
Synthetic Materials: Processing and Surface
Modifications for Vascular Tissue
Engineering

William E. King III, Benjamin A. Minden-Birkenmaier, and
Gary L. Bowlin

Contents
1 Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 138

1.1 Ideal Mechanical Properties . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 140
2 Synthetic Polymers . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 140

2.1 Non-resorbable Polymers . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 142
2.2 Bioresorbable Polymers . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 146

3 Methods of Fabrication . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 156
3.1 Knitting and Weaving . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 156
3.2 Electrospinning . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 158
3.3 Sponges . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 160

4 Surface Modification . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 161
4.1 Methods of Surface Modification . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 161
4.2 Materials of Surface Modification . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 169

5 Conclusions . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 177
References . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 177

Abstract

Cardiovascular disease is a prominent issue in developed countries, notably the
United States, and is expected to further escalate. As a result, the demand for “off
the shelf” vascular grafts will concurrently increase. These readily available grafts
for large vessels (>6 mm) are already on the market in the United States and
Europe, but reliable products for small diameters vessels have eluded researchers
and industry alike. In this chapter, the ideal attributes of a small diameter
vascular graft are considered. Prominent synthetic polymers, subdivided into
non-resorbable and resorbable, used in vascular grafts are covered. Each poly-
mer’s history, bulk mechanical properties, degradation mechanisms, and notable
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implementation by researchers are discussed, followed by significant methods
of fabrication to construct vascular grafts out of these materials. Subsequently,
methods to modify graft surfaces and the materials that can be used to modify
these surfaces are covered.

1 Introduction

Each year, more than 17 million people worldwide die from cardiovascular disease,
accounting for nearly 20% of all deaths in 2015, and is projected to rise to nearly 24%
of all deaths in 2030 (World Health Organization 2013). Many of these cases involve
atherosclerotic narrowing of arteries which interferes with the perfusion of vital organs,
causing ischemic events that damage or destroy precious tissues. Arteries blocked in
this way are often replaced surgically, with approximately 400,000 coronary artery
bypass surgeries performed within the United States in 2016 (Alexander and Smith
2016). Autologous sources of vascular replacements are often limited because of
disease or the necessity for multiple replacements per patient; therefore, there is a
need for vascular substitute materials that can serve as long-term vascular grafts. Early
attempts at developing these materials involved tubes constructed from silk, metal,
nylon, glass, and ivory, which were quickly occluded by thrombosis (Greenwald and
Berry 2000; Xue and Greisler 2003). The discovery of the polymeric materials
polyethylene terephthalate (PET, commonly referred to as Dacron) and expanded
polytetrafluoroethylene (ePTFE, commonly referred to as Gore-Tex) became commer-
cial successes as the Food and Drug Administration (FDA) approved vascular grafts.
These materials work adequately for grafts with inner diameters larger than 6 mm, but
smaller diameters experience high failure rates. Acutely these grafts fail via thrombosis
while chronically they fail through hyperplasia and infection (Abbott et al. 1987;
Greenwald and Berry 2000; Salacinski et al. 2001). Hyperplastic failure can be further
divided into intimal hyperplasia occurring at the midgraft and anastomotic hyperplasia
occurring around the suture site. Hyperplasia is a reactive cellular change due to insult
or injury. Thus, there is a further need to develop biomaterials with optimal tissue-
material interactions that can succeed in these small diameter graft applications.

Physiology determines the design criteria. The ideal vascular graft, especially for
small diameter applications, must embody numerous design criteria in order to be
successful (Table 1).

The ideal vascular graft must have mechanical properties close to that of the native
vessel, namely circumferential and longitudinal compliance, while having equal to or

Table 1 Ideal attributes of a synthetic vascular graft

Ease of surgical handling Infection resistant Flexible

Durable during tissue ingrowth Biocompatible Non-thrombogenic

Suture retention Kink resistant Porous while leak resistant

Matched compliance of native
artery

Resistant to aneurysm
formation

Off the shelf/readily
available
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superior burst strength. Failure to match the compliance of small diameter grafts with
the perianastomotic vasculature will result in thrombosis, aneurysm dilatation, and
hyperplasia (Brossollet 1992; Greenwald and Berry 2000; Klinkert et al. 2004; Wise
et al. 2011). Furthermore, it must resist collapsing or forming kinks while maintaining
flexibility. The material should also be biocompatible, which encompasses both the
bulk material and any leachables. The ideal vascular graft should be porous enough to
allow for cell and capillary ingrowth to facilitate tissue regeneration (Walpoth and
Bowlin 2005). In order to best achieve tissue regeneration, vascular grafts need to be
replaced by native tissue over time to facilitate new, functional tissue formation. The
process of dissolution of a biomaterial in vivo is termed biodegradation. If the degra-
dation products are among those naturally processed in the body, the dissolution of
these materials is termed bioresorption.

The ideal bioresorbable vascular graft should create a favorable environment
for cellular ingrowth and remodeling. Immediately after a biomaterial is
implanted, blood proteins such as albumin, fibrinogen, and IgG begin to adsorb
onto the surface of the material in a phenomenon known as the Vroman effect. In
this process, high mobility proteins adsorb first and are gradually replaced by low
mobility proteins with higher surface affinity (Vroman and Adams 1969). The
initial surface chemistry will determine the composition of the new protein
surface and consequently set the stage for cellular interactions. Subsequently,
platelets begin to adhere to the material followed by nucleated cells. The first
nucleated cell to respond to the foreign material is the neutrophil, followed then
by macrophages and other immune cells. Next, endothelial cells, smooth muscle
cells, and their progenitors migrate into the graft. In many animal models, the
endothelial cells and smooth muscle cells migrate inwards from the anastomosis
of the native vessels into ends of the graft in a process known as trans-anasto-
motic ingrowth. Trans-anastomotic ingrowth is sufficient in many animal models,
but reliance on this type of migration in humans limits the practical length of a
graft that can be used. After months of implantation, ingrowth is limited to
millimeters (Davids et al. 1999; Zilla et al. 2007). As an alternative mode, cell
ingrowth can occur through transmural migration, and in this process, capillaries
grow into the exterior walls of the vessel or graft to source progenitor cells.
It is hypothesized that this mode of regeneration will be required as the primary
mechanism in humans (Row et al. 2015). Through these mechanisms, the ideal
vascular graft would allow for the growth of endothelial cells to develop a layer
that contacts the blood and communicates with the surrounding cells via signal-
ing mechanisms. The formation of this cellular neointima would be non-
thrombogenic, infection resistant, and curtail intimal hyperplasia. It has been
reported that pores between 18 and 50 μm in diameter promote endothelial cell
attachment and neointima formation (Mathews et al. 2012; Matsuda and
Nakayama 1996; Narayan and Venkatraman 2008). Evidence suggests that the
disruption of this endothelial cell layer signaling is a major factor in intimal
hyperplasia and graft failure, thus its development and maintenance are para-
mount (Jeschke et al. 1999; Melchiorri et al. 2013). For a bioresorbable vascular
graft approach, the material should be biodegraded at a specific rate, so that as
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cells infiltrate and make their own extracellular matrix, the construct will be
replaced without loss of mechanical performance. This would result in no extra-
neous material left in the body and a reconstructed native vessel that would
maintain itself.

1.1 Ideal Mechanical Properties

The primary mode of chronic vascular graft failure is thought to be compliance
mismatch (Abbott et al. 1987; Salacinski et al. 2001). The sites of anastomosis in a
vascular graft always experience a decrease in diameter and a decrease in compliance
due to the nature of the graft material and suturing technique. Inexplicably, the
region of a few millimeters on either side of the suture experiences a significant
increase in compliance. This region is referred to as the para-anastomotic hyper-
compliance zone (PHZ). In detail, the region proximal to the anastomotic suture has
a high mean shear stress and relatively low oscillation compared to the mean, while
the distal region has a low mean shear stress with a high degree of oscillation.
This circumstance gives rise to anastomotic hyperplasia through three proposed
mechanisms: (1) excess mechanical stress leads to wall injury, (2) excessive cyclic
stressing activates smooth muscle cells to proliferate and produce ECM, and (3) the
increased compliance regions result in increased stasis of blood solutes (Bassiouny
et al. 1992; Salacinski et al. 2001; Sottiurai et al. 1988; Stewart and Lyman 1992).
It is therefore paramount to design novel vascular grafts that closely match
native arterial compliance in order to prevent the formation of a PHZ zone, resulting
in anastomotic hyperplasia and failure. In the literature, numerous studies have
measured the mechanical properties of human vessels to serve as a reference for
the creation of man-made grafts. Due to the inhomogeneity of human physiology
and variations in testing protocols, no single value exists for vessel compliance or
any other mechanical properties. Furthermore, the primary recipient population for
vascular grafts are those with poorly functioning vessels. As a result, those
vessels will have distinctly different trends in mechanical properties than their
healthy counterparts, posing a further challenge to researchers. Currently, the only
option researchers have is to use the reported properties of native vessels (Table 2) as
a guideline and observe the results of future human clinical trials.

2 Synthetic Polymers

From the criteria of an ideal vascular graft, there are currently a limited number of
materials that can be implemented in vivo. This book chapter covers the foremost
synthetic materials that have been used as the primary mechanical structure in
vascular grafts. Afterwards, prominent surface modification techniques to improve
performance are covered.
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2.1 Non-resorbable Polymers

2.1.1 PET [Poly(Ethylene Terephthalate)]
A number of non-resorbable polymers have been used to construct vascular grafts,
with varying success. Poly(ethylene terephthalate) (PET, Fig. 1), commercially best
known as Dacron, was first used in 1957 as a successful nonbiological vascular
graft material (Hess 1985). The bulk properties of PET include a fiber-oriented
tensile strength of 170–180 MPa and a tensile modulus of 14 GPa (Lawton and
Ringwald 1989). Dacron is hydrophobic, reducing the ability of endothelial cells
to adhere to the surface (Dekker et al. 1991). PET threads are either knitted or
woven; woven grafts have minimal porosity and creep, while knitted grafts are more
porous and distend further in the radial direction. The knitted grafts are often pre-
clotted with gelatin, collagen, or albumin before implantation to reduce leakage of
blood through the graft (Cziperle et al. 1991; Jonas et al. 1988; Scott et al. 1987).
Both the knitted and woven grafts are reinforced with flexible rings to improve the
resistance of the graft to the compressive forces created by the surrounding tissue
(Xue and Greisler 2003). As a biostable polymer, Dacron grafts can last over
10 years in the body without deteriorating, with no significant differences in graft
patency between the knitted and woven grafts (Quarmby et al. 1998). Unlike the
ideal vascular graft, Dacron grafts do not facilitate significant cellular infiltration
but alternatively use adherent proteins to form the blood-contacting layer. In the
first several hours after implantation, a layer of platelets, fibrin, lipoprotein, IgG,
albumin, and cells from circulating blood builds up on the luminal side of the graft,
compacting into a permanent coagulum over a period of months (Davids et al. 1999;
Dekker et al. 1991). On the extramural side of the graft, a layer of foreign body giant
cells forms outside the graft wall, which is then surrounded by a fibrous tissue
capsule that walls off the graft from the rest of the body. Due to the reliance on
cellular migration from the ends of the graft, Dacron grafts typically have an
acellular midgraft fibrin layer (Xue and Greisler 2003).

2.1.2 ePTFE [Expanded Polytetrafluoroethylene]
Expanded polytetrafluoroethylene (ePTFE), commercially best known as Gore-Tex,
is a material derived through a post-processing modification of poly-
tetrafluoroethylene (PTFE, Fig. 2) (Shalaby 1996). ePTFE is the only current
synthetic clinical alternative to Dacron vascular grafts and has been used in vascular
grafts since the 1970s (Gandhi et al. 1993; Ravari et al. 2010). Specifically, ePTFE

Fig. 1 Monomer structure of
poly(ethylene terephthalate)
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grafts are created by stretching and expanding tubes of polytetrafluoroethylene to
create small pores defined by nodes and fibrils. The expanding process can be highly
tailored to give consistent, controllable pore sizes. Thus, mechanical properties and
porosity are highly variable for the given application. The preprocessed material,
PTFE, has a tensile modulus of elasticity of 0.5 GPa and a tensile strength of 14 MPa
(Lee et al. 1995). Polytetrafluoroethylene does not biodegrade within the body,
meaning that these grafts are non-resorbable, and its electronegativity minimizes
the adherence of blood proteins to the luminal surface (Xue and Greisler 2003).
Nevertheless, upon implantation, a fibrin/platelet layer develops on the luminal
surface of the graft which, like the Dacron graft, is acellular in the midgraft region
(Bellon et al. 1996; Sottiurai et al. 1983). Failure rates of both the Dacron and ePTFE
grafts are similar regardless of implantation site, but the success of these grafts is
higher in areas of high-velocity blood flow such as the aorta (Friedman et al. 1995;
Polterauer et al. 1992; Prager et al. 2001). In general, these synthetic grafts have
lower patency rates than grafts fashioned of autologous venous tissue (Friedman
et al. 1995; Green et al. 2000; Post et al. 2001). It is thought that the noncompliant
nature of both ePTFE and Dacron is an underlying cause of graft failure, because
it creates unusually high stresses at the juncture of the graft and the more compliant
native tissue (Salacinski et al. 2001).

2.1.3 PU [Polyurethane]
The use of polyurethane (PU, Fig. 3) as a blood-compatible biomaterial was first
notably explored by Boretos et al. in the late 1960s (Boretos and Pierce 1968). In
order to address concerns about compliance mismatch between graft and native
vessel, a significant amount of research has been invested in PUs as vascular grafts.

Fig. 2 Monomer structure of
polytetrafluoroethylene

Fig. 3 Representative structure of a polyurethane monomer
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PU’s low elastic modulus, increased compliance, and closer match in mechanical
properties to the properties of native vessels mark it as a potential improvement
over Dacron and ePTFE (Bos et al. 1998; Wang et al. 2007). On the molecular level,
three domains comprise PUs: a “soft” domain (usually polyol), an “extending”
domain, and a diisocyanate “hard” domain. The sizes of these domains can
be controlled during the formation process to modify the properties of the final
product. For instance, using longer polyol “soft” chains makes the final product more
elastic, while increased crosslinking via increasing the ratio of “hard” to “soft”
domains creates a more rigid product (Guo et al. 2007; Sarkar et al. 2007; Soto
et al. 2014). Thus, the radial compliance of a PU graft can be controlled to more
closely match the compliance of the native vessel to which the conduit will be
sutured, minimizing the potential for intimal hyperplasia. The material tailorability
results in a wide range of material properties with a tensile strength of 20–50 MPa
and a tensile modulus of 5–1150 MPa (Coury et al. 1988). Additionally, PUs have
been shown to seal themselves around punctures, such as those created when a
vascular graft is stitched to the end of a native artery, and have low thrombogenicity
(Edwards et al. 1995; Seifu et al. 2013).

Despite the promising in vivo results of PUs as vascular grafts in animals, their
first clinical trial in the 1990s was aborted due to 8 of 15 grafts becoming completely
occluded due to kinking, deterioration, and anastomotic mismatch (Zhang et al.
1997). Subsequent examinations concluded that the polyester polyols used to create
the PUs degraded hydrolytically, contributing to unexpected degradation of
the grafts (Santerre et al. 1994). Polyether groups were then substituted for
the polyester groups to create new trial PUs, but while these materials avoided
hydrolysis, they were more vulnerable to oxidative degradation, rendering them
equally ineffective. A PU made from polyetherurethaneurea had some success when
used as a vascular access graft, although these grafts required more frequent endo-
vascular intervention relative to the transposed brachial-basilic fistula controls
(Kakkos et al. 2008).

More recently, PUs made from polycarbonate have been investigated. These PUs
are not susceptible to hydrolytic or oxidative degradation and have improved rates
of endothelialization relative to ePTFE grafts in a rat aorta model (Jeschke et al.
1999). However, canine model trials of polycarbonate-based PU grafts have shown
varying results. One study of a Dacron-reinforced polycarbonate-based PU tube
demonstrated a high degree of thrombus formation when used as an abdominal aorta
replacement, while another study using poly(carbonate-urea)urethane tubes as
canine aorta-iliac replacements reported little-to-no thrombogenicity (Seifalian
et al. 2003; Xie et al. 2010). The second graft had the advantage of a microporous
honeycomb structure lining the luminal surface which allowed for endothelial cell
attachment; after 18 months in vivo, the explanted grafts had extensive collagen
deposition and endothelialization covering the luminal surface (Seifalian et al.
2003). This tissue ingrowth prevented both intimal hyperplasia at the anastomoses
and delamination of tissue from the luminal surface, which have been demonstrated
as frequent causes of graft thrombosis in PU grafts without a porous luminal
structure (Marois et al. 1993; Martz et al. 1988). As such, poly(carbonate-urea)
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urethane tubes incorporating this microporous honeycomb structure represent
a significant improvement over previous attempts.

Further exploration of PUs involved using siloxanes such as poly-
(dimethylsiloxane) as the soft segment, as these formulations are also resistant to
degradation through hydrolytic or oxidative mechanisms (Gunatillake et al. 2003).
In a 2010 study, Soldani et al. constructed 5 mm inner-diameter grafts using a
siloxane-based PU blend (Fig. 4) which were then used to replace sections of the
sheep’s common carotid arteries over a period of 24 months. All of these grafts
remained patent and free of occlusion for the entire 24-month period. These findings
represented a significant improvement over the ePTFE controls (Fig. 5), half of
which became completely occluded in as little as 6 months. After 6 months, a
homogeneous neointima was observed in the siloxane-PU grafts, while the neo-
intima of the ePTFE grafts was described as “patchy,” and unlike the ePTFE grafts,
the siloxane-PU grafts showed no signs of calcification. Calcification is a pathologic
process which results in stiffening and ultimately contributes to the failure of a graft.

Fig. 4 (a) Siloxane-PU graft 6 months after implantation. Note neointima partially covering
luminal surface extending inward from the anastomoses. (b) Histological section near proximal
anastomosis showing thick neointimal formation, with arrows pointing to the front of the resorption.
Lumen is at the top. (c) Close-up of neointimal formation near distal anastomosis, showing
fibroblast or myofibroblast-like cells. Lumen is at bottom left. (Reprinted from Biomaterials
31:2592-2605, Soldani et al., Long term performance of small-diameter vascular grafts made of a
poly (ether) urethane–polydimethylsiloxane semi-interpenetrating polymeric network, Copyright
(2010), with permission from Elsevier)
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However, the siloxane-PU grafts had a higher level of surrounding fibrovascular
tissue which could potentially limit their long-term distensibility and compliance.
It is important to note though that post-explantation mechanical properties were not
tested. Moreover, the siloxane-PU grafts had slower rate of endothelialization than
the ePTFE grafts, with endothelial cells migrating from the proximal and distal
segments. This reduced rate was theorized to be a result of a dense fibro-lamellar
layer formed on the outside of the graft, which blocked capillary infiltration from the
perigraft tissue (Soldani et al. 2010). Future iterations of this graft with a more
porous outer layer may be more successful with endothelialization.

2.2 Bioresorbable Polymers

A prevailing bioresorbable graft strategy is to use a slowly degrading polymer so
that as cells infiltrate the graft and produce their own extracellular matrix, the

Fig. 5 (a) ePTFE graft 6 months postimplantation. Note the thin, patchy neointima and the thrombus
formation midgraft. (b) Histological section of ePTFE graft near proximal anastomosis showing
ossification and thin neointimal capsule on graft lumen. (c) Histological section of ePTFE graft near
distal anastomosis, showing delamination of ePTFE and limited perigraft tissue infiltration, with no
neointima visible on lumen. All sections stained with Masson’s trichrome staining. (Reprinted from
Biomaterials 31:2592-2605, Soldani et al., Long term performance of small-diameter vascular grafts
made of a poly (ether) urethane–polydimethylsiloxane semi-interpenetrating polymeric network,
Copyright (2010) with permission from Elsevier)
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polymer can slowly be removed, i.e., hydrolysis and replaced with natural
tissue. Such biodegradation must be carefully tuned so as not to weaken the graft
before enough load-bearing natural tissue is present. Thus, research has focused on
developing grafts out of polymers and polymer blends whose degradation can be
finely controlled.

2.2.1 PGA [Polyglycolic Acid]
Polyglycolic acid (PGA, Fig. 6) is a rigid thermoplastic first employed in the medical
field as suture material in 1962 under the trade name Dexon (Gilding and
Reed 1979). The polymer has a high degree of crystallinity at 46–50%, is
hydrophilic, and has a tensile strength of 12.5 GPa (Pathiraja and Adhikari 2003;
Ulery et al. 2011). PGA is not soluble in most organic solvents and is rapidly
degraded hydrolytically. Specifically, the degradation mechanism occurs in two
steps. First, water diffuses in into the amorphous regions of the polymer and
results in hydrolytic chain scission of the ester groups. Second, the degradation
of the crystalline regions of the polymer occurs (Pathiraja and Adhikari 2003). The
degradation product glycolic acid is a component of the citric acid cycle and is
readily processed in vivo. This process occurs rapidly and results in a loss of
mechanical strength over 2–4 weeks (Pachence and Kohn 1997).

In 1982, Greisler et al. studied how PGA grafts behaved in a rabbit animal model.
The grafts consisted of woven PGA with a fiber diameter of 3.5 mm and a longitu-
dinal suture made of 6-0 polypropylene to form a cylinder. The weave of the graft
had a pore size of 400 μm and a filament diameter of 250 μm. Under anesthesia,
rabbits had 24 mm of infrarenal aorta resected and replaced with a graft. Forty-five
rabbits were sacrificed and evaluated between 2 days and 7.5 months. The study
showed the degradation of the grafts between 3 weeks and 2 months. Seventy-six
percent of the graft specimens show parallel walls with the original 3–4 mm internal
diameter. Eleven percent of the grafts showed moderate true aneurysmal dilatation
(5–10 mm). Thirteen of the grafts showed severe intimal hyperplasia. One-month
postimplantation revealed that the luminal surface was lined with a confluent layer of
cells that had the morphology and functionality of endothelium (Greisler 1982). The
authors note that the rabbit model is limited in external validity in that human pannus
ingrowth is limited to approximately 1 cm at each anastomotic site. Due to PGAs
rapid degradation timescale, PGA is frequently used as a copolymer to alter its
properties.

2.2.2 PLA [Polylactic Acid]
Polylactic acid (PLA, Fig. 7) was discovered in 1932 by Wallace Carothers at
DuPont. It was not until 1971 that Kulkarni et al. published about using PLA

Fig. 6 Monomer structure of
polyglycolic acid
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polymers for biomedical applications (Kulkarni et al. 1971). PLA is composed of
lactic acid which is a chiral molecule with two enantiomers: L- and D-lactic acid
(Lopes et al. 2012). As a polymer, PLA is a linear aliphatic polyester widely used
in the medical field. The mechanical properties of PLA can widely vary based
off of average molecular weight and degree of crystallinity. The tensile strength
of poly-L-lactide (PLLA) can range from 55 to 59 MPa, while annealed PLLA
tensile strength can vary between 47 and 66 MPa (Perego et al. 1996). Similarly,
poly-DL-lactide (PDLLA) tensile strength can range from 40 to 44 MPa. The trend
follows that a higher molecular weight results in a greater tensile strength (Perego
et al. 1996). PLA degrades via simple hydrolysis of the ester backbone in vivo to
yield lactic acid, a biological metabolite (Jamshidian et al. 2010). As a result, PLA is
cleared from the body leaving no foreign material left behind.

In order to solve the compliance mismatch issue seen with PLA vascular grafts,
Bagnasco et al. electrospun 5 mm diameter PLLA vascular grafts. In addition, ovine
femoral arteries were harvested to serve as an experimental comparison. Both grafts
and ovine arteries were subjected to physiologic pulsatile pressures of 50–90,
80–120, and 100–150 mmHg at 60–80 beats per minute. Pressure and diameter
were measured to obtain compliance and elastic modulus. At 80–120 mmHg, the
average compliance of the PLLA grafts was 0.93 � 10�2 � 0.13 � 10�2 mmHg
while the ovine artery was 0.79� 10�2 � 0.20� 10�2 mmHg in a pressure range of
100–130 mmHg (Bagnasco et al. 2014). The authors showed that a bioresorbable
vascular graft could be constructed with a compliance closely approximating that of
native artery. In practice, due to its mechanical properties as a brittle polymer and its
degradation rate, PLA is almost exclusively incorporated as a copolymer.

2.2.3 PCL [Poly(e-capralactone)]
Poly(ε-caprolactone) (PCL, Fig. 8) was first synthesized by the Carothers group
in the 1930s and has since been extensively studied as a bioresorbable polymer.
PCL is often used as a suture material, drug delivery device, and root canal filling,
among other applications (Woodruff and Hutmacher 2010). PCL is a hydrophobic,
semicrystalline polymer that is soluble in many organic solvents and insoluble in
alcohols and water (Ulery et al. 2011). Due to its low melting point, around 60 �C,
PCL is easily manipulated into a variety of forms. PCL has a bulk tensile strength of
23 MPa and an elongation at failure of >700% (Gunatillake et al. 2006).

In vivo, its degradation first occurs through a hydrolytic cleavage of its poly(α-
hydroxy) ester bond. This cleavage releases nontoxic segments with molecular
weights under 30,000 Daltons that are then phagocytosed by macrophages and

Fig. 7 Representative
structure of a polylactic acid
monomer
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enzymatically degraded in phagosomes (Chen et al. 2000; Sivalingam et al. 2003;
Sivalingam et al. 2004). This degradation process is generally slower than
the degradation of PGA, PLA, or poly(lactic-co-glycolic acid) (PLGA) with a
degradation timescale of 1–3 years (Ulery et al. 2011). PCL degradation is dependent
on the molecular weight (MW) of the polymer, with a higher MW degrading
more slowly, thus affording some control over degradation rates (de Valence et al.
2012). PCL is often combined with other polymers to create composite graft
materials with a shorter presence in vivo.

Zhu et al., in a 2015 study, created a bilayer vascular graft with an inner layer of
wet-spun, circumferentially aligned PCL microfibers surrounded by an outer layer of
electrospun PCL nanofibers. The inner microfiber layer promoted circumferential
alignment in seeded vascular smooth muscle cells, while the large diameter of these
fibers, 18.26 � 6.13 μm, created interconnected macropores with a diameter of
27.04� 9.05 μm, which allowed for cellular infiltration. The outer layer of randomly
aligned electrospun nanofibers, fiber diameter of 0.65 � 0.46 μm, provided strength
and elasticity by doubling the burst pressure of the graft to approximately 1200 mm
Hg and tripling the elastic modulus to approximately 1.6 MPa. The grafts
were implanted into an abdominal aorta rat model and had extensive endothelial
cell and smooth muscle cell penetration with circumferential alignment after
2 weeks. This effect became more pronounced over the 12-week terminal time
point (Zhu et al. 2015).

In order to study how small diameter PCL vascular grafts performed against
ePTFE in a rat model, Pektok et al. electrospun fifteen 2 mm diameter grafts out of
Mn = 80,000 g/mol PCL. Thirty rats had 1 cm of abdominal aorta resected. Fifteen
rats received the PCL grafts and 15 received the ePTFE graft. Rats were sacrificed
at 3, 6, 12, 18, and 24 weeks for graft evaluation. At 12 weeks, the PCL grafts
showed confluent endothelial coverage, while at 24 weeks, the ePTFE were incom-
pletely covered (Pektok et al. 2008). Starting at 3 weeks, the PCL grafts saw
neoangiogenesis with cellular infiltration, while the ePTFE grafts did not have
angiogenesis. During the entire study, the PCL grafts had a 100% patency rate
with no aneurysmal dilatation. While these results are promising, there is a signif-
icant issue with external validity with vascular models to human. Nevertheless, PCL
does show a significant improvement compared to the ePTFE control.

2.2.4 PDO [Polydioxanone]
Polydioxanone (PDO, Fig. 9) polymer was first synthesized in 1977 from
p-dioxanone monomer by Doddi et al. Since then, PDO has seen commercial
success as the suture material “PDS II,” and due to its mechanical properties
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and degradation rates, researchers have begun investigating this polymer
as a building material for tissue templates. PDO suture has a tensile strength
of 552 MPa, Young’s Modulus of 1.72 GPa, and an elongation to break of 30%
(Bezwada et al. 1998). PDO degradation occurs through hydrolysis of its ester
bonds with an average in vivo degradation rate of 6 months (Bezwada et al. 1998).
The presence of an ether oxygen within its polymer chain backbone makes PDO
more elastic than PLA or PGA (Boland et al. 2005).

In order to study PDOs use as a vascular graft, Greisler et al. in 1987 studied
woven grafts of PDS suture in a rabbit model (Greisler et al. 1987). The distal
infrarenal aorta was replaced with 24�4 mm inner diameter grafts and evaluated
between 2 weeks and 1-year postimplantation for tissue thickness, prostaglandin
content, compliance, and tensile strength. Over the course of 1 year, none of the
grafts failed due to stenosis, although one developed true aneurysmal dilatation.
After 3 months, the inner capsule thickness averaged approximately 420 μm, while
data from previous studies with this group show PGA grafts had an average capsule
thickness of 620 μm and Dacron grafts had 180 μm. Histologically, the grafts had
a confluent layer of endothelial-like cells after 2 weeks, and after 1 month, the
inner capsule consisted of circumferentially and longitudinally oriented smooth
muscle cell-like myofibroblasts. The outer capsule showed vascularized connective
tissue elements. By the 6- and 12-month time points, no PDS graft remained and all
grafts still possessed endothelial-like confluent cells with a dense subendothelial
matrix with minimal calcification. Prostaglandin data revealed that the endothelial-
like layer on the PDS grafts produces 6-Keto-PDF1α, a metabolite of prostaglandin F
normally produced by functional endothelial cells (Greisler et al. 1987). In addition,
the authors looked at the ratio of 6-Keto-PDF1α to thromboxane B2 as a biomarker
of relative thrombogenicity between PDS grafts, Dacron, and controls, indicating
less thrombogenicity. The PDS group did not differ from the normal aorta control
group, while the Dacron group showed a diminished ratio compared to control.
These results suggest the nature of the material can affect the subsequent activity
of cells. Lastly, the authors took the tissue/graft complexes of 2-month explanted
grafts to evaluate mechanical properties. Grafts showed a 3.5 mm progressive
increase in graft diameter after a systolic pressure range of 0–400 mmHg. Pressure
changes beyond this point did not result in a measurable change in diameter. Grafts
withstood 1250 mmHg of pressure without bursting and were not evaluated to
failure. These results suggest that the graft/tissue complex behaves in a similar
manner to native vasculature.

In another study in 2001, Teebken et al. compared woven grafts constructed from
PDS suture, allogenic acellularized arteries seeded with autologous endothelial cells,
and arterial autografts in German landrace pigs. Two centimeters of the common
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carotid arteries were resected and replaced with one of the three grafts. Two groups
(4 and 5 mm diameter) of PDS grafts were tested. Grafts were evaluated at 1 week or
4 months via ultrasound, angiography, and histology. At both 1 week and
4 months, all PDS groups had some stenosis or complete obstruction (Teebken
et al. 2001). The grafts showed that the PDS fibers were surrounded by inflammatory
cells (primarily macrophages), and the grafts had organized thrombi as
well as intimal thickening. The decellularized graft group with a seeded
endothelium had 11% of the grafts at 1 week completely patent and 43% completely
patent at 4 months. The autograft group showed 100% patency at both time
points. The authors conclude that PDS prostheses are unsuitable as small diameter
grafts in at least the porcine model.

In a later study, Garg et al. studied human macrophage interactions on electrospun
PDO vascular grafts. Cells were seeded on PDS, elastin, and PDO:elastin blends.
Cells were seeded at 400,000 cells per well onto 10 mm discs of the vascular graft.
Supernatants were collected at 7, 14, 21, and 28 days to be analyzed via ELISA.
Results showed that growth factor secretion profiles for vascular endothelial growth
factor (VEGF) and acidic fibroblast growth factor (aFGF) were similar across
all samples by day 21 and 28 (Garg et al. 2009). Histological evaluation shows
that scaffolds with high PDO:elastin ratios had cell infiltration. The authors con-
cluded that high ratio PDO:elastin blends are conducive to tissue regeneration
and angiogenesis. PDO’s use as a biodegradable material for vascular grafts
appears to be reliant on the material’s preparation to guide the in vivo cellular
response, but external validity in animal models versus humans obfuscates the
exact nature of this response.

2.2.5 PGS [Poly(glycerol-sebacate)]
Poly(glycerol-sebacate) (PGS, Fig. 10) is a bioresorbable, thermoset elastomer
that was first synthesized and used in biomedical applications in 2002 (Kemppainen
and Hollister 2010; Wang et al. 2002). PGS has the bulk mechanical properties of a
typical soft elastomer with a nonlinear stress-strain behavior. Due to this behavior,
PGS can be thought of as a biorubber. Specifically, PGS has a tensile Young’s
modulus of 0.025–1.2 MPa, an ultimate tensile strength (UTS) of greater than
0.5 MPa and a strain to failure of at least 330% (Chen et al. 2008; Sundback et al.
2005; Wang et al. 2002). The biorubber is mildly hydrophilic with a water contact
angle of 31.9�. The mechanical properties can be tailored based on the curing time
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and temperature as well as the ratio of glycerol to sebacate acid. It has been shown
that PGS has shape memory behavior due to its fixed phase and amorphous phase
regions (Cai and Liu 2008). PGS degrades via surface degradation where loss of
mass and mechanical properties occurs simultaneously, as opposed to the usual,
significant loss of mechanical properties before mass. Degradation specifically
occurs through cleavage of the ester linkages. Studies in rat models show that PGS
completely degrades within 60 days, but this can be modified based on degree of
crosslinking.

Crapo et al. in 2009 studied the mechanical properties of PGS as a bioresorbable
vascular graft (Crapo and Wang 2010). The group posited that PGS would be a
material that solved the compliance mismatch issue seen with most current vascular
grafts in the literature. Grafts were constructed by casting a PGS solution in a salt
packed mold, where the salt functioned as a porogen. Three fabrication methods
were used, varying the outer molds, all with an inner 5.28 mm heat-shrinkable
mandrel. The mold was cured and immersed in multiple baths over 2 days to let
the mold and salt dissolve. Grafts were then lyophilized and stored. The authors did
not report final average graft diameter after processing. PGS grafts were compared to
PLGA grafts constructed by the same method as well as segments of pig common
carotid arteries. Porosity was evaluated via micro-computed tomography (CT) to be
84.6� 0.6%. The vascular grafts were connected to a sterile flow through bioreactor,
seeded with baboon arterial smooth muscle cells and evaluated for 10 days. Flow
rate was started at 1.0 ml/min and increased to 10.0 ml/min on day 10. Graft samples
were evaluated mechanically after manufacture as well as after 10 days of cell
culture. PGS, PLGA, and porcine arteries were evaluated for five compression cycles
to 50% strain. PGS and the artery segment showed elastic behavior, while PLGA
experienced plastic deformation. The compressive elastic modulus was analyzed and
PLGA grafts had a statistically greater modulus of 3–6 MPa than both PGS grafts
and the porcine arteries. Porcine arteries had a statistically greater modulus than PGS
grafts of approximately 220 MPa and 40–80 MPa, respectively. PGS and arterial
compliance were found to be similar up to 50 mmHg. PGS grafts after 10 days of
culture had a burst pressure of 27 � 19 mmHg and uncultured grafts could not
establish pressure due to their extensive porosity. After 10 days of culture, the
smooth muscle cells found to be confluent on the luminal surface and the collagen
and elastin content of the grafts were evaluated. PLGA had significantly more
collagen than PGS constructs and similar amounts of soluble elastin. PGS grafts
contained significant more insoluble elastin (approximately 35% of the porcine
artery after 10 days of culture). Insoluble elastin in PLGA was not statistically
different than the elastin from uncultured grafts. The results of this study using a
new, seminal material were a promising start. The lack of sufficient burst pressure
and difference in elastic modulus compared to native arteries are the primary
challenges to be solved.

Two years later in 2011, Lee et al. from the same group further explored the use
of PGS in small-diameter vascular grafts in vitro. Grafts were constructed in a
similar manner as described above (Lee and Wang 2011). The vascular grafts were
connected to a sterile pulsatile bioreactor, seeded with baboon arterial smooth
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muscle cells and evaluated for 3 weeks. Flow pressure was pulsatile, gradually
increase from 20 to 120 mmHg over the 2 weeks with a final pulsatile pressure
range of 90–125 mmHg, and after 2 weeks the pressure was kept constant
at 120 mmHg. Micro-CT results showed an average pore size of the grafts to
be 23.3 � 3.9 μm. Histology of the post-culture vascular grafts showed the
smooth muscle cells had adopted a multilayered composition with circumferential
orientation. Staining showed ECM proteins and circumferentially oriented elastin
fibers. This study shows early promising results of PGS as a bioresorbable vascular
graft. PGS demonstrates the ability to induced both collagen and insoluble elastin
production by baboon smooth muscle cells compared to only collagen produced
with other bioresorbable polymers. These results will need to be further evaluated
for external validity in animal models and cultured human cells. Furthermore,
mechanical properties, namely burst pressure, still present challenges to this mate-
rial’s use as a vascular graft. Copolymers incorporating PGS may prove to be a
successful strategy.

2.2.6 Copolymers and Polymer Combinations
It is common practice for researchers to blend together polymers in order to combine
the strengths of materials while simultaneously ameliorating their weaknesses.
While there are infinitely many combinations of copolymers, this section will
highlight a few representative examples.

Two of the most heavily investigated degradable polymers are PLA and
PGA. Both polymers are saturated poly-α-hydroxy esters, but the extra methyl
group of PLA makes it slower-degrading and slightly more hydrophobic than the
hydrophilic PGA (You et al. 2005). PLA and PGA can be combined in copolymers
of PLGA in various ratios, with the ratio determining the degradation speed (Pavot et
al. 2014). A vascular graft constructed from an inner knitted PGA layer and an outer
woven PLA layer showed success in a 2008 study by Torikai et al. when implanted
into a porcine aorta model. No aneurysms or thrombi occurred over the 12-month
period of the study, and histological examination showed an endothelialized layer as
well as a neomedia with functional, vasoresponsive smooth muscle cells and vasa
vasorum (Torikai et al. 2008). More recently, Sugiura et al. fabricated grafts with an
inner layer of 50:50 poly(L-lactic-co-ε-caprolactone) and an outer layer of either
PLA or a mixture of PLA and PGA fibers, and demonstrated that the faster
degradation of the PLA/PGA mix helped prevent calcification of the graft. However,
since these grafts were implanted as aortic conduits in mice, rather than larger
animals, it remains to be seen whether these fast-degrading constructs can maintain
their mechanical integrity in large animals with greater blood flows (Sugiura et al.
2017).

In a 2017 study by Li et al., a knitted PLA material was sprayed with a PCL
solution to imbed the PCL matrix within the PLA material. Samples were created
using meshes of high and low fabric density with PCL, as well as without PCL, and
compared to ePTFE. The high fabric density composite graft had the highest
elongation strength, suture retention strength, shear strength, and compression/
recovery strength. Both composite grafts had higher burst pressure than human
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saphenous vein and canine femoral artery, similar suture retention strength, and had a
higher resistance to torsion than the ePTFE and non-composite PLA grafts, as well
as a higher compliance. Other requirements, such as cellular infiltration, endo-
thelialization rate, and biodegradation rate were not investigated, but the mechanical
testing data indicated that the addition of the PCL matrix significantly improved the
ability of the graft to withstand the mechanical forces necessary to act as a vascular
graft (Li et al. 2017).

In a similar effort, Williamson et al. developed a composite vascular graft by wet-
spinning PCL nanofibers to make an inner luminal surface, which was then
surrounded by an electrospun PU layer. Unlike the study by Li et al., Williamson
et al. focused on in vitro cell response rather than mechanical characterization.
Endothelial cells showed good attachment to the luminal PCL surface, with the
formation of a confluent cobblestone layer over a period of 7 days. PECAM-1, a
characteristic endothelial cell membrane marker, was expressed once confluence
was established, and von Willebrand factor (vWF), a coagulation protein specific
to endothelial cells, was released in a controlled fashion following stimulation.
These endothelial cells were also shown to respond to nitric oxide, an important
vasodilator and inhibitor of platelet adhesion. Additionally, smooth muscle cells
were able to attach and proliferate throughout the PU outer layer. The template
was also examined as a drug-delivery device, using trypsin as a model. A large
burst release was observed, followed by a lower sustained release continuing
throughout the 48-h time period. The authors suggest that the fibers could be
impregnated with TGF-β to stimulate wound repair and endothelialization of the
graft after implantation (Williamson et al. 2006).

In a 1988 study, Greisler et al. constructed 4 mm inner-diameter woven vascular
grafts from PDO and another, faster-resorbing polymer, polyglactin 910 (PG910).
These grafts were then implanted into rabbit aortas for periods of 2 weeks up to
12 months. Histological examination showed the PG910 component was completely
resorbed after 2 months, while the PDO component lasted longer but disappeared
by 6 months. Only one graft suffered stenosis, with no grafts occluding or dilating
into aneurysms. Within the first few weeks, a thin fibrin coagulum formed on the
luminal surface of grafts with occasional areas of endothelialization. After 1 month,
the luminal surfaces were almost entirely endothelialized, with myofibroblasts
infiltrating into the middle of the graft, developing phenotypic characteristics
of smooth muscle cells. Capillaries were also observed to infiltrate throughout the
graft, with the rate of ingrowth happening inversely to the resorption of the polymer
(Greisler et al. 1988). Although this early success was not replicated in large animal
experiments, the study provides an early blueprint of the two-polymer strategy, in
which multiple polymers with different resorption rates may support tissue ingrowth
while maintaining longer-term mechanical stability.

More recently, Pan et al. created composite small-diameter grafts by co-
electrospinning fibers of PCL and PDO onto a 2-mm diameter cylindrical mandrel
(Fig. 11). These composite grafts had elastic moduli, maximum strain and tensile
strength, and water contact angles in between the properties of PCL or PDO alone.
Preimplantation degradation testing showed that the PDO fibers degraded between 2
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and 12 weeks, while the PCL fibers lasted throughout the entire 3-month study. As the
PDO fibers degraded, they opened up larger pores within the structure that allowed for
increased tissue ingrowth. Despite this degradation, no aneurysmal dilation was seen
in these composite grafts when implanted into the abdominal aortas of rats. After
3 months, a complete neointima formed in both composite and PCL controls, but faster
endothelialization and more collagen coverage was seen in the composite graft. While
the PCL grafts had greater SMC infiltration at 1 month, at 3 months the composite
graft had almost twice the amount of smooth muscle cells as the PCL control. Von
Kossa staining showed no calcification of the graft walls. Anti-smooth muscle myosin
heavy chain I showed that these smooth muscle cells contained the contractile
elements necessary to functionally control vessel diameter. However, Masson, Safra-
nin O, and Verhoeff-van Geison staining indicated that the pores formed by PDO
degradation were not completely filled with new ECM after 3 months. Thus, future

Fig. 11 Evaluation of the patency and luminal diameter of explanted grafts at 3 months after
implantation. (a) The patency was measured by color Doppler ultrasound. (b) The patency rates of
the PCL and PCL/PDS grafts at both time points. (c) The lumen of the explanted grafts was smooth
and free of thrombus under stereomicroscope. (d) Cross sections were stained with H&E to identify
the neointima formation. (e) Representative H&E staining of longitudinal sections of explanted
grafts. (f) The luminal diameter of explanted grafts was calculated based on the cross sections with
H&E staining. (g) Lumen; red arrows: suture site. �p < 0.05. (Reprinted from Scientific Reports,
7:3615, Pan et al., Small-diameter hybrid vascular grafts composed of polycaprolactone and
polydioxanone fibers, 2017 with permission under Creative Commons CC BY license)
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iterations of this design should ideally use a sacrificial polymer with a slightly longer
degradation period in order to better maintain the physical properties of the graft
throughout the tissue infiltration process. It should be noted that physical properties of
the grafts were not tested after explantation, so it is unknown whether they maintain
the necessary strength and compliance to show success in a larger animal or human
(Pan et al. 2017).

3 Methods of Fabrication

Many different fabrication methods have been mentioned in the examples covered
earlier in this chapter. These fabrication methods have an extraordinary amount of
impact on the overall mechanical properties and cell responses of the graft, and, as
such, the choice of fabrication method is just as important as the choice of material
when designing a vascular graft. This section serves to highlight the most common
methods of fabrication for vascular grafts.

3.1 Knitting and Weaving

The techniques of knitting and weaving fibers have been around since early human
existence and are reliable methods for creating 3D structures. As mentioned at the
beginning of this chapter, the first vascular grafts were constructed out of woven or
knitted materials (Linderman et al. 2014; Tomizawa 2014). Woven structures are
created from two distinct sets of fibers that are then interlaced. Fibers positioned in
the long axis are termed warps, while the lateral filling fibers are termed wefts
(Akbari et al. 2016). The most common weaves are plain, satin, and twill.
Different weaves can alter the mechanical properties of the structure, while
the tightness of the weave will alter porosity. Woven grafts typically have great
mechanical strength and minimal creep but are typically not very porous compared
to knitted ones and can endure less in-plane force (Akbari et al. 2016). The greatest
obstacle in these types of structures usually is inducing cellular adhesion and tissue
ingrowth (Liao et al. 2013; Min et al. 2004). A typical strategy is to combine them
with other nonwoven elements that can partially overcome this obstacle. A 2008
study by Torikai et al. investigated a vascular graft with an outer woven layer of
PLA surrounding an inner PGA/collagen layer. After implantation into porcine
aortas for 12 months, grafts showed no signs of thrombus or aneurysm, indicating
good compatibility with blood as well as robust mechanical properties. Despite
the typical issues woven grafts have with cellular infiltration, their grafts showed
good SMC infiltration through the outer woven area, with corresponding collagen
deposition (Torikai et al. 2008).

In contrast to woven grafts, knitted materials have greater porosity and distensi-
bility, although their mechanical strength is still greater than that of most electrospun
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materials. To form a knit, fibers are pulled through a previous loop to form a series
of interconnected loops. The direction of the looping will determine if the knit is
a weft or warp. A weft knit is defined as stitches of the same fiber arranged
horizontally, while warp knits are arranged vertically. Different knits will give rise
to differing mechanical properties. Weft knits have a greater degree of control over
pore size, porosity, and overall fiber alignment, while warp knits have greater
flexibility (Akbari et al. 2016). For these reasons, knits are often used to reinforce
materials in vascular grafts. A 2015 study by Xie et al. examined composite
grafts that combined several fabrication methods. First, a PLAyarn was weft-knitted
into a tube, meaning that the entire piece of PLA fabric was knitted from just two
long fibers. This knitted tube was then attached to a grounded mandrel, and a 50:50
copolymer of PCL and PLA (PLCL) was electrospun onto the knitted structure. The
structure was then inverted so that the electrospun layer would be on the luminal
side of the graft, and the graft was coated three times with a 1:1 solution of
collagen and elastin. The collagen/elastin coating was then crosslinked with genipen
to form a hydrogel. Additional grafts were created without the inversion, without the
electrospinning, and without the collagen/elastin coating. Mechanical testing
showed peak stresses of all constructs were between 11.0 and 13.0 MPa, with no
significant differences between groups. All composite grafts showed greater burst
pressure and suture retention strength than just knitted PLA. The grafts with the
outer knitted PLA, inner electrospun layer, and collagen/elastin coating had the
highest dynamic radial compliance, and this value was the closest to the compliance
of native vasculature (Xie et al. 2016). To the authors’ detriment, no cellular
adhesion or infiltration studies were performed on these grafts, and it is unknown
how the degradation of the respective polymer layers will affect graft performance.

In another study, Liu et al. created knitted templates of raw silk fibers, which were
then treated with Na2CO3 to remove the immunogenic sericin from the core fibroin
polymer. The templates were then submerged in a solution of sulfated, sericin-free
silk fibroin and frozen for 12 h. Next, they were subjected to a freeze-drying process
for 24 h to create a microporous sulfated silk sponge throughout the knitted vascular
graft. Grafts were then treated with methanol to induce β-sheet formation in order to
keep the silk in the sponges from dissolving out in aqueous environments.
These grafts were shown to have significantly lower platelet and protein
adhesion than non-sulfated controls, indicating that the sulfation significantly
reduced the thrombogenicity of the templates. Endothelial cell and SMC culture
experiments showed no difference in attachment or morphology between the
sulfated and non-sulfated templates. Endothelial cells and smooth muscle cells
both proliferated well on the sulfated grafts while no non-sulfated control data
was given. Immunohistochemistry and mRNA analysis of endothelial cell
culture experiments indicated increasing activation of PECAM-1, CD146, and VE-
C, indicating functionality of the endothelial cells, while SMC culture experiments
showed increasing expression of smooth muscle myosin heavy chain, α-smooth
muscle actin, and collagen type I, indicating SMC functionality (Liu et al. 2013).
Unfortunately, no in vivo testing of these grafts was done.
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3.2 Electrospinning

Electrospinning was first conceptualized in 1745 when Bose described the formation
of aerosols from fluid droplets subject to high electric potentials (Bose 1745).
The modern form of electrospinning was later developed in the 1930s when
Anton Formhals filed a patent for the electrospinning of plastics. Eventually,
electrospinning was applied in science in the 1990s by the Reneker group who
formally investigated the process, processing conditions, fiber morphology
and suggested possible applications (Doshi and Reneker 1995; Formhals 1934).
The fabrication method of electrospinning involves taking a polymer solution, which
can also contain drugs and other traditional additives for eventual release, and
extruding that charged solution into an electric field. This field draws the solution
towards a grounded mandrel, whipping it around into a thin micro- or nanofiber as
the solvent evaporates. The fiber is deposited on a collection mandrel in a random-
ized fashion, where it interweaves with itself to form a fibrous material (Doshi and
Reneker 1995; Huang et al. 2003; Yamashita 2007). By varying parameters such as
flow rate, distance to the mandrel, and strength of the electric field, the fiber diameter
and pore size of the electrospun material can be controlled (Greiner and Wendorff
2007; Reneker and Chun 1996). Electrospinning also allows fibers to be created with
a core of one polymer, usually to provide tensile strength, and a coating of another, to
typically control drug release or provide cell binding sites. Alternatively, electrospun
materials can be coated with other materials after the electrospinning process via
adsorption or covalent bonding. In one such effort, Zhu et al. electrospun a PCL fiber
mesh using a mandrel rotating at a variety of speeds (700–2000 rpm). The resulting
meshes were then dipped in a fibrinogen solution, and then a thrombin solution. The
thrombin cleaved the fibrinogen into insoluble fibrin, which then aggregated in a
coating on top of the PCL fibers. Scanning electron microscopy (SEM) images
showed that the fibers became more aligned as the rotational speed of the mandrel
increased. In vitro SMC testing showed that the cells had good adherence to the
fibrin coating and, on the templates with aligned fibers, the smooth muscle cells
oriented and stretched out along the long axis of the fibers. Comparison with non-
fibrin-coated templates indicated that the fibrin promoted SMC proliferation (Zhu
et al. 2010). These results show the benefits of aligned fiber templates in controlling
SMC behavior as well as the benefits of fibrin coating in promoting SMC
proliferation.

In a 2015 study, McKenna et al. electrospun tropoelastin, the monomeric elastin
building block, into small-diameter vascular conduits. These conduits were then
submerged in solutions of disuccinimidyl suberate (DSS), a cross-linker which
creates amide bonds between the tropoelastin molecules. Mechanical testing of the
grafts showed that their UTS was much lower than that of native carotid artery, with
a lower elastic modulus, lower burst pressure, and lower percent elongation at break
as well. In vitro testing showed endothelial cell adherence and proliferation on the
graft (McKenna et al. 2012). These results show the benefits of electrospun elastin
for cell attachment, but the mechanical testing results indicate that electrospun
elastin by itself has insufficient strength to serve as a vascular graft.
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In a more successful effort, Wong et al. electrospun aligned-fiber grafts from PU, a
PU/collagen blend, a PU/elastin blend, and a PU/collagen/elastin blend. Grafts were
then immersed in 1-ethyl-3-(3-dimethylaminopropyl)carbodiimide hydrochloride
(EDC) and then Na2HPO4 to crosslink the proteins and thereby prevent their dissolu-
tion in aqueous environments. Mechanical testing showed that the PU/collagen and
PU/collagen/elastin grafts were stiffer than the PU templates, while the PU/elastin
graft was significantly more elastic. The PU/collagen and PU/collagen/elastin grafts
enhanced the proliferation of smooth muscle cells seeded on the graft surface, while
the PU/elastin graft had no change from the PU control. All three protein-blended
composites showed greater smooth muscle actin staining intensity than the graft spun
from just PU, indicating that both collagen and elastin helped the smooth muscle cells
achieve a contractile phenotype (Wong et al. 2013). While the PU/elastin grafts were
more rigid than native tissue, the results from this study demonstrated how the
incorporation of elastin and collagen into the electrospinning process could help
tune the final mechanical properties of the graft while enhancing cellular proliferation
and function.

One of the greatest obstacles facing electrospun vascular grafts is ensuring
adequate cellular infiltration throughout the structure. While mat porosity can be
controlled during the electrospinning process, there is a tradeoff between increasing
pore size and decreasing the mechanical strength of the construct. Also, because the
nanofibers in an electrospun mat are deposited onto a flat surface, they become
oriented parallel to that surface with randomized directions in a flat two-dimensional
plane. The randomized packing makes it difficult to achieve total control over the
interconnectivity of the pores, and the two-dimensional orientation of the fiber
matrix does not provide clear fibrous pathways for cells to burrow into the structure
(Leong et al. 2013; McClure et al. 2012; Selders et al. 2016; Wang et al. 2013). Some
groups have developed methods using sacrificial fibers or other porogens to
increase structure porosity. In a 2008 study, Baker et al. used a dual-electrospinning
method with two spinnerets to create templates composed of PCL and PEO fibers.
The quickly degrading PEO fibers were then removed by soaking the templates
in an aqueous solution, which then opened up new, interconnected pores. In vitro
experiments showed that mesenchymal stem cells (MSC) infiltrated more rapidly
and easily into the constructs with these new pore spaces relative to controls
spun from PCL (Baker et al. 2008). In a similar effort, Simonet et al. electrospun
structures in a low-temperature, controlled-humidity environment in order to create
ice crystals between the fibers that, when melted away, would leave void spaces
(Simonet et al. 2007). While methods like these are successful at creating new pores,
they often sacrifice the mechanical strength of the construct, and sometimes these
pore spaces can be closed when the surrounding fibers shift and collapse them
(Ekaputra et al. 2008; Lowery et al. 2010).

A more successful method of increasing graft porosity was developed in 2012 by
McClure et al. Fibers were electrospun onto a hollow cylindrical mandrel with
evenly spaced holes drilled through its wall. Air was forced into the cylinder and
out through the holes during the electrospinning process, and this air pushed fibers
away from these areas, creating zones of greater porosity. These zones successfully

Synthetic Materials: Processing and Surface Modifications for Vascular. . . 159



increased permeability and cell penetration but initially compromised mechanical
strength (McClure et al. 2012). In 2016, Selders et al. continued the work and
showed that by varying the pore sizes of the mandrel, the velocity of the air flow,
and the fiber size spun onto the mandrel, mats could be created with greater porosity
while maintaining mechanical strength (Selders et al. 2016). While these air-imped-
ance electrospun grafts have yet to be examined in vivo, these early data suggest
that they will be more effective at eliciting cellular ingrowth than traditionally
electrospun grafts.

Some groups have addressed the cellular ingrowth obstacle by abandoning the
acellular approach and incorporating smooth muscle cells into the graft as it is
electrospun. In a 2006 study, Stankus et al. electrosprayed a solution of smooth
muscle cells in gelatin concurrently while electrospinning a PU graft, so that
the smooth muscle cells would be incorporated throughout the resulting structure.
No decrease in cell viability was seen after electrospinning. Perfusion culture
of these grafts was shown to improve cell proliferation and integration. While
mechanical testing showed the grafts to be both flexible and strong, the gelatin
incorporation was shown to alter the fibrous structure and somewhat compromise the
mechanical properties of the graft (Stankus et al. 2006). It should also be mentioned
that this technique has many of the same drawbacks that cell-laden hydrogels have,
including culture costs, potential genetic or epigenetic changes in the cells during
culture, patient immunosuppression if donor cells are used, and time delays if
autologous cells are used.

3.3 Sponges

Derived from their namesake, a sponge’s reticular nature serves as a source of
inspiration for biomimicry. Polymer sponges are often used to create microporous
environments for cell attachment within a fibrous structure. These sponges can be
created through freeze-drying a polymer solution or by removing the liquid from a
crosslinked hydrogel structure (Aper et al. 2016; Liu et al. 2013).

Sugiura et al. investigated PLCL copolymer sponge scaffolds as small-diameter
vascular grafts in the mouse model. Specifically, the grafts were constructed by
pouring a 50:50 solution of PLCL into a glass tube. The glass tube was then
subjected to freeze drying under a vacuum. Two separate groups with average
pore sizes of 12.8 � 1.85 μm and 28.5 � 5.25 μm with an internal diameter of
0.6 mm were created (Sugiura et al. 2016). Afterwards, the grafts were reinforced via
electrospinning a 40 μm thick layer of PCL onto the exterior of both groups. Grafts
were then implanted at the infrarenal aorta of female mice for 8 weeks and evaluated.
After 8 weeks, the group found that the grafts in all survived mice were patent
with no aneurysmal dilatation. Two of the fifteen mice in the large pore group devel-
oped lower limb paralysis from acute thrombosis. Grafts were subject to CD31
staining for endothelial cells and α-smooth muscle actin (α-SMA) for smooth muscle
cells. Both grafts were found to have a layer of endothelial cells followed by smooth
muscle cells. Gene expression of PECAM and eNOS was also evaluated for the
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quality of endothelialization. No statistical difference was found in this expression
between the small and large diameter groups. Macrophage infiltration and M1 versus
M2 phenotype were also evaluated via immunohistochemistry. Macrophage infiltra-
tion was found in both groups with no statistical difference in the ratio of M1 versus
M2 between the groups (Sugiura et al. 2016). The authors hypothesized that the large
pore group would promote cell infiltration, reduce inflammation, and promote
greater vascular generation through the M2 macrophage. They commented that
their large pore size group may not have had sufficiently large pores and that their
range of pores within the large group contained too many small-diameter pores.
The group concluded that their grafts showed well-organized neointimal formation
and that no statistical difference could be seen between large and small-diameter
pores.

4 Surface Modification

4.1 Methods of Surface Modification

Cells can only interact with a presented exterior surface of a material. Therefore,
there is ample opportunity to exploit internal mechanical strength with exterior cell
interactions. As a result, in addition to the wide variety of fabrication methods,
many protocols have been developed to treat the surface of tissue interacting
structures in order to bring about desired cellular responses such as cellular adhesion
and proliferation. Many of these protocols are investigated in the context of a variety
of tissue engineered template applications but have potential applications in vascular
grafts.

4.1.1 Endothelial Cell Seeding
The endothelial layer serves as a defensive barrier against blood coagulation.
Restoration of this barrier is paramount in a successful graft. Initial animal models
showed excellent re-endothelialization results, but later studies revealed that humans
do not readily regenerate an endothelial layer from trans-anastomotic cells or
progenitor cells found in the blood (Berger et al. 1972; Clowes et al. 1986; Sauvage
et al. 1974). The idea of seeding vascular grafts was first posed in 1978 by
Malcom Herring and several investigators since have looked into methods of adding
autologous endothelial cells prior to implantation (Herring et al. 1978). The entire
process of endothelial cell seeding can be divided into two stages: cell acquisition
and cell luminal surface application.

Endothelial cells can be autologously acquired through two techniques: cell
scraping and cell digestion. In cell scraping, a vessel such as the great saphenous
vein is mechanically scraped, yielding on average <75% of the available cells
(Stanley et al. 1986). This process is limited to vessels large enough to be physically
handled and thus are in limited supply. The other method is through enzymatic
digestion by collagenase or trypsin. With this option, microvessels found in adipose
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tissue become a readily available source of cells with an average harvest of
0.23–32.4 � 105 cells per gram of tissue (Tiwari et al. 2001).

After the acquisition of cells, there are three primary methods to apply these
cells onto the graft luminal surfaces: gravitational, hydrostatic, and electrostatic.
Furthermore, based on the degree of coverage, the terminology changes. For com-
plete cell coverage, the term is cell sodding while partial coverage terminology is cell
seeding. In cell seeding, the thought is that cells would multiply to confluence and
reduce the amount of ex vivo culture time as well as cell harvesting quantity.
In gravitational cell seeding, cells are placed within a graft and the graft
optionally rotated. This method is usually paired with a “biological glue” such as
fibrin to aid in cell adherence. Gravitation cell seeding techniques are typically
hindered by a persistence of spheroid cell morphology resulting in high cell losses
when implemented; furthermore, many of the biological glues used are pro-
thrombogenic (Anderson et al. 1987; Kempczinski et al. 1987).

Hydrostatic cell seeding involves creating a pressure gradient either through
internal pressure or external vacuum to adhere cells to the graft luminal surface.
While this method quickly places cells in contact with a graft, the technique still has
the same problems seen with gravitational cell seeding: cells have a spheroid cell
morphology unless a significant (>2 h) incubation time is included (van Wachem
et al. 1990). This incubation time poses a significant barrier to a viable commercial
solution, as cells must be cultured in a hospital resulting in longer surgical times or
multiple procedures.

In order to promote rapid cell adherence without thrombogenicity, the technique
of electrostatic cell seeding was developed. In this method, the vascular graft serves
as a dielectric material that can be temporarily charged while preserving a zero
net charge. A positive charge can be placed on the interior surface of a graft which
serves to attract endothelial cells which possess a negative charge. In 2001, Bowlin
et al. explored the resilience of electrostatically seeded cells in an animal model.
Autologous endothelial cells were harvested from canine jugular veins then labeled
for in vivo tracking. Cells were then electrostatically seeded at +1.0 V onto 4 mm
inner diameter, 6 cm long ePTFE grafts. The cells were seeded to complete nodal
coverage density. This group has shown that adherence and morphological matura-
tion of the endothelial cells can be obtained in 16 min. The grafts where implanted
in canines using a femoral artery model for 1 week. After 1 week, there was
90.3 � 14.3% coverage by endothelial cells compared to 6.82% � 7.19% in
the control group (Bowlin et al. 2001). This difference was significant ( p < 0.001)
and showed that electrostatic cell seeding could provide robust endothelial cell
adherence in a reasonable turnaround time that the operating room would require.

4.1.2 Adsorption and Covalent Linking of Biomolecules
Another technique to change the surface chemistry of a biomaterial is affixing
biomolecules directly onto the surface. A variety of biologically functional
molecules can be immobilized to the surface of a material using several
available techniques. The desired characteristics of the biomolecule delivery such
as elution versus immobilization and bioactivity will determine setup complexity
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and subsequent scalability. The core concept of adsorption is the adherence of a
molecule to a surface though Van der Waals forces, hydrogen bonds, or ionic
attraction. These molecules can be readily displaced, and proteins are prone to
denaturation. Alternatively, covalent linking consists of the formation of covalent
bonds between the material and molecule of interest. These setups require
specific chemistry and are thus more complex to perform as well as scale up. This
technique is advantageous in that molecules are tethered to the surface in order to
maintain a constant concentration and, if done correctly, maintain bioactivity.

In a 2002 study, Zhu et al. immobilized gelatin, chitosan, and collagen onto a
PCL film surface. PCL films were first treated with 1,6-hexanediamine-2-propanol
to introduce free amino groups, then with glutaraldehyde to add longer linking
groups. Solutions of gelatin, chitosan, or collagen were added for 24 h and
then rinsed. Coupling of these biomacromolecules was confirmed using X-ray
photoelectron spectroscopy. Their addition caused a significant decrease in water
contact angle compared to non-treated PCL, indicating an increase in surface
wettability, with little difference between the sample groups. Endothelial cell culture
showed improved cell attachment and proliferation on all three sample groups as
compared to non-treated PCL, with gelatin and collagen showing the greatest
attachment, and gelatin and chitosan showing the greatest proliferation. Secretion
of vWF was higher on all three sample groups relative to non-treated PCL, indicating
more complete activation of optimal endothelial cell morphology (Zhu et al. 2002).
The use of a PCL film, rather than a fibrous structure, creates a nonporous surface
that is suboptimal for endothelial cell attachment; thus, it is logical that the adherence
of fibrous proteins increased endothelial cell attachment. Nevertheless, this
study demonstrates the benefits that such treatments could have on the luminal
surface of a graft.

In a 2014 study by Pfieffer et al., grafts were created with an electrospun inner
layer of either 2/1 ratio of PCL/PLA or 25/5/2 ratio of PCL/PLA/polyethylene
glycol (PEG), surrounded by an electrospun PCL outer layer. In vitro testing
showed improved endothelial cell adherence to PCL/PLA and PCL/PLA/PEG layers
compared to the ePTFE controls. Conduits were then pre-treated with either
blood, gelatin, or fibronectin by applying these respective additives to the graft
lumen, relying on protein adsorption. The best endothelial cell adherence was
observed on the fibronectin-treated surfaces of either PCL/PLA or PCL/PLA/PEG
fibers, with 98% viability and widespread cobblestone morphology, whereas
the fibronectin-treated ePTFE grafts only had a 55% viability. Fibronectin also
significantly outperformed blood and gelatin for all three fiber types with regards
to endothelial cell adherence and proliferation (Pfeiffer et al. 2014). These results
thus demonstrate the benefits of both composite polymer grafts and fibronectin
coating in establishing an endothelial cell layer on the graft lumen.

Similarly, Bastijanic et al. applied a fluorosurfactant (FSP) coating to the inside
of ePTFE grafts to lower the surface tension of water and thus improve endothelial
cell adhesion. First, the cell-adhesive peptides RGD and CRRETAWAC were
complexed to a poly(vinyl amine) (PVAm) polymer backbone. Perflurocarbon
chains were attached to this backbone, and then the complexed molecules were
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dissolved in deionized water and applied to 4 mm inner diameter ePTFE grafts via
a 24-h soak period. Some grafts were then incubated in 100% ethanol for 1–15 min
and dried, as preparation for a hydrogel loading step. Water contact angle experi-
ments showed that the polymer surface survived the ethanol incubation period, and
X-ray photoelectron spectroscopy confirmed that the functional groups of the pep-
tides were present as well. PEG hydrogels were also incorporated into these grafts.

First, the PEG was functionalized with either RGD groups or an enzyme-degrad-
able VPMSMRGG peptide (VPM) sequence. Then, PEG solutions were applied to
the extramural surface of the ePTFE grafts and crosslinked via ultraviolet (UV) light.
Grafts were then frozen and lyophilized. X-ray photoelectron spectrography, SEM,
and attenuated total refection-infrared spectroscopy indicated that the hydrogel
penetrated at least somewhat into the luminal surface but primarily covered the
outer adventitial surface. In vitro experimentation indicated a significant improve-
ment in endothelial cell attachment with the presence of the CRETAWAC FSP
coating over all other sample types, while the RGD FSP coated grafts with and
without the PEG hydrogel had lower endothelial cell adherence, but still more than
unmodified ePTFE. However, experiments had issues incorporating smooth muscle
cells throughout the hydrogel, as it appeared that the ethanol used before the
hydrogel incorporation process remained in the loaded templates and had a cytotoxic
effect on seeded smooth muscle cells. Nevertheless, smooth muscle cells loaded onto
non-graft functionalized PEG hydrogels showed enhanced spreading and interaction
as compared to non-functionalized controls. These findings indicate that if the
ethanol were to be eliminated from the hydrogel loading step, the hydrogel would
likely enhance SMC infiltration into the grafts. Nevertheless, the data indicate that
the functionalization of the ePTFE surface is helpful in establishing a luminal layer
of native endothelial cells (Bastijanic et al. 2016).

4.1.3 Surface Degradation
A common strategy with surface modifications is to increase the material roughness
to create more surface area and three-dimensional features for cell attachment.
Furthermore, generation of new functional groups on the polymer surface also can
concurrently increase cell attachment. These strategies can be achieved using
an acidic or basic solution that degrades the surface of the polymer via hydrolysis.
Ester bonds within polymers create hydroxyl and carboxylic acid groups
when hydrolyzed to which cells can bind (Curtis et al. 1986; Ramsey et al. 1984).
In a 2003 study, Yuan et al. developed a procedure to partially degrade PLA fibers
using a concentrated NaOH basic solution. After 2.5 h of treatment, a rough
topology was observed on the fibers but with no change in PLA crystallinity within
the fibers. However, UTS and elongation at break did decrease significantly,
indicating some compromise in the mechanical properties of the template (Yuan et
al. 2003). In a similar study, Nam et al. treated films of PLA and PLGA with
NaOH for a variety of incubation periods, up to 12 h. Increased hydrolysis
time caused a decrease in water contact angle, indicating increased hydrophilicity
of the polymer surface. X-ray photoelectron spectroscopy showed ether and carbox-
ylic groups in the NaOH-treated films with respect to non-treated controls. In vitro
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experimentation with hepatocytes revealed almost double the number of adhered
cells on NaOH treated films than on the non-treated controls, with cell adhesion
increasing with up to 1 h of NaOH treatment before dropping slightly with increased
treatment time (Nam et al. 1999). While this study utilized hepatocytes, it is likely
that similar results could be achieved with endothelial cells and smooth muscle cells.

The biggest drawback to using surface degradation to increase roughness and
activate functional groups is the corresponding loss of mechanical properties.
Because this procedure involves hydrolyzing the polymer backbone, care must
be taken to only expose the surface of the construct to the degrading solution. If
the load-bearing elements are also degraded, then the structure will not be able to
withstand the mechanical forces necessary to function as a vascular graft.

4.1.4 Surface Micropatterning
Surface area and geometry are paramount variables for subsequent cell
behavior. Evidence collected over the past 20 years by a variety of groups has
shown that the presence of micro- and nano-grooves and channels aids endothelial
cell attachment and migration under flow conditions (Biela et al. 2009; Li et al. 2001;
Uttayarat et al. 2008; Uttayarat et al. 2005; Zorlutuna et al. 2009). Three
main categories of micropatterning methods are photolithography, electron beam
lithography, and soft lithography. Photolithography is accomplished by exposing a
light-sensitive polymer to UV light through patterned gaps in a non-light-sensitive
blocking sheet. Depending on the characteristics of the light-sensitive polymer, the
UV light will cause it to polymerize, become crosslinked, or to degrade. Then, the
polymer is treated to chemically remove the excess polymer, leaving a patterned
layer. The resolution of patterning is a function of the wavelength of the light used.
In electron beam lithography, a beam of high-energy electrons is raster scanned
across a layer of light-sensitive polymer, exposing the material underneath. Because
the resolution of this method is a function of the diffraction limit of electrons,
smaller (submicron) patterns can be created (Biswas et al. 2012). Both photolithog-
raphy and electron beam lithography are high-cost and low-throughput methods,
complicating the scale-up of these technologies. In contrast, soft lithography, which
makes use of elastomers to emboss, print, and mold patterns onto surfaces, is lower
cost and allows for a higher throughput at the expense of reproducibility.

Miller et al. used soft lithography to create nano-patterned PLGA films for
vascular grafts. First, a PLGA film was treated with NaOH to create rough surfaces
with micro- and nano-features based on NaOH treatment time. A silicone elastomer
was then poured on top of these surfaces and cured to create a negative cast of the
surface structure. PLGA was then poured on top of these elastomer molds and
allowed to solidify. In this way, the rough topography created by the NaOH
treatment was transferred to new films without the chemical modifications that
NaOH makes to the polymer structure. Atomic force microscopy (AFM) data
and SEM images confirmed the transfer of topographical features from the NaOH
treated PLGA to the elastomer, to the final PLGA membrane. While adhesion and
proliferation decreased on NaOH-treated PLGA relative to untreated PLGA, endo-
thelial cells adhered and proliferated significantly better on nano-structured cast
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Fig. 12 Small diameter PU grafts fabricated by electrospinning resulting in (a) a graft length of
48 mm and (b) a graft diameter of 4 mm. (c, d) SEM images of electrospun graft showing the
arrangement of microfibers that wind circumferentially (arrow) around the graft. (d) Individual
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PLGA. Smooth muscle cells adhered and proliferated better on both NaOH-treated
and cast PLGA films relative to untreated PLGA control films (Miller et al. 2004).

In a more recent study, Uttayarat et al. created 4 mm diameter PU grafts with
microgrooves on their luminal surfaces to promote endothelial cell attachment
(Fig. 12). A micropatterned PDMS sheet with microgrooves (3.6 μm chan-
nel � 3.3 μm ridge � 1 μm depth) was wrapped around a cylindrical mandrel, and
then a PU solution was slowly poured over the mandrel as it rotated in a procedure
known as spin casting. A high-intensity halogen lamp was used to cure the PU
around the mandrel, forming a micropatterned cylindrical tube. PU nanofibers
were then electrospun onto the outside of the grafts. SEM images confirmed the
transfer of grooves to the luminal surface of the PU. Mechanical testing confirmed
that the elastic modulus of this graft was close to that of native rabbit aorta tissue.
Ultimate tensile strength and burst strength were not tested. In vitro evaluations with
endothelial cells showed that the unidirectional microgrooves provided contact
guidance to the cells, causing them to elongate and align parallel to the micro-
grooves. However, this alignment was no greater on the microgrooves than on
aligned electrospun fibers (Uttayarat et al. 2010).

Relative to other graft fabrication methods, micropatterned films have significant
drawbacks. Their lack of pores presents an obvious barrier to tissue ingrowth and
cellular communication between the endothelial cell and SMC layers. Additionally,
there is little data on the mechanical properties of these films after in vivo degrada-
tion. As such, it is unclear whether grafts constructed of micro- and nano-patterned
films will remain patent long-term. While the micropatterning technologies
discussed above allow for greater control of surface topography, the findings of
Uttayarat et al. show that it is unclear whether this control provides any significant
benefit over the surface topography achieved by electrospinning.

4.1.5 Co-electrospinning and Coaxial Electrospinning
Co-electrospinning and coaxial electrospinning are methods of surface modification
unique to electrospinning alone. These techniques have the advantage of concurrent
surface modification with the primary structure, thus eliminating the need for a post-
processing modification step.

In co-electrospinning, biomolecules are placed in the polymer solution prior
to electrospinning and then become incorporated into the fibers during the electro-
spinning process. This process is useful both for functionalizing the fiber surface
and for establishing a controlled release of the biomolecules. In a 2005 study by

�

Fig. 12 (continued) microfibers taken from the graft exterior in (c) are shown to be tightly packed
and aligned. (e, f) SEM images of hybrid graft consisting of microgrooves on the lumen and mesh of
microfibers on the exterior. (g, h) SEM images show a PU graft generated by spin casting alone. The
ridge width, channel width and channel depth were 3.6 � 0.2, 3.9 � 0.1, and 0.9 � 0.03 μm,
respectively, in (f) and (h). (Reprinted fromActa biomaterialia, 6:4229-4237, Uttayarat et al., Micro-
patterning of three-dimensional electrospun polyurethane vascular grafts, Copyright (2010) with
permission from Elsevier)
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Kwon et al., PLCL was co-electrospun with 5%, 10%, 30%, and 50% collagen I (for
surface functionalization) or 1%, 5%, and 10% tributylamine-heparin salt (for
controlled release). For further comparison, a subset of PLCL fabrics was coated
with fibronectin. SEM images showed the collagen-containing fibers had lower
diameters than pure PLCL controls, and mechanical testing showed that the
tensile strength of the templates decreased with increasing concentration of collagen.
The heparin-loaded templates were not tested. Endothelial cells seeded on the
templates showed higher elongation and spreading on 5% and 10% collagen-
blended templates, while endothelial cells on 30% and 50% collagen-blended
templates had less spreading and were more rounded. The authors attribute this
suboptimal morphology on the higher collagen content templates to the higher
degree of fiber swelling and corresponding template shrinkage when placed in
aqueous environments. 5% and 10% collagen-loaded templates and the fibronec-
tin-treated templates had significantly higher endothelial cell proliferation than the
untreated PLCL control, while 30% and 50% collagen-loaded templates had signif-
icantly lower numbers of adhered endothelial cells than untreated PLCL. Heparin
release experiments showed an initial 12-h burst release proportional to the loading
amount, followed by a 4-week consistent release period. Predictably, the more
heparin loaded into the construct, the larger cumulative release of heparin from the
construct over the 4-week period. This release profile suggests that some of the
heparin was present on the fiber surfaces and solubilized quickly once placed in
liquid, thus creating a burst release. The following period of controlled release
was likely a result of slow PLCL hydrolytic degradation, freeing up small deposits
of heparin present throughout the fiber interior. This account was supported
by SEM images taken at the end of the 4-week release period, which showed
disconnected and thinned fibers consistent with slow PLCL degradation. Toluidine
blue imaging showed heparin present at the surface of fibers before the release
period, further validating this release theory (Kwon and Matsuda 2005).

Coaxial electrospinning, a procedure in which one nozzle is placed inside another
and solution is forced out of both during the electrospinning process, allows the creation
of fibers with a distinct core/shell morphology. A core load-bearing polymer can be
surrounded by a biopolymer shell to create surface-functionalized fibers. Alternatively, a
shell of load-bearing polymer can surround a drug-containing core whose release is
delayed and controlled by the degradation of the polymer shell. In a recent 2017 study,
Hu et al. used coaxial electrospinning to create heparin- and vascular endothelial growth
factor (VEGF)-loaded fibers. This procedure was used to encapsulate VEGF and the
anticoagulant heparin in a core surrounded by collagen/elastin/PLCL and pure PLCL
shells. A sustained release of heparin and VEGF was observed over a 4-week release
period, with a significant burst release of heparin in the first 24 h. Endothelial cells
cultured on VEGF-loaded templates had significantly better attachment and proliferation
as compared to ePTFE and non-loaded PLA/PCL fibers. Grafts were implanted into
rabbit aortas for 28 days and showed better patency than ePTFE controls, and post-
explantation analysis showed less thrombus formation than ePTFE (Hu et al. 2017).

In a similar study, Yin et al. used coaxial electrospinning to encapsulate a
heparin core within a collagen/chitosan/PLCL shell for controlled release from
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small-diameter grafts. Mechanical testing showed the higher the PLCL content of the
shell, the greater the peak stress and strain at break, with 50% or higher PLCL
content creating grafts that were significantly stronger than native artery. Heparin
incorporation did not have a significant effect on graft strength. The incorporation
of 5% heparin increased graft compliance relative to non-loaded control, but con-
centrations above the 5% level decreased compliance significantly. Most graft
formulations tested achieved higher burst pressures than those of native saphenous
vein. A heparin encapsulation efficiency of at least 70% was achieved in all
but one formulation. Release experiments showed all formulations having a
controlled release period of at least 45 days following an initial burst release.
Platelet adhesion testing showed significantly less platelet adhesion as compared
to a pure electrospun PLCL control. Endothelial cell culture testing showed
that the template with the highest initial burst release of heparin had lower
endothelial cell proliferation than the best performing non-control samples, but all
other heparin-releasing templates showed no difference from each other or non-
heparin PLCL controls. SEMs showed endothelial cell spreading on all template
surfaces. These data indicate that while high heparin concentrations can impede
endothelial cell behavior, a controlled release of heparin can be achieved which
reduces platelet adhesion without impeding endothelial cell growth (Yin et al. 2017).

4.2 Materials of Surface Modification

In the search for the ideal biomaterial, researchers have come to realize that there
is no universal material for all applications, and that the myth of the ideal
inert biomaterial is just that. Therefore, researchers have investigated artificially
recreating both the chemical as well as mechanical signals found in the in vivo
environment. Most of the biomolecules that make up a cell’s environment
are expensive to harvest, and in most applications lack the necessary mechanical
properties that modern techniques afford in implementing these materials. Thus,
many researchers turn to modifying the surface of synthetic materials with bio-
molecules using the aforementioned techniques, thereby blending the ideal mechan-
ical properties with the ideal cellular responses.

Initial surface modifications began in the operating room. Due to issues of
blood leakage in early porous grafts, especially with heparinized patients, surgeons
would implement various techniques of pre-clotting their grafts in the patient’s blood
(Yates et al. 1978). Alternatives soon came on the market to pre-coat vascular
grafts with molecules such as albumin, heparin, collagen, and gelatin. In addition
to solving the issue of leaking, preconditioning the material surface influences the
cellular response to the vascular graft.

4.2.1 Albumin
Albumin is the most common protein in human blood plasma. It is constitutively
produced in the liver and serves to transport molecules such as hormones and fatty
acids. It has a serum half-life of approximately 20 days and a molecular mass of
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66.5 kDa (Peters Jr 1995). In addition, albumin is responsible for maintaining
oncotic pressure in the body.

Kottke-Marchant et al. studied the in vitro blood compatibility of an albumin
coating on Dacron vascular grafts. Albumin-coated Dacron compared to
Dacron grafts were evaluated for platelet activation, fibrin formation, and leukocyte
interaction at up to 3 h. Platelet activation via release of platelet factor 4 and
β-thromboglobulin was found to be significantly less in the albumin coated
grafts, and they also had less coagulation activation via fibrinopeptide A formation
(Kottke-Marchant et al. 1989). SEM imaging showed that Dacron alone had
more adherent leukocytes and platelets than did the albumin coated Dacron grafts.
This study showed that in addition to reducing blood leakage, molecules such as
albumin can precondition the material surface to change the cellular response.

In addition, Kangac et al. studied the effects of coating knitted Dacron grafts with
albumin and evaluating for tissue ingrowth amongst other parameters. Canines were
subject to thoracoabdominal aortic resection and had an 8 mm internal diameter,
30 cm long graft implanted. Two groups consisting of carbodiimide-cross-linked
human albumin bound onto the surface of knit Dacron grafts were compared to knit
Dacron grafts pre-clotted with whole blood. Grafts were evaluated at 1, 4, 10, and
20 weeks. All evaluated grafts were patent, and there was no significant difference in
the evaluation of tissue incorporation. The albumin-coated grafts had inner capsules
comprised of myofibroblasts, collagen, and endothelial cells that had a thickness
20% less than the Dacron control (Kangac et al. 1997). This difference of 0.045 mm
was significant and may indicate a lesser propensity for intimal hyperplasia.

4.2.2 Collagen
Type I collagen is a major extracellular matrix component of the vascular system
and is deposited in the vascular tissue by fibroblasts and smooth muscle cells.
It is characterized by a triple-stranded helix with each chain composed of the
amino acid sequence Gly-X-Y where X is typically a proline and Y is frequently
a hydroxyproline (Rhodes and Simons 2007). Structurally, it is the primary load-
bearing component of the vasculature and also provides integrin binding sites that
enable cell attachment and movement within the extracellular matrix (Boland et al.
2004; Caves et al. 2010; Kumar et al. 2013). These integrin binding domains
facilitate cell adhesion and are characterized by RGD (Arg-Gly-Asp) sequences
(Ruoslahti 1996). One drawback to using collagen in vascular applications is that
it is highly thrombogenic. In the natural vasculature, collagen is usually only
exposed directly to the blood in the event of an injury, when it causes platelets to
attach and activate (Wise et al. 2011). To address this problem, a variety of strategies
have been developed, including pre-seeding collagen templates with endothelial
cells or using an acid-soluble collagen I variant with higher clot resistance than
ePTFE (Boccafoschi et al. 2005; Tillman et al. 2009). Surprisingly, another
issue with collagen-based vascular grafts has been their structural integrity. One
of the first serious attempts at a tissue-engineered graft, created by Weinberg and
Bell in 1986, involved seeding gels of collagen I with bovine endothelial cells,
smooth muscle cells, and fibroblasts to create layers similar to the natural intima,
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media, and adventitia of native vascular tissue (Weinberg and Bell 1986). Their
original model constructed with one mesh has a burst strength of 40–70 mmHg,
failing via delaminating and tearing. A further model consisted of three layers of
collagen lattice that alternated with two Dacron meshes. This graft had a burst
strength of 120–180 mmHg and failed by a pinhole leak. The mode of failure with
these grafts resided with the collagen lattice. In a final effort, the authors optimized
the collagen deposition and cross-linking to produce grafts that had a burst strength
of 323 � 78 mmHg. While a significant improvement, these grafts had a burst
pressure an order of magnitude less than native human vascular burst pressure,
which presents a significant barrier to in vivo applications.

More recent attempts have involved combining collagen with one or more
other polymeric materials. In a 2015 study, Koens et al. created three-layered
4 mm inner diameter vascular conduits by taking elastin and type I collagen fibers
purified from equine ligament and bovine Achilles tendon, respectively, and depos-
iting them via a molding, freezing, and freeze-drying method. An elastin layer was
first deposited, followed by two subsequent collagen layers, and then the grafts were
crosslinked with EDC and N-hydroxysulfosuccinimide (NHS) in the presence of
heparin so as to deposit heparin onto the graft surface. The materials were then
grafted into porcine bilateral iliac arteries and left for a period of 7 or 28 days.
Duplex scanning showed all grafts remained patent after 7 days, with turbulence
observed at the anastomoses. After 28 days, though, all the experimental grafts
were completely occluded, as opposed to only 1 of 4 ePTFE control grafts.
Explantation revealed dislodged elastin fibers, with a fibrin layer forming between
the elastin layer and the first collagen I layer, and alizarin red staining revealed
significant calcification of the graft. The authors postulate that the large surface area
of the fibers coupled with blood shear stress through the porous elastin layer
contributed to the subsequent occlusion (Koens et al. 2015). Additionally, the fact
that a significant amount of blood flow penetrated the elastin layer and came in direct
contact with the first collagen I layer likely exposed it to the thrombogenic properties
of the collagen. The information presented in this study represents a cautionary
tale about the use of porous surfaces in vascular grafts. While some porosity is
necessary to allow endothelial cell adhesion and tissue penetration throughout the
graft, too much porosity creates dangerous fluid shear through the fibers that, along
with other factors, can contribute to thrombotic occlusion of the graft. One potential
improvement would be to compact this inner layer somewhat, so that a smoother
inner surface is created that still has enough porosity to allow for endothelial cell
attachment and proliferation.

Some researchers have postulated that the poor mechanical stability of vascular
grafts made from collagen gels is due to the fact that smooth muscle cells
seeded on their surfaces tend to take on longitudinal orientations, rather than the
circumferential orientation found in native vascular tissue (Kakisis et al. 2005).
This orientation can be addressed by the use of a pulsatile flow bioreactor which
provides the cyclic stretch experienced by smooth muscle cells in native arteries
within the body (Sarkar et al. 2007). In another 2015 study, Ahn et al. created
vascular grafts by electrospinning a 1:1 blend of PCL and calf skin collagen I onto a
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4.75 mm diameter cylindrical mandrel. This sheet was then crosslinked using 2.5%
glutaraldehyde vapor and combined with three layers of ovine vascular smooth
muscle cells wrapped around the outside of the graft. Control grafts were prepared
by seeding trypsin-dissociated individual vascular smooth muscle cells on the
outside of identical electrospun constructs. These grafts were then loaded into a
pulsatile perfusion bioreactor which applied physiological stretch, pressure, and flow
(of culture medium, not blood).

After a period of 5 days, the grafts were removed, fixed, and examined.
Immunofluorescent staining showed that the grafts surrounded by confluent layers
of smooth muscle cells showed higher expression of cell-to-cell junction proteins
and contractile proteins than the SMC-seeded grafts. The cell sheets maintained
structural integrity with their electrospun templates throughout the pulsatile flow
culture period, with greater migration into the structure than non-pulsatile culture
controls. Mechanical testing before and after the 5-day culture period indicated that
the pulsatile culture period significantly increased the tensile strength and elongation
at break of the cell sheet-wrapped structures, and decreased the elastic modulus,
thus allowing the graft to flex further with the flow. Additionally, this testing showed
that the structures surrounded by a cell sheet had significantly greater tensile
strength, lower elastic modulus, and greater elongation at break than the non-
wrapped template controls after the pulsatile culture period, indicating that the
SMC layer mediated the structural changes undergone by the graft during the culture
period (Ahn et al. 2015). While this study demonstrates the benefit of incorporating
a SMC layer into the outside of a vascular graft, as well as the use of collagen I to
enhance the binding and infiltration of this cell layer into the graft, it fails to address
potential thrombogenicity concerns arising from the bloodstream directly contacting
the collagen I within the graft.

Another method of improving the mechanical properties of natural polymers such
as collagen or elastin is to use a crosslinker. Examples include UV radiation,
genipen, NHS, EDC, and glutaraldehyde, among others (Drury and Mooney 2003;
Jeong et al. 2007). Crosslinking with UV radiation is advantageous because there
is no risk of the grafts leaching potentially harmful chemical crosslinkers after
implantation, and UV radiation binds the aromatic tyrosine and phenylalanine
residues of the collagen, rather than carboxylate anions, thereby preserving biolog-
ically functional binding sites (Davidenko et al. 2016). However, it may be difficult
for UV radiation to penetrate deeply into a polymeric graft, thus limiting the degree
of crosslinking.

A 2013 study by Chan et al. showed that crosslinking of collagen templates
enhances the stability of adhered endothelial cell layers, thus improving both
the mechanical stability and the ability of the grafts to resist thrombotic occlusion.
Microvessel-mimicking collagen I gels were formed around 120 and 140 μm
diameter needles, crosslinked with varying amounts of either genipen or EDC,
then flushed with PBS to remove any residual crosslinker. The graft interiors were
then perfused with a suspension of endothelial cells, which adhered and proliferated
to form a confluent layer. Elastic moduli of the grafts increased with increasing
concentration of both EDC and genipen during crosslinking, indicating that both
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crosslinkers significantly increased graft stiffness. However, the permeability of the
graft walls was unchanged by either crosslinking process, indicating that the
wall porosity was unchanged. Perfusion of these grafts at low shear stresses showed
that the endothelial cell layers on non-crosslinked templates tended to delaminate
from the template and block flow through the graft, while the endothelial
cell layers on both EDC and genipen-crosslinked templates remained fully
attached and functional. Grafts were then perfused in a condition mimicking
low transmural pressure, another condition which often destabilizes vessels.
As was seen in the low-shear condition, endothelial cell layers dislodged from
non-crosslinked templates, while those on EDC and genipen-crosslinked templates
remained stable and functional (Chan et al. 2014). These results demonstrate the
benefits of crosslinking collagen templates on overall graft functionality.

4.2.3 Elastin
Elastin comprises around 50% of the dry weight of arterial walls, and its distensible
nature imparts the elasticity that allows these walls to flex outward as blood
is pumped through them (Patel et al. 2006). It is formed by crosslinking its
precursor molecule, tropoelastin, via the enzyme lysyl oxidase. Elastin’s structure
consists of two small segments alternating along a polypeptide chain (Rhodes and
Simons 2007). One segment is hydrophobic and gives rise to elastin’s elastic
properties. The other segment is alpha-helix rich and is the site of where crosslinking
occurs. Elastin has been shown to prevent the excess migration and proliferation
of smooth muscle cells that is a defining characteristic of intimal hyperplasia
(Patel et al. 2006). Elastin is often used in composite grafts along with a more
rigid polymer to control the flexibility and compliance of the graft. In a 2008 study,
Smith et al. fabricated 1.5 mm inner diameter tubes of electrospun PDO/elastin
solutions. First, separate solutions of 60 mg/mL PDO and 200 mg/mL bovine elastin
in 1, 1, 1-3, 3, 3-hexafluoro-2-propanol (HFP) were blended at a 70:30 volumetric
ratio. The resulting blend was then electrospun onto a 1.5 mm diameter cylindrical
mandrel. Halfway through the electrospinning process, a PDO suture was
wound around the tube in a controlled manner to increase the mechanical integrity
of the graft. A subset of tubes was created with two sutures applied between layers,
one wrapping in a right-handed helix around the tube while the other wrapped in
a left-handed helix. Another subset of tubes was fabricated without sutures or
with one suture, or with only one layer. The tubes were soaked in EDC to crosslink
the elastin as previous work has shown un-crosslinked elastin will elute out from
hydrated electrospun templates, and then mechanically tested. The double-layered
two-suture tube had the highest burst strength and lowest compliance, with
crosslinking decreasing compliance. In general, the single-layered tube and the
double-layered tube without suture best matched the compliance of native arteries
and veins, but the burst strengths of all constructs tested were below those of
the native tissues and the ePTFE control. Thus, while the results of this
study indicate that PDO/elastin composite grafts match the compliance of native
arteries, even the incorporation of a suture reinforcement does not give them the
requisite burst strength (Smith et al. 2008).
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4.2.4 Fibrin
Fibrin is a natural blood clotting protein used by the body to create a thrombus in the
event of injury. Soluble fibrinogen, the precursor protein, circulates through the
bloodstream until it reaches the site of an injury, where it is cleaved by the enzyme
thrombin and forms aggregates of fibrous fibrin protein. Under trade names such as
Evicel and TISSEEL, fibrin is used in the clinic as a tissue sealant and hemostatic
agent. In a 2001 study, Grassl et al. investigated the use of fibrin in mimicking
the media layer of a native vessel. Smooth muscle cells were entrapped within a
solution of fibrinogen and thrombin, which was gelled into hemispherical constructs.
Similar SMC-containing hemispheres were constructed of collagen I. The smooth
muscle cells contained in the fibrin constructs produced higher levels of soluble and
insoluble hydroxyproline than those entrapped in the collagen I gels, indicating
increased production of new collagen (Grassl et al. 2002). It should be noted that
this study made no attempt to mimic the structure or load-bearing function of the
media layer, so while its results suggest that the presence of fibrin would be helpful
in stimulating SMC remodeling of this layer, these findings do not indicate whether a
graft utilizing a pure fibrin hydrogel in the media layer would succeed in vivo.

More recent work has succeeded in developing mechanically stable fibrin tubes.
In a 2016 study by Aper et al., fibrinogen precipitated from human blood was clotted
via thrombin into fibrinogen inside a high speed rotational mold. The centrifugal
effect of the rotating cylinder forced the precipitating fibrin to the walls, forming
tubes with inner diameters between 5.3 and 6 mm. During the centrifugation process,
the liquid was forced out. This centrifugal spinning process compacted the fibrin,
increasing the covalent crosslinking of the fibers as they formed and improving the
overall mechanical strength of the tube. Some tubes were formed with fibrinogen
solution containing fibrin stabilizing factor (factor XIII), while others contained both
factor XIII and smooth muscle cells in the solution during spinning. Those tubes
whose matrices were formed with smooth muscle cells inside had a layer of
endothelial cells sprayed on the luminal surface after initial formation of the tube,
which was then spun for 20 more minutes to promote endothelial cell attachment.
Mechanical testing showed the tubes increased in strength with higher spinning
rates, up to 15,000 rpm, and the addition of clotting factor XIII and smooth muscle
cells to the initial fibrinogen solution and subsequent coverage with an endothelial
cell luminal layer increased the tensile and burst strength of the tubes while decreas-
ing their elastic moduli. Grafts constructed with factor XIII, smooth muscle cells,
and endothelial cells were implanted into ovine carotid arteries and removed after
either 1 or 6 months. Explantation after 1 month revealed only one out of three grafts
were patent, with the other two occluded. The patent graft showed an increase in wall
thickness characteristic of intimal hyperplasia, but immunofluorescent staining
revealed only a few vWF-positive cells remained on the luminal side of the graft,
indicating that most of the endothelial cells had been sheared off the surface.
Explantation after 6 months revealed two out of three patent grafts, with a confluent
layer of vWF-positive cells on the inside of the graft. This indicates that while the
original endothelial cell layer sheared off, more endothelial cells arrived either
through the blood or from the anastomoses to re-establish this confluent layer.
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A large presence of α-SMA positive cells was seen in the neo-media of grafts at both
1 and 6 months, and histological staining showed that after 6 months, the fibrin grafts
were remodeled with newly deposited collagen I. Post-explantation mechanical
testing showed the fibrin grafts had lower tensile strength, burst strength, and elastic
modulus than native ovine carotid artery, although evidently these grafts were strong
enough for at least some of them to remain patent over the 6-month period (Aper
et al. 2016). These results demonstrate the potential of fibrin-based vascular grafts
but clearly more refinement must be done before they are considered a viable graft
for use in humans.

Moving towards that goal, Syedain et al. has had some success with developing
“off the shelf” arteriovenous grafts (AVG) in both sheep and baboons (Syedain et al.
2014, 2016, 2017). Their grafts were constructed by suspending human dermal
fibroblasts (hDFs) in a fibrin gel and thrombin mixture. The suspension was injected
into a tubular mold and maintained for a 2-week maturation period. The grafts were
then transferred to a pulsatile flow bioreactor for an additional 3 weeks. Grafts were
4–6 mm in inner diameter and 12–15 cm long. After maturation the grafts were
decellularized and stored for up to 12 months for implantation. Initial studies in
sheep up to 6-months showed a population of appropriate cells without a prolonged
inflammatory period and growth as the young lambs matured. Upon explantation,
the synthetic polymer was not present, removing a potential source of chronic
inflammation.

In their latest study, grafts were implanted into baboons between the axillary
artery and the cephalic or brachial vein. Grafts were evaluated at regular time
points between 1 and 6 months for mechanical properties, composition, histol-
ogy, and immunohistochemistry. Initial mechanical properties of the grafts were
found to be wall thickness of 0.48 � 0.05 mm, UTS was 3.8 � 0.7 MPa,
circumferential modulus was 10.2 � 2.2 MPa, burst pressure was
3164 � 342 mmHg (99.8% of the reported value for the human internal mam-
mary artery), and suture retention was 199 � 56 gram-force (144% of the value
reported for the native internal mammary artery). Their initial implantation
protocol had to be adjusted to add the anticoagulant clopidogrel due to issues
of venospasms resulting in thrombosis.

At 3 months, the primary patency rates were 83% (5 of 6) and at 6 months 60%
(3 of 5). The authors commented that Dehl et al. performed a directly comparable AVG
study in baboons with a 3- and 6-month patency rate of 83% and 100%, respectively,
with no rapid initial failure due to clotting (Dahl et al. 2011). They conclude that some
of the early issues they experienced were due to model development. One graft
experienced rupture which the authors contribute to manufacturing defect. At 6 months
postimplantation, the explanted grafts had a burst pressure of on average 156% of
preimplanted values, indicating cellular ingrowth augmenting the mechanical proper-
ties. Grafts at 3 and 6 months stained positive for elongated cells with circumferential
orientation (most of these in a region adjacent to the luminal surface also stained
positive for α-SMA indicating smooth musculature phenotype), abundant collagen,
minimal mature elastin, no calcification, and complete CD31 positive staining indi-
cating endothelialization of the proximal and distal ends of a subset of the grafts.
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Immunocompatibility analysis via IgG, IgM, and IgE showed no increase at all time
points except a transient increase in IgE for one baboon. The authors believed this to
be a type 1 hypersensitivity reaction due to incomplete removal of antigens. Overall,
this study demonstrated a viable off the shelf, acellular solution to small-diameter
vascular grafts. Nevertheless, issues with the baboon model and its external validity to
human physiology are yet to be understood.

4.2.5 Heparin
Heparin is a negatively charged glycosaminoglycan with repeating disaccharide
units. In vivo and clinically, heparin is used as an anticoagulant whose mechanism
of action works through binding to activate the enzyme inhibitor antithrombin III
(AT). AT in its activated form goes on to inactivate thrombin and factor Xa, two
molecules involved in the coagulation cascade. Heparin is used to coat vascular
grafts amongst other uses under the trade name CARMEDA® Bioactive Surface as
an example.

There are three categories of methods for incorporating heparin into a graft:
adsorption, electrostatic deposition, and covalent bonding (Hoshi et al. 2013).
Adsorbed heparin is subsequently released as a burst in vivo with short-lived
therapeutic effects and can result in the idiopathic pathology of heparin-induced
thrombocytopenia, or HIT syndrome (Hoshi et al. 2013). Electrostatic deposition
takes advantage of heparin’s significant negative charge. A positive charge can be
induced onto a graft to attract heparin to the graft. Post adherence, this method
has the same issues as traditional adsorption with burst release. The last available
option is covalent bonding. This method requires specific chemistry to immobilize
heparin to a material. It was quickly discovered that heparin needs to be bound to a
vascular graft in a way that preserve its tertiary and quaternary structure (Hoshi et al.
2013). Heparin’s mechanism of action is dependent on its negative charge as well
as its tertiary and quaternary structure to be biologically active. If covalently bound
in such a way that the higher structure is lost, then the deposition becomes
ineffective.

Hoshi et al. studied the effects of covalently bound heparin onto ePTFE vascular
grafts. Specifically, the group bound heparin to aminated poly(1,8-octanediol-
co-citrate) (POC) via its carboxyl functional groups onto POC-modified ePTFE
grafts. The authors confirmed that this method of immobilization resulted in
bioactive heparin for at least 1 month in in vitro physiologic conditions. Once the
bioactivity was confirmed through whole blood clotting assays, the modified
graft was evaluated for its interactions with isolated human endothelial cells,
endothelial progenitor cells, and smooth muscle cells. Endothelial progenitor cells
were studied through blood outgrowth endothelial cells (BOECs). These cells arise
from bone marrow derived, circulating endothelial progenitor cells, and play a role in
vasculogenesis.

Both cell lines of human umbilical vein endothelial cells (HUVECs) and BOECs
showed viability and proliferation with no significant difference between the POC-
Heparin group, POC, and tissue culture polystyrene groups (Hoshi et al. 2013). In
addition, the HUVECs and BOECs stained positive for vWF and E-Cadherin as well
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as produced nitric oxide which was confirmed by a fluorescent probe 5,6-
diaminofluorescein diacetate assay. These results indicate that POC-heparin does
not deter endothelial growth when compared with TCP controls. Human aortic
smooth muscle cells (HASMC) showed a greater expression of α-actin on POC
and POC-heparin compared to TCP (Hoshi et al. 2013). This protein is typically
associated with the contractile smooth muscle phenotype as opposed to the prolif-
erative phenotype. This is advantageous for a functional vascular graft and to avoid
smooth muscle hyperplasia. Furthermore, the surface density of HASMC cells was
significantly less in the POC-heparin and POC groups compared to TCP. This
finding further reinforces that the smooth muscle cells were adopting a contractile
phenotype rather than a proliferative one. These studies suggest that vascular grafts
covalently modified with heparin can reduce thrombosis as well as smooth muscle
hyperplasia, both of which are the two most significant causes of failure in vascular
grafts.

5 Conclusions

With the rate of cardiovascular disease projected to rise over the next 10 years, the
lack of a clinically available synthetic small-diameter vascular graft presents
an urgent need. The research discussed throughout this chapter describes a variety
of material choices, fabrication methods, and surface treatments which provide
promising avenues towards the creation of novel vascular grafts. Such grafts
should have burst pressures and UTS in excess of native vascular tissue, while
closely matching the elasticity and compliance of that tissue. Porosity and pore
interconnectivity should be tailored to allow for cellular ingrowth without creating
high-shear flow conditions on the luminal surface of the graft. Cellular adhesion
and proliferation can also be promoted via surface treatment and biopolymer
conjugation. It is likely that the ultimate success of small-diameter vascular grafts
will depend on the ability to mimic native artery tissue as closely as possible.
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