. The lower water uptake of the Tecoflex SG-80A slows the hydro-
lysis of the PLGA, resulting in shorter durations of NO release. A mouse model was 
used to observe the effects of the NO-releasing patches on scald burn wounds that were 
inoculated with antibiotic-resistant A. baumannii. The NO-releasing SG-80A patches 
were able to significantly reduce the A. baumannii wound infection (4 log reduction) 
after 24 h of application (compared to controls). Furthermore, there was a significant 
reduction in the expression level of transforming growth factor-β, which is responsible 
for immunosuppression (Varedi et al., 2001) and scar formation (Tredget et al., 1998).
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14.3.4   Catheters

A catheter is a thin, flexible tube (typically extruded) of medical grade polymers that 
have a number of applications in medicine today. Some common materials used for 
catheters today include silicone, latex, Teflon, and PU. Catheters that are inserted into 
the body can enable physicians to treat different diseases, or to perform surgical func-
tions in cardiovascular, urological, gastrointestinal, neurovascular, and ophthalmic 
applications. However, the primary functions of catheters are the removal or supply 
of fluids and/or to allow access for surgical equipment. Catheters may have multiple 
lumens (1–4) in a single device, leading to less tissue trauma from catheter insertion 
sites. These lumens can be used for delivery of other fluids, enable easy access for 
blood sampling, or control accessories on the catheters such as balloons, which are 
used to hold catheters in place. The size of catheters, measured using the French (Fr) 
scale, can vary depending on the application and patient size, where French is three 
times the outer diameter of the catheter in millimeters.

Indwelling catheters pose as a major risk factor for infections, and are among the 
most common hospital-acquired infections (Eggimann et al., 2004). It is estimated 
that up to 150 million intravascular devices are inserted annually in the United States 
alone, leading to 200,000–400,000 nosocomial blood stream infections each year 
(Eggimann et al., 2004). There are multiple factors that contribute to the risk of infec-
tion, including the method and duration of catheterization, quality of catheter care, and 
host susceptibility (Platt et al., 1982; Stamm, 1991). The colonization of bacteria can 
cause infection through a number of pathways; the two most common are colonization 
at the insertion site by microorganisms that move through the transcutaneous part of 
the dermal tunnel surrounding the catheter, and colonization in the internal surface 
and intraluminal surface (Figure 14.10) (Eggimann et al., 2004; O’Grady et al., 2011; 
Gamer et al., 1988). Bacteria adhering to the catheter surface can form biofilms over 
time. Biofilms are formed when the bacteria embed themselves within a polysaccha-
ride matrix that protects them from antibiotic administration. To address this prob-
lem, antibiotic-coated catheters have been designed, but run a high risk of developing 
 antibiotic-resistant strains of bacteria (Ha and Cho, 2006; Johnson et al., 2006; Parker 
et al., 2009; Tambyah, 2004). Silver has also been shown to have antibacterial proper-
ties and has been incorporated in vascular catheters (Geis, 1999; Boswald et al., 1995; 
Münstedt, 1999; Guggenbichler, 1999). An even more life-threatening event can occur 
in vascular catheters when thrombus formed on the catheter is dislodged (van Rooden 
et al., 2005). This loss clot can form an embolism in the lungs, brain, etc., which 
causes further medical complications for the patients and may result in patient death. 
Currently, heparin lock solutions are injected to combat thrombus formation; however, 
this increases the risk of systematic anticoagulation and heparin allergic responses 
(Shah and Shah, 2008).

Nitric oxide has been shown to prevent bacterial infection, as well as thrombus for-
mation (Langford et al., 1994; Radomski et al., 1992; Salas et al., 1994). These attri-
butes have the potential to improve the efficacy of catheter devices. Many combinations 
of polymer chemistries and delivery methods of NO have been investigated (Parker 
et al., 2009; Tambyah, 2004; van Rooden et al., 2005; Regev-Shoshani et al., 2010; 
Kishikawa et al., 2013; Ren et al., 2014; Schoenfisch et al., 2000; Harnek et al., 2011).
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Brisbois et al. incorporated SNAP into Elast-eon E2As, a copolymer of 
 poly(dimethylsiloxane), poly(hexamethylene oxide), and MDI (Brisbois et al., 
2015). The SNAP and control catheters were prepared by dip coating polymer solu-
tions on stainless steel mandrels. The SNAP-doped E2As catheters had a trilayer 
configuration, with base and top E2As coats and a 10 wt%  SNAP-containing middle 
active layer (Figure 14.11). These SNAP/E2As catheters were able to withstand the 
EO sterilization process, retaining 88.8 ± 0.7% of the original SNAP. The NO lost 
during sterilization can be attributed to the elevated temperature and exposure to 
humidity used in the EO sterilization procedure. The SNAP/E2As catheters were 
able to continually release NO at physiological levels (greater than 0.5 × 10−10 mol/
cm2/min) for up to 20 days. The catheters exhibited a higher NO flux on the first 
day of soaking due to the initial water uptake of the polymer and slight leaching of 
SNAP that is on the surface. Even though NO release from the catheters reaches the 
lower end of endothelial NO release, it continues to reduce intravascular thrombo-
sis and bacterial adhesion. The SNAP and control catheters were implanted in the 
jugular veins of sheep for 7 days. The SNAP/E2As catheters had significantly less 
thrombus formation than controls (1.56 ± 0.34 and 5.06 ± 0.64 cm2, respectively) as 
well as a 90% reduction in adherence of living bacteria to the surface as compared 
to control E2As catheters.

Figure 14.10 Scheme depicting some methods by which catheter-related infections can occur 
in patients.
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Another approach for improving the hemocompatibility of catheters is the use of 
NOGen polymers as a coating. A novel strategy where a layer by layer (LbL) depo-
sition method is used to immobilize catalytic organoselenium species was described 
(Cha and Meyerhoff, 2007; Yang et al., 2008). Organoselenium species have been 
studied as mimics of glutathione peroxidase, and are selective for decomposing RSNO 
species (Cha and Meyerhoff, 2007). This LbL method has been used to demonstrate 
the antithrombic effect of NO generation from immobilized organoselenium species 
deposited on PU catheters (Yang et al., 2008). This multilayer approach showed the 
potential to generate NO from endogenous NO precursor, GSNO. The results demon-
strated that the LbL coating possessed catalytic activity even after prolonged contact 
with blood, demonstrating that catalytic sites do not leach. The results suggested that 
there were no toxic effects in the preliminary tests done on mice for systemic toxicity 
following ISO 10993-11 and ISO 10993-12 procedures (Yang et al., 2008). Cai et al. 
demonstrated a similar LbL catalytic coating using another selenium catalyst, carbox-
yl-ebselen, that was coated on PU catheters (Cai et al., 2011). This coating could also 
generate physiological levels of NO from RSNOs without catalyst leaching, and also 
had significant anti-bacterial effect toward Escherichia coli.

14.4   Conclusion

To improve the clinical applications of implantable devices, issues associated with 
their biocompatibility must be addressed. Over the years, there has been a significant 
advancement in the medical device industry. In this regards, PUs have emerged as a 
promising synthetic polymer with many potential applications in biomedical science 
due to their stability, flexibility, tear resistance, abrasion resistance, biocompatibility, 
hemocompatibility, and flexible processing. However, all blood-contacting devices 
face the problem of thrombosis and microbial infection. It has been demonstrated that 

Figure 14.11 Cross section of SNAP-based NO-releasing catheter.
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NO-releasing PUs can improve hemocompatibility by reducing platelet activation and 
infection. In this chapter we discussed some of the applications of NO-releasing PUs 
that have been studied, including intravascular glucose sensors, extracorporeal cir-
cuits, electrospun fibers, wound healing patches, and catheters. The NO-releasing PUs 
are helpful in reducing the FBR, thrombosis, and microbial infection associated with 
biomedical devices. However, clinical applications of NO-releasing PUs have been 
limited by the potential loss of NO during storage and sterilization. Further addressing 
issues related to leaching of NO donors, NO shelf life, and sustaining the release of 
NO will help improve the potential for clinical applications of these materials and 
greatly improve patient outcomes.
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15.1   Vascular tissues: structure, diseases,  
and current treatments

Vascular tissues comprise arteries, capillaries, and veins. Due to the risk and impact 
of vascular diseases in arteries, efforts have been focused on replacement and regen-
eration strategies. Arteries present a complex structure as they are composed of three 
layers, intima, media, and adventitia, each with a different composition and function. 
Additionally, artery composition changes depending on its location.

The intima is the innermost layer and it is composed mainly of endothelial cells 
(ECs). This layer controls the molecular transfer inside the wall, provides antithrom-
bogenicity, and is involved in homeostasis maintenance, muscular tone, and immuno-
genic and inflammatory regulation.

The media is the artery’s middle layer, composed of mainly smooth muscle cells 
(SMCs) in a circumferential arrangement, alternating with elastin sheets and, to a 
lesser extent, collagen fibers. SMCs become contractile in maturity and are responsi-
ble for regulating vessel size. Elastin provides high compliance since it is responsible 
for high arterial deformation capacity at low pressures.

The adventitia is the artery’s outer layer, composed of collagen fibers and fibro-
blasts. Collagen is disposed in a circumferential orientation as corrugated fibers that 
stretch and act at higher pressures, protecting and strengthening the vessel [1,2].

Cardiovascular diseases are the main cause of death worldwide. Every year 17  
million lives are lost due to these diseases, which represent 29% of global deaths [3].

In some forms of heart disease, bypass surgery is the chosen treatment when stenosis 
and thrombosis are severe. Bypass consists of diverting the blood flow from the blocked 
zone to irrigate the rest of the cardiac tissue. Grafts from autologous arteries and veins 
from a human or animal donor are used for this procedure. Autologous grafts are today 
the gold-standard structure to use for bypass. The major saphenous vein and the internal 
thoracic artery (also known as internal mammary artery) are the grafts that have shown 
the best results over the years. However, in some situations, these vessels are not available 
and others are used instead, such as the radial artery, the right gastro-omental artery, the 
inferior epigastric artery, the small saphenous vein, and veins from upper extremities [4].
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Although autologous grafts have good performance, 15% of patients who suffer 
from vascular disease need alternative grafts due to the unavailability of the grafts 
aforementioned. Synthetic grafts are an alternative in these situations. However, those 
used as bypass grafts are stiff and biostable. Tubular structures of poly(ethylene tere-
phthalate) (PET) or Dacron® were introduced in 1957. Dacron® has high crystallinity, 
high elastic modulus, and tensile strength (Table 15.1). These grafts are successfully 
used in aorta bypasses and as large-diameter peripheral grafts. Expanded poly(tetra-
fluoroethylene) (ePTFE) grafts, known by their commercial name Goretex®, also pres-
ent high crystallinity and high stiffness, although both values are lower than those 
in Dacron® grafts. Goretex® is used with excellent results in lower-extremity grafts 
of internal diameters between 7 and 9 mm. Both grafts fail in bypass applications at 
small diameters (<6 mm), mainly due to their poor blood compatibility, high stiffness, 
and compliance mismatch at the anastomotic area. Today, major effort is focused on 
developing small-diameter vascular grafts [5,6].

From 1985 to 2015, little has changed regarding synthetic vascular grafts and 
obtaining a small-diameter vascular graft with biomimetic behavior still poses a great 
challenge. The development of a conduit for bypass surgery that is available off-the-
shelf without prolonged in vitro culture time but with proper mechanical and biologi-
cal properties is at the center of current research in vascular tissue engineering.

15.2   The importance of a biomimetic mechanical  
response

The layered hierarchical structure of natural arteries confers on them a singular 
mechanical behavior [2]. The viscoelasticity of the arterial wall together with blood 
viscosity gives the arterial system a damping characteristic. This helps to avoid a 

Table 15.1 Mechanical performance of natural vessels  
and classical vascular grafts

Natural vessels/vascular graft Mechanical performance References

Coronary artery σ = 0.5–2, ε = 40–100, Eθ = 1–2, Ez = 4–6, 
Pb = 2000, C = 3.39 ± 6.03a

[7,8]

Saphenous vein σ = 1.5–4, ε = 40–100, Eθ = 43, Ez = 130, 
Pb = 1250 ± 500, C = 1.77 ± 1.20a, 
SS = 1.81 ± 0.02

[7,9–11]

Internal thoracic artery σ = 1.5–4, ε = 40–100, Eθ = 2.5–7.5, 
Ez = 12–16, Pb = 2031–4225, C = 5.22a, 
SS = 1.4 ± 0.01

[7,10,12]

Dacron® (PET) σ = 170–180, E = 14,000 [5]
Goretex® (ePTFE) σ = 14, E = 500, C = 0.1 [5,12]

σ, tensile strength (MPa); ε, strain at break (%); E, Young’s modulus (MPa); C, compliance (%/100 mm Hg);  
Pb, burst pressure (mm Hg); SS, suture strength (N).
aValue calculated by the authors from data reported in [13].
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resonance effect in the energy propagation from the heart to the vascular periphery, as 
would occur if the circulatory system were perfectly elastic [14,15].

Arteries are subject to pulsatile internal pressure. The properties of the arterial 
wall depend on the mechanical role of each of its passive (elastin and collagen 
fibers) and active (SMCs) components. These components determine the vessel’s 
elastic, viscous, and inertial properties, though the inertial component is negligi-
ble [16]. Consequently, it is possible to identify the contribution of each compo-
nent to the total elastic response. Collagen and elastin fibers’ Young’s moduli are 
extremely different, and contribute individually to arterial elasticity. Changes in 
elasticity are also observed due to the activation of SMCs and the recruitment of 
collagen fibers, which support arterial wall stresses [14,15,17–20]. Elastin is the 
main contributor to the damping function of the circulatory system. Collagen fibers 
are disposed in such a way that they act to protect the vessel from large deforma-
tion rupture by limiting its circumferential expansion [19–22]. When arteries are 
subject to lower pressures, high compliance and low stiffness are observed. This 
effect is attributed mainly to elastin fibers. As pressure increases, collagen fibers 
are aligned and oriented, reducing artery compliance. Finally, at higher pres-
sures the artery’s mechanical response is predominantly due to collagen, since 
it provides high artery stiffness. This nonlineal behavior is known as a “J” curve  
(Figure 15.1) [16,17,23].

The mechanical behavior and, as a consequence, mechanical properties of its mate-
rials are key factors in vascular tissue engineering graft design. The vascular environ-
ment is subject to cyclic pressure imposed by the heart [24], which also influences 
the behavior of tissues and cells. The implantation of grafts or prostheses interrupts 
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the local hemodynamic and the arterial wall stress distribution at the anastomosis, 
causing mechanical restrictions in the receptor artery during the cardiac cycle [25]. 
Currently, clinically approved vascular grafts exhibit a high failure probability in vivo 
due, in most cases, to a mechanical mismatch with the native artery [24]. This mis-
match causes intimal hyperplasia and a reduction in patency rate [26]. In addition, the 
compliance mismatch between the natural artery and the vascular graft leads to failure 
after long periods of implantation, in particular for small-diameter conduits [23]. The 
mechanical characterization of vascular grafts plays a crucial role in their design and 
development. The properties of importance are failure strength, mechanical compli-
ance, and suture-retention strength, with all of these compared to physiologic values 
[27]. In particular, characterization of blood vessel and/or vascular graft simultaneous 
pressure and diameter are important in vascular graft design. Knowing the vascular 
graft diameter response to internal pressure waves provides important baseline infor-
mation [16,19,28]. Thus, valuable biomechanical properties can be obtained in vitro, 
in which hemodynamic conditions close to those observed physiologically can be 
reproduced [29,30].

15.3   Characterization of mechanical behavior
15.3.1   Uniaxial tensile tests

Uniaxial tensile tests are most commonly performed on vascular grafts to study their 
elastic properties. In particular, the elastic modulus, tensile strength, and elongation at 
break are the properties used to characterize the grafts. Most existing synthetic grafts 
fail when utilized as small-diameter vascular grafts due to their high stiffness and 
lack of compliance at the anastomosis. Therefore, the elastic modulus value should be 
similar to the natural artery being replaced. This response should be measured in vitro, 
in a physiological environment at 37 °C. Since water acts as a plasticizer to many 
polymers [31,32], it is important to measure the elastic properties in the hydrated state. 
Some researchers have characterized the graft properties by presoaking the sample 
before testing [33–35]. However, the use of a physiologic chamber with controlled 
temperature is a more appropriate test environment [7,36]. Taking into account the 
anisotropic nature of natural arteries, it is also important to test the graft in both axial 
and circumferential directions.

15.3.2   Pressure–diameter tests

Arteries are subject to a pulsatile continuous internal pressure, requiring that both 
static and dynamic responses be evaluated. Even though uniaxial tensile tests pro-
vide important information of the graft stiffness and strength, it is very important to 
characterize the mechanical response when grafts are subject to cyclic deformation. 
Internal pressure–diameter measurements make it possible to characterize the graft’s 
stiffness and compliance in a biomimetic way. Different approaches have been used to 
characterize the diameter change when applying an internal pressure. In most cases, a 
continuous inner pressure is applied and the change in the graft diameter is measured 
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with an optical or laser micrometer [35,37–40]. The utilization of a pulsatile pump, 
which acts as an artificial heart mimicking the blood pulse at 37 °C, results in a more 
biomimetic response as recommended by the standard testing guide for cardiovascu-
lar implants and tubular–vascular prostheses [41]. The measurement of the change 
in the graft diameter can be performed with different optical or laser micrometers. 
However, these devices require an open view of the graft that prevents its use in vivo. 
Sonomicrometry determines instantaneous external vessel diameter by means of mea-
suring the flight time of an ultrasound burst between a pair of small transducers. These 
transducers are fixed diametrically opposed on a vessel’s external wall. Since its first 
implementation in 1956 by Rushmer et al. [42], this procedure has been improved and 
refined, becoming a gold standard for in vivo physiological research.

Stiffness and compliance of the grafts are evaluated through different moduli 
(Petterson modulus (EP) or pressure–deformation modulus (EPε), incremental elastic 
modulus (EINC), pressure–diameter modulus (EPD)) and distensibility measurements 
(compliance (%C), stiffness (β), distensibility (D)) [43–45] (Eqns (15.1–15.6)).

 EP = dD · PS − PD

dS − dD

 (15.1)

 EINC = 0.75 · dP

dR
· R2

m

h
 (15.2)

 EPD =
dp

dd
 (15.3)

 %C =
RS − RD

RD

PS − PD

· 104 (15.4)

 β = ln

(
PS

PD

)
· dD

dS − dD

 (15.5)

 D =
CSAS − CSAD

CSAD · (PS − PD)
 (15.6)

where P is the intraluminal pressure; d and R are the diameter and radius at P; PS and 
PD are the internal pressure at systole and diastole; dS and dD, RS and RD are the internal 
diameters and radios, respectively, at PS and PD; Rm is the mean external radius; h is the 
grafts thickness; and CSAS and CSAD are the cross-sectional areas at systole and diastole.

15.3.3   Suture retention and burst pressure tests

Apart from stiffness determination, other mechanical characterizations are required to 
qualify vascular grafts, including suture-retention strength and burst pressure testing. 
The suture-retention strength test aims at determining the force necessary to pull a 
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suture from the prosthesis or cause the wall of the prosthesis to fail. A universal testing 
machine is normally used: the vascular graft is clamped at one end, and at the other 
extremity the suture is inserted 2 mm from the end through one wall of the prosthesis 
to form a half loop [41].

The burst pressure test characterizes the maximum internal pressure, the vascular 
graft resists before failure. The burst test is carried out in the hydrated state using a 
setup similar to that of the pressure–diameter test that allows the system to achieve 
pressures higher than the physiological range (>2000 mm Hg).

15.3.4   Other mechanical tests

The previous tests are used to fully characterize the mechanical behavior of the vascular 
grafts and determine their potential to succeed in vivo. However, other tests have been used 
to provide complementary or equivalent properties using simpler methods. Among these, 
the ring test has been extensively used [46]. This test requires a ring sample that is gripped 
by two pins that are gradually separated until the ring specimen fails. The load-application 
conditions do not resemble the physiological situation; however, a significantly smaller 
specimen is required, which is a major advantage. To estimate the burst pressure from this 
test, Laplace’s law has been applied to the results. The combination of Laplace’s law with 
the ring’s test data using the final internal diameter as the geometry parameter results in a 
good estimation of the vascular graft’s burst pressure, failure strain, and stiffness.

15.4   Polyurethanes for vascular tissue engineering

Natural polymers such as collagen, elastin, and fibrin make up much of the body’s native 
extracellular matrix (ECM), and they were explored as platforms for tissue engineered 
constructs [34,47–49]. Polysaccharides such as chitosan, starch, alginate, and dextran 
were also studied for these purposes. Simultaneously, silk fibroin was widely explored 
for vascular applications due to its higher mechanical properties in comparison to other 
natural polymers, such as fibrin [48]. The utilization of natural polymers to create tis-
sue-engineered scaffolds has yielded promising results, both in vitro and in vivo, due in 
part to the enhanced bioactivity provided by materials normally found within the human 
body [50]. However, their mechanical response is usually below the required values; 
therefore, synthetic polymers have been explored to achieve the desired properties.

Classical synthetic polyesters such as poly(ε-caprolactone) (PCL), poly(l-lactic 
acid) (PLLA), poly(glycolic acid) (PGA), and their copolymers can provide the nec-
essary strength for structural stability, and their scaffolds have been explored for the 
regeneration of blood vessel substitutes [51–53]. However, they are relatively stiff, 
nonelastomeric materials and not ideally suited for engineering of soft flexible tissues 
such as vascular grafts.

The development of soft-tissue engineering needs bioresorbable materials exhib-
iting elastomeric properties. Elastomeric polyurethane (PU) vascular grafts can 
withstand the action of stress and load and undergo an elastic recovery with little 
or no hysteresis. In recent years, biocompatible and biodegradable segmented poly-
urethanes (SPUs) have been studied for applications in the tissue engineering field, 
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such as cardiovascular tissue engineering, musculoskeletal applications (anterior 
cruciate ligament, knee joint meniscus, SMC constructs for contractile muscle), 
and nerve regeneration. Their highly variable chemistry allows the preparation of 
biocompatible materials with controlled physicochemical, mechanical, and biodeg-
radation properties that can be achieved by selecting the appropriate monomers 
and manipulating hard and soft segment contents. Biodegradation into nontoxic 
components can be promoted by the use of aliphatic diisocyanates. Bioresorbable 
polyester soft segments are commonly used to provide hydrolytically labile link-
ages, whereas chain extenders containing easily hydrolyzable bonds increase the 
SPU degradation rate [54].

Surprisingly, bioresorbable SPUs and segmented poly(urethane urea)s (SPUUs) 
have been infrequently used for the fabrication of vascular grafts. Our group reported 
the preparation, characterization, and properties of novel electrospun elastomeric 
polyurethane scaffolds based on bioresorbable SPUs and SPUUs, synthesized from 
PCL, hexamethylene diisocyanate (HDI), and novel chain extenders containing urea 
groups or an aromatic amino acid derivative with ester groups [55]. These polymers 
were chosen for their unique composition and mechanical properties, as well as for 
their promising in vitro biological properties [56,57]. It was shown that the degrada-
tion rate depends on the chemical structure of the chain extenders, as well as on the 
morphology and crystallinity of the materials [58].

Aliphatic polyesters, copolyesters, and natural macromolecules (mainly collagen, 
elastin, fibrin, chitosan, and hyaluronic acid (HA)), as well as their blends, have also 
been used to prepare polymeric-based vascular grafts with tuned mechanical prop-
erties. Couet et al. reported a comprehensive overview of materials that have been 
explored as scaffolds for vascular tissue engineering [59]. The analysis of the mechan-
ical behavior of non-PU-based vascular grafts is beyond the scope of this chapter.

15.4.1   Biodegradable and biostable polyurethane-based 
vascular grafts

As noted before, mechanical mismatch, added to an inadequate biological response, 
constitutes the main cause for failure of small-diameter synthetic vascular grafts. 
These result in unsatisfactory arterial prostheses for diameters smaller than 6 mm 
[60,61] mainly due to their thrombogenicity, lack of support for EC attachment and 
proliferation, and lack of radial compliance. Due to the stringent nature of these 
requirements (i.e., the inhibition of platelet adhesion frequently leads also to EC 
adhesion inhibition), the creation of a small-diameter vascular graft satisfying both 
biological and mechanical requirements has been unsuccessful. Initially, as commer-
cial PUs were mostly aromatic segmented poly(ether urethane)s (SPEUs), these were 
the first and most extensive PUs explored as small-diameter vascular grafts. SPEUs 
commercialized under different trade names as well as many others synthesized for 
research purposes, which contain poly(tetramethylene oxide) (PTMO) as soft seg-
ment, 4,4′-methylene diphenyl diisocyanate (MDI), and 1,4-butanediol (BDO) as 
chain extender, were employed in several studies. This was due to their appropriate 
mechanical properties, durability, and improved blood response. Table 15.2 summa-
rizes the mechanical performance of some selected biostable PU vascular grafts.
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Table 15.2 Some selected biostable polyurethane scaffolds and  
their mechanical characteristics

Scaffold
Fabrication 
technique Mechanical performance References

PTMO:MDI:BDO Electrospinning E = 1.1, ε = 400, σ = 4.9, 
SS = 4.0, C = 6

[62]

PTMO:MDI:BDO Electrospinning Study of the effect of the  
processing parameters on  
the mechanical properties

[63]

Cardiomat 610 Electrospinning Ez = 0.64, Eθ = 0.46, C = 3.4 
(150 rpm); Ez = 0.54, 
Eθ = 0.53, C = 2.6 (3400 rpm)

[64]

Cardiomat 610 Electrospinning E = 0.59, E = 2.43 (DMF/THF 
0/100 and 30/70)

[65]

Tecothane Spin casting/
electrospinning

E = 2.0, ε = 300 [66]

Pellethane® 2363 
80A

Electrospinning Mean Ez = 10.3, Eθ = 26.4, 
εz = 413, εθ = 216

[67]

Pellethane® 2363 
80A

Electrospinning/
UV cross-linking

Pb > 550, C = 6.2 [68]

Pellethane® 2363 
80A

Electrospinning σ = 20.2/20.6, C = 4.1/3.9, 
SS = 2.8 (53% porosity 
mesh); σ = 16.3/15.4, 
C = 7.2/4.9, SS = 2.1 (80% 
porosity mesh) (before/
after 6 month implantation, 
respectively)

[69]

Estane® 5714 Electrospinning/
spray phase 
inversion

T-peel = ∼27 [71]

Texin® Rx85A, 
graphene oxide 
(GO)

Electrospinning SS = ∼2.5, Pb = ∼31000 (0.5% 
GO/Texin®)

[74]

PTMO: 
MDI:BDO—
hyaluronic acid 
(HA)

Flat electrospinning E = ∼6/∼7/∼8, (0% HA, 0.33% 
4.7 kDa HA, 0.33% 9.7 kDa 
HA)

[76]

Selectophore™ Electrospinning E = 5.85, σ = 5.77, ε = 294.5 [77]
Biomer® Dip-coating/salt 

leaching
C = 0.7–27.2 (depending on 

polymer/NaCl ratio)
[79]

Biomer® Dip-coating/salt 
leaching

C = 10.3, 6.8, and 3.6 (before 
implantation, at implant, and 
after 6 weeks of implantation,  
respectively)

[80]

Biomer® Electrospinning Stiffer than PTMO:MDI:BDO, 
with similar compliance 
behavior

[84]
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Biomer® Electrospinning Study of the effect of dimensions 
on mechanical properties

[85]

BioSpan®, Rapa-
mycin (RM)

Electrospinning E = 4.44–3.48 (RM 20% w/w) [86]

PIB–PTMO 
(80:20): 
MDI:BDO

Flat electrospinning E = 0.87, σ = 1.63, ε = 282; 
E = 4.53, σ = 4.70, ε = 129; 
E = 7.83, σ = 6.53, ε = 105 
(21, 35, 40% HS content, 
respectively)

[87]

Polycarbon-
ate:MDI:EDA, 
oligomeric 
silsesquioxane 
(POSS)

Extrusion/phase 
inversion

C = 5.4, SS = 2.5–4.5 [40]

Chronoflex® 80A Electrospinning C = 2.4, Pb = 1680 [90]
Carbothane® 

PC3575A
Electrospinning C = 3.8, Pb = 1330 [90]

Carbothane® 
PC3575A

Electrospinning/
fibers fused by 
heat

C = 6.0, Pb = 2260 [90]

σ, tensile strength (MPa); ε, strain at break (%); E, Young’s modulus (MPa); C, compliance (%/100 mm Hg); Pb, burst 
pressure (mm Hg); SS, suture strength (N); subscript θ, circumferential; subscript Z, tangential; T-peel, peel attachment 
strength (g/mm2).

Annis et al. employed a biostable SPEU based on this formulation (Imperial Chemical  
Industries) to produce 10 mm vascular grafts displaying promising mechanical  
properties by a process of electrospinning [62]. The grafts were characterized by uni-
axial tensile tests in the circumferential direction. Their stress–strain curve was very 
different from that of solid SPEU. Compliance could be controlled by varying the 
thickness of the graft wall. Distention values and suture-retention strengths compa-
rable to those of natural arteries were obtained. The grafts were also tested in vivo, 
where creep and aneurism formation were not observed. The grafts remained flexible 
after 9 months of implantation. In a later work, How and Clarke studied the effect of 
the modification of the electrospinning parameters on the mechanical properties of 
grafts obtained from the same material [63] to obtain compliance values similar to 
those of carotid and femoral arteries. The average longitudinal Young’s modulus (Ez) 
decreased and the average circumferential Young’s modulus (Eθ) increased by increas-
ing mandrel rotation speed. These parameters seemed to be independent of traverse 
speed. Increasing the solution concentration decreased Eθ, but there was no definite 
trend for Ez. It was found that this anisotropy was dependent on the rotational speed 
of the mandrel. Thus, to achieve the same degree of anisotropy smaller diameter grafts 
should be processed at higher rotational speeds.

Matsuda et al. explored solvent effects and rotational speed on the mechani-
cal properties of electrospun grafts obtained from another SPEU based on PTMO, 
MDI, and BDO commercialized under the trade name of Cardiomat 610 (Zeon Kasei 
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Co., Ltd, Tokyo, Japan) [64]. An increase in the N,N-dimethylformamide (DMF)/ 
tetrahydrofuran (THF) ratio led to fiber fusion and a decrease in fiber diameter, leading 
to lower compliance values. An increase in rotational speed led to stiffer, less compliant 
tubes. Another study confirmed that an increase in the DMF/THF ratio significantly 
increased fiber bonding and elastic modulus [65].

Uttayarat et al. prepared a vascular graft through a combination of spin casting and 
electrospinning of Tecothane [66], another aromatic SPEU (Thermedics Inc., Woburn, 
MA, USA). The hybrid graft was composed of an inner layer with aligned micro-
grooves and an outer electrospun layer with random microfibers. The microgrooves 
promoted alignment of a cultured EC monolayer. The average Ez was similar to those 
of the native aorta, but no compliance or burst pressure values were determined.

Grasl et al. prepared electrospun vascular grafts from Pellethane® 2363-80A (Dow 
Chemical Company, Midland, MI, USA), another SPEU based on PTMO, MDI, and 
BDO. Fiber orientation produced due to the use of a rotating mandrel led to a circum-
ferential ultimate tensile strength (σθ) about 2.6 times higher than the longitudinal 
strength (σz) [67]. The graft showed in vitro extensive attachment of ECs providing 
potential antithrombotic behavior. Theron et al. modified Pellethane® with pentenoyl 
groups, which was electrospun into tubular grafts cross linked with UV radiation 
during and after electrospinning [68]. The cross-linked grafts displayed a significant 
improvement in degradation resistance in vitro as well as in their viscoelastic proper-
ties, with a decreased hysteresis and creep, which should assist in preventing aneuris-
mal dilation. Bergmeister et al. prepared Pellethane® small-diameter vascular grafts 
with similar fiber diameters and different pore sizes [69] to study the effect of porosity 
on cellular growth and migration. It was observed that grafts with higher porosity 
exhibited higher cell populations after implantation; while compliance, ultimate ten-
sile strength, and suture-retention strength values remained higher compared to native 
blood vessels for grafts before and after 6 months of implantation in rats.

Soldani et al. employed Estane® 5714 (Lubrizol Advanced Materials, Cleveland, 
OH, USA), another SPEU synthesized from PTMO, MDI, and BDO [70], dusted with 
calcium stearate, to obtain bilayered vascular grafts [71]. The inner layer was prepared 
by electrospinning to support EC attachment while a highly porous outer layer was 
obtained using a spray, phase-inversion method [70]. Adhesion strength between both 
layers was determined by using a T-peel test. The graft contained a homogeneous 
microporous layer firmly attached to the electrospun layer, though optimization of 
mechanical properties was not pursued.

Although Pellethane® and other SPEUs synthesized from the same components 
were chosen in several studies to fabricate cardiovascular implants (involving, in most 
cases, highly porous structures with acceptable biomechanical response), this formu-
lation has been proven to biodegrade in vivo in long-term applications [72]. For this 
reason, the use of Pellethane® has been restricted to short implantation periods. More-
over, it has been suggested that MDI-based PUs release carcinogenic and mutagenic 
aromatic diamines on degradation [73].

Jing et al. employed Texin® Rx85A (Bayer Material Science, Inc.), a medical grade 
biostable MDI-based SPEU, loaded with graphene oxide (GO) in the preparation of 
electrospun vascular grafts [74]. GO provides large numbers of hydrophilic groups 
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with a cytotoxicity that seems to be dependent on concentration. A low content of GO 
may stimulate cell adhesion and proliferation, while higher concentrations can cause 
oxidative stress and loss of cell viability [75]. Grafts were prepared with a maximum 
of 2% GO/SPEU, and surfaces were treated with oxygen plasma to improve the hydro-
philicity of the scaffold. The GO-loaded matrices exhibited higher Young’s modulus 
and ultimate tensile strength values than pure SPEU matrices. A 0.5% GO tubular 
graft was chosen because it promoted the highest human umbilical vein EC (HUVEC) 
adhesion and proliferation, displayed higher suture-retention strength than human 
mammary arteries and human saphenous veins, and had a higher burst pressure than 
carotid arteries and saphenous veins. However, compliance data were not provided. 
Nevertheless, the manufacturer does not recommend Texin® for applications involving 
contact with blood or other body fluids for periods greater than 30 days. In addition, 
the effect of plasma treatment on surface degradation was not explored.

Ruiz et al. obtained flat electrospun meshes from an SPEU series from PTMO, MDI, 
and BDO with different HA contents and molecular weights [76]. The incorporation 
of HA in the SPEU structure resulted in a small increase in Young’s modulus, which 
was independent of HA molecular weight. Both ultimate tensile strength and Young’s 
modulus of all SPEU–HA materials provided a much better approximation to native 
vessels than commercial graft materials (Dacron® and Goretex®). Moreover, these 
materials were shown to reduce protein adsorption, platelet and bacterial adhesion, and 
fibroblast and macrophage proliferation. In addition, SPEUs containing HA supported 
the growth of ECs with a better performance found using lower molecular weight 
HA. Although these HA-modified SPEUs appear to be promising for vascular graft 
applications, their biostability may be reduced due to the increase in hydrophilicity  
caused by the presence of HA.

He et al. prepared electrospun tubular grafts from Selectophore™ (Sigma–
Aldrich, St. Louis, MO, USA), also commercialized under the name of Tecoflex™, 
a  cycloaliphatic SPEU synthesized from PTMO, 4,4′-methylene dicyclohexyl diiso-
cyanate (HMDI) and BDO [77]. Higher fiber diameters and lower porosity values 
were obtained from higher solution concentrations, while adjusting the rotation speed 
led to circumferentially oriented fibers. Moreover, ECs exhibited higher adhesion and 
displayed higher proliferation rates when compared to PTFE surfaces. Though this 
material was described as biostable, thromboresistant, and nontoxic, it was reported to 
display more severe cracking than Pellethane® under accelerated in vitro experimental 
conditions [78].

Segmented poly(ether urethane urea)s (SPEUUs) have been explored as alternatives 
to SPEUs to improve the mechanical properties of vascular grafts. Thus, Biomer®, 
a biostable SPEUU obtained from PTMO, MDI, and a mixture of ethylenediamine 
(EDA) and 1,3-diaminocyclohexane as chain extender (Ethicon Inc., NJ, USA), was 
employed in a number of studies as a biomaterial to obtain porous tubular grafts. Nose 
et al. employed a dip-coating technique and solutions with different Biomer®/NaCl 
ratios and obtained tubular structures with a higher inner porosity [79]. The effect of 
gelatin coating and cross-linking with glutaraldehyde was also studied. These grafts 
provided a wide range of compliance values at constant wall thickness by varying 
the Biomer®/NaCl ratio. In vivo testing revealed that graft patency is dependent on 
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compliance. After 1 year of implantation in dogs, a thickening of both intimal and 
medial layers was observed, increasing graft rigidity. In addition, degradation of the 
SPEUU occurred as early as 6 weeks after implantation, and a decrease in molecular 
weight was observed [80]. This process, together with calcification, led to a significant 
decrease in compliance. Degradation, as for the case of Pellethane®, was attributed 
to the scission of molecular chains due to oxidative degradation of the polyether soft 
segment [81–83]. Annis et al. obtained electrospun tubes [84] and observed that the 
grafts were stiffer than others previously obtained from PTMO:MDI:BDO [63], but 
compliance was not significantly affected by strain or temperature. The compliance–
wall-thickness correlation was similar for both SPEU and SPEUU polymer materials. 
In a series of grafts with constant wall thickness, they became more compliant by 
increasing the diameter. Moreover, grafts with a constant diameter became stiffer with 
an increase in wall thickness [85].

BioSpan® (DSM, Biomedical, Berkeley, CA, USA), is another biostable medical 
grade MDI-based SPEUU that has been explored for vascular graft applications. Han 
et al. developed electrospun BioSpan®–Rapamycin (RM) bilayered grafts to suppress 
local SMC proliferation [86]. This was due to the fact that restenosis remains one of 
the major failure modes after implantation. As expected, Young’s modulus increased 
with higher RM content and lower fiber diameters; thus, they were able to obtain 
values comparable to those of natural arteries. The grafts also exhibited higher failure 
strain than rabbit aortae.

Several formulations have also been explored to improve in vivo stability, together 
with acceptable mechanical properties. In this way, Cozzens et al. obtained a series of 
SPEU employing hydroxypropyl telechelic polyisobutylene (PIB) and PTMO (80:20) 
as soft segments, and MDI and BDO, with different hard segment ratios [87]. The 
PIB-based SPEU displayed superior oxidative stability than PTMO-based SPEU [88]. 
As expected, Young’s modulus and ultimate tensile strength increased and elongation 
at break decreased with higher hard segment content. These materials were electro-
spun as flat meshes and displayed higher mechanical properties than native vessels, 
suggesting that they are promising materials for the production of biostable vascular 
grafts. In this way, compliance and burst pressure should be measured, and all proper-
ties should be studied as a function of implantation time.

A novel segmented poly(carbonate urethane urea) (SPCUU) obtained from poly-
carbonate diol, MDI, and EDA with a 2% load of polyhedral oligomeric silsesqui-
oxane (POSS), SPCUU–POSS, was used to produce vascular grafts [89]. The grafts 
produced by an extrusion, phase inversion method were mechanically characterized 
in vitro and in vivo [40]. Most grafts’ compliance measured in vitro presented a value 
of approximately 5%/100 mm Hg for all pressure ranges studied. However, grafts with 
lower thickness showed an increase in compliance with pressure. This behavior is the 
opposite of that observed in natural arteries. In vivo, compliance was only measured at 
physiologic pressures: the value was 5.4 ± 1.6%/100 mm Hg and was not significantly 
altered after 9 months of implantation in sheep. Natural sheep arteries studied showed 
similar compliance values. The patency rate was found to be 64% and the grafts were 
free of intimal hyperplasia, aneurysm, and calcification, indicating promising proper-
ties for these tubular structures.
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Nezarati et al. evaluated the mechanical behavior of vascular grafts obtained 
from Chronoflex® 80A (Chronoflex, Advan-Source Biomaterials) and Carbothane® 
PC3575A (Carbothane, Lubrizol), two poly(carbonate urethane)s (SPCUs) containing 
MDI and HMDI, respectively [90]. The Carbothane® had a lower initial Young’s mod-
ulus due to its aliphatic hard segments, and an increased compliance, and was selected 
for fabrication into an electrospun vascular graft. The Carbothane® was chosen to 
explore modifications in fiber tortuosity and fiber fusion. Both the reduction in fiber 
tortuosity and the generation of fiber partial fusion mediated by solvent led to higher 
compliance values but also to lower burst pressures. Moreover, fiber fusion gener-
ated by heat treatment led to vascular grafts with both compliance and burst pressure 
exceeding saphenous vein’s autografts.

Approaches to develop vascular grafts from bioresorbable PUs are ongoing, and 
while many laboratory studies have been performed there are hardly any bioresorbable 
PUs available in the market. Table 15.3 summarizes the mechanical performance of 
some selected bioresorbable PU vascular grafts.

Krynauw et al. obtained electrospun small-diameter tubular scaffolds from 
DegraPol® D30, a bioresorbable segmented poly(ester urethane) (SPEsU) that con-
sists of poly[3-(R-hydroxybutyrate)-co-(ε-caprolactone)]–diol (hard segment) and 
poly(ε-caprolactone-co-glycolide)–diol (soft segment). The mechanical properties of 
these grafts were lower than those of native tissues [91].

Our group has obtained electrospun small-diameter tubular scaffolds from previ-
ously synthesized SPEsU (PHD), employing PCL, HDI, and an amino acid-derived 
chain extender (DED, desaminotyrosine diester) [57]. The mechanical properties of 
this electrospun SPEsU were measured under physiological conditions and are listed 
in Table 15.3.

The aliphatic diisocyanates used in most bioresorbable PUs result in a less rein-
forcing hard segment phase than aromatic-based PUs, leading to lower mechanical 
properties. The use of aromatic or diamine chain extenders can strengthen hard seg-
ment interactions due to π-bond stacking or an increase in hydrogen bonding, respec-
tively, providing a better mechanical response. For this reason, the use of segmented 
poly(ester urethane urea)s (SPEsUUs), with higher degrees of microphase separation, 
has been explored as candidates for vascular graft scaffolds.

Han et al. synthesized a SPEsUU from PCL, l-lysine ethyl ester diisocyanate 
(LDI), and l-lysine ethyl ester (LEE) as chain extender [92]. The mechanical proper-
ties of the electrospun tubular scaffolds increased with solution concentration, as the 
fiber diameter was progressively increased. The values of suture-retention strength 
were higher than those of native blood vessels, whereas the burst pressure strength 
was slightly lower. No compliance data were reported. The scaffolds displayed no 
cytotoxicity against L-929 mouse fibroblasts or HUVECs, and in vitro cell attachment 
proved to be successful.

Wagner et al. employed a previously synthesized SPEsUU [93] from PCL, 
1,4-butanediisocyanate (BDI), and putrescine as chain extender, obtaining a vascular 
graft through thermally induced phase separation (TIPS) [94]. The scaffold incorpo-
rated muscle-derived stem cells in vitro using a rotational vacuum seeding device, 
allowing a rapid and uniform cell distribution, while maintaining cell viability without 
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losing cell phenotype. Burst pressure and suture retention were slightly lower than 
those of native arteries, while compliance was not measured. The group also fab-
ricated this material into small-diameter bilayered scaffolds, with an internal layer 
prepared by TIPS, and an external electrospun layer (ES-TIPS) [11]. The ES-TIPS 
scaffold had good layer integration and showed no delamination. The stress–strain 
curve for TIPS-obtained scaffolds displayed an almost linear behavior, whereas the 
one for electrospun scaffolds showed a nonlinear trend, closer to that of native tissues. 
Scaffolds were mechanically anisotropic, showing a circumferential Young’s modulus 
and an ultimate tensile strength comparable to those of native vessels, and intermedi-
ate between grafts formed by TIPS and ES grafts. The circumferential ultimate strain 
was higher for the ES-TIPS grafts when compared to the TIPS grafts, the ES grafts, 

Table 15.3 Some selected biodegradable polyurethane scaffolds  
and their mechanical characteristics

Scaffold
Fabrication 
technique Mechanical performance References

DegraPol® 
D30

Electrospinning E = 1.14, σ = 0.52, ε = 176.8; 
E = 0.43, σ = 0.033, ε = 24.6  
(0 and 34 degree days, 
respectively)

[91]

PCL: 
HDI:DED 
(PHD)

Electrospinning E = 0.56, C = 2.46 Montini- 
Ballarin, 
work 
unpublished

PCL:LDI:LEE Electrospinning σ = 2.82, Pb = 540, SS = 2.48
σ = 7.07, Pb = 1290, SS = 8.38
(8% and 15%, respectively)

[92]

PCL:BDI: 
putrescine

TIPS σ = 2.6, ε = 150, Pb = 2130, SS = 1.3 [94]

PCL:BDI: 
putrescine

Internal layer: 
TIPS/external  
layer: 
electrospinning

E = 1.4, σ = 8.3, ε = 520, Pb = 2300, 
C = 4.6, SS = 3.4

[11]

PCL:BDI: 
putrescine—
MPC

Electrospinning/
MPC plas-
ma-mediated 
modification

σ and ε: higher prior to implanta-
tion, and in the order of native 
rat aorta after implantation.  
C: lower than native tissue, except 
for 4 weeks after implantation.

[101]

PCL:BDI: 
putrescine—
sulfobetaine 
(SB)

Electrospinning E = 4.7, σ = 9.5, ε = 278, C = 7.2; 
E = 2.5, σ = 7.9, ε = 301, C = 4.0; 
E = 3.5, σ = 4.8, ε = 163, C = 5.3 
(for 0, 50% and 75% SB content, 
respectively)

[104]

σ, tensile strength (MPa); ε, strain at break (%); E, Young’s modulus (MPa); C, compliance (%/100 mm Hg);  
Pb, burst pressure (mm Hg); SS, suture strength (N).
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or that of native vessels. The burst pressure and the compliance were on the order of 
the saphenous vein. Cell seeding showed a bulk integration of cells and, overall, this 
approach appeared very promising for tissue engineered vascular grafts.

Several approaches have been explored to reduce the thrombogenicity of polymers 
for applications that require blood contact, such as modification of hydrophilicity 
[95,96], heparinization [97,98], and incorporation of zwitterions [99,100]. Bioresorb-
able SPUs have incorporated phosphorylcholine by surface modification and copoly-
mer blending for vascular applications, displaying good thrombogenicity both in vitro 
and in vivo [37]. Wagner et al. also explored surface modification to improve PU 
blood compatibility. An electrospun vascular scaffold obtained from the previously 
discussed SPEsUU [93] was coated with an MPC (2-methacryloyloxyethyl phosphor-
ylcholine)-based copolymer after surface activation by an ammonia plasma [101]. The 
coated samples exhibited compliance values in the order of native rat aortas after 
4 weeks of implantation but then decreased during the following 8 weeks. Ultimate 
tensile strength and strain were on the order of native rat aorta after an implantation 
period of 12 weeks. Further studies, such as burst pressure tests, should be performed 
to demonstrate the potential use of the grafts as vascular substitutes.

Surface modification can be a possible solution for improving biocompatibility 
and blood response, but its effect may be influenced by degradation. Polyurethanes 
can be designed to incorporate active compounds in their formulation, so that the 
biological response can be maintained during degradation. Surfaces incorporating sul-
fobetaine (SB, a zwitterionic molecule) have displayed a reduction in platelet and 
protein adsorption [102,103]. Wagner et al. employed SB in the synthesis of a series of 
biodegradable SPEsUU, obtained from PCL:SB different ratios, BDI, and putrescine 
[104]. The electrospun SPEsUU with 50% SB content showed mechanical properties 
similar to those of the control SPEsUU (with no SB) under wet conditions. Compli-
ance results were similar to those of saphenous veins, and the burst pressure was not 
measured. The materials also showed decreased enzymatic degradation, and a mark-
edly reduced thrombogenicity in vitro.

15.4.2   Polyurethane blend vascular grafts

Beyond the biocompatibility presented by medical grade and novel synthesized biore-
sorbable PUs, they lack the bioactivity of natural biopolymers such as collagen and 
elastin. In response to this challenge, many authors have blended PUs with natural 
polymers to improve the biocompatibility and bioactivity of vascular grafts. Table 15.4  
summarizes the mechanical performance of some selected vascular grafts based on 
PU blends.

Matsuda’s group employed Cardiomat 610 to develop a microporous SPEU-based 
artificial graft by a computer-aided excimer laser ablation technique. The vascular 
grafts were coated with photoreactive gelatin on the outer and luminal surfaces as 
an artificial ECM for the enhancement of tissue ingrowth [105,106]. The graft’s 
compliant nature was studied by the stiffness parameter (β) in a pressure–diameter 
apparatus. The stiffness of the most compliant graft was close to that of a human cor-
onary artery. The graft’s patency rate was 100% after 24 months implantation in male 
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Table 15.4 Some selected polyurethane-based scaffolds and characteristics

Scaffold Fabrication technique Mechanical performance References

Cardiomat 610, photoreactive gelatin Computer-aided excimer laser 
(KrF) ablation technique

β = 37.7 [105,106]

Cardiomat 610, photoreactive gelatin Coaxial computer-aided excimer 
laser (KrF) ablation technique

βpreimplanted = 9.2, β12-months = 19.6 [23,107]

Selectophore™, PCL, gelatin type B Coaxial electrospinning E0week = 93.36, ε0week = 36, σ0week = 1.67 [108]
E4week = 40.43, ε4week = 130, σ4week = 1.29

Selectophore™, elastin, collagen Blend electrospinning Ecol = 57.32, εcol = 173.35 [109]
Eelas = 20.24, σelas = 7.86, εelas = 112.28
Ecol-elas = 42.32

Tecoflex® EG-80A, gelatin Coelectrospinning σwet = 2.55, εwet = 330, Ewet = 0.5 [31]
Tecoflex® EG-80A, collagen Core–shell electrospinning σ = 3.9, ε = 145.6 [110]
Tecoflex® EG-80A, collagen, chitosan Blend electrospinning σran = 9.38, εran = 9.87, σall = 14.93, εall = 58.92 [111]
PCL:BDI:putrescine, collagen Blend electrospinning σ = 2–13, ε = 160–280 [112]
PCL:BDI:putrescine, phospholipid 

 polymer (PMBU)
Blend electrospinning C = 2.9–4.4, σ = 7–10, E = 5–10, ε = 301–342 [37]

PCL:HDI:1,3-propanediol  
bis(4-aminobenzoate), fibrin  
hydrogel

Electrospinning bonded by 
hydrogel

SS = 1.16, Ez = 0.48, σ = 0.32 [113]

Pellethane®, polyester/spandex Phase separation, yarn knitting C = 1.5–2.5 [38,39]
Chronoflex® AL 80A, PEG Blend electrospinning σ = 7, E = 2, ε = 250 [32]
Chronoflex® AL 80A, PEGMA Blend electrospinning σ = 5.98–12.04, ε = 285–234 [114]
Tecothane TT1074A, PGA mesh Electrospinning Elow-ε = 0.5, Ehigh-ε = 36.09, Pb = 3095 [115]
Selectophore™, PCL Electrospinning σz = 69.95, εz = 255, σθ = 42.5, εθ = 175 [116]

σ, tensile strength (MPa); ε, strain at break (%); E, Young’s modulus (MPa); C, compliance (%/100 mm Hg); Pb, burst pressure (mm Hg); SS, suture strength (N); β, stiffness parameter;  
subscripts: θ, circumferential; Z, tangential; col, collagen; elas, elastin; ran, random; all, alligned.
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Sprague–Dawley rats, with no observation of stenotic or occluded grafts. To obtain a 
more compliant vascular graft that mimics the J-shaped mechanical response of natu-
ral arteries, Matsuda’s group used these microporous SPEU-based artificial grafts to 
design a coaxial double layer compliant vascular graft [23,107]. The device consisted 
of two concentric layers separated by a slight distance from each other. The inner layer 
presented a mechanical response similar to that of natural arteries at lower pressures, 
while the behavior of both layers was similar to the response of natural arteries at high 
pressures. The distance between the layers was fixed to match the deformation level at 
which collagen fibers start to act. A study of the stiffness and J-shaped response change 
on in vivo implantation time was performed. Regenerated neoarterial wall and tissue 
adhesion to the inner tube caused an increase in the graft’s stiffness and impaired the 
J curve with time. At 12 months after implantation a revert-back J curve was observed, 
associated with the deterioration of the SPEU. While these coaxial vascular grafts 
showed an unsatisfactory mechanical response at long implantation times, the design 
is promising for the utilization of other materials and processing technologies.

Gluck et al. produced a coaxial nanofibrous scaffold for vascular tissue engineering 
[108]. A coaxial electrospinning technique was used to obtain fibers with SPEU  
Selectophore™ in their core and blended PCL/gelatin in their sheath. The modulus, 
the tensile strength, and the strain of the coaxial scaffolds dropped after 1 week under 
culture-like conditions. The properties remained steady thereafter over the following 
3 weeks. The inclusion of the SPEU inside the nanofibers adds the necessary elastic-
ity for the mechanical response. Additionally, the SPEU improved the structural and 
mechanical integrity for long-term studies both in vitro and in vivo. Wong et al. studied 
the mechanical properties and cellular interactions of aligned nanofibrous Selecto-
phore™ scaffolds blended with elastin and collagen [109]. The addition of collagen to 
the SPEU resulted in a stiffer scaffold, with increased Young’s modulus and smaller 
failure strain. On the other hand, the addition of elastin to Selectophore™ resulted in 
a more compliant scaffold, with lower Young’s modulus and a reduction in the peak 
stress and strain. The combination collagen/elastin/SPEU resulted in a scaffold with 
mechanical properties that were a combination of the individual proteins. The com-
bination of elastin, which produced a viscoelastic material that could be useful for 
vascular grafts, and collagen, which provided biological signals that increased cell 
proliferation of SMC, resulted in a promising material for cardiovascular applications. 
Both these scaffolds were produced in a flat configuration; therefore only a uniaxial 
tensile test was used and a partial mechanical characterization of the scaffolds was 
performed.

Detta et al. employed Tecoflex® EG-80A to develop a composite SPEU/gelatin 
vascular graft by coelectrospinning [31]. The vascular grafts were characterized by 
tensile tests in both the circumferential and the longitudinal directions. No anisotropy 
on the mechanical properties was observed; however, the grafts presented adequate 
strength, low elastic modulus, and good extensibility. Gelatin fibers increased the 
rigidity of the composite mesh, providing appropriate mechanical properties com-
bined with good cytocompatibility. The ultimate tensile strength and strain to failure 
were higher than those of native human coronary arteries, while elastic modulus was 
comparable to that of coronary arteries. Mo’s group also used Tecoflex® EG-80A and 
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blended it with collagen and chitosan. They developed a coaxial scaffold with collagen  
as the sheath and the SPEU as the core [110]. The tensile properties of the scaffold 
were measured and it was possible to adjust the mechanical behavior of the scaffold 
by changing the SPEU concentration in the coaxial system. In a second study, Huang 
et al. added chitosan to the SPEU/collagen hybrid scaffold [111]. Random and aligned 
nanofibrous scaffolds based on collagen/chitosan/SPEU blends were electrospun to 
mimic the native extracellular matrix. Collagen and chitosan were selected to resem-
ble the native ECM while the SPEU was added to improve mechanical properties of 
the scaffold. However, the mechanical properties obtained were not comparable to 
those of natural arteries. The incorporation of Tecoflex® improved the elasticity of the 
scaffolds, yet the elongation at break was low.

These studies focused on the biological characterization since the purpose of blend-
ing was to improve their bioactivity. Incomplete mechanical characterization was car-
ried out, with some promising results and others out of the range of the properties of 
natural arteries. These studies also used biostable SPEU combined with bioresorbable 
biopolymers and in some cases the increase in graft stiffness after implantation was 
observed due to the lack of remodeling capability. A few studies have been made using 
biodegradable PUs blended with natural polymers.

Wagner et al. employed a biodegradable SPEsUU synthesized from PCL, BDI, 
and putrescine [93] which was blended with collagen and a phospholipid poly-
mer to produce bioactive electrospun vascular grafts [37,112]. The incorporation 
of collagen resulted in a significant decrease in tensile strength, as well as reduc-
tions in initial and 100% elastic modulus. The SPEsUU was also blended with 
a nonthrombogenic bioinspired phospholipid poly-(methacryloyloxyethyl phos-
phorylcholine-co-methacryloyloxyethyl butyl urethane), PMBU. A more complete 
mechanical study was performed, with tensile tests and dynamic compliance mea-
surements. The blend did not significantly modify the tensile strength, breaking 
strain, initial modulus, or 100% modulus and compliance. The mechanical property 
values were amenable to vascular applications with compliance values comparable 
with those of natural arteries.

McMahon et al. fabricated a multicomponent scaffold formed by SPEsUU elec-
trospun mesh layers (intended to mimic the role of arterial collagen fibers) bonded 
together by a fibrin hydrogel matrix (designed to mimic the role of arterial elastic 
fibers) [113]. The biodegradable SPEsUU was synthesized from PCL, HDI, and 
1,3-propanediol bis(4-aminobenzoate) as chain extender. The fibrin hydrogels were 
chosen due to their low stiffness, ideal for mimicking the initial toe region of the 
J curve at low internal pressure. The hybrid vascular grafts were characterized by 
circumferential mechanical tests on ring segments, suture-retention strength, and 
dynamic culture in a bioreactor, after which circumferential strains were estimated. 
The mechanical contribution of each component to the whole graft response was 
studied. The electrospun SPEsUU presented a more rigid J curve, similar to the 
contribution of collagen in natural arteries. The J curve of poly(ethylene glycol) 
(PEG)–fibrin hydrogel was much lower and resembled the elastin response in natural 
arteries. These hybrid vascular grafts displayed J-shaped stress–strain curves, with 
the region of upturning occurring at similar strains as for native human coronary 
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artery. Thus, the vascular graft retained the high tensile strength and suture-retention 
strength of the electrospun mesh but displayed a J-shaped mechanical response  
similar to that of the native coronary artery.

Besides the overall good mechanical behavior of PU-based vascular grafts, occa-
sionally, the ultimate properties of the porous PU grafts are not adequate. Therefore, 
even though these grafts copy elastin’s behavior at lower pressures, the reinforcing 
function of collagen fibers at higher pressures is missing. To obtain a more biomimetic 
mechanical response some authors have blended PUs with other synthetic polymers 
or used reinforcements.

Yang et al. produced a porous PU (Chemical Industry Co. Ltd, Yantai, China) vas-
cular graft with a weft-knitted texture yarn of polyester/spandex blend as reinforce-
ment [38]. To obtain the reinforced PU vascular grafts, glass mandrels of different 
diameter (from 4 to 8 mm) were coated with weft-knitted tubular fabrics. The man-
drels were then immersed in a PU solution, and then placed in a coagulating bath to 
form porous vascular grafts. The graft’s mechanical response was examined in a ring 
test and the circumferential tensile strength was characterized. The reinforced vascu-
lar graft circumferential strength was improved if compared to the control PU porous 
grafts; elasticity, however, was reduced but not significantly. The composite vascular 
grafts combined PU’s good elasticity with the strength of weft-knitted fabrics. No 
other mechanical tests, such as suture-retention strength, dynamic pressure–diameter 
cycling, or burst pressure, were performed. Moreover, the measured circumferential 
properties were not presented in standard units, which makes it difficult to compare 
with the mechanical behavior of natural arteries. Furthermore, both the PU and the 
reinforcement used were biostable. This group continued studying these reinforced 
porous vascular grafts [39]. In a second work Pellethane® 2363-80AE was used and 
the compliance of the grafts was also characterized. Different polyester/spandex rein-
forcement ratios and wall thicknesses were studied. The more compliant vascular graft 
presented a compliance of 2.5%/100 mm Hg. The results showed that the compliance 
value increased by reducing wall thickness.

Wang et al. employed Chronoflex® AL 80A to develop a nanofibrous SPCU/PEG 
vascular graft by electrospinning [32]. The grafts were characterized biologically 
and mechanically; the latter was performed with a tensile test. The authors selected 
PEG to improve the hydrophilicity and nonthrombogenicity properties of the graft, 
but an increase in the tensile strength and elastic modulus was observed when 
incorporating PEG. The SPCU/PEG hybrid scaffolds response in wet conditions 
was elastic and the tensile properties were close to those of human and pig arteries. 
This work lacks a more complete mechanical characterization; however, a complete 
biological study was carried out. Good results regarding platelet adhesion, hemo-
lysis rate, and cell attachment and proliferation were found for the scaffolds con-
taining 20 and 30 wt% PEG content. In a second study, Wang et al. also produced a 
hybrid SPCU electrospun vascular graft, but this time it was blended with poly(eth-
ylene glycol methacrylate) (PEGMA) [114]. The scaffold was photopolymerized 
and cross linked simultaneously during the electrospinning process. The authors 
used the blend to improve the biological properties of the vascular grafts; however, 
they also hypothesized that combining the SPCU with the cross-linking network 
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of PEGMA would give rise to improved mechanical properties. The mechanical 
characterization consisted of tensile testing. The cross-linked SPCU/PEGMA 
hybrid scaffolds presented appropriate mechanical properties combined with good  
cytocompatibility. Nevertheless, a more complete mechanical characterization 
needs to be carried out.

Rapoport et al. developed a modified electrospinning technique to obtain a vascu-
lar graft that mimics the J-shaped mechanical response of natural arteries [115]. The 
authors fabricated an expanding mandrel, which helps to obtain a reinforced graft 
with the undulated collagen fibers. Tecothane TT1074A was first electrospun over the 
mandrel at its smaller diameter. Later, the mandrel was expanded to a larger diameter 
and a reinforcing PGA woven tube was added to the PU layer. Finally, the mandrel 
was taken back to its original size, forcing the PGA layer to form corrugations. The 
mechanical biomimetic J-shaped response was studied by a quasi-static ring test. In 
addition, the burst pressure was analyzed. The vascular grafts presented a low stiffness 
(0.5 ± 0.17 MPa) at small strains, with the modulus increasing to 36.09 ± 6.72 MPa. 
Burst pressure was 3095 ± 1016 mm Hg, which was due to the failure of the reinforc-
ing mesh and not the SPEU inner layer. The work presented a novel technique for 
obtaining a J-shaped mechanical response and a mechanism for adjusting the graft 
properties.

Guo et al. developed an electrospun blended vascular graft [116] from Selecto-
phore™ and PCL. PCL was selected to substantially enhance the strength of the 
SPEU fibers due to its semicrystallinity. The authors emphasized the importance 
of a complete mechanical characterization of the vascular grafts to study their bio-
mimetic behavior. They performed tensile tests in the graft circumferential and 
longitudinal direction, as well as cyclic tensile tests. The vascular grafts presented 
good anisotropic mechanical properties, appropriate porosity, cycling stability, and 
cytocompatibility, which make them a promising replacement for small-diameter 
blood scaffolds. However, the graft’s strength is higher than the strength observed 
for natural arteries, and some other tests like pressure–diameter cycling and burst 
pressure were not performed.

All these studies show the improvement in PU mechanical response when a stiffer 
material is blended or a reinforcement is added to the vascular graft. However, they all 
employed biostable PUs that lack the ability to remodel and biodegrade, which should 
facilitate natural tissue regeneration. Our group has worked with a bioresorbable  
SPEsUU (PHD) with an elastomeric mechanical response similar to that of elastin 
fibers, blended with PLLA, a stiffer and bioresorbable polymer that has a mechanical 
behavior similar to that of collagen fibers [117]. A bilayered electrospun vascular graft 
was developed with two different blend ratios in each layer to mimic the elastin/colla-
gen ratio present in natural coronary arteries. A complete mechanical characterization 
was performed, including uniaxial tensile tests in the circumferential and longitudinal 
directions of the graft, suture-retention tests, and burst pressure assays performed in 
a physiologic chamber at 37 °C and dynamic pressure–diameter tests in a bioreac-
tor (Montini-Ballarin, work unpublished). The bilayered vascular grafts presented a 
J-shaped response and a mechanical behavior similar to that of natural blood vessels, 
such as coronary arteries, radial and internal mammary arteries and saphenous vein.
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15.5   Future trends and perspectives

Recently, bioactive PU tubular scaffolds have been developed. Strategies such as the 
incorporation of single or multiple growth factors, with different delivery profiles, 
surface modification of the graft lumen with antithrombogenic molecules like heparin, 
and even the synthesis and utilization of novel nonthrombogenic polymers have been 
employed. In some studies, the influence of these modifications on mechanical prop-
erties was also examined, along with the graft’s biological properties [33,104,118].

Besides advances in the synthesis and processing of biodegradable PUs conducted 
in recent years, their utilization in small-diameter vascular grafts is still very sparse. 
In addition, there are few studies where a complete characterization of the mechanical 
behavior under physiological conditions was performed.

There is a dilemma about which PU type is more appropriate for long-term 
implantation of vascular grafts. The use of biostable SPEUs has shown oxidative 
degradation and also an increase in graft stiffness after implantation due to the load 
supported by the polymer and new host tissue as well. However, the use of biode-
gradable PUs may also have a weakness. If the tissue that replaces the degrading 
graft does not have the biomechanical properties to support the internal load, the 
development of weak spots after implantation and subsequently aneurism forma-
tion can occur. The synchronization between the degradation rate and the time to 
regenerate new vascular tissue with adequate mechanical behavior is crucial for the 
graft’s success when biodegradable polymers are used. Therefore, it is important 
to evaluate the vascular graft’s mechanical behavior over implantation time. Very 
few works have performed such studies with biostable PUs [107] and even less with 
biodegradable PUs [101].

The development of an off-the-shelf small-diameter vascular graft for bypass sur-
gery with proper mechanical properties and biologic response is still an ongoing issue 
of current research in the field of vascular tissue engineering.
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16.1   Introduction

Bone grafting is required for treatment of open fractures larger than critical size that 
will not heal without a scaffold to support bone ingrowth [1]. While autograft bone has 
long been considered the gold standard, it is limited in availability, and harvesting of 
autograft is a source of donor site morbidity. Synthetic bone grafts are relatively sim-
ple to manufacture, broadly available, and generally lower cost. Ceramics, such as bio-
active glasses [2], calcium phosphate granules [3], and injectable calcium phosphate 
cements [4], have been used extensively for bone grafting due to their similarities in 
chemical composition to the mineral components in bone. Polyurethanes have also 
been investigated as synthetic bone grafts. This family of materials offers the advan-
tages of injectability and settability, tunable mechanical properties, controlled deg-
radation to noncytotoxic breakdown products, and local diffusion-controlled release 
of biologics [5]. Polyurethane bone grafts can be formed as implantable gas-blown 
porous scaffolds [6,7], injectable composites with ceramic particles [8,9], or as drug 
delivery systems [10,11].

This chapter will review polyurethane-derived bone grafts used in orthopedic appli-
cations, such as bone void fillers, bone cements, and osteoinductive  scaffolds. First, 
the term “polyurethane” is defined and polyurethane chemistry specific to bone grafts 
is reviewed. An overview of osteoconductive polyurethane bone cements and bone 
void fillers is presented, including a review of their handling properties, mechani-
cal properties, degradation rates, and preclinical studies. Finally, the incorporation of 
biologics to enhance osteoinductivity or provide antimicrobial  activity is reviewed to 
illustrate the potential of polyurethane-derived grafts for bone regeneration.

16.2   Chemistry of polyurethane bone grafts

The chemistry of polyurethane scaffolds for tissue regeneration has been reviewed [5,12]. 
In this section, polyurethane chemistry relevant to bone scaffolds will be presented.
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16.2.1   Raw materials

16.2.1.1   Polyisocyanates

Polyisocyanates are characterized by multiple dN]C]O functionality and react 
with polyalcohols (polyols), polyamines, or water to form urethane or urea linkages. 
Their chemistry has been extensively reviewed [13,14]. The reactions with polyols 
and polyamines are known as the gelling reaction, since the two liquid components 
react to form a solid cross-linked polymer. The water (blowing) reaction is important 
for the synthesis of polyurethane foams, where the carbon dioxide gas functions as a 
biocompatible blowing agent. While carboxylic acids, ureas, urethanes, and amides 
also react with isocyanates, these reactions are generally much slower and not as 
important for the synthesis of polyurethane bone grafts. Polyurethane bone grafts are 
most frequently synthesized from either lysine- or hexamethylene diamine-derived 
polyisocyanates due to toxicity concerns associated with aromatic polyisocyanates.

16.2.1.2   Polyols

Polyols are multifunctional alcohols with a polyether, polyester, or polycarbonate 
backbone. They are typically viscous liquids with molecular weights ranging from 
200 to 5000 g/mol. The polyol component of the polyurethane significantly affects 
the degradation rate of the final cured polyurethane. Typically, the rate of hydrolytic 
degradation of polyols observes the order polycarbonate < polyether < polyester.

16.2.2   Prepolymers

Prepolymers are frequently used in injectable two-component systems to improve 
handling properties or reduce toxicity. Isocyanate-terminated prepolymers are 
 prepared by reacting an excess of a polyisocyanate with a polyol at 60–90 °C in the 
presence of a urethane catalyst, such as dibutyltin dilaurate. By varying the molar 
ratio of polyisocyanate:polyol, prepolymers with targeted NCO content and average 
molecular weight can be prepared. The NCO content of prepolymers typically ranges 
from 5 to 25 wt%, while less viscous quasiprepolymers typically have NCO content 
exceeding 25% [14].

16.2.3   Reactive liquid molding

Two-component polyurethanes can be fabricated by reactive liquid molding, a process 
in which a polyisocyanate or prepolymer is mixed with a polyol and either injected 
or cast into a mold. The reactive liquid mixture cures after injection to form a solid 
scaffold. Water can be included as a blowing agent to generate carbon dioxide gas and 
consequently form pores [15,16]. To enhance the osteoconductivity and mechanical 
properties of the scaffolds, allograft bone [8,17,18], bioactive glass [19,74], or ceramic 
[9] particles can be added to the reactive polyurethane liquid. Segmented polyurethane 
elastomers, cross-linked cast elastomers, porous cross-linked foams, and cross-linked 
polyurethane/ceramic composites can be processed by reactive liquid molding. If the 
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extent of chemical cross-linking is sufficiently high (functionality  >  2), then the mate-
rial is an insoluble thermoset. Triols and hexols, as well as low molecular weight triol 
and triamine cross-linkers, are commonly used to prepare chemically cross-linked 
polyurethanes [13].

16.3   Bone grafting

When discussing materials used for bone grafting for regeneration, it is important to 
first describe the categories of materials that are generally used for bone tissue regen-
eration. These categories are briefly reviewed below.

16.3.1   Types of bone grafts

16.3.1.1   Bone void fillers

Bone void fillers (BVFs) are used to promote more reproducible healing of metaph-
yseal bone defects. BVFs are designed to fill a large bone void and provide an osteo-
conductive scaffold for new bone formation, thereby preventing failure of fixation, 
supporting alignment of bone articulating surfaces, and preventing formation of 
fibrous tissue (scarring) [20]. In contrast to bone cements, BVFs do not require bone-
like strength, and therefore are used in non-load-bearing metaphyseal bone defects. 
Materials used for BVFs include bone, allograft bone (including demineralized bone 
matrix), ceramics, and synthetic polymers. Polyurethanes are well suited as BVFs 
due to their favorable handling properties (injectability and settability), their ability 
to foam in situ, and their potential for augmentation with mineralized particles to 
enhance the osteoconductivity of the graft.

16.3.1.2   Bone cements

Bone cements are used for metaphyseal bone defects where the mechanical forces that 
the graft will be subjected to require bone-like strength. Bone cements have been com-
monly used in the placement of artificial joints and repair of cortical bone. Calcium 
phosphate cements have been reported to be superior to autograft for reconstruction of 
weight-bearing tibial plateau fractures [21]. Nonresorbable poly(methymethacrylate) 
(PMMA) cements are also frequently used to stabilize vertebral fractures by vertebro-
plasty [22]. Due to their favorable handling properties, tunable degradation, and abil-
ity to reinforce with ceramics, polyurethanes have been investigated as weight-bearing 
bone cements [9, 23–25, 74].

16.3.1.3   Osteoinductive bone grafts

A number of orthopedic procedures, including tibial fractures of the mid-diaphysis 
[26], spine fusion [27], and alveolar ridge augmentation [28], require an osteoin-
ductive agent to ensure predictable and reliable healing. Osteoinductive bone grafts 
are augmented with biologics, such as recombinant human bone morphogenetic 



484 Advances in Polyurethane Biomaterials

protein-2 (rhBMP-2) [29,30], that recruit local osteoprogenitor cells and promote 
their differentiation to osteoblasts. A number of carriers for rhBMP-2 have been 
investigated, including ceramics [31] and an absorbable collagen sponge [32]. How-
ever, these carriers typically result in a bolus release of the drug within the first several 
days. Polyurethanes offer advantageous handling properties and diffusion-controlled 
release, since the powdered drug can be mixed with the reactive liquid polyurethane 
immediately prior to grafting.

16.3.2   Graft requirements

A suitable biomaterial for bone grafts must be osteoconductive to promote cell pro-
liferation and neotissue formation [33]. Most polymers, including polyurethanes, 
are moderately osteoconductive, and thus incorporation of a ceramic component to 
form a composite has been investigated to enhance bone ingrowth. Degradation rate 
and breakdown products must also be considered in biomaterial design. The rate and 
mechanism of degradation should ideally be tailored so that the rate of degradation 
matches that of cellular infiltration and new tissue generation [34]. Premature deg-
radation may lead to the formation of scar tissue, while a material that persists too 
long at the defect site will hinder cells from fully infiltrating the scaffold, preventing 
complete remodeling [35]. The polymer and its degradation products should not cause 
cytotoxic effects that may lead to inflammation at the implantation site, which could 
complicate and delay regeneration [34].

The requirements for mechanical properties depend on the grafting site. While 
BVFs are used only to fill a bone defect with no need for mechanical support, bone 
cements require properties similar to those of the tissue being replaced [36,37]. 
Young’s modulus of trabecular bone ranges from 50 to 300 MPa and the compressive 
strength from 5 to 10 MPa, while cortical bone has a modulus of 10–20 GPa with 
compressive strengths of 130–220 MPa [38] (Table 16.1). Materials lacking mechan-
ical stability fail to support the surrounding tissue, while too high strength can lead 
to stress shielding and initiate resorption around the defect or injury [39]. Scaffold 
strength and stiffness also play a role in progenitor cell differentiation [40,41]. Bio-
materials with mechanical properties close to bone are more likely to influence these 
cells to differentiate to bone-generating osteoblasts [42]. Polymer/ceramic composites 
offer the potential advantage of increased toughness by mixing a brittle ceramic with 
a ductile polymer [43]. Reactive two-component polyurethanes facilitate interfacial 
bonding between the ceramic and the polymer components [44,74], which further 
enhances mechanical properties.

Handling properties are also an important component of graft design. Injectable 
compositions allow for filling of irregular defects using minimally invasive sur-
gical techniques. The initial dynamic viscosity must be sufficiently low to enable 
injection, and the graft must cure in situ within 5–10 min [45]. Implantable grafts 
are suitable for use in many applications where a preformed material can be scaled 
to the appropriate size and implanted in the defect. Implantable polyurethane bone 
grafts can be fabricated by casting, foaming, electrospinning, and other methods 
(Figure 16.1).
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Table 16.1 Mechanical properties of cortical and trabecular bone

Modulus Strength

Compressive Tensile Shear Flexural Compressive Tensile Shear Flexural

Cortical/
compact 
bone

4–25 GPab,c 17–20 GPaa,b 3 GPab 3 GPaa 130–220 MPaa,b 80–150 MPaa,b,d 53–76 MPab,d 150–240 MPac

Trabecular/
cancellous 
bone

50–400 MPab 50–100 MPaa 50–100 MPaa 5–10 MPaa 
(Mugli, 
Anseth)

5–10 MPaa

aMuggli [108].
bKarageorgiou [109].
cGibson [110].
dCowin [111].
Adapted from Muggli et al. [107].
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16.4   Osteoconductive bone grafts

In early experiments, degradable polyurethane scaffolds derived from lysine polyiso-
cyanates and hexamethylene diisocyanate (HDI) were shown to support attachment, 
proliferation, and differentiation of osteoblasts. To enhance the modest osteoconduc-
tivity of polyurethane scaffolds, recent studies have investigated addition of a ceramic 
component. Both polyurethane scaffolds and polyurethane/ceramic composites have 
been shown to support new bone formation in a number of preclinical studies.

16.4.1   Polyurethane scaffolds

Scaffolds synthesized from HDI-derived segmented polyurethane elastomers have 
been reported to support bone healing in an ovine iliac crest defect model [46,47]. 
Chain extenders comprising 1,4-butanediol, 2-amino-1-butanol, 2-mercaptoethyl 
ether, and isosorbide diol [48–50] were investigated, as well as poly(ethylene oxide) 
(PEO), poly(ethylene-b-propylene-b-ethylene oxide) (PEO–PPO–PEO) block copoly-
mers, and poly(caprolactone) macrodiols. Using a salt leaching/phase inversion tech-
nique, porous scaffolds with up to 90% porosity were fabricated from the HDI-derived 

20 kV ×40 500 µm1 µm
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Figure 16.1 Polyurethane composites of nano-HA (a) and (b), commercially available 
 MasterGraft™ (MG) (c), and bioglass fabricated via electrospinning (a), foaming (b) and  
(d), and in situ reactive liquid molding (c).
(a) Mi et al. [59,64]; (b) Liu et al. [63]; (c) Guelcher (unpublished); (d) Rocha de Oliveira 
et al. [73].
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segmented polyurethane elastomers. In vitro calcification of the scaffolds increases 
with increasing hydrophilicity of the macrodiol [49]. When implanted in ovine iliac 
crest defects for 6 months, the scaffolds supported formation of new bone with a 
 calcium-to-phosphorus ratio comparable to that of healthy cancellous bone [47].

Foams and cast elastomers exhibiting mechanical properties ranging from elas-
tomeric to rigid have been prepared from lysine-derived polyisocyanates for inject-
able applications such as bone void fillers and cements [6,23,51–53]. These materials 
utilize liquid short-chain polyols, such as polyesters synthesized by ring-opening 
polymerization of lactide, glycolide, and/or caprolactone monomers, and NCO- 
terminated prepolymers that are liquids above room temperature. Bone cements with 
compressive strengths exceeding 60 MPa have been synthesized from lysine diiso-
cyanate (LDI)-pentaerthyritol prepolymers and glycolic acid–pentaerthyritol polyols 
[23]. Similar cements have also been prepared from lysine triisocyanate (LTI)–PCL 
prepolymers and glycolide–caprolactone–lactide–glycerol polyols [53]. In other stud-
ies, flexible porous foams (>90% porosity) were synthesized from LDI or LTI and 
polyester triols [6,16]. All these materials supported the attachment, proliferation, and 
differentiation of viable osteoblasts.

16.4.2   Composites

16.4.2.1   Calcium phosphates

Polymers are commonly augmented with calcium phosphates to enhance their osteo-
conductivity, considering their similar chemical composition to that of bone. Although 
calcium phosphates have been shown to be osteoconductive and integrate with bone, 
they are generally very brittle due to their ceramic nature [4]. Blending calcium phos-
phates with a ductile polymer has been proposed as an approach for improving the 
strength of the material [54], although a recent review has reported that for many 
polymer/ceramic composites osteoconductivity increases but strength does not [43].

Hydroxyapatite
Hydroxyapatite (HA) is a calcium phosphate mineral with the chemical formula 
Ca10(PO4)6(OH)2. HA-like compounds compose approximately 65% of bone, mak-
ing it an appealing option for a synthetic bone composite [55]. The addition of up 
to 30 wt% HA to a polycaprolactone-based polyurethane scaffold has been shown to 
increase degradation rates both in vitro and in vivo when the particles are only phys-
ically combined with the polymer [56]. HA/polyurethane composites are generally 
used for implantable scaffolds rather than injectable grafts, since it is difficult to main-
tain appropriate viscosities for injectability with high HA content. A recent study cap-
italized on the bone-integrative properties of HA to create a degradable bone adhesive 
that cures in situ for fracture fixation [57]. A moisture-reactive methylene diphenyl 
diisocyanate monomer was reacted with a caprolactone-based polyol to generate a 
porous foam subsequently combined with 1% HA and brushed onto the bone surface. 
The scaffold achieved an elastic modulus comparable to the lower end of cancellous 
bone stiffness, and the strength was increased with the addition of HA as expected for 
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a polymer/ceramic composite [54]. Electrospun HA/polyurethane composites have 
also been used to make fibrous, porous bone scaffolds (Figure 16.2) [58–61]. There  
are discrepancies in the literature in determining the effects of HA on the mechanical 
properties of electrospun composites. One study reported an increase in tensile 
properties, Young’s modulus, and yield strength of the meshes with the incorpora-
tion of HA, while another observed an opposite effect [59,61]. These differences  
could be attributed to the polyurethane used or the properties of the HA particles; 
however, both used micro- and nano-HA and based the conclusion on HA in general. 
Incorporating HA in electrospun polyurethane scaffolds has the ability to increase 
collagen production and has been shown to initiate apatite precipitation, both markers 
of osteogenesis [60,61]. HA has also been incorporated into scaffolds fabricated from 
more conventional methods such as salt leaching, solvent casting, and phase separa-
tion [62–65]. The 20–40 wt% HA composites have been reported to increase in vitro 
protein adsorption and promote mineralization (Figure 16.3) [62,65], and composites 
made by a thermally induced phase-separation technique have stronger compressive 
properties with both nano- and micro-HA than polyurethane alone [64].

Beta-tricalcium phosphate
Beta-tricalcium phosphate (β-TCP) is a highly porous ceramic with chemical and 
physical structures that mimic bone [66,67]. While it is osteoconductive and porous, 
the compressive mechanical properties of β-TCP are considerably lower than those of 
HA [66–69] and it degrades more rapidly than HA [70]. β-TCP has been incorporated 
in both injectable and implantable polyurethane composites to capitalize on its osteo-
conductive properties and overcome weaker mechanical strength [39]. Addition of as 
little as 10 wt% β-TCP increased the modulus and strength of the composites, and the 
composites approach the strength of cancellous bone with incorporation of 70 wt% 

1 µm

Figure 16.2 SEM image of polyurethane/hydroxyapatite nanofiber composite formed by 
electrospinning showing a larger particle protruding from the polymer fiber.
Sheikh et al. [60].
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β-TCP [23,69]. Furthermore, β-TCP/polyurethane composites showed enhanced 
osteoblast attachment and proliferation compared to polyurethanes alone [23,71].

Bioactive glass
Bioactive glasses are synthetic, silicone oxide ceramics with a structure of the form 
Na2dCaOdSiO2dP2O5. Of particular interest in bone tissue engineering is the 45S5 
composition (with respective mole percentages of 24.4, 26.9, 46.1, and 2.6), later 
named Bioglass®, which has been shown to form a very strong chemical bond with 
bone by stimulating growth of a hydroxycarbonate apatite layer on the surface [2].  

Figure 16.3 DNA and ALP activity of polyurethane/hydroxyapatite (PU/HA) composites of 
20 and 40 wt% HA over 24 days.
Yang et al. [65].
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For example, polyurethane scaffolds coated with 45S5 bioactive glass showed good 
polymer–glass bonding and formation of a layer of carbonate-containing apatite 
after 7 days immersion in simulated body fluid compared to >21 days for uncoated  
polyurethane [72]. Histology provides in vivo evidence of new bone growth from a 
polyurethane/45S5 bioactive glass composite 16 weeks postimplantation (Figure 16.4). 
Bioactive glasses generally lack the porosity of calcium phosphates, lending superior 
mechanical properties to their composites. Ryszkowska et al. showed an increase in 
storage modulus of a polyurethane/bioactive glass composite with increasing Bio-
glass® content up to 20 wt%. This increase in mechanical properties was accompa-
nied by an increase in degradation rates compared to the polyurethane alone probably 
due to the presence of silanol groups of the glass on the polymer surface [19]. The 
incorporation of strong bioactive glass nanoparticles has been described to act as a 
reinforcement mechanism for the composites and improves compressive modulus 
up to 25 wt% glass [73]. Bioactive glasses can be functionalized for better polymer 
integration to further improve composite properties. For example, surface polymer-
ization of poly(ε-caprolactone) on the surface of 45S5 bioactive glass particles prior 
to blending with a reactive LTI-derived polyurethane resulted in a two- to five fold 
increase in torsional and compressive properties [74]. These low-porosity compos-
ites supported cellular infiltration and new bone formation at 8 weeks when injected 
into rat femoral condyle defects.

16.4.2.2   Allograft bone

Allograft bone has been very extensively investigated as a commercial bone graft mate-
rial. One of the first studies on the development of an injectable lysine-derived poly-
urethane bone graft investigated an LDI-based carrier for demineralized bone matrix 
[18]. An LDI–poly(p-dioxanone-co-glycolate) prepolymer was mixed with demineral-
ized bone matrix to form a reactive putty. Implantation of the putty in an intramuscular 
site did not elicit an adverse inflammatory response. Several more recent studies have 
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Figure 16.4 Histology of new bone growth from a polyurethane/45S5 bioglass composite 
after 16 weeks in vivo in a rat femoral condyle plug defect (P, polymer; NB, new mineralized 
bone; BG, 45S5 bioglass).
Harmata et al. [74].
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investigated mineralized allograft bone particles as an osteoconductive matrix blended 
with polyurethanes [8,17,24,25,75]. Remodeling of the allograft particles proceeds 
from the outside surface to the interior of the graft by creeping substitution [76,77], 
and therefore the rate of remodeling increases with allograft loading. Remodeling 
is fastest for particles ranging in size from 150 to 500 μm, and slowest for particles 
<100 μm [17,76]. Several studies have investigated allograft/polyurethane compos-
ites as weight-bearing bone grafts [17,24,25]. The biodegradable polyurethane was 
synthesized from a polyester triol and lysine-derived polyisocyanates. By varying the 
molecular weight of the polyol and manipulating the surface chemistry of the allograft 
particles via surface demineralization, compressive modulus and strength values of 
3–6 GPa and 107–172 MPa were achieved, respectively. When implanted in bilateral 
femoral condyle plug defects in New Zealand white rabbits, the composites exhib-
ited resorption of the allograft and polymer components, extensive cellular infiltration 
deep into the interior of the implant, and bone healing at 6 and 12 weeks. At volume 
fractions approaching or exceeding the random close-packing limit, the allograft par-
ticles presented a nearly continuous osteoconductive pathway for cells into the interior 
of the implant. Injectable allograft/polyurethane composites have also been reported 
[8,17,75]. By varying the water concentration, porosities ranging from 30 to 70% were 
achieved. The injectable void fillers exhibited an initial dynamic viscosity of 220 Pa s 
at clinically relevant shear rates (40 s−1), working times from 3 to 8 min, and setting 
times from 10 to 20 min, which are comparable to the properties of calcium phosphate 
bone cements [75]. When injected into femoral plug defects in rats or rabbits, the com-
posites supported extensive cellular infiltration, allograft resorption, collagen deposi-
tion, and new bone formation. While allograft/polyurethane composites have shown 
considerable potential for bone regeneration, it is important to consider that the rate 
of new bone formation must be balanced with polymer degradation. One study exam-
ined this question using settable weight-bearing polyurethane/allograft composites in 
a rabbit femoral condyle defect model [24]. The grafts induced progressive healing 
in vivo, as evidenced by an increase in new bone formation and a decrease in residual 
allograft and polymer from 6 to 12 weeks. However, the mismatch between the rates 
of oxidative and hydrolytic polyurethane degradation, osteoclast-mediated allograft 
resorption, and new bone formation resulted in incomplete healing in the interior of 
the composite. Augmentation of the grafts with rhBMP-2 increased the rate of new 
bone formation to better match the rates of allograft and polyurethane resorption, 
which resulted in more extensive healing at later time points in all regions of the graft.

16.4.2.3   New frontiers

Emerging work on new polyurethane scaffolds aims to enhance osteoconductivity 
and mechanical properties using novel methods and additives. Ionic liquids have 
been proposed to add antibacterial properties to polyurethanes while improving 
mechanical properties and increasing hydrophilicity. 1-butyl-3- methylimidazolium 
hexafluorophosphate ionic liquid blended with a thermoplastic polyurethane 
improved the electrospun fiber morphology and nonwoven mats exhibited 99.9% 
antibacterial efficiency against Escherichia coli and Staphylococcus aureus [78]. 
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This new knowledge could be applied to the design of rigid polyurethanes for bone 
scaffolds with antibacterial properties.

Sunflower oil-based, hyperbranched polyurethane nanocomposites with function-
alized multiwalled carbon nanotubes have been shown to increase tensile strength 
nearly twofold and toughness by about 50%. Early in vitro studies highlight the poten-
tial for these composites to improve osteolytic activity to accelerate bone growth in 
bone tissue engineering applications [79].

16.5   Biologically active bone grafts

Osteoinductive bone grafts are required for healing bone defects that do not heal by 
ingrowth of new bone alone. rhBMP-2 is FDA-approved for fractures of the tibial 
mid-diaphysis, lumber spine fusion, and ridge augmentation/sinus lift procedures. 
However, the collagen carrier for rhBMP-2 promotes a fast release of the drug [80], is 
not injectable, and is not compression resistant [31]. Considering their advantages of 
diffusion-controlled drug release, injectability and settability, and tunable mechanical 
properties, polyurethanes have been investigated as carriers for rhBMP-2.

16.5.1   Local delivery of recombinant human bone 
morphogenetic protein-2

Early work on osteoinductive polyurethane bone grafts utilized ascorbic acid chain 
extenders, which were subsequently released over time as the polymer degraded [15,81]. 
These biomaterials supported sustained release of ascorbic acid for up to 30 days, which 
stimulated osteoblast differentiation in vitro. rhBMP-2 is a growth factor that plays a 
robust role in osteogenesis and the formation of new bone. Local delivery of rhBMP-2 
is achieved commercially using a collagen sponge delivery system; however, there are 
concerns regarding pharmacokinetic mismatch with the osseous wound healing cascade 
and immunogenicity [82]. The pharmacokinetics of delivery of rhBMP-2 from polyure-
thane scaffolds has been investigated as an alternative to the collagen carrier. The release 
of rhBMP-2 from polyurethane scaffolds is biphasic, characterized by a burst followed 
by a sustained release for up to 21 days [10,82,83]. In these studies, the rhBMP-2 powder 
was added to the reactive liquid polyurethane mixture, resulting in encapsulation of the 
drug within the wall of the cured scaffold. Human mesenchymal stem cells treated with 
rhBMP-2-releasing scaffolds showed earlier osteogenic differentiation and mineraliza-
tion compared to cells treated with exogenous rhBMP-2 [82]. Substitution of the poly-
ester triol with PEG increased the release kinetics of rhBMP-2 from polyurethane, likely 
due to the more hydrophilic nature of the polyurethanes incorporating PEG, resulting 
in increased swelling [83]. rhBMP-2 has been incorporated into biodegradable poly 
(lactic-co-glycolic acid) (PLGA) microspheres with both fast and slow release kinetics 
and has demonstrated superior release characteristics to a collagen sponge loaded with 
rhBMP-2 control [10]. With this in mind, further attempts to slow rhBMP-2 release 
kinetics include encapsulation of rhBMP-2 in 1.3 or 114 μm PLGA microspheres that 
are then incorporated in a polyurethane scaffold (Figure 16.5) [10,83]. Small (1.4 μm) 
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microspheres were completely embedded in the 10–100 μm scaffold walls, resulting in 
negligible burst release of rhBMP-2. In contrast, large (114 μm) microspheres were only 
partially embedded in the scaffold walls, resulting in a negligible reduction in the burst 
release compared to encapsulation of the drug in the polyurethane alone. In a rat femoral 
critical-size defect model, minimal new bone formation was observed for the polyure-
thane scaffolds with small microspheres as well as the collagen scaffold, which sup-
ported only a burst release of rhBMP-2. Consequently, a burst followed by a sustained 
release of rhBMP-2 has been proposed as the optimal release kinetics for new bone for-
mation [10,79]. The burst release of rhBMP-2 promotes recruitment of osteoprogenitor 
cells, while the sustained release promotes osteoblastic differentiation.

16.5.2   Local delivery of antimicrobials

16.5.2.1   Antibiotics

The threat of infectious disease is omnipresent in the surgical setting and presents the 
possibility for compromise of healing open fractures or osteomyelitis [84]. Local deliv-
ery of antimicrobials from polyurethane scaffolds has been explored as a strategy for 
prevention of infection [11,85,86]. Tobramycin is an aminoglycoside antibiotic that 
primarily has activity against Gram-negative microorganisms, but notably has activity 
against S. aureus, which is the microorganism most frequently implicated as a cause 
of osteomyelitis [87,88]. Furthermore, local delivery of tobramycin from implanted 

Figure 16.5 In vitro cumulative release of rhBMP-2 from polyurethane (PUR)/PEG scaffolds 
comparing release profiles with and without PLGA encapsulation of the biologic.
Li et al. [83].
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PMMA cement beads has been a clinically utilized therapy for treating infected fractures 
[89]. A significant limitation of PMMA beads is that they must be removed prior to the 
placement of bone graft. Therefore, utilization of a biodegradable polyurethane scaf-
fold with drug-eluting properties would prove advantageous in decreasing the amount 
of necessary surgical procedures. Use of injectable polyurethane incorporating tobra-
mycin encapsulated in PLGA microspheres has demonstrated both space-maintaining 
mechanical properties (compressive moduli of 15–115 kPa) and sustained release of the 
antibiotic for up to 2 weeks [90]. The release kinetics for the polyurethane scaffolds 
were comparable to those of drug releasing PMMA and calcium sulfate bone cements, 
and exceeded the minimum inhibitory concentration (MIC, 4–8 μg/mL) and minimum 
bactericidal concentration (MBC, 16 μg/mL) for tobramycin against S. aureus [91]. The 
addition of PEG to the two-component polyurethane increased the tobramycin release 
kinetics due to the increased hydrophilicity of the polymer [90].

Vancomycin is another antibiotic that may prove to have clinical utility in preventing 
infection when delivered locally from a polyurethane scaffold. Vancomycin is a gly-
copeptide antibiotic that has efficacy against most Gram-positive organisms including  
S. aureus. Vancomycin is unique in that it has been utilized in combatting resistant strains 
of microorganisms, including methicillin resistant S. aureus (MRSA), which can be the 
cause of significant morbidity and mortality. Vancomycin has low release efficiency when 
delivered from PMMA beads or spacers [92–94], and is further limited by the inability 
to achieve sustained release [95,96]. Hydrophobic vancomycin free base incorporated in 
polyurethane scaffolds demonstrated more than 80% release over the course of 8 weeks 
(Figure 16.6) [11]. This study further demonstrated that vancomycin free base had lower 

Figure 16.6 In vitro release of vancomycin from polyurethane (PUR) scaffolds.
Li et al. [11].
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solubility in the polyurethane scaffold compared to the more hydrophilic hydrochloride 
form, which accounted for the more sustained release kinetics. When implanted in a rat 
femoral segmental defect, polyurethane scaffolds augmented with vancomycin free base 
performed comparable to the clinical control of PMMA loaded with vancomycin when 
assessed for bacterial colony forming units found within the soft tissue [11].

Of additional consideration are dual-purpose bone grafts that contain both an 
osteoinductive drug and an antibiotic [97]. The antibiotic protects the graft from 
infection, thereby facilitating the bone regeneration through the osteoinductive 
agent, which also promotes vascularization of the bone graft critical for protecting 
the newly formed bone from further infection. A recent study investigated the effects 
of dual delivery of rhBMP-2 and vancomycin from a porous biodegradable polyure-
thane scaffold implanted in a contaminated rat segmented femoral defect [86]. The 
combination of drugs in the graft did not affect the individual release profiles, with 
each drug maintaining its previously demonstrated release kinetics. In the infected 
rat femoral segmental defect model, the dual-purpose graft demonstrated superior 
bone regeneration to the collagen sponge with rhBMP-2 (clinical control) as assessed 
by μCT and histomorphometry [86].

16.5.2.2   Antibiofilm agents

The role of biofilms, which are bacteria attached to a substratum of extracellular 
polymeric substance, in perpetrating bacterial persistence following administration 
of antibiotics has been increasingly recognized [87]. S. aureus has demonstrated the 
ability to synthesize biofilms that allow for high bacterial tolerance of antimicrobials 
due to limited antimicrobial penetrance and persistent cells within the biofilm. Thus, 
use of agents that hinder biofilm formation and aid in dispersal is an area of active 
research [98–100]. Recent studies have assessed the efficacy of D-isomer amino acids 
(D-AAs) for hindering biofilm formation as well as their effect on osteogenesis and 
new bone formation in vitro and in vivo [101,102]. A composite comprising Master-
Graft™ ceramic Mini Granules and an LTI-derived polyurethane was loaded with 
D-AAs and evaluated in vitro and in vivo. The study found that a 1:1:1 mixture of 
D-Met:D-Pro:D-Phe inhibited S. aureus biofilms at concentrations ≥13.5 mM, but 
osteogenesis and osteoclastogenesis were inhibited at ≥27 mM [102]. In vivo, while 
biofilm was inhibited at D-AA concentrations <50 mM [101], new bone formation 
was not inhibited at concentrations of at least 200 mM [102]. Taken together, these 
studies highlight local delivery of antimicrobials such as antibiotics and biofilm dis-
persal agents from polyurethane bone grafts as an effective strategy for preventing 
infection while promoting new bone formation and healing.

16.5.3   New frontiers

The highly tunable characteristics of polyurethanes have enabled the study of drug 
delivery from scaffolds for the purposes of tissue regeneration. Further investigations 
have explored the delivery of biologics, including siRNA for the purposes of gene 
silencing. One mechanism for delivering siRNA from polyurethane scaffolds has been 
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to use pH-responsive, endosomolytic micellular nanoparticles [103]. siRNA micelles 
achieved 50% silencing of GAPDH in NIH3T3 mouse fibroblasts, thereby demon-
strating the potential for this approach in introducing siRNA for gene silencing. Main-
taining adequate colloidal stability of the siRNA nanoparticles in the reactive liquid 
polyurethane was shown to be critical for achieving good knockdown. A follow-up 
study further demonstrated that siRNA delivery from nanoparticles blocked degra-
dation of proangiogenic transcription factors and achieved an increase in vascular 
volume of 300% and an increase in the mean vascular thickness of 137% [104].

Similarly, cell-based therapies have emerged as a new promising approach for tis-
sue regeneration. As injectable cell delivery carriers, lysine-derived polyurethanes 
offer many advantages including curing without cytotoxic catalysts or UV radiation 
[75,105], supporting cell attachment without cell adhesion peptides [53], tunable 
biodegradability [106], and adjustable mechanical properties ranging from soft tis-
sue to bone. In consideration of these properties, injectable polyurethane scaffolds 
augmented with cells encapsulated in degradable oxidized alginate beads have been 
optimized for cell survivability [107]. The generation of CO2 and heat by the polym-
erization controlled cell survival prior to gelation, while permeability of the polyure-
thane scaffolds influenced cell survival following gelation. Cells survived for up to 
7 days and enhanced new matrix deposition and angiogenesis in vivo.

References

 [1]  Hollinger JO, Kleinschmidt J. The critical size defect as an experimental model to test 
bone repair materials. J Craniofac Surg 1990;1:60–8.

 [2]  Jones JR. Review of bioactive glass: from Hench to hybrids. Acta Biomater 
2013;9(1):4457–86.

 [3]  Jarcho M. Calcium phosphate ceramics as hard tissue prosthetics. Clin Orthop Rel Res 
1981;157:259–77.

 [4]  Bohner M. Design of ceramic-based cements and putties for bone graft substitution. 
Eur Cell Mater 2010;20:1–12.

 [5]  Guelcher SA. Biodegradable polyurethanes: synthesis and applications in regenerative 
medicine. Tissue Eng B Rev 2008;14(1):3–17.

 [6]  Guelcher S, et al. Synthesis, in vitro degradation, and mechanical properties of two- 
component poly(ester urethane)urea scaffolds: effects of water and polyol composition. 
Tissue Eng 2007;13(9):2321–33.

 [7]  Gorna K, Gogolewski S. Preparation, degradation, and calcification of biodegrad-
able polyurethane foams for bone graft substitutes. J Biomed Mater Res A 2003;67: 
813–27.

 [8]  Dumas JE, et al. Synthesis and characterization of an injectable allograft bone/poly-
mer composite bone void filler with tunable mechanical properties. Tissue Eng Part A 
2010;16(8):2505–18.

 [9]  Adhikari R, et al. Biodegradable injectable polyurethanes: synthesis and evaluation for 
orthopaedic applications. Biomaterials 2008;29(28):3762–70.

 [10]  Brown KV, et al. Improving bone formation in a rat femur segmental defect by con-
trolling bone morphogenetic protein-2 release. Tissue Eng Part A 2011;17(13–14): 
1735–46.



497Polyurethanes for bone tissue engineering

 [11]  Li B, et al. Sustained release of vancomycin from polyurethane scaffolds inhibits 
infection of bone wounds in a rat femoral segmental defect model. J Control Release 
2010;145(3):221–30.

 [12]  Santerre JP, et al. Understanding the biodegradation of polyurethanes: from classical 
implants to tissue engineering materials. Biomaterials 2005;26:7457–70.

 [13]  Oertel G. Polyurethane handbook. 2nd ed. (Berlin): Hanser Gardner Publications; 1994.
 [14]  Szycher M. Szycher’s handbook of polyurethanes. Boca Raton: CRC Press; 1999.
 [15]  Zhang J, et al. A biodegradable polyurethane-ascorbic acid scaffold for bone tissue engi-

neering. J Biomed Mater Res A 2003;67:389–400.
 [16]  Guelcher SA, et al. Synthesis and in vitro biocompatibility of injectable polyurethane 

foam scaffolds. Tissue Eng 2006;12(5):1247–59.
 [17]  Prieto EM, et al. Effects of particle size and porosity on in vivo remodeling of setta-

ble allograft bone/polymer composites. J Biomed Mater Res B Appl Biomater 2015; 
103(8):1641–51.

 [18]  Bennett S, et al. Initial biocompatibility studies of a novel degradable polymeric bone 
substitute that hardens in situ. Bone 1996;19(Suppl. 1):101S–7S.

 [19]  Ryszkowska JL, et al. Biodegradable polyurethane composite scaffolds containing Bio-
glass® for bone tissue engineering. Compos Sci Technol 2010;70(13):1894–908.

 [20]  Tay BK, Patel VV, Bradford DS. Calcium sulfate- and calcium phosphate-based bone sub-
stitutes. Mimicry of the mineral phase of bone. Orthop Clin North Am 1999;30(4):615–23.

 [21]  Russell TA, Leighton RK. Comparison of autogenous bone graft and endothermic cal-
cium phosphate cement for defect augmentation in tibial plateau fractures. A multicenter, 
prospective, randomized study. J Bone Joint Surg Am 2008;90(10):2057–61.

 [22]  Verlaan JJ, Oner FC, Dhert WJ. Anterior spinal column augmentation with injectable 
bone cements. Biomaterials 2006;27(3):290–301.

 [23]  Bonzani IC, et al. Synthesis of two-component injectable polyurethanes for bone tissue 
engineering. Biomaterials 2007;28:423–33.

 [24]  Dumas JE, et al. Balancing the rates of new bone formation and polymer degradation 
enhances healing of weight-bearing allograft/polyurethane composites in rabbit femoral 
defects. Tissue Eng A 2014;20(1–2):115–29.

 [25]  Dumas JE, et al. Synthesis of allograft bone/polymer composites and evaluation of 
remodeling in a rabbit femoral condyle model. Acta Biomater 2010;6:2394–406.

 [26]  Swiontkowski MF, et al. Recombinant human bone morphogenetic protein-2 in open 
tibial fractures. A subgroup analysis of data combined from two prospective randomized 
studies. J Bone Joint Surg Am 2006;88(6):1258–65.

 [27]  Glassman SD, et al. Initial fusion rates with recombinant human bone morphogenetic  
protein-2/compression resistant matrix and a hydroxyapatite and tricalcium phosphate/
collagen carrier in posterolateral spinal fusion. Spine (Phila Pa 1976) 2005;30(15):1694–8.

 [28]  McKay WF, Peckham SM, Badura JM. A comprehensive clinical review of recom-
binant human bone morphogenetic protein-2 (INFUSE Bone Graft). Int Orthop 
2007;31(6):729–34.

 [29]  Haidar ZS, Hamdy RC, Tabrizian M. Delivery of recombinant bone morphogenetic pro-
teins for bone regeneration and repair. Part B: delivery systems for BMPs in orthopaedic 
and craniofacial tissue engineering. Biotechnol Lett 2009;31(12):1825–35.

 [30]  Urist MR. Bone morphogenetic protein: the molecularization of the skeletal system. 
J Bone Min Res 1997;12(3):343–6.

 [31]  Herford AS, et al. Recombinant human bone morphogenetic protein 2 combined with an 
osteoconductive bulking agent for mandibular continuity defects in nonhuman primates. 
J Oral Maxillofac Surg 2012;70(3):703–16.



498 Advances in Polyurethane Biomaterials

 [32]  Bessa PC, Casal M, Reis RL. Bone morphogenetic proteins in tissue engineering: 
the road from laboratory to clinic, part II (BMP delivery). J Tissue Eng Regen Med 
2008;2(2–3):81–96.

 [33]  LeGeros RZ. Properties of osteoconductive biomaterials: calcium phosphates. Clin Orthop 
Relat Res 2002;395:81–98.

 [34]  Langer R. Biodegradable polymer scaffolds for tissue engineering. Nat Biotechnol 
1994;12:689–93.

 [35]  Lorden ER, et al. Mitigation of hypertrophic scar contraction via an elastomeric biode-
gradable scaffold. Biomaterials 2015;43:61–70.

 [36]  Hollinger J, Chaudhari A. Bone regeneration materials for the mandibular and craniofa-
cial complex. Cells Mater 1992;2(2):143–51.

 [37]  Hutmacher DW. Scaffolds in tissue engineering bone and cartilage. Biomaterials 
2000;21(24):2529–43.

 [38]  Smith KE, et al. The dependence of MG63 osteoblast responses to (meth)acrylate-based 
networks on chemical structure and stiffness. Biomaterials 2010;31(24):6131–41.

 [39]  Khan Y, et al. Tissue engineering of bone: material and matrix considerations. J Bone 
Joint Surg Am 2008;90:36–42.

 [40]  Dawson E, et al. Biomaterials for stem cell differentiation. Adv Drug Deliv Rev 
2008;60(2):215–28.

 [41]  Engler AJ, et al. Matrix elasticity directs stem cell lineage specification. Cell 
2006;126(4):677–89.

 [42]  Guo R, et al. Fabrication of 3D scaffolds with precisely controlled substrate modulus and 
pore size by templated-fused deposition modeling to direct osteogenic differentiation. 
Adv Healthc Mater 2015;4(12):1826–32.

 [43]  Wagoner Johnson AJ, Herschler BA. A review of the mechanical behavior of CaP and 
CaP/polymer composites for applications in bone replacement and repair. Acta Biomater 
2011;7(1):16–30.

 [44]  Dumas JE, et al. Synthesis, characterization, and remodeling of weight-bearing allograft 
bone/polyurethane composites in the rabbit. Acta Biomater 2010;6(7):2394–406.

 [45]  Dumas JE, et al. Injectable reactive biocomposites for bone healing in critical-size rabbit 
calvarial defects. Biomed Mater 2012;7(2):024112.

 [46]  Gogolewski S, Gorna K, Turner AS. Regeneration of bicortical defects in the iliac crest 
of estrogen-deficient sheep, using new biodegradable polyurethane bone graft substi-
tutes. J Biomed Mater Res A 2006;77:802–10.

 [47]  Gogolewski S, Gorna K. Biodegradable polyurethane cancellous bone graft substitutes in 
the treatment of iliac crest defects. J Biomed Mater Res A 2007;80:94–101.

 [48]  Gorna K, Gogolewski S. In vitro degradation of novel medical biodegradable aliphatic 
polyurethanes based on e-caprolactone and Pluronics with various hydrophilicities. 
Polym Degrad Stab 2002;75:113–22.

 [49]  Gorna K, Gogolewski S. Biodegradable polyurethanes for implants. II. In vitro degrada-
tion and calcification of materials from poly(epsilon-caprolactone)-poly(ethylene oxide) 
diols and various chain extenders. J Biomed Mater Res 2002;60(4):592–606.

 [50]  Gorna K, Gogolewski S. Biodegradable porous polyurethane scaffolds for tissue repair 
and regeneration. J Biomed Mater Res A 2006;79:128–38.

 [51]  Gunatillake PA, Mayadunne R, Adhikari R. Recent developments in biodegradable syn-
thetic polymers. Biotechnol Annu Rev 2006;12:301–47.

 [52]  Adhikari R, Gunatillake PA. Biodegradable polyurethane/urea compositions. (Australia): 
Commonwealth Scientific and Industrial Research Organization; 2004.



499Polyurethanes for bone tissue engineering

 [53]  Guelcher SA, Srinivasan A, Dumas JE, et al. Synthesis, mechanical properties, biocom-
patibility, and biodegradation of polyurethane networks from lysine polyisocyanates. 
Biomaterials 2008;29(12):1762–75.

 [54]  Rezwan K, et al. Biodegradable and bioactive porous polymer/inorganic composite scaf-
folds for bone tissue engineering. Biomaterials 2006;27(18):3413–31.

 [55]  Buckwalter J, et al. Bone biology. J Bone Joint Surg Am 1995;77(8):1256–75.
 [56]  Fu S-Z, et al. In vitro and in vivo degradation behavior of n-HA/PCL-Pluronic-PCL 

polyurethane composites. J Biomed Mater Res A 2014;102(2):479–86.
 [57]  Schreader KJ, et al. A polyurethane-based nanocomposite biocompatible bone adhesive. 

J Appl Polym Sci 2013;127(6):4974–82.
 [58]  Khan A, et al. Preparation and characterization of a novel bioactive restorative compos-

ite based on covalently coupled polyurethane–nanohydroxyapatite fibres. Acta Biomater 
2008;4(5):1275–87.

 [59]  Mi HY, et al. Thermoplastic polyurethane/hydroxyapatite electrospun scaffolds for bone 
tissue engineering: effects of polymer properties and particle size. J Biomed Mater Res 
B Appl Biomater 2014;102(7):1434–44.

 [60]  Sheikh FA, et al. A simple approach for syntheis, characterization and bioactivity of 
bovine bones to fabricate the polyurethane nanofiber containing hydroxyapatite nanopar-
ticle. Express Polym Lett 2012;6(1):41–53.

 [61]  Tetteh G, et al. Electrospun polyurethane/hydroxyapatite bioactive scaffolds for bone tis-
sue engineering: the role of solvent and hydroxyapatite particles. J Mech Behav Biomed 
Mater 2014;39:95–110.

 [62]  Laschke MW, et al. In vitro and in vivo evaluation of a novel nanosize hydroxyapa-
tite particles/poly(ester-urethane) composite scaffold for bone tissue engineering. Acta 
Biomater 2010;6(6):2020–7.

 [63]  Liu H, et al. Hydroxyapatite/polyurethane scaffold incorporated with drug-loaded ethyl 
cellulose microspheres for bone regeneration. J Biomed Mater Res B Appl Biomater 
2010;95(1):36–46.

 [64]  Mi H-Y, et al. Morphology, mechanical properties, and mineralization of rigid thermo-
plastic polyurethane/hydroxyapatite scaffolds for bone tissue applications: effects of fab-
rication approaches and hydroxyapatite size. J Mater Sci 2014;49(5):2324–37.

 [65]  Yang W, et al. Biological evaluation of porous aliphatic polyurethane/hydroxyapatite 
composite scaffolds for bone tissue engineering. J Biomed Mater Res A 2014;103(7): 
2251–9.

 [66]  Gaasbeek RDA, et al. Mechanism of bone incorporation of β-TCP bone substitute in 
open wedge tibial osteotomy in patients. Biomaterials 2005;26(33):6713–9.

 [67]  Giannoudis PV, Dinopoulos H, Tsiridis E. Bone substitutes: an update. Injury 
2005;36(3):S20–7.

 [68]  Sammarco VJ, Chang L. Modern issues in bone graft substitutes and advances in bone 
tissue technology. Foot Ankle Clin 2002;7(1):19–41.

 [69]  Yoshii T, et al. Synthesis, characterization of calcium phosphates/polyurethane com-
posites for weight-bearing implants. J Biomed Mater Res B Appl Biomater 2012; 
100(1):32–40.

 [70]  Oonishi H, et al. Comparative bone formation in several kinds of bioceramic granules. 
Bioceramics 1995;8:137–44.

 [71]  Hutmacher D, et al. Matrix and carrier materials for bone growth factors: state of the 
art and future perspectives. In: Biological matrices and tissue reconstruction. Springer, 
London; 1998. p. 197–206.



500 Advances in Polyurethane Biomaterials

 [72]  Bil M, et al. Bioactivity of polyurethane-based scaffolds coated with Bioglass. Biomed 
Mater 2007;2(2):93–101.

 [73]  de Oliveira AAR, et al. Development of biodegradable polyurethane and bioactive glass 
nanoparticles scaffolds for bone tissue engineering applications. J Biomed Mater Res B 
Appl Biomater 2012;100(5):1387–96.

 [74]  Harmata AJ, et al. Investigating the effects of surface-initiated polymerization of 
ε-caprolactone to bioactive glass particles on the mechanical properties of settable 
polymer/ceramic composites. J Mater Res 2014;29(20):2398–407.

 [75]  Page JM, et al. Biocompatibility and chemical reaction kinetics of injectable, settable 
polyurethane/allograft bone biocomposites. Acta Biomater 2012;8:4405–16.

 [76]  Malinin TI, Carpenter EM, Temple HT. Particulate bone allograft incorporation in regen-
eration of osseous defects; importance of particle sizes. Open Orthop J 2007;1:19–24.

 [77]  Eagan MJ, McAllister DR. Biology of allograft incorporation. Clin Sports Med 
2009;28:203–14.

 [78]  Chenyang X, et al. Novel multifunctional nanofibers based on thermoplastic polyurethane 
and ionic liquid: towards antibacterial, anti-electrostatic and hydrophilic nonwovens by 
electrospinning. Nanotechnology 2015;26(10):105704.

 [79]  Das B, et al. Nanocomposites of bio-based hyperbranched polyurethane/funtionalized 
MWCNT as non-immunogenic, osteoconductive, biodegradable and biocompatible scaf-
folds in bone tissue engineering. J Mater Chem B 2013;1(33):4115–26.

 [80]  Boerckel JD, et al. Effects of protein dose and delivery system on BMP-mediated bone 
regeneration. Biomaterials 2011;32(22):5241–51.

 [81]  Zhang J, et al. Three-dimensional biocompatible ascorbic acid-containing scaffold for 
bone tissue engineering. Tissue Eng 2003;9(6):1143–57.

 [82]  Kim J, Hollinger JO. Recombinant human bone morphogenetic protein-2 released from 
polyurethane-based scaffolds promotes early osteogenic differentiation of human mesen-
chymal stem cells. Biomed Mater 2012;7(4):045008.

 [83]  Li B, et al. The effects of rhBMP-2 released from biodegradable polyurethane/
microsphere composite scaffolds on new bone formation in rat femora. Biomaterials 
2009;30(35):6768–79.

 [84]  Bosse MJ, et al. An analysis of outcomes of reconstruction or amputation after leg- 
threatening injuries. N Engl J Med 2002;347(24):1924–31.

 [85]  Hafeman AE, et al. Local delivery of tobramycin from injectable biodegradable polyure-
thane scaffolds. J Biomater Sci Polym Ed 2010;21(1):95–112.

 [86]  Guelcher SA, et al. Dual-purpose bone grafts improve healing and reduce infection. 
J Orthop Trauma 2011;25(8):477–82.

 [87]  Brady RA, et al. Osteomyelitis and the role of biofilms in chronic infection. FEMS 
Immunol Med Microbiol 2008;52(1):13–22.

 [88]  Carek PJ, Dickerson LM, Sack JL. Diagnosis and management of osteomyelitis. Am Fam 
Physician 2001;63(12):2413–20.

 [89]  Hedstrom SA, et al. Antibiotic containing bone cement beads in the treatment of deep 
muscle and skeletal infections. Acta Orthop Scand 1980;51(6):863–9.

 [90]  Hafeman AE, et al. Local delivery of tobramycin from injectable biodegradable polyure-
thane scaffolds. J Biomater Sci Polym 2010;21(1):95–112.

 [91]  Ambrose CG, et al. Effective treatment of osteomyelitis with biodegradable microspheres 
in a rabbit model. Clin Orthop Relat Res 2004;(421):293–9.

 [92]  Nelson CL, et al. In vitro elution characteristics of commercially and noncommercially 
prepared antibiotic PMMA beads. Clin Orthop Relat Res 1992;(284):303–9.



501Polyurethanes for bone tissue engineering

 [93]  Mader JT, Calhoun J, Cobos J. In vitro evaluation of antibiotic diffusion from antibiotic- 
impregnated biodegradable beads and polymethylmethacrylate beads. Antimicrob Agents 
Chemother 1997;41(2):415–8.

 [94]  Adams K, et al. In vitro and in vivo evaluation of antibiotic diffusion from antibiotic- 
impregnated polymethylmethacrylate beads. Clin Orthop Relat Res 1992;(278):244–52.

 [95]  Adams CS, et al. Controlled release of vancomycin from thin sol-gel films on implant 
surfaces successfully controls osteomyelitis. J Orthop Res 2009;27(6):701–9.

 [96]  Ruiz JC, et al. Polypropylene grafted with smart polymers (PNIPAAm/PAAc) for load-
ing and controlled release of vancomycin. Eur J Pharm Biopharm 2008;70(2):467–77.

 [97]  Wenke JC, Guelcher SA. Dual delivery of an antibiotic and a growth factor addresses 
both the microbiological and biological challenges of contaminated bone fractures. 
Expert Opin Drug Deliv 2011;8(12):1555–69.

 [98]  Hochbaum AI, et al. Inhibitory effects of d-amino acids on Staphylococcus aureus bio-
film development. J Bacteriol 2011;193(20):5616–22.

 [99]  Jennings JA, Courtney HS, Haggard WO. Cis-2-decenoic acid inhibits S. aureus growth 
and biofilm in vitro: a pilot study. Clin Orthop Relat Res 2012;470(10):2663–70.

 [100]  Folsom JP, Baker B, Stewart PS. In vitro efficacy of bismuth thiols against biofilms formed 
by bacteria isolated from human chronic wounds. J Appl Microbiol 2011;111(4):989–96.

 [101]  Sanchez CJ, et al. Effects of local delivery of d-amino acids from biofilm-disper-
sive scaffolds on infection in contaminated rat segmental defects. Biomaterials 2015; 
34(30):7533–43.

 [102]  Harmata AJ, et al. D-amino acid inhibits biofilm but not new bone formation in an ovine 
model. Clin Orthop Relat Res 2015;473(12):3951–61.

 [103]  Nelson CE, et al. Sustained local delivery of siRNA from an injectable scaffold. Biomaterials 
2012;33(4):1154–61.

 [104]  Nelson CE, et al. Tunable delivery of siRNA from a biodegradable scaffold to promote 
angiogenesis in vivo. Adv Mater 2014;26(4):607–14, 506.

 [105]  Nguyen KT, West JL. Photopolymerizable hydrogels for tissue engineering applications. 
Biomaterials 2002;23(22):4307–14.

 [106]  Hafeman AE, et al. Characterization of the degradation mechanisms of lysine-derived 
aliphatic poly(ester urethane) scaffolds. Biomaterials 2011;32(2):419–29.

 [107]  Guo R, et al. A transient cell-shielding method for viable MSC delivery within hydropho-
bic scaffolds polymerized in situ. Biomaterials 2015;54:21–33.

 [108]  Muggli DS, Burkoth AK, Anseth KS. Crosslinked polyanhydrides for use in ortho-
pedic applications: degradation behavior and mechanics. J Biomed Mater Res 
1999;46(2):271–8.

 [109]  Karageorgiou V, Kaplan D. Porosity of 3D biomaterial scaffolds and osteogenesis. Bio-
materials 2005;26(27):5474–91.

 [110]  Gibson LJ. The mechanical behaviour of cancellous bone. J Biomech 1985;18(5):317–28.
 [111]  Cowin, S.C., Bone mechanics. 1989: CRC.



Advances in Polyurethane Biomaterials. http://dx.doi.org/10.1016/B978-0-08-100614-6.00017-2
Copyright © 2016 Elsevier Ltd. All rights reserved.

Antimicrobial nanostructured 
polyurethane scaffolds
S. Chung1, T.J. Webster1,2*
1Northeastern University, Boston, MA, USA; 2Center of Excellence for Advanced Materials 
Research, King Abdulaziz University, Jeddah, Saudi Arabia
*Corresponding author: th.webster@neu.edu

17

17.1   Introduction

Polyurethanes (PUs) have been used as a biomaterial for many years due to their  
excellent mechanical properties, biocompatibility, and adaptability (Coury et al., 1988).  
For example, traditional medical applications of PUs involve catheters, transdermal 
patches, transient cardiovascular devices, and intraaortic balloon pumps, among oth-
ers (Chen et al., 2013).

In recent years, PUs have been used increasingly as tissue engineering scaffolds 
(Jia et al., 2013; Keck et al., 2013; Mi et al., 2014; Tsai et al., 2015). Because of the 
uniquely segmented structure of PUs, many diverse materials that are suitable to a num-
ber of tissue engineering applications may be obtained. Due to the increase in antibi-
otic-resistant microbes, the need for scaffolds with antibacterial properties has become 
paramount to reduce the dosage of oral antibiotics needed to prevent infection. This 
chapter discusses common techniques for constructing these scaffolds, strategies to 
impart antibacterial properties, and copolymer blends used to construct these scaffolds.

17.2   Techniques for constructing polyurethanes  
scaffolds

There are many techniques that may be used for constructing PU scaffolds. For the 
purposes of this chapter, only the most commonly used techniques will be briefly 
discussed. These techniques are solvent casting/particle leaching (SC/PL), thermally 
induced phase separation (TIPS), melt molding, gas foaming, emulsion freeze drying, 
electrospinning, and hydrogels (Table 17.1). Examples of the latest research on these 
fabrication methods will be discussed below.

17.2.1   Solvent casting/particle leaching

Solvent casting is likely the most basic technique for creating a polymer scaffold 
(Janik and Marzec, 2015). First, the PU is dissolved in a solvent such as dimethyl-
formamide (DMF) and tetrahydrofuran (THF) and then casted onto a mold to pro-
duce a scaffold. Then, when the solvent evaporates, which may be accomplished by 



504
A

dvances in Polyurethane B
iom

aterials
Table 17.1 Summary of common tissue engineering scaffolds for polyurethanes fabrication

Fabrication 
technique Advantages Disadvantages Pore sizes (μm) Porosity (%) Applications References

Solvent casting: 
particle 
leaching

Does not require spe-
cialized equipment

Optimization 
needed for high 
porosity without 
loss of mechani-
cal properties

Particles difficult to 
leach

May leave residual 
solvent

100–400 >70 Soft tissue  
engineering: 
coronary arteries, 
bone

Farè et al. (2007), 
Laschke et al. 
(2010), Rogers 
et al. (2013), 
Ryszkowska et al. 
(2010), and Sin 
et al. (2010)

Thermally 
induced 
phase 
separation

Good control of pore 
size and structure

Difficult to obtain 
pore size 
>200 μm

36–203 >80 Cardiovascular, 
bone

Guan et al. (2005), 
Mi et al. (2014), 
and Saad et al. 
(1996)

Melt molding Easy scale up
No solvents

Nonporous layer on 
the surface

Residual porogens 
in the scaffold

Requires high 
operating 
temperatures

30–450 64–88 HA, bone Haugen et al. (2004) 
and Shokrolahi 
et al. (2011)

Electrospinning Fiber morphology 
and geometry 
easily controlled

Drug loading  
widely investigated

Small pore sizes
Small thickness

0.007–1.5 15–99 Vascular, bone, 
neural, tendon/
ligament, wound 
dressing

Demir et al. (2002), 
Sheikh et al. 
(2009), and Sill 
and Recum (2008)
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Hydrogel Does not require  
specialized 
equipment

Easily customizable 
based on monomer 
and cross-linking 
agent concentration

Low mechanical 
properties

Shrinkage when 
dried

>10 15–99 Wound dressing, 
optical, cartilage, 
bone, smooth 
muscle

Butcher et al. (2014) 
and Drury and 
Mooney (2003)

Gas foaming No solvent Difficult to control 
pore size

50–2000 >75 Bone Gorna and  
Gogolewski 
(2006), Kim et al. 
(2012), and Parks 
and Beckman 
(1996)

Emulsion freeze 
drying

Requires less solvent
Does not require the 

drying and leaching 
of porogen

Emulsions may 
be unstable and 
may require 
the addition of 
surfactants

10–300 >80 Hsu et al. (2014) and 
Jiang et al. (2010)
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air-drying, vacuum-drying, or freeze-drying methods, the polymer remains, forming 
a 3D structure in the shape of the mold. This process may be combined with particle 
leaching to produce a porous structure. The addition of solid particles, usually salts, to 
the polymer solution will result in a suspension with solid particles dispersed through-
out the solution after solvent evaporation. Immersion in water will then remove the 
salts, resulting in a porous structure.

The major advantage of this technique lies in its simplicity, because this technique 
does not require access to any specialized equipment. However, there are a number 
of drawbacks to this technique. Optimization is needed to obtain a material with high 
porosity without significant loss of mechanical properties. In addition, particles may 
be difficult to leach out from a thick material. Finally, contact with residual organic 
solvents, such as DMF and THF, may induce toxicity to cells and to other biological 
molecules.

17.2.2   Thermally induced phase separation

Similar to SC/PL, TIPS requires the use of solvent to dissolve the PU (Janik and 
Marzec, 2015). Liquid–liquid separation may be achieved by reducing the tempera-
ture to below the solvent’s freezing point, forming two phases, a polymer-rich phase, 
which solidifies, and a polymer-poor phase, which crystallizes. The crystals can then 
be removed to generate a highly porous structure. The main advantage to this tech-
nique is the ability to control the pore size and structure by varying preparation condi-
tions (Martínez-Pérez et al., 2011). The shape of the pore may be controlled through 
a modified TIPS method called the directional thermally induced phase separation 
(dTIPS). Phase separation is carried out by maintaining a uniaxial temperature gradi-
ent through insulation of side walls of the polymer mold, which also increases ther-
mal conductivity throughout the solution. dTIPS allows for the formation of an array 
of parallel microtubules and microchannels as well as an array of straight parallel 
channels with side tubular branches (Ma and Zhang, 2001; Mandoli et al., 2010). In 
contrast, classical TIPS does not have uniaxial temperature gradients, and thus the 
pore structures are generated randomly. Various morphologies of the scaffold may be 
obtained by adjusting TIPS parameters such as polymer composition, solvent ratios, 
and polymer concentration (de Lima and Felisberti, 2009; Luo et al., 2008).

The main disadvantage to the TIPS technique is that it is difficult to obtain pore 
sizes above 200 μm and to control the micro- and macrostructure of the scaffold 
(Thomson et al., 2000). Recent efforts have combined TIPS with PL to better control 
pore structures either by leaching out the solid particles or by using a polymer-poor 
phase (Gorna and Gogolewski, 2006; Heijkants et al., 2008; Podporska-Carroll et al., 
2014).

17.2.3   Melt molding

Melt molding shares many similarities with TIPS and SC/PL. The starting materials 
include polymeric compounds with porogens, particles used to make pores, which are 
then placed inside a mold. In contrast with TIPS, the polymer used is solid, granulated, 
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or powdered and forms a scaffold to the shape of the mold after heating above the 
polymer’s glass transition temperature (Tg) at an elevated pressure (Thomson et al., 
1995). Using the same PL techniques from SC/PL, the porogen is leached out, form-
ing a porous PU scaffold.

Melt molding is very advantageous for industrial applications and scale-up. Among 
different processes for creating porous scaffolds, melt molding is the most conve-
nient and rapidly produces structures with varying shapes and sizes (Hou et al., 2003).  
Additionally, melt molding does not require organic solvents to create scaffolds (Haugen  
et al., 2004), further easing the production processes for scaffolds fabricated by melt 
molding.

Melt molding has a number of limitations and disadvantages. Melt molding creates 
nonporous layers on the surface and likely leaves behind porogen compounds in the 
scaffold, due to the difficulty in leaching out the particles. The fabrication process 
requires high operating temperatures (Leong et al., 2003).

17.2.4   Electrospinning

Electrospinning is a common approach for fabricating PU scaffolds. The process of 
electrospinning usually involves the use of a polymer solution in a solvent; a high 
voltage is applied to the solution, causing the polymer solution to become charged and 
stretching the liquid into what is known as the Taylor cone. Eventually, the induced 
electrostatic repulsion reaches a critical limit and overcomes the surface tension of the 
liquid, and the polymer solution then travels toward a charged collector; and as the sol-
vent evaporates, the dried polymers deposit onto the collector in a randomly oriented 
fashion, although the use of rotating collectors may align fibers in specific geometries 
(Teo and Ramakrishna, 2006). Groups have also utilized melt electrospinning, a pro-
cess where a polymer melt is electrospun by cooling the electrified jet causing it to 
solidify, forming, solvent-free fibrous scaffolds (Karchin et al., 2011). Thermoplastic 
PUs (TPUs) have also been electrospun in recent years (Mi et al., 2013). For the pur-
poses of this chapter, neither melt electrospinning of PUs nor electrospinning of TPUs 
will be discussed as research into these areas is still fundamental and has not been 
utilized for antimicrobial applications.

There are a number of advantages to using electrospinning over other methods, 
many of which are due to the ease of control over the physical morphology as compared 
to other fabrication techniques. A wide range of PUs have been electrospun (Demir 
et al., 2002; Khil et al., 2003; Puppi et al., 2010; Unnithan et al., 2014). By adjusting 
the solution concentration, fibers from 7 nm to 1.5 μm may be obtained (Demir et al.,  
2002). Complex fiber structures, for example: core–shell, fiber assembly, multilayers, 
fiber orientation, and scaffold shaping, may all be manipulated by adjusting collector 
and setup of needles (Puppi et al., 2014). Drug loading using electrospun constructs 
has also been widely investigated for applications such as antibiotics, anticancer 
agents, and peptides (Aguilar et al., 2015; Hong et al., 2008; Rockwood et al., 2008; 
Sheikh et al., 2009). Common drawbacks to the electrospinning technique include 
small pore size, ∼1–5 μm, which prevents cell penetration, and the small thickness of 
nanofiber scaffolds.
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17.2.5   Hydrogels

Hydrogels are one of the most common tissue engineering scaffolds. In its most basic 
form, a hydrogel consists of a solution of hydrophilic polymer, suspended in water, 
that forms a gel on cross-linking. Cross-linking may be induced by a radical initiator, 
usually photo- or heat activated, which cross-links linear or branched polymers. As 
with electrospinning, there are many polymers and polymer blends that have been 
made into hydrogels (Li et al., 2015; Lin and Li, 2014; Sun et al., 2014).

Hydrogels possess a number of processing advantages. Fabrication of a hydrogel 
does not require any specialized equipment as the application of heat is enough to ini-
tiate cross-linking. Polymers are suspended in water instead of a solvent, and porosity 
is easily controlled by polymer concentration to cross-linking agent concentration. 
Because of the ease of fabrication and functionalization, hydrogels have been used 
in a wide variety of tissue engineering applications (Butcher et al., 2014). However, 
hydrogels have low mechanical properties and cannot be used for any load-bearing 
applications. In addition, the loss of water will cause shrinkage in the gel, although 
the amount of shrinking may be alleviated with increased cross-linking and higher 
polymer concentration.

17.2.6   Gas foaming

Gas foams of PUs are formed either by releasing the gas of the gas foaming agent to the 
reaction mixture (Huang and Miao, 2007) or by introducing gas to the melted polymer 
(Di Maio et al., 2005). PU foam is fabricated when water is added to the reaction mix-
ture, reacting with the isocyanate group to form a carbamic acid derivative, which is 
then transformed into CO2 after decarboxylation (Janik and Marzec, 2015). Although 
gas foaming is a commonly used industry process, it has been less commonly used for 
scaffold fabrication due to the difficulty in controlling the size and interconnectivity of 
pores, and large pores may be formed inside the polymer structure during the foaming 
process. Gas foaming has the advantage of not requiring organic solvents.

17.2.7   Emulsion freeze drying

Scaffolds formed by emulsion freeze drying start with the mixing of two immiscible 
phases with the polymer suspended in a solvent in the continuous phase and the water 
in the dispersed phase. The emulsion is then homogenized and frozen quickly, for 
example, in liquid nitrogen; pressure is then dropped, allowing the frozen water mol-
ecules to sublimate into a gas phase and then subsequently be removed by vacuum. 
The pore sizes and interconnectivity may be controlled by altering processing param-
eters, such as volume, concentration and viscosity of the polymer solution, amount of 
dispersed phase, ratio of volume in the continuous and dispersed phase, and cooling 
rate. Specifically, macro- (12–18 μm) and micro- (1.5–7 μm) pores may be formed. 
The micropores are formed by the removal of the solvent while the macropores are 
formed by the coalescing of the micropores during the homogenization step and, thus, 
are partially interconnected by the micropores (Grinberg et al., 2010).
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Processing parameters greatly affect the structure of the scaffolds created using 
this technique. The volume of water is directly correlated to the average pore size 
(Whang et al., 1995) while the polymer concentration in the continuous phase is 
inversely proportional to the porosity and the pore sizes. As the polymer concentra-
tion increases, the dispersed phase is subjected to higher shear forces, reducing the 
size of the water domains (Place et al., 2009). Constant cooling rate freezing leads 
to uniform porous structures while rapid quenching leads to non uniform nucleation 
and growth of ice crystals due to heterogeneity caused by variable heat transfer 
throughout the system.

Emulsion freeze drying requires less solvent and does not require the time- 
consuming processes of drying and leaching of porogen. The main disadvantage of the  
emulsion freeze-drying technique is that the emulsions may be unstable and may 
require the addition of surfactants (Whang et al., 1995). The use of waterborne poly-
urethane (WBPU) may be used to form surfactant-free scaffolds (Jiang et al., 2010). 
The initial synthesis of WBPUs may be more complicated than PUs, but subsequent 
fabrication of scaffolds is easier.

17.3   Strategies to impart antibacterial activity  
to polyurethanes

Although PUs have many good mechanical and biocompatibility properties, PU 
scaffolds do not inherently possess antimicrobial activity. To impart antibacterial 
properties, additional functional groups are needed to impart antibacterial activity. 
There are a few strategies that have been commonly employed: tethering of an anti-
microbial moiety directly to the monomer structure, loading PUs with antimicrobial 
agent, using a copolymer that has inherent antimicrobial properties, or creating a 
nanofeatured surface that retains the surface chemistry while altering surface energy 
and other physical features.

17.3.1   Antimicrobial moieties

This section will discuss chemical changes affected on the PU monomer or surface to 
impart antibacterial properties.

17.3.1.1   Bacteria surface contact killing

Effective bacteria surface killing is ideal for biomedical applications. If bacteria can 
be killed without the release of antimicrobial drug compounds, the growth of antibi-
otic-resistant bacteria may be alleviated, as antibiotic-resistant bacteria are becom-
ing increasingly resistant to higher doses of conventionally approved antibiotics  
(Frieden, 2013). By far, the most commonly used chemistry for surface contact kill-
ing is the quaternary ammonium compounds (QACs), positively charged cations 
with the structure NR4

+, with R being either an alkyl or aryl group. The addition 
of quaternary ammonium salts to PUs by reaction of hydroxyl hydroxytelechelic 
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polybutadienes covalently bound with quaternary ammonium salts with an aliphatic 
triisocyanate has shown at least a 6 log bacterial load reduction, 5 log reduction 
in yeast, and 1 log reduction in mold (Nurdin et al., 1993). The mechanism has 
been proposed to involve cell wall disruption by the polycations (Chen et al., 2000; 
Ishitsuka et al., 2006; Kuroda and DeGrado, 2005; Tew et al., 2002). In designing 
the QACs, the length of the alkyl chain and the amount of QAs loaded both affect 
bacterial killing. As the length of the alkyl chain increases and the amount of QACs 
grafted onto PUs increases, the contact killing effect of the QACs increases (Grapski 
and Cooper, 2001). In addition, the QAC surface concentration must be optimized, 
as at high concentrations QACs are lethal to mammalian cells as well, although 
concentrations that inhibited bacteria are sublethal to mammalian epithelial cells as 
tested on MDCK II cells (Inácio et al., 2013).

Although biocidal properties are beneficial, incorporation of the release mechanism 
to release dead bacteria from the surface will help reduce fouling on the scaffold. Tak-
ing advantage of the biocidal effects of QACs, Liang et al. (2006) also incorporated 
N-halamines to release chloride or hypochloride.

Table 17.2 lists chemical and physical surface modifications used to impart antibac-
terial properties on PU (Kugel et al., 2011).

Table 17.2 Surface treatment for imparting antibacterial properties 
to polyurethanes

Treatment method References

Tetramethylene glycol-4,4′-diphenylmethane diisocyanate 
prepolymers extended with diethylenetriamine, reacted 
with epichlorohydrin and quaternized

Wang and Lin (1998)

Methylenediphenylamine diisocyanate reacted with 
polytetramethylene oxide and chain extended with 
1,4 butanediol (sulfonated, phosphonated,  
zwitterionic, quaternary)

Flemming et al. (2000)

Quaternized N,N-bis(2-hydroxyethyl)isonicotinamide 
as a chain extender in poly(tetramethylene oxide)-
based PU block copolymers

Grapski and Cooper (2001)

N,N-bis(Hydroxyethyl)N,N-dimethyl quaternary 
ammonium methane sulfonate–diisocyanate  
prepolymers extended with water or diamine

Bechara and Baranowski (2001)

Poly[3-(5,5-dimethylhydantoinylpropyl)siloxane- 
co-3-dimethyldodecylammoniumpropylsiloxane 
chloride] was formed by the reaction of poly(3- 
chloropropylsiloxane) and hydantoin salt

Liang et al. (2006)

Diisocyanate–polyol prepolymer reacted with 
hydroxyethyl acrylate, polymerized by free radical 
polymerization with N,N-dimethylaminoethyl  
acrylate hexadecyl ammonium chloride

Sengupta et al. (2008)

Nitric acid-treated PU to create nanofeatures on surface Yao et al. (2014)
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17.3.1.2   Polymer scaffold modifiers and surface modifications

The QAC modifications described in the previous section are bulk phase modifi-
cations to the polymer itself. Efforts have been undertaken to concentrate the contact  
killing moieties, such as QACs, to the surface of the polymer by using polymer 
scaffold modifiers (PSMs) (Kurt et al., 2007; Makal et al., 2006; Waschinski et al., 
2008). These modifications are driven by low solubility and/or low surface energy 
(Luzinov et al., 2004). Kurt et al. (2007) used a hard-block/soft-block strategy, with 
the bulk PU as the hard block and the antibiotic-loaded PSM as the soft block. 
Alkylammonium polyoxetane telechelics (Figure 17.1) react with the hard block 
PU formed by the reaction of 4,4′-(methylene bis(p-cyclohexyl isocyanate) and 
1,4-butanediol.

Alternatively, Makal et al. (2006) and Waschinski et al. (2008) adopted a differ-
ent strategy. They used a type of PSM that contained fluoroalkyl groups adjacent to 
biocidal moieties; these fluoropolymer segments migrated through the bulk PU and 
chaperoned the chloroamide or quaternary ammonium to the surface. Another method 
for concentrating QACs to the surface is the use of amphiphilic compounds (Harney 
et al., 2009); by using hydrophobic n-alkyl groups and hydrophilic oxyethlene chains 
of varying length (Figure 17.2), Harney et al. (2009) were able to mimic the ability 
of the fluoropolymer segments to chaperone QACs while synthesizing a nonpolymer 
additive that delivered an impressive 7 log reduction to both Gram-positive Staphylo-
coccus aureus and Gram-negative Escherichia coli.

Although changing the chemistry of the surface undoubtedly has a drastic improve-
ment in antibacterial properties, the downstream approval process becomes more cum-
bersome with each chemical modification. An alternative approach is to change only 
the physical features of the surface by etching with acid and studying the resultant 

Figure 17.1 Cotelechelics, R = CF3CH2Od(3FOx), CH3O(CH2CH2O)2d(ME2Ox) and p = 5 
(C6) or 11 (C12); x’s are 0.86 and 0.89 and y’s are 0.11 and 0.14 (Kurt et al., 2007).

Figure 17.2 Reaction of oxyethylene bromides (a) with tertiary amines (b) in ethanol to 
afford the desired ammonium bromide compounds (Harney et al., 2009).
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nanometer roughness change (Yao et al., 2014). By treating with nitric acid, HNO3, 
nanoscale roughness and hydrophobicity increased, which led to at least fivefold 
decrease in colony forming units from Staphylococcus epidermidis, E. coli, and Pro-
teus mirabilis (Figure 17.3). In addition, treated surfaces showed a 15% increase in 
adsorption of fibronectin. Researchers have shown that increased protein adsorption 
has improved cellular adhesion and tissue growth (Khang et al., 2007; Webster et al., 
2000; Woo et al., 2003). Furthermore, there is a linear relationship among nanorough-
ness, surface energy, and protein adsorption (Puckett et al., 2010). Generally, as sur-
face roughness increases, proliferation of bacterial cells decreases while proliferation 
of mammalian cells increases.

17.3.1.3   Antibiotic delivery

In addition to grafting bactericidal moieties to either the monomer backbone or the 
surface, PU scaffolds may also be used to deliver drugs. As noted earlier, PU scaffolds 
have been widely investigated for the delivery of molecules, ranging from anticancer 
drugs, antibiotics, to peptides. For the purposes of this chapter, the mechanisms to 
drug delivery will only be discussed briefly to highlight common drugs used to impart 
antibacterial properties.

As with other tissue engineering polymers, the use of silver has been widely 
investigated for imparting antimicrobial activity to PUs (Filip et al., 2014; Jain and 
Pradeep, 2005; Sheikh et al., 2009). Other nanoparticle carriers include iron oxide 
(Das et al., 2014), zinc oxide (Kantheti et al., 2014), copper oxide (Amna et al., 2014), 
selenium (Tran and Webster, 2013), and gold (Sawant et al., 2013). Although many 
groups are investigating decorating carbon nanotubes (CNTs) onto PU scaffolds for 
other applications, some have studied CNTs for antibacterial applications (Das et al., 
2014; Yadav et al., 2012). FDA-approved antibiotics such as rifampicin, gentamicin, 

Figure 17.3 (a) Untreated PU, (b) nitric acid-treated PU with significantly more nanofeatures 
on the surface (Yao et al., 2014).
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ciprofloxacin (Basak and Adhikari, 2012), tetracycline (Grinberg et al., 2010), and 
vancomycin (Li et al., 2010) have all been delivered using PU scaffolds. Delivery of 
antimicrobial peptides (AMPs) has been an emerging area of research as researchers 
realize the antimicrobial potential of AMPs (Wang et al., 2015). Due to the versatil-
ity of PUs, most commonly investigated antimicrobial chemistries have been inves-
tigated for delivery in a PU system. Long-term toxicity of many of these chemistries 
is unknown, especially regarding nanoparticles, and more research will be needed to 
fully elucidate their long-term effects.

17.3.2   Polyurethanes blends

Many groups have blended PU with other polymers that possess inherent antibacterial 
properties to synergize the beneficial mechanical properties of PU with the antibacte-
rial properties of other polymers. In particular, zein and chitosan have been used most 
frequently (Kara et al., 2014; Unnithan et al., 2014). Both zein, a plant protein, and 
chitosan, derived from chitin, are natural polymers. Both are also cationic, which is 
thought to disrupt bacterial cell wall interactions (Chen et al., 2000; Ishitsuka et al., 
2006; Kuroda and DeGrado, 2005; Tew et al., 2002) as well as having poor mechani-
cal properties, making both polymers good candidates for copolymer blends with PUs.

Compared to common synthetic polymers used to blend with PU, zein has bet-
ter biocompatibility and good biodegradability (Unnithan et al., 2014). In addition, 
zein possesses good mechanical properties: toughness, flexibility, compressibility, and 
glossiness. Most importantly, zein has inherent antimicrobial properties (Shukla and 
Cheryan, 2001). Unnithan et al. (2014) found that an electrospun copolymer of PU–
cellulose acetate–zein possessed enhanced platelet activation, clotting ability, and bac-
tericidal activity. In addition, a copolymer of zein and PU possessed excellent tensile 
properties and flexibility as well as good mammalian cell viability when tested with 
L929, mouse fibroblast cells (Du et al., 2013).

Chitosan is a linear, cationic (1–4)-2-amino-2-deoxy-β-d-glucan produced from 
chitin through partial deacetylation. Chitosan has good antibacterial properties (Liu 
et al., 2000) and good cytocompatibility (Shalumon et al., 2009). PU films modified 
with different concentrations of chitosan demonstrated good bactericidal activity, at 
least 4 log, against both Pseudomonas aeruginosa and S. aureus (Kara et al., 2014). 
Furthermore, the films were shown to moderately inhibit bacterial adhesion as well. 
Interestingly, although Kara et al. (2014) did not test for mammalian cell viability with 
their constructs, other groups have tested for mammalian cells lines such as fibroblasts 
and MG63, osteoblast-like cells, and found comparable cell viability and function (Lv 
et al., 2013; Zhang and Zhang, 2002).

17.4   Conclusions and future directions

PUs are a versatile biomaterial that has been utilized for many tissue engineering 
applications due to their excellent mechanical properties, biocompatibility, and 
adaptability. Despite these excellent properties, PUs do not inherently possess 
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antibacterial properties. With the growing threat of increased antibiotic-resistant 
bacteria, there is great demand for antibacterial PU scaffolds. Current strategies 
focus on four main strategies for imparting antibacterial properties and can be 
described as follows: grafting of antimicrobial moieties to the PU, delivering anti-
biotics with the PU, nanostructuring PU surfaces, and blending polymers with anti-
bacterial polymers with PU.

Grafting of antimicrobial moieties, such as QACs, has been studied for many years, 
and there are many variations of this technique. There are newer, emerging chemis-
tries, but by and large, the field is still working on QAC chemistry. In the future, new 
chemistries are needed to address the growing plethora of bacteria. In addition, combi-
natorial mechanism systems will become more important; for example, scaffolds that 
can combine the bactericidal properties of QACs with release and/or bacterial static 
mechanisms would be much more effective. In addition, nanofeatured surfaces have 
shown inherent antibacterial properties in the absence of antibiotic chemistries while 
promoting mammalian cell functions necessary for tissue engineering applications; 
future studies that synergize the physical and chemical effects would greatly  contribute 
to the field.

PUs have been studied as drug delivering vehicles for many existing antibiotic mol-
ecules. Many of these molecules have been in use clinically for many years and suffer 
from increasing bacterial resistance. Newer chemistries, such as AMPs, would help 
address the growing antibiotic resistance. Combinatorial approaches utilizing exist-
ing antibiotics have shown tremendous efficacy against antibiotic-resistant infections, 
and delivering these combination therapies may provide significant improvement in 
addressing microbial infection in the future (Geilich et al., 2014).

Finally, current research in PU blends is focused on developing antimicrobial PUs 
using zein and chitosan polymers, both cationic natural polymers with good antibac-
terial properties but poor mechanical properties for tissue engineering applications. 
PU blends have shown a synergistic effect of maintaining good mechanical properties 
while improving antibacterial properties. A better understanding of blend chemistry 
and morphology would help in making improved materials for the other modifications 
described in this chapter.
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18.1   Introduction

Polyurethane (PU) scaffolds are attractive for tissue regeneration owing to their excel-
lent mechanical properties, ease of processing, and good biocompatibility. PU scaf-
folds have been used to engineer tissues such as bone, blood vessel, heart muscle, 
heart valve, skeletal muscle, skin, and cartilage.1–10 These scaffolds are essentially 
biodegradable. The biodegradability can be introduced into PUs by using degradable 
polymers as soft and/or hard segments, such as polycaprolactone (PCL),11,12 poly-l-
lactide (PLA),13 polyglycolic acid (PGA),13 and their copolymers. PUs can be fabri-
cated into fibers,14–17 foams,18–21 nanostructures,13,22 and multilayers23,24 for various 
tissue engineering applications. When using PU scaffolds and cells to engineer tissues, 
cell fate is in part controlled by biochemical and biophysical properties of the scaf-
folds. The focus of this chapter is to review how these different properties affect cell 
adhesion, migration, proliferation, and differentiation.

18.2   Interaction of cells with fibrous polyurethane 
scaffolds

One of the widely used PU scaffolds is fibrous networks. The PU fibers mimic the 
fibrous morphology of extracellular matrix in tissues. Electrospinning is a commonly 
used approach to fabricate fibrous PU scaffolds. The typical fibers are continuous and 
long with diameters ranging from micrometers to nanometers. Scaffold mechanical  
properties, fiber diameter, and fiber orientation can be tuned by fabrication parameters  
such as PU chemistry, concentration and flow rate of PU solution, and rotation  
speed of the collection mandrel. In fibrous PU scaffolds, the mechanical properties 
including single fiber modulus and global scaffold modulus, fiber orientation, fiber 
diameter, and fiber composition control cell adhesion, migration, proliferation, and 
differentiation (Table 18.1).

18.2.1   Cell fate controlled by scaffold mechanical properties

Matrix mechanical properties especially stiffness are known to affect stem cell fate.32–38 
Engler et al. found that mesenchymal stem cells (MSCs) differentiated into different 
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Table 18.1 Summary of recent works using fibrous scaffolds to control cell fates

Cellular activity Main results References Properties

Cell proliferation and 
differentiation

Anisotropic mechanical properties were obtained and remarkable 
cardiac differentiation of seeded MSCs was observed with 
increased 3D cell alignment along the fibers (with external 
stretching applied).

Guan et al.7 Mechanical/morphology

Cell proliferation and 
differentiation

Cell-seeded fibrous scaffold was fabricated via electrospinning/
electrospraying method, and scaffold mechanical and structural 
properties were controlled by polymer solution pumping speed 
and polyurethane/hydrogel ratio. CDC cardiac differentiation  
was successfully achieved in scaffolds with high fiber volume 
fraction and small scaffold modulus at small strains.

Xu et al.8 Mechanical/morphology/
composition

Cell retention and 
proliferation

The polyurethane–ethyl cellulose electrospun scaffold promoted 
proliferation of cardiac myoblast H9C2 cells.

Chen et al.6 Morphology

Cell attachment and 
proliferation

hESC attachment and proliferation were increased on randomly 
oriented plasma-modified (hydrogen, argon, and oxygen) 
polyurethane fibers, while contact-guided cell migration was 
observed on aligned ones.

Zanden et al.54 Morphology/composition

Cell growth When seeded on electrospun fibrous collagen-blended or  
elastin/collagen-blended polyurethane scaffolds, the growth of 
smooth muscle cells (SMCs) increased by 283% and 224%, 
respectively.

Wong et al.1 Composition

Cell proliferation and 
differentiation

Electric conductivity was introduced by electrospinning  
carbon nanotubes with polyurethane. Myotube formation and 
myoblast differentiation were significantly increased with  
electrical stimulation applied on the scaffolds.

Sirivisoot et al.26 Composition

Cell migration and 
proliferation

Fibrous scaffolds consisted of nanotubes and polyurethanes  
were fabricated by electrospinning. The scaffolds promoted  
endothelial cell proliferation and migration along the  
aligned fibers.

Han et al.17 Morphology/composition
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Cell proliferation Four different kinds of proteins (collagen, gelatin, fibrinogen, and 
bovine serum) were incorporated with polyurethane to produce 
fibrous scaffolds. Higher bladder SMC proliferation and  
alignment along fibers were observed.

Jia et al.27 Composition/morphology

Cell attachment Thermoplastic polyurethane (TPU)/graphene oxide (GO)  
scaffolds were fabricated via electrospinning. Higher fibroblast 
proliferation and endothelial cell attachment were observed on 
scaffolds with 0.5 wt% GO loading. In addition, oxygen plasma 
treatment also enhanced endothelial cell viability and adhesion 
significantly.

Jing et al.3 Composition

Cell viability, adhesion 
and proliferation

Fibrous structures of multiwalled carbon nanotubes and  
polyurethane composites with average fiber diameters of  
300–500 nm were fabricated via electrospinning. These 
MWNT-incorporated scaffolds exhibited high enhancement on 
cell adhesion, proliferation, migration, and aggregation.

Meng et al.28 Composition

Cell proliferation and 
differentiation

TPU and hydroxyapatite were blended and fabricated into fibrous 
scaffolds via electrospinning. MSCs on the hard scaffolds 
actively proliferated and migrated, while those on soft scaffolds 
exhibited osteogenic differentiation.

Mi et al.29 Mechanical

Cell proliferation and 
differentiation

Successful propagation and neuronal differentiation from  
hESCs were found when cocultured with electrospun  
polyurethane-based scaffolds.

Carlberg et al.16 Morphology

Polyurethane–hydroxyapatite (PU–HA) scaffolds were fabricated 
via electrospinning, and fiber morphology can be controlled by 
using different solvents and sizes of HA particles. The produced 
scaffolds were biocompatible.

Tetteh et al.30 Morphology

Cell alignment Bovine annulus fibrous cells were seeded onto strained  
electrospun polyurethane scaffolds, and they exhibited higher 
alignment than those seeded on relaxed scaffolds. Cells on 
relaxed scaffolds showed higher proliferation and differentiation 
capability (higher gene expression of collagen type I and  
TGF β-1).

Turner et al.31 Morphology



526 Advances in Polyurethane Biomaterials

lineages when seeded on polyacrylamides with different stiffnesses.33 On soft poly-
acrylamide where the stiffness (E = 0.1–1 kPa) mimics that of the brain tissue, MSCs 
underwent neurogenic differentiation (Figure 18.1). When the stiffness of polyacrylamide 
was increased to match those of the muscle (E = 8–17 kPa) and bone (E = 25–40 kPa) 
tissues, MSCs underwent myogenic and osteogenic differentiation, respectively.

For fibrous PU scaffolds, the mechanical environment is much more complex than 
2D polyacrylamide since the scaffolds are porous, fibers are distributed within the 
constructs, and cells are attached to single fibers. As a result, the stiffness character-
istics for both single fibers and scaffolds may have an impact on stem cell differentia-
tion. We recently studied the effects of PU scaffold stiffness at small and large strains 
(before and after alignment of fibers, respectively) and single fiber stiffness on cardiac 
differentiation of cardiosphere-derived cells (CDCs).8 The single fiber stiffness was 

Figure 18.1 (a) Matrix elasticity and (b) differentiation of naїve MSCs on 2D substrate.
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modulated by blending a stiff PU with a soft hydrogel based on poly(N-isopropy-
lacrylamide) copolymer. The PU was synthesized using PCL as soft segment, and 
hexamethylene diisocyanate and butanediamine as hard segment. Poly(N-isopropy-
lacrylamide) copolymer was synthesized from N-isopropylacrylamide, acrylic acid, 
and degradable hydroxyethyl methacrylate-oligohydroxybutyrate. It is a soft hydrogel 
at 37 °C. A novel electrospraying/electrospinning method was used to distribute CDCs 
homogeneously in the fibrous constructs. Scaffold macrostiffness at small and large 
strains and single fiber stiffness were tuned by the pumping speed of PU/hydrogel 
solution and ratio of PU/hydrogel (Table 18.2 and Figure 18.2). A significantly higher 
cardiac differentiation at both gene and protein levels was achieved at a comparatively 
smaller scaffold stiffness at small strain (E ∼ 48 kPa) regardless of the single fiber 
stiffness and scaffold stiffness at large strain.

18.2.2   Cell fate control by scaffold morphologies

Scaffold morphological characteristics play a critical role in cell fate. For fibrous PU 
scaffolds, fiber diameter, and orientation may affect cell spreading, proliferation, and 
differentiation due to the fact that cells grown on them exhibit a higher aspect ratio and 
smaller projection than those grown on flat surfaces.7,14,16,31,39 When fabricating scaf-
folds to engineer highly aligned tissues such as myocardium and skeletal muscles, the 
highly aligned fibers allow the cells to align along the fibers by inducing cell actin cyto-
skeleton and cell–matrix focal adhesions on the fiber surface, thus developing native-
like tissue morphology. Parrag et al. studied the differentiation of embryonic stem cells 
(ESCs) on the surfaces of aligned electrospun PU fibers.40 The ESCs demonstrated a 
rod-shaped morphology and an organized sarcomeric structure with a cross-striated 
pattern perpendicular to the major cell axis. In contrast, a mixed cell shape and less 
organized sarcomere were found on random fibers. After differentiation into cardiomy-
ocytes using differentiation medium, the cells developed end-to-end gap junctions on 
aligned scaffolds but not on random scaffolds. This demonstrates that aligned scaffolds 
induced a higher degree of cardiac maturation. Similar phenomena were found for 
other cell types including MSCs,7,41 CDCs,8 myoblasts,26 and neurons.16

Cell alignment on aligned scaffolds can be further increased by stretching the scaf-
folds during tissue culture. In a previous work,7 it was demonstrated that applying 
static strain to the fibrous PU scaffolds increases MSC alignment. The degree of align-
ment was increased with strain (Figure 18.3). Interestingly, the MSCs showed cardiac 
differentiation when the cells have a high anisotropic index. This work is significant as 
it suggests that a combination of scaffold structural properties and mechanical training 
can direct stem cell differentiation without using cell differentiation medium.

Fiber diameter determines the area in which the fiber and cell interact. Larger 
fiber diameters provide greater surface area for cells to attach. Cardwell et al. found 
that fiber diameter also affects cell proliferation and differentiation.42 When seeding 
C3H10T1/2 stem cells on random and aligned scaffolds with small (<1 μm), medium 
(1–2 μm), and large (>2 μm) fibers, the cells proliferated faster initially on scaffolds 
with small fibers, and the proliferation slowed down after further culture regardless 
of fiber alignment. In addition, the cells seeded on larger fibers exhibited higher 
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Table 18.2 A summary of process and response parameters of the tissue constructs8

Scaffold

Process 
parameters Geometric and mechanical parameters Functional response

Pa Hb mL
c A0

d Vf
e M0

f ML
g GPh

(A) 7.5 90 2.0 ± 0.4 4.5 ± 0.6 8.5 ± 1.3 0.48 ± 0.11 1.7 ± 0.3 87 ± 4
(B) 4.5 90 3.5 ± 0.2 6.1 ± 0.7 3.2 ± 0.5 0.60 ± 0.05 1.2 ± 0.1 12 ± 1
(C) 4.5 70 9.0 ± 0.8 6.0 ± 0.2 4.2 ± 0.9 2.2 ± 0.3 3.9 ± 0.5 0.03 ± 0.00
(D) 4.5 50 26.0 ± 0.3 5.9 ± 0.4 3.1 ± 0.6 4.6 ± 0.4 8.1 ± 1.0 0.01 ± 0.00

aP, polymer solution pumping speed (mL/h).
bH, hydrogel content in fibers (wt%).
cmL, fiber modulus at large strain (102 kPa).
dA0, fiber alignment at small strain at v = 0.3 (10−1).
eVf, fiber volume fraction, experimental (10−3).
fM0, scaffold modulus at small strain (102 kPa).
gML, scaffold modulus at large strain (102 kPa).
hGP, gene and protein expressions; gene and protein expressions were normalized first based on the results of real time RT–PCR and immunohistology, respectively, and then  
multiplied to give the GP value listed here.
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Figure 18.2 Controlled stem cell cardiac differentiation via mechanical and structural properties of polyurethane/hydrogel scaffolds.
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levels of expression of tendon/ligament transcription factor scleraxis than those on  
medium-sized fibers.

Besides fiber alignment and diameter, fiber volume fraction also showed an impact 
on cell differentiation. In a previous study,8 fibrous PU scaffolds were fabricated with 
different fiber volume fractions (or different fiber spacing) by controlling the flow rate 
during the electrospinning process. The scaffolds with a higher fiber volume fraction 
significantly improved cell differentiation at both the gene and the protein levels.

18.2.3   Control of cell fate by polyurethane  
scaffold composition

PU scaffolds usually have a relatively inert surface. Modification is often necessary for 
enhanced cell attachment. This can be achieved by immobilization of functional groups 
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and biomolecules on the surface and encapsulation of biomolecules in the scaffolds. Table 
18.3 summarizes the functionalization methods that have been applied to PU scaffolds.

18.2.3.1   Modification of scaffold surface to control cell fate

Scaffold chemical properties are of great importance in controlling stem cell fate such as 
attachment, proliferation, and differentiation. In order to improve cell attachment on PUs, 
various surface modification methods including ion beam irradiation,56,57 protein immo-
bilization,44,46 and plasma treatment54,58 have been used. This is especially crucial for 
fibrous scaffolds since the cells within fiber networks usually experience much smaller 
surface areas for focal adhesions than those on solid surfaces. Ion beam irradiation and 
plasma treatment introduce functional groups such as hydroxyl (dOH), carbonyl (C]O), 
carboxyl (dCOOH), and amine (NH2) on the surface. These groups have been shown to 
improve cell–matrix interaction.59 Zanden et al. treated electrospun PU fibers with oxy-
gen, hydrogen, and argon plasma. The fibrous PU scaffolds obtained had a large number 
of carboxyl and carbonyl groups on the surfaces.54 When human embryonic stem cells 
(hESCs) were seeded on the randomly aligned fibers, all of the plasma-treated scaffolds 
dramatically improved ESC expansion, with a sevenfold increase for argon treatment, a 
fivefold increase for hydrogen treatment, and a fourfold increase for oxygen treatment. 
Another application of these functional groups is to covalently bond molecules including 
collagen and heparin44 onto the PU scaffold surfaces to enhance cell attachment.

18.2.3.2   Incorporation of biomolecules and carbon  
nanotubes to control cell fate

For tissue engineering applications, the fibrous PU scaffolds can also serve as a 
delivery vehicle of various biomolecules and drugs. The biomolecules and drugs can 
be incorporated into the scaffold during the electrospinning process. This method 

Table 18.3 Summary of functionalization of polyurethane-based 
scaffolds related to material properties

Method Functionalization

Incorporation and immobilization of  
biomolecules and conductive material 
into scaffolds

 •  Collagen1,27

 •  Heparin14,43–45

 •  Fibrin27

 •  Elastin1

 •  Graphene oxide3

 •  Carbon nanotubes17,26,28

 •  RGD peptide19,46–49

 •  Cellulose6

 •  Gelatin27,50

 •  Other proteins9,46,51–53

Chemical and plasma modification to  
introduce functional groups

 •  Functional groups3,14,44,54,55
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provides a quick and simple way to deliver biomolecules and drugs. Jia et al. blended 
a PU solution with four different types of naturally derived proteins, (collagen, gel-
atin, fibrinogen, and bovine serum album), and successfully fabricated composite 
fibrous scaffolds via electrospinning.27 The MSCs seeded on the scaffolds surface 
were metabolically active. Cells on PU/collagen fibers demonstrated the highest 
proliferation capacity after 12 days of culture in vitro compared to scaffolds blended 
with other proteins. In another study, Beachley et al. blended PU with amine-terminated 
poly(propylene glycol)-block-poly(ethylene glycol) and immobilized heparin to the 
electrospun scaffolds.14 When culturing endothelial cells on the modified scaffolds, 
the cells formed a complete monolayer on the scaffold surface without apparent 
separation between cells.

Single-walled or multiwalled carbon nanotubes (MWNTs) were also blended 
with PU to fabricate fibers for regenerating tissues such as skin, skeletal muscle, and 
nerves.18,27,29 Carbon nanotubes have attracted intense interest in biomedical field due 
to their excellent electrical conductivity, mechanical strength, and binding capacity 
with various biomolecules. Meng et al. fabricated fibrous PU networks incorporated 
with MWNTs by electrospinning. The scaffolds were used to culture fibroblasts.28 
Among the four groups of substrates that had been studied (smooth film of PU, smooth 
film of MWNT/PU, nanofibrous PU scaffold, and nanofibrous MWNT-incorporated 
PU scaffold), the nanofibrous MWNT/PU scaffold demonstrated the highest ability to 
support fibroblast adhesion, proliferation, and protein secretion. The total amount of 
proteins released from cells seeded on nanofibrous MWNT/PU scaffolds was the high-
est among all of the tested groups, which was almost two times of those secreted by 
cells on smooth PU films. In addition, these cells secreted more collagenase that may 
degrade the collagen between cells and scaffolds, thus encouraging cells to migrate 
and aggregate. In another work, Sirivisoot et al. took advantage of the electrical con-
ductivity of carbon nanotubes to enhance skeletal myotube formation.26 Single-walled 
or MWNTs were blended with PU to fabricate scaffolds with electrical conductivity. 
The use of nanotubes significantly increased the number and length of myotubes.

18.3   Interaction of stem cells with microporous 
polyurethane scaffolds

Microporous PU scaffolds are another type of scaffold used for tissue regeneration. 
In order for the cells to migrate, communicate, and proliferate within the scaffolds, 
uniformly distributed and interconnected pores are necessary. Various techniques have 
been used to fabricate porous PU scaffolds, including solvent casting/particle leaching 
(SC/PL),60 thermally induced phase separation (TIPS),61 emulsion freeze drying,62 
gas foaming,63 and melt molding.64 Table 18.4 summarizes PU scaffolds fabricated by 
these techniques. The scaffolds have porosity and pore size suitable for tissue regen-
eration. Generally, scaffolds for tissue regeneration should have high porosity (>90%) 
and suitable pore size. The high porosity provides the high pore area for cell and tissue 
ingrowth as well as adequate transport of nutrients and metabolic waste. The pore size 
should be greater than cell size to support cell infiltration.
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Table 18.4 Summary of approaches for porous polyurethane scaffolds fabrication

Approach PU system Solvent
PU concentration 
(wt%) Porosity (%) Pore size (μm)

SC/PL Zytar®Z1A1 (thermoplastic  
polyether urethane)60

DMF/THF 15 83–92 ∼250

Biostable PUR43 NMP 20 – 147 ± 2
Tecoflex 80A19 DMAC 25 79 ± 2 30–300
PCL/HMDI/isosorbide diol65 DMF – 90 200 ± 16

TIPS PCL–PEG/BDI/putrescine61 DMSO 10 94 76–387
PDLLA/PCL/BDO/BDI66 – 5 95 20 ± 6
PCL/BDI/BDO61 DMSO 10 >80 36–203

TIPS/PL PCL/BDI/BDO67 DMSO/water 35 80 –
Poly(ethylene adipate) diol/IPDI/

hexamethylene diamine68
– – 87 50–400

Freeze drying PCL–PEG/IPDI/BDO/l-lysine62 Water 16 – 10–172
PCL–PEBA–PLA/IPDI69 – 5 97 –

Freeze drying/PL Polyurethane estane 5701-F170 Dioxane/water – 72–87 –
Melt molding Texin (thermoplastic polyether 

urethane)64
– – 64 30–450

PCL–PEG/HDI/benzoic acid71 – – 88 153 ± 70
Melt molding/PL TPU, Elastollan 1185A72 Water – 20–67 42–210
Gas foaming HA/IPDI/BDO73 – – 78–81 300–1000

PEG–PPG/TDI63 – – 85 300–800
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18.3.1   Cell fate controlled by pore shape

Pore shape plays an important role in cellular behaviors, especially when engineering 
tissues with anisotropic characteristics. Musculoskeletal tissues and meniscus, for exam-
ple, have well-defined anisotropic properties resulting from the anisotropic organization 
of the extracellular matrix and cells. To mimic the natural structures of these tissues, de 
Mulder et al. fabricated anisotropic porous PU scaffolds with channels (channel diam-
eter of 20 ± 6.0 μm, and anisotropic degree of 0.39).66 The scaffolds were fabricated by 
TIPS method. As shown in Figure 18.4, the anisotropic scaffolds exhibited channels 
mostly in one direction and the walls of the channels had a ladder-like morphology. In 
contrast, the isotropic scaffolds (pore diameter of 35 ± 14.7 μm, and anisotropic degree of 
0.18) had randomly distributed pores. After 24 weeks of postimplantation, both scaffold 
types were completely filled with tissue. Collagen fibers were randomly oriented in the 
isotropic scaffolds, similar to those of the avascular zone of the meniscus. The collagen 
fibers in the anisotropic scaffolds aligned along the channels, closely resembling those 
in the vascularized zone of the meniscus. It is expected that combing scaffolds with 
isotropic and anisotropic structures has a great potential in creating both anisotropic 
and isotropic structures in meniscus.

18.3.2   Cell fate controlled by scaffold surface composition

The surface of the microporous PU scaffolds can be modified to control cell fate. 
Similar approaches as those used for fibrous PU scaffolds can be employed.45,74 For 
example, to induce endothelial cell migration into scaffolds for accelerated vascu-
larization, heparin was bound to the scaffold surface.44 An aminolysis step was first 
used to introduce amine groups on the surface, and then the cross-linking of heparin 

Figure 18.4 SEM and nano-CT images of isotropic and anisotropic scaffolds in a sagittal 
plane. (a) and (b) Isotropic scaffold shows randomly distributed pores. (c) and (d) Anisotropic 
scaffold has channels within it, and the walls of the channels have a ladder-like appearance.
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with amine groups immobilized heparin on the surface. This heparinization process 
was able to introduce a uniform layer of heparin on the scaffold surfaces without any 
sign of pore obliteration or pore size change.43 After 28 days of implantation using a 
rat subcutaneous model, the heparin-modified porous PU scaffold showed a signifi-
cant increase in vascularization. Capillary density and vascularization total area were 
increased by 62% and 56%, respectively.

To improve cell adhesion and infiltration in the PU scaffolds, RGD, a peptide that is 
well recognized as possessing cell adhesive properties, was immobilized on the scaf-
fold surface using bioactive fluorinated surface modifiers.4 After 3 days of culture, the 
RGD-modified PU scaffolds demonstrated significantly deeper cell infiltration (cell 
infiltrated >300 μm into the scaffold) than the nonmodified scaffolds. After 2 weeks of 
culture, cells were distributed throughout the full thickness of the scaffolds (5 mm of 
total thickness) and more cells were found at all depths in the scaffolds.

18.4   Interaction of cells with other types of 
polyurethane scaffolds

18.4.1   Polyurethane nanostructures

Creating nanostructures on PU scaffold surfaces is attractive for tissue regeneration. The 
nanostructures possess high surface energy, which promotes protein adsorption on the 
scaffold leading to improved cell adhesion. In addition, nanostructures on a PU scaffold 
mimic the topography of various tissues.13 Motivated by the nanostructured topography of 
native bladder tissue, Thapa et al. developed nanoscale surface features in PU by a chemi-
cal etching method using HNO3 solution.75 When seeding bladder SMCs on the etched PU 
surface, cell attachment and proliferation were significantly increased. A similar cellular 
response was found for vascular cells and chondrocytes.76,77 Yao et al. tested nanostruc-
tured polyurethane/poly(lactic-co-glycolic acid) (PU/PLGA) scaffolds in vivo.13 The scaf-
folds had a porosity of 87.6% and pore sizes of 150–250 μm. The HNO3-etched scaffolds 
exhibited submicrometer to nanoscale features. After functionalization with IKVAV and 
YIGSR peptides, these scaffolds were implanted in vivo for bladder augmentation in a 
partial cystoplasty model. After 11 months of implantation, the bladder tissue was fully 
formed within the scaffolds. In addition, both smooth muscle and urothelial cell layers 
were formed on the scaffolds with nanostructures.

18.4.2   Polyurethane multilayer scaffolds

Multilayered PU scaffolds have been developed to engineer tissues with complex struc-
tures. Choi et al., for example, developed multilayered tracheal prostheses for ingrowth 
of new vessels and connective tissues (Figure 18.5).24 The prostheses had PU film as 
the outer layer and a highly porous PU scaffold as the inner layer. The nonporous outer 
PU layer was designed to prevent adhesion with the surrounding tissues. The outer 
layer can also reinforce the porous PU layer. The surface of the generated bilayered 
scaffolds was then coated with poly(ethylene glycol) to prevent granulation formation 
as well as to promote epithelialization from normal mucosa. When implanted in vivo 



536 Advances in Polyurethane Biomaterials

using a beagle dog model, fibrous tissue was found to grow into the inner layer and 
pseudostratified columnar ciliated mucosa was formed on the scaffold surface.

Multilayered PU scaffolds have also been used for the delivery of biomolecules. 
Reyes et al. encapsulated bone morphogenetic protein-2 (BMP-2) and transforming 
growth factor-beta1 (TGF-β1) into a bilayered scaffold.9 One layer consisted of a 
porous PLGA, and the other layer was porous PU loaded with growth factor-contain-
ing PLGA microspheres. The growth factor demonstrated a zero-order release kinetics 
in vivo. 12 weeks after implantation in a rabbit model, cell chondrogenic differentia-
tion was observed.

18.5   Current challenges to understanding the effect of 
polyurethane scaffold properties on cell fate

As discussed in the above sections, biodegradable PU scaffolds have been attrac-
tive for tissue regeneration. Various scaffold fabrication techniques and surface 
modification approaches have been developed to tailor scaffold properties for 

(a)

(b) (c) (d)
*

* *

PEG PEG

Surface grafting: polyethylene glycol

Porous polyurethanematrix
(pore size: about 200 µm)

Dense film polyurethane matrix

PEG PEG

Figure 18.5 (a) Scheme of structure of the bilayer scaffold. (b) Cross section of the scaffold. 
(c) The three-dimensional angle section view. (d) Surface of the nonporous PU film.
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better control of cell–matrix interactions and tissue growth. However, challenges 
remain for using PU scaffolds to control cell fate. First, various scaffold properties, 
such as the surface chemistry, pore structural, and mechanical properties, affect 
cell fate. These properties are dependent on each other to some extent. Therefore, 
a change in a single property may simultaneously alter other properties. It remains 
challenging to decouple the effects from different properties. For an electrospun 
fibrous scaffold, its global stiffness can be modulated by properties including sin-
gle fiber stiffness, fiber orientation, fiber volume fraction, and fiber composition. 
Thus, global stiffness and one or more other properties simultaneously affect cel-
lular behaviors. We have previously fabricated fibrous scaffolds based on PUs 
and hydrogels (Figure 18.2).8 The electrospun scaffold mechanical and structural 
properties were controlled by the feed speed of polymer solution and the ratio of 
PU/hydrogel. Varying the feed speed changed not only fiber alignment and volume 
fraction but also scaffold modulus at small and large strains. All these properties 
affect cell fate. Similarly, the change in PU/hydrogel ratio resulted in different 
single fiber stiffness and global scaffold stiffness.

Surface modification of PU scaffolds may also change scaffold properties. When 
modifying PU scaffolds with hydrogen, oxygen, or argon plasma, different func-
tional groups such as carboxyl and carbonyl groups can be introduced on the sur-
faces.54 However, the modification also changes fiber surface texture and roughness. 
Argon plasma-treated scaffolds demonstrated a grainy structure with an average 
grain diameter of around 25 μm, while a hydrogen plasma treatment resulted in a 
smooth surface, and an oxygen plasma treatment introduced a surface with ran-
domly elongated granular structures. Both surface functional groups and topography 
affect cell fate. To better understand how different scaffold properties affect cell 
fate, development of new approaches that independently change PU properties is 
necessary.

Second, the mechanisms of how different scaffold properties influence cell fate are 
not well understood. Matrix stiffness, for example, has been widely used to induce 
stem cell differentiation by the initiation of mechanotransduction cascades in cells. 
However, the exact underlying mechanisms have not been well established. Some 
studies found that matrix stiffness regulated integrin binding and adhesion ligand reor-
ganization, resulting in stem cell differentiation.38,78,79 Other studies demonstrated 
that cell-generated traction forces triggered signaling pathways that lead to cell dif-
ferentiation. However, why and how different signaling pathways are associated with 
scaffold property-mediacted cell differentiation are still not well understood.

18.6   Future perspectives

We hypothesize that tailoring PU chemistry and developing new fabrication tech-
niques will address current challenges in using PU scaffolds to regulate cell fate and 
tissue regeneration. It is possible that selectively tailoring of PU soft and hard segment 
chemistry will allow PUs to have different chemical compositions but similar mechan-
ical and physicochemical properties. It is also possible that control of PU molecular 
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weight while using the same chemistry will impart PUs with different mechanical 
properties but with the same chemical composition. Fabrication of these PUs using 
the same technique is expected to achieve scaffolds with decoupled properties. For the 
same PU, developing fabrication techniques capable of finely controlling fabrication 
parameters might also generate scaffolds with decoupled properties. These well-de-
fined scaffolds can provide an effective approach to help in the study of mechanisms 
of scaffold property-mediated cell fate decisions.

Finally, when implanting cell-seeded PU scaffolds for tissue regeneration, a poten-
tial challenge is that cells in the scaffold may experience significant death in the poorly 
vascularized tissue environment. Efforts are needed to quickly relieve the ischemic 
conditions and induce rapid angiogenesis after implantation to promote long-term cell 
survival.
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19.1   Introduction

Electrospinning of nano/submicrometer fiber fabrication is an old technique for mate-
rial processing, but it is still new to tissue engineering [1]. In 1897, Rayleigh observed 
the electrospinning phenomenon for the first time. In 1934, Dr Formhals was the first to 
patent the electrospinning technique, where cellulose acetate was electrospun into fila-
ments [2]. In recent years, electrospinning has seen improvements in apparatus design 
and applications, utilizing polymers suitable for biomedical applications. As a result, 
electrospinning has gained increasing attention in the field of biomedical engineering, 
due to the development of tissue engineering to repair and regenerate tissues/organs 
[3–5]. Classic tissue engineering is the use of a biodegradable three-dimensional scaf-
fold combined with human cells and biological signals to form a cellularized construct 
to regenerate a native tissue. Because of the 3D nanofibrous structure of human tis-
sue extracellular matrix (ECM), a scaffold with mimetic ECM structure is assigned 
to be an advantageous application. Electrospinning is a simple, effective technique 
used to process biodegradable polymers into nano/submicrometer scale fibers and has 
been widely utilized for tissue engineering scaffold fabrication. Various biodegrad-
able polymers including natural polymers, synthetic polymers, and their combina-
tions have been electrospun into fibrous scaffolds [6,7]. Biodegradable thermoplastic 
polyurethane having robust mechanical properties and good biocompatibility is an 
excellent material candidate for tissue engineering use [8], and has been processed 
into nanofibrous scaffolds using electrospinning (Figure 19.1). In this  chapter, we will 
introduce the electrospinning technique, describe some of the processing parameters, 
and discuss applications of electrospun polyurethane fibrous scaffolds.

19.2   Electrospinning technique and apparatus

Electrospinning utilizes an electrostatic force to draw fine fibers (micro-, submicrom-
eter), and nanoscales from a polymer solution. The basic and classic electrospinning 
apparatus is very simple and consists of a high voltage supply, a syringe pump, a syringe 
loaded with polymer solution with a metal tip, and a conductive collector (Figure 19.2). 
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The high voltage supply can provide up to tens of kV positive voltage, which is charged 
to the metallic tip of the syringe. The syringe pump accurately controls the infusion rate 
of the polymer solution. The conductive collector is made of metal (e.g., steel or alu-
minum), which is grounded, and is used for fiber deposition. The tip can be either per-
pendicularly located on the top of the collector (Figure 19.2(a)) or horizontally placed 
at the side of the collector (Figure 19.2(b)). After switching on the voltage and syringe 
pump, polymer fibers are produced immediately and deposit on the collector. When the 
 electrospinning is complete, the fibrous scaffold can be removed from the collector.

To improve the electrospinning technique and electrospun scaffolds, the electrospin-
ning device can be modified. For example, to increase fiber collection, an extra high volt-
age supply can be used to connect to the collector to provide a negative charge. This can 

(a) (b)

Figure 19.1 (a) Random and (b) aligned electrospun fibers of biodegradable polyurethane.

Figure 19.2 The classic electrospinning setup in a perpendicular direction (a) and a horizontal 
direction (b).
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prevent fiber loss because the fibers with the positive charges easily deposit onto a nega-
tively charged surface [9]. Multiple spinnerets are often used to shorten the electrospinning 
time to rapidly produce a large-sized sample [10,11]. The collector can also be located on 
an x–y axial rastering device with a rotation motor to achieve more uniform samples.

19.3   Factors that affect the electrospinning process

The fiber diameter of an electrospun scaffold is closely related to the scaffold prop-
erties and the biological response. It is influenced by the properties of the polymer 
solution and the parameters of the electrospinning process (Figure 19.3). Although 
the electrospinning device setup is simple, it is important that these parameters be 
comprehensively considered to achieve an optimal scaffold. The major parameters 
affecting the fiber diameter and the sample morphology are described as below.

P
ol

ym
er

 
so

lu
tio

n 

Molecular weight 

Solvent 

Concentration Chemical structure 

Viscosity 

Surface tension 

Conductivity 

E
le

ct
ro

sp
in

ni
ng

pa
ra

m
et

er
s 

Distance between tip 
and collector 

Voltage 

Infusion rate 

Collector 

Tip diameter 

Molecular weight 
distribution 

Figure 19.3 A list of electrospinning factors including properties of the polymer solution and 
parameters of the electrospinning process.

19.3.1   Polymer properties

The chemical structure and molecular weight of the polymer significantly affects the 
fiber formation. The polymers must be soluble in the organic solvent, and thus cross-
linked polymers and some linear polymers with high crystallinity (e.g., PTFE) cannot 
be electrospun. However, for tissue engineering applications, most of the biodegrad-
able polymers are polyester, polyamide, and polyurethane based, which are feasible 
for electrospinning. Most importantly, the molecular weight of the polymer affects 
the rheological and electrical properties of the polymer solution, including viscosity, 
surface tension, conductivity, and dielectric strength [12]. The fiber diameter generally 
increases with increasing polymer molecular weight. If the molecular weight is too 
low, no continuous fiber is obtained, and microbeads form. Fiber formation is depen-
dent on the interactions of the polymer chains, such as physical entanglements. Low 
molecular weight results in a small number of polymer chain entanglements in the 
solution, which makes it hard for the polymer chains to form a fiber.
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19.3.2   Polymer concentration

Altering polymer concentration is an effective way to tune the fiber diameter. The 
polymer concentration is associated with solution viscosity, which increases with the 
increase of the polymer concentration and then leads to a larger fiber diameter. How-
ever, if the concentration is too low, continuous polymer fibers cannot be achieved, 
and polymer beads are obtained. When the concentration is too high, the polymer 
solution becomes very viscous and fibers are obtained along with many drops. Highly 
viscous solutions have difficultly flowing through the syringe tip, resulting in droplet 
formation. Thus, an appropriate polymer concentration is very important to the 
 electrospinning process.

19.3.3   Solvent

The solvent for polymer solution in electrospinning generally should be highly volatile. 
The solvent should quickly evaporate during electrospinning to solidify the polymer 
fiber surface. The common solvents for electrospinning include 1,1,1,6,6,6-hexafluo-
roisopropanol (HFIP), trifluoroacetic acid (TFA), dichloromethane (DCM), formic acid, 
dimethyl formamide (DMF), tetrahydrofuran (THF), etc. For biodegradable polyure-
thanes, HFIP and DMF are two common solvents for electrospinning use. There are 
little data comparing the polymer fiber morphologies spun from different solvents. The 
conductivity of the solvent affects electrospinning with increased conductivity reducing 
the fiber diameter. Polymer solution with very low conductivity may form drops during 
the electrospinning. Thus, in the latter case, salt may be added into the polymer solution 
to improve the conductivity, facilitating electrospinning [13,14].

19.3.4   Voltage

Altering the voltage is another convenient way to manipulate fiber morphology; how-
ever, it is not very effective. Drops form at a relatively low voltage. At a higher voltage 
polymer fibers can form. Increased voltage increases the electrostatic force and can 
reduce the fiber diameter. However when the voltage is too high, the electrospinning 
process becomes unstable. Thus, an optimized voltage is critical for stable electrospin-
ning. The voltage usually is set at around 10–40 kV.

19.3.5   Distance between the tip and the collector

The distance between the tip and the collector is a factor easily neglected. The dis-
tance is related to the solvent evaporation and the electrostatic force. Thus, with  
the increasing distance, the solvent can evaporate completely and the fiber diameter 
becomes smaller.

However, if the distance is too great, this causes failure of the fiber formation. If 
the distance is too short, the solvent may not be completely evaporated, resulting in a 
larger fiber diameter. Reducing the distance also can increase fiber fusion and adher-
ence to the collector surface [15].



547Electrospun fibrous polyurethane scaffolds in tissue engineering

19.3.6   Infusion rate

The infusion rate of the polymer solution is very important in the electrospinning proce-
dure, and can be adjusted using a syringe pump. Generally, increasing the infusion rate  
increases the fiber diameter. However, if the infusion rate is too slow, it takes a long 
time for sample fabrication, and it may induce a temporary break in the electrospin-
ning process. Polymer drops can form when the infusion rate is too high because the 
fiber production rate cannot catch up with the infusion rate. The ideal situation is that 
a stable Taylor cone forms during electrospinning, and the fiber formation rate is equal 
to the infusion rate, resulting in a stable and fast electrospinning process.

19.3.7   Tip diameter

The tip diameter is closely related to the formation of a stable Taylor cone, but it does 
not have an obvious relationship to the fiber diameter. In general, the tip inner diame-
ter is smaller than 2 mm. The typical size of the syringe needle is 16G to 23G.

19.3.8   Collector

The fiber collector is crucial for the macroscopic shape and microscopic morphology 
of the electrospun scaffold. The fiber collector shape and whether it is moving have 
no effect on fiber diameter, but it has a significant effect on fiber direction and pattern, 
as well as scaffold shape. The collector is made of a conductive metal, which allows 
it to be connected to the ground or a negative charge. For random fibrous scaffolds, a 
metallic disk or a rectangular sheet can be used for fiber collection and fibrous sheet 
formation (Figure 19.4(a)). A metal mandrel as a collector can achieve tubular fibrous 
scaffolds (Figure 19.4(c)). For anisotropic aligned fibrous scaffolds, a rotating disk/
cylinder (Figure 19.4(b)) or a set of two parallel blade-like collectors (Figure 19.4(d)) 
is required [16]. The disk diameter and its rotation speed determine the degree of fiber 
alignment. At a low speed, the fiber direction is random, independent of the disk diam-
eter. At a high speed (above 1 m/s), highly aligned fibers can be achieved. However, if 

Figure 19.4 Schematics of metallic collectors. (a) Plate, (b) rotating disk, (c) rotating mandrel, 
(d) two blades, (e) rotating cone.
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the disk diameter is too small, it is difficult to achieve aligned fibers. For two parallel 
blade-like collectors, the electrostatic force distribution allows highly aligned fibers 
to deposit between the blades (Figure 19.4(d)). The fiber alignment decreases with  
the increasing sample thickness for the two-blade collector since the electronic field  
is affected by the fiber deposition. Compared to two-blade collectors, the rotating 
disk method produces a sample with a lower level of fiber alignment, but the sample 
 alignment degree is not thickness dependent.

Various collectors have been designed for fabricating fibrous materials for differ-
ent applications besides the above-noted common collectors (Figures 19.4(a–d)). For 
example, a cone collector was used to obtain a fibrous sheet with regionally different 
fiber alignment to mimic heart valve fiber structure. The fiber alignment gradient is 
due to the different linear speed at different diameters [17] (Figure 19.4(e)). Using a 
metallic patterned collector one can obtain a fibrous pattern sheet for cell behavior 
research [18,19], Thus, rationally designing unique collectors is an effective way to 
fabricate novel fibrous scaffolds for tissue engineering use.

Besides the above-noted parameters, there exist some other factors affecting elec-
trospinning, such as the surrounding environment (e.g., humidity [20]). However, all 
these parameters interact and cannot be individually considered to achieve a perfect 
fibrous scaffold. All parameters must be comprehensively studied and optimized for 
electrospinning control.

19.4   Methods to enhance cellular infiltration  
of electrospun scaffolds

Tissue engineering requires that cells extensively infiltrate into the scaffold for new 
tissue formation. However, because of superfine fiber diameters, the electrospun poly-
mer scaffolds are very dense with a pore size of ∼1 μm, while the cell size is around 
7 μm in general. Hence, the cells cannot infiltrate into the scaffolds, and it is also 
difficult to achieve good transport into the scaffold. Improving cell infiltration of the 
electrospun scaffold is critical for tissue engineering. A variety of approaches have 
been developed for this purpose. Three mechanisms for enhancing cell infiltration 
include (1) accelerate scaffold degradation to provide more space for cell growth;  
(2) reduce electrospun fiber intersections to loosen the scaffold structure to allow more 
cell infiltration; and (3) directly load cells into the electrospun scaffold. Some specific 
methods are described below.

19.4.1   Coelectrospinning

Coelectrospinning is described as blending two or more polymers for electrospin-
ning. To accelerate the degradation, some relatively quickly degradable materials 
are combined with the major polymer in a single solution to achieve a composite 
scaffold. The material introduction can increase the scaffold degradation rate, which 
may allow more cell infiltration, and it also can render some extra functionality to 
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the scaffold. Biodegradable polyurethane was blended with porcine dermal extra-
cellular matrix powder in HFIP and then electrospun into a fibrous patch [21]. The 
ECM material can leach out of the fiber patch and also quickly degrade. The patch 
was implanted into the rat full-thickness abdominal wall defect model and exhibited 
better cell infiltration than for the polyurethane alone. However, the cellular infiltra-
tion only occurred at the patch peripheries, and poor cell infiltration was observed 
at the center of the scaffold.

19.4.2   Unique collector design

Unique fiber collector designs have been attempted to loosen the electrospun scaf-
fold to improve cell infiltration. The principle of the collector design is to reduce the 
fiber intersections. For example, a half-ball collector containing pillars was designed 
to achieve cotton ball-like fibrous scaffolds by changing the fiber deposition space 
(Figure 19.5(a)) [22]. An ethanol bath was used as a collector to obtain low-density 
electrospun polycaprolactone scaffolds (Figure 19.5(b)) [23]. The ethanol quickly 
 stabilizes the polymer fiber surface to reduce the intersections between fibers.

Figure 19.5 (a) A half-ball collector and (b) an ethanol bath collector.

19.4.3   Porogen method

Porogen leaching is a popular method for preparing porous scaffolds. This method 
can also be used for improving the structure of the electrospun scaffold. The poro-
gen and the electrospun fibers can be simultaneously deposited on the collector, 
and then the porogen is removed, which can build macropores inside the elec-
trospun scaffold. These large pores can allow for cell infiltration. This concept 
has been demonstrated by simultaneously depositing polycaprolactone polymer 
fiber and sodium chloride particles through a specifically designed coaxial needle 
[24]. The inner tube held the polymer solution, while the outer annular region 
held the salt particles. After the salt particles were removed by water immersion, 
the electrospun scaffold showed a delaminated layer structure, which allowed 
for cell infiltration into the scaffold. Salt particles can also be codeposited with 
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electrospun fibers using a sieve along with a vibrating orbital shaker [25]. The 
particles were uniformly dispersed in a hyaluronic acid/collagen fibrous scaffold. 
After salt leaching, the scaffold contained large pores with cubic shapes, which 
allowed chondrocyte growth and proliferation inside the scaffold.

19.4.4   Sacrificed fiber method

The sacrificed fiber method combines two kinds of fibers into a scaffold and then 
removes one of the fibers, which reduces the fiber intersections and loosens the 
scaffold (Figure 19.6). Poly(ethylene glycol) has been usually used for the sacrificed 
fibers because it is water soluble and easily removed by immersing the scaffold in 
water. For this purpose, the electrospinning device requires two spinnerets. One 
spinneret is for a polymer solution to produce the targeted polymer fibers, and the 
other one is for the polymer solution to produce the sacrificial fibers. The two spin-
nerets can be placed parallel or perpendicularly with two kinds of fibers depositing  
on a collector. For example, two different fibers of slow-degradable polycaprolactone  
and water-soluble, sacrificial poly(ethylene oxide) (PEO) were combined into a 
composite [26]. The PEO fibers were selectively removed using water to increase the 
pore size of the electrospun scaffold, which facilitated cell infiltration and enhanced 
matrix distribution.

Figure 19.6 Schematic procedure of the sacrificed fiber method.

19.4.5   Concurrent electrospray/electrospin method

The concurrent electrospray/electrospin method is an effective method for loosening 
the fibrous scaffold, allowing extensive cell infiltration. At least two spinnerets are 
required. One spinneret is used to produce the electrospun polymer fibers, while the 
other spinneret is used to electrospray a flowable liquid, such as PBS, cell culture 
medium, or even pregel solution (Figure 19.7) [27–29]. These droplets produced by 
electrospray and the electrospun fibers concurrently deposit on a collector. The drop-
lets can accelerate the polymer fiber surface solidification and prevent direct overlap 
of fibers to reduce the fiber intersections, and their volume can also occupy the space 
inside the scaffold, which can loosen the electrospun scaffolds. Electrospun poly(ester 
urethane) urea and electrosprayed cell culture medium concurrently deposited on a 
rotating cylinder collector were used to achieve a looser fibrous scaffold, called a 
“wet-electrospun” scaffold [27], Furthermore, the pregel solution from enzymatically 
digested dermal extracellular matrix was electrosprayed, concurrently depositing with 
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the electrospun PEUU fibers [28]. After the pregel solution was gelled at 37 °C, a 
hydrogel/electrospun fiber composite scaffold was obtained. The above two scaffolds 
exhibited extensive cell infiltration after 4 weeks of implantation in a rat full-thickness 
abdominal wall defect model, while the conventional polymer scaffolds showed very 
poor cell infiltration.

19.4.6   Cell microintegration method

The cell microintegration method is a direct way to cellularize an electrospun scaffold. 
The electrosprayed cell suspension and the polymer fibers concurrently deposit on a 
collector (Figure 19.7). It is notable that the cells can survive after high voltage treatment 
during electrospray. The solvent residual does not obviously induce severe cell death. 
Vascular smooth muscle cells, cardiac progenitor cells, and mesenchymal stem cells 
have been electrosprayed concurrently with electrospinning biodegradable polyure-
thane, which resulted in cell/fiber microintegrated constructs [30–33]. The cells inside 
the fibrous scaffold survived and proliferated, and the stem cells differentiated into the 
expected primary cells.

These above methods are feasible and effective for changing the architecture of the 
dense fibrous scaffolds for improved cell infiltration. However, the scaffold loosening 
inevitably induces a decrease of the mechanical strength of scaffolds. It can also result 
in the accelerated degradation of the submicrometer fibrous scaffold as the fluid and 
the cells can rapidly penetrate into the scaffold. Thus, one must consider these changes 
of material properties prior to applying a loosened scaffold for tissue engineering.

Figure 19.7 Schematic classic setup of electrospray/electrospin method and cell microinte-
gration method.
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19.5   Electrospun polyurethane scaffolds in tissue 
engineering applications

Tissue engineering is the use of a biodegradable scaffold combined with cells and sig-
nal molecules to regenerate a native tissue. As a promising candidate, the electrospun 
polyurethane scaffold has been applied for a variety of tissue repair and regeneration 
applications. The biodegradable PU scaffold has robust mechanical properties with 
good elasticity and surgical handling, and it also exhibits good biocompatibility. Other 
materials and bioactive molecules can also be combined with electrospun polyurethane 
scaffolds to improve their biofunctionality. The polyurethane scaffolds have been used 
for tissue engineering blood vessels, myocardia, heart valves, and abdominal walls, as 
well as skeletal muscle [34], bone [35], and neural tissue [36] (Figure 19.8).

Figure 19.8 Tissue engineering applications of biodegradable electrospun polyurethane 
scaffolds.

19.5.1   Blood vessel tissue engineering

Autologous vascular transplantation is the gold standard for treating coronary and 
peripheral vascular diseases. However, the resource for healthy autologous vascula-
tures is limited in terms of the age and health status of the patient. Thus, the  tissue 
engineering approach for regenerating a native blood vessel has been proposed. 
 Biodegradable polyurethane has been processed into tubular scaffolds by electro-
spinning, which was applied for blood vessel regeneration, because it has robust 
mechanical properties with good elasticity and biocompatibility. Two main barriers 
to blood vessel tissue engineering are material thrombosis (blood compatibility) and 
 hyperplasia (smooth muscle cell overproliferation), which induce restenosis and fail-
ure of the implant. Hence, prior to the use of polyurethane scaffolds for blood vessel 
replacement, their hemocompatibility must be improved. Additionally, it is thought 
that the mechanical mismatch with the scaffold and the native blood vessel is a main 
reason to induce hyperplasia; thus, polyurethane scaffolds are required to mechani-
cally match with the native blood vessel.

A biodegradable poly(ester urethane)urea (PEUU) was blended with a phospholipid 
polymer of poly(methacryloyloxyethyl  phosphorylcholine-co-methacryloyloxyethyl 
butyl urethane) (PMBU) (molar ratio = 70/30), in HFIP solvent, and then coelectrospun 
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into a small diameter conduit (inner diameter, i.d. = 1.2 mm) as a biodegradable vascu-
lar graft [37]. The PEUU provided the mechanical support, while PMBU contributed 
to improve blood compatibility; PMBU addition significantly reduced ovine blood 
platelet deposition. The generated conduits have compliances comparable to those 
of the human artery. The 8 week in vivo implantation in a rat aorta model showed 
that the PMBU addition significantly increased the patency (75%) compared to 
PEUU alone (25%). A thin layer of neointimal including a layer of von Willebrand 
factor (vWF)-positive endothelial cell-like cells and a layer of alpha-smooth mus-
cle actin-positive smooth muscle cell-like cells was observed by immunohistological 
staining. In a related strategy, the nonthrombogenic polymer can be grafted on the 
luminal surface of an electrospun biodegradable PEUU conduit [38]. This method 
can provide a blood-compatible surface without adverse effects on the PU conduit 
properties. The phospholipid polymer (poly(methacryloyloxyethyl phosphorylcho-
line-co-acrylic acid), PMA, molar ratio = 70/30) was grafted onto the lumen of an 
electrospun PEUU conduit [38]. The PMA coating significantly reduced the ovine 
blood platelet deposition. After 8 weeks of implantation into a rat aorta model (end 
to end implantation), the phospholipid polymer-coated PEUU conduit had a higher 
patency of 92% than that of PEUU conduit alone (40%). A continuous endothelial 
cell layer formed on the luminal surface. At 12 weeks, the coated PEUU conduit had 
mechanical properties including compliance, stiffness, and tensile strength compara-
ble to those of native aorta.

Biodegradable electrospun PU scaffolds can also be combined with drug release 
to improve blood compatibility. The biodegradable PU was mixed with dipyrida-
mole (DPA) in HFIP, and then electrospun into a drug-eluting small diameter con-
duit (i.d. = 1.2 mm) [39]. The DPA introduction increased the initial modulus of the 
PU scaffold because the DPA had strong hydrogen bonding with the polyurethane. 
This scaffold showed DPA released up to 90 days. The DPA-loaded scaffold showed 
improved blood compatibility in terms of lower red cell hemolysis and platelet 
deposition compared to the scaffold without DPA. The DPA-eluting scaffold also 
supported endothelial cell growth, while inhibiting smooth muscle cell proliferation. 
Although the above scaffolds are promising as biodegradable vascular grafts for 
in vivo tissue engineered blood vessels, the dense fibrous structure limits the cell 
infiltration into the scaffold.

A bilayer scaffold including an outer layer of an electrospun PEUU scaffold 
and an inner layer of porous PEUU scaffold was developed to address the cellular-
ization issue [15]. The electrospun layer provided the mechanical support, while 
the porous scaffold layer supplied space for cell loading and infiltration. Prior 
to implantation, the cells including primary cells or stem cells were uniformly 
seeded into the porous layer using a customized vacuum device [15,40–42]. Rat 
vascular smooth muscle cells were seeded into the bilayer conduit and cultured 
in vitro for 2 days, and then this cellularized scaffold was implanted into the rat 
aorta model [42]. After 8 weeks, the patency of the cellularized scaffolds increased 
by 75% compared to 38% of the acellular scaffold. The failed scaffolds were 
blocked due to the intimal hyperplasia. The patent scaffolds contained a neointi-
mal layer consisting of multiple layers of the immature contractile smooth muscle 



554 Advances in Polyurethane Biomaterials

cells and a monolayer of endothelial cells. Muscle-derived stem cells and human 
pericytes were also seeded into this bilayer scaffold and then implanted into the 
rat aorta model. Both cellularized scaffolds showed markedly improved patency 
after 8 weeks of implantation compared to the acellular scaffolds [40,41]. It is 
notable that the human pericyte-seeded scaffolds showed 100% patency without 
dilation [41]. Good tissue remodeling and the existence of collagen and elastin 
were observed for the patent pericyte-seeded scaffolds. The multiple layers of 
smooth muscle cells and a monolayer of endothelial cells were detected on the 
lumen. Although, it was observed that the smooth muscle cells were not fully 
contractile, these cellularized bilayer scaffolds showed great promise for tissue 
engineered vascular grafts, and a long-term animal study is expected.

In addition, direct cellularization for electrospun tubular scaffolds can be accom-
plished by a cell-microintegration technique. Rat vascular smooth muscle cells were 
simultaneously electrosprayed while electrospinning PEUU fibers onto a rotating 
mandrel to form a cell-infused tubular scaffold [30]. The cells survived and prolif-
erated inside the scaffold. Biomechanical testing of the cellularized scaffold showed 
that it had similar mechanical properties to those of human coronary arteries and 
saphenous veins. In a recent study, mesenchymal stem cells also were combined 
with electrospun poly(ester carbonate) urethane fibers using a microintegration 
method to form a vascular graft [32]. This graft also showed similar mechanical 
properties with the native blood vessel. Unfortunately, no animal implant result is 
available at present.

19.5.2   Cardiac tissue engineering

In the area of cardiac tissue engineering, electrospun polyurethane scaffolds have 
not yet been implanted into animals. However, some reports showed promising 
in vitro results. Neonatal rat cardiomyocytes were seeded on either random or 
aligned fibrous biodegradable PU sheets [43]. The aligned fibrous scaffold yielded 
highly oriented cardiomyocytes. The cells on the aligned scaffold showed a low 
steady state level of atrial natriuretic protein, and the continuous release of the pro-
tein implied that the cell phenotype turned into a more mature status. Furthermore, 
murine embryonic stem cell-derived cardiomyocytes were seeded on the aligned or 
random fibrous polyurethane scaffolds along with the mouse embryonic fibroblasts 
[44]. Compared to the random scaffold, the aligned scaffold resulted in increased 
anisotropy of rod-shaped cells and promoted sarcomere organization. Coculturing 
with the mouse fibroblasts further improved the sarcomere organization. In addition, 
mouse cardiosphere-derived cells were microintegrated with electrospun fibers of a 
blend of biodegradable polyurethane and a biodegradable thermosensitive hydro-
gel through a concurrent electrospray/electrospin method [31]. Blending the softer 
hydrogel and the stiffer polyurethane modulated the global modulus, single fiber 
modulus, fiber density, and alignment of the construct by altering fabrication param-
eters. It was found that the construct with low moduli (50–60 kPa) significantly 
promoted the  cardiosphere-derived cell differentiation into mature cardiomyocytes 
in vitro after a 1 week culture.
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19.5.3   Heart valve tissue engineering

A low flexural stiffness is one of the most important features in the design of a bio-
degradable scaffold for heart valve tissue engineering. Altering the electrospinning 
parameters can modulate the microstructure and mechanical properties of the bio-
degradable polyurethane fibrous scaffold. Increasing rastering rates can significantly 
decrease the fiber intersections, which reduces the bending modulus [45,46]. For a 
wet-electrospun biodegradable polyurethane scaffold, the fiber intersections associ-
ated with the stiffness reduced with increasing the raster speed from 0.3 to 30 cm/s 
[45]. A cell microintegrated scaffold prepared by combining rat smooth muscle cells 
and biodegradable polyurethane fibers at a slow rastering rate (3 cm/s) exhibited 
mechanical anisotropy similar to that of the native porcine pulmonary valve [45]. 
 Furthermore, adding a secondary fiber method can tune the material bending stiffness. 
When the polyurethane fibers were combined with polycaprolactone (PCL) electro-
spun fibers, the fiber intersections and tensile modulus increased with the increase 
of PCL weight ratio [46]. When the PEO fibers were sacrificed from a combined 
scaffold of the polyurethane and PEO fibers, the fiber intersections and bending mod-
ulus of the formed polyurethane fibrous scaffolds were significantly reduced [46]. 
Recently, by depositing electrospun fibers on a rotating conical mandrel, a curvilinear 
biodegradable polyurethane fibrous scaffold was prepared [17]. The formed scaffold 
had a curvilinear fiber structure similar to that of the native pulmonary valve leaflet. 
Under quasistatic loading, the scaffolds with the curvilinear fiber microstructures had 
reduced strain concentrations compared to the scaffolds fabricated using a conven-
tional cylindrical mandrel.

19.5.4   Abdominal wall reconstruction

An appropriate biodegradable patch is assigned to treat abdominal wall trauma and hernia 
through tissue regeneration. An electrospun biodegradable polyurethane scaffold hav-
ing high elasticity, biocompatibility, and robust mechanical strength meets these needs. 
However, once again cell infiltration is a major concern due to the dense fibrous structure 
of the electrospun scaffolds. A wet-electrospun scaffold was fabricated by simultane-
ously electrospinning PEUU fibers and electrospraying cell culture medium [27]. After 
8 weeks of implantation into a rat full-thickness abdominal wall defect model, extensive 
cellular infiltration was observed for the wet-electrospun PEUU scaffold, while no cellu-
lar penetration was seen for the conventional electrospun PEUU scaffold. Biaxial testing 
exhibited anisotropic tissue remodeling. To further improve the bioactivity of electro-
spun abdominal wall scaffold, dermal extracellular matrix (ECM) powder was blended 
with the PEUU, and then electrospun into a scaffold sheet [21]. After an 8 week implan-
tation, it was shown that more positive alpha-smooth muscle actin staining was found 
surrounding PEUU/ECM hybrid scaffolds compared to the PEUU scaffold alone. How-
ever, extensive cell penetration was not found. Through concurrently electrospraying 
dermal ECM pregel solution and electrospinning the PEUU, a dermal ECM hydrogel/ 
PEUU fibers hybrid scaffold was fabricated [28]. After a 4 week implantation into the 
rat abdominal wall model, the PEUU fibers/dermal ECM hydrogel hybrid scaffolds 
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exhibited extensive cell infiltration with good tissue integration. The tissue remodeling 
was significantly improved. To further reinforce the dermal ECM hydrogel/PEUU fibers 
hybrid scaffold, a sandwich scaffold consisting of two fiber-rich layers (top and bottom) 
of wet-electrospun PEUU scaffolds and one fiber-poor layer (middle) of the hydrogel/
fiber hybrid scaffold was developed using a concurrent electrospray/electrospin method 
[29]. The three layers were achieved through sequentially electrospraying phosphate 
buffer solution (PBS), pregel solution and PBS. This sandwich scaffold had significantly 
greater mechanical strength than the control of the hydrogel/fiber hybrid scaffolds with-
out the two fiber-rich layers. In the rat full-thickness abdominal wall defect model, the 
control failed at 8 weeks of implantation because of the implant thinning. The sand-
wich sample showed similar thickness with the native rat abdominal wall at 8 weeks and 
12 week, and its explant had increased M2-type macrophages and better tissue remodel-
ing with mimetic structure and mechanical anisotropy comparable to those of the native 
abdominal wall.

19.6   Summary and future trends

Currently, scaffolds with mimetic structures and mechanical properties of the target 
native tissue are desired for tissue engineering. Biodegradable polyurethanes, which 
are mimetic with soft tissue mechanical behavior, have robust mechanical proper-
ties with high elasticity and flexibility. The electrospinning technique can process the 
polymer into nanoscale fibers, which can simulate the extracellular matrix microstruc-
ture of the tissue. Thus their combination has high potential for achieving an expected 
tissue engineering scaffold. In the next step, new biodegradable polyurethanes with 
additional property optimizations and biofunctionalities are desired. Reducing the 
initial modulus, increasing the mechanical strength, and combining bioactivity and 
biofunctions will be major areas of focus in new polymer development. Next, it will be 
necessary to develop new techniques to facilitate cell infiltration into the electrospun 
scaffold. Current approaches to the cell infiltration are still complex with limitations. 
A simple and effective way to achieve a bimodal pore structure would be a significant 
advantage. Finally, further in vivo testing of novel scaffold constructs is desired. The 
current biodegradable polyurethane fibrous scaffolds are known to be biocompatible 
and able to support primary cell growth and stem cell differentiation. The in vivo 
study, especially for specific tissue replacement, will confirm the feasibility of using 
polyurethane scaffolds for these applications. In summary, combining biodegradable 
polyurethanes and electrospinning can achieve promising fibrous scaffolds for tissue 
engineering applications. By altering the properties of the polymer solution and elec-
trospinning parameters, the characteristics of fibrous scaffolds can be modulated to 
simulate native tissue. Furthermore, through design evolution of the electrospinning 
process, it is feasible to address the major challenge of cell penetration into the elec-
trospun scaffolds. Polyurethane fibrous scaffolds are proposed for the regeneration 
of a variety of tissues, especially soft tissues. Such scaffolds with attractive struc-
tural, mechanical, and biodegradable properties have the potential to advance tissue 
 engineering into clinical applications.
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20.1   Introduction

Researchers in the medical industry have been drawn to the advantages of shape memory 
materials, such as nitinol, since 1971 (Funakubo, 1987). Until the 1990s, commercially 
available shape memory materials used in the medical industry were limited to nickel–
titanium, copper, and iron-alloy systems (Huang et al., 2010). In 1985 Drs Robert Ward 
and Judy Riffle of Thoratec Laboratories Corporation, Pleasanton, California, filed a 
patent titled “Method for making an article with shape-memory properties and some of 
the thus obtained articles,” which is one of the first descriptions of what is considered a 
shape memory polymer (SMP) today. In 1990 Dr Hayashi of Mitsubishi Heavy Indus-
try, Japan, published his findings on one of the first commercial thermoplastic SMPs 
(Hayashi, 1990). SMPs offer several advantages over traditional shape memory alloys 
(SMAs). For instance, SMPs can recover up to 400% plastic strain versus only 7–8% 
for SMAs, they typically cost approximately 10% of the cost of SMAs, SMPs can be 
fabricated with densities less than 1.25 g/cm3, they can be tuned to have a wide range 
of transition temperatures for numerous applications, and they have demonstrated bio-
compatibility in various applications (Sokolowski et al., 2007). Since the introduction of 
SMPs into the marketplace, they have continued to garner significant interest as highly 
advantageous materials for use in the medical industry.

SMPs are capable of switching between a primary and a secondary shape on the 
input of an external stimulus, such as heat or UV light (Zhang et al., 2014; Tseng et al., 
2013). These materials can be synthesized in their primary shape and programmed 
into an elongated or compact secondary shape via mechanical programming. The SMP 
maintains this secondary shape due to the switching segments that undergo thermal 
transitions during programming while the permanent shape is maintained by the net 
points of the polymer (Tseng et al., 2013; Zhang et al., 2014). Net points are physical 
or chemical cross-links that provide the shape memory effect (SME) for the polymer.

SMPs can be fabricated using a variety of polymer systems, including poly(ɛ-capro-
lactones), acrylates, polynorbornenes, cross-linked polyethylenes, poly(ether ketones), 
and polyurethanes (Defize et al., 2011; Hearon et al., 2011; Khonakdar et al., 2007; 
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Sakurai and Takahashi, 1989; Wu et al., 2014; Yakacki et al., 2007). From 2005 to 
2015, polyurethane SMPs have garnered significant interest for use in implantable 
medical devices. This is primarily because they are easily manufactured in large quan-
tities using conventional polymer fabrication techniques, their mechanical properties 
and transition temperatures are easily tuned to match specific applications, and they 
have demonstrated extensive biocompatibility (Cabanlit et al., 2007; Lendlein and 
Kelch, 2002; Metcalfe et al., 2003; Sokolowski et al., 2007). These characteristics of 
polyurethanes have resulted in their implementation into the design and fabrication 
of numerous medical devices, such as thrombectomy devices, cardiovascular stents, 
self-tightening sutures, and kidney dialysis adapters (Lendlein and Langer, 2002; 
Ortega et al., 2007; Small et al., 2005; Wache et al., 2003). However, perhaps the most 
intriguing technologies with the potential to compete with current FDA-approved 
devices are polyurethane SMP foams used in embolization procedures. The goal of 
embolization, current treatment methods, and how SMP foams can propel these pro-
cedures into a new realm of innovation will be discussed throughout this chapter.

20.1.1   Scaffold fabrication techniques

Numerous fabrication techniques can be used to create porous SMP scaffolds. Each 
method varies in complexity and results in varying scaffold morphologies, as demon-
strated in Figure 20.1.

The best-suited technique for fabricating a given scaffold depends on the intended 
application, the polymers being used in the fabrication, and the conditions under which 
the polymer solutions are cured and maintained. Some of these fabrication techniques 

(a) (b) (c)

(d) (e)

Figure 20.1 SEM image of polymer scaffolds synthesized via (a) solvent casting (Boateng 
et al., 2009), (b) gas blowing, (c) emulsion templating (Janik and Marzec, 2015), (d) particle 
leaching (Janik and Marzec, 2015), and (e) electrospinning (Tseng et al., 2013).
Reproduced with permission from Elsevier.
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include gas blowing, emulsion templating, particle leaching, and electrospinning. 
Although these are not the only methods that can be used to create a porous polyure-
thane scaffold, they are the most widely utilized techniques in industry and academia. 
Each of these techniques will be described in detail in the following sections.

20.1.1.1   Polymer film fabrication

Each foaming technique begins with the preparation of a neat polymer solution. Neat 
polymer films can be developed by physical treatments such as annealing, elongating 
the polymer, or by solution casting (Okuno et al., 1993). Physical elongation of the 
polymer results in a change in the molecular structure of the polymer, while solution 
casting allows for the structure to develop at the same time as the membrane formation 
throughout the scaffold (Okuno et al., 1993).

Neat polymer fabrication using solvent casting involves thin film formation by dis-
solving the polymer in an appropriate solvent, casting the polymer/solvent solution onto 
a solid substrate or mold, and then evaporating out the solvent. This process can result 
in a uniform, flat surface as shown in Figure 20.1(a) (Okuno et al., 1993). However, sol-
vent selection is an important parameter for controlling film morphology. Ohuno et al. 
synthesized poly(vinyl chloride) (PVC) films using different solvents and studied the 
effects of solvent blends on polymer morphology. Tetrahydrofuran (THF) is a good sol-
vent for PVC; however, when water is added the solvent quality decreases, resulting in a 
decrease in the size of the polymer chains in solution (Okuno et al., 1993). Additionally, 
the crystallinity of the polymer may be disrupted with the use of poor or mixed solvents.

Neat polymers have been used extensively for drug delivery applications and as bio-
materials that promote cell adhesion. In fact, some of the earliest polymer scaffolds were 
simply films that promoted cell adhesion and growth (Ito et al., 1991). Aljawish et al. syn-
thesized surface-modified chitosan films and studied the degree of protein adsorption and 
cell adhesion onto the substrate. Heterogeneous surface morphology of the films improved 
protein adsorption and subsequently resulted in favorable cell attachment and spreading 
(Aljawish et al., 2014). Film thickness also played a role in increasing cell viability. It was 
discovered that thicker films resulted in better cell viability (Aljawish et al., 2014).

20.1.1.2   Gas blowing

Gas blowing has been a popular synthesis technique used for commercial manufactur-
ing of polyurethane foams for years; however, its use in the biomedical engineering 
field has grown over the last few years (Janik and Marzec, 2015). Gas foaming allows 
nucleation and growth of gas bubbles that are dispersed within a polymer solution for 
the development of pores, as shown in Figure 20.1(b) (Ji et al., 2012). There are two 
ways to generate bubbles during gas blowing: chemical blowing and physical blow-
ing. Chemical blowing requires a reaction between blowing agents for the generation 
of gas bubbles, while physical blowing agents can be mixed into the polymer to gen-
erate a gas–polymer mixture through vaporization. Gas bubbles nucleate, grow, and 
coalesce within the mixture resulting in pore development. Carbon dioxide (CO2) is 
a widely used blowing agent because of its moderate critical point, nonflammability, 
and lack of toxicity (Ji et al., 2012; Spaans et al., 2000). CO2 foaming occurs in two 
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stages: the pressurization stage and the depressurization stage. A gas-saturated poly-
mer phase must be generated followed by pore nucleation, growth, and coalescence. 
As the foam rises, the gas bubbles trapped in the foam mixture coalesce and the pores 
grow larger. The processes used in gas blowing are summarized in Figure 20.2.

Stabilization of the porous structure can be achieved by chemical cross-linking of 
the polymer system during foaming, by phase separation, or by cooling it below its 
glass transition temperature (Frerich, 2015). For polyurethane foams, chain exten-
sion with water is effectively used to develop polyurethane ureas (Spaans et al., 
2000). During the foaming step, water is reacted with isocyanate monomers to gen-
erate carbon dioxide, resulting in a porous material. Pore structure and intercon-
nectivity can be controlled by varying foaming agent and its concentration in the 
polymer–gas mixture (Dement’ev et al., 1991; Spaans et al., 2000). A significant 
advantage of gas blowing is the lack of organic solvents used in the fabrication, 
which reduces scaffold toxicity for in vivo applications (Janik and Marzec, 2015). 
However, controlling pore sizes and connectivity can be very difficult when using 
this technique (Janik and Marzec, 2015).

Gas blown polyurethane foams have a wide range of biomedical applications as 
tissue repair scaffolds. Spaans et al. developed biodegradable, biocompatible polyure-
thane scaffolds for replacement and repair of the meniscus. The group utilized a 50/50 
blend of poly(ε-caprolactone) and poly(l-lactide) for a soft segment, while 1,4-butane 
diisocyanate constituted the hard segment (Spaans et al., 2000). The scaffold was syn-
thesized using a combination of CO2 gas blowing and chain extension using adipic acid. 
CO2 use resulted in interconnected macropores in the final scaffold while chain exten-
sion created smaller, homogeneous pores with interconnectivity (Spaans et al., 2000).

A side material: polyols,
water, surfactants, catalysts

B side material:
polyisocyanates
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Figure 20.2 Schematic of the steps involved in fabricating porous gas blown scaffolds.
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20.1.1.3   Emulsion templating

Emulsion templating is a popular scaffold fabrication technique that was first utilized in 
the 1960s (Kimmins and Cameron, 2011). A diagram showing the steps involved in this 
fabrication technique is shown in Figure 20.3. This technique involves the use of two liq-
uid phases, the external and the internal phase (Silverstein, 2014a). The external phase, 
also called the nondroplet phase, forms the solid polymeric scaffold while the internal 
phase, or the droplet phase, consists of oil or water droplets (Silverstein, 2014b). Simply 
put, the emulsion of oil in an aqueous/polymer phase allows for the development of a 
polymer shell around the oil droplets, resulting in a porous scaffold with controlled pore 
sizes (Figure 20.1(c)). Additional components such as surfactants and catalysts are added 
to stabilize the pores and speed up the reaction kinetics for scaffold synthesis (Sarvi et al., 
2012; Silverstein, 2014a). High internal phase emulsions (HIPEs) are a widely used type 
of emulsion templating for polymer scaffolds (Silverstein, 2014a). For this type of emul-
sion, the droplet phase consists of 70% of the volume of the emulsion and the resulting 
scaffold has small, interconnected pores (Silverstein, 2014a). A polymerized HIPE is often 
called a polyHIPE. To differentiate pore characterization from gas blowing techniques, 
the spherical cavities generated from the emulsion droplets are called voids (Cameron, 
2005). The voids normally have interconnected holes which are referred to as windows. 
Synthesis of a polyHIPE consists of mixing reactive monomers, catalysts, and surfactant 
while slowly adding the droplet phase (Cameron, 2005). Mixing is required to break up the 
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formation of larger droplets due to phase separation. Once the nondroplet phase has cured, 
the resulting polyHIPE is washed and dried to remove the droplet phase (Cameron, 2005).

Void size can be controlled by altering the concentration and viscosity of the external 
phase and the volume of the internal phase (Kimmins and Cameron, 2011). Surfactant 
concentration also plays a major role in altering the polyHIPE morphology (Kimmins 
and Cameron, 2011). Yao et al. studied the effects of a triblock surfactant concentration 
on polyHIPE morphology. The void structure became more homogeneous and intercon-
nected when surfactant concentration was increased from 2% to 7% (v/v) (Yao et al., 
2009). Increasing surfactant concentration allows thinning of the polymer films separat-
ing adjacent emulsion droplets, allowing for windows to develop in the void structure 
as the polymer cures (Cameron, 2005). However, one disadvantage of polyHIPEs is the 
large amount of droplet phase that is required during synthesis (Kimmins and Cameron, 
2011). If the droplet phase is organic, further postfabrication cleaning of the scaffold is 
required to ensure removal of all organic solvents that might cause cell toxicity.

Emulsion freeze drying is another form of emulsion templating that utilizes drop-
let formation from mixing two immiscible phases as well (Janik and Marzec, 2015). 
However, with emulsion freeze drying the droplet phase is normally water and the 
emulsion can be frozen quickly once homogeneous voids have been achieved (Janik 
and Marzec, 2015). The scaffold is then freeze-dried to remove the aqueous phase, 
leaving behind a porous polymer structure. One of the main advantages of this tech-
nique is the lack of organic solvents and minimizing the time-consuming drying pro-
cesses associated with polyHIPEs (Janik and Marzec, 2015).

20.1.1.4   Particle leaching

Particle leaching involves dispersing solid particles into a polymer solution (El-Kady 
et al., 2012). First, a polymer solution is synthesized at 5–20% concentration in an 
organic solvent (Hariraksapitak et al., 2008). Then the particles are added to the polymer 
solution before the solvent is evaporated via air drying, vacuum drying, or freeze drying 
to embed the solid particles within the polymer matrix (Yoon et al., 2003). After drying, 
the polymer/solid composite is immersed in water to dissolve the solid particles, leav-
ing behind a porous polymer scaffold (Figure 20.1(d)). This process is summarized in 
Figure 20.4. Most particle leaching techniques utilize salts; however, sugar, ammonium 
chloride, sucrose, starch, paraffin, and gelatin particles have also been reported in the lit-
erature (Janik and Marzec, 2015). Microspheres are preferred for salt leaching because 
they result in regular pore geometry that enhances the mechanical properties of the scaf-
fold and improves fluid exchange and nutrient supply to cells (Janik and Marzec, 2015).

Scaffold porosity can be controlled by varying the particle concentration, while 
pore sizes depend on the size of the particles added to the polymer solution (De Nardo 
et al., 2012; Janik and Marzec, 2015). If the particle concentration is insufficient, iso-
lated pores will be generated as the polymer surrounds each particle. Hariraksapitak 
et al. reported an increase in porosity with higher concentrations of particles (25× to 
40×) due to the generation of more voids. However, pore sizes remained in the range 
of 200–400 μm as a result of the particle size utilized during scaffold synthesis, which 
indicates that particle size and shape are directly related to the pore size and geometry 
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of the scaffold (Hariraksapitak et al., 2008). Increased particle loading can result 
in void formation within the scaffold, due to close packing, which will ultimately 
decrease the overall mechanical properties of the scaffold (Janik and Marzec, 2015). 
Hariraksapitak et al. evaluated compressive and tensile properties for scaffolds with 
varying porosity. It was reported that higher porosity scaffolds experienced a decrease 
in both compressive and tensile strength (Hariraksapitak et al., 2008).

An advantage of using particle leaching is the ease of fabrication since no special-
ized equipment is required for scaffold synthesis. However, the difficulty associated 
with selecting particle type and size is a disadvantage, because attaining high porosity 
while maintaining adequate mechanical strength is a challenge. The ability to control 
and tune the porosity and interconnectivity of a scaffold is especially important for 
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optimizing cell ingrowth and diffusion (Heijkants et al., 2006). Another disadvantage 
of this technique is that it yields thin materials due to difficulties in leaching salt from 
large volumes. Organic solvents provide a means of removing salt, although residual 
solvent may affect cell growth and adhesion.

20.1.1.5   Electrospinning

Electrospinning is a unique scaffold fabrication technique that yields a porous, 
three-dimensional scaffold that mimics the extracellular matrix (Figure 20.1(e)) 
(Rogina, 2014). This process involves the use of a high voltage power supply applied 
to the polymer solution to induce jet formation (Rogina, 2014). The basic setup con-
sists of a syringe with a feed pump, high voltage power supply to provide an electrical 
field, and grounded fiber collector, which is normally a metal plate or a rotating man-
drel (Figure 20.5) (Sell and Bowlin, 2008). The electrical field generates a charged 
polymer jet which deforms uniaxially from the needle tip to the grounded collector 
(Jiang et al., 2014). During this process, the solvent evaporates, leaving behind dried 
polymer fibers that form the fibrous scaffold.

Electrospun scaffolds are continuous fibrous scaffolds that result from a polymer 
melt or solution and have fiber diameters ranging from micro to nanoscale (Rogina, 
2014). Electrospinning can be utilized for a wide range of polymers and composite 
materials, making it a versatile, cost-effective technique for developing biomedical 
scaffolds with controlled production and easy scale-up (Rogina, 2014). This technique 
was first used in the 1990s to develop polymer nanofibers and is currently popular for 
developing tissue engineering and drug delivery scaffolds (Sell and Bowlin, 2008). A 
diagram of a typical electrospinning setup is shown in Figure 20.5.

Polymer properties, such as viscosity, surface tension, and conductivity, play an 
important role in controlling the size, density, and morphology of the electrospun 
fibers (Rogina, 2014). Solution viscosity is dependent on the polymer molecular 
weight and degree of entanglements/cross-linking (Jiang et al., 2014). This affects 
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the development of fibers versus droplets during jet formation, and the subsequent 
final scaffold could potentially have a combination of both. Lower viscosity solutions 
generally result in droplet formation while higher viscosity solutions may result in 
poor jet formation and an increase in fiber diameter (Jiang et al., 2014). Surface ten-
sion of the solution is directly related to the nature of the solvent. A lower surface 
tension solution may allow the utilization of lower electric fields for fiber formation 
(Rogina, 2014). However, this may change the solution viscosity and result in droplet 
formation in the scaffold. Conductivity of the solution is affected by the nature of the 
solvent and by the incorporation of inorganic salts (Rogina, 2014). Addition of salts, 
such as sodium chloride, will increase solution conductivity, which in turn increases 
its mobility under the electric field (Rogina, 2014). This provides greater elongations 
and thinner diameters of the resulting fibers. Fine-tuning the various parameters of 
the polymer solution can result in controlled fiber diameters of less than 300 nm for 
optimal cell infiltration and growth (Jing et al., 2015).

20.2   Embolization and occlusion
20.2.1   Goal of embolization

In some circumstances blood flow through specific vascular pathways can cause 
potentially life-threatening complications. In these instances physicians rely on embo-
lization devices to block blood flow to the region. Embolization is a technique in 
which a physician places a material within a cavity or blood vessel with the intent of 
completely occluding that region or diverting blood flow from that region. Oftentimes, 
endovascular embolization supplants highly invasive surgeries used to treat the same 
morbidity. This is primarily due to reduced treatment costs, recovery time, and patient 
discomfort, as well as improved clinical outcomes (Carradice et al., 2011; Molyneux 
et al., 2002). This type of treatment is used for a wide variety of morbidities, such 
as arteriovenous malformations (AVM), aneurysms, venous insufficiency, and pat-
ent foramen ovale (PFO) (Bendok et al., 2003; Knerr et al., 2014; Min et al., 2012; 
Qureshi et al., 1996; Rodriguez et al., 2014). However, researchers and physicians 
continue to discover novel indications for endovascular embolization as catheteriza-
tion technology evolves.

20.2.2   Current treatment methods

Although a number of different methodologies exist to exclude vessels from undesired 
blood flow, such as endovenous ablation, surgical ligation, and sclerotherapy, the fol-
lowing sections describe FDA-approved interventional embolic devices that are most 
similar to SMP foam scaffolds.

20.2.2.1   Coiling

Embolic coiling involves the placement of a fine coil in a vascular defect to generate 
and maintain a clot. Initially coils were composed of steel guidewires tipped with 
cotton or wool strands that were navigated to the desired location through a catheter 
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under fluoroscopy. This is still the standard procedure used today, but the design of the 
coils has experienced some changes (Gianturco et al., 1975). The first modern coils 
were composed of a bare platinum coil and were developed as a method of retaining 
a clot that was formed by electrothrombosis, a process by which a positive charge is 
applied to a lead within the aneurysm that attracts negatively charged components of 
the blood, namely platelets, and forms a clot. Conveniently this same electric current 
could be used to detach the coil through electrolysis, making a very effective and 
simple delivery method (Guglielmi et al., 1991). Though some alternative detachment 
methods have been used, most of the variation in embolic coils comes from technolo-
gies developed to increase the volume filling and surface area properties of the devices 
through the addition of hydrogels or fibers, as shown below in Figure 20.6 (Chuang 
et al., 1981; Kallmes and Fujiwara, 2002; Miller and Mineau, 1983).

Many coils still use a pushable design that allows them to be delivered using stan-
dard guidewires or custom pusher wires. The relative ease of use and low cost of 
these coils have made them the most popular type of coil in interventional radiology. 
Detachable coils are still the preferred method where precise positioning is critical 
for optimal filling, or when coil migration during the procedure is of serious concern. 
These coils are also typically used when a tortuous pathway may lead to an inability 

Figure 20.6 (a) Original fibered coils with Dacron fibers attached at the proximal and distal 
ends of the coil, and (b) the newer style of fibered coils with Dacron fibers attached through-
out the length of the coil (Miller and Mineau, 1983).
Reprinted with permission from Springer.
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to advance the coil through the entirety of the catheter, which is the case in interven-
tional procedures performed to treat intracranial aneurysms (Park et al., 2015; Vaidya 
et al., 2008). Endovascular coiling is the most widely used embolization method but 
it still has a number of complications. Coils can protrude or fully migrate into the 
parent vessel and potentially cause a thromboembolism, and the procedure itself is 
dangerous and can lead to aneurysm rupture (Bilbao et al., 2006). Approximately 20% 
of aneurysms, particularly those with an internal diameter larger than 25 mm or a 
neck diameter larger than 4 mm, will experience rebleeding due to coil compaction or 
device migration (Currie et al., 2011). Coiling is typically not well suited for clotting 
in high flow areas or in areas where the coils could easily migrate (Chuang et al., 1981; 
Currie et al., 2011; Lubarsky et al., 2009).

20.2.2.2   Gelfoam® plug

Gelfoam®, a gelatin foam available in sheet or powder form that can be formed into a 
variety of shapes by an interventionalist, is often used off-label to completely occlude 
specific vessels, although it is not indicated specifically for intravascular embolization 
(Patel et al., 2005). The foam can also be cut into fine segments and mixed with a 
diluted contrast agent to create a slurry that is injected into the target site, as shown in 
Figure 20.7.

The device functions as a physical barrier to prevent blood flow through the vessel, 
but due to the gelatinous and bioabsorbable nature of the foam on saturation, it does 
not provide a scaffold for clot formation and connective tissue ingrowth (Speakman, 
1964). Gelfoam® treatments can lead to downstream embolization due to the nature 
of the particles and may have a connection with infections, potentially caused by air 
bubbles trapped in the materials during the mixing process used to prepare the foam. 

Figure 20.7 A Gelfoam® pledget is shaved with a blade at a 45° angle, allowing the shav-
ings to mix with a contrast agent to produce a slurry that is then injected to the target site 
(Golzarian, 2006).
Reprinted with permission from Springer.



572 Advances in Polyurethane Biomaterials

There are also issues with frequent recanalization of treated vessels because the gel 
is resorbable, and as such, the gel may be fully resorbed before stable fibrosis occurs. 
Gelfoam® use is often combined with embolic coils so that the gel creates the initial 
occlusion and the coils are implanted to retain the clot at the treatment region after the 
body begins resorbing the gelatin (Lubarsky et al., 2009; Vaidya et al., 2008).

20.2.2.3   Nitinol mesh

Nitinol mesh devices, the most notable of which is the Amplatzer Vascular Plug, are 
a family of endovascular embolization devices that take advantage of nitinol’s highly 
elastic nature to create multiple fine-meshed discs and ovoids that instantly expand on 
exiting the catheter. One such device is shown below in Figure 20.8. The goal of these 
devices is to provide a sufficiently fine mesh to create flow stagnation and recircula-
tion zones in the device to activate thrombus formation. They have a cost advantage 
over embolic coils because only one device is used to occlude the target region. How-
ever, nitinol mesh devices typically do not create a stable thrombus as rapidly as coils 
(Tuite et al., 2007; Vaidya et al., 2008). Newer nitinol mesh devices seek to combine 
the flexible, self-expanding nature of nitinol with thrombogenic, biocompatible mate-
rials like PTFE. One such device is the micro vascular plug system manufactured by 
Reverse Medical®. This device combines a stent-like structure of nitinol completely 
covered with PTFE (Pellerin et al., 2014). The inclusion of PTFE seeks to reduce the 
time to occlusion by forcing the blood flow through the significantly smaller pore sizes 
of the PTFE cover rather than the nitinol cage.

20.2.2.4   Polyvinyl alcohol foam

Polyvinyl alcohol (PVA) foams can have plastic memory capabilities similar to those 
of polyurethanes (Tadavarthy et al., 1975). Currently PVA is mostly used as a foam in 

Figure 20.8 Image of an Amplatz® canine duct occluder (ACDO), which shows the fine 
nitinol wire mesh used as an embolic device to completely occlude patent ductus arteriosus 
(PDA) in dogs.
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a method similar to that of Gelfoam®; it is typically packaged as particles produced 
from a foam sheet and sorted by size. Typical PVA particles are shown in Figure 
20.9. PVA foam treatments consist of injecting hundreds to thousands of these par-
ticles into the treatment region where they adhere to the vessel wall and produce an 
inflammatory response resulting in fibrosis. The major issue faced with these PVA 
treatments is that they can aggregate in the catheter or clot downstream vessels and 
there have been reports of the foam migrating from the treatment region and causing 
a pulmonary embolism (Thompson et al., 1993; Vaidya et al., 2008; Whiting et al., 
1992; Derauf et al., 1987).

20.2.3   Indications for embolization

20.2.3.1   Ateriovenous malformations

Vascular malformations, often described as a bag of worms, can occur throughout 
the body but are most prevalent in the central nervous system. There are many types 
of vascular malformations, but on their most basic level they are an abnormal con-
nection between an artery and a vein that bypasses or “shunts” a capillary bed (Stapf 
et al., 2001). The differentiation in the cellular composition of AVMs varies from 
distinguishable arterial and venous portions to hyalinized thick and thin-walled 
portions with no discernable features specific to arteries or veins (McCormick, 
1966). Though they are not neoplasms since they possess a nervous parenchyma 
between the vessels of the malformation, the endothelial cells of the AVM do 
express higher than normal levels of growth factors and growth factor receptors 
(Jabbour et al., 2009; Noran, 1945). These malformations are typically angiograph-
ically occult, meaning that the whole vessel system does not always appear on 
an angiogram. A typical arteriogram of an AVM is shown below in Figure 20.10.  

Figure 20.9 Optical microscopy image of unexpanded poly(vinyl acetate)/poly(vinyl alcohol) 
particles used for embolization in 20 wt% heptane (Peixoto et al., 2009).
Reprinted with permission from John Wiley and Sons.
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This is because the radio-opaque dye used in angiography will follow the straighter, 
faster paths through the system rather than the more circuitous routes that make up 
the majority of the malformation. Bruits, unusual sounds in the vasculature caused 
by turbulence, can sometimes be detected in the presence of these malformations 
(Lanzino et al., 1994).

Although these formations are often asymptomatic, they may cause central nervous 
symptoms such as seizures and ischemia, among other conditions. Localized effects 
such as hearing and vision loss have also occurred (Lasjaunias et al., 1986). Treatment 
for complications associated with AVMs is focused on treating the symptoms of the 
morbidity. Embolization and resection are used in cases where the physical presence 
of the AVM poses a concern, such as the structure contacting nerves or, in the presence 
of endothelium weakening or calcification, a potential for rupture. Treatment typically 

Figure 20.10 Selective vesicle arteriogram showing two right internal iliac arteries feeding an 
AVM and early drainage to the right internal iliac vein. The nidus of the AVM (black arrow), 
dilation of the draining vein (black arrowhead), and early drainage of iliac vein (thin black 
arrow) are shown (Koganemaru et al., 2012).
Reprinted with permission from Springer.
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involves both embolization and resection, sometimes called skeletonization. Emboli-
zation is typically done preoperatively to lessen the risk of rupture during the resection 
procedure and is not usually used as a standalone treatment (Gupta and Periakaruppan, 
2009; Ogilvy et al., 2001).

20.2.3.2   Aneurysms

In its simplest form an aneurysm is a dilation of a vessel, typically an artery, at a 
threshold diameter of about 1.5 times larger than the normal vessel. Abdominal  aortic 
aneurysms (AAA) occur in 5–6% of men and 1–2% of women over the age of 65. The 
annual mortality rate associated with AAA rupture is approximately 13,000 deaths 
per year, but this is often thought to be an underestimation (Brown et al., 2003; Kent, 
2014; Norman and Powell, 2010). Intracranial aneurysms are the second most com-
mon aneurysm, occurring in 3% of the adult population (Morita, 2014), followed by 
peripheral aneurysms (Lawrence et al., 1995). Like vascular malformations, aneu-
rysms are often asymptomatic but can present with ischemia or other symptoms stem-
ming from increased pressure on the CNS. The most serious complications associated 
with aneurysms occur when they rupture. Loss of integrity in an intracranial aneu-
rysm can lead to subarachnoid hemorrhage, which has a 30 day mortality rate of 45%, 
which is mild compared to the 90% mortality rate of a ruptured abdominal aortic 
aneurysm (Assar and Zarins, 2009; Bederson et al., 2000; Walker et al., 2010). Treat-
ment is indicated for intracranial aneurysms of any size if they are symptomatic, but 
oftentimes no intervention is recommended for aneurysms smaller than 10 mm due to 
a limited likelihood of rupture. The age of the patient is also a significant consideration 
in determining whether intervention is needed and whether the patient can withstand 
the trauma associated with surgical intervention.

Currently embolic coils, such as those shown in Figure 20.11, are the standard treat-
ment for virtually all aneurysms with the exception of AAAs (Bederson et al., 2000).  

Figure 20.11 Image of a GDC® Ultrasoft detachable coil currently sold by Stryker Corporation. 
Each line on the scale in the background corresponds to 1 mm.
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Intervention is indicated for abdominal aortic aneurysms if it becomes symptomatic, 
once the diameter of the aneurysm has reached 5.5 cm, is 250% larger than the patient’s 
normal aortic diameter, or has a growth rate of greater than 1 cm per year. The pre-
dominant treatment for an AAA involves the placement of a branched graft spanning 
a length longer than the dilated portion of the aorta. Occasionally embolic devices 
are placed in the lumen between the vessel wall and the graft to prevent endoleak, a 
continued flow of blood into the aneurysm sac rather than through the graft that can 
potentially lead to aneurysm rupture (Walker et al., 2010).

20.2.3.3   Venous insufficiency

When venous valves are weakened and allow regurgitation of blood, there is an abrupt 
increase in venous pressure (Alguire and Mathes, 1997; Beebe-Dimmer et al., 2005; 
Hjelmstedt, 1968). The increased pressure and resulting venous hypertension are the 
primary cause of chronic venous insufficiency (CVI) (Belcaro et al., 1989; Browse, 
1986; Browse and Burnand, 1982; Hjelmstedt, 1968). The continued prevalence of 
hypertension leads to dilation of the incompetent veins, resulting in varicose veins 
like those shown in Figure 20.12, the most common manifestation of CVI (Alguire 
and Mathes, 1997; Bhutia et al., 2008; McLafferty et al., 2007). If left untreated, CVI 
can cause dramatic cosmetic changes in skin, lower limb pain, edema, deep vein 
thrombosis, and ulcers (Adhikari et al., 2000; McLafferty et al., 2007; Robertson 
et al., 2008; Schoonover et al., 2009; Tran and Meissner, 2002; Van Den Bos and 

Figure 20.12 Pretreatment image of a patient with varicose veins as a result of CVI  
(Kapoor et al., 2010).
Reprinted with permission from Springer.
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de Maeseneer, 2012). Approximately 400,000–500,000 Americans with CVI have or 
will develop venous ulcers, typically referred to as venous stasis ulcers (Callam et al., 
1985; Coon et al., 1973; Dalen et al., 1986). Venous ulcers account for the majority 
of annual health care costs associated with CVI, which are more than 1 billion dollars 
in the United States and over 650 million dollars in the United Kingdom (Nicolaides 
et al., 2000). The potential consequences of not treating CVI in a timely manner have 
prompted physicians to adopt multiple treatment modalities.

The current gold standard for treating CVI is endovenous ablation (EVA) (Van 
Den Bos and de Maeseneer, 2012). EVA makes use of a radiofrequency generator or 
laser energy to denude the endothelium of the target vessel and cause fibrous obliter-
ation of the vessel lumen (Bhutia et al., 2008; Van Den Bos and de Maeseneer, 2012). 
Another common technique used to treat CVI is sclerotherapy, in which a liquid or 
foam detergent is injected into the vessel that chemically damages the endothelium 
and subsequently causes fibrosis (Deatrick et al., 2010). Both sclerotherapy and EVA 
have demonstrated usefulness in treating CVI; however, each treatment comes with its 
own drawbacks. More than 20% of patients receiving sclerotherapy have to undergo 
retreatment for recurrent varicose veins, which is greater than the retreatment rate of 
conventional surgical ligation and stripping procedures (Darvall et al., 2011; Negus, 
1993). In EVA procedures, multiple injections of local anesthesia are required, fol-
lowed by injections of tumescent anesthesia. The anesthesia helps prevent pain caused 
by the laser heating, compresses the vein to make fibrous obliteration of the lumen 
easier, and also acts as a heat sink around the treatment vessel to minimize thermal 
damage to surrounding tissue (Min et al., 2003). The number of shots required for this 
form of treatment results in significant patient pain and discomfort, which is reported 
in 100% of cases (Van Den Bos and de Maeseneer, 2012). Although the equipment 
used in endovenous ablation and the substances used in sclerotherapy continue to 
evolve, these issues still persist.

20.2.3.4   Patent foramen ovale

In utero, there are ostia that allow a patent connection between the left and right atria, 
which allows oxygenated blood from the maternal circulation to enter the left atrium 
of the fetus. This connection is known as the foramen ovale, and on the baby taking 
its first breath, the increased pressure in the left side of the heart permanently fuses 
the septum primum and septum secundum over the foramen ovale in 80% of cases. In 
the other 20% of cases, the septa do not completely occlude the foramen ovale, result-
ing in a condition known as a patent foramen ovale (PFO), which is demonstrated in 
Figure 20.13 (Kumar et al., 2013). PFOs frequently go undiagnosed for a number of 
years since patients typically show no clinical symptoms. However, if steps are not 
taken to occlude the PFO, paradoxical embolisms may occur where emboli from the 
peripheral veins enter the arterial circulation through the PFO shunt—a well-known 
cause of cryptogenic stroke (Kasper et al., 1992; Kerut et al., 2001). Studies have also 
shown that PFOs may be to blame for a large percentage of patients who experience 
migraines. In one study of 162 patients, 35% of individuals diagnosed with a PFO 
concurrently experienced frequent migraines (Reisman et al., 2005).
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To eliminate the risks associated with a PFO, physicians used to attempt surgical 
closure of the PFO, but this technique is virtually never used in current practice (Leong 
et al., 2013; Strunk et al., 1987). Instead, PFOs are now treated using a transcatheter 
approach in which an embolic device is placed between the atria to prevent blood flow 
from the right atrium directly into the left atrium (Knerr et al., 2014). This procedure 
has become known as the simplest procedure in interventional cardiology, primarily 
due to the low incidence of surgical complications and the effectiveness of current 
devices (Meier, 2010). Reisman et al. have demonstrated that PFO occlusion results 
in complete resolution of migraine symptoms in 56% of patients 1 year posttreatment, 
and patients reported having 80% fewer migraine episodes per month (Reisman et al., 
2005). With regard to recurrent neurological events (RNE), such as cryptogenic stroke 
and transient ischemic attacks from paradoxical thromboembolisms, transcatheter 
embolization of the PFO resulted in an 84% reduction in RNE compared to medical 
treatment with only pharmaceuticals (Agarwal et al., 2012). The benefits of PFO clo-
sure have illuminated the necessity for percutaneous stable occlusion of PFOs, espe-
cially in elderly patients who are more susceptible to peripheral thromboembolisms.

One of the most widely used and successful devices for percutaneous PFO clo-
sure is the Amplatzer PFO Occluder (St. Jude Medical Inc., St. Paul, MN), which is 
a device consisting of two nitinol discs that contain a polypropylene mesh (Meier, 
2009). These types of devices have demonstrated complication rates of less than 5% 
and procedural success in 100% of cases (Taaffe et al., 2008). However, only 65% of 
the patients showed complete occlusion of the foramen ovale at 30 day follow-up. New 
generations of PFO closure devices could benefit from tissue scaffold technologies to 
allow rapid healing and tissue integration to achieve complete occlusion of PFOs at 

Figure 20.13 Demonstration of the right to left shunt between the atria within the heart caused 
by a PFO, which can lead to paradoxical emboli and cryptogenic stroke (Leong et al., 2013).
Reprinted with permission from Elsevier.
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earlier time points. Another likely trend in future PFO devices is the use of biodegrad-
able materials, which would allow treatment of younger patients since no permanent 
metallic structure would remain in the heart during its growth and development. The 
potential to treat patients earlier on would provide preventative measures that would 
dramatically decrease the likelihood of cryptogenic stroke and transient ischemic 
attacks as a result of a PFO.

20.3   Why shape memory polymer scaffolds?
20.3.1   Biocompatibility

Immediately on implantation and exposure of a material to the host, biocompatibility 
is primarily dependent on the material, as the cell–polymer and polymer–protein inter-
actions are the dominant causes of host response; after the material begins to degrade, 
biocompatibility becomes a function of the bulk material. Implant size, geometry, sur-
face chemistry, roughness, surface energy, porosity, composition, sterility, and chem-
ical composition are major factors in determining overall biocompatibility (Pavithra 
and Doble, 2008). While many advances have been made to improve thromboresis-
tance or to reduce inflammatory responses of implantable materials, there still exists a 
great need for understanding how and why the body responds to certain stimuli more 
intensely compared with others (Ratner, 2007). Without dealing with a specified defi-
nition of biocompatibility, several materials are presented that have been proven to be 
biocompatible.

Polyhedral oligomeric silsesquioxane (POSS) core and poly(d,l-lactide) (PLA) 
were fabricated into PLA-grafted nanocomposites with shape memory capabilities 
and implanted into rats. The degradation rate was directly proportional to the length 
of the PLA segments. These materials exhibited mild inflammatory response on 
implantation, and a secondary acute response with degradation. At 1 year follow-up, 
the inflammatory response was resolved and no pathologic abnormalities were found 
in any organs. The results indicate that these materials have promise as scaffolds 
for tissue repair and medical devices (Filion et al., 2011). The use of POSS has also 
been proposed for nanocomposite films on metallic stents for prevention of late stage 
thrombosis (Bakhshi et al., 2011).

SMP foams evaluated by Sokolowski using the Mitsubishi thermoplastic SMP 
composition have showed no cell lysis, cytotoxicity, or mutagenicity. They also 
showed good neointimal formation over the aneurysm neck when implanted as a 
potential aneurysm filling device, and explanted devices showed favorable ingrowth 
of cells (Sokolowski, 2005). In a similar study, polyurethane SMPs developed 
by Wilson et al. have demonstrated biocompatibility, with little variation seen 
between the thermoplastic and the thermoset compositions. Thermoplastic SMPs 
showed higher cytokine production compared with thermosets, but both compo-
sitions showed no contact activation, thrombin, or plasmin generation (Cabanlit 
et al., 2007; Wilson et al., 2007). SMP foams based on this composition have also 
shown excellent biocompatibility when tested using porcine models. These foams 
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demonstrate very low inflammation response compared with FDA-approved silk 
and polypropylene sutures after 4 weeks. The foams also have organized collagen 
throughout the entire volume of the foam, and the inflammatory response was 
substantially reduced compared with the suture materials (Rodriguez et al., 2014; 
Singhal et al., 2012).

20.3.2   Thrombus formation

The mechanism of thrombus formation and the effects of polymer surfaces are briefly 
discussed here (Chen et al., 2008; Furie and Furie, 2008; Gorbet and Sefton, 2004; 
Ratner, 2007). Endothelial cells generally produce three thromboregulators: nitric 
oxide, prostacyclin, and ectonucleotides CD39. These products prevent thrombus for-
mation until they are disrupted. When the endothelium is disrupted, tissue factors 
and collagen that are exposed to blood flow begin initiating thrombus formation. This 
occurs due to the accumulation of activated platelets, a result of the exposed collagen, 
and the generation of thrombin, which simultaneously activates platelets and converts 
fibrinogen into a fibrin mesh. A number of other factors interact to allow for platelet 
adhesion to the injury site, with certain environmental or chemical conditions provid-
ing opportunities for either the collagen or the tissue factors dominating the pathway 
to cause thrombogenesis. Due to these redundancies in the pathway to clotting, this 
can provide difficulties in preventing clot formation. This also provides a beginning 
explanation for why prevention of thrombus formation on materials surface is so dif-
ficult, even with specialized coatings (Furie and Furie, 2008). When a foreign surface 
comes into contact with blood, factor XII is converted into factor XIIa, which is a part 
of the intrinsic clotting system. Eventually, this results in factor X being cleaved into 
factor Xa, which will in turn cleave prothrombin into thrombin. Thrombin activates 
the monomer fibrinogen, which polymerizes into fibrin. Fibrin as a polymer is not 
completely stable until factor XIIIa is present to stabilize it. Additionally, as the clot 
is forming the matrix will be supported by platelets and fragments attaching to the 
polymer. The control mechanisms for clot formation include control of local flow, 
surface-mediated controlled release of catalyst, release of thrombus inhibitors (anti-
thrombin III, tissue factor pathway inhibitor, etc.), and degrading coagulation factor 
release (fibrinolytic enzyme plasmin, which can degrade fibrinogen and fibrin, as well 
as inactivate cofactors V and VIII). In this way, blood flow normally does not cause 
significant clotting to occur until the tissue is damaged, but once damage is detected, 
clotting can rapidly occur. Due to this, the presence of certain material surfaces can 
cause continual clotting and result in eventual failure of the device. By altering the 
surface chemistry or present local chemical factors near the material, these failures 
can be mitigated. Several research trends attempting this are presented as well (Ratner, 
2004; Esmon, 2009).

At the end of healing, fibrosis or fibrous encapsulation is the ideal response for 
an embolic device. The process begins with injury to the tissue and implantation of 
the material. Thrombi, or blood clots, begin to form immediately based on the pro-
cesses previously described, over the course of minutes to hours. This is enhanced 
by changes in blood flow patterns, permeability of blood vessels, and composition 
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of the fluid flowing through the area of interest. The thrombus matrix is composed 
primarily of fibrin, activated platelets, inflammatory cells, and endothelial cells. 
Platelets in the matrix release a series of factors that contribute to the recruitment 
of fibroblasts; monocytes and lymphocytes also assist in recruiting fibroblasts. The 
fibrin in the clot, which has fibronectin bound to it, is cross-linked by factor XII, 
and other adhesive factors provide a means for cell adhesion and proliferation into 
the clot. During acute inflammation primarily neutrophils are recruited to the site of 
device implantation, which will see the initiation of phagocytosis, recruitment and 
attachment of cells to the foreign material, and the release of degradation-induc-
ing chemicals near the implant surface. This is followed by chronic inflammation, 
which involves the recruitment of monocytes, lymphocytes, and plasma cells; the 
other path is the formation of granulation tissue, which begins to occur within days 
after implantation with the recruitment and proliferation of fibroblasts into the tar-
get site. Granulation tissue contains vascular buds, which is recruited by the fibrin 
present in the thrombus. Collagen and proteoglycans begin to organize in the clot 
matrix due to the fibroblasts. As granulation tissue progresses, collagen becomes the 
dominant tissue type present and begins to contract. Based on the chemical structure 
of the material and the protein adhesion to the material on implantation, the foreign 
body response will occur to varying degrees. The number of macrophages present 
at the site will depend on these factors, as well as the irritation that the material 
causes. Macrophage fusion into foreign body giant cells, along with remaining clot, 
will result in encapsulation of the material. The ideal final healing stage for embolic 
devices is fibrous encapsulation or full reintegration; passive surfaces will have very 
little or no encapsulation and so will be fully reintegrated into the host. Porous 
media are an excellent choice for resolutions that do not involve encapsulation, as 
the porous structure provides a matrix that allows for cellular infiltration and con-
nective tissue proliferation throughout the entire device (Anderson, 2001; Dvorak 
et al., 1987).

Polyurethanes are a preferred material for blood contacting applications due to 
superior hemo- and biocompatibility, which are due to the surface properties, chem-
ical structure, interfacial free energy, balance of hydrophobicity with hydrophilicity, 
and basic surface topography. All of these factors can be tailored in other polymer 
compositions using a variety of techniques to improve overall compatibility or to tai-
lor the in vivo response to the material. In SMP foams, the scaffold morphology and 
porosity create areas of low blood shear rates and recirculation zones, which are nec-
essary for rapid clotting. Figure 20.14 shows SMP foam threaded over nitinol and 
platinum coil devices that were delivered endovascularly to a porcine sidewall aneu-
rysm. The explant of the devices showed organized, stable thrombus throughout the 
entire volume of treatment devices, which completely occluded the aneurysm. These 
porous media structures provide an effective means of creating flow stasis, but then 
provide a structural entity to allow rapid cellular infiltration and swift reintegration of 
the tissue/material matrix with the surrounding tissue (Anderson, 2001). Even with the 
time required to achieve complete healing at the implantation site, faster stabilization 
of the clot will create superior clinical outcomes and shorter times until the patient is 
ambulatory without the risk of thromboembolism.
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20.3.3   Recanalization

One of the most concerning complications associated with vascular embolization is 
recanalization. Recanalization is the reestablishment of blood flow into a formerly 
occluded region (Hall et al., 1989). This phenomenon destabilizes the occluded region 
and may lead to significant rebleeding at the treatment site. As a common metric used 
in describing the efficacy of embolization techniques, recanalization is the primary 
reason for retreatment procedures. Recanalization rates as high as 34.3% have been 
recorded for endovascular aneurysm coiling (Cho et al., 2012). This statistic high-
lights the need to continue improving embolization technologies to reduce the preva-
lence of recanalization.

Experiments have shown that the size of the vascular anomaly being occluded, as 
well as the total volumetric filling of the embolic device, plays a critical role in the 
likelihood of recanalization (Pierot et al., 2008). Recanalization is thought to initiate 
in the first weeks after treatment. On observing fibrin matrix replacement with a col-
lagen matrix, recanalization can no longer occur out to 3 months (Kroon et al., 2002; 
Raymond et al., 2004). However, until collagen replacement of the fibrin matrix, the 
potential for angiogenesis and the generation of microvessels that may cause recanali-
zation exists. Some researchers have demonstrated the ability to prevent angiogenesis 
by using radiofrequency energy to completely denude the endothelium of the implan-
tation site (Raymond et al., 2004). Although this method proved effective in prevent-
ing recanalization, concerns of thromboembolism, long-term efficacy, and overall 
clinical safety have prevented widespread adoption of this technique.

In preliminary animal studies that sought to treat surgically induced carotid side-
wall aneurysms in a porcine model, polyurethane SMP scaffolds proved to be highly 
advantageous materials to create long-term, stable occlusion without recanalization 
(Rodriguez et al., 2014). The histology performed in this study 90 days postimplantation 

Figure 20.14 Explanted SMP foam-over-coil devices that were delivered using a transcatheter 
approach to occlude a carotid porcine sidewall aneurysm. Explant occurred less than 2 h after 
treatment began. Visible throughout the volume of devices is stable thrombus formation.
Image provided courtesy of Anthony J. Boyle.
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demonstrated a mature endothelial layer completely isolating the aneurysm from the 
parent vessel, and dense connective tissue deposition throughout the entire volume of the 
device, as shown in Figure 20.15.

The organized collagen shown throughout the entire volume of the SMP scaffold 
and the neointimal layer across the aneurysm neck both support the notion that vascu-
lar anomalies treated with this material are highly unlikely to require retreatment as a 
result of recanalization.

20.3.4   Endovascular treatments

SMP technology allows devices to be delivered through small catheters and then 
expand to fill large volumes. Non-SMP foams experience excessive friction when  
navigated through the catheter, whereas SMP foams can counteract this with the shape 
memory effect. It has been reported that when technologies like Gelfoam® are deliv-
ered via catheter, it is possible that smaller particles of Gelfoam® embolize and flow 
downstream creating a thromboembolism (Vaidya et al., 2008). This creates a poten-
tial problem for the physician since Gelfoam® is typically cut into numerous pieces 
before being delivered through a catheter. This methodology prompts the user to cut 
large enough sections to prevent embolizing downstream of the treatment region on 
ejecting the Gelfoam® from the catheter, but not large enough to cause excessive fric-
tion inside the catheter to prevent advancement to the desired location.

A common problem with expandable implants that are delivered through catheters 
is failure to deliver the device if it expands too quickly and can no longer be advanced. 
Because of this complication, a working time must be defined. Working time is the 
amount of time from device introduction into the catheter to the time at which the 
device can no longer be retracted or advanced within the catheter (Nambiar et al., 2008; 

Figure 20.15 H&E stain of a porcine carotid sidewall aneurysm filled with a polyurethane 
SMP foam 90 days postimplantation demonstrating complete endothelialization across the 
aneurysm neck and 75% connective tissue within the aneurysm sac (Rodriguez et al., 2014).
Reprinted with permission from John Wiley and Sons.
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Guo et al., 2011). The first generation of HydroCoil® implants (MicroVention, Inc., 
Tustin, CA) was limited to a 5 min working time, which proved to be an insufficient 
amount of time to place the implant at the desired location within the neurovascu-
lature (Guo et al., 2011). Newer generations of hydrogel-containing coils, such as 
HydroSoft® (MicroVention, Inc., Tustin, CA), have at least 30 min of working time. As 
expandable implants, working time must also be considered when designing an SMP 
scaffold device that will be delivered via catheter. With a 100× volume expansion ratio, 
SMP foams can exert substantial frictional force on the inner lumen of the catheter if 
the working time is exceeded. This can lead to an inability to advance the device to the 
treatment region or improper placement of the device at the target region.

Despite the necessity to adhere to a defined working time when using SMP devices, 
they offer the enormous advantage of being able to crimp to a diameter of less than 
1 mm, be delivered using a minimally invasive catheterization technique, and expand to 
a final diameter of 10 mm. To put this advantage in terms of surface area, a 1-cm-long 
SMP scaffold with a 10 mm diameter provides approximately 14,000 mm2 of surface 
area. A 1 cm length of a typical large bare metal coil used for peripheral occlusion  
provides approximately 40 mm2 of surface area. Both devices can be delivered through 
a typical 5 French catheter, but the SMP foam device expands on deployment to pro-
vide three orders of magnitude greater surface area than the bare metal coil. It is 
well known that increased surface area of a procoagulant material results in increased 
activation of the clotting cascade, which means that an increase in surface area likely 
results in reduced time to occlusion for these embolic materials (Margolis, 1957). 
However, a direct comparison of acute time to occlusion has not yet been performed 
between embolic coils and SMP foams.

20.4   The future of shape memory polymer scaffolds
20.4.1   Tissue engineering applications

The shape memory behavior of an SMP makes it a very desirable material for use in 
biomedical applications. Thermally activated SMPs can be programmed and stored 
in a small secondary shape, and on introduction to the body and water plasticization, 
recover their large original shape (Beilvert et al., 2014). This property of SMPs can 
be harnessed for minimally invasive surgery and tissue engineering scaffolds (Beilvert 
et al., 2014). However, cell compatibility of an SMP biomaterial needs to be exten-
sively understood to determine its feasibility as a short-term or long-term implant and 
the impact of its SME on cells.

Studying the inflammatory response and biocompatibility of an SMP scaffold was 
conducted by Filion et al. This group developed SMPs with POSS nanoparticle cores 
as the net points and PLA with varying chain lengths as the switching segment (Filion 
et al., 2011). SMP degradation and the in vivo inflammatory response were directly 
related. Longer PLA segments resulted in a more densely packed polymer chain struc-
ture that was less prone to hydrolysis (Filion et al., 2011). This delayed degrada-
tion onset resulted in a late acute inflammatory response, which allowed for tunable 
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degradation profiles that could be useful for numerous tissue engineering applications 
(Filion et al., 2011).

While biocompatibility studies are critical for using SMP as a biomaterial, cell 
adhesion and proliferation on the material also need to be understood. Davis et al. 
developed a thermoresponsive 2D cell culture system using the commercially avail-
able SMP Norland Optical Adhesive 63 (NOA-63, Norland Products, Cranbury, NJ, 
USA). This adhesive is a polyurethane that is end-linked with a thiol-based cross-
linker using UV click chemistry (Davis et al., 2011). The group observed changes in 
cell behavior as a result of surface shape memory. The substrates were synthesized 
in a flat topography but shape set so that the secondary shape contained grooves. 
Mouse embryonic fibroblasts were then seeded onto the grooved substrates. The cells 
became aligned in the grooved topography but scattered into random alignment after 
the substrate was actuated such that the topography returned to its flat, primary shape. 
Nevertheless, the cells maintained 95% viability and no detachment from the substrate 
was observed (Davis et al., 2011). This work demonstrated the use of SMPs to control 
cell activity and their potential use as tissue engineering scaffolds.

Similarly, Neuss et al. studied different cellular interactions with oligo(ε-capro-
lactone) dimethacrylate. The group utilized mouse fibroblasts, human mesenchymal 
stem cells, human omentum majus cells, and rat omentum majus cells for this study 
(Neuss et al., 2009). Overall, the cells maintained good viability and attachment over 
a time period of 3 weeks, supporting the SMP’s suitability for medical applications 
(Neuss et al., 2009). However, the thermal input and the shear forces necessary for 
shape change resulted in subconfluent and apoptotic regions (Neuss et al., 2009). 
These studies serve as a platform for the development and utility of SMP scaffolds 
for tissue engineering applications due to their biocompatibility and cell attachment/
proliferation. Further investigations may explore whether the shape changing ability 
of SMPs can drive stem cells down specific lineages or express specific phenotypes. 
However, optimization of these materials needs to be conducted such that the transi-
tion temperature is close to physiological temperature, therefore minimizing adverse 
effects from overheating the surrounding tissue.

20.4.2   Controlled pharmaceutical release

One area where SMPs have a new frontier for innovation is in the design and fabri-
cation of controlled release platforms for pharmaceuticals. Drug-eluting stents have 
shown reduced rates of restenosis in patients, generally through a polymer-coated 
stainless steel stent; the drug of choice is sirolimus or paclitaxel, which can limit 
migration of smooth muscle cells to reduce neointimal hyperplasia. Several good 
reviews of drug-eluting stents cover topics in greater detail (Sousa et al., 2003; Brieger 
and Topol, 1997; Mani et al., 2007). A brief overview of notable studies is presented 
here. A study by M.C. Chen demonstrated the viability of an SMP stent made from 
chitosan and epoxy with a heparin coating and sirolimus elution. The surface coat-
ing reduced the platelet adhesion to the stent while providing a diffusion barrier for 
drug elution that allowed for a sustained release profile for the sirolimus. Significant 
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reduction in neointimal formation was seen when implanted in rabbits compared with 
noneluting stents (Chen et al., 2009).

Another SMP system from star caprolactone cross-linked with hexamethylene 
diisocyanate that eluted theophylline was synthesized in the same pot as the drug, with 
up to 20% wt of the drug included in the polymers. This method was used to achieve 
sustained release for approximately 1 month without bolus release of the drug when 
tested in an in vitro setup. However, this method of drug loading altered the mechani-
cal and shape memory properties of the material; 20% loading demonstrated decreas-
ing elongation to break below 100% and sufficient rigidity to inhibit shape memory. At 
approximately 10% loading, there were no significant mechanical changes reported, 
and the shape fixity and recovery were approximately 99%. Loading of the drug into 
the polymer did not seem to alter the pore size of the material, as the release profiles 
were similar for 10% and 20% drug loading (Nagahama et al., 2009). Salicylic acid 
and adipic acid were also used to produce a bioabsorbable polymer, with sirolimus 
included as a drug for elution. This stent demonstrated a reduction in angiographic 
stenosis compared with stents without the sirolimus (Jabara et al., 2008). It has been 
suggested the polymers used for drug elution stents may cause inflammation in pro-
portion to the mass of the polymer present. It has been shown that the use of drug- 
eluting stents lengthen time to resolution of conditions, as fibrin thrombus is often 
found at time points greater than those seen in untreated arteries during restenosis 
therapies. Another avenue for the use of drug elution is in cellular migration and pro-
liferation. Gene suppression therapy has had some success in this regard, using 
rapamycin and paclitaxel, drugs which can act on a number of cellular targets as well 
as interrupt cell cycle progression (Schwartz et al., 2004).

The shape memory behavior of SMPs opens new doors for designing controlled 
release platforms in the pharmaceutical industry. The ability to actuate these polymers 
via light, heat, or magnetic energy offers the opportunity to implant an SMP contain-
ing a pharmaceutical reservoir and actuate the device using noninvasive means. On 
actuation, miniature SMP doors, latches, apertures, or pores could be opened without 
requiring the physician to break the patient’s skin. This technique could be used to 
administer multiple boluses of a drug while minimizing patient pain and potentially 
providing more targeted, local delivery of the drug. The actuation rate of SMPs is also 
highly tunable. This means that an SMP device loaded with a pharmaceutical agent 
could be delivered using a minimally invasive endovascular approach, and designed 
so that it only actuates and releases the pharmaceutical after a given duration of time 
when the device reaches a specific location in the vasculature. The potential for com-
bining controlled release theories and SMP technology is virtually limitless, and this 
specialty is likely to be a very active area of research in the future.

20.4.3   Degradable shape memory polymer scaffolds

SMPs, like other polymers, can be biostable or degradable. A substantial amount of the 
work done on degradable SMP scaffolds has been performed by Langer or Lendlein,  
and is too great to be covered sufficiently here (Ullm et al., 2014; Nochel et al., 2014; 
Schmidt et al., 2014; Friess et al., 2014; Lendlein et al., 2014; Yang et al., 2013; 
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Nochel et al., 2013; Wischke et al., 2013; Feng et al., 2013; Wang et al., 2013; Kolewe 
et al., 2013; Mizrahi et al., 2013; Heller et al., 2013; Neal et al., 2013; Pereira et al., 
2013; Mizrahi et al., 2012; Tekin et al., 2011; Dvir et al., 2011; Cheng et al., 2011). 
A small selection of their work, as well as that of several other significant findings as 
they relate to cardiovascular applications, is presented. The Langer group developed a 
series of poly(polyol sebacate) SMPs, with tailorable transition temperatures between 
7 and 40 °C. In vitro degradation and compatibility of these materials showed similar 
behavior to poly(lactide-co-glycolic acid). These materials would be ideal for a variety 
of medical devices, including surgical sutures to tighten at body temperature, cardio-
vascular stents to expand on arrival at the implant site, or other devices that require a 
transition at body temperature (Bruggeman et al., 2008).

A very exciting application of biodegradable polymers is in the field of cardiovas-
cular devices. Guglielmi detachable coils (GDCs) have been the interventional device 
of choice for intracranial aneurysm filling, but there are problems with healing and 
recanalization when using these devices. Murayama et al. developed a biodegradable 
polymer poly(glycolic-l-lactic acid) over a GDC coil and compared this device with 
standard GDCs in experimentally created aneurysms in porcine models. Despite hav-
ing a lower packing density in the aneurysm sac after the implantation procedure, 
the biodegradable GDC hybrids demonstrated complete occlusion of the aneurysm, 
whereas standard GDCs did not. There was a distinct separation between the parent 
vessel and the hybrid coil-packed mass using angiography at 3 months, which was 
not visible when using standard GDCs, indicating improved healing response with 
the hybrids. Additionally, the hybrid-filled aneurysms were smaller and softer, simi-
lar to tissue, 3 months after the implantation. After 3 months, GDC-filled aneurysms 
were a hard, solid mass distinctly dissimilar from surrounding tissue. Finally, mildly 
organized connective tissue was present 2 weeks postimplantation, as well as only a 
mild immune response for hybrid coils. Standard GDCs showed the same immune 
response, but no connective tissue organization (Murayama et al., 2001).

Copolymers of lactide, glycolide, and caprolactone have been synthesized in 
block copolymer compositions that demonstrated shape memory while also possess-
ing degradability. These materials showed rapid degradation rates in temperature- 
controlled PBS, with total mechanical property loss within 2 months based on molecular 
weight of the lactide and glycolide–caprolactone segments. For tissue scaffolds, this 
is ideal as the loss of mechanical properties could be tailored to allow for material 
degradation as connective tissue infiltrates the material (Min et al., 2005).

Hyperbranched PCL as a soft segment and hard segment of poly((R)-3-hydroxy-
butyrate-co-(R)-3-hydroxyvalerate) were compared with linear PCL-based SMPs. 
These polymers were poly(ester urethanes), using aromatic diisocyanates, showed 
good biocompatibility, and allowed for cellular attachment and growth on the surface. 
The use of these materials in stents was examined, showing quick recovery from the 
secondary shape to the original shape at body temperature, indicating good promise 
for these materials in stent applications (Xue et al., 2010). Other compositions and 
composite materials have also shown a variety of degradation profiles, thermomechan-
ical properties, and biocompatibilities (Xue et al., 2010). Adding a degradation func-
tionality to SMPs provides a means of developing minimally invasive tissue scaffolds 
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and medical devices that do not require a second medical procedure for removal. As 
the presented works indicate, a wide variety of chemical compositions and properties 
can be obtained for SMPs, including the mechanism and rate of degradation. For car-
diovascular applications, materials can be produced that have tunable mechanical and 
thermal properties with selective coagulation and degradation times while promoting 
cellular ingrowth and proliferation. With SMPs, the promises made by tissue engi-
neering, to provide methods for the body to heal and repair itself with minimal inter-
ference from external sources, are becoming realized. As this field progresses, healing 
responses and clinical outcomes for patients will begin to improve.
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21.1   Introduction

Large-gap peripheral nerve defect is a very common clinical trauma and often 
leads to permanent disability of feeling and movement function in affected patients 
[1–3]. Transplantation of autologous nerve graft has typically been used for the 
repair of injured peripheral nerves as a first line therapy. However, there are many 
disadvantages with this method including mismatch between the defect nerve and 
the graft nerve diameter, a second surgical step for the extraction of donor nerves, 
a shortage in the supply of donor grafts, donor site morbidity, inadequate return 
of function, and aberrant regeneration [4–6]. Due to host immunogenic rejection 
of the donor graft, the method of using allografts has had little success in clinical 
practice [3,7]. Morbidity of harvesting donor grafts hinders development of the 
muscle and vein grafts during repair of severed peripheral nerves [3,8,9]. Further-
more, none of these surgical approaches has resulted in axonal connections. To 
overcome these problems, an alternative approach would be to use a biodegradable 
nerve repair scaffold serving to both promote nerve regeneration and provide a 
pathway for nerve outgrowth.

In the 1990s, Schakenraad, Robinson, and colleagues performed systematic 
research on nerve regeneration using scaffolds based on biodegradable copolymers 
of dl-lactide and ε-caprolactone [10,11]. Based on this work, the first and only com-
mercialized artificial nerve repair scaffold was prepared from the biodegradable copo-
lymers of dl-lactide and ε-caprolactone [P(DLLA–ε-CL)] and is now used clinically 
under the trade name Neurolac® [12].

Biodegradable polyurethanes (PUs), however, have been recently explored as novel 
biomaterials due to their excellent mechanical and processing properties and good 
biocompatibility [13–16]. To further augment these properties, we have successfully 
formulated a class of PU biomaterials called alternating block PUs (PU-alt), which 
possess well-controlled and determined chemical structures as well as regular micro-
structures [17]. The regular structures endow the polymers with special properties, 
such as excellent biocompatibility and shape-forming ability, providing the capability 
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for sophisticated applications [13,18,19]. A number of PU-alt were synthesized by 
incorporating various biodegradable blocks such as polycaprolactone (PCL) [18], 
poly(lactic acid) (PLA) [20], and poly(hydroxyalkanoates) [17,21,22] into the back-
bone of the PUs. Results showed that all of these PU-alt have much better biocompat-
ibility than their random block PU counterparts as well as traditional biodegradable 
biomaterials such as PLA and PCL.

Even though much effort has been spent in applying PUs for different biomedi-
cal purposes, there is a scarcity of research on nerve regeneration based on PUs as 
scaffold materials. The first attempt using PUs in preparation of a double-layered 
nerve conduit appeared in 1990 by Pennings and colleagues, in which a mixture of 
biodegradable PU and poly(l-lactide) served as the outer microporous layer of the 
double-layered conduit [23]. Although this dual-component PU-based nerve conduit 
demonstrated high performance in nerve regeneration across an 8 mm gap, the conduit 
failed to degrade completely and was marred by cytotoxic degradation products. This 
led to the emergence of another nerve-guided conduit composed of semicrystalline 
poly-l-lactide and poly-ε-caprolactone (50/50), which showed much improved nerve 
regeneration through the conduit [5]. However, remnants of the biomaterial lingered 
around the regenerating nerve up to 2 years postimplantation. A comprehensive review 
on nerve repair using biodegradable artificial nerve guides was addressed by Johnson 
and Soucacos in 2008 [24]. Furthermore, a systematic review on animal models used 
to study nerve regeneration was reported by Windebank and colleagues in 2012, in 
which PU and PU/PLA were briefly noted for nerve scaffolds [25].

Yang recently described a systematic investigation on the application of cross-
linked urethane-doped biodegradable polyester (CUPE) scaffolds for nerve regenera-
tion [26]. Porous, elastic, and biomimetic CUPE scaffolds consisting of parallel and 
longitudinally oriented microchannels with a nonporous outer sheath were designed 
and fabricated to guide the outgrowth of nerve fibers and to prevent the ingrowth of 
fibrous tissue into the nerve gap. By using a simple and cost-effective sodium chlo-
ride particulate leaching technique in combination with microengineering approaches, 
biomimetic multichanneled porous CUPE nerve guides with various channel numbers 
were fabricated and displayed an ultimate peak stress of 1.38 ± 0.22 MPa with a corre-
sponding elongation at break of 123 ± 42%, which were comparable to those of native 
nerve tissue. The CUPE nerve guides were also evaluated in vivo for the repair of a 
1 cm rat sciatic nerve defect. Although histological evaluations revealed collapse of 
the inner structure from CUPE nerve guides, they still displayed fiber populations and 
densities comparable to those of nerve autograft controls after 8 weeks of implantation.

Our recent investigations revealed that PCL and poly(ethylene glycol) (PEG)-based 
alternating block PUs (PUCL-alt-PEG) possess better cytocompatibility with fibroblast 
L929 and neural rat glial cells than the traditional random block counterpart PUCL-
ran-PEG [18]. In Sprague–Dawley (SD) rat animal models of nerve repair, scaffolds 
based on PUCL-ran-PEG showed superior nerve repair results compared to PCL and 
silicon tubes, though they were still inferior to autografts [14]. We found that scaffolds 
from PUCL-alt-PEG polymer displayed comparable or better nerve repair than auto-
grafts by analysis of sciatic function index (SFI), histological assessment including 
hematoxylin/eosin (HE) staining, immunohistochemistry, ammonia silver staining, and 
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Masson’s trichrome staining, as well as TEM observation. In this chapter, a systematic  
investigation and comparison of nerve repair is made using scaffolds made from 
PUCL-alt-PEG, PUCL-ran-PEG, autograft, PCL, silicone tube, and negative control 
in an SD rat model.

21.2   Experimental procedures
21.2.1   Materials

PCL (Mw 100,000 Da; Guanghuaweiye, Guangdong, China), poly(ethylene glycol) 
(PEG, Sigma–Aldrich), 1,6-hexamethylene diisocyanate (HDI, Alfa-Aesar), and stan-
nous octanoate (Alfa-Aesar) were used as received. Toluene-p-sulfonic acid, chloro-
form, 1,4-butanediol, 1,2-dichloroethane, dichloromethane, petroleum ether, ethylene 
glycol, and methanol were AR grade, purchased from Guanghua Co. Ltd (Guangdong, 
China) and used as received. PCL–diol prepolymer was prepared via acid-catalyzed 
alcoholysis as reported under procedures [22].

21.2.2   Preparation of poly(ethylene glycol)–diisocyanate 
prepolymer

Diisocyanate-terminated PEG was prepared according to a modified protocol [18]. 
First, 0.8 g PEG (Mn = 400, 2 × 10−3 mol) was dissolved in 10 mL 1,2-dichlorethane 
in a 50 mL two-necked flask at 100 °C. Next, any trace of water in the system was 
removed through azeotropic distillation until roughly 4 mL of 1,2-dichloroethane was 
left in the flask. The remaining 4 mL of solution, along with two drops of stannous 
octanoate (∼5 × 10−3 g), was transferred into a 5 mL syringe. This solution was added 
dropwise into a 100 mL four-necked flask inside of which 0.75 g HDI (4.4 × 10−3 mol) 
and 10 mL 1,2-dichloroethane were placed in advance. The reaction was carried out 
at 50 °C for 5 h under nitrogen gas, followed by complete removal of the solvent and 
excessive HDI under vacuum. Remaining PEG–diisocyanate was kept in the flask for 
further use.

21.2.3   Preparation of polycaprolactone and poly(ethylene 
glycol)-based alternating block polyurethanes

The amount of 0.002 mol PCL–diol was dissolved in 30 mL 1,2-dichloroethane. The 
moisture was removed by azeotropic distillation. The remaining solution of about 
15 mL was transferred into a 25 mL injector and was dropped slowly into the flask 
of PEG–diisocyanate prepared from the previous step, in the presence of 20 mL 
1,2-dichloroethenae. After a 48 h reaction at 75 °C, the product was cooled to room 
temperature and allowed to precipitate in a mixture of petroleum ether and methanol 
(20/1, v/v%). Next, the precipitate was redissolved in 40 mL 1,2-dichloroethane and 
filtrated to remove any insoluble substances. To remove stannous octanoate residues 
and any possible remaining oligomers, the filtrate was precipitated again in a mixture 
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of petroleum ester and methanol. The product was collected and dried under vacuum 
to a constant weight at 40 °C. The average yield was 80%. The synthetic procedure is 
described in Figure 21.1. PUCL-ran-PEG was synthesized from PCL–diol and PEG 
using HDI as a coupling reagent [18].

21.2.4   Characterization

The chemical structure and composition of the PUs were determined by 1H NMR 
spectra using a Bruker AV 400 NMR spectrometer (Bruker, Switzerland). The NMR 
spectrum was obtained at room temperature in CDCl3 (20 mg/mL) with tetramethyl-
silane (TMS) as an internal standard. Tensile mechanical properties were tested on 
strip-shaped films (thickness 0.1–0.2 mm, width 10 mm) on a universal testing machine 
(CMT 4204 Sans, Shenzhen, China) at a pulling rate of 50 mm/min. At least five sample 
determinations were conducted to obtain the average values. Scanning electron micros-
copy (SEM, JSM-6360 LA, Nikon, Japan) was used for film surface observations. Film 

Figure 21.1 Synthesis of alternating block polyurethane PUCL-alt-PEG.
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samples were mounted on aluminum stumps coated with gold in a sputtering device 
(JFC-1600, Japan) for 1.5 min at 10 mA. Other characterizations of the above prepared 
PUCL-alt-PEG and PUCL-ran-PEG were described elsewhere [18].

21.2.5   Hemocompatibility

Rabbit blood was drawn from a live rabbit and mixed with a 3.8% sodium citrate solu-
tion (ratio: 9/1, v/v%), which was then centrifuged at 1500 rpm for 15 min at 4 °C to 
obtain platelet-rich plasma (PRP). Material films on a glass dish were sterilized with 
75% ethanol, washed three times with phosphate buffer solution (PBS), and equil-
ibrated in PBS for 1 h. Then 1 mL PRP was placed on testing films at 37 °C for 1 h 
after removing the PBS solution. After 1 h incubation, the films were dipped in a 2.5% 
glutaraldehyde buffer solution overnight. Finally, the films were dehydrated in an eth-
anol-gradient series (30%, 50%, 70%, 80%, 90%, 95%, and 100%) for 15 min each, 
sequentially, and were dried under vacuum. The morphologies of the platelets adhered 
onto the film surfaces were observed by SEM.

21.2.6   Preparation of nerve regeneration scaffolds

A porous PU or PCL nerve repair scaffold was prepared using a dipping–leaching 
method [14,27]. Representatively, 1 g of PUCL-alt-PEG was dissolved in 10 mL 
N,N-dimethyl formamide (DMF) at 60 °C for 1 h. Then 2 g of NaCl particles (5–10 μm), 
as porogen for scaffold fabrication, was added into the solution and thoroughly mixed. 
A stainless steel wire with an outer diameter of 1.28 mm was used as a mold. The mold 
was immersed in the above salt suspension for 15 s and then taken out for evaporation 
for another 50 s. The above dip coating and drying cycles were repeated five times. 
The resulting polymer/salt coatings were subject to air drying for 2 days and vacuum 
drying for 2 days, followed by salt leaching in deionized water, freeze drying, and 
demolding to obtain a porous nerve repair scaffold.

21.2.7   Morphology and porosity of the nerve repair scaffold

The microstructure of the scaffolds was characterized under SEM (Model JSM-
6360LA, JEOL, Japan) at an accelerating voltage of 10 kV. Before observation, speci-
mens were coated with platinum using a sputter coater (JFC-1600, Japan) under argon 
gas. The average pore sizes of the scaffolds were measured using an image analysis 
program (i-solution, IMT, Korea) from SEM photographs. The porosities of scaffolds 
were measured using a specific gravity bottle (Hubbard, Hanil, Korea) based on Archi-
medes’ principle [28]. Briefly, the porosity of scaffolds was determined as

 
Porosity (% ) =

(W2 − W3 − Ws) /ρe

(W1 − W3) /ρe

× 100%
 

where W1 is the specific gravity bottle weight filled with ethanol, W2 the specific gravity  
bottle weight including ethanol and scaffold, W3 the specific gravity bottle weight 
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with the ethanol-saturated scaffolds from W2 removed, Ws the scaffold weight, ρe the 
density of ethanol; thus (W1 − W3) /ρe is the total volume of a scaffold including pores 
and (W2 − W3 − Ws) /ρe is the pore volume of the scaffold.

The mechanical properties of a nerve repair scaffold were tested with a univer-
sal testing machine (CMT 4204 Sans, Shenzhen, China). Samples were immersed in 
deionized water for 2 h and then tested in a wet state. Tensile strength was studied by 
applying a force parallel to the axis of a conduit at a speed of 50 mm/min.

21.2.8   In vitro degradation of the nerve repair scaffold

To determine the in vitro biodegradation rate of both PUCL-alt-PEG and PUCL-ran-
PEG scaffolds, 48 samples of the PU scaffolds were cut into cylinders 1.5 mm in 
diameter and approximately 10 mm in length, weighing about 110 mg each. All sam-
ples were immersed in 5 mL of 0.1 M sterile PBS at pH 7.4. The PBS solution was not 
refreshed in the entire 16 weeks period. All vials were lidded and kept in a shaking 
incubator at 37 ± 0.5 °C (30 strokes per min). The pH value of suspension liquor was 
measured every 2 weeks for 16 weeks using a pH PB-10 m. Three samples were pre-
pared for each scaffold, and the average pH value was reported. Four vials were taken 
out every 2 weeks to discharge the PBS solution. Scaffolds and the fragments were 
rinsed with distilled water and dried to a constant weight in vacuum for molecular 
weight and weight loss ratio measurements. Weight loss ratio was calculated according 
to the equation

 
Weight loss ratio =

W0 − W1

W0

× 100%
 

where W0 and W1 are weights of the sample before and after the hydrolytic degrada-
tion, respectively. The reported weight loss ratio is the average of the four samples.

21.2.9   In vitro cell culture

Material films and scaffolds, which were sterilized by UV lamp for 24 h and then 
washed by sterilized PBS, were placed into a 12-well polystyrene (PS) dish (Corn-
ing, USA). Rat glial cells (Shantou University, China) were used as model cells to 
estimate the nerve cell compatibility of the films and scaffolds [18]. PCL films and 
scaffolds were used as a comparison. A cell suspension in DMEM medium (Hyclone) 
supplemented with 10% FBS (Hyclone), 100 U/mL penicillin (Sigma), and 100 U/mL  
streptomycin (Sigma) was seeded onto the film and scaffold-coated dishes (cell den-
sity, 1 × 104 cells/specimen). The cell-seeded films and scaffolds were maintained at 
37 °C for 8 h in an incubator with a 5% CO2 humidified atmosphere for cell adhe-
sion. The films and scaffolds were then transferred to a new 12-well PS dish. Next, 
cultivation was conducted for 24, 48, and 72 h in that order. CCK-8 assay was used 
for cell viability while SEM was used for cell morphology observation. For viability 
assays, the culture medium was removed and the culture was washed with PBS twice. 
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Approximately 450 μL serum-free DMEM and 50 μL CCK-8 solution were added to 
each sample, followed by incubation at 37 °C for 3 h to form water-soluble formazan. 
The supernatant was transferred into a 96-well plate, and the optical density (OD) at 
450 and 630 nm was determined using a microplate reader (Multiskan MK3, Thermo 
Labsystems, Finland), with six parallel experiments of each sample used to assess cell 
viability. The adhered cells on films and scaffolds were fixed with 2.5% glutaralde-
hyde (Alfa-Aesar) at 4 °C for 12 h. After thorough washing with PBS, cells adhered 
on films and scaffolds were dehydrated in an ethanol-graded series (50%, 60%, 70%, 
80%, 90%, and 100%) for 15 min each and allowed to dry via lyophilization to be used 
for SEM observations.

21.2.10   Animal and surgical procedures

Eighty adult SD rats weighing 200−250 g were used to evaluate nerve repair. Ani-
mals were divided into five groups, each with 15 rats. The nerve regeneration 
capabilities of hydrophilic PUCL-alt-PEG and PUCL-ran-PEG scaffolds were 
compared with those of autograft nerve, PCL with similar dimensions (inner diam-
eter, about 1.28 mm; wall thickness about 0.4 mm), nonporous silicone tube (inner 
diameter 1.5 mm; wall thickness 0.4 mm), and an untreated group (negative con-
trol). Defects of 12 mm in sciatic nerves created by surgical removal of the nerve 
tissue were repaired with the nerve conduits. A schematic illustration of the nerve 
repair microsurgery is depicted in Figure 21.2. Animals were anesthetized with 
50 mg/kg body weight pentobarbital sodium [3,4,14]. Sciatic nerve on right side 
was exposed, and a 12 mm segment of nerve was removed from the mid-thigh level.  
A 14 mm scaffold or the removed nerve itself was interposed between the proximal 
and the distal stumps with 8-0 absorbable PLGA at each junction. Following implan-
tation, muscle incision was closed using a 5-0 chromic gut suture and the skin was 
closed with 2-0 silk suture. Each rat received one implant, which was removed at 
various time intervals. Postoperatively, each animal was housed in a single cage with 

With sutures

12 mm gap

14 mm

Distal stump Proximal stump

Figure 21.2 Schematic illustration of nerve repair microsurgery.
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free access to food and water. The animals were intensively examined for signs of 
autotomy and contracture. At each time interval, SFI and electrophysiological and 
histomorphometric analyses were performed to evaluate the efficiency of nerve repair. 
All animal experiments were conducted according to the ISO100993-2:1992 animal 
welfare requirements.

21.2.11   Functional assessment of nerve regeneration

Walking track analysis was carried out to evaluate the functional recovery following 
sciatic nerve injury repair after 2, 4, 8, 10, 14, and 20 weeks. All rats were first allowed 
conditioning trials on an 8 × 42 cm walking track. The hind feet of rats were dipped 
in black ink. The rat was permitted to walk down the track, leaving its hind footprints 
on a white paper. From the footprints, the following measurements were obtained:  
(1) distance from the heel to the third toe, the print length (PL); (2) distance from the 
first to the fifth toe, the toe spread (TS); and (3) distance from the second to the fourth 
toe, the intermediary toe spread (ITS).

Three measurements were taken from the right operated foot (OPL, OTS, OITS) as 
well as the contralateral nonoperated foot (NPL, NTS, NITS). SFI can be calculated 
by the formula proposed by Bain et al. [29]:

 SFI = − 38.3 * PLF + 109.5 * TSF + 13.3 * ITF − 8.8 

where PLF = (OPL − NPL)/NPL; TSF = (OTS − NTS)/NTS; ITF = (OITS − NITS)/NITS.  
Before implantation, the SFI for preoperative index value is given at time point 0 (our 
actual SFI = −7.51 before implantation; number of rates for each evaluation group for 
SFI is 20). An SFI of 0 is normal. An SFI of −100 indicates total impairment. To obtain 
statistically significant data, several prints were measured for each rat. Sometimes 
several walks were required to obtain clear print marks.

21.2.12   Electrophysiological analysis

To evaluate motor reinnervation, electrophysiological recordings of the compound 
muscle action potential (CMAP) were performed on the experimental animals after 
4, 9, or 14 weeks postconduit implantation. On anesthetization, a bipolar stimulation 
hook electrode was placed directly around the sciatic nerve ∼20 mm upstream of the 
graft site. A needle-type differential recording electrode was inserted into the anterior 
tibialis muscle with the reference side placed approximately in the middle of the stim-
ulating electrode and the recording electrode. The ground electrode was positioned at 
the tail. Nerves were stimulated by a 0.2 ms pulse for every 10 s, with stimulating inten-
sity adjusted to invoke supramaximal compound action potentials. The reference-sub-
tracted signals were sampled at 20 kHz and filtered at 3 kHz before sending them to 
an A/D converter (PCIe-6251, National Instruments, TX, USA), which were analyzed 
on a personal computer by a LabView-based homemade program. Latency (time lag 
between the stimulus artifact and the minimum of the first negative  deflection) and the 
conduction velocity were calculated accordingly.
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21.2.13   Histological assessment

Implanted nerve repair scaffolds were harvested immediately after recording CMAPs. 
The nerve grafts were immediately fixed in a cold buffered 4% paraformaldehyde 
solution for 24 h. Nerve grafts were then washed in distilled water and sciatic nerve 
sections were taken from middle portions of the regenerated nerves. After fixation, 
tissues in each group were embedded with olefin, cut to 4 μm thickness, and then 
stained with HE staining. Remaining tissues in each group were cut to 10 μm thickness 
for immunohistochemistry analysis. After soaking in 1 M PBS for 10 min, antigen 
retrieval was performed on the nerve sections by incubating in sodium citrate solution 
for 8 min at P100 microwave temperature, blocking in a 10% normal goat serum for 
60 min at room temperature, and incubating with rabbit anti-NF200 polyclonal anti-
body (N4142, Sigma, St. Louis, MO, USA) at 4 °C for 18 h, followed by reaction with 
fluorescein isothiocyanate-labeled secondary antibody goat anti-rabbit IgG (BA1105, 
Boster, Wuhan, China) for 30 min at room temperature. The stained sections were 
observed under a fluorescent microscope (EX465-495, Nikon, Japan).

To observe more detailed axons and myelin sheath regeneration inside the scaf-
folds, nerve grafts were embedded with Epon 812 epoxy resin, and the mid and dis-
tal portions of the specimens were cut into ultrathin sections (50 nm thick) and then 
viewed and photographed with a Hitachi H7500 transmission electron microscope 
(TEM; Tokyo, Japan). The thickness of myelin sheath and diameters of myelinated 
axons were quantified from TEM images using the Image J software. For each speci-
men, a total of 100–120 random axons were analyzed.

Nerve longitudinal sections of 5 μm thickness for each group were employed for 
ammoniacal silver staining to evaluate neurofibril regeneration at the 14th week post-
operatively [30]. The longitudinal sections were embedded with 20% silver nitrate 
solutions at 37 °C for 30 min in a dark environment and rinsed with 10% formaldehyde 
to obtain a yellow color, followed by rinsing with silver ammoniacal nitrate for 40 s 
and 10% formaldehyde for 2 min [31,32] to prepare sections for light microscopy 
(TE2000-U, Nikon, Japan).

Gastrocnemius muscles from the operated limbs of rats in each group were har-
vested from the mid-belly. Muscle samples were fixed in 4% paraformaldehyde buff-
ered solution for 24 h, embedded by olefin, and then cut into thin sections of 5 μm. The 
sections were stained by Masson’s Trichrome (D026, Jiancheng Biotech, Nanjing, 
China) and then observed under a light microscope (TE2000-U, Nikon, Japan) [33]. 
Microstructures of the nerve repair scaffolds during in vivo biodegradation were char-
acterized under SEM (Model JSM-6360LA, JEOL, Japan) at an accelerating voltage 
of 15 kV.

21.3   Results and discussion

In the sample abbreviation PUC20-a-E4 or PUC10-r-E4, U represents block PU; 
a, alternating; r, random; C20 and E4, PCL–diol (Mn = 2000), and PEG (Mn = 400), 
respectively. The structures of PUCL-alt-PEG and PUCL-ran-PEG were confirmed 
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in our previous investigation [18]. The higher crystallinity of PUCL-alt-PEG was 
demonstrated, which confirmed the theory that PU-alt possess a more regular micro-
structure than their random block counterparts [18].

21.3.1   Mechanical properties

Mechanical properties of the PU samples, including tensile strength (σt), yield 
strength (σs), Young’s modulus (E), and elongation at break (ε) are listed in Table 21.1.  
Among these samples, PUs with higher PCL content, higher degree of crystallinity, 
and urethane linkage such as in PUC20-a-E4 and PUC20-r-E4 correlate to higher 
strength, modulus, and elongation at break. The high elongation at break and relatively 
low modulus values provide evidence that the PUs are soft thermoplastic elastomers. 
It was noted that PU-alt displayed higher tensile strength and elongation than random 
block PUs (Table 21.1), which may be due to their higher crystallinity, higher molec-
ular weight, and lower block polydispersity. The alternating block arrangements leads 
to better phase separation in the PUs. Furthermore, the higher degree of crystallinity 
from stiff and immobile urethane-based hard segment domains serves as more effec-
tive physical cross-links between the flexible soft PEG segment domains. This would 
therefore enhance the elastic mechanical properties.

21.3.2   Surface properties

Static contact angle and surface energy results are summarized in Table 21.2.  
It can be seen that due to the inclusion of the PEG segment in the backbone, the 
PU products exhibit lower contact angles and hence are more hydrophilic than 
the PCL. With an increase of PEG content, the surfaces of PUs become more 
hydrophilic. However, by varying the length of PCL and PEG segments, it was 
found that PUC10-a-E4 with a PEG content of 23.0% has a lower contact angle 
and hence is more hydrophilic than PUC20-a-E10 with a PEG content of 30.0%. 

Table 21.1 Mechanical properties of polycaprolactone and 
poly(ethylene glycol)-based block polyurethanes

Sample σt (MPa)a σs (MPa)b E (MPa)c ε (%)d

PUC20-a-E4 7.9 3.3 45.2 1352.5
PUC20-a-E10 5.9 2.2 30.9 750.9
PUC20-r-E4 7.0 3.0 43.9 545.7
PUC20-r-E10 4.5 2.4 41.5 552.4

Sample abbreviation PUC20-a-E4 or PUC10-r-E4 represents U, block polyurethane; a, alternating; r, random;  
C20 and E4, PCL–diol (Mn = 2000) and PEG (Mn = 400), respectively; same for text.
aσt, tensile strength.
bσs, yield strength.
cE, Young’s modulus.
dε, elongation at break.
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This phenomenon was also observed in the random block PUs. The lower contact 
angle in the case of PU-alt indicated a more hydrophilic surface and higher surface 
energy than the random series of PUs (Table 21.2). A possible mechanism may be 
that alternating structures enhance phase separation and allow more PEG to be 
located on the surface [21,34].

The surface morphology of the obtained PU films prepared by solution casting 
was investigated by SEM. Typical SEM photos of both types of PUs are given in 
Figure 21.3. The alternating block PU PUC10-a-E4 was shown to display a more 
regular and rougher surface than its random counterpart PUC10-r-E4 (Figure 21.3) 
[18] due to higher crystallinity from the alternating block series resulting in a more 
regular architecture as discussed above. This discrepancy has significant biomedical 
implications, as biocompatibility may be improved with higher surface roughness 
providing a favorable environment for adhesion and growth of certain cells such as 
fibroblast and neural cells.

21.3.3   Platelet adhesion

As shown in Figure 21.4, platelets adhered onto PCL and PLA films show an abun-
dance of extended pseudopods, indicating that all of the platelets are activated and 
blood coagulation should be easily induced. In contrast, on the synthesized PU film 
surface, there were fewer adherent platelets with no obvious pseudopods, suggesting 
a weak attachment or even only a physical precipitation of platelets onto the surfaces. 
Therefore, the hemocompatibility is expected to be greatly improved. In particular, 
the alternating block PU PUCL-alt-PEG revealed even less platelet adhesion on the 
surface than their random counterpart PUCL-ran-PEG. This suggests that PUCL-alt-
PEG possesses much better hemocompatibility than other biodegradable polymers, 
including its random block counterpart PUCL-ran-PEG.

Table 21.2 Contact angle and surface energy of polycaprolactone 
and poly(ethylene glycol)-based block polyurethanes

Sample WPEG θH2O (°) θCH2I2 (°)

Dispersive 
component 
(rs

d)

Polar 
component 
(rs

p)

Surface 
energy  
(rs = rs

d + rs
p)

PLA – 84.3 ± 0.7 35.4 ± 1.2 35.1 ± 0.5 7.4 ± 1.0 42.5 ± 0.6
PCL – 89.1 ± 1.3 37.5 ± 0.9 36.0 ± 1.2 5.3 ± 0.7 41.3 ± 0.8
PUC10-a-E4 23.0 67.2 ± 2.5 23.0 ± 0.9 35.9 ± 1.6 14.7 ± 1.3 50.6 ± 1.5
PUC20-a-E4 14.6 83.9 ± 1.8 47.8 ± 2.0 28.7 ± 1.7 9.0 ± 2.0 37.6 ± 2.1
PUC20-a-E10 30.0 74.6 ± 2.5 56.1 ± 1.4 23.0 ± 2.0 15.3 ± 2.1 38.3 ± 1.9
PUC10-r-E4 23.0 69.3 ± 1.5 21.7 ± 1.8 36.5 ± 1.6 13.8 ± 1.5 50.3 ± 1.9
PUC20-r-E4 14.6 88.3 ± 1.7 47.0 ± 2.5 30.4 ± 2.1 6.7 ± 2.0 37.1 ± 2.5
PUC20-r-E10 30.0 77.8 ± 1.1 55.4 ± 3.1 23.8 ± 3.2 13.4 ± 2.8 37.2 ± 3.0

WPEG, weight percentage of PEG in sample.
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Figure 21.3 SEM images of PCL and PEG-based block polyurethane films (×1000, left) and 
×4000, right): (a1–a2) PUC10-a-E4; (b1–b2) PUC20-a-E10; (c1–c2) PUC10-r-E4;  
(d1–d2) PUC20-r-E10.
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21.3.4   Preparation and characterizations of polyurethane  
nerve repair scaffolds

Autograft-based nerve transplantation is the first line of therapy for injured peripheral 
nerve repair in human clinical applications. However, limited graft availability and 
permanent loss of the donor site as well as the possibility of a mismatch between 
the defective nerve and the graft nerve diameter encourage investigations toward a 
safe and easily accessible artificial nerve scaffold to repair nerve gaps [2,3,6]. Our 
studies revealed here have reached preclinical animal testing trials, a necessary step 
before moving onto hospital patients. A vast number of tissue-engineering conduits 
of diverse materials have been explored to reconstruct the injured nerves [25], but 

Figure 21.4 SEM images of platelet adhesion on tested films (×4000).
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very few scaffolds have reached patients with limited clinical applications [1,35]. The 
major challenge in peripheral nerve tissue engineering is the determination of opti-
mum materials for nerve regeneration. Biodegradable (co)polymers such as PCL have 
been widely used in nerve tissue engineering [10,11,36]. However, the hydrophobicity 
and poor mechanical properties of PCL limit its applications in medicine. The research 
presented here shows that block PUs based on PCL and PEG reduce the crystallization 
of PCL and improve their hydrophilicity. The alternating block PU based on PCL and 
PEG demonstrates excellent mechanical properties, facile processing, and compatibil-
ity for blood, cell, and tissue, suggesting that PUCL-alt-PEG is a suitable material for 
medical applications such as artificial nerve scaffolds (Figure 21.5).

In the beginning, chloroform was used for the scaffold preparation. However, due 
to its rapid volatility, scaffolds could not be properly obtained. Through trial and error, 
DMF was found to be a good solvent for the preparation of scaffolds. The PU nerve 
repair scaffolds show internal diameters of 1.28 mm with a wall thickness of approxi-
mately 260 μm. The external diameter was found to range from 1.78 to 1.8 mm (Figure 
21.5(a)). SEM shows a well-distributed porous structure of PU scaffolds with pore 
sizes from 1 to 10 μm (Figure 21.5(b)). Porosity of the scaffolds was about 88−92% 
with pore interconnectivity. Proper mechanical properties are necessary for nerve 
repair scaffolds since they should remain intact during the suture process and during 
the long in vivo implant period after surgery. In vitro mechanical tests indicated that 
the PU nerve repair scaffolds possess suitable mechanical properties, including max 
loads of 4.98 ± 0.35 N and max stresses of 6.37 ± 0.5 MPa under wet conditions.

Generally, cells need pores to be large enough to allow them to migrate and to allow 
effective nutrient supply and metabolic waste removal, which is essential for cell 
growth. The inner diameter of the scaffolds is 1.28 mm, while the sciatic nerve diam-
eter of the SD rat is 1.25 mm. Our goal is to design PUCL-alt-PEG nerve repair scaf-
folds that closely mimic native tissue microenvironments and provide a 3D mechanical 
framework for nerve cell attachment, proliferation, and nerve regeneration. Closer 
examination of the scaffold surface at higher magnification revealed that the web-like 
interconnected porous structures of PUCL-alt-PEG scaffolds should facilitate glial 

Figure 21.5 SEM images of polyurethane nerve-guided scaffold with controlled microporosity: 
(a) cross section morphology; (b) wall microstructure.
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cell attachment and cellular communication, as well as cell division (Figure 21.5(b)). 
These results indicate that the PUCL-alt-PEG scaffold is a biocompatible and nerve 
conductive substrate that can provide structural cues for the cells to take up the proper 
shape and morphology and stimulate and guide axonal growth in the animal models 
[14,30]. Improved cytocompatibility of the alternating block PU scaffolds may be due 
to its improved hydrophilicity, flexibility of PEG chain, and surface array patterned 
microstructures stemming from its regular chemical structures. The improved hydro-
philicity can also endow scaffold surfaces with superior initial cell attachment [18,37]. 
Because the cell membrane is a phospholipid bilayer, appropriate hydrophilic surfaces 
can be more conductive to initial cell attachments, while slightly hydrophobic surfaces 
would be suitable for growth and proliferation of some cell lines such as L929 [37].

21.3.5   In vitro degradation of polyurethane scaffolds

PCL is FDA-approved biodegradable polymer that is used as matrices for nerve tis-
sue-engineering applications [38–40]. However, such biodegradable polyesters suffer 
from significant pH value changes that can cause inflammation in local tissue. To eluci-
date the degradation profiles of the PU scaffolds in vitro, change in pH value, weight loss 
ratio, 1H NMR spectrum, and change of molecular weight during degradation in vitro 
were studied (Figures 21.6 and 21.7). Regarding the pH value change for PU scaffolds, 
degradation of the PU nerve-guided scaffolds studied over a 16 week period in vitro 
(Figure 21.6(a)) showed no significant pH value change (Figure 21.6(a)), even with a 
17.5–24% weight loss during the 16 week in vitro degradation study (Figure 21.6(a)). 
Particularly, the PUCL-alt-PEG displayed a much smaller pH value change, even less 
than their random block PU counterparts PUCL-ran-PEG. It is interesting to note that a 
significant, sharp drop of pH value was observed between 12 and 14 weeks for PUCL-
ran-PEG. The block PUs have a rapid swelling rate in first 72 h due to the hydrophilic 
PEG component that allows for enhanced hydrolytic degradation of the scaffolds.

The small changes in the pH values of degraded PU nerve-guided scaffolds may 
be due to the urethane chemical structure, which simultaneously generates acidic 
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carboxylic groups and basic amine groups during degradation, unlike aliphatic  
polyesters such as PCL and PLA that generate only acidic carboxylic groups during 
degradation, resulting in significant reduction of pH. This small change in pH 
value of the PU scaffolds should reduce the inflammatory risk compared to PCL 
and PLA. In particular, PUCL-alt-PEG showed the lowest change in pH value 
during a 16 week degradation period from 7.40 to 7.23, compared with pH values of 
PUCL-ran-PEG from 7.40 to 7.08 and of PCL from 7.40 to 7.05 (Figure 21.6(a)).  
Furthermore, the relatively slow original weight loss of 17.5% of the PUCL-alt-PEG 
nerve-guided scaffold, determined from the in vitro 16 weeks degradation study, 
prevents premature scaffold collapse (Figure 21.6(b)). 1H NMR analysis indicated 
that the degradation of block PU occurs from a break in the PCL–diol and urethane 
linkage dOOCNHd, resulting in PEG fragments that subsequently dissolve in 
PBS (Figure 21.7(a)).

Weight loss of the PU scaffolds proceeded much more quickly than that of PCL 
scaffolds from the 8th week (Figure 21.6(b)). Such results are in agreement with those 
revealed by 1H NMR spectra (Figure 21.7(a)). Examination of the 1H NMR spectra 
of PUCL-alt-PEG copolymer [18] revealed that proton signals of the urethane group 
dOOCNHd at δ = 4.94 ppm and δ = 4.75 ppm, where the former is connected to the 
PEG segment and the latter is connected to PCL, have disappeared after 16 weeks of 
degradation in vitro. The 1H NMR spectrum showed that the degradation profile of 
PUCL-alt-PEG PUs resulted from the splitting of the urethane group dOOCNHd 
into small molecules (Figure 21.7(a)). Gel permeation chromatography (GPC) shows 
that almost all of the sample degraded into lower molecular weight components sup-
porting the 1H NMR data (Figure 21.7(b)).

21.3.6   In vitro cell interactions

The rat glial cell is a crucial cell in the nervous system, which not only connects and 
supports nerve components but also provides growth factors and distributes nutri-
ents throughout the nervous system [41]. Thus these cells were selected to study 
in vitro cell interactions with nerve repair scaffolds. The cells were seeded onto 

Figure 21.7 Degradation of PUCL-alt-PEG scaffolds at 16 weeks in vitro: (a) 1H NMR  
spectrum; (b) GPC profiles before and after degradation.
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films and scaffolds of PUCL-alt-PEG, PUCL-ran-PCL, and PCL with a cell density 
of 1.0 × 104 cells per well on a 12-well dish to examine the nerve cell compatibility. 
The cells were cultured on the films and scaffolds for 24, 48, and 72 h and the viable 
cell numbers in each specimen were estimated by a CCK-8 assay method. Results 
showed that the cell number increased significantly on PUCL-alt-PEG films and 
scaffolds, as PUCL-alt-PEG films and scaffolds give much higher optical values 
than PCL films and scaffolds, and also 20−30% higher than that of the PUCL-ran-
PEG film and scaffold on 24 h incubation. As the water contact angles of both PUs 
are somewhat similar (Table 21.2), it is postulated that the surface roughness allows 
a higher growth rate during 24–72 h incubations on PUCL-alt-PEG films and scaf-
folds (Figure 21.8). Additionally, rat glial cells of PUCL-alt-PEG demonstrated a 
well-spread morphology bridging the pore, aligning themselves according to the 
shape and pattern of the scaffold, while most cells in the PCL scaffold were dead 
(Figure 21.8(a)).

Both PU materials display moderately hydrophilic surfaces, as alternating block 
PU PUCL-alt-PEG (sample PUC20-a-E4) and random block PU PUCL-ran-PEG 
(PUC20-r-E4) exhibited water contact angles of 88.9° and 88.3°, respectively. 
PUC20-a-E4 and PUC20-r-E4 films displayed the highest OD values among their 
own series on 72 h cell incubation, respectively [18], suggesting that the water con-
tact angle of 88° may provide ideal wettability for glial cell growth. The greater 
optical density value of PUCL-alt-PEG on 24 h incubation on both film and scaf-
fold suggests that initial cell attachment is more favorable on the surface of alter-
nating PUs, most likely due to advantageous surface topography compared to that 
of PUCL-ran-PEG [42]. Measurements at later time points showed a remarkable 
increase in mitochondrial activity of glial cells on the PUCL-alt-PEG surface, 
demonstrating that cell attachment, proliferation, and extensive migration takes 
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place on the PUCL-alt-PEG surface. PUCL-ran-PEG, however, gives lower CCK-8 
values and displays anomalous cell morphology, indicating lower attachment and 
proliferation of glial cells (Figure 21.8). Cell morphologies further confirm that 
PUCL-alt-PEG surfaces support attachment, growth, and proliferation of glial cells 
with better original spread star-shaped morphology than the random block counter-
part PUCL-ran-PEG.

The viability of glial cells cultured on random block PU PUCL-ran-PEG was 
compared with that of alternating block PU PUCL-alt-PEG (Figure 21.8(b)). 
It was clear that PUCL-alt-PEG provided much better cytocompatibility for 
neural glial cells than traditional random block PU. SEM images and CCK-8 
assays confirmed that PUCL-alt-PEG possessed excellent cell compatibility 
with respect to the nerve cell line (Figure 21.8). Figure 21.9 provides a morpho-
logical comparison of glial cells on both alternating and random PU films. After 
72 h incubation, glial cells spread well and exhibited their original star-shaped 
morphology on the alternating series PUCL-alt-PEG. However, on the random 
series PUCL-ran-PEG, the cells tended to be fibroid and some lacked the star-
shaped morphology.

From the above discussion, it can be concluded that alternating block PU PUCL-
alt-PEG displays the highest cell viability of rat glial cells. This suggests that alter-
nating block PU (such as sample PUC20-a-E4) would be an ideal class of PUs with 

Figure 21.9 Morphology of glial cell proliferation on PCL and PEG-based block polyurethane 
films at 3 days culture (×1000).
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optimum composition and proper surface properties for cell compatibility. In terms of 
optimal material composition, similar conclusions were made in previous research on 
fibroblast L929 cells and rat aortic smooth muscle cells [43].

21.3.7   Functional behavior training and electrophysiological 
assays for nerve repair

The SD rat (sciatic nerve defect) model was used to evaluate the peripheral nerve 
regeneration capabilities of the six prepared groups, that is, PUCL-alt-PEG, auto-
graft, PUCL-ran-PEG scaffold, PCL scaffold, silicone tube, and negative control. To 
determine the functional characteristics of our scaffolds, PU and PCL nerve guides 
of 1.28 mm in diameter were determined to be strong enough to maintain an intact 
structure throughout the surgical implantation process. During the experiments, all 
rats remained in good health and did not show any wound-related complications 
except for the silicone tube and negative control groups. At predetermined periods 
(2, 4, 8, 10, and 14 weeks postoperatively), the nerve regeneration behavior was 
observed by walking track analysis. SFI values of different groups are compared in 
Figure 21.10(a). In our study, an SFI value of −24% recovery was observed in the 
PUCL-alt-PEG group after 14 weeks postimplantation, which was higher than the 
−28% recovery SFI value of the autograft group (Figure 21.10(a)) and much better 
than the −35% recovery SFI value of PUCL-ran-PEG, and also the SFI values of 
PCL, silicone tube, and negative control groups. The silicone and negative control 
groups gave quite poor results and the negative group showed no signs of nerve 
repair. The footprints of animals implanted with PUCL-alt-PEG scaffolds at 4, 8, 
and 14 weeks postoperatively are also displayed in Figure 21.10(b). It can be seen 
that at 2 and 8 weeks, the footprint images were quite narrow and abnormal. The 
motor function was not at all recovered at this time. At the 14th week mark, the foot-
print images returned to normal, indicating that the nerve motor function recovered 
significantly.

CMAP evaluation can offer an important parameter for studying the conducting 
function of a peripheral nerve. To determine whether or not the functional reinner-
vation occurred through the scaffolds, electrophysiological analysis was performed. 
The electrophysiological signals of CMAP from different groups, that is, PUCL-alt-
PEG, PUCL-ran-PEG, autograft, PCL scaffolds, silicone tube, and negative control, 
are compared in Figure 21.11. It is noted that the PUCL-alt-PEG group gave the best 
signal (Figure 21.11(a)), much better than PUCL-ran-PEG and other groups, and 
importantly, better than the autograft (Figure 21.11(c)).

The signals of CMAPs and the corresponding action potentials of PUCL-alt-
PEG, PUCL-ran-PEG, autograft, PCL scaffolds, silicone tube, and negative control 
after 4, 8, and 14 weeks implantation were also compared with the signals of the 
rats’ normal sides (Figure 21.12). The action potentials were clearly noticeable in 
PUCL-alt-PEG, PUCL-ran-PEG, autograft, and PCL scaffold groups after 4 weeks, 
indicating rapid functional recovery of the injured nerves. The potentials became 
more intense after 9 and 14 weeks, indicating notable nerve repair. It was impressive 
that the PUCL-alt-PEG group displayed stronger signals than the autograft group. 
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This demonstrates that scaffolds of novel PU-alt (PUCL-alt-PEG) show comparable 
or better nerve repair results than the autograft, which is considered a “gold standard” 
in medical implantation [24].

21.3.8   Histological assessment

Throughout the nerve regeneration process, structures of PU and PCL nerve-
guided scaffolds remained stable (Figure 21.13(b) and (e)). This is an important 
factor for axon growth. After 9 weeks, the PUCL-ran-PEG nerve-guided scaffolds 
were degraded duly and the boundaries between nerve and scaffold were barely 

Figure 21.10 Walking track analysis, (a) sciatic function index (SFI) values of rats at 2, 4, 8, 
10, and 14 weeks after implantation, n = 3; *P < 0.05; (b) footprints at 4 (b1), 8 (b2), and 14 
(b3) weeks postoperatively.
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Figure 21.11 Electrophysiological signals of CMAP examinations carried out at 
14 weeks after implantation at the injured side in each group: (a) PUCL-alt-PEG,  
(b) PUCL-ran-PEG, (c) autograft, (d) PCL, (e) silicone tube, and (f) negative control. 
n = 4; *P < 0.05.

Figure 21.12 CMAP signals were compared with the animal’s contralateral control and 
expressed as the CMAP ratio, n = 4; *P < 0.05.
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distinguishable (Figure 21.13(b)). The regenerative nerve tissues could be clearly 
observed as the PUCL-ran-PEG nerve-guided scaffold degraded completely at 
20 weeks postoperatively (Figure 21.13(c)). Notably, the regenerated nerve from 
the proximal and distal nerve endings grew into the middle of the scaffold, as the 
structures of PUCL-alt-PEG nerve repair scaffolds were stably maintained, while 
no inflammatory signs or adverse tissue reactions were seen at the implantation site 
(Figure 21.14(a) and (b)). On the other hand, PCL and silicon tubes showed very 
slow or nonexistent degradation (Figure 21.13(e) and (f)). After the PU scaffolds 
were dissected carefully under high magnification microsurgery at the 9th week 

Figure 21.13 PUCL-ran-PEG nerve scaffolds prior to and after the implantation: (a) the 
sciatic nerve was transected and bridged by a PU nerve-guided scaffold; (b) PUCL-ran-PEG 
implanted in rat after 9 weeks was surrounded with abundant capillaries; (c) PUCL-ran-PEG 
degraded almost completely at 20 weeks implantation; (d) autologous nerve-guided defected 
nerve in rat after 9 weeks; (e) PCL implant in rat after 9 weeks was surrounded by a layer of 
fibrous connective tissue; (f) silicone tube implant in rat after 9 weeks.

(a) (b) (c)

Figure 21.14 Scaffold degradation and regenerated nerves of PUCL-alt-PEG scaffolds: 
(a) implanted in rat at 9 weeks postoperatively (surrounded with abundant capillaries); (b) a 
regenerated nerve after taking off the scaffolds; (c) scaffolds degraded completely at 32 weeks 
implantation with a mature regenerated nerve.
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postoperatively, a regenerated nerve was observed. The mature regenerated nerve 
tissues could be clearly observed as the PUCL-alt-PEG scaffolds degraded com-
pletely at 32 weeks postimplantation (Figure 21.14(c)). No inflammatory signs or 
adverse tissue reactions were observed. The growth rate of the nerve matched very 
well with the degradation rate of the scaffold (Figure 21.14(c)).

21.3.9   Immunofluorescent staining and scaffold  
in vivo degradation

HE staining was employed to assess the morphology of regenerated nerves at the 
mid section at the 9th week postoperatively (Figure 21.15(a–e)). It was observed 
that the neurofilaments grew rapidly along the entire space of PUCL-alt-PEG, 
PUCL-ran-PEG scaffolds, and autografts (Figure 21.15(a–c)). The neurofilaments 
distributed regularly in these groups. On the contrary, PCL scaffold and silicone 
tube showed less neurofilament growth (Figure 21.15(d) and (e)). To observe axonal 
growth, Neurofilament-200 (NF-200) was used as a protein marker of axons. The 
anti-NF200 cross section immunochemical stainings at mid sections of regenerated 
axons are shown in Figure 21.15(f–j). PUCL-ran-PEG nerve-guided scaffolds were 
found to have axons with larger diameters compared with those of PCL groups, and 
much larger than those of silicone tube groups (Figure 21.15(g), (i), and (j)). The 
PUCL-alt-PEG scaffold group was found to have larger axon diameters compared 
with the autograft group (Figure 21.15(f) and (h)).

To observe in more detail the axon and myelin sheath regeneration inside the 
scaffolds, TEM was used to examine cross sections of regenerated axons and 
myelin sheath (Figure 21.16). At 14 weeks postoperatively, most myelinated 
nerves have matured in PUCL-alt-PEG, PUCL-ran-PEG scaffolds, and autograft 
groups (Figure 21.16(a–c)), while PCL and silicone tube groups had very thin 
myelinated nerves in both middle and distal sites. The negative control did not 
generate any nerve at all (not shown).

As regenerated nerves matured, both the diameters of myelinated nerves and the 
thickness of myelin sheath ranked from high to low accordingly: PUCL-alt-PEG, 
autograft, PUCL-ran-PEG, PCL, and silicone tube (Figure 21.17). The diameter 

(a) (b) (c) (e)(d)

(f) (g) (h) (j)(i)

Figure 21.15 Cross section of the mid section of regenerated nerve at 9 weeks postoperatively: 
(a, f) PUCL-alt-PEG; (b, g) PUCL-ran-PEG scaffolds; (c, h) autograft; (d, i) PCL scaffold;  
(e, j) silicone tube. (a−e) HE staining, ×4; (f−j) antineurofilament staining, ×20.
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of the myelinated nerves and the thickness of myelin sheath in the PUCL-ran-PEG 
group were almost 1.5 times than that of the silicone tube group and close to that 
of the autograft group. The average diameter and thickness of myelin sheath at 
the mid-portion of myelinated nerves in the PUCL-alt-PEG scaffold group were 
larger than those of the autograft group. These results revealed that biodegradable 
block PUs, especially PU-alt, are potentially suitable biomaterials for peripheral 
nerve regeneration [18].

Figure 21.17 Statistical analysis of diameters of myelinated nerves (a) and myelin sheath 
thickness (b) for each group: n = 6, *P < 0.05.

Figure 21.16 TEM images of ultrathin sections showing myelinated axons at the middle 
portion at 14 weeks postoperatively. Images (a) PUCL-alt-PEG; (b) PUCL-ran-PEG scaffolds; 
(c) autograft; (d) PCL scaffold; (e) silicone tube.
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Ammonia silver staining, which was used to show regenerated nerve fibers and 
axons, demonstrated that axon myelin was nearly completely regenerated in PUCL-
alt-PEG, PUCL-ran-PEG scaffold, and autograft groups with a bit of irregularity in 
their arrangements (Figure 21.18(a–c)). The axon myelin is almost completely regener-
ated and regularly spread throughout the PUCL-ran-PEG nerve-guided scaffold com-
pared with the autograft group at 14 weeks postoperatively (Figure 21.18(b) and (c)).  
However, axon myelin showed little regeneration as well as a lack of regular arrange-
ments in the PCL and silicone tube groups (Figure 21.18(d) and (e)). The axon myelins 
regenerated completely and spread regularly throughout the PUCL-alt-PEG scaffold 
group (Figure 21.18(a)). In the autograft group, axon myelins generally regenerated 
well but showed a slight irregularity in their arrangement (Figure 21.18(b)). Nerve 
regeneration in PUCL-alt-PEG scaffolds looked better than that of the autograft. 
The reasons may be in part due to the porous structures and high permeability of the 
PUCL-alt-PEG scaffolds, as the amphiphilic PU nerve-guided scaffolds can readily 
allow nutrient and metabolites to permeate through the scaffold.

To evaluate the atrophy of rat gastrocnemius muscles resulting from dysfunction of 
the sciatic nerves, gastrocnemius muscles of rats in the six groups were stained with 
Masson’s trichrome staining since gradual functional recovery of the sciatic nerves is 
accompanied by reduction of atrophy [6,27]. Prominent reduction in muscle mass was 
obvious in rats with disrupted sciatic nerves that were implanted with silicone tubes, 
showing serious muscle atrophy (Figure 21.19(d)). In contrast, muscle atrophy was 
insignificant in rats implanted with PU nerve-guided scaffolds and autograft (Figure 
21.19(a–c)). The average diameters of the muscle fibers in PU scaffolds and autograft 
were all larger than those of the fibers in PCL scaffold, silicone tube, and negative con-
trol groups (Figure 21.20). The PUCL-alt-PEG scaffold group had the highest average 
diameter of the muscle fiber, slightly larger than that of the autograft.

(a) (b)

(d) (e)

(c)

Figure 21.18 Ammonia silver staining of the longitudinal section of mid section of nerves at 
14 weeks postimplantation: (a) PUCL-alt-PEG; (b) PUCL-ran-PEG; (c) autograft; (d) PCL; 
(e) silicone.
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Results of the histological assessment along with that of SFI and CMAP analysis 
confirm that PUCL-alt-PEG nerve-guided scaffolds are most suitable for applications 
in nerve regeneration. Nerve defects were successfully bridged in PUCL-alt-PEG 
groups from the 8th week postoperatively. The walking track and electrophysiological 

(a) (b) (c)

(d) (e) (f)

Figure 21.19 Masson’s trichrome staining of gastrocnemius muscle cross section at 14 weeks 
implantation. (a) PUCL-alt-PEG; (b) PUCL-ran-PEG; (c) autograft; (d) PCL; (e) silicone 
tube; (f) negative control groups, n = 4; *P < 0.05; scale bar = 60 μm.

Figure 21.20 The average diameters of rat gastrocnemius muscle fibers in different groups, 
n = 4, *P < 0.05.
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evaluations showed quick nerve functional recovery (Figures 21.9−21.12), further 
proving tissue compatibility of the PUCL-alt-PEG scaffolds. According to the HE 
staining results, the quicker nerve regeneration of PUCL-alt-PEG scaffold compared 
to that of nonporous silicone tube and negative control may be explained by vascular 
ingrowth into the scaffold through its column-shape porous structure (Figure 21.21). 
Although the PUCL-ran-PEG nerve-guided scaffold demonstrates good nerve repair, 
it is inferior to PUCL-alt-PEG scaffold and autograft groups in terms of nerve repair 
capability.

From the HE staining, TEM observation of ultrathin sections, ammonia silver stain-
ing, Masson’s trichrome staining, and statistical analysis of the diameter and thickness 
measurements of the myelinated nerves and myelin sheath (immunohistochemistry 
analysis), all results support the conclusion that the PUCL-alt-PEG nerve-guided scaf-
fold provides the best nerve function repair capability among all the groups (Figures 
21.15−21.20). Possible explanations for the optimal nerve function repair capabil-
ity of the PUCL-alt-PEG nerve-guided scaffold include the well-controlled chemical 
structure of the alternating block PU, which results in a regular microstructure that 
displays a more regular and rougher surface than its random counterpart (Figure 21.3). 
Combined with appropriate hydrophilicity, these factors facilitate cell attachment and 
provide biochemical and topographic cues to enhance nerve regeneration. Another 
reason may be that PUCL-alt-PEG allows for the mildest pH value change during 
implantation resulting in less inflammation, enhancing nerve generation and growth.

In vivo degradation of PUCL-alt-PEG and PUCL-ran-PEG scaffolds after 9 weeks 
is shown in Figure 21.21, which demonstrates significant degradation and tissue 
compatibility of the PUCL-alt-PEG nerve repair scaffolds. According to the in vivo 
studies, degradation of the scaffolds at the 9th week was accompanied by invasion 

(a) (c)

(d) (f)

(b)

(e)

Figure 21.21 Surface morphology of polyurethane scaffolds in vivo degradation at 9 weeks 
implantation in vivo, upper row: (a) a PUCL-alt-PEG scaffold at low magnification; (b) higher 
magnification ×2000 of dotted box from panel A star; (c) HE staining ×100 from dotted box 
from panel A; lower row: (d) PUCL-ran-PEG scaffold at low magnification; (e) higher  
magnification ×2000 of dotted box from panel D star; (f) HE staining ×100 from dotted box 
from panel D. Black arrow, blood vessels; white arrow, connective tissues.
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of blood vessels and connective tissue (Figure 21.21(c) and (f)), indicating that the 
PU scaffolds can provide structural features adaptable to the physiological environ-
ment, and possess adequate strength and elasticity to allow regular motion of muscles 
around the conduit without resulting in scaffold collapse during degradation (Figure 
21.21(a) and (d)). Sciatic nerve cells, showing well-spread and flattened morphology, 
aligned themselves following the physical shape of the nerve-guided scaffold, fur-
ther demonstrating that PU nerve scaffolds, being cytocompatible nerve conductive 
substrates, provide structural cues for the cells to take up the desired morphology 
(Figure 21.6(a)). Blood vessels infiltrated into the PU scaffold walls through the col-
umn-shaped micro-sized pores of the outer surface as shown in Figure 21.21(c) and (f).  
The satisfactory nerve regeneration through PU scaffolds may be due to its porous 
structure and high permeability.

Combined with its suitable mechanical properties, impressive nerve regeneration 
ability, and cytocompatibility, biodegradable PUCL-alt-PEG nerve repair scaffolds 
show potential in clinical applications for peripheral nerve repair.

21.4   Conclusions

Nerve repair scaffolds based on a novel, alternating block PU PUCL-alt-PEG show 
proper mechanical strength and biodegradability. An in vivo SD rat sciatic nerve dam-
age model revealed that the nerve repair scaffolds achieved satisfactory nerve regener-
ation associated with excellent neurogenesis, and functional rehabilitation of neurons 
after 32 weeks postimplantation. The amphiphilic PUCL-alt-PEG scaffolds exhibited 
comparable or slightly better nerve regeneration than autografts, which are widely 
used clinically. These results indicate that PUCL-alt-PEG nerve repair scaffolds have 
potential applications in large nerve gap repair and possibly even in central nervous 
system regeneration.
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22.1   Introduction

The issues posed to the burn surgeon in the Emergency Room by patients who have 
suffered extensive and deep burn injuries are manifold. Modern burn management 
techniques involve immediate (or very early) excision of all deep burns and this, 
together with advances in intensive care medicine, means that the initial injury is usu-
ally survived. What follows is the tricky bit!

22.2   Why are dermal substitutes necessary?

Cutaneous burn injuries can, very basically, be divided into two groups. There are 
those that, with optimal support and good wound management, are superficial enough 
to heal spontaneously and quickly and with an excellent functional and cosmetic 
result. Then there are those that are sufficiently deep to undergo prolonged healing by 
secondary intention (granulation tissue formation and wound contraction), often com-
plicated by recurrent episodes of wound infection, resulting in “pathological” scarring 
that reduces, impairs, or abolishes function, is hypertrophic, dysesthetic, and often 
symptomatic (causing itching and pain). It is this second group that contains those 
burns described clinically as “deep dermal” and “full thickness.”

Physiologically, and from an evolutionary standpoint, the open wound where the 
full thickness (or near full thickness) of the skin has been lost is a major problem for 
the organism as a whole, and the body has two main mechanisms for dealing with it. 
The first is the generation of a vascular tissue composed of blood vessels and loose 
collagen from the wound bed (granulation tissue) to create a layer across which kerat-
inocytes can migrate. The second is the differentiation of a group of fibroblasts within 
that tissue into myofibroblasts that have the capacity to contract, pulling on collagen 
strands as they do so, resulting in wound contraction. The outcome is a smaller wound 
(thus a shorter distance across which epithelialization has to occur) full of vascular 
supportive tissue that will allow such migration to succeed. If the desired outcome is 



632 Advances in Polyurethane Biomaterials

wound closure at any cost (to make an injured animal less likely to be a prey victim the 
next time a predator arrives), then this strategy is effective. However, in humans and 
our societal situation, if the healed wound crosses a major joint reducing or abolishing 
movement, it may prevent or reduce our capacity to work and earn. If on the face,  
it can cause eye-threatening ectropion, oral dysfunction, and such severe dysesthesia 
to result in social withdrawal, depressive illness, and suicide. For this reason, even 
“small” deep burn wounds in the developed world are not allowed to heal sponta-
neously. Extensive deep burn injuries carry another danger. The retention of large vol-
umes of burn eschar (burn-killed tissue) has been intensively investigated. The release 
of lipid–protein complexes from the eschar as it degrades can result in severe toxicity 
with effects on the immune system (one reason why death by Gram-positive, and later 
Gram-negative, sepsis was a common outcome in large burns) and on general organ 
function (leading to multiorgan failure and death). It must be removed, but unless the 
wound can be closed quickly and definitively, it will heal spontaneously by under-
going the same processes described above, namely granulation tissue formation and 
contraction.

While narrow wounds left after linear burn excision might be closed directly by 
pulling the edges together and suturing, and some other small wounds might be closed 
by the use of local tissue flaps or full-thickness skin grafts, the split-skin graft is the 
mainstay of extensive wound closure. The split-skin graft has been in clinical use 
since the third quarter of the nineteenth century. Its survival as a technique for over 
140 years indicates that it is highly effective in closing large wounds. The character-
istics and properties that make it successful can be summed up quite succinctly. It 
is “self” (autologous) and as such elicits no host versus graft reaction to result in its 
rejection. It has an inosculatory capacity for rapid take because its harvest transects 
thousands of blood vessels supplying the papillary dermis and thus (by diffusion) the 
epidermis. New vessel growth (angiogenesis) from the wound bed is stimulated by 
growth factors (VEGF, etc.) from these vessels, directing the new growth toward them. 
This results in “anastomosis” of new vessel to existing graft vessels and a blood sup-
ply far earlier than would be guaranteed by neovascularization (new vessels invading 
a tissue or material where vessels do not already exist) alone. It contains some dermal 
supporting elements, a basement membrane, and an intact epidermis, thus signaling 
early after application that the wound is “closed” and that inflammation can abate. It is 
fiscally “free”—the surgeon does not have to pay for the repair (but the patient does). 
Finally, the donor site heals spontaneously, apparently allowing a deep wound to be 
closed without physiological cost.

Although it remains the workhorse of the burn surgeon, the split-skin graft has 
multiple limitations. These have been largely overlooked because of the advantages 
that the skin graft confers and because no alternative(s) existed. As burn surface area 
increases, available donor site decreases. Eventually the point is reached when, even 
with maximal (reasonable) mechanical expansion, sufficient skin cannot be harvested 
to cover all debrided burn wounds and still achieve an acceptable functional result and 
cosmetic appearance. The number of reharvests from a donor area is finite because 
each harvest (no matter how thin) includes a variable thickness of dermis, which will 
not be replaced when donor site reepithelialization occurs. The surgeon must gauge 
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correctly when a further reharvest will result in a donor wound which will not heal  
spontaneously and promptly. In certain populations (e.g. the elderly), the dermis 
is thinner and donor sites frequently struggle to heal, causing pain with recurrent 
breakdowns and repeated infections. How frequently these limited reharvests can  
occur is dependent on robust reepithelialization, itself a factor of the thickness of the 
harvested graft as well as the thickness of the remaining dermis at the site. It is seldom, 
if ever, that reharvesting can be contemplated within 10 days. With the patient already 
susceptible to infection due to loss of mechanical restriction to pathogen ingress and 
general immune compromise, the donor site extends the area of skin loss and inflicts 
further physiological insult and nutritional demand. The pain generated by the donor 
site often far exceeds that caused by the burn and creates more patient complaint. It 
can be sufficiently severe to delay mobilization and therapy; in the elderly, the pain 
of the donor site alone can “keep them in bed,” which can result in a range of delete-
rious sequelae (such as pneumonia). The use of the split-skin graft does not replace 
“like with like.” Skin grafts are thin (generally between 8 and 14 thousandths of an 
inch) and, when used to replace deep or full-thickness skin loss, cannot confer the 
same degree of robustness to mechanical, thermal, or chemical insult, such that future 
injury requires less insult. Nor does providing a reduced thickness of elastic dermis 
often allow complete restitution of the supple envelope that uninjured skin provides to 
facilitate joint mobility and range. Without underlying dermal support the edge of the 
excised burn, where skin graft meets normal skin, is often depressed and very obvious. 
Because the skin graft contains dermis, a donor site scar (however good) is always 
created since the dermis is not capable of regaining its preinjury architecture.

Some of these issues can be solved, or at least have their urgency delayed, by 
the use of a biodegradable temporizing dermal matrix (BTM), which physiologically, 
but temporarily, closes the debrided burn wound, integrates, and provides “dermal” 
structure in anticipation of later (delayed) application of split-skin graft, cultured epi-
thelial cells, or (eventually) cultured composite skin (CCS). This strategy has been 
fulfilled successfully by animal-sourced collagen templates (such as Integra® dermal 
regeneration template) for many years and has allowed reduction of graft contraction 
and improvement in functional and cosmetic outcomes after split-skin grafting, where 
burn debridement has extended deeply into fat, fascia, or muscle.1,2 In particular, a 
marked cosmetic improvement is observed when widely meshed graft is applied over 
the integrated matrix (compared to the unsightly, wide “chicken-skin” appearance oth-
erwise achieved by applying widely meshed graft on fat). Although a split-skin graft 
donor site is needed to effect permanent closure, this can be acquired serially, buying 
time for surgeon and patient.

Collagen-based dermal matrices are underused globally, mainly because of their pro-
hibitive cost.3 Their biological composition and delayed neovascularization make them 
easy targets for infection.2,4 These factors make the argument for inexpensive synthetic 
alternatives. Additionally, the need for the split-skin graft could be abolished altogether 
if a composite cultured skin could be created using a synthetic biodegradable matrix as 
a scaffold. Since it takes approximately 3 to 4 weeks to create such a composite cultured 
skin,5 with autologous cellular material creating both a dermis and an epidermis in vitro, 
the debrided wound needs to be stabilized to limit contraction and infection.
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A successful skin graft replacement strategy for extensive wound healing must thus 
have two component parts: (1) a material capable of performing the “dermal  integration/
temporary physiological closure” action for up to 4 weeks, and (2) an autologous  
composite cultured skin that can be applied over the integrated first  material when its 
culture is complete to afford permanent wound closure.

22.3   Skin structure and function

The skin is the heaviest organ of the human body, making up about 16% of the dry 
weight. It appears to represent a single organ when viewed macroscopically, but there 
are two components, each completely different from the other and arising from dif-
ferent embryological germ lines (epidermis from ectoderm, dermis from mesoderm). 
The epidermis is cellular. When lost, it can be regenerated by cellular proliferation, 
differentiation, and migration without the formation of scar. The dermis is molecular, 
consisting mainly of collagen and elastin, supported by glycosaminoglycan ground 
substance. When damaged or lost, it can only be repaired by the rapid and “haphazard” 
deposition of new collagen, which subsequently undergoes remodeling to result in 
what we call a scar. Whenever an injury involves the dermis, a scar is inevitable, and 
the more deeply the dermis is injured, the more significant the scar will be in terms of 
its effect on function and appearance.

Of the thickness of skin, the epidermis contributes about 5% and the dermis, 95%. 
Each has its own contributions to function also. The superficially positioned epider-
mis creates a complex keratin/lipid barrier, which restricts water movement both out 
of and into the body through its large surface area (important on such a watery planet 
when our internal enzyme systems, which control life and all of its processes, can 
only function within rigidly controlled ranges of temperature and pH). It also contains 
cellular components (Langerhans cells) capable of stimulating an immune response 
against the pathogenic organisms that live as commensals on the skin and the presence 
of foreign bodies. Other epidermal residents protect the DNA of exposed epidermal 
cells from the ionizing action of ultraviolet radiation from the sun (melanocytes). By 
virtue of its molecular structure, the dermis, which is the key to skin suppleness and 
mobility (allowing movement, respiration, and accommodating specialized conditions 
such as pregnancy), contains the nerve endings that make the skin such an essential 
protective sensory envelope and the blood vessels that allow us to maintain mamma-
lian temperature. Other functions, like the skin’s contribution to our appearance, seem 
less important (until they are deranged by injury or disease).

22.4   The ideal dermal substitute

The ideal dermal substitute obviously needs to integrate into the wound in which it has 
been implanted, by allowing the invasion into it of fibroblasts, other cells, and angio-
genetic vascular buds/vessels from the wound bed. Once established, the fibroblasts 
need to be stable enough to lay down autologous collagen.
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However, to fulfill this task, it requires several other fundamental properties to 
function as a “dermis.”6 Without intrinsic blood vessels, dermal substitutes have no 
innate immunological function. The composition of the substitute must therefore be 
able to resist infection. Secondly, it must be able to survive, persist, and reconstitute a 
 neo-dermal structure even if the wound bed environment is not ideal (be able to with-
stand wound hypoxia). Global market economies vary widely, so the material must 
be simple and thus cost-efficient to produce, otherwise the end-user is unlikely to be 
able to afford the product, and those using alternatives will be less likely to consider 
change. If the production method is simple, the upscaling production to allow wide 
availability and “surge production” for mass casualty incidents will be easily possible 
(another desirable attribute). The substitute must be easy to transport and store (with-
out complex packaging, refrigeration, etc.), and its handling by surgeons should be 
simple in terms of preparing for use, shaping, cutting to size, fixation, and subsequent 
monitoring and, once integrated, its preparation for definitive closure. As a neodermis, 
it must be flexible and possibly mildly elastic, able to resist shear force and offering 
long-term wound stability (not eroding through the surface of the developing scar 
and extruding). It should not be recognized as “foreign” by the recipient’s immune 
system, but be tolerated.

22.4.1   Biodegradable polyurethane suitability as  
a dermal substitute

The high cost, low production, and vulnerability to infection of both biological-based 
dermal matrices and composite cultured skins have created interest in synthetic poly-
mer technology. These fiscal and supply arguments are not the only impetus for this 
exploration, as synthetic polymers have the added advantage of “customized” design 
to enable properties such as molecular elution or fluid absorption to effect better 
wound healing.

Biodegradable polyurethanes are of great interest for medical applications because 
of their variable mechanical properties, biocompatibility, and structural versatil-
ity. They are currently used in bone and cartilage applications, as well as in nerve 
regeneration.

The desirability of a dermal matrix composed of a synthetic material was recognized 
early, but the available materials of the time were not ideal. Despite the potential of 
Poly-Gycolic Acid (PGA)/Poly-Lactic Acid (PLA)-based scaffolds for wound repair, 
the generation of acidic degradation products was postulated to interfere with, rather 
than enhance, the wound healing response by stimulating local inflammation in tis-
sues and initiating enzyme hydrolysis. Biodegradable polyurethanes were identified 
for their orthopedic potential in the 1980s7 and in 2008, Huss and colleagues reported 
on their attempts to modify a commercially available polyurethane matrix, developed 
for orthopedic indications, for use as a dermal matrix.8 Despite encouraging in-growth 
of fibroblasts into the material implanted into cutaneous wounds, and the production of 
procollagen by those fibroblasts, excessive inflammatory responses were observed in 
every subject and the material degradation profile was not ideal for the dermal indica-
tion (50% loss of mass over 6 years!)
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It was clear that this family of polymers had potential but required considerable 
modification. A great deal of work followed. Guelcher and colleagues began charac-
terizing biodegradable polyurethane foams in 2006,9 examined their in vitro biocom-
patibility,10 and demonstrated that the chemistry could be designed to allow the elution 
of important, prohealing factors.11 They have subsequently been pivotal in explaining 
many of the hydrolytic and enzyme-induced reactions, which characterize the degra-
dation products of biodegradable polyurethanes.12 Their demonstration of the atten-
uated and transient inflammatory response combined with controlled degradation to 
noncytotoxic breakdown products has been fundamental in our understanding of our 
clinical observations while using these materials in the development of dermal matri-
ces and other skin wound products in vitro and in vivo in animals and humans.

NovoSorb™ represents a family of novel polyurethanes. A subclass of this  family 
is biodegradable, designed and constructed to degrade by hydrolysis to  naturally 
 occurring and biologically tolerated products. The NovoSorb™ technology was 
invented in 2000 by scientists working for the Molecular Science division of the 
Commonwealth Scientific and Industrial Research Organisation (CSIRO) based in 
 Melbourne, Australia. In 2004, PolyNovo Biomaterials Pty Ltd was formed to develop 
and commercialize NovoSorb™ and its IP portfolio. PolyNovo owns the IP portfolio. 
NovoSorb™ foam biocompatibility has been tested as per the ISO 10993 standard and 
under good laboratory practice conditions.

22.4.1.1   NovoSorb™ biodegradable temporizing matrix

The BTM has been designed to overcome most of the issues encountered during 
the use of dermal matrices of biological origin. The advantages of using  synthetic 
polymers, such as the NovoSorb™ biodegradable polyurethane, as a dermal  scaffold 
are low antigenicity and that they can be manufactured to display specific degra-
dation profiles and desired mechanical properties. They can be constructed to 
degrade by hydrolysis to naturally occurring and biologically tolerated products, 
be enriched with instructional molecules such as growth factors, and be designed to 
elute  antimicrobial and analgesic agents to improve wound healing. Their  chemistry 
is (relatively) simple and uses inexpensive raw materials, allowing rapid mass 
 production, wide availability, and process upscalability. This ensures cost-effective 
production and facilitates lower pricing and thus more widespread use.

The BTM is a totally synthetic bilayer, dermal replacement scaffold for use in 
major burn injury using open-cell foam. The dermal component is a 2 mm-thick foam, 
which biodegrades predominantly by hydrolysis. A nonbiodegradable polyurethane 
film (seal) is bonded to the upper surface and functions as a pseudo-epidermis. The 
bonded seal pseudo-epidermis prevents evaporative water loss (thus minimizing 
wound contraction) and, after integration, is peeled away to expose the vascularized 
foam for skin grafting. The primary aims of this dermal substitute are (1) to temporize 
extensive, surgically debrided wounds while waiting for skin graft donor site recovery 
for delayed split-skin grafting, (2) to allow integration of vascular tissue into the foam 
dermal component to create a neodermis, (3) to sustain split-skin grafting once inte-
grated, and (4) to reduce wound contraction during the remodeling phase.
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Following several years of development and optimization (described below), the 
bonding of the 50 μm-thick polyurethane seal to the matrix prevents early delamina-
tion. The seal resists fragmentation and restricts tissue in-growth to the foam matrix 
only. The integrated, sealed BTM is reliably and consistently well vascularized, flush  
with the wound edge, soft and pliable, and clinically as thick as the surrounding skin. 
The seal delaminates easily by gentle teasing and separates with a “Velcro™-like” 
action, leaving vascularized tissue below. During delamination, the superficial sur-
face of the polymer separates below the level of the bond, allowing the exposed poly-
mer on the superficial surface of the neodermis to retract back into the tissue. This 
ensures that all of the seal and the bond are removed during delamination, leaving 
a partially refreshed wound bed, requiring minimal abrasion to refresh the surface.

The NovoSorb™ biodegradable polyurethane has been designed to maintain phys-
ical strength and structure until 3 months postapplication. After this time point, pro-
gressive hydrolysis of the material results in matrix degradation and absorption.

BTM is solely constructed from polymeric components using commercially avail-
able chemicals and using processing techniques that are common in general industry. 
Thanks to these features, BTM can be produced in large quantities for relatively low 
cost, making the device highly suitable for global, not just “First World,” use. The 
maximum size of the device is limited only by commercially available equipment and 
would be sufficiently large to cover the entire back of a patient, limiting the number 
of “seams” required. In terms of storage, BTM is terminally sterilized by gamma 
irradiation; it is dry-packed and can be stored at ambient temperature. The BTM has a 
minimum 3 year shelf life.

The BTM has been demonstrated in humans to resist spontaneous delamination  
up to 49 days postapplication (although the bonding method is expected to maintain 
the seal lamina for longer).

22.4.1.2   Cultured composite skin

In current practice, deep burns extending to >50% TBSA are excised in the initial 
operation, but are then serially “grafted” or “closed” over many weeks. This is due to 
a number of reasons including burn site, patient stability, surgeon desire to minimize 
early iatrogenic physiological insult, etc. The prime reason, however, is a paucity of 
skin graft donor site. This “delay” in time to closure provides the opportunity to seri-
ally cultivate CCSs, ensuring that 100% TBSA coverage can be achieved if necessary.

The CCS takes 21–28 days to produce and can be applied from its time of read-
iness. Since its cellular components are produced from a small sample of unburned 
skin from the individual, the rate of production of sufficient CCS for complete cover-
age depends on the size of the biopsy of unburned tissue that can be harvested.

A 20 × 20 cm biopsy harvested from unburned skin can create coverage of the 
entire TBSA of a human in 21–28 days, depending on the structural maturity 
required.

Once the CCS is applied, robust epithelialization has been observed as early as 
7 days later. Extrapolating from this, an extensive deep burn victim (e.g., 80% TBSA) 
could be in the acute care hospital for as little as 5–6 weeks using the outlined two-stage 
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strategy, beginning physiotherapy as soon as the BTM is immovably adhered (at 
approximately 14 days) up to the CCS application (21–28 days), recommencing after 
CCS take at 31–38 days until discharge.

22.5   Development history of NovoSorb™ biodegradable 
temporizing dermal matrix for major burn injury

The introduction of a product designed for implantation into humans requires a com-
prehensive development program, structured to address issues of potential toxicity, 
safety, and efficacy in vitro, followed by preclinical in vivo testing in appropriate 
animal models. Only after safety and efficacy are established, can human trials be 
considered. Since the employment of the NovoSorb™ biodegradable polyurethane 
platform was entirely novel in both material and concept, we followed this strategy. 
All trial proposals were submitted to, and approved by, the relevant Animal or Human 
Research Ethics Committee.

22.5.1   In vitro degradation rates and evaluation of toxicity  
of the biodegradable polyurethane matrix

From the outset it was necessary that any biodegradable polyurethane intended for use 
as a dermal substitute would need to be nontoxic to cells (noncytotoxic) and support the 
growth of fibroblasts (and their production of collagen) and keratinocytes.13 Ultimately, 
in the wound, the matrix would need to sustain blood vessel in-growth to supply the 
overlying skin-grafted epidermis with nutrients, oxygen, immune cells, and factors, 
and transport out the toxic by-products of cellular respiration. Therefore, microvascular 
endothelial cells (MVECs) would also need to thrive in the presence of BTM.

The structure of NovoSorb™ gives it the inherent capacity to completely biode-
grade by hydrolysis over variable time periods, dependent on the strategic chemical 
placement of the degradable chain extenders in the urethane structure. Therefore, 70 
NovoSorb™ variants were initially synthesized, three of which were chosen as poten-
tial BTM prototypes (BTM-1, -2, and -3). At this time, we could not predict how long 
each of these would take to biodegrade in vivo.

Two initial forms of each of these polymers were created. The first were 60- to 
100-μm-diameter cured polymer fibrils of 10 cm length wound around two parallel 
rods spaced 1 cm in a “figure of eight” conformation and tied in the center to form 
bundles.

Secondly flat, nonporous films of the three polymers were created by curing them 
between two glass plates. From these films, 1-cm-diameter discs were cut and placed 
into tissue culture plates.

To test in vitro degradation rates, bundles were incubated in suitable media in indi-
vidual glass vials. At various time points the degradation rate of each prototype was 
assessed by molecular mass (Mn) measurement through gel permeation chromatog-
raphy. Qualitative observations on physical shape such as fiber breaks or changes in 
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the bundle shape were also recorded. BTM-1 degraded most rapidly, losing more than 
50% of its molecular mass after 7 days, becoming soft and fragile by 3 weeks; BTM-2 
lost 50% of its molecular mass around 90 days and approximately 90% by 6 months. 
BTM-3 had only lost approximately 30% of its molecular mass by the end of 6 months.

BTM-2 appeared therefore to possess the degradation profile in vitro that, if repli-
cated in vivo, would be most appropriate for a scaffold sustaining dermal repair, which 
can maintain its cellular integrity until split-skin grafts have taken and then biodegrade 
as the scar matures.

With regard to cytotoxicity in vitro, BTM fibers from all three prototypes were 
cultured in suitable media with human fibroblasts, keratinocytes, and MVECs, which, 
in comparison to control cultures in the absence of polymer and also cultures in the 
presence of commercially available polypropylene or poliglecaprone sutures, exerted 
minimal cytotoxic effects to all three cell types, allowing comparable rates of cell pop-
ulation growth. BTM-1 fibers were noted to become fragile after 3–4 days; however, 
BTM-2 and BTM-3 fibers remained firm and intact.

Culture of the cell types on the nonporous discs demonstrated a comparable rate 
of dermal fibroblast growth on BTM-2 and BTM-3, but not on BTM-1 where a fail-
ure to replicate was noted. Keratinocytes exhibited limited growth and MVECs were 
scattered and spindle shaped, unlike their more rounded counterparts in the negative 
control cultures.

22.5.2   Early in vivo implantation

BTM bundles were implanted under the skin of rats for 24 weeks. Commercially avail-
able polypropylene and poliglecaprone sutures were also implanted for comparison. 
None of the rats exhibited behavioral changes, gaining weight and thriving alongside 
controls. Blood tests at all time points revealed no abnormalities and, at necropsy, no 
organ damage was identified. Implanted NovoSorb™ caused no apparent adverse sys-
temic effect and no adverse local reactions were observed in any of the rats. BTM-1 
was undetectable at 3 weeks, with BTM-2 becoming more difficult to discern macro-
scopically by 12 and 24 weeks. BTM-3 was located at weeks 3 and 6, in most rats at 
week 12, and in one rat at week 24.

BTM-2 possessed the appropriate degradation rates combined with a minimal cyto-
toxicity profile in vitro and exhibited comparable degradation rates with no local or 
systemic adverse reactions in vivo. A third formulation of a 6-layered 0.65 mm-thick 
spun-weaved mat of BTM-2 fibers was then created for further assessment of cytotox-
icity and ability to sustain human fibroblast, keratinocyte, and MVEC growth in vitro, 
and implantation as a dermal matrix in surgically created cutaneous wounds in sheep 
in vivo. In vitro, fibroblast population growth continued along the time period over 
30 days, migrating along the fibers and filling the smaller interstices of the mat. Stain-
ing for collagen confirmed production by the fibroblasts. MVECs grew along fibers 
over 7 days, surrounding them and forming blood vessel-like structures. Limited kera-
tinocyte growth was observed when cultured in BTM-2; however, when seeded on a 
fibroblast/BTM-2 composite culture, a keratinocyte monolayer was generated illus-
trating the potential for an epithelialized CCS substitute.
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Four full-thickness wounds were created surgically in each of six sheep. Two were 
implanted with the BTM-2 spun mats secured with sutures. Integra® dermal regenera-
tion template was implanted in another. The fourth was left to heal without reconstruc-
tion, by “secondary intention,” that is, migration of fibroblasts, deposition of collagen 
and angiogenesis (new growth of blood vessels) from the wound bed, myofibroblast 
differentiation, and induction of wound contraction with keratinocyte migration from 
the wound edges. All wounds had healed by epithelialization by Day 29. Over this 
period, both the BTM and the Integra®-implanted wounds contracted to a similar 
degree to each other, but to a lesser extent than the control wounds.

Histological examination of the BTM specimens at necropsy confirmed the pres-
ence of epithelioid macrophages (scavenger immune cells) and multinucleate giant 
cells exhibiting a granulomatous “foreign-body” reaction around the dermal BTM 
fibers; however, most of the fibers were in the subcutis. The dermis was composed prin-
cipally of reparative collagenous connective tissue with capillary blood vessels. Some 
fibers had migrated to be found superficial to the epithelium, suggesting expulsion.  
A basement membrane was established between the epithelium and the fibrotic dermal 
tissue. Like Integra®, BTM-2 had resisted wound contraction and allowed controlled 
development of dermal granulation tissue. It was unclear at this stage whether the 
BTM had integrated to create a dermal-like structure and biodegraded, or had formed 
a base onto which a dermal “scar” could form with overlying epithelium. However, 
it did provide evidence that BTM-2 implanted in vivo supported functional  cellular 
proliferation, that is, fibroblast proliferation with collagen production, keratinocyte 
 proliferation with epithelium and basement membrane formation, and angiogenesis.

22.5.2.1   Change in implant structure and preclinical  
in vivo animal model

The spun mat was not ideal, given its thin and dense structure and its tendency for 
fiber expulsion in vivo. To create a 2 mm-thick implant, for example, would require 
a weave of considerable amounts of polymer material (40 layers), which would be 
 time-consuming and expensive to manufacture and upscale and would produce a dense 
product that would generate large amounts of degradation by-products. An alternative 
scaffold design was sought for NovoSorb™ BTM-2 (hereinafter referred to as simply 
NovoSorb™).14 An open-cell foam was manufactured. This allowed for more control 
of pore size (cell size) and was less dense (requiring less polymer/volume and degrad-
ing into smaller volume of breakdown products), thus less costly and safer in theory.

The porcine model used to test this foam became the standard animal model for all 
subsequent preclinical testing. Under general anesthetic, four 8 × 8 cm full-thickness 
wounds were excised from the backs of pigs. To compare the degree of contraction 
and integration of the spun mat against the new 1 mm-thick NovoSorb™ foam, they 
were implanted into such wounds. All foam and spun mat matrices integrated. The 
foam matrices were found to be more robust and permitted less wound contraction 
than the spun mats from Day 12 onward.

Histology confirmed that the mat allowed wound bed proliferation to extend through 
it, to create a dense scar tissue layer superficially. Within the foam cells, however, 
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proliferation took the form of loose irregular collagen deposition with few fibroblasts. 
The mat showed no evidence of degradation at 3 months whereas the foam had appre-
ciably started to degrade, with no polymer visible by 5 and 6 months. It was postulated 
that polymer hydrolysis had been facilitated by the large surface area afforded by the 
cell walls and lower density of the foam, compared with the mat.

22.5.2.2   In vivo use of NovoSorb™ foam in an animal model  
with immediate or delayed skin graft

Wounds were either implanted with skin graft alone, with the 1 mm-thick NovoSorb™ 
foam with immediate skin graft applied, or foam alone with delayed skin graft applied 
at 11, 14, or 18 days postsurgery (depending on appearance of integration).14

Immediate skin graft took completely over 1 mm-thick foam NovoSorb™ in 
three of six animals; 40% surface area take in two of six; and complete failure in one 
pig. This complete failure may have been artifact due to technical problems using a 
mechanical dermatome to harvest skin graft when a manual skin graft knife was used 
for the others, harvesting grafts of far better quality.

Of the BTMs skin grafted at Day 11 (four subjects), delayed skin grafts took com-
pletely in two pigs, and failed completely in one. Although one other graft failed, 
enough viable keratinocytes had “seeded” the integrated foam to then proliferate to 
reepithelialization.

Graft take of 60% was observed on the BTM skin grafted at Day 11 postimplanta-
tion and that grafted at Day 18 took completely.

Macroscopically, the immediate and delayed grafts onto polymer were notably 
flush with the surrounding wound edges. They were thick and supple and robust, 
resembling normal skin more than the depressed appearance of the skin graft to wound 
alone group.

On histological analysis, both the delayed and the immediate graft over polymer groups 
developed well-vascularized subepidermal scar tissue 0.6–1 mm thick over 4–5 weeks 
(allowing 17 days post-delayed skin grafting before analysis). Similar to the early results, 
foreign-body reaction was seen with giant cells, eosinophils, and scant lymphocytes. The 
control area (immediate graft on wound) created a subepidermal scar layer 0.6 mm thick. 
The tissue within the polymer did not have the dense, linear, fibroblast-rich scar tissue 
appearance but remained loose, irregular, fibroblast-poor, and edematous.

Mean wound area assessment of the treatment groups showed that immediate skin 
graft alone contracted less (7.12% surface area contraction) than both the immediate 
and the delayed graft over polymer treatment groups (21.63% and 37.57%, respec-
tively). Examination of the curve over time suggests that for the delayed group, wound 
contraction appreciably stopped on application of the skin graft.

22.5.2.3   In vivo preclinical model trial against a collagen matrix

To address this issue of wound contraction, a 30-μm-thick biodegradable, microporous 
polyurethane membrane was bonded to the superficial surface of a new 2 mm-thick 
foam matrix. This was intended to “seal” the foam, acting as a barrier to the develop-
ment of linear collagen fibers on the surface before application of the skin graft, which 
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might have contributed to the contraction seen in the above studies, prior to delayed 
skin graft application.15 This bilayer structure is hereafter referred to as “sealed BTM.” 
The original unsealed foam is referred to as unsealed BTM.

Four wounds were created on each of six pigs as above. The four treatment arms 
were Integra® dermal regeneration template, sealed BTM, unsealed BTM, and sec-
ondary intention. The study period was 28 days.

Wounds receiving the collagen matrix, in five of the six pigs, demonstrated that the 
silicone epidermis lifted prematurely or required partial excision due to the presence of 
a yellow, subsilicone collection by Day 14. In four of the pigs, complete spontaneous 
removal (delamination) of any remaining seal had occurred between Day 7 and Day 
14, in the other two by Day 21. The underlying matrix was lost to apparent infection 
in one pig. Following delamination marked wound contraction continued to Day 28, 
whether the matrix had been lost or not. The wound surface areas contracted by a mean 
of 55.6%.

No infection was noted in the matrix of the sealed BTM treatment arm. Although 
some of the sealed BTMs sheared from the wound at an early stage, they were stapled 
back into position and integrated over 7 days. Over time the seal fragmented and was 
completely lost in five of six wounds, and the remainder was easily removed (delam-
inated) at Day 28. Despite this loss of the seal, however, the sealed BTM wounds 
underwent the least wound contraction over 28 days of the four treatment arms (mean 
contraction of 23.4%, significantly less than the collagen matrix group, P < 0.0001).

The unsealed BTM and secondary intention treatment arms granulated and con-
tracted without any clinical evidence of infection, consistent with previous observa-
tions. The unsealed BTM wounds contracted by a mean of 44.6% surface area at 
28 days (significantly less than the collagen matrix treatment arm, P = 0.01), and the 
secondary intention wounds contracted by a mean of 59.0% surface area.

The three treatment groups had similar histological characteristics, scar layer above 
the implant with a granulomatous reaction with multinucleate giant cells and epithelioid 
macrophages. Granulation tissue was seen to penetrate the gaps in the sealing membrane 
of the BTM polymer, with a thin superficial scar under the remaining membrane.

This reduction in the thickness of the scar under the seal might have contributed 
to the reduction in wound contraction compared to the other treatment arms in the 
trial. The presence of a seal seems to reduce contraction, either by acting as a physical 
barrier to overlying scar formation or by preventing evaporative water loss, thereby 
physiologically closing the wound and reducing the stimulus for scar formation.

22.6   Proof of concept of cultured composite skin on 
biodegradable temporizing dermal matrix

The overall strategy for retiring the skin graft requires the stable and reproducible cul-
ture of recreated epithelium and neodermis in vitro by serially seeding a 1 mm-thick 
layer of NovoSorb™ with autologous fibroblasts (into the matrix) and keratinocytes 
(on its superficial surface). Once created, the CCS was implanted onto an integrated, 
delaminated BTM in the wound. Proof of this concept could herald an entirely new 
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approach to large wounds such as those seen following debridement of severe burns. 
This was tested in the described pig model.16

Autologous keratinocytes and fibroblasts were extracted from a split-skin graft 
from the pig. These were cultured in vitro. The 1 mm unsealed matrices were soaked in 
plasma before the addition of thrombin with the fibroblasts to create a gel in the matrix, 
thereby preventing the cells from falling through the foam to waste. These  composite 
gels were cultured and keratinocytes added to the surface again in a  thrombin solution. 
The composite skin was then cultured until application to integrated BTMs in wounds 
on the same animal at 28 days postwound creation/BTM implantation/Split Skin Graft 
(SSG) harvest (Figure 22.1(a–c)).

Sealed, 2 mm-thick BTMs were applied with delamination scheduled for 28 days; 
however, spontaneous delamination and fragmentation were noted in several sites. 
Only two sites maintained a seal that could be delaminated by Day 28. The wounds 
contracted to 50% their original size. CCS was applied to delaminated BTMs to test 

Figure 22.1 (a) Light micrograph demonstrating fibroblast and collagen filling of a matrix 
pore. Coseeded keratinocytes can be seen in the upper right corner. (b) Hematoxylin and 
eosin-stained section of composite cultured skin development. The final result is a bilayered 
skin inside each polymer foam pore. (c) The same section as in (b), stained with anti-bovine 
keratin antibodies, to confirm that the keratinocytes and fibroblasts had adopted layers within 
the polymer pores.
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for proof of concept and also applied to wounds without BTM present. Split-skin graft 
was applied directly to the other integrated BTM wounds and subsequently took.

By Day 7 postapplication, it appeared that the CCS had not taken in four wounds; 
however, on removal there appeared to be a small amount of residual foam on the 
surface, apparently from adherence of the deeper component of the CCS. The other 
two wounds had taken, showing vascularization and integration by Day 10 with fur-
ther consolidation through to Day 14. Histological analysis confirmed the presence of 
a well-defined epithelium with a thick keratinized layer and a basement membrane. 
There were areas where the 1 mm-thick CCS had not integrated and may have been 
shed, seeding cells onto the integrated, delaminated BTM, thus acting as a delivery 
vehicle. Areas of partial integration were also seen.

CCS was also applied to wounds without previously implanted BTM. This also 
confirmed the above findings that the 1 mm CCS can act as a cell delivery vehicle to 
seed the wound with keratinocytes and develop an epithelium, and it can take as a 
composite implant with a neoepithelium within the foam.

This successfully proved the concept of the CCS strategy. The next focus, however, 
was to optimize the seal to avoid fragmentation, thereby reducing scar tissue forma-
tion on the surface to prevent wound contraction.

22.6.1   Optimizing the seal

Ten variants of BTM seals were tested in a total of 44 pig wounds.5 The seals had 
thicknesses ranging from 50 to 150 μm, some perforated, some nonperforated. A com-
mercially available seal was tested, and seal-to-matrix bonding methods were also 
evaluated.

The 50- and 100-μm-thick seals were easy to apply, compared to the stiffer 150 μm 
seal. The commercial seal (Tegaderm™; 3M Health Care, St. Paul, MN) was tested 
and bonded by two different techniques. These spontaneously delaminated by Day 7 
and were abandoned.

Analysis of all the seal data suggested that neither the thickness of the seal nor 
the presence of perforation appeared to influence wound contraction; however, the 
type of bond consistently affected whether early delamination occurred followed by 
unacceptable degrees of wound contraction. In other words, if the seal remains intact, 
and bonded to the matrix without spontaneous delamination, then wound contraction 
is minimized.

The resultant optimized BTM with the new seal-to-matrix bonding method and 
a nonbiodegradable 50 μm seal was then tested with application of CCS. During the 
culture/BTM integration phase all the seals remained intact with no signs of sponta-
neous delamination until surgical removal at Day 21 with a mean wound surface area 
of 95.5% of original size (Figure 22.2). By Day 21, in the CCS in culture, the majority 
of the keratinocytes were present in the deeper levels of the 1 mm matrix. Following 
application of the CCS onto the integrated, delaminated BTM, CCS take onto the 
BTM was variable. By Day 10 postapplication, most of the CCS foam was sitting in a 
hyperkeratotic layer external to a well-developed epidermis with an underlying base-
ment membrane (Figure 22.3). By Day 35 postapplication, some CCS had become 



Figure 22.2 Serial progression of integration of the optimized BTM from application at Day 0 
to Day 21 postsurgery.

Figure 22.3 Close-ups of the CCS dermo-epidermal junction with periodic acid Schiff (PAS) 
staining. A basement membrane can be seen as a continuous purple line at both Day 7 and 
Day 10 (white arrows).
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incorporated, but the majority had been “shed” leaving a robust underlying epidermis 
(Figure 22.4). These clinical findings were confirmed on histology, and support the 
concept of the CCS acting as a cell-delivery vehicle resulting in a stable epidermis 
(Figure 22.5). Wound surface area was 81% of original size by Day 52 and the new 
skin was thick and flush with the surrounding edge.

Control wounds that had healed by secondary intention showed epithelialization 
from the wound margins, differing in nature from the CCS epithelialization, which 
occurred in islands throughout the surface of the wound, and coalesced to form a 

Figure 22.4 Removal of polyurethane seal from the integrated BTM at Day 21 of Figure 22.2, 
application and fixation of the polyurethane-based CCS, and the development of a stratified 
squamous epithelium (up to Day 49 postwounding) resulting in wound healing.
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stable epithelium. Secondary intention wound surface area at Day 52 was 36% of the 
size at wound creation.

Wounds healing by secondary intention contract. In pigs, this is to 36% of original 
size by Day 52. The compound effect of this unopposed contraction over large surface 
areas can, at best, lead to reduced joint movement and surgery to release these joints 
and at worst can be profoundly debilitating and result in amputation of distal parts. 
Therefore the importance of early skin grafting has always been to prevent such poor 
outcomes. The absence of available donor sites, as in very large burns, means that 
multiple harvests from the same areas may be required to reconstruct. This imposes a 
time period during which these donor sites need to reepithelialize prior to reharvest.

The above studies demonstrate that temporizing such wounds using the sealed 
BTM is able to reduce contraction rates and that the polymer is noncytotoxic and can 
support fibroblast, keratinocyte, and blood vessel proliferation to create functional 
tissue. Optimizing the seal and bond had further reduced wound contracture rates.

Historically, using cultured or sprayed-on epithelial autograft to create stable 
robust epithelium on large wounds has been expensive and unpredictable in its out-
come. The lack of dermal support results in friable, unstable cover that shears readily 
and allows wound contraction. By culturing autologous skin in vitro, the CCS can 
reduce the morbidity of extensive skin graft harvest and create a stable wound recon-
struction with minimal contraction in extensive wounds. The work described above 
demonstrates proof of concept that CCS can be cultured in vitro and can be applied to 
integrated, delaminated BTM, and can take and/or deliver cells to the wound to result 

Figure 22.5 Hematoxylin and eosin-stained punch biopsies of the wound with CCS applied at 
Day 7 and Day 10. The integrated BTM can be seen toward the lower pole of the core biopsy. 
At Day 7, the CCS has visibly deposited its cellular component to create a stratified squamous 
epithelium. By Day 10, the CCS polymer is extruded, leaving a healed wound deep to it.
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in a robust, thick, and flush composite wound reconstruction. Although it was not the 
investigators’ concept for the CCS to perform as a cell delivery method (as opposed 
to solely a composite layer that takes on the BTM), the discovery that it functions as 
both to provide the desired outcome is serendipitous.

22.7   Human trials
22.7.1   Short-term implantation

As described above, NovoSorb™ had been tested for local and systemic tolerance 
for up to 6 months in rats and up to 5 months in pigs and complied with a range of 
independent safety tests (ISO 10993) in rats to 6 months. We felt it prudent to proceed 
to human implantation by exposing human wounds to the polymer for a short-term 
period, removing it before it biodegraded.17 This would enable us to assess any local 
adverse reactions, tissue hypersensitivity, or systemic reactions, such as anaphylaxis, 
reserving the ability to remove the dressing before it had become integrated.

Pressure (or decubitus) ulcers afflict many patients with spinal injuries, congenital 
spinal malformations and paraplegia, the elderly, or those who are chronically unwell, 
immobile, and/or have poor nutritional status. Common pressure areas that tend to 
ulcerate include the skin over the sacrum (the bony area you lie on), the ischial tuber-
osities (the bony prominences you “sit on” at the top of the thighs), and the backs of 
the heels. Prolonged pressure, combined with shear stress, moisture, and contamina-
tion from bladder or bowel incontinence, and poor healing reserve, all contribute to 
their formation and progression to create deep wounds, through fat to the bony prom-
inence itself. With all reversible factors addressed (e.g., nutrition, pressure relieving 
mattresses and cushions, regular turning to allow blood flow to pressure areas) the 
surgical mainstay of management is debridement of the necrotic tissue in the ulcer. 
This converts a chronic ulcer into an acute wound.

Negative pressure wound therapy (NPWT) dressings can then be applied. These 
commonly consist of a nonbiodegradable open-cell polyurethane foam, cut to size 
to fit snugly in the wound cavity, which is covered in an airtight occlusive dress-
ing and connected via tubing to a vacuum pump draining to a waste canister. This 
dressing seals the wound from surrounding contaminants; the vacuum transmit-
ted through the foam to the wound interface draws out tissue fluid and therefore 
reduces edema and inflammation, increases blood supply and granulation to the 
area, and reduces bacterial load. There is also a shrinking force applied to the 
wound cavity, which reduces the volume over weeks and months, with regular 
dressing changes (every 2 or 3 days) to subsequently smaller foam pieces. In some 
cases, NPWT can be used until the wound fills in with granulation tissue and 
shrinks to a point where epithelialization can occur to heal by secondary intention. 
Therefore since 1995, NPWT has revolutionized pressure ulcer management. The 
marginal invasion of granulation tissue into the pores of the foam at the wound 
interface can cause problems however. When the dressing is removed this tearing 
of granulation tissue can cause bleeding and fragments of the foam can become 
retained and become a nidus for infection.
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The use of 3-cm-thick blocks of NovoSorb™ foam (NovoPore™) as an NPWT 
foam interface for pressure ulcers, changed every 2–3 days for 8 weeks, seemed 
a suitable model that might benefit the patient. The aim was to assess whether the 
NovoSorb™ would be tolerated by patients in the short term, and whether being 
an open-cell foam it would effectively function as an NPWT foam. A randomized 
control trial of NovoPore™ against the market leading foam (Granufoam™, Kinetic 
 Concepts Inc., San Antonio, TX) was performed, using their Vacuum Assisted Closure 
dressings and device for both treatment arms. Twenty pressure ulcers in 16 patients 
were recruited (10 ulcers per treatment arm). Each ulcer had surgical debridement 
and cavity measurements taken prior to allocation to either foam in theater. Following 
application of the foam and device, the patient had the foam dressed in the community 
by a dedicated trial nurse every 2–3 days with measurements and photographs taken 
at dressing changes for a total of 8 weeks or until complete healing, whichever came 
first. Following this period of data accrual, patients were continued with NPWT using 
Granufoam™, converted to “conventional” dressings, or reconstructed using flap sur-
gery, depending on indication and patient choice. Qualitative data on handling and 
dressing changes were collected. Quantitative data consisted of wound measurement.

No systemic or local reaction was noted in either the NovoPore™ or the  
Granufoam™ cohorts. NovoPore was initially reported as being more difficult to shape 
than Granufoam™; however, this became easier with increasing familiarity. Dressing 
changes were more traumatic with Granufoam™ than NovoPore™. Eighty percent 
of Granufoam™ changes in ischial wounds were described as “difficult” and were 
accompanied with bleeding and fragmentation. All of the NovoPore™ changes were 
classed as “easy,” with no episodes of bleeding or trauma on removal. Granufoam™ 
fragmented on withdrawal on 21/69 dressing change episodes, whereas NovoPore™ 
fragmented in 14/72 changes. One retained fragment of NovoPore™ was easily washed 
out of the wound with saline whereas four retained fragments of Granufoam™ needed 
sharp excision, three of which led to infection in the following few days. Wounds 
dressed with NovoPore™ reduced in size to a similar degree to wounds dressed with 
Granufoam™, suggesting equivalence in efficacy to transmit the benefits of NPWT.

This trial supported the early biocompatibility of the NovoSorb™ polyurethane, 
and its efficacy as an NPWT interface, in the NovoPore™ form. Larger numbers 
would need to be recruited to assess whether our findings of atraumatic dressing 
changes without bleeding, or the need for sharp excision of fragments, or infective 
complications extrapolate to wider use.

22.7.2   Long-term implantation of biodegradable temporizing 
dermal matrix with delayed split-skin grafting

With short-term biocompatibility confirmed, a trial of long-term implantation in small, 
controlled wounds was designed. Complex cancer excisions result in deep defects 
requiring reconstruction using autologous free tissue transfer (free flap reconstruc-
tion). The tissue to be transferred is chosen for its composition to meet a reconstructive 
purpose and commonly is harvested from one of three places: the distal forearm on  
the palmar side (forearm flap—skin, fat, and fascia), the outside of the lower leg  
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(fibula flap—skin, fat, fascia, and fibula bone), or the outside of the thigh (anterolat-
eral thigh flap—skin, fat, and fascia). Typical defects requiring reconstruction after 
 excision of cancer include the tongue (forearm flap), the jawbone and floor of mouth 
(fibula flap), and the cheekbone (anterolateral thigh flap). This tissue is shaped and 
inset into the defect and the blood vessels anastomosed to local vessels using micro-
vascular surgical techniques to contribute a blood supply to the flap in its new position.

Once transferred the flap leaves behind a deep, complex donor site with muscles 
and tendons in its base, but small and controlled enough to safely test the first human 
long-term implantation, without removal of the sealed BTM and assuming complete 
biodegradation.18 Ten patients were recruited and their donor sites implanted with 
sealed BTM (three anterolateral thigh flaps, three fibula flaps, four forearm flaps). 
Delamination and split-skin graft over integrated BTM were performed at a second 
operation following integration as judged by appearance. Photographs were taken at 
implantation and at every dressing change along with wound surface area measure-
ments. After 1 year postimplantation, a physiotherapist objectively scored the scars.

Several discoveries were made in the course of this study. No local or systemic 
adverse reactions were noted attributable to the BTM. The BTM successfully inte-
grated into the large majority of areas and sustained enduring split-skin graft take 
(Figure 22.6). Matured skin graft over the year’s study period and onward has been 
stable, robust, and flush with the surrounding skin, with high patient satisfaction 
and no detriment to distal hand/foot function or sensibility. Integration in these 
complex wounds takes between 3 and 6 weeks depending on the general health of 
the patient, their capacity to heal, and whether there is underlying tendon (which 
takes longer).

In some patients, however, the nonperforated seal prevented exudate fluid collec-
tions from escaping, which collected under the seal, and within the matrix and caused 
small areas of delamination and failure of integration. These collections could become 
secondarily infected at 2–3 weeks postimplantation, indicating partial seal removal to 
allow drainage (Figure 22.7). No systemic infection was noted, and the infections (in 
three patients) did not require extensive excision of the matrix. They were treated with 
topical antimicrobial dressings and ultimately skin-grafted with flush, robust results 
as above (Figure 22.8). Wound contraction varied depending on donor site, with the 
greatest contraction seen in forearm wounds with considerably more in those that 
had been delaminated prematurely (42% of original size). This was to be expected 
given our preclinical findings. Wound contraction stabilized between 80 and 100 days 
postimplantation.

Technically, removal of the seal was piecemeal, and thus slow, in all cases and 
such a lengthy process is inadvisable and undesirable in major burn reconstruction. 
Fenestration (perforation) of the seal was indicated. This would allow fluid egress 
out through the implant and prevent subseal collections. Reformulation of the seal 
and bond, to prevent piecemeal fragmentation on removal, was also indicated before 
continuing human use.

A new seal structure and bond were developed and a new BTM was trialed in the 
pig model as described before further human application. In pigs, delamination at 
Day 28 occurred reliably in one piece, removing a fine layer of underlying matrix.5 
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Histological analysis of a punch biopsy prior to delamination revealed seal/matrix 
adherence with no significant development of a scar layer between the seal and the 
polymer matrix. Wound size at Day 28 was 82% of original size, the least wound con-
traction observed thus far in trials of BTM in pig wounds.

A second cohort of 10 fibular (2) and forearm (8) free flap patients was recruited, 
under the Therapeutic Goods and Administration status as approved prescribers of an 
unapproved product. The seal of this new, optimized BTM was hand fenestrated with 
a scalpel prior to implantation inset at the time of free flap harvest as before.19 One 

Figure 22.6 The BTM applied into an ulnar forearm free flap donor site and allowed to 
 integrate. Delamination occurred at Day 36 and split-skin graft was applied. Complete graft 
take occurred with an excellent result at Day 301.
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patient suffered a catastrophic vascular complication of his head/neck surgery and did 
not survive to delamination. In the other nine, delamination occurred in one piece in a 
single action. All skin grafts took without loss or complication and no subseal collec-
tions were noted (Figures 22.9 and 22.10).

Figure 22.7 Seal prevented fluid escape in one patient causing infection in the foam by 
Day 14. With strips of seal removed and the wound treated with antimicrobial dressings, the 
 infection subsided and the material integrated. Residual seal removed at Day 35, graft applied, 
and successful take.

Day 236Day 236

Figure 22.8 The infection did not impact on the long-term result.
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All of the other patients currently have mature, flush, robust wound reconstruc-
tions. The fibular flap donor site repairs demonstrated “expansion” of wound area 
within a few days of BTM implantation, which subsequently reversed. By 1 year 
postimplantation, the wound areas were almost the same as when the wounds were 
created (Patient 1: Day 0, 59.4 cm2, Day 367, 60.8 cm2; Patient 3: Day 0, 28.1 cm2, 
Day 391, 29.1 cm2). The radial forearm flap reconstructions demonstrated negligi-
ble contraction in wound surface area during the 4–5 week integration phase, while 

Figure 22.9 Patient 5 from the subsequent free flap cohort. Initial wound and long-term result.

Figure 22.10 Patient 9 from the subsequent free flap cohort. Initial wound and long-term result.
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the BTM seal was in situ (mean wound area as a percentage of original = 99.01%). 
Delamination and grafting resulted in a mean scar area 70.66% of the original wound 
when persisting for ≥1 year. Therapist scoring revealed scar results that were much 
closer to normal skin than those in the pilot trial. The positive effects of fenestration in 
the previous study led to this step now being included in the manufacturing process. 
BTM is now offered as a therapeutic option in free flap donor site reconstruction.

22.8   The first use of biodegradable temporizing dermal 
matrix in moderate to severe burn repair

Long-term implantation in smaller wounds has not demonstrated local or systemic, 
immediate or long-term adverse reactions. A five patient prospective pilot study in 
major burns was thus designed. Inclusion criteria included adults between 18 and 
70 years of age presenting with 20–50% TBSA full-thickness burns, which may be on 
the background of a larger TBSA superficial burns.

Once physiologically stable, debrided burn wounds were implanted with the opti-
mized, perforated, sealed BTM using staples and overdressed with antimicrobial 
materials.

Twice weekly dressing changes were performed, while awaiting donor site reepi-
thelialization for further SSG harvest. During this time the BTM integrated, becom-
ing vascularized and populated with fibroblasts. Once integrated, it was delaminated, 
refreshed by dermabrasion, meshed SSG was applied and dressed. Dressings were 
changed with graft check at 4 days, and then twice weekly to healing.

Photographic records were taken at every intervention. Punch biopsy specimens 
of representative areas were taken at intervals for histological analysis. Formal scar 
assessment was performed at 1 year by a physiotherapist.

Three of five patients have been recruited and treated at the time of writing.
Patient 1: A 48-year-old male with 73% TBSA burns, 37% full thickness (Figure 

22.11). Day 2, the posterior trunk had SSG applied while BTM was implanted to the 
dorsum of both hands, bilateral circumferential forearms and arms, posterior right 
thigh, and posterior left calf (22% TBSA, Figure 22.12). On Day 5, feces had leaked 
onto a 5 × 2 cm superior edge of the BTM on the posterior right thigh, which was 
excised to prevent infection. All of the remaining BTM integrated (Figure 22.13). 
BTM SSG application was staged to allow donor site recovery—the left upper limb 
at Day 37 postimplantation, the right upper limb and calf at Day 44, and right thigh 
at Day 48. The patient is currently in day care rehabilitation. Figures 22.14 and 22.15 
illustrate the histological process of integration, with fibrous tissue arising on the sur-
face of the fat deep to the BTM and subsequently integrating into it.

His most recent assessment was at Day 369 (12 months postinjury, Figure 22.16).
Figures 22.17 and 22.18 demonstrate the degradation process. By 6 months, the 

foam walls are rounded but the thickness has not altered from application (2 mm). 
By 9 months, the BTM is thinned and much of the volume has been degraded. At 
12 months, only microscopic remnants, undergoing phagocytosis by giant cells, 
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Figure 22.11 Presentation pictures of the first significant burn patient to receive BTM.

Figure 22.12 Both upper limbs and dorsal hands were treated.
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remain. At 18 months there is no evidence of residual polymer. In the first burn patient, 
an injury characterized by a more aggressive inflammatory response, microscopic 
polymer remnants were visible histologically at 9 months, accompanied by giant cells, 
some of which contained clear vacuoles, presumably containing ingested polymer.  
By 12 months, residues were fewer and smaller.

Figure 22.13 Complete integration by Day 33.

Figure 22.14 Histological progress of integration (Day 16 and Day 23).



657The use of biodegradable polyurethane in the development of dermal scaffolds

Patient 2: A 33-year-old male with 39% TBSA full-thickness burns. His poste-
rior trunk was skin-grafted, as were the hands (he subsequently lost all 10 digits), 
face, neck, chest, shoulders, and scalp. BTM was applied to bilateral circumferential 
forearms and arms (16% TBSA, Figure 22.19). His BTM sustained 100% graft take 
(applied Day 31 postimplantation) and was stable at Day 103 when he was discharged 
to a rehabilitation center.

Figure 22.15 Histological progress of integration (Day 34). The polyurethane matrix is filled 
with tissue.

Day 271

Day 44333 (4(4(4(4(4(44(44 DDDDDDDDDDaaaaaaayyyyyyyyysssss popopopoopoopopopoossssssst-t-t-t-
graft aaapppppppplplplpliiiiicccccccaaaaatitiititittitit onononononono )))))))

Day 271

Day 43 (4 Days post-
graft application)

Figure 22.16 Four days after grafting (left) and 271 days later (right).
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Patient 3: A 47-year-old male with 58% TBSA burns (49% full thickness). His 
abdomen, chest, and posterior trunk were grafted except for a 2% patch on the chest 
where BTM was applied. The upper limbs and lower limbs received BTM (21%, Figure 
22.20). He lost areas of graft on the chest, abdomen, and back and failed to integrate the 
patch of BTM on the chest. The arm BTM was skin-grafted on Day 35 postimplanta-
tion with 100% take. The legs were grafted on Day 39 with reepithelialized donor skin.  

Figure 22.17 Histological progression of polyurethane degradation in vivo; 6 and 9 months.

Figure 22.18 Histological progression of polyurethane degradation in vivo; 12 and 18 months.
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Figure 22.19 Series of Patient 2’s right upper limb.

Figure 22.20 Series of Patient 3’s right upper limb.
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Figure 22.21 Controls—Patients 1 and 2; skin grafts applied directly onto the fat of the back 
(without underlying BTM).

Back graft at Day 60

#3
Figure 22.22 Control—Patient 3; skin grafts applied directly onto the fat of the back (without 
underlying BTM).
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A <1% TBSA SSG failed to take on the legs. His grafts were stable and maturing on 
review at the time of writing (Day 170).

The BTM was straightforward to apply and delaminate. BTM integrates and sus-
tains stable SSG survival and maturation in patients with severe burns with episodes 
of concomitant inhalation injury and systemic sepsis. The cosmetic appearances at 
this early stage are superior to skin grafting alone (Figures 22.21 and 22.22). No 
adverse outcomes uniquely attributable to the BTM were noted. We await completion 
of recruitment and formal scar scoring at 1 year in the whole cohort.

22.9   Conclusions

The biodegradable polyurethane has been demonstrated to be a capable and versatile 
material for the production of skin products for major burn victims. As a synthetic, 
sealed bilayer dermal temporizing matrix, it is already in regular human use in surgical 
wounds and is the subject of a five patient pilot human burn trial. As the scaffold for 
CCS production, the foam is nontoxic to cells, allows attachment, collagen deposition 
and keratinocyte take in vitro, and attachment and take over both in BTM and in fresh 
wounds in vivo.
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antibiotic-releasing polyurethanes, 
263–265

delivery, 512–513
polyurethanes. See Antibacterial 

polyurethanes
Antibody-coated polyurethane  

nanoparticles, 205–206



664 Index

Antifouling polymers, 363
Antifouling PUs, 364. See also  

Antimicrobial PUs
heparin coating of PUs, 365
heparin-like PUs, 365–366
hydrophilic coatings for PUs, 366
PU functionalization with PEG, 364–365

Antimicrobial
activity, 184–185
agents, 349
antimicrobial-coated PUs, 263, 368–370
efficacy test

contact kill, 53–55
ZOI test, 53

local delivery
antibiofilm agents, 495
antibiotics, 493–495

moieties, 509
antibiotic delivery, 512–513
bacteria surface contact killing, 

509–510
polymer scaffold modifiers and surface 

modifications, 511–512
Antimicrobial

activity, 184–185
agents, 349
antimicrobial-coated PUs, 263, 368–370
efficacy test

contact kill, 53–55
ZOI test, 53

local delivery
antibiofilm agents, 495
antibiotics, 493–495

moieties, 509
antibiotic delivery, 512–513
bacteria surface contact killing, 

509–510
polymer scaffold modifiers and surface 

modifications, 511–512
Antimicrobial peptides (AMPs), 512–513
Antimicrobial PUs, 366–367. See also 

Antifouling PUs
antimicrobial-coated PUs, 368–370
antimicrobial-entrapped PUs, 370–371
antimicrobial-grafted PUs, 371–372
intrinsically antimicrobial PUs, 372
medicated CVCs, 367t

Antithrombin (AT), 300
Antithrombin heparin (ATH), 47, 300–301

Antithrombogenic mediator, 269
Antithrombogenicity, 319, 324–325, 338, 

340
Aortic diseases, 387
aPTT. See Activated partial thromboplastin 

time (aPTT)
Aqueous waterborne PU dispersion, 130
Argatroban, 301
Arg–Gly–Asp–Ser (RGDS), 155
Aromatic DIs, 218
Arrhythmia, 388
Arteries, 453–455
Arteriovenous (AV), 424–425
Arteriovenous malformations (AVM), 569, 

573–575
ASCs. See Adipose-derived stem cells 

(ASCs)
AT. See Antithrombin (AT)
ATH. See Antithrombin heparin (ATH)
Atherosclerosis, 387
Atom transfer radical polymerization 

(ATRP), 339
Atomic force microscopy (AFM), 150–151, 

174–176
ATRP. See Atom transfer radical  

polymerization (ATRP)
Autograft, 481
Autograft-based nerve transplantation, 

611–612
Autologous vascular transplantation, 552
AV. See Arteriovenous (AV)
AVM. See Arteriovenous malformations 

(AVM)

B

Bacteria surface contact killing, 509–510
Bacterial adhesion

on hydrophobic and hydrophilic PU 
surfaces, 254f

on hydrophobic smooth and textured  
PUU surfaces, 255f

on polyurethane surface, 247, 248f
Bacterial adhesion, 248–249, 417–418
Bactericidal LIVE/DEAD analysis, 185f
Bactericidal polyurethanes, 258. See 

also Antiadhesive polyurethanes; 
Antibacterial polyurethanes

biocide-releasing polyurethanes, 262–271
contact biocidal polyurethanes, 258–262
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Basic fibroblast growth factor (bFGF), 
87–88, 397–398

BBBC. See 4,4-butylidene-bis-(t-butyl- 
m-cresol) (BBBC)

BD. See 1,4-butanediol (BDO)
BDA. See 1,4-butanediamine (BDA)
BDI. See 1,4-butane diisocyanate (BDI); 

Butanediisocyanate (BDI)
BDO. See 1,4-butanediol (BDO)
Benzal pentaerythritol (BPO), 136–137
β-lactam antibiotics, 263
β-TCP. See Beta-tricalcium phosphate 

(β-TCP)
Beta-tricalcium phosphate (β-TCP), 

488–489
bFGF. See Basic fibroblast growth factor 

(bFGF)
BHPC. See 2-[3,5-bis(2- hydroxyethoxy)-

benzoyloxy]ethyl phosphorylcholine 
(BHPC)

BIN. See N, N-bis(2-hydroxyethyl)-
isonicotinamide (BIN)

Bio-based materials, 132
Bioactive glass, 489–490
Bioactive polyurethanes, 295–301

chemical surface modification, 302t–303t
Biocidal polymers, 364. See also  

Intrinsically antimicrobial polymers
Biocide-releasing polyurethanes,  

262–263. See also Contact  
biocidal polyurethanes

antibiotic-releasing polyurethanes, 
263–265

NO-releasing polyurethanes, 269–271
silver-and metal-containing 

 polyurethanes, 265–269
Biocompatibility, 287, 579–580

of PUs, 224–226
studies, 585

Biodegradability of PUs, 224–226
Biodegradable copolymers of dl-lactide and 

ε-caprolactone (P(DLLA–ε-CL)), 599
Biodegradable photoluminescent polymers 

(BPLPs), 122–123, 133, 134f
Biodegradable photoluminescent  

polymers-serine (BPLP-Ser), 122–123
Biodegradable photoluminescent  

prepolymers-based waterborne 
polyurethane (BPLP-WPU), 133

Biodegradable polycaprolactone-containing 
polyurethanes, 86

Biodegradable polyesters, 132–134
Biodegradable polyurethanes, 3, 155–156, 

171, 264, 599–600. See also 
Antibacterial polyurethanes; 
Waterborne biodegradable 
polyurethanes

applications in 3D printing, 158–159
dermal substitutes, 631–634
ideal dermal substitute, 634–638
matrix toxicity evaluation, 638–639
mechanical properties, 12
nanoparticle, 204
NovoSorb™ BTM, 638–642
and polyurethane-based scaffolds, 

397–404
polyurethane-based vascular grafts, 

457–465, 464t
skin structure and function, 634
suitability as dermal substitute, 635

cultured composite skin, 637–638
NovoSorb™ BTM, 636–637

Biodegradable temporizing dermal matrix 
(BTM), 633, 636

BTM-2, 82
cultured composite skin on, 642–643

autologous keratinocytes, 643
optimizing seal, 644–648
serial progression of integration, 645f

in moderate to severe burn repair, 
654–661

NovoSorbTM BTM for burn injury, 
638–642

Biodegradable thermoplastic  
polyurethane, 543

Biofilm, 56–58, 57f, 247, 360, 435
microbial ability, 360–361
stages of formation, 361f

Bioimaging, 117–118
Bioinert polyurethanes, 292–295

chemical modifications, 296t–297t
Biologically active bone grafts, 492. See 

also Osteoconductive bone grafts
antimicrobials local delivery, 493–495
new frontiers, 495–496
rhBMP-2 local delivery, 492–493

Biomaterial, 350
Biomaterial-associated infection, 247
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Biomedical polyurethanes, 154–155
Biomer®, 37, 38f–39f, 351
Biomimetic polyurethanes and 

 polyurethane-based scaffolds, 
397–404

BioSpan®, 462
BioSpan®–Rapamycin bilayered grafts (RM 

bilayered grafts), 462
Biostable polyurethane-based vascular 

grafts, 457–465, 458t–459t
2-[3,5-bis(2-hydroxyethoxy)-benzoyloxy]

ethyl phosphorylcholine (BHPC), 331
Bis(2-hydroxyl ethyl) disulfide (DHDS), 89
2,2-bis(prop-2-yl) propane-1,3-diol (DPPD), 

136–137
Bladder smooth muscle cells (BSMCs), 135
Blended soft segments, 78–79
Blood, 319

blood-contacting device, 417, 421–422
vessel tissue engineering, 552–554

Blood cell adhesion regulation
blood–material interactions, 288–290
chemical surface modification, 292–301
physical surface modification, 301–309
plasmatic coagulation cascade, 289f
surface–liquid interactions, 290–292

Blood compatibility
evaluation and PU properties, 321f
of material, 319
observed on surface, 320f
polymer blending with PC group, 

334–340
Blood outgrowth endothelial cells (BOECs), 

83, 392–393
Blood–material interactions, 288–290. See 

also Chemical surface modification; 
Physical surface modification; 
Surface–liquid interactions

Blowing reaction. See Water reaction
BMA. See Butyl methacrylate (BMA)
BOECs. See Blood outgrowth endothelial 

cells (BOECs)
Bone grafting, 481, 483

bone cements, 483
BVFs, 483
graft requirements, 484
mechanical properties of cortical and 

trabecular bone, 485t
osteoinductive bone grafts, 483–484

polyurethane composites of nano-HA, 486f
Bone tissue engineering

applications, 127–129
polyurethane coculture systems for, 85

Bone void fillers (BVFs), 483
Bovine serum albumin (BSA), 238, 264–265
BPLP-Ser. See Biodegradable  

photoluminescent polymers-serine 
(BPLP-Ser)

BPLP-WPU. See Biodegradable  
photoluminescent  prepolymers-based 
waterborne polyurethane 
(BPLP-WPU)

BPLPs. See Biodegradable  
photoluminescent polymers (BPLPs)

BPO. See Benzal pentaerythritol (BPO)
Bradycardia, 388
BSA. See Bovine serum albumin (BSA)
BSMCs. See Bladder smooth muscle cells 

(BSMCs)
BTM. See Biodegradable temporizing 

dermal matrix (BTM)
Burn injury, NovoSorb™ BTM for, 638

biodegradable polyurethane matrix 
toxicity evaluation, 638–639

early in vivo implantation, 639–642
in vitro degradation rates, 638–639

Burn repair, BTM in moderate to severe, 
654–661

Burst pressure tests, 455–456
Butandiol (BD), 351
1,4-butandiol. See 1,4-butanediol (BDO)
Butane diisocyanate, 8
1,4-butane diisocyanate (BDI), 404
1,4-butanediamine (BDA), 91–92
Butanediisocyanate (BDI), 77–78, 463–465
1,4-butanediol (BDO), 86, 133, 219, 

269–270, 329–331, 457
Butyl methacrylate (BMA), 333
4,4-butylidene-bis-(t-butyl-m-cresol) 

(BBBC), 37
BVFs. See Bone void fillers (BVFs)
Bypass surgery, 451

C

C/O ratio. See Carbon/oxygen ratio (C/O ratio)
CA. See Contact angle (CA)
CA-BSIs. See Catheter-associated BSIs 

(CA-BSIs)
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CABE. See Citrate-based biodegradable 
elastomer (CABE)

CAGR. See Compound annual growth rate 
(CAGR)

Calcification, 390–391, 393–394
Calcium phosphates, 487
β-TCP, 488–489
bioactive glass, 489–490
HA, 487–488

Cancer cells, 204–207
Carbon dioxide (CO2), 563
Carbon nanotubes (CNTs), 171–172, 174–176, 

178–179, 402–403, 512–513
Carbon/oxygen ratio (C/O ratio), 153–154
CarboSil®, 353
Carboxylated polyurethane (CPU), 88
Cardiac progenitor cell (CPC), 402–403
Cardiac prosthetic devices, 354–355
Cardiac tissue engineering, 554. See also 

Tissue engineering
polyurethane coculture systems for, 84–85
and regenerative medicine, 394–395, 395f

biodegradable and biomimetic 
 polyurethanes, 397–404

future trends, 404–405
synthetic polymers, 396

Cardiogenic shock (CS), 355
Cardiomyopathies, 387–388
Cardiosphere-derived cells (CDCs), 526–527
Cardiothane-51™, 352
Cardiovascular applications

polyurethane devices for drug delivery, 
405–407

polyurethanes in, 389
Cardiovascular diseases (CVDs), 387, 388f, 

451
Cassie–Baxter equation, 291
Cassie–Baxter wetting model, 253
Castor oil, 132
Catheter angiography, 207
Catheter material, 350
Catheter-associated BSIs (CA-BSIs), 354
Catheter-related bloodstream infections 

(CR-BSIs), 349
Catheter-related infections (CR-Is), 350
Catheters, 435–437
CBO-P11, 204
CBPBHAs. See Citrate-based polymer blends 

with hydroxyapatite (CBPBHAs)

CBPBs. See Citrate-based polymer blends 
(CBPBs)

CCS. See Cultured composite skin (CCS)
CDA. See Chlorhexidine diacetate (CDA)
CDCs. See Cardiosphere-derived cells 

(CDCs)
CE. See Cholesterol esterase (CE)
CEF. See Cefamandole nafate (CEF)
Cefamandole nafate (CEF), 53
Cefamandole nafate, 232
Cell adhesion and proliferation, 186
Cell fate control

by polyurethane scaffold composition, 
530–531

incorporation of biomolecules and 
carbon nanotubes, 531–532

modification of scaffold surface, 531
by pore shape, 534
by scaffold

mechanical properties, 523–527, 
524t–525t

morphologies, 527–530
surface composition, 534–535

Cell microintegration method, 551
Cell printing pattern, 397–398
Cell viability on composites, 186
Cell-based therapies, 496
Cell–material interface, molecular 

mechanisms at, 76–77
Cells interaction

with fibrous PU scaffolds, 523–532
with microporous PU scaffolds, 532–535

Central venous catheter (CVC), 49, 349
Ceramics, 481
CGM. See Continuous glucose monitoring 

(CGM)
CH-MR coating. See Chlorhexidine and 

minocycline–rifampin coating 
(CH-MR coating)

CH/SS. See Chlorhexidine/silver 
sulfadiazine (CH/SS)

Chain extenders, 9, 10t, 220
Charged groups. See also PC group- 

bearing PU
anionic sulfonate groups, 324–325
cationic groups conjugated with  

heparin, 324
zwitterionic groups, 325–326, 325f

Chemical reduction, 267
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Chemical surface modification, 292. See 
also Blood–material interactions; 
Chemical surface modification; 
Surface–liquid interactions

bioactive polyurethanes, 295–301, 
302t–303t

bioinert polyurethanes, 292–295, 
296t–297t

Chitosan, 262, 513
Chitosan-containing polyurethanes, 262
Chlorhexidine acetate, 230
Chlorhexidine and minocycline–rifampin 

coating (CH-MR coating), 369
Chlorhexidine diacetate (CDA), 230–232, 

371
Chlorhexidine/silver sulfadiazine (CH/SS), 

368
Cholesterol (Chol), 392–393
Cholesterol esterase (CE), 76
Cholesterol-modified PUR (PUR-Chol), 

392–393
Chronic venous insufficiency (CVI), 

576–577
Chronic wounds, 432–433
Chronoflex® AL 80A, 469–470
ChronoSil®, 353
Citrate-based biodegradable elastomer 

(CABE), 117
Citrate-based polymer blends (CBPBs), 127
Citrate-based polymer blends with  

hydroxyapatite (CBPBHAs), 127, 128f
Citrate-based urethane-doped polyesters, 

116–130
applications, 125–130
click chemistry, 123–125
CUPOMC, 120–122
UBPLP, 122–123, 124f

Citric acid, 117
Classic tissue engineering, 543
Click chemistry, 123–125
Clickable cross-linked urethane-doped 

polyester elastomers (CUPE-click), 
116

CLSM. See Confocal laser scanning 
microscopy (CLSM)

CMAP. See Compound muscle action 
potential (CMAP)

CNT-based hyperbranched PU composites, 
185

CNTs. See Carbon nanotubes (CNTs)
Coagulation cascade, 289f, 290, 300
Coating/bonding, 264
Coculture using degradable  polyurethanes, 

84–85. See also Degradable 
polyurethanes

polyurethane coculture systems
for bone tissue engineering, 85
for cardiac tissue engineering, 84–85
for dermal and soft tissue engineering, 

85
for liver tissue engineering, 84

Coefficient of friction measurement (COF 
measurement), 24, 24f

Coelectrospinning, 548–549
COF measurement. See Coefficient 

of friction measurement (COF 
measurement)

Coiling, 569–571
Collagen matrix, in vivo preclinical model 

trial against, 641–642
Collagen-based dermal matrices, 633
Collector, 547–548
Colloidal systems, 201–203
Commercial degradable polyurethane-based 

antiinflammatory/anticancer drug 
delivery systems, 88

Commonwealth Scientific and Industrial 
Research Organisation (CSIRO), 636

Compositional effects
on degradation rate, 15–16
on mechanical properties, 12–15

Compound annual growth rate (CAGR), 
428t

Compound muscle action potential (CMAP), 
606

evaluation, 617
Computed tomography (CT), 207
Concurrent electrospray/electrospin method, 

550–551, 551f
Conditioning film, 247
Confocal laser scanning microscopy 

(CLSM), 360
Contact angle (CA), 25–26, 290–291

classes, 290–291, 291f
dynamic contact angle, 27–30
measurement, 26
static liquid droplet, 26f
static sessile drop, 27
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Contact biocidal polyurethanes, 258–262. 
See also Biocide-releasing 
polyurethanes

chitosan-containing polyurethanes, 262
N-Halamine-containing polyurethanes, 

260–261
quaternary ammonium salt-containing 

polyurethanes, 258–260
Contact kill, 53–55

aerosol spray testing for coatings, 57t
polyurethane additives, 56f
reaction sequence for polyurethane 

synthesis, 55f
Staphylococcus aureus viability, 56f

Continuous glucose monitoring (CGM), 429
Controlled pharmaceutical release, 585–586
CPC. See Cardiac progenitor cell (CPC)
CPU. See Carboxylated polyurethane (CPU)
CR-BSIs. See Catheter-related bloodstream 

infections (CR-BSIs)
CR-Is. See Catheter-related infections 

(CR-Is)
Cross-linked urethane-doped polyester 

elastomers (CUPE), 82, 116–118, 
119f, 600

Cross-linkers, 220
CS. See Cardiogenic shock (CS)
CSIRO. See Commonwealth Scientific and 

Industrial Research Organisation 
(CSIRO)

CT. See Computed tomography (CT)
Cultured composite skin (CCS), 633, 

637–638
CUPE. See Cross-linked urethane-doped 

polyester elastomers (CUPE)
CUPE-click. See Clickable cross-linked 

urethane-doped polyester elastomers 
(CUPE-click)

CUPOMC. See Photo-cross-linkable 
urethane-doped polyester elastomer 
(CUPOMC)

CVC. See Central venous catheter (CVC)
CVC-related infections, 353–354
CVDs. See Cardiovascular diseases (CVDs)
CVI. See Chronic venous insufficiency 

(CVI)
Cyclic carbonates, 139–140
CysNO. See S-nitrosocysteine (CysNO)
Cytocompatibility, 257–258

D

D-AAs. See D-isomer amino acids (D-AAs)
D-isomer amino acids (D-AAs), 495
D-PHI PUs. See Degradable polar 

hydrophobic ionic PUs  
(D-PHI PUs)

DBHD. See Diazeniumdiolated  
dibutylhexanediamine (DBHD)

DC. See Dynamic cultivation (DC)
DCM. See Dichloromethane (DCM)
DEAE. See 2-diethylaminoethylamine 

(DEAE)
Decyl methacrylate (DMA), 334
DED. See Desaminotyrosine diester (DED)
Degradable polar hydrophobic ionic PUs 

(D-PHI PUs), 80
Degradable polyurethanes, 77

blended soft segments, 78–79
degradable polyurethane-based

gene delivery systems, 88
growth factor delivery systems, 87–88

factors affecting degradable PU 
performance, 81t

hydrolytically susceptible soft segments, 
77–78

monomers and oligomers, 93, 94t–103t
novel chemistries, 79–80
physical forms and processing, 89–93
with varying chain extenders, 79

Degradation rate, compositional effects on
hard segment effect, 15–16
soft segment effect, 15

Delayed split-skin grafting, BTM long-term 
implantation with, 649–654

Deoxyribonucleic acid (DNA), 116
Derjaguin, Landau, Verway, and Ocerbeek 

theory (DLVO theory), 359
Dermal scaffold, 636. See also  

Biodegradable polyurethane
Dermal substitutes, 631

BTM, 633
collagen-based dermal matrices, 633
split-skin graft, 632

Dermal tissue engineering, polyurethane 
coculture systems for, 85

Desamino tyrosine tyrosyl hexyl ester 
(DTH), 78–79

Desaminotyrosine diester (DED), 463
Dexamethasone, 203–204
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DHDS. See Bis(2-hydroxyl ethyl) disulfide 
(DHDS)

DI. See Diisocyanate (DI)
DI-dominated-based PUs, 220
Diamond-like carbon (DLC), 295
Diazeniumdiolated dibutylhexanediamine 

(DBHD), 425–427
Diazeniumdiolates, 269, 420–421
Dichloromethane (DCM), 546
Dicyclohexylmethane diisocyanate 

(H12MDI), 14–15
2-diethylaminoethylamine (DEAE), 88
Differential scanning calorimetry (DSC), 12, 

183, 184f
Diisocyanate (DI), 9t, 75, 217, 219
Diisocyanate–PEO, 323–324
1,6-diisocyanatohexane, 14–15, 115–116, 391
Diisopropylaminoethyl methacrylate 

(DIPAM), 334
Dilated cardiomyopathy, 387–388
Dimethyl formamide (DMF), 546
Dimethyl sulfoxide (DMSO), 90, 153, 331
Dimethylacetamide (DMAc), 91
4-dimethylamino-1-butanol (DMBA), 326
Dimethylformamide (DMF), 90, 503–506
5,5-dimethylhydantoin (DMH), 40–41
Dimethylol propionic acid (DMPA), 88, 

130, 136–137
DIPAM. See Diisopropylaminoethyl 

methacrylate (DIPAM)
4,4-diphenylmethane diisocyanate (MDI), 

149–150, 228–229
Dipyridamole (DPA), 553
directional thermally induced phase 

separation (dTIPS), 506
Dispersin B, 369
Distance between tip and collector, 546
Divinyl oligomer (DVO), 80
DLC. See Diamond-like carbon (DLC)
DLVO theory. See Derjaguin, Landau, 

Verway, and Ocerbeek theory 
(DLVO theory)

DMA. See Decyl methacrylate (DMA)
DMAc. See Dimethylacetamide (DMAc)
DMAPS. See N, N-dimethyl(methacryloy-

loxyethyl) ammonium  
propanesulfonate (DMAPS)

DMBA. See 4-dimethylamino-1-butanol 
(DMBA)

DMEA. See N, N-dimethylethanolamine 
(DMEA)

DMF. See Dimethyl formamide (DMF); 
Dimethylformamide (DMF); N, 
N-dimethyl formamide (DMF); N, 
N-dimethylformamide (DMF)

DMH. See 5,5-dimethylhydantoin (DMH)
DMPA. See Dimethylol propionic acid 

(DMPA)
DMSO. See Dimethyl sulfoxide (DMSO)
DMTA. See Dynamic mechanical thermal 

analysis (DMTA)
DNA. See Deoxyribonucleic acid (DNA)
DOX. See Doxorubicin (DOX)
Doxorubicin (DOX), 89, 140, 220, 229, 237
DPA. See Dipyridamole (DPA)
DPA-EMA. See Poly(diisopropylaminoethyl 

methacrylate) (DPA-EMA)
DPPD. See 2,2-bis(prop-2-yl) propane-

1,3-diol (DPPD)
Drug delivery, 87, 185, 495–496

degradable PU-based
antiinflammatory/anticancer drug 

delivery systems, 88
gene delivery systems, 88
growth factor delivery systems, 87–88

PU devices in cardiovascular applications, 
405–407

PU nanoparticles as, 201–207
PU use in, 220–238

applications, 221t–223t
biocompatibility and biodegradability, 

224–226
BSA–PU-based hydrogel, 239f
covalently bound drug molecule, 236f
diazotized para amino salicylic acid, 238f
folic acid conjugated with PU, 238f
PU-based matrix systems, 232–236
PU-based membrane systems, 230–232
PU-based nanofibers, nanovehicles, and 

devices carrying nanomaterials, 230
PU-based nanoparticle system, 228–230
PU-based shape-memory polymers, 

226–228
PUs in macromolecular delivery, 236–237
self-assembled micelles, 229f
in vitro drug release profiles, 235f

stimuli-sensitive polyurethane drug 
delivery systems, 89
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DSC. See Differential scanning calorimetry 
(DSC)

DTH. See Desamino tyrosine tyrosyl hexyl 
ester (DTH)

dTIPS. See directional thermally induced 
phase separation (dTIPS)

DVO. See Divinyl oligomer (DVO)
Dynamic contact angle, 27–30

dynamic sessile drop, 27–28, 27f
of PEG-modified Pellethane® surfaces, 30t
synthetic procedure for PEG  

modification, 29f
Wilhelmy plate method, 28–30, 29f

Dynamic cultivation (DC), 394
Dynamic mechanical thermal analysis 

(DMTA), 10
Dynamic sessile drop, 27–28, 27f

E

Early in vivo implantation, 639
change in implant structure, 640–641
preclinical in vivo animal model,  

640–641
in vivo preclinical model trial, 641–642
in vivo use of NovoSorb™ foam, 641

ECC. See Extracorporeal circulation (ECC)
ECLSs. See Extracorporeal life supports 

(ECLSs)
ECM. See Extracellular matrix (ECM)
ECs. See Endothelial cells (ECs)
ED. See Ethylene diamine (ED);  

Ethylenediamine (EDA)
EDA. See Ethylenediamine (EDA)
Elastic CUPE TENGs, 129–130
Elastin, 453
Elastomers, 4–5, 117
Electron spectroscopy for chemical 

analysis. See X-ray photoelectron 
spectroscopy (XPS)

Electrophysiological analysis, 606
Electrospinning, 507, 523, 568–569

affecting factors, 545
collector, 547–548
distance between tip and collector, 546
infusion rate, 547
metallic collectors, 547f
polymer concentration, 546
polymer properties, 545
solvent, 546

tip diameter, 547
voltage, 546

nano/submicrometer fiber fabrication, 543
in perpendicular and horizontal direction, 

544f
technique and apparatus, 543–545

Electrospun
fibers, 431
poly(ester urethane), 220–224
polyurethane scaffolds, 90–92
PUR-based matrices, 399
scaffolds cellular infiltration, 548

cell microintegration method, 551
coelectrospinning, 548–549
concurrent electrospray/electrospin 

method, 550–551, 551f
porogen method, 549–550
sacrificed fiber method, 550, 550f
unique collector design, 549

Electrospun fibrous polyurethane scaffolds, 
543

in tissue engineering applications, 552
abdominal wall reconstruction, 

555–556
blood vessel tissue engineering, 

552–554
cardiac tissue engineering, 554
heart valve tissue engineering, 555

Electrothrombosis, 569–570
Embolic coiling, 569–570
Embolization

current treatment methods, 569–573
goal, 569
indications for, 573–579

Embryonic stem cells (ESCs), 527
Emulsion freeze drying, 508–509, 566
Emulsion templating, 564–566, 565f
Endothelial cells (ECs), 80, 293, 451
endothelial NOS (eNOS), 419
Endothelial progenitor cells (EPCs), 85
Endovascular coiling, 570–571
Endovascular treatments, 583–584
Endovenous ablation (EVA), 577
eNOS. See endothelial NOS (eNOS)
Environmental biodegradation, 77
Environmental stress cracking (ESC), 

41–43, 76
Enzyme-catalyzed hydrolysis, 155–156
EPCs. See Endothelial progenitor cells (EPCs)
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EPS. See Extracellular polymeric substances 
(EPS)

ES-TIPS. See External electrospun 
layer-TIPS (ES-TIPS)

ESC. See Environmental stress cracking (ESC)
ESCs. See Embryonic stem cells (ESCs)
Estane® 5714, 460
Estane® film, 40–41
Ethylene diamine (ED), 33
Ethylene vinyl acetate (EVA), 232–233
Ethylenediamine (EDA), 92, 351, 461–462
EVA. See Endovenous ablation (EVA); 

Ethylene vinyl acetate (EVA)
Ex vivo shunt blood loop, 51, 52f
External electrospun layer-TIPS (ES-TIPS), 

463–465
Extracellular matrix (ECM), 56–58, 84–85, 

456, 543, 555–556
Extracellular polymeric substances (EPS), 

417–418
Extracellulose matrix. See Extracellular 

matrix (ECM)
Extracorporeal circuits, 423–428, 425f
Extracorporeal circulation (ECC), 423–424, 

425f
Extracorporeal life supports (ECLSs), 417

F

FA. See Folic acid (FA)
FBR. See Foreign body response (FBR)
FDA. See Food and Drug Administration 

(FDA)
FDM. See Fused deposition manufacturing 

(FDM)
Fe3O4, 171–172, 208
Fiber collector, 547–548
Fibrinogen adsorption, 309f
Fibroblasts, 298
Fibronectin, 360
Fibrous polyurethane vascular prosthesis, 

337f
Fibrous PU scaffolds, 523. See also 

Microporous PU scaffolds
cell fate control

by polyurethane scaffold composition, 
530–532

by scaffold mechanical properties, 
523–527, 524t–525t

by scaffold morphologies, 527–530

controlled stem cell cardiac  
differentiation, 529f

process and response parameters of tissue 
constructs, 528t

Fillers, 171–172
Flame retardancy, 184
Flow cell assay, 59–63, 63f
FMD. See Furan-protected maleimide- 

containing diols (FMD)
Folic acid (FA), 89
Folic acid-conjugated PUs, 237
Food and Drug Administration (FDA), 117
Foramen ovale, 577
Foreign body response (FBR), 75–76, 

417–418
Fourier transform infrared spectroscopy 

(FTIR spectroscopy), 10, 118
Friction measurement, 23–25

COF measurement, 24, 24f
modified COF device for catheter, 25f
trackability measurement, 24–25

FTIR spectroscopy. See Fourier transform 
infrared spectroscopy (FTIR 
spectroscopy)

FuGENE® 6, 208–209
Fullerenes, 171–172
Functional assessment, 606
Functional behavior training and  

electrophysiological assays,  
617–618

Furan-protected maleimide-containing diols 
(FMD), 136–137

Fused deposition manufacturing (FDM), 
156–158

G

Gadovist®, 207–208
GAE. See Glycerol α-monoallyl ether 

(GAE)
Gas blowing, 563–564
Gas foaming, 508
GDCs. See Guglielmi detachable coils 

(GDCs)
Gelfoam® plug, 571–572
Gelling reaction, 482
Glucose, 428–429
Glucose oxidase (GOx), 429–430
Glycerol α-monoallyl ether (GAE), 79
Glycerol–PC, 329–331
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GO. See Graphene oxide (GO)
Grafting PEG, 249–250, 250f
Graphene, 171–172
Graphene oxide (GO), 460–461
GSNO. See S-nitrosoglutathione (GSNO)
Guglielmi detachable coils (GDCs), 587

H

H12MDI. See Dicyclohexylmethane 
diisocyanate (H12MDI)

HA. See Hyaluronic acid (HA);  
Hydroxyapatite (HA);  
Hydroxylapatite (HA)

HAIs. See Health-care-associated infections 
(HAIs); Hospital-acquired infections 
(HAIs)

Hard segment chemistry, 8–9. See also Soft 
segment chemistry

chain extenders, 9, 10t
diisocyanate structures, 9t
isocyanates, 8

Hard segment effect, 14–15, 14f
degradation rate, compositional effects 

on, 15–16
mechanical properties, compositional 

effects on, 14–15, 14f
HDEAPC. See 9-(2-hydroxy-1- 

hydroxymethyl-1-methyl-
ethylcarbamoyl)-nonyl-
phosphorylcholine (HDEAPC)

HDI. See Hexamethylene diisocyanate 
(HDI)

HDI trimer (HDIt), 79–80
HDIt. See HDI trimer (HDIt)
HE staining. See Hematoxylin/eosin staining 

(HE staining)
Health-care-associated infections (HAIs), 

247, 353, 360
Heart attack, 387
Heart failure (HF), 394–395
Heart valve disease, 388
Heart valve replacement, polyurethanes  

in, 389
functionalized and biomimetic 

polyurethane, 392–393
future prospective, 393–394
HDI, 391
MHVs, 389–390
prototype valve fabrication, 392f

Heart valve tissue engineering, 555
HEMA. See 2-hydroxyethyl methacrylate 

(HEMA)
Hematoxylin/eosin staining (HE staining), 

600–601, 621
Hemocompatibility, 257–258, 287, 603

ex vivo shunt blood loop, 51, 52f
measurement, 49–51
scanning electron microscopy, 50
in vitro blood loop method, 50, 51f
in vitro platelet adhesion, 49–50

Heparin, 47, 300–301, 322–323
cationic groups conjugated with, 324
coating of PUs, 365
heparin-like PUs, 365–366
modified surface of SPU, 322f

Hepatocyte growth factor, 237
hESCs. See human embryonic stem cells 

(hESCs)
Heterogeneous wetting, 292f
Hexadecane, 197–198
1,1,1,3,3,3-hexafluoroisopropanol (HFIP), 91
1,1,1,6,6,6-hexafluoroisopropanol (HFIP), 

546
Hexamethylene diisocyanate (HDI), 40–41, 

78–79, 117–118, 138, 149–150, 
228–229, 249–250, 325–326, 457, 
486, 601

HF. See Heart failure (HF)
HFL18-PU. See High flex life polyurethane 

urea (HFL18-PU)
HGFs. See Human gingival fibroblasts 

(HGFs)
High flex life polyurethane urea (HFL 

18-PU), 83
High internal phase emulsions (HIPEs), 

564–565
High-energy emulsification methods, 

198–201
Highest human umbilical vein EC 

(HUVEC), 460–461
Highly sensitive pH-responsive PU, 226, 

227f
HIPEs. See High internal phase emulsions 

(HIPEs)
Histological assessment, 607, 618–621
HMDI. See Hexamethylene diisocyanate 

(HDI); 4,4′-methylene dicyclohexyl 
diisocyanate (HMDI)
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hMSCs. See human mesenchymal stem cells 
(hMSCs)

Homeostasis, 432–433
Homogeneous wetting, 292f
Hospital-acquired infections (HAIs), 349
HPBD. See Hydrogenated PBD (HPBD)
HT-ETE. See Hydroxyl-terminated 

poly(oxyethylene)-b-poly(oxytet-
ramethylene)-b-poly-(oxyethylene) 
(HT-ETE)

human embryonic stem cells (hESCs), 531
Human gingival fibroblasts (HGFs), 80
human mesenchymal stem cells (hMSCs), 

397–398
Human trials

long-term implantation, 649–654
short-term implantation, 648–649

Human umbilical vein endothelial cells 
(HUVECs), 84, 125, 293, 298, 
397–398

HUVEC. See Highest human umbilical vein 
EC (HUVEC)

HUVECs. See Human umbilical vein 
endothelial cells (HUVECs)

Hyaluronic acid (HA), 366, 457
Hydrazine (HZ), 82
Hydrazone-linked methoxyl-PEG (m-PEG-

Hyd), 89
Hydrodynamic function tests, 390
Hydrogels, 508
Hydrogenated PBD (HPBD), 351–352
Hydrolysis, 76, 79
Hydrolytic degradation, 76
Hydrolytically susceptible soft segments, 

77–78
Hydrophilic coatings for PUs, 366
Hydrophilic contrast agents, 203
9-(2-hydroxy-1-hydroxymethyl-1- 

methyl-ethylcarbamoyl)-nonyl-
phosphorylcholine (HDEAPC), 331

Hydroxyapatite (HA), 127, 487–488
2-hydroxyethyl methacrylate (HEMA), 80, 

325–326, 393
Hydroxyl-terminated poly(oxyethylene)-

b-poly(oxytetramethylene)- b-poly-
(oxyethylene) (HT-ETE), 232

Hydroxylapatite (HA), 85
Hypertrophic cardiomyopathy, 387–388
HZ. See Hydrazine (HZ)

I

IABP. See Intra-aortic balloon pump (IABP)
IC derivative. See (Imidazolylcarbony1)oxyl 

derivative (IC derivative)
ICDs. See Implantable cardioverter defibril-

lators (ICDs)
Ideal dermal substitute, 634

biodegradable polyurethane suitability, 
635–638

IEM. See 2-Isocyanatoethyl methacrylate 
(IEM)

(Imidazolylcarbony1)oxyl derivative  
(IC derivative), 140

Immunofluorescent staining, 621–626
Implant materials, 187
Implantable cardioverter defibrillators 

(ICDs), 354–355
Impregnated polymers, 264–265
In Situ techniques, 173
In vitro

blood loop method, 50, 51f
cell culture, 604–605
cell interactions, 614–617
cell tests, 397–398
degradation

of polyurethane scaffolds, 613–614
rates, 638–639

dynamic testing, 390
mechanical tests, 612
platelet adhesion, 49–50

ACP method, 50
LDH assay, 49
radioactive isotope labeling, 49

In vivo
biodegradation and foreign body 

response, 82
polyurethane bone tissue engineering, 

83–84
polyurethane soft tissue engineering, 

82–83
preclinical model trial, 641–642
testing of polyurethanes, 80–84
use of NovoSorb™ foam, 641
wound healing assays, 82

inducible NOS (iNOS), 419
Infusion rate, 547
Injectable allograft/polyurethane 

composites, 490–491
Injectable composites, 481
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Injectable polyurethane, 493–494
Injectable two-component systems, 482
iNOS. See inducible NOS (iNOS)
Insulin-like growth factor-1, 237
Interfacial polyaddition, 196
Interfacial polycondensation, 196–198
Intermediary toe spread (ITS), 606
Internal mammary artery. See Internal 

thoracic artery
Internal thoracic artery, 451
Interpenetrating polymer networks (IPN), 

152–153
Intima, 451
Intra-aortic balloon pump (IABP), 355

infections relating to, 355–356
Intravascular device–related infections

pathogenesis, 358
host factors, 359–360
microbial ability, 360–361
microrganisms, 362
physicochemical properties of catheter 

surface, 358–359
prevention, 362

antifouling PUs, 364–366
antimicrobial PUs, 366–372
strategies for developing antimicrobial 

polymers, 363f
Intravascular devices, 349

biomedical-grade polyurethanes, 352t
infections associated with, 353

CVC-related infections, 353–354
infections in patients with permanent 

pacemakers, 354–355
infections relating to IABP, 355–356
LVADs infections, 355
prosthetic vascular graft-related 

infections, 357
PUs in intravascular applications, 

350–353, 351t
Intravascular glucose sensors, 428–431
Iodinated polyurethane (IPU), 232–233
Iodination radiolabeling, 46–47

fibrinogen and antithrombin adsorption, 48f
iodination on tyrosyl group, 47f
Tecothane™ surface modifications, 48f

Iodine, 232
IPDI. See Isophorone diisocyanate (IPDI)
IPN. See Interpenetrating polymer networks 

(IPN)

IPU. See Iodinated polyurethane (IPU)
Ischemic cardiomyopathy, 387–388
ISO. See Isosorbidediol 

(1,4:3,6- dianhydro-d-sorbitol) (ISO)
ISO 22196, 54
Isocyanates, 8, 138, 150f
2-Isocyanatoethyl methacrylate (IEM), 137
Isophorone diisocyanate (IPDI), 82, 

115–116, 149–150, 197–198
Isosorbidediol (1,4:3,6-dianhydro-d- 

sorbitol) (ISO), 79
ITS. See Intermediary toe spread (ITS)

J

JIS Z2108, 54

K

Kirby–Bauer disk diffusion test. See Zone of 
inhibition test (ZOI test)

Kirby–Bauer test, 261

L

l-lysine derivative tripeptide (LDT), 89
l-lysine ethyl ester (LEE), 463
LA. See Lactobionic acid (LA)
Lactate dehydrogenase assay (LDH assay), 

49
Lactobionic acid (LA), 237
Laser-induced forward-transfer cell printing 

(LIFT cell printing), 397–398
Latex method, 174
Layer by layer deposition method (LbL 

deposition method), 437
Layered double hydroxides (LDHs), 

171–172
LbL deposition method. See Layer by layer 

deposition method (LbL deposition 
method)

LDH assay. See Lactate dehydrogenase 
assay (LDH assay)

LDHs. See Layered double hydroxides 
(LDHs)

LDI. See Lysine diisocyanate (LDI)
LDT. See l-lysine derivative tripeptide 

(LDT)
LEE. See l-lysine ethyl ester (LEE)
Left ventricular assist devices (LVADs), 355

infections, 355
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Left ventricular remodeling  
(LV remodeling), 395–396

Left ventricular-assist device, 287–288
LFDM. See Liquid frozen deposition 

manufacturing (LFDM)
LIFT cell printing. See Laser-induced 

forward-transfer cell printing  
(LIFT cell printing)

Light-scattering emboli detector (LSED), 
51, 52f

Limit of detection (LOD), 37
Liquid frozen deposition manufacturing 

(LFDM), 156–158
Liquid–liquid separation, 506
Liver tissue engineering, polyurethane 

coculture systems for, 84
LOD. See Limit of detection (LOD)
Long-term implantation

BTM with delayed split-skin grafting, 
649–654

Lotus effect, 290–291
Low-temperature printing process, 160–162
LSED. See Light-scattering emboli detector 

(LSED)
LTI. See Lysine triisocyanate (LTI)
Lubrizol U, 203
LV remodeling. See Left ventricular 

remodeling (LV remodeling)
LVADs. See Left ventricular assist devices 

(LVADs)
Lysine diisocyanate (LDI), 8, 14–15, 80, 

224–226, 463, 487
Lysine triisocyanate (LTI), 79, 487
Lysine-coated polyurea nanoparticles, 

198–201

M

m-PEG-Hyd. See Hydrazone-linked 
methoxyl-PEG (m-PEG-Hyd)

MAA. See Methacrylic acid (MAA)
Macromolecules

PU applications, 221t–223t
PUs in macromolecular delivery,  

236–237
Macrophages, 79–80
Magnevist®, 207–208
Material films and scaffolds, 604–605
MBC. See Minimum bactericidal 

 concentration (MBC)

MBEC assay. See Minimum biofilm 
eradication concentration assay 
(MBEC assay)

MDM. See Monocyte-derived macrophage 
(MDM)

MEBU. See 2-methacryloyloxyethyl 
butylurethane (MEBU)

Mechanical properties, compositional effects 
on, 12–15

hard segment effect, 14–15, 14f
polycaprolactone soft segment molecular 

weight effect, 13t
soft segment effect, 12–14

Mechanical valves (MHVs), 389–390
Medical device industry, 350
MEE. See 2-mercaptoethyl ether (MEE)
MEFs. See Mouse embryonic fibroblasts 

(MEFs)
Melt blending process, 173
Melt molding, 506–507
2-mercaptoethyl ether (MEE), 79–80
mESCDCs. See Murine embryonic stem 

cell–derived cardiomyocytes 
(mESCDCs)

mESCs. See Murine-derived embryonic 
stem cells (mESCs)

Mesenchymal stem cells (MSCs), 85, 
399–400, 523–526

Metal-and silver ion-containing polyure-
thanes, 265–267

Metallic collectors, 547f
Methacrylic acid (MAA), 80
2-methacryloyloxyethyl butylurethane 

(MEBU), 333–334
2-Methacryloyloxyethyl phosphorylcholine 

polymer (MPC polymer), 329, 333, 
334f–335f, 335–336, 465

2-Methacryloyloxyethyl phosphorylcholine, 
330f

Methicillin-resistant Staphylococcus aureus 
(MRSA), 362, 434, 494–495

Methoxylated soybean oil polyols (MSOLs), 
132

Methyl methacrylate (MMA), 80
4,4′-methylene dicyclohexyl diisocyanate 

(HMDI), 461
Methylene diphenyl diisocyanate (MDI), 8, 

33, 76, 219, 331, 351, 427–428, 457
MHVs. See Mechanical valves (MHVs)
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MI. See Myocardial infarction (MI)
MIC. See Minimum inhibition concentration 

(MIC)
Microbial biofilm, 349, 360, 369
Microorganisms, 361

in intravascular device-related infections, 
362

Microphase separation, 10–12
kinetics, 12
polyurethane microphase morphology, 11f
structural morphology, 11–12
thermodynamics, 10–11

Microporous PU scaffolds. See also Fibrous 
PU scaffolds

cells interaction with, 532
cell fate controlling by pore shape, 534
cell fate controlling by scaffold surface 

composition, 534–535
porous polyurethane scaffolds fabrication, 

533t
Microvascular endothelial cells (MVECs), 638
Minimum bactericidal concentration 

(MBC), 493–494
Minimum biofilm eradication  

concentration assay (MBEC assay), 
58–59, 59f–60f

Minimum inhibition concentration (MIC), 
35, 493–494

Minocycline–rifampin (MR), 368
MMA. See Methyl methacrylate (MMA)
MMT. See Montmorillonite (MMT)
Molecular weight (MW), 26, 320–321
Monocyte-derived macrophage (MDM), 76
Monoisocyanates, 137
Monomers, 93, 94t–103t
Montmorillonite (MMT), 171–172, 371
Mouse embryonic fibroblasts (MEFs), 84
MPC polymer. See 2-Methacryloyloxyethyl 

phosphorylcholine polymer (MPC 
polymer)

MPC polymer with urethane bound 
poly(MPC-co-MEBU) (PMBU), 
337–338

MR. See Minocycline–rifampin (MR)
MRSA. See Methicillin-resistant 

 Staphylococcus aureus (MRSA)
MSCs. See Mesenchymal stem cells (MSCs)
MSOLs. See Methoxylated soybean oil 

polyols (MSOLs)

Multifunctional biotinylated polyurethane–
urea nanoparticle, 201

Multiwalled carbon nanotubes (MWCNTs), 
178–179, 182–183, 532

Murine embryonic stem cell–derived 
 cardiomyocytes (mESCDCs), 399

Murine-derived embryonic stem cells 
(mESCs), 84

Mutiblock polyurethanes, 205–206
MVECs. See Microvascular endothelial cells 

(MVECs)
MW. See Molecular weight (MW)
MWCNTs. See Multiwalled carbon 

nanotubes (MWCNTs)
Myocardial infarction (MI), 394–395

N

N,N-bis(2-hydroxyethyl)isonicotinamide 
(BIN), 54–55, 260, 372

N,N-dimethyl formamide (DMF), 603
N,N-dimethyl(methacryloyloxyethyl) 

ammonium propanesulfonate 
(DMAPS), 325–326

N,N-dimethylethanolamine (DMEA), 326
N,N-dimethylformamide (DMF), 459–460
N-halamine group, 40–41
N-Halamine-containing polyurethanes, 

260–261
N-methylpyrrolidone (NMP), 90
N2O2, 425–427
NADH. See Nicotinamide adenine 

dinucleotide (NADH)
Nanocomposites, 93, 183

biomedical application
drug delivery, 185
implant materials, 187
sustained drug release profile of PU 

composites, 186f
tissue engineering, 186

Nanoelastomer, 153–154
Nanofibrous SPCU/PEG vascular graft, 

469–470
Nanoparticle-induced phenomena in PUs

antimicrobial activity, 184–185
bactericidal LIVE/DEAD analysis, 185f
biomedical application of 

 nanocomposites, 185–187
flame retardancy, 184
mechanical behavior, 178–181, 179f–180f
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Nanoparticle-induced phenomena in PUs 
(Continued)

morphology, 174–176, 175f
nanoparticle-induced self-assembly, 

177–178
polymer composite preparation, 173–174
structure, 176–177
thermal behavior, 182–183

Nanoparticle-induced self-assembly, 177–178
Nanoparticles (NPs), 82, 171–172, 195–196, 

204
Nanoreactors, 197–198
Nanoscale silicate platelets (NSP), 184
Nanosilver, 267
Nanotechnology, 210
Nanotechnology-based therapeutics, 206
Nanotopographical surface, 253
National Nosocomial Infections 

Surveillance System Report (NNIS 
System Report), 354

Natural phospholipid molecules, 329
Natural polymers, 456
Negative pressure wound therapy (NPWT), 

648
Nerve applications, 129–130
Nerve regeneration, 599

animal and surgical procedures, 605–606
characterization, 602–603
CUPE nerve guides, 600
electrophysiological analysis, 606
functional assessment, 606
hemocompatibility, 603
histological assessment, 607
materials, 601
PEG-based alternating block 

 polyurethanes, 601–602
PEG–diisocyanate prepolymer 

preparation, 601
polycaprolactone preparation, 601–602
results and discussion, 607–608

functional behavior training and 
electrophysiological assays, 617–618

histological assessment, 618–621
immunofluorescent staining, 621–626
mechanical properties, 608
platelet adhesion, 609
preparation and characterizations of 

polyurethane nerve repair scaffolds, 
611–613

scaffold in vivo degradation, 621–626
surface properties, 608–609
in vitro cell interactions, 614–617
in vitro degradation of polyurethane 

scaffolds, 613–614
scaffolds preparation, 603
in vitro cell culture, 604–605

Nerve repair
functional behavior training and 

 electrophysiological assays for, 
617–618

microsurgery, 605f
scaffold

morphology and porosity, 603–604
in vitro degradation, 604

neuronal NOS (nNOS), 419
New frontiers, 491–492
Nicotinamide adenine dinucleotide 

(NADH), 49
Nitinol mesh, 572
Nitric oxide (NO), 269, 298, 419

in biomedical applications, 420
enzymatic conversion of l-arginine, 420f
mechanism of NO release, 421f
NOGen polymers, 421–423
NORel polymers, 421–423

biomedical applications, 423–437
Nitric oxide synthase (NOS), 419
Nitric oxide-releasing polyurethanes, 269–271
4-nitrophenyl chloroformate (NPC), 140
NMP. See N-methylpyrrolidone (NMP)
NNIS System Report. See National 

Nosocomial Infections Surveillance 
System Report (NNIS System 
Report)

nNOS. See neuronal NOS (nNOS)
NO. See Nitric oxide (NO)
NO-generating polymers (NOGen 

polymers), 421–423
NO-np. See NO-releasing nanoparticles 

(NO-np)
NO-releasing nanoparticles (NO-np), 434
NO-releasing polymers (NORel polymers), 

421–423
biomedical applications

catheters, 435–437
extracorporeal circuits, 423–428, 425f
intravascular glucose sensors, 428–431
wound healing, 432–434
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NO-releasing sol–gel particles, 430
NOA-63. See Norland Optical Adhesive 63 

(NOA-63)
NOGen polymers. See NO-generating 

polymers (NOGen polymers)
Noncharged hydrophilic polymers, 323–324
Nondroplet phase, 564–565
Nonionic PU, 153
Nonisocyanate-based urethane reactions, 

115, 139–140
NONOates. See Diazeniumdiolates
Nonviral transfection vectors, 88
NORel polymers. See NO-releasing 

polymers (NORel polymers)
Norland Optical Adhesive 63 (NOA-63), 

585
NOS. See Nitric oxide synthase (NOS)
Novel chemistries, 79–80
NovoSorb™, 636, 640, 648

BTM, 636–637
biodegradable polyurethane matrix 

toxicity evaluation, 638–639
for burn injury, 638
early in vivo implantation, 639–642
in vitro degradation rates, 638–639

NPC. See 4-nitrophenyl chloroformate 
(NPC)

NPs. See Nanoparticles (NPs)
NPWT. See Negative pressure wound 

therapy (NPWT)
NSP. See Nanoscale silicate platelets (NSP)

O

O/W nanoemulsion. See Oil-in-water 
nanoemulsion (O/W nanoemulsion)

Occlusion, 569–579
OD. See Optical density (OD)
Oil-in-water nanoemulsion (O/W 

nanoemulsion), 196–201
synthesis aspects PU and polyurea 

nanoparticles, 199t–200t
OITS. See Operated foot intermediary toe 

spread (OITS)
Oligodiols, 149–150, 151f
Oligomers, 93, 94t–103t
Operated foot intermediary toe spread 

(OITS), 606
Operated foot print length (OPL), 606
Operated foot toe spread (OTS), 606

OPL. See Operated foot print length (OPL)
Optical density (OD), 604–605
Osteoconductive bone grafts, 486. See also 

Biologically active bone grafts
composites

allograft bone, 490–491
calcium phosphates, 487–490
new frontiers, 491–492

polyurethane scaffolds, 486–487
OTS. See Operated foot toe spread (OTS)
Oxaliplatin (OxaPt(II)), 237
Oxidation, 75–76

P

P(DLLA–ε-CL). See Biodegradable 
copolymers of dl-lactide and 
ε-caprolactone (P(DLLA–ε-CL))

Paclitaxel (PTX), 89, 236, 332
Paclitaxel-coupled PU (PTX–PU), 89
PAEGU. See Poly(amino ester glycol 

urethane) (PAEGU)
Particle leaching, 566–568
Patent ductus arteriosus (PDA), 572f
Patent foramen ovale (PFO), 569, 577–579
PAU. See Poly(amino urethane) (PAU)
PBD. See Polybutadiene (PBD)
PBS. See Phosphate buffer solution (PBS)
PC group. See Phosphorylcholine group  

(PC group)
PC group-bearing PU. See also Charged 

groups
polyaddition with diol compounds with, 

329–332
PU substrate coating with MPC polymer, 

333–334
surface modifications on PUs, 327t
surface reaction on PU substrates, 326–329

PCL. See Polycaprolactide (PCL); 
Polycaprolactone (PCL)

PCL and PEG-based alternating block PUs 
(PUCL-alt-PEG), 600–601

PCL-based PURs. See Polycaprolac-
tone-based PURs (PCL-based PURs)

PCLA. See Poly(ε-caprolactone-co-lactide 
acid) (PCLA)

PCLUU. See Poly(ɛ-caprolactone- 
courethane-co-urea) (PCLUU)

PCN. See Poly(hexamethylene carbonate) 
diol (PCN)
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PCU. See Poly(carbonate urethane) (PCU); 
Polycarbonate urethane (PCU)

PCUU. See Poly(carbonate urethane) urea 
(PCUU)

PCUUs. See Polycarbonate urethane ureas 
(PCUUs)

PDA. See Patent ductus arteriosus (PDA)
PDD. See Poly(N,N-DIPAM-co-n-DMA) 

(PDD)
PDEM(OH)2. See Poly 

(2-(dimethylamino)-ethyl 
methacrylate) (PDEM(OH)2)

PDGF. See Platelet-derived growth factor 
(PDGF)

PDMS. See Poly(dimethyl siloxane) 
(PDMS); Polydimethylsiloxane 
(PDMS)

PDO. See 1,3-propanediol (PDO)
PEBA. See Polyethylene butylene adipate 

(PEBA)
PECUU. See Poly(ester carbonate urethane)

urea (PECUU)
PEEUU. See Poly(ether ester urethane) urea 

(PEEUU)
PEG. See Poly(ethylene glycol) (PEG)
PEG-based alternating block polyurethanes, 

601–602
PEG-modified polyurethanes, 249–250
PEG–diisocyanate prepolymer preparation, 

601
PEGMA. See Poly(ethylene glycol 

methacrylate) (PEGMA);  
Poly(ethylene glycol) methacrylate 
(PEGMA)

Pegylated polyurethane, 198–201
Pellethane®, 351, 423, 460

80A, 43
surface, 29–30, 30t
2363–80A, 460

PEO. See Polyethylene oxide (PEO)
PEO–PPO–PEO. See Poly(ethylene-

b- propylene-b-ethylene oxide) 
(PEO–PPO–PEO)

Peripheral vascular diseases (PVDs), 387. 
See also Cardiovascular diseases 
(CVDs)

Peripheral vessels, 387
Peripherally inserted central venous 

catheters (PICCs), 353
Permanent pacemakers (PPMs), 354–355

Permanent pacemakers, infections in 
patients with, 354–355

PET. See Polyethylene terephthalate (PET)
PETCUUs. See Poly(ether carbonate 

urethane) ureas (PETCUUs)
PEtU–PDMS/fibrin. See Poly(ether)

urethane–polydimethylsiloxane and 
fibrin (PEtU–PDMS/fibrin)

PEtU–PDMS/fibroin scaffold  
composite, 406

PEU. See Polyester urethanes (PEU); 
Polyether urethanes (PEU)

PEUU. See Poly(ester urethane) urea 
(PEUU); Polyether urethane ureas 
(PEUU)

PFO. See Patent foramen ovale (PFO)
PGA. See Poly(glycolic acid) (PGA); 

Polyglycolide (PGA)
PGS. See Poly(glycerol sebacate) (PGS)
pH buffering effect, 88
Phase inversion composition method (PIC 

method), 198–201
Phase inversion temperature method (PIT 

method), 198–201
PHMO. See Polyhexamethylene oxide 

(PHMO)
Phosphate buffer solution (PBS), 79–80, 

555–556, 603
Phosphate-buffered saline. See Phosphate 

buffer solution (PBS)
Phosphobetaine group. See Phosphoryl-

choline group (PC group)
Phosphorylcholine group (PC group), 

293–295, 326
photochemical immobilization, 328f
polyaddition with diol compounds with, 

329–332
polymer blending with, 334–340
SPU with, 330f
surface modifications on PUs, 327t

Photo-cross-linkable citrate-based urethane-
doped polyesters, 120–122

Photo-cross-linkable urethane-doped 
polyester elastomer (CUPOMC), 
120–122, 121f–122f

Physical surface modification, 301–309, 
310t–311t. See also Blood–material 
interactions; Chemical surface 
modification; Surface–liquid 
interactions
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platelet adhesion on structured surfaces, 
304–307

protein adsorption on structured surfaces, 
307–309

PIB. See Polyisobutylene (PIB)
PIC method. See Phase inversion 

composition method (PIC method)
PICCs. See Peripherally inserted central 

venous catheters (PICCs)
PIP. See Power bed and inkjet head 3D 

printing (PIP)
PIT method. See Phase inversion 

temperature method (PIT method)
PL. See Print length (PL)
PLA. See Poly-l-lactide (PLA)
Plasma recalcification time (PRT), 293–295
Plasmatic coagulation cascade, 289f
Platelet adhesion, 288, 293, 295, 319, 

322–326, 329, 333, 609
on structured surfaces, 304–307
test, 331–332

Platelet poor plasma solutions (PPP 
solutions), 253

Platelet-derived growth factor (PDGF), 
87–88, 237

Platelet-poor plasma (PPP), 49
Platelet-rich plasma (PRP), 49, 293, 

328–329, 603
PLGA. See Poly(lactic-co-glycolic acid) 

(PLGA)
PLLA. See Poly-l-lactic acid (PLLA)
PLLEGU. See Poly [(l-lactide-co-ɛ-capro-

lactone)-co-(l-lysine ethyl ester 
diisocyanate)-block-oligo(ethylene 
glycol)-urethane] (PLLEGU)

PMB. See Poly(MPC-co-n-BMA) (PMB)
PMBU. See MPC polymer with urethane 

bound poly(MPC-co-MEBU) 
(PMBU); Poly(methacryloyloxyethyl 
phosphorylcholine-co-methacryloy-
loxyethyl butyl urethane) (PMBU)

PMC. See Poly(MPC-co-cyclohexyl 
methacrylate) (PMC)

PMEH. See Poly(MPC-co-2-ethylhexyl 
methacrylate) (PMEH)

PMMA. See Poly(methymethacrylate) 
(PMMA)

PMNs. See Polymorphonuclear neutrophils 
(PMNs)

POC (1, 8-octanediol citrate) (POC). See Poly

Polarizing optical microscopy (POM), 
177–178

Poly (tetramethylene oxide) (PTMO), 33
Poly [(l-lactide-co-ɛ-caprolactone)-

co-(l-lysine ethyl ester diiso-
cyanate)-block-oligo(ethylene 
glycol)-urethane] (PLLEGU), 86

Poly-(b-1/4)-2-amino-2-deoxy-d- 
glucopyranose. See Chitosan

Poly-l-lactic acid (PLLA), 82, 120, 456
Poly-l-lactide (PLA), 115–116, 257, 364, 

523, 579, 599–600
Poly(1, 8-octanediol citrate) (POC), 

117–118
Poly(2-(dimethylamino)-ethyl methacrylate) 

(PDEM(OH)2), 136–137
Poly(amino ester glycol urethane) (PAEGU), 

88
Poly(amino urethane) (PAU), 238
Poly(carbonate urethane) (PCU), 149–150, 

154
platelet adhesion tests, 294f

Poly(carbonate urethane) urea (PCUU), 78–79
Poly(diisopropylaminoethyl methacrylate) 

(DPA-EMA), 37
Poly(dimethyl siloxane) (PDMS), 43, 

250–251, 391
Poly(ɛ-caprolactone-courethane-co-urea) 

(PCLUU), 86
Poly(EHMA) segments, 338, 340
Poly(ester carbonate urethane)urea 

(PECUU), 399
Poly(ester urethane) urea (PEUU), 77–78, 

332, 552–553
Poly(ester urethane), 149–150, 154, 

220–224
Poly(ether carbonate urethane) ureas 

(PETCUUs), 77–78
Poly(ether ester urethane) urea (PEEUU), 

77–78
Poly(ether)urethane–polydimethylsiloxane and 

fibrin (PEtU–PDMS/fibrin), 403–404
Poly(ethylene glycol methacrylate) 

(PEGMA), 469–470
Poly(ethylene glycol) (PEG), 6–7, 33, 

77–78, 120, 149–150, 248–249, 
293, 350–399, 468–469, 550, 
600–601

grafting, 249–250, 250f
PU functionalization with, 364–365
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Poly(ethylene glycol) methacrylate 
(PEGMA), 293

Poly(ethylene-b-propylene-b-ethylene 
oxide) (PEO–PPO–PEO), 486–487

Poly(glycerol sebacate) (PGS), 117
Poly(glycolic acid) (PGA), 456
Poly(hexamethylene carbonate) diol 

(PCN), 80
Poly(hexamethylene carbonate), 399
Poly(lactic acid). See Poly-l-lactide (PLA)
Poly(lactic-co-glycolic acid) (PLGA), 116, 

308, 425–426
Poly(lactide-co-caprolactone)-based PU, 155
Poly(lactide-co-glycolide). See  

Poly(lactic-co-glycolic acid) (PLGA)
Poly(methacryloyloxyethyl phosphorylcho-

line-co-methacryloyloxyethyl butyl 
urethane) (PMBU), 552–553

Poly(methymethacrylate) (PMMA), 483
Poly(MPC-block-EHMA), 338–339
Poly(MPC-co-2-ethylhexyl methacrylate) 

(PMEH), 334–335
Poly(MPC-co-cyclohexyl methacrylate) 

(PMC), 334–335
Poly(MPC-co-n-BMA) (PMB), 333
Poly(MPC) segments, 338–340
Poly(N, N-DIPAM-co-n-DMA) (PDD), 334
Poly(octamethylene maleate citrate) 

(POMC), 120
Poly(propylene oxide) (PPO), 6–7, 399–400
Poly(propylene) glycol (PPG), 6–7
Poly(tetramethylene oxide) (PTMO), 6–7, 

249–250, 320–321, 391, 457
Poly(thioketal) (PTK), 79–80
Poly(thioketal) urethanes (PTKU), 79–80
Poly(trimethyl carbonate) (PTMC), 399–400
Poly(trimethylene carbonate)–poly(ethylene 

oxide)–poly(trimethylene carbonate) 
(PTMC–PEO–PTMC), 77–78

Poly(ε-caprolactone-co-lactide acid) 
(PCLA), 115–116

Poly(ε-caprolactone)–hydrazone–
poly(ethylene glycol)–hydrazone–
poly(ε-caprolactone)diol 
(PCL–Hyd–PEG–Hyd–PCL), 226

Polyaddition with diol compounds with PC 
group, 329–332

Polybutadiene (PBD), 351–352
Polycaprolactide (PCL), 257, 364

Polycaprolactone (PCL), 5–6, 77–78, 
115–116, 456, 523, 555, 599–600

preparation, 601–602
Polycaprolactone-based PURs (PCL-based 

PURs), 397–398
Polycarbonate urethane (PCU), 15–16, 390
Polycarbonate urethane ureas (PCUUs), 390
Polydimethylsiloxane (PDMS), 304–305, 

351–352
Polyester, 117

diol structures, 6t
polyester-based PURs, 397–398
polyester-based PUs, 218–219
soft segments, 5–6
urethane, 224f

Polyester urethanes (PEU), 76
Polyether

diol structures, 7t
soft segments, 6–7

Polyether urethane ureas (PEUU), 390
Polyether urethanes (PEU), 390
Polyethylene butylene adipate (PEBA), 92
Polyethylene oxide (PEO), 33, 160–161, 

249, 319–320, 351–352, 399–400, 
486–487, 550

Polyethylene terephthalate (PET), 331, 357
Polyglycolide (PGA), 5–6, 393
Polyhedral oligomeric silsesquioxane 

(POSS), 93, 187, 390, 462, 579
Polyhexamethylene oxide (PHMO), 

13–14, 391
polyHIPE, 564–565
Polyisobutylene (PIB), 462
Polyisocyanates, 115, 482
Polylactide. See Poly-l-lactide (PLA)
Polymer scaffold modifiers (PSMs), 511

and surface modifications, 511–512
Polymer(s), 171–172

blending with PC group
random-type amphiphilic copolymers, 

334–338
well-defined structure polymers, 338–340

composite preparation, 173–174
concentration, 546
film fabrication, 563
nanocomposites, 371

Polymeric polyurethane micelles and 
nanoparticles, 204

Polymeric surface modifier (PSM), 261
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Polymerization, 197–198
Polymorphonuclear neutrophils (PMNs), 

76–77
Polyols, 5, 218, 219f, 482
Polyoxyethylene. See Polyethylene oxide 

(PEO)
Polypropylene oxide (PPO), 257, 364
Polypyrrole (PPy), 402–403
Polysaccharides, 257–258, 456
Polystyrene (PS), 604–605
Polytetrafluoroethylene (PTFE), 357
Polytetramethylene adipate polyol 

(PTMA), 92
Polytetramethylene oxide (PTMO), 351
Polyurea nanoparticles, 199t–200t
Polyurethane dispersions (PUD), 82
Polyurethane foam (PUF), 433
Polyurethane nanoparticles (PU NPs), 92, 

195–198, 229
as diagnosis tools, 207–208
as drug delivery systems, 201–207
formation, 202f
future trends, 210–211
from nanoemulsions, 196–201
synthesis, 196, 199t–200t
targeting cancer cells, 204–207
as theranostic tools, 208–210

Polyurethane scaffold composition, cell fate 
control by, 530–531

incorporation of biomolecules and carbon 
nanotubes, 531–532

modification of scaffold surface, 531
Polyurethane scaffolds

cells interaction with fibrous, 523
cell fate control by polyurethane 

scaffold composition, 530–532
cell fate control by scaffold 

morphologies, 527–530
cell fate controlling by scaffold 

mechanical properties, 523–527, 
524t–525t

controlled stem cell cardiac  
differentiation, 529f

process and response parameters of 
tissue constructs, 528t

cells interaction with microporous, 532
cell fate controlling by pore shape, 534
cell fate controlling by scaffold surface 

composition, 534–535

cells interaction with
polyurethane multilayer scaffolds, 

535–536
polyurethane nanostructures, 535

properties on cell fate, 536–537
Polyurethane vascular grafts (PU vascular 

grafts), 456–457
Polyurethane-based

matrix systems, 232–236
membrane systems, 230–232
nano/microparticulate systems, 229
nanofibers, nanovehicles, and devices 

carrying nanomaterials,
nanoparticle system, 228–230
shape-memory polymers, 226–228

Polyurethane-based composites (PU–BC), 
187

Polyurethane-derived bone grafts, 481
biologically active bone grafts, 492–496
chemistry, 481

prepolymers, 482
raw materials, 482
reactive liquid molding, 482–483

osteoconductive bone grafts, 486–492
Polyurethanes (PUs), 149, 171, 174–176, 

195–196, 217, 287–288, 319–320, 
350, 389, 417, 481, 503, 523, 581, 
599–600. See also Biodegradable 
polyurethane

blends, 513
vascular grafts, 465–470, 466t

blood compatibility enhancement
polymer blending with PC group, 

334–340
PU modification with functional 

groups, 323–334
structural characteristics of SPUs, 

319–321
utilizing bioactive molecules, 322–323

bulk degradation, 75–76
in cardiovascular applications, 389
chemistry of, 219–220
coculture systems

for bone tissue engineering, 85
for cardiac tissue engineering, 84–85
for dermal and soft tissue engineering, 

85
for liver tissue engineering, 84

degradation, 41–43, 75
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Polyurethanes (PUs) (Continued)
cell–material interface, molecular 

mechanisms at, 76–77
environmental biodegradation, 77
hydrolytic degradation, 76
polyurethane bulk degradation, 75–76
polyurethane chemistry influences 

stability, 75
drug release mechanism, 225f
in heart valve replacement, 389–394
microphase-separated structure, 151f
multilayer scaffolds, 535–536
nanostructures, 535
nerve repair scaffolds preparation and 

characterizations, 611–613
polyols for synthesis of, 219f
processing parameter effect on PU 

biodegradation characteristics, 92–93
properties and compatibility for medical 

use, 418–419
reactions, 3–4
redox-responsive, 231f
strategies to impart antibacterial activity 

to, 509
antimicrobial moieties, 509–513
polyurethanes blends, 513
surface treatment, 510t

structure, 149f, 218f–219f, 228f
techniques for constructing PUs scaffolds, 

503
electrospinning, 507
emulsion freeze drying, 508–509
gas foaming, 508
hydrogels, 508
melt molding, 506–507
SC/PL, 503–506
TIPS, 506

tissue engineering scaffolds for PUs 
fabrication, 504t–505t

Polyurethane–urea nanoparticles, 208–209, 
209f

Polyvinyl alcohol foams (PVA foams), 
572–573

Polyvinyl chloride (PVC), 350, 425, 563
POM. See Polarizing optical microscopy 

(POM)
POMC. See Poly(octamethylene maleate 

citrate) (POMC)

Porogen
leaching, 549–550
method, 549–550

Porous polyurethane scaffolds, 89–90
POSS. See Polyhedral oligomeric  

silsesquioxane (POSS)
POSS-poly(carbonate–urea) urethane 

(POSS–PCU), 93
Power bed and inkjet head 3D printing 

(PIP), 156–158
PPG. See Poly(propylene) glycol (PPG)
PPIs. See Pump-pocket infections (PPIs)
PPMs. See Permanent pacemakers (PPMs)
PPO. See Poly(propylene oxide) (PPO); 

Polypropylene oxide (PPO)
PPP. See Platelet-poor plasma (PPP)
PPP solutions. See Platelet poor plasma 

solutions (PPP solutions)
PPy. See Polypyrrole (PPy)
Preclinical in vivo animal model, 640–641
Preliminary animal studies, 582–583
Prepolymers, 482
Pressure–diameter tests, 454–455
Print length (PL), 606
Programming, 226–227
1,3-propanediol (PDO), 219
Prosthetic vascular graft-related infections, 

357
Protein adsorption, 320, 323, 325–326, 

332–334, 340
Protein adsorption on structured surfaces, 

307–309
Protein adsorption test, 44–47

iodination radiolabeling, 46–47
QCM, 44–46

Prothrombin time (PT), 293
PRP. See Platelet-rich plasma (PRP)
PRT. See Plasma recalcification time (PRT)
PS. See Polystyrene (PS)
PSM. See Polymeric surface modifier (PSM)
PSMs. See Polymer scaffold modifiers 

(PSMs)
PT. See Paclitaxel (PTX); Prothrombin time 

(PT)
PTFE. See Polytetrafluoroethylene (PTFE)
PTK. See Poly(thioketal) (PTK)
PTKU. See Poly(thioketal) urethanes 

(PTKU)
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PTMA. See Polytetramethylene adipate 
polyol (PTMA)

PTMC. See Poly(trimethyl carbonate) 
(PTMC)

PTMC–PEO–PTMC. See Poly(trimeth-
ylene carbonate)–poly(ethylene 
oxide)–poly(trimethylene carbonate) 
(PTMC–PEO–PTMC)

PTMO. See Poly (tetramethylene oxide) 
(PTMO); Poly(tetramethylene oxide) 
(PTMO); Polytetramethylene oxide 
(PTMO)

PTX. See Paclitaxel (PTX)
PTX–PU. See Paclitaxel-coupled PU 

(PTX–PU)
PU NPs. See Polyurethane nanoparticles 

(PU NPs)
PU vascular grafts. See Polyurethane 

vascular grafts (PU vascular  
grafts)

PU-alt. See Alternating block PUs (PU-alt)
PU-grafted SWCNT rheological behavior, 

181, 181f
PU/clay nanocomposites, 178–179
PU/CNT composites, 182–183
PU/nanoclay nanocomposite nanofibrous 

webs, 230
PU/PEO ink, 160–161
PU–BC. See Polyurethane-based composites 

(PU–BC)
PUCL-alt-PEG. See PCL and 

PEG-based alternating block PUs 
(PUCL-alt-PEG)

PUD. See Polyurethane dispersions (PUD)
PU–esters, 224
PUF. See Polyurethane foam (PUF)
Pump-pocket infections (PPIs), 355
PUR. See Polyurethanes (PUs)
PUR-Chol. See Cholesterol-modified PUR 

(PUR-Chol)
PurSil®, 352
PUs. See Polyurethanes (PUs)
PVA foams. See Polyvinyl alcohol foams 

(PVA foams)
PVC. See Polyvinyl chloride (PVC)
PVDs. See Peripheral vascular diseases 

(PVDs)
Pyrohydrolysis, 158–159

Q

Quartz crystal microbalance (QCM), 44–46
polyurethane synthesis and composition, 45f
time dependence of frequency shift and 

dissipation shift, 46f
Quaternary ammonium compounds (QACs), 

509–510
Quaternary ammonium salt-containing 

polyurethanes, 258–260

R

R-HCl. See Raloxifene hydrochloride 
(R-HCl)

Rabbit thrombogenicity model, 424–425
Radioactive isotope labeling, 49
RAFT. See Reversible addition– 

fragmentation chain transfer (RAFT)
Raloxifene hydrochloride (R-HCl), 88
Random-type amphiphilic copolymers, 

334–338
Rapamycin (RM), 233–235
Rat glial cell, 614–615
Raw materials, 482
Reactive liquid molding, 482–483
Reactive oxygen species (ROS), 76–77
Recanalization, 582–583
Recombinant human bone morphogenetic 

protein-2 (rhBMP-2), 236–237, 
483–484

local delivery, 492–493
Recurrent neurological events (RNE), 578
Redox-responsive nanovehicles, 230
“Release-on-demand” systems, 271
Resorbable polyurethanes; Antibacterial 

polyurethanes; Bactericidal polyure-
thanes; Biodegradable polyure-
thanes; Waterborne biodegradable 
polyurethanes

chain extender structures, 10t
diisocyanate structures, 9t
polycaprolactone soft segment molecular 

weight effect, 13t
polyester diol structures, 6t
polyether diol structures, 7t
triblock diol structures, 7t

Reversible addition–fragmentation chain 
transfer (RAFT), 338
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RGDS. See Arg–Gly–Asp–Ser (RGDS)
rhBMP-2. See Recombinant human bone 

morphogenetic protein-2 (rhBMP-2)
Rifampicin/miconazole (RM), 369
Rimplast™, 352
RM. See Rapamycin (RM); Rifampicin/

miconazole (RM)
RM bilayered grafts. See BioSpan®–

Rapamycin bilayered grafts (RM 
bilayered grafts)

RNE. See Recurrent neurological events 
(RNE)

ROS. See Reactive oxygen species (ROS)
RSNOs. See S-nitrosothiols (RSNOs)

S

S-nitroso-N-acetylpenicillamine (SNAP), 
420–421

S-nitrosocysteine (CysNO), 420–421
S-nitrosoglutathione (GSNO), 420–421
S-nitrosothiols (RSNOs), 269, 420–421
Sacrificed fiber method, 550, 550f
Salt leaching/phase inversion technique, 

486–487
SANS. See Small-angle neutron scattering 

(SANS)
SAXS. See Small-angle X-ray scattering 

(SAXS)
SB. See Sulfobetaine (SB)
SBF. See Simulated body fluid (SBF)
SC. See Static cultivation (SC)
SC/PL. See Solvent casting/particle leaching 

(SC/PL)
Scaffold(s)

biocompatibility, 579–580
controlled pharmaceutical release, 585–586
degradable, 586–588
endovascular treatments, 583–584
fabrication techniques, 562

electrospinning, 568–569
emulsion templating, 564–566, 565f
gas blowing, 563–564
particle leaching, 566–568
polymer film fabrication, 563

porosity, 566–567
recanalization, 582–583
thrombus formation, 580–581
tissue engineering applications, 584–585
in vivo degradation, 621–626

Scanning electron microscopy (SEM), 
38–43, 50, 360, 602–603

antibiofilm formation performance, 42f
images of platelet adhesion, 40f
images of polyurethane samples, 43f
surface modification of polyurethane with 

DMH group, 41f
Sciatic function index (SFI), 600–601
Sciatic nerve defect rat model (SD rat 

model), 617
SCOPE. See Surveillance and Control 

of Pathogens of Epidemiological 
Importance (SCOPE)

SD rat animal models. See Sprague–Dawley 
rat animal models (SD rat animal 
models)

SD rat model. See Sciatic nerve defect rat 
model (SD rat model)

SDS. See Sodium dodecyl sulfate (SDS)
Seal optimization, 644–648
Sealed BTM, 641–642
Secondary ion mass spectrometry (SIMS), 

37–38
“Seeding dispersal”, 360–361
Segmented poly(carbonate urethane urea) 

(SPCUU), 462
Segmented poly(ester urethane urea)s 

(SPEsUUs), 463
Segmented poly(ester urethane) (SPEsU), 

463
Segmented poly(ether urethane urea)s 

(SPEUUs), 461–462
Segmented poly(ether urethane)s (SPEUs), 

457
Segmented poly(urethane urea)s (SPUUs), 

457
Segmented polyurethane elastomers, 4–5
Segmented polyurethanes (SPUs), 150–151, 

171, 227, 319–320, 456–457
compositional effects on degradation rate, 

15–16
compositional effects on mechanical 

properties, 12–15
hard segment chemistry, 8–9
heparin modified surface, 322f
hierarchal structure–property relationships 

of, 3
microphase separation, 10–12
as multiblock type polymer, 321f
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with PC group, 330f
polymerization, 4f
reaction linkage with isocyanate, 5f
soft segment chemistry, 5–8
structural characteristics as blood-com-

patible materials, 319–321
structure, 3–5

Selective laser sintering (SLS), 156–158
Selectophore™, 461
SEM. See Scanning electron microscopy 

(SEM)
Serinol, 219
SFI. See Sciatic function index (SFI)
Shape memory alloys (SMAs), 561
Shape memory effect (SME), 561
Shape memory polymer (SMP), 226–227, 

561
embolization, 569–579
occlusion, 569–579
scaffolds

biocompatibility, 579–580
controlled pharmaceutical release, 

585–586
degradable, 586–588
endovascular treatments, 583–584
fabrication techniques, 562–569
recanalization, 582–583
thrombus formation, 580–581
tissue engineering applications, 

584–585
Short-term implantation, 648–649
Silatecan, 237
Silk fibroin, 456
Silver, 371, 435

nanoparticle-containing polyurethanes, 
267–269

silver-treated intravascular catheters, 369
Silver-and metal-containing polyurethanes

metal-and silver ion-containing polyure-
thanes, 265–267

silver nanoparticle-containing polyure-
thanes, 267–269

SIMS. See Secondary ion mass spectrometry 
(SIMS)

Simulated body fluid (SBF), 127, 128f
Single wall carbon nanotubes (SWCNTs), 

178–179, 182–183
SIRS. See Systemic inflammatory response 

syndrome (SIRS)

Skeletonization, 574–575
Skin

graft replacement, 633–634
loss, 632–633
structure and function, 634

SLA. See Stereolithography (SLA)
SLS. See Selective laser sintering (SLS)
Small-angle neutron scattering (SANS), 

177–178
Small-angle X-ray scattering (SAXS), 

10–12
Small-diameter vascular grafts, 452

biomimetic mechanical response, 
452–454

characterization of mechanical behavior
burst pressure tests, 455–456
pressure–diameter tests, 454–455
suture retention tests, 455–456
uniaxial tensile tests, 454
in vivo, 456

vascular tissues, 451–452
Smart PU materials, 162
SMAs. See Shape memory alloys (SMAs)
SMCs. See Smooth muscle cells (SMCs)
SME. See Shape memory effect (SME)
Smooth muscle cells (SMCs), 77–78, 451
SMP. See Shape memory polymer (SMP)
SNAP. See S-nitroso-N-acetylpenicillamine 

(SNAP)
Sodium dodecyl sulfate (SDS), 197–198
Soft segment chemistry, 5. See also Hard 

segment chemistry
polyester

diol structures, 6t
soft segments, 5–6

polyether
diol structures, 7t
soft segments, 6–7

triblock
diol structures, 7t
soft segments, 7–8

Soft segment effect, 12–14
degradation rate, compositional effects 

on, 15
mechanical properties, compositional 

effects on, 12–14
Soft-tissue engineering, 456–457

polyurethane coculture systems for, 85
Solution casting technique, 173
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Solution viscosity, 568–569
Solvent, 546
Solvent casting/particle leaching (SC/PL), 

503–506, 532
SPAAC. See Strain-promoted azide–alkyne 

cycloaddition (SPAAC)
SPCUU. See Segmented poly(carbonate 

urethane urea) (SPCUU)
SPEsU. See Segmented poly(ester urethane) 

(SPEsU)
SPEsUUs. See Segmented poly(ester 

urethane urea)s (SPEsUUs)
SPEUs. See Segmented poly(ether urethane)

s (SPEUs)
SPEUUs. See Segmented poly(ether 

urethane urea)s (SPEUUs)
SPIO NPs. See Superparamagnetic iron 

oxide nanoparticles (SPIO NPs)
SPIO–PU NPs. See Superparamagnetic iron 

oxide polyurethane nanoparticles 
(SPIO–PU NPs)

SPR. See Surface plasmon resonance (SPR)
Sprague–Dawley rat animal models (SD rat 

animal models), 600–601
SPU/block-type PMEH membrane, 339
SPU/MPC polymer prosthesis, 336–337
SPUs. See Segmented polyurethanes  

(SPUs)
SPUUs. See Segmented poly(urethane urea)

s (SPUUs)
Standard test protocol, 53
Static cultivation (SC), 394
Static platelet adhesion trials, 298
Static sessile drop, 27
Stem cells, 85

biodegradable polycaprolactone- 
containing polyurethanes, 86

commercial degradable polyurethanes, 
86–87

injectable degradable polyurethanes, 87
Stereolithography (SLA), 156–159
Stimuli-sensitive polyurethane drug delivery 

systems, 89
Strain-promoted azide–alkyne cycloaddition 

(SPAAC), 125
Streptavidin-coated polyurethane–urea 

nanoparticle, 201
Stroke, 387
Structural morphology, 11–12

Structured surfaces
platelet adhesion on, 304–307
protein adsorption on, 307–309

Structure–property relationships, 12
Sulfobetaine (SB), 465
Superparamagnetic iron oxide nanoparticles 

(SPIO NPs), 229
Superparamagnetic iron oxide polyurethane 

nanoparticles (SPIO–PU NPs), 229
Surface characterization techniques for PU 

biomaterials, 23
antibiofilm efficacy, 56–63
antimicrobial efficacy test, 51–55
CA, 25–30
friction measurement, 23–25
hemocompatability measurement, 49–51
protein adsorption test, 44–47
SEM, 38–43
SIMS, 37–38
XPS, 30–35

Surface modification, 465
Surface plasmon resonance (SPR), 44
Surface properties, 608–609

of polyurethane biomaterials, 62–63
Surface structuring, 287–288, 301–304, 

305f, 307–308
topography, 251–253

Surface topography-modified polyurethanes, 
250–256

Surface–liquid interactions, 290–292. See 
also Blood–material interactions; 
Chemical surface modification; 
Physical surface modification

Surveillance and Control of Pathogens 
of Epidemiological Importance 
(SCOPE), 362

Suture retention tests, 455–456
SWCNTs. See Single wall carbon nanotubes 

(SWCNTs)
Synergetic antibiofouling, 256–257
Synthetic polymers, 396
Systemic inflammatory response syndrome 

(SIRS), 356

T

Tachycardia, 388
TAT complex. See Thrombin–antithrombin 

complex (TAT complex)
Taylor cone, 507
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TBSA. See Total body surface area (TBSA)
TDD. See 3,7,11-trimethyl-2,6,10- dodecatrien-

1-diaminobutane amide (TDD)
TDI. See Toluene diisocyanate (TDI)
TDMAC. See Tridodecylmethylammonium 

chloride (TDMAC)
TE. See Tissue engineering (TE)
TEA. See Triethylamine (TEA)
Tecoflex® EG-80A, 467–468
Tecothane™ surface, 39–40
Tecothane™ surface modifications, 47, 48f
TEM. See Transmission electron microscope 

(TEM)
Temperature-responsive polyurethane 

nanoparticle, 204
TENG. See Tissue engineered vascular graft 

(TENG)
TERM. See Tissue engineering/regenerative 

medicine (TERM)
Tetrahydrofuran (THF), 90, 459–460, 

503–506, 546, 563
Tetramethylsilane (TMS), 602–603
Texin® Rx85A, 460–461
Textured polyurethanes, 251, 252f, 253, 

256–257, 256f
TFA. See Trifluoroacetic acid (TFA)
TGA. See Thermogravimetric analysis 

(TGA)
Theranostic nanoparticle usage, 210
Thermally induced phase separation (TIPS), 

90, 120, 397–398, 463–465, 503, 
506, 532

Thermodynamics, 10–11
Thermogravimetric analysis (TGA), 182–183
Thermoplastic polyurethane (TPU), 24, 

152–153, 158, 232, 507
THF. See Tetrahydrofuran (THF)
3D printing, 156–158

classification, 157f
low-temperature printing process, 

160–162
PU applications, 156–158

biodegradable, 158–159
PU as candidate material

biodegradable polyurethanes, 155–156
biomedical polyurethanes, 154–155
history and general terminology, 

149–151
PU synthesis, 152–154, 152f

Thrombin time (TT), 293–295
Thrombin–antithrombin complex (TAT 

complex), 300
Thrombogenicity, 457, 465
Thrombosis, 417
Thrombus formation, 580–581
Tilting stage method, 28, 28f
Time-of-flight (TOF), 37–38
TiN. See Titanium nitride (TiN)
TiOx. See Titanium oxide (TiOx)
Tip diameter, 547
TIPS. See Thermally induced phase 

separation (TIPS)
Tissue engineered vascular graft (TENG), 

125–127
Tissue engineering (TE), 4–7, 186, 548. See 

also Vascular tissue engineering, 
polyurethanes for

applications, 77, 584–585
electrospun polyurethane scaffolds in, 

552, 552f
abdominal wall reconstruction, 
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blood vessel tissue engineering, 
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cardiac tissue engineering, 554
heart valve tissue engineering, 555

Tissue engineering/regenerative medicine 
(TERM), 394–395

Tissue factors, 288
Tissue regeneration, 523, 532, 536–537
Titanium nitride (TiN), 295
Titanium oxide (TiOx), 295
TMS. See Tetramethylsilane (TMS)
Tobramycin, 493–494
Toe spread (TS), 606
TOF. See Time-of-flight (TOF)
Toluene diisocyanate (TDI), 8, 149–150, 

219
Total body surface area (TBSA), 637
TPU. See Thermoplastic polyurethane 

(TPU)
Trackability measurement, 24–25, 26f
Transmission electron microscope (TEM), 

607
Triblock polyurethane composition, 34t
Triblock soft segments, 7–8
Tridodecylmethylammonium chloride 

(TDMAC), 367
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Triethylamine (TEA), 92
Trifluoroacetic acid (TFA), 546
3,7,11-trimethyl-2,6,10-dodecatrien-1-diam-

inobutane amide (TDD), 79
Tryptic soy broth (TSB), 364–365
TS. See Toe spread (TS)
TSB. See Tryptic soy broth (TSB)
TT. See Thrombin time (TT)
Two-component polyurethanes, 482–483
Tygon tubing, 424–425
Tyrosine–isoleucine–glycine–serine–

arginine (YIGSR), 298, 421–422
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UBPLP. See Urethane-doped biodegradable 
photoluminescent polymers (UBPLP)

Uniaxial stress–strain experiments, 392–393
Uniaxial tensile tests, 454
Unique collector design, 549
Unsealed BTM, 641–642
UPE-click. See Urethane-doped polyester 

clickable prepolymer (UPE-click)
Urethane (–NHCOO–), 149, 217, 219

bonds, 226
Urethane-doped biodegradable photolu-

minescent polymers (UBPLP), 
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Urethane-doped polyester clickable 
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Urethane-forming hydroxyl–amino coupling 
reactions, 139–140

Urethane/urea chemistry, 115
citrate-based urethane-doped polyesters, 

116–130
as cross-linking method, 138
as functionalization method

functional groups, 137
isocyanates, 138

functionalization of polyurethanes, 135–137
functional groups into polyurethanes, 

136–137
functionalization methods, 135–136

nonisocyanate-based urethane reactions, 
139–140

reactions, 116f
waterborne polyurethane biomaterials, 

130–135
Usnic acid, 370

V

Valvular regurgitation, 388
Valvular stenosis, 388
Vancomycin, 494–495
Vascular endothelial growth factor (VEGF), 

397–398
Vascular grafts, 125–127, 357
Vascular malformations, 573–574
Vascular prosthesis, 319

fibrous polyurethane, 337f
small-diameter, 336–337, 336f

Vascular smooth muscle cells (VSMCs), 80
Vascular tissue engineering, polyurethanes for

biodegradable polyurethane-based 
vascular grafts, 457–465, 464t

biostable polyurethane-based vascular 
grafts, 457–465, 458t–459t

natural polymers, 456
polyurethane blend vascular grafts, 

465–470, 466t
Vascular tissues, 451–452
Vegetable oils, 132

vegetable oil-based polyols, 132
VEGF. See Vascular endothelial growth 

factor (VEGF)
Venous insufficiency, 576–577
Venous stasis ulcers, 576–577
Virchow triad, 288, 290f
VOCs. See Volatile organic compounds 

(VOCs)
Voids, 564–565

size, 566
Volatile organic compounds (VOCs), 130
Voltage, 546
von Willebrand factor (vWF), 288, 308, 

552–553
VSMCs. See Vascular smooth muscle cells 

(VSMCs)
vWF. See von Willebrand factor (vWF)

W

W/O nanoemulsion. See Water-in-oil 
nanoemulsion (W/O nanoemulsion)

Walking track analysis, 606
Water, 482–483

reaction, 482
Water-in-oil nanoemulsion (W/O 

nanoemulsion), 196–197
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Waterborne biodegradable polyure-
thanes. See also Biodegradable 
polyurethanes

degradation profiles of 3D-printed 
scaffolds, 161f

low-temperature printing process, 
160–162

3D-printed scaffolds, 161f
Waterborne polyurethane (WBPU), 509

biomaterials, 130–135
applications, 135
design and synthesis, 130–134
WBPU technology, 130

Waterborne PU, 153
WBPU. See Waterborne polyurethane 

(WBPU)
Well-defined structure polymers, 338–340
Wenzel wetting model, 253
“Wet-electrospun” scaffold, 550–551
Wilhelmy plate method, 28–30, 29f
World Health Organization, 349
Wound healing, 432–434

X

X-ray diffraction (XRD), 176–177
of organically modified Closite-30B 

nanoclay, 177f
of PU, 176f

X-ray photoelectron spectroscopy (XPS), 
30–35

antimicrobial activity and, 36t
C1s spectra at takeoff angle, 34f
comparison coating with MPC polymers, 

32f
composition comparison, 33t
Pellethane® TPU chemical structure and 

coating polymers, 31f
surface enriching antimicrobials 

synthesis, 35f
surface ether carbon content, 35f
synthesis route of oligomeric 

polyurethane, 32f
triblock polyurethane composition, 34t

X-ray photoelectron spectroscopy (XPS), 
319–320

Y

YIGSR. See Tyrosine–isoleucine–glycine–
serine–arginine (YIGSR)

Young’s equation, 25–26, 290

Z

Zeolites, 171–172
Zone of inhibition test (ZOI test), 40–41, 

53, 54f
zPDEM–PU19, 44–46
Zwitterionic groups, 31–33, 325–326, 325f


