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Abstract
Impact of Collagen-Incorporation within Electrospun Vascular Conduits on the
Inflammatory Response and Conduit Mechanics
by
Karamveer Birthare
Advisor: Dr. Chris Bashur

Current surgical alternatives for treating coronary artery diseases are limited in
patients with systemic vascular diseases due to unavailability of suitable autologous
vessels. The overall goal of this research project is to develop an appropriate tissue
engineered vascular grafts (TEVGs) for small-diameter (<6 mm) arteries. Current
grafts fail from intimal hyperplasia, caused by hyperproliferation of the smooth
muscle cells (SMCs), and graft thrombosis, caused by lack of functional
endothelium. Formation of the endothelium, and production of pro-inflammatory
species that limits the long term patency, are partially due to the accumulation of
oxidized lipid species. In this study, the scaffold composition was systematically
varied to assess the inflammatory response and lipid oxidation levels in a rat
peritoneal model. Specifically, we determined the collagen to PCL ratio required to
limit the production of pro-inflammatory species, while maintaining the required
mechanical strength for vascular grafts. Electrospun conduits were prepared from
iii

0%, 10%, and 25% blends of collagen/ PCL (w/w) and implanted in the rat
peritoneal cavity for 4 weeks. The results of the study showed that scaffold
composition can be varied while keeping the fiber diameter similar. Results from
10% blend conduits showed significantly higher expression for contractile markers
compared to the 25% and 0% blend conditions. In general, adding collagen to the
PCL conduits reduced the accumulation of oxidized species within the implanted
conduits. All conduits exhibited sufficient tensile strength post- implantation. In
conclusion, these results demonstrate that introducing 10% collagen into
electrospun scaffolds limits the pro-inflammatory characteristics of the recruited
peritoneal cells that can potentially improve patency of the TEVGs.
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Chapter 1: Introduction
1.1 Introduction
This research study aims at understanding the inflammatory response
elicited by electrospun based scaffolds used to engineer tissue engineered vascular
grafts (TEVGs) for small-diameter arteries (i.e., <6 mm). These TEVGs have
emerged as a promising alternative to current surgical options for treating coronary
artery diseases. However, current strategies to engineer TEVGs for small-diameter
arteries have so far been ineffective [1]. These grafts are unable to mimic the native
artery and fail from graft thrombosis and intimal hyperplasia [2-4]. A tissue
engineering approach to create a vascular substitute incorporates both a
biodegradable scaffold, which provides initial structure and strength, and cells that
produces sufficient tissue [5]. The vascular tissue engineering strategy used in this
work focuses on incorporating a natural material within a synthetic polymer using
electrospinning to fabricate small-diameter scaffolds, and using the peritoneal
cavity as a bioreactor to recruit cells. Previous studies have looked at using the
peritoneal cavity as a cell source for generating TEVGs [4] and examining the
effect of collagen incorporated electrospun scaffolds on the recruited cell
population. However, this study will be the first to determine the impact of scaffold
composition on lipid oxidation within the implanted peritoneal constructs. The
overall aim of the project is to develop an approach to produce TEVGs with
1

appropriate tissue production by cells and appropriate time frame of the
inflammatory response.
1.2 Vascular Diseases and Clinical Need
Coronary heart disease (CHDs) is one the major cause of death in the
United States [6] and around the world. CHDs are mainly characterized by the
buildup of atherosclerotic plaques causing narrowing of the vessel lumen, thus
reducing the blood supply [7]. Occlusion of the coronary artery caused 1 in 6
deaths in the United States in 2009 [6]. Surgical interventions are often required to
replace the damaged vessels [8]. Currently, coronary artery bypass graft surgery
using autologous vein is the gold standard for grafts [9]. However, these grafts are
unavailable in >30% of patients due to systemic vascular disease or unavailability
of suitable vessel for replacement [9]. Besides the use of autologous vessels,
allografts and xenografts have also been used as an arterial replacement. However,
these grafts are often associated with concerns about disease transmission and
immune rejection [10].
Several efforts have been made with the synthetic replacement for diseased
vessels [11]. Artificial grafts, for instance expanded poly(tetrafluoroethylene)
(ePTFE) and knitted/woven poly(ethylene)terephthalate (Dacron), have been
successful for large diameter blood vessel [5]. Large diameter blood vessels are
associated with the high volume of blood flow allowing these artificial grafts to
overcome surface thrombogenicity, making them highly patent [12]. However,
2

these grafts fail as a replacement for small-diameter arteries due to vessel
thrombosis [12]. Thrombosis can occur through several mechanisms and influences
the long-term patency of the vascular grafts.
1.2.1 Graft Patency
Graft patency is defined as the ability of a graft to not occlude, allowing
normal blood flow after implantation. Graft occlusion can take place from a few
days to months and even years post grafting. Failure of the grafts because of the
occlusion can be divided into early, mid, and late-stage failure [13]. Early graft
failure usually occurs within 30 days of grafting and is predominantly associated
with acute thrombosis due to vessel wall damage, protein adsorption, and blood
stasis [14]. Mid-term graft failure is caused by occlusion of the graft due to
‘neointimal hyperplasia’ and occurs between 2 months to 2 years [5]. Neointimal
hyperplasia is associated with narrowing of the lumen over time because of smooth
muscle cells (SMC) hyperproliferation causing intimal thickening [15]. Graft
failure can also occur because of an underlying atherosclerotic condition, leading to
late failure (> 2 years) [5].
The long-term patency of these grafts, as discussed above, is limited by the
grafts ability to mimic the basic structure and biology of the native artery. Tissue
engineering allows the ability to develop strategies to fabricate scaffolds that can
potentially mimic the native structure. However, one challenge with TEVGs is the
inflammatory response elicited by the biomaterial scaffold. Therefore, developing
3

new tissue engineering strategies not only requires the understanding of the
anatomical structure and function of the native vessel, but also the ability to
modulate the inflammatory response to promote integration of the TEVG with the
native vessel.
1.3 Native Artery
Arteries are responsible for carrying blood from the heart, and to the tissues.
Blood is ejected from the heart into the large-diameter aorta and subsequently
travels to small-diameter vessels to reach the tissues. Due to the varying diameter
of the arteries, they experience different mechanical stresses and strains based on
the blood volume and arterial pressure [16]. Therefore, smaller diameter arteries
have significantly different fluid mechanics compared to the larger arteries. A
small-diameter artery is associated with low shear stress compared to the largediameter arteries, following Poiseuille's law [17]. Consequently, small-diameter
arteries are more susceptible to thrombus formation and subsequent graft failure.
Veins transport deoxygenated blood back to the heart. The structure of the
vein is different than that of an artery because of their different functions. Veins
can deform easily because of thin walls, and vary in the organization of tissue [16].
Although autologous vein grafts have been somewhat successful [11], the inherent
structural differences from that of the arteries have hindered their long-term
patency. Half of saphenous vein grafts fail after ten years, and of those patent, only
half are free of arteriosclerosis [18]. Therefore, developing a graft that is similar to
4

the artery is important. This study is focused on developing TEVG for smalldiameter arteries, specifically, coronary arteries.
The coronary arteries are responsible for supplying blood to the heart. The
right coronary artery (RCA) and the left coronary artery (LCA) branch off from the
aorta supplying blood to the right and the left, atrium and ventricles, respectively
[19]. Both of these coronary arteries further branches off to supply blood to the
distal and posterior side of the heart. The coronary arteries undergo circumferential
and longitudinal distention under arterial pressure [20].
1.3.1 Composition and Organization
The coronary arteries are composed of three concentric layers that are
structurally different (Fig.1): Tunica intima, tunica media and tunica adventitia.
The tunica intima is the innermost layer of the arteries, primarily composed of
endothelial cells, and is in direct contact with the flowing blood. Endothelial cells
(ECs) are the primary cell type found in the intima and are oriented in the direction
of the blood flow. The layer of endothelial cells (ECs) forms the endothelium and is
supported by the basal membrane [21, 22]. ECs play an important role in promoting
anti-thrombogenicity by inhibiting platelet adhesion [23]. They regulate several
vascular processes, including the arterial vasoactivity that occurs through chemical
and mechanical cues from the blood flow [24] and signaling with vascular smooth
muscle cells (V-SMCs) [25].
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Figure 1. Cross-sectional view of the coronary artery. Native artery is comprised of the
intima, media and adventitia layers. Thin layer of endothelial cells cover the inner lumen
while smooth muscle cells and fibroblasts are present in the media and adventitia,
respectively.

The tunica media, or the medial layer, is partly responsible for the structural
integrity of the arteries and provides the vessel with its mechanical characteristics.
The media is primarily comprised of the V-SMCs, and fenestrated sheets of elastin
called lamellae [22]. The space between elastic lamellae is rich in proteoglycans,
which allows for compressibility, and is densely populated by V-SMCs that
produce collagen and elastic fibers [22]. V-SMCs play an important role in
maintaining the strength and function of the arterial wall, and together with the
elastic lamina, is responsible for vessel compliance during the pulsatile blood flow
[26]. They produce collagen fibers that are responsible for the tensile stiffness of
the arterial wall.
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The tunica adventitia, the outermost layer, is separated from the medial
layer by external elastic lamina and anchors the vessel to the outside tissue. It is
composed of mostly fibroblast cells that produce predominantly collagenous type I
matrix and proteoglycans forming the connective tissue [22]. This highly
collagenous matrix prevents any vascular rupture that may occur due to high
arterial pressure [27]. The tunica adventitia is vascularized to provide essential
nutrients to the cells and has thrombogenic properties.
1.3.2 Functional Properties
The arterial structure discussed above and its subsequent components
provide the vessel its functional characteristics, and its structural integrity
necessary to sustain the varying mechanical stresses that are continuously exerted
on the native artery. Mechanics of the artery depends on the kind of artery and its
location in the arterial vasculature. The three-layered structure of the coronary
arteries allows the vessel to exhibit two distinctive behaviors, strength, and
compliance. Arterial strength is necessary to resist the stress during the systole. The
elastomeric behavior of the arteries allows them to return to their original shape
after distention [22]. Mechanical response of the artery is a function of the cellular
response. In tissue engineering, the goal is to modulate this cellular response to
produce a functional graft.
Biochemical cues are another set of the essential functional parameter to
regulate the cellular growth and proliferation, and maintaining the arterial
7

mechanics. V-SMCs are one of the important components in regulating the
vascular tone. However, excessive proliferation of these cells is one of the main
reasons for atherosclerosis in the native artery and intimal hyperplasia in the
vascular grafts [28]. These conditions occur because of change in phenotype of the
V-SMCs [29]. When cells are first recruited to vascular grafts, they differentiate
into proliferative phenotype, which is essential to produce tissue. However, it is
important for V-SMCs cells to later assume a contractile phenotype to regulate
normal arterial functions [29]. In a previous study, vascular grafts seeded with
SMCs showed increased cellularization, contractility and improved host integration
[30]. Integration of the vascular graft with the native artery is an important strategy
and our goal in tissue engineering. Modulating immune response is also very
important to the success of the TEVGs. The immune response and its subsequent
modulations are discussed in detail in the later sections.
Clearly, the complex three-layered structure of the vessel poses a significant
challenge in developing TEVG strategies to mimic the native vessel. However,
understanding the basic structure allows us to identify the important components
and functional properties that can be incorporated onto the vascular scaffold.
1.4 Vascular Tissue Engineering
The development of tissue engineering approaches to engineer small
diameter vascular grafts have been shown to be a promising alternative to current
surgical options [9]. One common strategy in vascular tissue engineering involves
8

the use of autologous cells in combination with a biodegradable scaffold to produce
a functional graft [31]. Cells are either seeded or recruited onto the scaffold, where
they proliferate and produce matrix to generate tissue. Scaffold degrades over time
as new tissue forms. Current engineering strategies have produced vascular grafts
that have shown some success [32]. However, significant challenges are associated
with TEVGs for the coronary arteries given the slower blood flow, which is
responsible for blood stasis and subsequent graft thrombosis [15]. Therefore, in
order to develop a viable graft for small-diameter vessel, several considerations
need to be kept in mind to mimic the functional characteristics of the medial layer
and the antithrombotic intimal layer [16, 33].
1.4.1 Criteria for TEVG
A desired vascular graft will need properties that allow long-term patency
post-implantation by preventing graft thrombosis and intimal hyperplasia [15]. One
of the important aspects of a TEVG is the biomaterial used for vascular scaffold
fabrication. The biomaterial scaffold should not just be biocompatible, but should
also be bioactive [34]. A bioactive scaffold can promote appropriate extracellular
matrix (ECM) deposition, and subsequent matrix remodeling through positive
microenvironmental cues. Cellular attachment, spreading, and orientation are
influenced by the surface chemistry, topography, and mechanical properties of the
biomaterial scaffold [35]. These factors can subsequently affect cell proliferation
and matrix production through biochemical cues [36]. Additionally, the degradation
9

products of these scaffolds can also influence the pro-inflammatory response [37],
and affects graft patency in vivo.
It is also important that the TEVGs provide the necessary structure required
to mimic the medial layer properties responsible for maintaining the mechanical
integrity over long periods. Quintessential to the structure is the cellular
organization in the medial layer. SMCs, in their contractile phenotype, are aligned
circumferentially, providing the graft its mechanical robustness [26]. Further,
recruitment or in vitro inclusion of appropriate cell type is vital to establish the
functional characteristics of the TEVGs. It is necessary that the vascular scaffold be
functional immediately after implantation. This is important to prevent occlusion,
and subsequent failure of the graph [16].
1.4.2 Scaffold
Scaffolds provide the structure required for cells to attach and proliferate,
besides imparting mechanical stability. In past few decades, several different
techniques have been investigated for scaffold fabrication and characterization to
develop optimum vascular scaffold [5]. Among them are, the use of synthetic
(polymer-based) materials (bioresorbable and non-bioresorbable) [38,39], naturally
derived proteins [40, 41], decellularized matrices [42, 43], and cell sheet matrices
[44]. For all these strategies, a few considerations should be included in the design
in order to engineer a viable vascular scaffold.
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Firstly, controlling and modulating scaffold properties are important in
addressing current TEVG challenges. Scaffold surface characteristics such as
scaffold topography, composition, and mechanics have shown to modulate cell
phenotype [45-47]. These properties are also important to guide cell attachment and
alignment [48, 49]. Integrin-mediated mechanotransductive signaling is one such
cell-signaling pathway that is influenced by the scaffold properties. [50].
Degradation products of the scaffold material, natural and synthetic, have been
shown to provide biochemical cues that can alter cell phenotype [51, 52]. Scaffold
chemistry and composition are important aspects that can further influence other
properties such as mechanics.
Second, the mechanical properties of the scaffold should be similar to that
of the native artery. Arteries display non-isotropic behavior, which is dependent on
the arterial pressure [22]. The arterial wall behaves like an elastomeric material at
low pressure while exhibiting greater stiffness at high pressure [53]. Furthermore,
scaffolds should have the required tensile strength similar to that of the human
coronary arteries (~1.8MPa) [54, 55]. Finally, in order for cells to grow and
produce extracellular matrix (ECM), it is necessary that the cells are able to
infiltrate into the scaffold and migrate within its three-dimensional structure [56].
1.4.2.1 Bioresorbable Synthetic Materials
Synthetic polymers have been widely studied and used in vascular tissue
engineering applications because of their appropriate mechanical properties.
11

Although the synthetic material can easily be modulated for their intrinsic
properties [57], they have not been successful in small-diameter grafts. These grafts
elicit a sustained pro-inflammatory response when grafted because of their inability
to degrade [15]. The bioresorbable synthetic polymers, however, are advantageous
over synthetic polymers because of their ability to degrade over time. The
degradability allows for cells to generate tissue and replace the synthetic material
completely, avoiding a sustained pro-inflammatory response [58]. Among the most
explored degradable polymers are poly(glycolic acid) (PGA), poly(lactic acid)
(PLA), and poly(ε-caprolactone) (PCL) [39, 59, 60]. The structure of these
polymers can easily be modified to obtain desired microstructural features through
processing techniques [58]. Further, altering the structure allows controlling the
degradation rates, since these polymers degrade in the body through hydrolysis [6163].
PGA scaffold have been a popular choice in vascular tissue engineering
applications because of its biocompatibility [64, 65]. However, faster degradation
rates of PGA scaffolds have been shown to compromise their mechanical integrity
[66]. PLA scaffolds, on the other hand, have slower degradation rates [66, 67] and
are capable of maintaining their mechanical integrity for longer periods. PCL has
been shown to have several advantages and, for that reason, are commonly used
bioresorbable materials [68, 69]. PCL scaffolds exhibit superior mechanical
properties [70] and have slow degradation rates in vivo [71]. Unlike PLA-based
12

scaffolds, small-diameter PCL vascular grafts promoted faster ECM production and
enhanced endothelialization 24 weeks post grafting in a rat model [2]. Overall, PCL
provides a promising choice for vascular scaffold material with its optimal
degradation time, and strength.
Although these bioresorbable synthetic substitutes allow for the ease of
modulating scaffold properties, a significant drawback they present is the extended
inflammatory response [72]. This inflammatory response usually exists until the
scaffold material is completely degraded. Further, these materials have not been
very successful because of their inefficiency to provide all the necessary biological
cues required to promote remodeling of the scaffold [73].
1.4.2.2 Natural Materials
The inability of synthetic materials to provide the necessary biological cues
has promoted the development of vascular grafts from natural materials. Recently,
decellularized matrices have gained popularity for engineering TEVGs [74]. In this
approach, native vessel is treated with the chemical, mechanical, and enzymatic
processing methods to generate a naturally-derived scaffold [75]. These scaffolds
are then implanted, and recruit autologous cells. Several groups have used
decellularized small intestinal submucosa (SIS) in vascular tissue engineering that
showed high patency [43, 76]. SIS used as a scaffold primarily has collagen,
proteoglycans, glycoproteins, and fibronectin [77]. These native ECM components
have shown to promote positive tissue remodeling [77]. In one study, decellularized
13

human umbilical arteries grafted in rat models showed patency for eight weeks post
implantation before becoming occluded due to thrombosis [78].
Even though decellularized matrices have advantages over synthetic
material in terms of biocompatibility and bioactivity, they present several
limitations. Firstly, the use of allografts is limited due to lack of tissue donors and
anatomical variations [79]. Strong detergents used for decellularization also limit
their long-term patency [34]. Second, xenografts can elicit an adverse host response
upon implantation, and are associated with greater risk of disease transmission [66].
Finally, the long-term patency of these grafts remains to be evaluated [72, 78].
Other ECM proteins have also been investigated as scaffolds for vascular
tissue engineering [80]. One of the most widely investigated ECM components for
TEVGs is collagen [66, 81]. Collagen is the most abundant protein in the ECM that
provides strength and structural integrity to the arteries, and can be isolated
conveniently [82]. Weinberg and Bell were the first to investigate collagen as a
functional substitute for TEVGs [40]. They used collagen gel scaffold embedded
with SMCs and fibroblast cells arranged in layers that resembled that of the native
artery. The graft failed because of the poor mechanical properties [40].
Since then several attempts have been made to improve the mechanical
properties of the grafts that used naturally derived materials. Strategies including
the use of support sleeves made of Dacron, and glycation to increase strength and
14

stiffness [83] have been applied to improve mechanical strength of these grafts.
However, even with improved mechanical strength, these grafts have failed to
exhibit sufficient mechanical properties required to sustain the physiological
pressures [66]. The loss of strength in these grafts is due to rapid enzymatic
degradation of collagen in vivo.
1.5 Choice of Biomaterial and Fabrication
1.5.1 Blended Materials
Blended scaffolds may provide the benefits of both synthetic and natural
materials, and have been studied extensively to yield the desired scaffold
properties. In our study, we adopt a similar approach to develop TEVGs-blending a
natural ECM component, collagen, with a synthetic polymer PCL that has a
controllable degradation rate. The slower degradation rate of the PCL in the body
will provide the initial graft mechanics necessary for bearing load after grafting
while a natural ECM component will provide the graft with appropriate
biochemical cues. Degradation products of both natural and synthetic
macromolecules have also shown to modulate the cell phenotypic response [51,52].
PCL degrades over a time frame of 1-3 years [71], which will allow for the
production of enough mature tissue necessary to support the physiological
pressures.
Incorporating collagen into polymer-based scaffold is a promising strategy.
Collagen is an important component of the native artery that provides strength and
15

influences cell-signaling pathways required for normal cell activity [84]. The ECM
degradation by-products are involved in regulating wound healing, besides other
cellular functions [85, 86]. It has previously been shown that the use collagen-rich
matrix both purified, and small intestine submucosa can positively modulate the
wound healing process [37].

Thus, altering the scaffold compositions by

incorporating collagen with PCL in the vascular scaffolds can provide the
appropriate microenvironment cues needed to improve viability in TEVGs.
However, it is important to identify the collagen content that would elicit a desired
inflammatory response without compromising the mechanics of the graft.
1.5.2 Fabrication of Vascular Conduit
The earliest attempts made to develop a vascular substitute made it evident
that the porosity of a scaffold is a necessity for clinical success [15]. Since then
different porous structures have been studied for scaffold materials, including
foams [87] and fibers [88].
Developing a fibrous scaffold has gained popularity because the structure is
similar to the structure of the native ECM. In native tissue, ECM has a wellorganized fibrous structure, made up of collagen type I and III fibrils [89, 90]. Cells
in the native vessels are in contact with several ECM fibers that modulate the
cellular behavior based on mechanical and biochemical cues. In fibrous scaffolds,
small fibers arranged three-dimensionally are similar to the native ECM
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architecture. Electrospinning, a popular technique to generate porous fibrous
scaffolds, allows mimicking the native ECM structure [48, 90].
1.5.3 Electrospinning
Electrospinning is one widely used method for fabricating fibrous scaffolds
because of its ease of use, cost-effectiveness, versatility, and consistency [91]. This
technique applies the use of an electrostatic approach to generate fibers from
polymer solutions [92]. Briefly, a polymer solution is fed through a syringe that is
collected onto a mandrel. A high voltage is applied to charge the solution while the
mandrel is grounded. The applied electrostatic field overcomes the surface tension
of the solution and forms a liquid jet, which is collected onto the grounded
mandrel.

Figure 2. Schematic representing a custom made electrospinning setup using a rotating

drum as a collection mandrel. When the electrostatic repulsion overcomes the surface
tension, a jet of entangled polymer is drawn out. This jet oscillates through the air
(whipping effect) as it moves towards the grounded mandrel.
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This results in a continuous jet of small fibers, which can be aligned or
collected at random orientation by modulating the rotational speed of the mandrel
[93]. A diagram of the custom-designed electrospinning setup with a rotating
mandrel used in the studies is shown (Fig. 2). Electrospinning can be used with a
variety of synthetic and natural materials, and allows generate fibers ranging from
200 nm to several micrometers [82]. The range of fiber diameters enables to
modulate cell behavior through inducing contact guidance [47]. Fiber diameters
have been shown to influence the inflammatory response [94]. Electrospinning
allows to alter scaffold properties, such as porosity and orientation by varying the
solution parameters (i.e. solution concentration, molecular weight, viscosity,
surface tension, and conductivity), and processing parameters (e.g. electric
potential, mandrel speed, needle diameter, flow rate and needle tip to target
distance) [93]. Electrospun TEVGs have shown promising results in early in vivo
studies [95].
1.5.3.1. Electrospinning Collagen and PCL
Electrospinning of collagen with synthetic polymers has been widely used
in tissue engineering applications. A study conducted by He et al. showed that the
blend of collagen type I and poly(L-lactic acid)-co-poly(ε-caprolactone) scaffold
increased the spreading and attachment of the human coronary artery ECs [96]. Lee
et al. developed a blend of PCL/collagen type I composite scaffolds that resisted
high degree of pressurized flow over a long duration while allowing for ECs and
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SMCs attachment and proliferation [97]. These scaffolds also exhibited sufficient
tensile strength and burst pressure [97]. In an another study conducted by
Venugopal et al. PCL/collagen type I and III blend scaffolds exhibited high tensile
strength and modulus, sufficient for a vascular conduit [98]. SMCs seeded on these
conduits showed significantly higher proliferation compared to pure PCL control
[98]. Overall, PCL/collagen blend scaffolds have been successfully electrospun in
the past and have shown good results in vascular tissue engineering applications.
However, none of these studies specifically looked at the effect of inflammatory
response the scaffolds elicits in vivo, which is one of the goals of this study.
1.6 Inflammatory Response to Biomaterial
Until now the appropriate scaffold properties and fabrication techniques for
vascular tissue engineering have been discussed. One of the major challenges with
current tissue engineered scaffolds is to overcome an extended inflammatory
response elicited by these scaffolds [9, 11]. All tissues initiate a host response
following implantation of the biomaterial, which begins the process of repair.
Tissue engineering approaches to develop functional grafts should be designed
such that they consider the host response to promote graft integration [99]. In order
to develop strategies that can modulate the inflammatory response to promote
positive wound healing, it is important to have an understanding of the host
response, especially the role of macrophages.
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1.6.1 Host Response
Implantation of the biomaterial into the body is accompanied by the host
response [100]. The classical model of the host response was first described by
Anderson and included several overlapping stages [101]. These stages include
protein adsorption, acute inflammation, chronic inflammation, foreign body
response, and granulation tissue formation (Fig. 3) [101]. In this classical model,
protein adsorption to biomaterial initiates the host response [102]. The proteins
adsorbed to the surface facilitate the interaction between the infiltrating cells and
the surface of the biomaterial [102].

Acute

Chronic

Granulation
Tissue

Neutrophils

Intensity

Macrophages

FBG cells

Mononuclear
Leukocytes
Time
Figure 3. Classical model for host response to biomaterials. Timeline showing the three

major overlapping stages of inflammation. Time line adapted from Robbins Basic
Pathology, 9th edition

20

Acute inflammation is marked by infiltration of neutrophils and monocytes.
Neutrophil infiltration provides further signaling through the release of proinflammatory cytokines (e.g. IL-8, MCP-1, MIP-1β) expression that triggers the
next stage of inflammation [99, 100].
Chronic inflammation is characterized by activated macrophage cells
derived from monocytes [103]. It is an important stage in the inflammatory
response and may extend to several days [101]. Macrophages play a critical role in
wound healing and tissue remodeling by inducing migration and proliferation of
fibroblasts [104]. In the classical model, the extended response of macrophages
eventually leads to the formation of multinucleated foreign body giant cells (FBG
cells) [100]. The final stage of the foreign body response is associated with
deposition of fibrous connective tissue that encapsulates the biomaterial [105].
However, recent studies have shown that the chronic inflammation does not always
lead to the formation of FBG cells [106].
1.6.1.1 Shifting Paradigms: Macrophage Polarization
The classical model assumed the granulation tissue formation as an
inevitable outcome upon implantation of the biomaterial. It viewed the macrophage
as having only damaging characteristics that will only lead to an adverse effect
[106]. However, recent studies have shown that the role of macrophages in host
response is vital and necessary to induce tissue remodeling in tissue engineered
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scaffolds [37, 107, 108]. Macrophages exist in a spectrum of phenotypes, which are
characterized by their different functional properties [109].

Figure 4. Macrophage interaction with the biomaterial. Inflammatory responses are

associated with M1 phenotype (a and b). Constructive remodeling is associated with
transition to M2 macrophage phenotype. Reprinted from [106].

Activated macrophages can be polarized into a range of phenotypes
classified as M1 and M2 cells. M1 cells are the classically activated inflammatory
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cells and secrete high amounts of pro-inflammatory cytokines and factors (e.g. IL10, IL-12, TNF), and reactive oxygen species [109]. M2 cells are the alternatively
activated macrophages that are associated with anti-inflammatory response and
promote wound healing [103, 109]. In tissue engineering application, this shift of
macrophage phenotype from M1 to M2 is of particular importance. It is this shift in
macrophage phenotype that eventually determines the outcome of the remodeling
of tissue engineered scaffold, i.e. either the formation of FBGs and subsequent
encapsulation or constructive tissue remodeling. Essential to the constructive
remodeling is the timing of the shift (Fig. 4) [106]. The Initial M1 response is
necessary to begin the wound healing process, but prolonged expression may not be
desirable [106]. Therefore, modulating scaffold properties to induce a shift in
macrophage phenotype from inflammatory to remodeling has emerged as an
important engineering consideration.
Collagen has previously shown to have a positive effect on wound healing
[37, 110] process by eliciting a short inflammatory response [37]. It has been
hypothesized that that it is this initial, short inflammatory response that promotes
the positive wound healing [106]. Further, limiting the inflammatory response can
improve graft patency by reducing the accumulation of oxidized lipid species that
contribute to intimal hyperplasia.
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1.6.2 Role of Lipid Oxidation
Infiltration of inflammatory macrophages (M1) is associated with the
production of reactive oxygen species (ROS) [111]. ROS are highly reactive
oxygen radicals that are capable of oxidizing lipids [112]. Vascular grafts are
associated with the accumulation of lipid oxidation products that promote SMC
proliferation and hinder the migration of endothelial cells, causing vascular grafts
to fail [113]. Specifically, the oxidation products of easily oxidized polyunsaturated
fatty acids, arachidonic acid (AA) and linoleic acid (LA) have been associated with
coronary artery diseases [114]. These oxidation products for AA and LA include
hydroxyeicosatetraenoic acids (HETEs) and hydroxyoctadecadienoic acids
(HODE), respectively. Therefore, determining the impact of scaffold composition
on levels of oxidized species within TEVG represents a novel approach. Since
oxidized lipids are by-products of inflammation, developing strategies that can
lower the levels of oxidized species presents an important approach to improve
graft patency.
We can understand the inflammatory response elicited by the scaffolds by
recruiting an autologous cell population within the peritoneal cavity to act as an in
vivo bioreactor.
1.6.3 Peritoneal Cavity
Traditionally, in vitro bioreactors have been used to develop functional
vascular grafts [38, 115]. However, they are unable to mimic the complex
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inflammatory response microenvironment found in vivo. To circumvent the in vitro
manipulations, several studies have focused on using an animal model as a
bioreactor to grow scaffolds [116, 117]. The use of the peritoneal cavity as a
bioreactor was first reported by Campbell et al. to generate autologous tissue
engineered vascular grafts [4]. They utilized the host-mediated remodeling to
deposit tissue around a silicone tube implanted into the peritoneal cavity for 2-3
weeks. Several other studies have also utilized the peritoneal model to produce
vascular grafts using a variety of materials (e.g. boiled egg whites, chitosan,
matrigel, PTFE, etc.) [118, 119].
1.7 Strategy
The overall goal of the research study was to investigate the effect of
incorporating a natural material, collagen, within a synthetic polymer, PCL, on
graft patency. It was hypothesized that a viable vascular graft will need both a
natural and synthetic material. The natural material is expected to provide a
positive wound healing response while synthetic material provides the sustained
mechanical strength. Specifically, in this study, we determined the percent collagen
incorporation required to limit the pro-inflammatory species production while
maintaining the required mechanical strength for vascular grafts.
This study’s approach involved systematically varying the collagen content
(i.e. 0%, 10%, and 25%w/w collagen/PCL ratios) within a PCL scaffold. Blend
conduits were produced from electrospinning collagen/PCL solutions (noncross25

linked) onto a rotating 1.6 mm rod. The internal diameters of these conduits are
similar to the human coronary artery [120]. The prepared conduits were implanted
into the rat peritoneal cavity for four weeks to study the cellular response elicited
by the conduits. Specifically, the cells recruited to the constructs were assessed for
contractile and inflammatory markers via immunofluorescence (IF) and mRNA
expression (real-time PCR). High-pressure liquid chromatography (HPLC)/mass
spectrometry was used to characterize lipid oxidation. All conduits pre and postimplantation were evaluated for mechanical properties using a ring testing method.
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Chapter 2: Materials and Methods
2.1 Materials
All disposables, chemicals, and biological supplies were purchased from
Fisher Scientific (Pittsburgh, PA) unless specified otherwise. PCL with inherent
viscosity 1.0-1.3 dL/g in chloroform was purchased from Lactel Absorbable
Polymers (Pelham, AL). Lyophilized collagen type 1 from calf skin was purchased
from Elastin Products Company (Owensville, MO). All antibodies were purchased
from Abcam (Cambridge, MA). All primers were designed by and purchased from
Life Technologies (Grand Island, NY)
2.2 Conduit Production and Characterization
2.2.1 Electrospinning
Conduits were produced by electrospinning pure PCL, and 10% and 25%
blends of collagen/ PCL (w/w). Electrospinning concentrations of 12% w/v and
14% w/v in 1,1,1,3,3, 3-hexafluoro-2-propanol (HFIP) were used for the pure PCL
control and PCL/Collagen blend conditions, respectively. Electrospinning was
performed using a 22 gauge needle, 15 kV voltage gradient, and a throw distance of
10 cm.

The flow rate was maintained at 0.8 mL/h for the pure PCL and

PCL/collagen blend conditions. Electrospinning was performed for 15-20 min onto
a 1.6 mm outer diameter stainless steel rod to produce small diameter conduits. The
consistent thickness of the conduits and random orientation of the fibers was
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achieved using lateral movement and slow rotation (<100 rpm) [121]. A custom
target and control system was designed to provide consistent and controllable
motion. A variable constant-current driver powered the rotational motor, while a
stepper motor provided accurate lateral cycling. The conduits were removed from
the rod after electrospinning, cut into 1 cm long segments, and stored in a
desiccator until use.
2.2.2 Conduit Characterization
Scanning electron microscopy (SEM) images were used to determine fiber
diameter and orientation. The electrospun vascular conduits were mounted onto
aluminum stubs, sputter coated, and then imaged in a JEOL 6380-LV (Peabody,
MA) SEM with a working distance of 10 mm and operating at 5-kV. Analysis of
the SEM images was performed with ImagePro Plus® software (Media Cybernetics,
Bethesda, MD).
Energy-dispersive X-ray spectroscopy (EDS) was used to characterize and
confirm the collagen content within blended electrospun conduits. Gold sputter
coated samples were analyzed with an EDS detector. The accelerating voltage was
maintained at 5 kV, and spot size was kept constant at 50. The number of counts
for the gold was also kept constant for all the conditions. The presence of collagen
was determined by the N1s peak in the EDS spectra produced using EDAX Genesis
software (EDAX, Mahwah, NJ). The spectrum was normalized to the carbon peak

28

for all the conditions and area under curve corresponding to the nitrogen peak was
determined.
2.3 Conduit Implantation into Peritoneal Cavities
Four conduits, each 1 cm in length, were enclosed within a
poly(tetrafluoroethylene) (PTFE) pouch (Fig. 5) with 0.045” by 0.025” size
diamond shaped pores (McMaster-Carr, Robbinsville, NJ) prior to intraperitoneal
implantation, as described previously [122]. This was done to prevent adhesion of
the conduit to the surrounding tissue within the peritoneal cavity. After ethylene
oxide sterilization, pouches were implanted intraperitoneally according to an
IACUC-approved protocol using 200-225 g male Sprague-Dawley rats (Charles
River, Wilmington, MA). Briefly, the surgical procedure involved ventral
laparotomy followed by peritoneal implantation of the pouches (1 pouch/rat). The
pouches with enclosed conduits were removed after 4 weeks of implantation
following the same procedure. The conduits were processed for analysis of
recruited phenotypic cells, lipid oxidation, and the mechanical properties.

Figure 5. Electrospun conduits enclosed in a PTFE pouch
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2.4 Imaging
Conduits were mounted in an optimal cutting temperature compound (OCT)
(Tissue-Tek, Torrance, CA), and frozen at -80˚C. 10µm thick cross-sections were
prepared by cryosectioning.
2.4.1 Immunofluorescent Imaging
Tissue sections were fixed with 4% w/v EM-grade formaldehyde (Electron
Microscopy Sciences, Hatfield, PA) in phosphate buffered saline (PBS) for 5 min.
Sections were then permeabilized with 0.1% v/v Triton X-100 (VWR) for 5 min,
and then blocked with 5% v/v goat serum (Fischer Scientific, Pittsburg, PA). Cell
phenotype was investigated using primary antibodies that detected contractile SMC
phenotypic markers (i.e., α-smooth muscle actin [α-SMA] and Calponin [Cnn1]),
and a marker for cell proliferation (i.e. Thrombospondin [Thb2]). All primary
antibodies were used at 1:100 dilution. Alexa 633 conjugated secondary antibody
(Life Technologies) was used, and they were either anti-mouse highly-cross
absorbed or anti-rabbit depending on the primary antibody. The presence of nuclei
was

confirmed

with

the

nuclear

stain

4’,

6-diamino-2–phenylindole

dihydrochloride (DAPI) contained within the mounting media (Vectashield, Vector
Labs, CA). Imaging was performed on a ZEISS Axio Observer A.1 fluorescent
microscope (Carl Zeiss Microscopy, Thornwood, NY) and a CoolSnap MYO CCD
camera (Photometrics, Tucson, AZ). The brightness and contrast were adjusted
equally for all conditions and the immunofluorescent labeling control (i.e. no
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primary antibody). ImagePro Plus® (Media Cybernetics) software was used to
acquire all images using a custom macro.
2.4.2 Histology
Tissue sections were stained with hematoxylin and eosin (H&E) Histology
to analyze construct remodeling and cell infiltration within the scaffold. During
processing, xylene was avoided since it is known to dissolve PCL. After staining,
tissue sections were coverslipped using a mounting medium with limonene as the
solvent (Electron Microscopy Sciences, Hatfield, PA). A Nikon Diaphot brightfield
microscope (Nikon, Melville, NY) and a ProgRes® SpeedXT core 3 CCD camera
(Jenoptik, Jupiter, FL) were used to image histology slides.
2.5 Quantitative Real-time PCR (qRT-PCR) Analysis
Expression of SMC/myofibroblast markers and macrophage markers were
determined using qRT-PCR. Briefly, the constructs were harvested in 350 µL of
RLT buffer (Qiagen, Vanencia, CA). An RNeasy® Mini Kit (Qiagen) was used to
isolate RNA as per the manufacturer’s instruction. Quantification of RNA was
performed using a RiboGreen assay (Invitrogen, Grand Island, NY), as described
previously [123]. RNA was reverse transcribed using an iScript® cDNA kit (BioRad Laboratories, Hercules, CA) according to the manufacturer’s instructions.
Fluorescein calibration dye (Bio-Rad Laboratories, Hercules, CA) was prepared in
PCR buffer (10 mM Tris, pH 8.0, 50 mM KCl, 3 mM MgCl2) at 1:1000 dilution
and added to SYBER®-Green Master Mix (Life Technologies, Grand Island, NY).
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qRT-PCR was then performed using Power SYBER®-Green Master Mix (Life
Technologies) and a Bio-Rad MyIQ Real-Time PCR (qRT-PCR) System (Bio-Rad
Laboratories) [121]. Specific primers were included for myofibroblasts/ SMCs (i.e.
α-smooth muscle actin (Acta2)), SMC proliferation (Thrombospondin (Thbs2)),
general macrophages (i.e. CD68 (Cd68)), pro-inflammatory M1 macrophages (i.e.
CD80 (Cd80)) (Table. 1), and osteopontin (Spp1), a pro-inflammatory marker.
Osteopontin, traditionally a marker for bone has also been shown to regulate proinflammatory cytokine production during the inflammatory response [124,125].
The expression profiles were analyzed using the comparative threshold
cycle (∆∆Ct) method and the relative gene expression was reported as 2-∆∆Ct [126].
The housekeeping gene was 18s ribosomal RNA (Rn18s), with the primer designed
in the previous study [127]. Limited amplification of genomic DNA was confirmed
by the no-RT control sample.
Table 1. qRT-PCR Primer Sequences.
Gene

Primer sequence forward

Primer sequence reverse

Ref.

Rn18s

GGGAGGTAGTGACGAAAAATAACAAT

TTGCCCTCCAATGGATCCT

[127]

Thbs2

CAGATCAGATGGATCAGGAC

GTTGGAGTTGGAGATGTATGG

[128]

Cnn1

CACCAATCATACACAAGTTCAGTC
TAAGCAAGAAACTCTTCCAAGC

CTTATTGGTGCCCATCTGTAGG
AGGACTCATCAGATTCATCGG

[128]
[128]

Cd68

ATAGAACACGGCATCATCAC
GATTCAAACAGGACCGACATCAG

GTCTCAAACATAATCTGGGTC
CTATGCTTGTATTTCCGCAACAG

[128]
[128]

Cd80

GTCTGTCAGAGCTGACTTCC

GGTGTACAGCTCAGATTCAGG

[128]

Spp1
Acta2
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2.6 Lipid Oxidation
2.6.1 Sample Preparation
Samples were removed from the rat peritoneal cavity and transferred to the
antioxidant

cocktail

solution

immediately

to

prevent

further

oxidation.

The antioxidant cocktail solution was composed of 100 mM diethylene triamine
pentaacetic acid (DTPA), and 20 mM butylated hydroxytoluene (BHT) in a 2:1
ratio. The samples were sealed under Argon, flash frozen, and kept at -80⁰C until
further investigation.
2.6.2 Lipid Extraction
Fatty acids and oxidized fatty acids were extracted using high-performance
liquid chromatography/ mass spectrometry (HPLC/MS) established methods [129].
Briefly 10 μL of internal standard [2 ng/μl, 15-HETE-d8], 90 μL of HPLC grade
water, 100 μL of PBS, 100 μL of antioxidant cocktail solution [2mM DTPA and
2mM BHT], and 300 μL of 2M NaOH were added to thawed samples. Samples
were incubated for 2 h at 60 ⁰C for lipids hydrolysis. After hydrolysis, 350 μL 2M
HCL was added, and liquid/liquid extraction was performed twice to extract the
released fatty acids into the hexane layer. The hexane layers were collected and
dried under nitrogen flow, and the pellets were resuspended in 200 μL of 50%
methanol/water (v/v).
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2.6.3 LC/ESI/MS/MS
Levels of fatty acid oxidation products were quantified using liquid
chromatography with on-line electrospray ionization tandem mass spectrometry
(LC/ESI/MS/MS). Separation was performed by injecting 40 μL of lipid extracts on
to a C-18 column (Phenomenex ODS (2), 2×150 mm, 5 μm, Rancho Palos Verdes,
CA) using a gradient starting from 85% methanol containing 2% acetic acid over
10 min, then to 100% methanol containing 2% acetic acid over 2 min, followed by
100% methanol containing 2% acetic acid for 15 min. The HPLC eluent was
introduced into a triple quadrupole mass spectrometer (Quattro Ultima, Micromass,
Manchester, UK) using ESI in negative ion mode to quantify the fatty acids and
their oxidized products. Hydroxyeicosatetraenoic acids (HETE 5, 8, 9, 11, 12, and
15), hydroxyoctadecadienoic acid (HODE 9 and 13), and their specific precursors
arachidonic acid (AA) and linoleic acid (LA) were analyzed. Oxo-octadecadienoic
acids (oxo-HODE 9 and 13) were also analyzed as a control to verify appropriate
hydrolysis and sample processing [129]. The internal standard 15-HETE-d8 was
used to calibrate the oxidized fatty acids in the samples.
2.7 Mechanical Testing
Mechanical testing was performed to determine the electrospun conduit
mechanics both with and without peritoneal cavity implantation. Tensile properties
were determined by a ring testing procedure. Individual conduits were loaded
between two parallel rods and extended until failure [130]. Testing was performed
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with an Instron E3000 system (Instron, Norwood, MA) using physiological
conditions, including using a 37°C PBS solution (Fig. 6).

Figure 6. Ring testing setup. Two pins were inserted in the lumen of the conduit,

clamped, and extended until failure.

The conduits for all conditions, both with and without implantation, had
similar average fiber diameters. The gauge widths of the conduits were 5 mm for
non-implanted specimens and 5.86 ± 1.04 mm for implanted samples. Luminal
circumference and wall thickness were measured from brightfield images of
individual conduits (Carl Zeiss Microscopy, Thornwood, NY) using ImagePro®
software (Media Cybernetics). All specimens were subjected to an extension with a
constant rate of 10 mm/min to determine tensile modulus, ultimate tensile strength
and strain at failure. Tensile modulus was calculated from the linear region of the
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stress-strain curve, excluding the initial toe region. Ultimate tensile strength (UTS)
was also determined from the stress-strain curve.
2.8 Statistics
Results are presented as mean ± standard deviation for fiber diameter
(n>100 fibers/condition) measurements. Three images for each condition was used
for SEM characterization of electrospun conduit for both fiber diameter and EDS.
Mechanical testing and lipid oxidation studies were performed with 3 rats and 2
conduits / rat for n=6 conduits per assay. One additional rat / condition was
included for PCR results (n=8 total). PCR results are presented as mean ± standard
error. For imaging, a total of n = 3 samples (3 images/sample) were used to analyze
immunofluorescence results. Statistical analysis was performed using JMP
software, and all recorded data was checked for normality. For the data falling
under the normal distribution, statistical significance was determined using oneway ANOVA with Tukey post hoc comparisons (p ≤ 0.05). However, qRT-PCR
did not have a normal distribution, and statistical significance was determined
using Wilcoxon with Mann-Whitney comparisons (p ≤ 0.05).
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Chapter 3. Results and Discussion
3.1 Electrospun Scaffold Characterization
Fiber diameters were analyzed for electrospun conduits of varying collagen
to PCL ratios. For 0%, 10 %, and 25% collagen/PCL blend conditions, the average
fiber diameters were found to be 1.00 ± 0.58, 0.91 ± 0.49, and 0.88 ± 0.21 µm,
respectively (Fig. 7 A-C). The electrospinning solution concentration was changed
from 12% w/v for 0% PCL to 14% w/v for the other conditions to keep the fiber
diameter consistent. It is essential to keep the fiber size consistent between
conditions since the fiber diameters have been shown to modulate the phenotype of
macrophages [131]. The electrospun fibers for all conditions were randomly
oriented.

A

B

C

Figure 7. Electrospun conduits were produced at different collagen ratios in a synthetic

polymer, PCL. Shown are SEM images for 0% w/w (A), 10% w/w (B) and 25% w/w (C)
collagen/PCL conduits.
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The collagen blend conditions resulted in smaller fiber diameter compared
to the PCL control, which could be attributed to the increase in conductivity of the
solution after incorporating collagen. The increase in conductivity of the solution
results in smaller fiber diameter [132]. Further, Chen et al. suggested that an
amphiprotic molecule, like collagen, would increase the charge density of the
solution [133]. This would cause the fibers to stretch more under the electric field
and subsequently results in smaller fiber diameter [132].
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Figure 8. Shown is the EDS spectrum for the three conditions (A), and the EDS spectrum showing
the representative area for nitrogen (binding energy, 380-420 eV) peaks (B) for 0%, 10%, and 25%
collagen /PCL blend conditions. All spectra were normalized to their respective carbon peaks.

EDS spectral graphs indicated the presence of collagen in the 25% blend
conduits (Fig. 8). The 25% blend conduits had significantly higher value for the
area under the nitrogen peak compared to the 10% blend and 0% control conditions
(p = 0.02 and p = 0.02, respectively). However, no difference was observed
between the 10% blend and the 0% control conditions. The absence of nitrogen
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peak from the 10% blend condition could be attributed to the general challenge
associated with the EDS to detect low-mass elements, especially considering the
low amounts amount of collagen incorporated.
3.2 Impact of Varying Collagen Ratio on Recruited Peritoneal Cells
3.2.1 Cell Infiltration
H&E staining of the cross-sections of the implanted samples shows the
infiltration of cells and the deposition of the tissue within the electrospun conduits
(Fig. 9 A-C). Cellular infiltration appeared to systematically decrease with percent
collagen, with the highest infiltration within pure PCL conduits.

Figure 9. Effect of incorporating collagen on recruited peritoneal cell infiltration within

the conduits and ECM/ Representative H&E stained images are shown for collagen/PCL
blend, 0% w/w (A) and 10% w/w (B), and 25% w/w (C). Cell nuclei are stained blue and
cell cytoplasm and ECM are stained pink. Outer surface of the conduits is seen on the
right side

These results are consistent with a previous study with implanted peritoneal
conduits [134], where pure PCL conduits appeared to have more cellular
infiltration as compared to 25% collagen blend conduits. This current study was
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well controlled, clearly indicating that the electrospun conduits had comparable
average fiber diameters, and should not have influenced cellular infiltration or
differences in pore diameter. However, collagen remodeling post-implantation
could change the shape of the blend conduits causing them to lose their porosity.
The loss in porosity has been shown to reduce cell infiltration [135], and could be a
probable cause for the lower cell infiltration seen in these blended conduits.
3.2.2 Cell Phenotype Analysis
Recruited cell expression of for contractile markers (i.e. Acta2 and Cnn1)
(Fig. 10 A), activated SMC marker (Thbs2) (Fig. 10 B), and an inflammatory byproduct marker (Spp1) (Fig. 10 B), and macrophage markers (Cd 68 and Cd 80)
(Fig. 11) were quantified after 4 weeks of implantation. Expression of Acta2, a
marker expressed by both myofibroblast and SMCs, was highest for the 10%
collagen blend condition, and significantly higher than the 25% collagen blend
condition (p = 0.046). Cells recruited to the 10% collagen blend condition also
appeared to have a higher expression for Cnn1, a mid-stage SMC marker, although
no significant differences were found (p = 0.083). Expression of Thbs2 was
observed in all conditions. However, no significant difference was observed
between conditions.
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Figure 10. Effect of incorporating collagen on recruited cell phenotype after 4 weeks of

intraperitoneal implantation. Quantitative gene expression profiles for cells recruited onto the
conduits. Shown are contractile markers (Acta2 and Cnn1) (A), and markers for
thrombospondin (Thbs2) and osteopontin (Spp1) (B), for 0%, 10%, and 25% w/w
collagen/PCL blend conduits.

The peritoneal model has previously been used to grow vascular conduits
(3-8 weeks) [119, 122]. These grafts have been shown to express markers for
myofibroblasts and macrophages [4]. Further, the recruited peritoneal cells have
also been shown to express SMC like markers in previous studies [134, 136].
Similar results in this study confirm the presence of cells expressing SMC markers,
especially through expression of Cnn1 which is a late stage SMC marker [137] and
is responsible for modulating SMCs contractile tone [138]. Interestingly, the 10%
blend condition has a higher expression of contractile markers compared to the
25% blend condition. The contrasting results between the two blend conditions
could be due to the fact that for 25% blend conduits, the degradation of the
collagen fibers after implantation reduced cellular infiltration, possibly due to
change in pore size. The lack of cellular infiltration may have prompted a more
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extended inflammatory response. However, the 10% blend conduits, even after
degradation of collagen, could have had sufficient structural porosity to allow for
cellular infiltration and subsequent remodeling. Further, distribution of collagen
within the individual fibers might be different between the two conditions and
could have contributed to the difference in trends.
Collagen has specific cell binding sequences that can modulate the cellular
response [85]. Degradation of collagen has shown to provide biologically active
sites that release cryptic peptides (e.g. RGD (Arg-Gly-Asp)) [85, 139, 140]. These
specific binding sequences on fragmented collagen macromolecules have shown to
modulate cell phenotypic response for rat SMCs [141]. The presence of contractile
cells in our conduits is an important finding. The recruitment of contractile cells
and subsequent production of ECM can be important for integration with the native
vessel after grafting.
The cellular expression of the macrophage markers observed on recruited
peritoneal cells appeared to show the opposite trend in results to contractile
markers (Fig. 11). The 10% collagen blend condition appeared to have a lower
expression for both Cd 68, and Cd 80 compared to the other two conditions.
However, no significant difference was found between the conditions. The conduits
also expressed OSP, a marker of inflammatory by-product. No significant
differences were observed between the conditions (Fig. 10 B).

42

Fold Change

3

Cd68
Cd80

2

1

0
0%

10%

25%

Figure 11. Effect of incorporating collagen on recruited cell phenotype after 4 weeks of

intraperitoneal implantation. Quantitative gene expression profiles for cells recruited onto
the conduits. Shown are macrophage markers (Cd68 and Cd80), for 0%, 10%, and 25%
w/w collagen/PCL blend conduits.

These results are important since an ideal scaffold would have lower levels
of pro-inflammatory cells indicating a shift towards a positive wound healing
response [37]. Previous studies have shown that collagen promotes a similar
positive wound healing response, which is presumably initiated when collagen
fragments interact with specific integrins, such as αvβ3, and initiate migration of
leukocytes and fibroblasts [85, 142]. Studies have suggested that the infiltrating
macrophage cells may differentiate into myofibroblast and SMC like cells
[143, 144]. The presence of SMC like cells in 10% blend conduits could suggest a
transition from an inflammatory response to a positive wound healing response. It
further shows that the recruited cells can differentiate as a result of contact with the
conduits based on microenvironmental cues.
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Figure 12. Representative immunofluorescence images for contractile markers (α-smooth

muscle actin and calponin), and a marker for cell proliferation (thrombospondin) for 0%,
10%, and 25% w/w collagen/PCL blend conduits. Nuclei are stained with DAPI and shown
in blue. The outer surface of the conduits is on the right side.
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Immunofluorescence analysis was performed to visualize and further
confirm the presence of contractile markers (Fig. 12). Cells recruited to electrospun
conduits after implantation in the peritoneal cavity stained for α-SMA, calponin,
and thrombospondin. Variability between individual samples, with respect to
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Analysis of individual species, 11-HETE and 13-HODE, appeared to show
a decrease in levels of oxidation with increasing percent collagen incorporation
(Fig. 13 C and D). However, no significant difference was seen between
conditions. In general, adding collagen to PCL conduits reduced the accumulation
of oxidized lipid species, with the highest reduction with 25% collagen
incorporation. When all HETE species (Fig. 14) were considered, the 25% collagen
blend conduit had significantly lower (p = 0.03) accumulation compared to the pure
PCL conduit. A similar trend was observed for all HODE species, but no

Oxidized/Native

significant difference between the conditions was observed.
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ALL-HETE
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50
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0
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Figure 14. Shown are the results for the sum of several HETE and HODE species for 0%,

10%, and 25% w/w collagen/PCL blend conduits. (*) significance from 0% control
condition.

Reduction in levels of oxidized species is an important finding since lipid
oxidation products can accumulate in vascular grafts, causing intimal hyperplasia
through SMC hyperproliferation [145, 146]. These results confirm that
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incorporating collagen promotes positive wound healing response. This can be
through reducing the period of pro-inflammatory response [134]. However, the
gene expression analysis for general macrophage marker did not show any
significant difference between the conditions. In a previous study, it has been
shown that the macrophage characteristics changed from four to six weeks after
peritoneal implantation, suggesting a shift from M1 to M2 response. These findings
need to be further investigated.
3.4 Mechanical Properties of Conduits
Representative stress-strain curves demonstrated differences in percent
elongation for non-implanted conduits, specifically a higher percent elongation for
25% collagen blend when compared to 10% collagen blend conduits (Fig. 15 A).
Pure PCL conduits exhibited the shortest percent elongation. The stress-strain curve
for implanted samples was characterized by shortening of the percent elongation
for all three conditions (Fig. 15 B). In general, representative stress-strain curves
for both implanted and non-implanted conduits showed that the percent elongation
increased with increasing collagen content. These results are consistent with study
conducted by Jae-Jun Lee et al. [147], where collagen/PCL blend condition
exhibited longer extension under tension compared to the pure PCL control. For
non-implanted conduits, no significant difference was observed in tensile modulus
between the three conditions (Fig. 15 C). However, with implanted conduits, the
tensile moduli for the pure PCL and the 25% collagen blend (i.e., 2.32 ± 0.67 MPa
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and 2.27 ± 0.71 MPa, respectively) conduits was significantly higher than the 10%
collagen blend (1.30 ± 0.28 MPa) conduits (p = 0.01 and 0.02, respectively).
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Figure 15. Effect of varying collagen composition on construct mechanics after 4 weeks of

intraperitoneal implantation. Shown are representative stress-strain curves for conduits,
both pre- (A) and post-implantation (B). Also shown, tensile moduli (C) and ultimate
tensile strength (D) of conduits for all compositions, pre- and post-implantation.
Significance from (*) after peritoneal implantation, (#) 10% collagen implanted condition,
and (&) pure PCL non-implanted condition.

No noticeable difference in modulus was observed between 25% collagen
blend and pure PCL conduits. The modulus increased for implanted samples
compared to non-implanted conduits, with a significant increase seen for 25%
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collagen blend (~ 84% increase) and pure PCL (~ 75% increase) conduits
(p = 0.005 and 0.007, respectively). The increase in modulus post implantation is
most likely due to deposition of tissue [122]. Interestingly, the modulus for the 10%
conduits decreased after implantation.
Ultimate tensile strength (UTS) was determined for implanted and nonimplanted conduits (Fig. 15 D). UTS for non-implanted conduits exhibited a
systematic trend. Significantly higher UTS was observed for 25% collagen blend
(i.e., 2.49 ± 0.28 MPa) conduits compared to pure PCL (i.e., 1.47 ± 0.26 MPa)
conduits (p = 0.003). There was a significant decrease in UTS for 10% collagen
blend conduits (~ 44% decrease) after 4 weeks of implantation (p = 0.01).
However, no significant difference was observed between 25% collagen blend and
pure PCL conduits post implantation. Significantly higher UTS was also observed
for 25% collagen blend (2.15 ± 0.63 MPa) conduits compared to 10% collagen
blend (1.17 ± 0.16 MPa) conduits (p = 0.001). Decrease in UTS for the 10% blend
conduits could be due to the degradation of the collagen macromolecule in blended
conduits after implantation. However, 25% blend conduits did not show any
significant decrease in UTS post-implantation. The difference between the two
collagen blend conditions is most probably because of remodeling of the scaffold in
vivo. However, this needs to be further investigated.
Vascular scaffolds should have the required tensile strength similar to that
of the human coronary arteries (~1.8 MPa) [54, 55]. This study’s results show that
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the 25% collagen blend conduits have sufficient tensile strength post-implantation.
Although, 10% blend conduit and pure PCL condition had slightly lower tensile
strength than the native vessel, it should be sufficient enough to sustain the
physiological forces post grafting. Further, these results show that the scaffold
might have more compliance, which is critical to graft patency [15].
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Chapter 4. Conclusions
4.1 Conclusions
In this study, it was shown that by systematically varying the collagen/PCL
ratio in the electrospinning solution, the electrospun fiber diameter can be
controlled. It was evident that by adding collagen, the diameter for the electrospun
fibers became smaller due to change in solution conductivity. More importantly, it
was demonstrated that incorporating a small amount of collagen (10%) into the
electrospun PCL conduits showed higher expression of contractile markers and
may have caused a reduction in inflammatory response. Different collagen ratios
had different impacts on the cellular expression levels of these markers. Another
important finding was that the incorporation of collagen reduced the accumulation
of oxidized lipid species within the electrospun conduit post-intraperitoneal
implantation. Both these findings are essential for long-term patency of the
vascular graft. Further, these conduits exhibited sufficient tensile strength to sustain
physiological stresses. Overall, the 10% collagen/PCL blend conduits appeared to
exhibit promising results. It expressed SMC-like cells within the recruited cell
population, reduced the accumulation of oxidized lipid species, and appeared to
have the lower expression of inflammatory markers. In conclusion, these results
demonstrate that scaffold composition can be carefully modulated to reduce the
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levels of oxidized species, thus reducing the inflammatory response, both of which
are important criteria to improve the clinical graft viability.
4.2 Future Work
To improve the long-term viability and strength of the collagen/PCL
electrospun conduits, it is important to fully characterize the impact of
incorporating collagen on electrospun PCL scaffolds. This study focused on
identifying the collagen content within the intraperitoneally implanted conduits that
would reduce the inflammatory response. However, it is also important to identify
the intra-peritoneal implantation times that elicit a short inflammatory response
while allowing for the sufficient deposition of tissue. The composition of the
peritoneal fluid varies with implantation time [148]. This is important to
characterize since the cells recruited onto the implanted scaffold are recruited from
the peritoneal fluid. Therefore, determining the peritoneal implantation time before
grafting is essential for matrix remodeling post-grafting.
Finally, the performance of the collagen/PCL conduit grown in the
peritoneal cavity will be assessed by grafting it in rat infrarenal abdominal aortae.
The diameter of the rat infrarenal abdominal aortae is similar to the human
coronary arteries [55] and provides a translatable model system. The autologous
tissue generated, and recruitment of the contractile cells in the peritoneal cavity will
hopefully allow the graft to integrate with the native artery. Further, the optimum
scaffold composition is expected to reduce the levels of oxidized lipid species that
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may promote endothelialization. The outcome of this research undertaking is to
develop a vascular graft that can overcome current challenges and improve patency.
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