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ABSTRACT
Autologous saphenous vein is the standard material for bypassing atherosclerosed
small diameter (< 6 mm) coronary arteries, but is subject to intimal hyperplasia,
thrombosis, and accelerated atherosclerosis. To date, no biomaterial functions as a
substitute for autologous vein graft. A novel composite material composed of electrospun
poly(glycerol sebacate), silk fibroin, and type I collagen (PFC) has properties ideal for use
as a tissue engineered scaffold for an artery graft. The long-term goal of this project was to
develop a functionalized PFC scaffold for use as a small diameter vascular graft that would
facilitate cellular infiltration and aid in the recruitment of circulating endothelial progenitor
cells. To achieve this goal, three aims were identified to develop the material to be more
suitable for vascular grafting
The first aim was to develop a more porous PFC material that would facilitate
cellular infiltration. An alternative protocol was developed that allowed for the leaching
of sacrificial fibers. Altering the published fabrication method of PFC to support the
leaching of sacrificial fibers provided a scaffold material with more stable and consistent
fiber morphology. These collective findings identify an improved protocol for PFC
production and demonstrate moderate effects of increasing cellular infiltration utilizing
sacrificial fibers alone.
The second aim was to investigate the effects of two commonly used crosslinking
agents on the stability, biocompatibility, and ability of PFC to undergo subsequent covalent
functionalization with syndecan-4. Crosslinking with 1.5% glutaraldehyde was effective in
crosslinking PFC extensively while maintaining carboxylic acid groups, which serve as
points of additional functionalization. The broad applications of this study include
xiv

conjugating proteins to previously crosslinked biomaterials to achieve additional
bioactivity.
The third aim was to determine if PFC crosslinked with 1.5% glutaraldehyde could
be functionalized with stromal derived factor-1α (SDF-1α)/CXCL12, a growth factor
shown to aid in the recruitment of endothelial progenitor cells (EPCs). In order to
accomplish SDF-1α binding, syndecan-4, a high affinity receptor for SDF-1α, was
covalently linked to PFC. SDF-1α binding to PFC with syndecan-4 was 4.8 fold greater
compared to PFC without syndecan-4. At 7 days, significantly greater numbers of EPCs
adhered to PFC materials with both syndecan-4 and SDF-1α compared to materials with
only syndecan-4 or SDF-1α, or to PFC alone. This study shows the ability of EPCs to be
homed to a material through growth factor/ligand binding.
The results from these studies identify ways in which characteristics of an
electrospun scaffold can be modified to create a more ideal small diameter vascular graft.
This work builds on prior cell and molecular biology research by utilizing proteoglycans
and growth factors that are important factors in physiologic healing and repair, but absent
in synthetic vascular grafts. Although only PFC was investigated in these studies, broader
applications include the modification of other protein and polymer containing biomaterials
for use as tissue engineered scaffolds.
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: Review of the Literature
1.1 Cardiovascular Disease
According the World Health Organization, cardiovascular diseases (CVDs) are the
primary causes of death globally.1 CVDs include coronary heart disease, cerebrovascular
disease, rheumatic heart disease, congenital heart disease, deep vein thrombosis, and
pulmonary embolism. In the United States, coronary heart disease is the leading cause of
death attributed to CVD, with 6.3% of the adult population (20 years or older) living with
the disease.2 The primary cause of coronary heart disease is atherosclerotic coronary artery
disease (CAD). Estimated direct and indirect costs of heart disease totaled to more than
$200 billion dollars from 2013 to 2014.
1.2 The Anatomy of Coronary Arteries
The heart is a muscular organ and acquires the supply of blood by way of coronary
arteries. Blood vessels, including coronary arteries, are comprised of three layers: the
intima, media, and adventitia. The intima contains a thin layer of endothelial cells, which
provides an antithrombogenic lining. The media contains primarily smooth muscle cells
along with collagen fibers and elastic fibers. The adventitia consists primarily of collagen,
elastin, and fibroblasts.
1.3 Pathobiology of Atherosclerotic Coronary Artery Disease
CAD is primarily a result of atherosclerotic lesions, or atheroma, in the arteries
supplying blood to the heart. These lesions commonly have a fibrous cap overlying a lipid
rich core. Shear stresses in the vasculature can cause vulnerable atheroma to rupture,
exposing the lipid rich core to blood flow. The highly thrombotic lipid rich core can
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promote clot formation and result in myocardial infarction. Alternatively, the lesion may
stabilize with a stenotic lumen leading to ischemia and angina pectoris. This process is
illustrated in Figure 1.1.

FIGURE 1.1. A DIAGRAM SHOWING THE PATHOGENESIS OF ATHEROSCLEROSIS AND
MYOCARDIAL INFARCTION. 3 A THIN FIBROUS CAP COVERING A LIPID POOL AND
INFLAMMATORY CELLS IS A RISK FOR PLAQUE RUPTURE AND MYOCARDIAL
INFARCTION.

1.4 Current Medical Treatments of Coronary Artery Disease And Their Limitations
When an artery in the body is stenosed, the location of the stenosis determines the
standard of care. For atherosclerotic coronary artery disease, the most common
interventions are percutaneous coronary intervention (PCI) and coronary artery bypass
grafting (CABG). PCI involves the inflation of a small balloon to compress the plaque into
the artery wall. Often times PCI also includes the placement of a stent to maintain patency.
CABG makes use of a graft to circumvent the blockage and return blood flow to the
2

downstream tissue. CABG is reported to be the optimal therapy for patients with multivessel disease and compromised left ventricular function, unless the patient has high
operative risk.4 PCI is recommended for patients with acute myocardial infarction.5 PCI is
a less costly treatment option for urgent revascularization surgeries.6 CABG has been
shown to lead to reduction of long-term mortality, reduction in myocardial infarctions, and
reduced repeat revascularizations when compared to PCI.7 In 2014, an estimated 480,000
percutaneous coronary interventions and 371,000 bypass procedures were performed.2
1.4.1 Autologous Vessels for Use in CABG Procedures
Although autologous saphenous veins and radial arteries are used in CABG
protocols, internal thoracic artery is the material of choice for revascularization in the small
diameter (< 6 mm) vessels.8 Up to 30% of the time, these vessels are not available due to
prior surgery or advanced atherosclerosis.9 In addition, thin walled vein grafts undergo
significant remodeling in the high flow, high pressure arterial system (Figure 1.2).
Consequently, vein grafts have a 50% failure rate after 10 years due to intimal hyperplasia,
accelerated atherosclerosis, and thrombosis.10-13 Development of a synthetic polymer graft
for small diameter vessels would produce a graft more matching the bypassed arteries as
well as reducing donor site morbidity associated with autologous vessel harvest.

3

FIGURE 1.2. DEVELOPMENT OF INTIMAL HYPERPLASIA WITHIN VEIN GRAFTS IN
ARTERIAL CIRCULATION. EXTERNAL JUGULAR VEINS WERE GRAFTED INTO THE
INFRARENAL ABDOMINAL AORTA OF MICE. H&E STAIN OF A NORMAL VEIN (A) AND VEIN
GRAFTS HARVESTED AT 1 WEEK (B), 2 WEEKS (C), 4 WEEKS (D), 8 WEEKS (E) AND 16
WEEKS (F) AFTER SURGERY. 14

1.4.2 Synthetic Vessels
Although no biomaterial currently functions as a substitute for autologous vessel grafts
in CABG surgeries, blockages in other areas of the body where supply vessels are of
increased size can often be bypassed with synthetic grafts. Synthetic biomaterials do not
require a secondary donor site surgery. The most common choices for prosthetic vascular
conduits are poly (ethylene terephthalate) (PET), tradename DACRON®, and expanded
poly (tetrafluoroethylene) (ePTFE), tradename GORE-TEX®. DACRON® grafts are
commonly used for aortic replacement and for large-diameter, high-flow lower extremity
bypass surgery. ePTFE grafts are more porous and compliant than PET grafts but exhibit
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high thrombogenicity and intimal hyperplasia due to compliance mismatch in small
diameter vascular grafting.

15, 16

ePTFE grafts have a 95% patency rate after 5 years in

diameters greater than 6 mm, but only 30% in diameters less than 6 mm. Shear stress at the
distal anastomosis site due to mismatched compliance has been suggested to be the cause
of graft associated hyperplasia leading to occlusion.17 Elastic polymers that have similar
compliance to coronary arteries and can withstand the radial stresses of blood flow
represent a promising area of biomaterial research.
The two most important design criteria for small diameter vascular grafts are nonthrombogenicity and matched compliance to native arteries. When synthetic conduits are
non-thrombogenic but do not match compliances, remodeling of the vessel wall occurs in
the intima of the graft, eventually leading to occlusion. Even saphenous veins, the standard
autologous vessel of CABGs, undergo extensive remodeling after implantation due to the
differences in vessel architecture between veins and arteries.

1.5 Regenerative Medicine
Regenerative medicine is a broad field involving the replacement or regeneratation
of human cells, tissues or organs to restore and establish normal function.18 Tissue
engineering, a strategy used in regenerative medicine, can be defined as the practice of
expanding cells ex vivo in association with a fabricated scaffold material that is similar in
morphology to diseased tissue. The scaffold is created by either removing the cells from
an existing tissue or de novo fabrication. The cells are cultured on the scaffold and
subjected to forces and chemical signals to simulate in vivo conditions. The new
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“regenerated” tissue is then implanted into the patient. Numerous materials and methods
have been investigated to tissue engineer blood vessels.

1.6 Decellularized Small Diameter Vascular Grafts
One type of material used to create tissue engineered blood vessels is decellularized
tissue. For this method, blood vessels or other tissues are excised from cadaveric or animal
sources and the cells are removed, leaving only the extracellular matrix (ECM). Cell
removal is critical for the success of these tissues as DNA can cause rejection of the tissue
by the patient once implanted. For this reason, a highly researched area of tissue
engineering is improving decellularization protocols. Cells can be removed from the tissue
by detergents of various strengths (Triton X-100, sodium dodecyl sulfate (SDS), etc.), by
chemicals (e.g. peracetic acid), by freezing and thawing cycles, by lysis by ultrapure water,
or by enzymes (Trypsin or DNase). Routinely, protocols combine multiple methods of
decellularization. In addition to inadequately removing the cells from tissue, further
concerns include insufficiently removing the decellularization agents from the tissue and
damaging the remaining structure of the tissue by removing structural proteins and
molecules.
A common method of creating decellularized tissue engineered blood vessels for
pre-clinical testing is to use cadaveric tissue from the model being tested. Yang et al.
decellularized the common carotid artery from canine cadavers, recellularized the grafts
with cells from the host canine, and substituted the common carotid of the cell-donated
canine with the recellularized graft.16 The recellularized grafts showed 100% patency at 6
months post-op compared to 50% patency of grafts that had been decellularized but not
6

recellularized. A similar study was conducted by Zhao et al. in which they decellularized
ovine carotid arteries, recellularized the arteries and implanted the grafts into ovine hosts.19
Decellularization did not have a significant impact on the mechanical properties of the
graft, with fresh artery having a mean burst pressure of ~2500 ± 100 mbar and
decellularized artery having a burst pressure of ~2400 ± 250 mbar. The seeded vascular
grafts maintained patency at 2 and 5 months compared to decellularized scaffolds without
cell seeding, which were completely occluded.
Other decellularized biological tissues show promise for use as tissue engineered
vascular grafts. Row et al. utilized small intestinal submucosa and fibrin to create
cylindrical grafts.20 Endothelial and smooth muscle cells were seeded on the graft and the
grafts were implanted into ovine models. Cells were able to infiltrate into the graft wall
and the grafts were all patent at 3 months. At 3 months, the Young’s modulus of the graft
was ~85% that of native carotid artery.
Evidently, recellularizing the decellularized grafts is a promising method to
maintain non-thrombogenicity and reduce the occurrence of occlusion. Current FDA
regulations limit the use of recellularized grafts for clinical use. To circumvent this
challenge, Pennel et al. decellularized porcine renal arteries, stabilized the graft with pentagalloyl glucose (PGG) and heparin, and implanted the grafts in the abdominal aorta of
rats21. Grafts coated with PGG, heparin, and PGG with heparin were all patent at 8 weeks
compared to non-coated grafts which had a 92% patency at 8 weeks. Decellularized and
PGG coated grafts had significantly lower compliance than fresh arteries but had similar
burst pressures.
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In general, advantages of decellularized vessels include possessing similar
mechanical properties, morphology, and molecular components as native tissue.
Disadvantages include needing to balance removal of cellular components with damage to
structure, as well as the thrombogenicity of non-endothelialized scaffold material.
Decellularized vessels represent a top down approach to regenerative medicine wherein a
native vessel is stripped of the immunogenic components. A bottom up approach utilizing
non-thrombogenic polymers may be better suited to obviate the need to remove
immunogenic DNA while providing the necessary mechanical properties.
1.7 Polymeric Small Diameter Vascular Grafts
Alternatives to ECM materials for bypass grafts include various degradable and
nondegradable polymers. Nondegradable polymeric grafts remain in the patient
indefinitely or until removal. These grafts would maintain similar mechanical properties
upon implantation and through the course of implantation. Degradable grafts eventually
resorb into the patient and are replaced by cells and ECM. It is necessary to further
characterize the mechanical properties during pre-clinical testing to ensure that as the
material is degraded, tissue ingrowth into the scaffold maintains adequate burst pressure
and tensile strength.
1.7.1 Methods to Produce Polymeric Materials
Common methods of fabricating polymeric grafts that can facilitate cellular
ingrowth include electrospinning, leaching, and wrapping. Electrospinning is the process
utilizing electric forces to draw nano- or micrometer diameter fibers. Sheets are formed if
the material is deposited onto a flat surface or tubes can be formed if deposited on a rotating
mandrel. Wrapping is the method of wrapping sheets of material around a mandrel to create
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a tube. Depending on the adhesion of the material, the material may become delaminated.
Leaching involves adding a dissolvable material such as salt to a polymer. The material
can then be cast or coated onto a mandrel and cured or crosslinked. After solidifying, the
salt can then be leached out through a series of water washes in order to create pores in the
material.
1.7.2. Hydrogels
Hydrogels are polymeric structures with high water content. The hydrogels can be
formed by covalent crosslinks, ionic forces, hydrogen bonds, hydrophobic interactions,
physical entanglements or combinations thereof.22 Both natural and synthetic polymers can
be used to form hydrogels. Common natural polymers used in hydrogel fabrication include
collagen, gelatin, hyaluronic acid, alginates, and pectins. The hydrogels commonly used in
fabrication of vascular grafts are fabricated from synthetic polymers. A limitation of the
use of hydrogels is poor mechanical strength, often resulting in inadequate burst pressures.
Polyvinyl alcohol (PVA) is a synthetic polymer commonly used to fabricate
hydrogels. PVA hydrogels can be formed by crosslinking PVA chains with glyoxal,
glutaraldehyde or borate. A method that does not require addition of crosslinking agents is
to repetitively freeze and thaw a material to form crystal formations and thus form a
network structure crosslinked with quasi permanent crystallites. PVA is hydrophilic and
bioinert and therefore must be modified in order to promote endothelialization. PVA has
been combined with cyclic RGD peptides, fibronectin, or heparin to increase bioactivity.23
Modified PVA results in a slight increase in endothelial cell proliferation, and all materials
except for fibronectin modified PVA have been found to be hemocompatible.
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Polyethylene glycol (PEG), also known as polyethylene oxide (PEO) is a polymer
used to make hydrogels. (PEG is referred to as polyethylene oxide (PEO) when the
molecular weight is above 20,000 Daltons.)

PEG can be conjugated with a peptide or

protein of interest to provide necessary cellular adhesive properties. Grafts composed of
PEG hydrogel with a collagen mimetic protein derived from Group A Streptococcus have
been fabricated to bind endothelial cells and resist platelet adhesion.24 The material was
found to have minimal platelet interactions and provide faster migration speeds of
endothelial cells than PEG with collagen. The maximum burst pressure of these grafts
(1440 ± 40 mmHg) were lower than those reported for saphenous vein (1680 ± 307 mmHg).
PEG has been mixed with fibrin to bind layers of a poly(ester urethane) urea in order to
create a biphasic stress strain curve similar to the mechanical properties of vessels.25 Blood
vessels have a characteristic biphasic stress-strain curve, with a low modulus at low strains,
similar to elastin, and a higher modulus at higher strains, similar to collagen.26 Grafts were
found to support cell infiltration and accumulated ECM over 12 days of culture in a
pulsatile flow bioreactor. Although they did show a biphasic mechanical response, the
grafts had a significantly lower ultimate tensile strength (0.70 ± 0.10 MPa), compared to
human saphenous vein (~3.7 MPa).
1.7.3. Polyglycolic acid and Polylactic acid
Polyglycolic acid (PGA) and polylactic acid (PLA) are the most commonly used
synthetic biodegradable polymers. They and their copolymer polylactic-co-glycolic acid
(PLGA) degrade to lactic acid and glycolic acid, acids that can cause an inflammatory
response at the implant site. The materials are approved by the FDA and the regulatory
agencies of most other countries; therefore devices composed of the materials can be
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marketed in less time than devices composed other polymers whose biocompatibility is not
proven. PGA is crystalline with slower degradation times than the semicrystalline L-PLA
or D-PLA or the amorphous D-L PLA. PLGA has degradation times faster than PLA or
PGA alone due to the reduced crystallinity. The ratio of PGA to PLA changes the rate of
degradation.
Grafts fabricated from PGA and PLA have shown success in animal models. PGA
mesh was seeded with smooth muscle cells and cultured 10 weeks in a bioreactor.27 After
the culture period, there was no PGA remaining in the grafts due to hydrolysis and leaching.
The grafts were then decellularized, leaving only the ECM. The ECM grafts were cultured
with endothelial cells for 3 days prior to implanting into canine models. Grafts showed
patency, were non-immunogenic, and resisted dilatation, intimal hyperplasia and
calcification.. Grafts were followed up to one year. These grafts had a similar burst pressure
(3337 ± 343 mmHg) to human internal mammary artery (3196 ± 1264 mmHg). This study
shows the feasibility of combining polymeric and decellularization technology.
Electrospun PLA scaffolds have been implanted in the infrarenal aorta of mice for
4, 8, and 12 months.28 The survival rate at 12 months was 91.6% for the implanted group
compared to 83.3% for the sham surgery group. There was no aneurysmal dilatation or
stenosis at 12 months and there was presence of an intact and functional endothelium. This
study was limited by the lifespan of mice.

1.7.4. Polyurethanes
Polyurethanes (PU) are elastomeric materials that, although resistant to hydrolysis,
can degrade through oxidative, enzymatic and cellular mechanisms. PUs have robust
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mechanical properties, have reduced protein adsorption, are nonthrombogenic, and are
non-toxic. Bergmeister et al. developed a thermoplastic, degradable PU by modifying the
PU with a biodegradable chain extender. This material was electrospun to form small
diameter vascular grafts. 29 These grafts have shown 100% patency in the infrarenal aorta
of rats after 12 months, compared to ePTFE grafts which were 93%. Grafts did not show
aneurysmal dilatation or intimal hyperplasia. Grafts had an ultimate tensile strength of 1.51
± 0.21 N, significantly lower than the reported ultimate tensile strength of human
saphenous vein (~17 N).30 Thermoplastic PU can also be doped with additives to improve
mechanical

performance,

hydrophilicity,

and

biocompatibility.31

Electrospun

thermoplastic PU doped with 0.5% graphene oxide showed fibroblast and endothelial cell
proliferation and met the necessary suture retention strength and burst pressures. The burst
pressure of the graft was ~31000 mmHg, five-fold higher than reported for human carotid
artery. Platelet adhesion tests showed low platelet adhesion and activation.
Polyester urethane urea (PEUU) is a type of polymer with both urethane and urea
linking groups. PEUU mixed with poly(2-methacryloyloxyethyl phosphorylcholine-comethacryloyloxyethyl butylurethane) (PMBU) can be electrospun to form vascular
conduits. When implanted in a rat abdominal aorta for 8 weeks, these grafts showed greater
patency over grafts containing only PEUU. The grafts formed an endothelial layer and
showed anastomotic tissue integration. The grafts had a modulus of 7±3 MPa, which is
higher than healthy carotid artery (1.48± 0.24 MPa).32
1.7.5. Polycaprolactone
Polycaprolactone (PCL) is an aliphatic polyester with similar hydrophobic and inert
properties to ePTFE, the gold standard for blood vessels greater than 6 mm in diameter.
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PCL is inexpensive, non-toxic, has high tensile properties and degrades slowly.
Electrospun PCL grafts have shown excellent structural integrity with no in vivo
aneurysmal dilation.33 Grafts had a burst pressure of 3280 ± 280 mmHg, similar to those
of internal mammary artery (3196 ± 1264 mmHg).27 Grafts maintained patency with no
thrombosis and limited intimal hyperplasia. At 12 months, cellular regression was observed
and grafts calcified. Grafts were 2.5 times less compliant than native artery at 1.5 months.
A non-inferiority trial with PCL grafts compared to ePTFE grafts found that patency was
higher for PCL grafts.34 Again, low compliance and graft calcification were present,
although less than ePTFE grafts.
PCL is often mixed with other materials to improve the cell adhesive or mechanical
properties. PCL can be copolymerized with polylactic acid to form polylactide-cocaprolactone. Electrospun PLCL scaffolds had elastic mechanical properties, with changes
in diameter per pulse similar to that of a native artery when tested in an arterial system
bioreactor.35 In order to increase cell adhesion, PCL has been electrospun with PLA and
PEG and precoated with blood, gelatin or fibronectin.36 Fibronectin coated PCL/PLA/PEG
grafts had the highest number of viable attached cells compared to ePTFE and other grafts.
Naturally derived polymers can also be added to the PCL polymer and electrospun.
A combination of gelatin/PCL has been reported to facilitate cellular migration into the
scaffold.37 The Young's modulus of this material was reported to be 138 MPa, significantly
higher than PCL alone.
PCL has also been combined with collagen to create grafts with appropriate tensile
strength, burst pressure and elasticity.38 The scaffolds were found to be biocompatible but
cellular infiltration was limited due to pore size. When tested in a rabbit aortoiliac bypass
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model, the scaffolds retained structural integrity over 1 month of implantation with the
graft having circumferential tensile strength of ~ 0.9± 0.4 MPa compared to native artery
(1.5± 0.4 MPa).39 These grafts did not have cellular infiltration. Cellular infiltration of the
collagen PCL scaffolds was improved by creation of a bilayer scaffold composed of large
pore sizes on the outer vascular wall and smaller pores on the lumen vascular wall.40 Pore
size was increased by changing the concentration of PCL/collagen during the
electrospinning process. An alternative method of increasing pore size is to leach sacrificial
fibers composed of soluble polymers from the electrospinning scaffold. Grafts fabricated
from PCL co-electrospun with polyethylene glycol (PEG) showed increased porosity and
cellular infiltration after the PEG was dissolved out of the structure41. Grafts were not tested
in vivo, although cells proliferated on the scaffolds in vitro.
1.7.6. Polyglycerol sebacate
Polyglycerol sebacate (PGS) is an elastomeric biocompatible material known as
biorubber. As compared to other polymers, PGS was developed fairly recently in 2002.42
PGS prepolymer is synthesized by a polycondensation reaction between glycerol and
sebacic acid. This prepolymer can be melt or solvent processed into a desired shape. The
prepolymer is then heat cured to form covalent crosslinks between free alcohol groups
present in the glycerol and carboxylic acid groups present in the sebacic acid.43 Solvent
casted PGS scaffolds have a compressive elastic modulus an order of magnitude less than
PLGA scaffolds and similar to porcine carotid arteries.44 PGS scaffolds also have a similar
compliance as porcine carotid arteries and contain more insoluble elastin content after cell
culture. PGS scaffolds fabricated by dip coating and solvent leaching had lower platelet
attachment compared to glass, had a lower release of cytokines IL1B, TNF-α from THP-1
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cells than ePTFE and PLGA, and whole blood clotting was comparable or better than
ePTFE, PLGA, and glass.45
1.7.7. Polyoctanediol-co-citrate
Like PGS, polyoctanediol-co-citrate (POC) is a biodegradable and elastomeric
polymer.

46

An ECM/POC graft has been developed by infusing decellularized rat aortas

with POC.47 The POC was then functionalized with heparin to provide thromboresistance.
The grafts had reduced platelet adhesion and inhibited whole blood clotting compared to
untreated ECM. Grafts supported endothelial cell adhesion but had reduced adhesion with
smooth muscle cells. This study shows creative ways to combine polymeric and
decellularization technologies utilizing the biomolecular and structural aspects of
decellularized tissues along with the chemically mutable properties of polymers.

1.8 Development and Fabrication of PFC as an Endovascular Scaffold Material
PFC is an elastic polymer composite developed and tested in the Wake Forest
Plastic and Reconstructive Surgery Research Program that holds promise as a material for
small diameter vascular grafts. PFC is an electrospun material composed of Poly (glycerolsebacate) (PGS), silk Fibroin, and type I Collagen. The optimal ratio of components in the
composite in order to create an artery conduit with compositional and structural similarities
to native artery has been published48. Electrospun PFC has a high porosity and an
interconnected fiber structure in order to provide large surface area and internal space for
tissue maturation. Previous studies have confirmed that the material is strong enough to
withstand physiological pressures, is able to be sutured, has minimal degradation (0.3%
per week) over 30 weeks, and supports tight endothelial monolayer formation in culture.
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PFC was also found to be less thrombogenic than electrospun collagen mats, with platelets
adhering to the material but not showing an activated phenotype. These results support
further research into engineering other blood contacting tissues. In the current work, the
material was structurally and functionally developed for potential use as a saphenous vein
substitute in CABG surgery.

1.8.1 Poly (glycerol sebacate)
Elastin, a major component of arterial elastic fibers, provides tissues with elastic
recoil following intra-artery pressure increases. The native insoluble protein cannot be used
in fabrication of arteries without being hydrolyzed to a soluble form.49 PGS is an
elastomeric resorbable polymer with excellent biocompatibility, which makes it a
promising scaffold for tissue engineering. This elastomer is an appropriate substitute for
elastic fibers of arteries.42 PGS has also been reported to promote synthesis of organized
elastin fibers when smooth muscle cells were seeded on tubular scaffolds and cultured in a
pulsatile bioreactor.50 PGS has been reported to have better hemocompatibility than other
commonly used synthetic polymers.45 These properties make it a promising component to
impart non-thrombogenicity, elasticity, degradability, and biocompatibility. PGS is
reported as being tougher, less expensive and more flexible than existing biodegradable
elastomers. The inflammatory response of PGS is similar to that of poly (lactide-coglycolide) PLGA but unlike PLGA, has very little fibrous capsule formation after 60 days
of implantation. 42
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1.8.2 Fibroin
Proteins with high tensile strength such as collagen provide arteries with resistance
to high pressures. Silk fibroin is a protein derived from Bombyx mori cocoons. Silk has
strong mechanical properties and can be manufactured into gels51, fibers52, films53,
microspheres54, tubes55 and sponges.56 Silk fibroin is a material used to improve the
mechanical strength of engineered biomaterials. The ultimate tensile strength of silk fibers
is 740 MPa, whereas collagen is reported to be 0.09-7.4 MPa depending on processing
method.57 Silk fibroin can be added to materials to slow degradation to match physiological
ranges. The degradation rate is reported to be controllable, with times ranging from hours
to years depending on processing.
Silk cocoons are composed of about 80% silk fibroin with 20% sericin proteins.
Sericin protein allows for the adhesive properties of natural silk but is immunogenic and
must be removed prior to processing. Sericin is removed from the silk by boiling raw silk
in sodium carbonate. A schematic of the method to extract fibroin from raw silk is shown
in Figure 1.3. The ease of processing, reasonable cost, and mechanical properties of silk
make it an excellent candidate for increasing the strength of a vascular graft material.
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FIGURE 1.3. DIAGRAM DESCRIBING METHOD OF EXTRACTING SILK FIBROIN.

1.8.3 Collagen
Collagen is a natural component in blood vessels and provides tensile properties to
resist the effects of stress from vascular pressure. The major collagen type of arteries is
type I. Native triple helical Type I collagen contains the peptide sequence GFOGER and,
when denatured, exposes the cryptic RGD peptide sequence.58 These sequences bind to
α2β1 integrin and regulate cell adhesion.58, 59 Collagen is very thrombogenic, with platelets
undergoing activation upon exposure.
1.8.4 Creation of Nanofibers by Electrospinning
Large surface area and high porosity allow nutrient transport, cell adhesion, and signal
transmission to enhance cellular remodeling. Electrospinning is a fabrication technique that
can rapidly create a highly porous scaffold. Electrospinning utilizes a material dissolved in
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an appropriate solvent which is pumped slowly through a syringe (2 ml/hr) with a blunt tip
needle. A short distance (~20 cm) away from the needle is a grounded metal collector plate
or mandrel. A high voltage is applied to the blunt tip needle. As the material flows through
the needle, the high voltage causes the liquid droplet to become charged. The electrostatic
attraction between the charged droplet and the grounded mandrel counteracts the surface
tension and the droplet is stretched. At sufficient voltage, a charged liquid jet is drawn
from the droplet, forming a Taylor cone at the point where the jet emanates from the
droplet. As the charged jet is ejected from the Taylor cone, a rapid whipping motion occurs
in the space between the Taylor cone and the grounded collector plate, causing the solvent
to evaporate and the polymer to dry. The dried polymer forms nano- to micro- scale fibers
when deposited on the grounded collector plate or mandrel. 60 The electrospinning system
is enclosed in a chamber with an outflowing fan to remove solvent vapor. At high mandrel
rotation speeds, fibers are aligned resulting in a material with anisotropic mechanical
properties. Aligned fibers are seen at rotation speeds greater than approximately 10 m/s,
although the speed depends on the electrospinning polymer and concentration.61
1.8.5. PFC Fabrication Method
PFC is fabricated from ratios of type I collagen, extracted silk fibroin, and PGS
prepolymer (synthesized in house). The composites are dissolved in 1,1,1,3,3,3hexafluoro-2-propanol (HFIP) at a 10% solute to solvent ratio (weight/volume). The
solution is stirred for 24 hours at room temperature in a closed glass jar with a stir bar on
a magnetic stir plate. The solution is loaded into an appropriate sized syringe with a blunt
tip needle connected to a 25 kilovolt high voltage source. PFC solution volume depends on
the desired PFCscaffold thickness.
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Various studies have described producing electrospun tubes.36, 38, 40, 62 In the current
study, a custom mandrel was made to produce small vessels. The PFC solution is
electrospun onto a custom grounded stainless steel mandrel spinning at approximately 60
rpm. A schematic of this mandrel is shown in Figure 1.4 A. This mandrel is an
improvement on the previous electrospinning setup used to fabricate PFC in that it
electrospins onto a mandrel as opposed to a flat sheet. The mandrel size can be modified
to spin tubes ranging from 2 mm to 2.5 cm in diameter. Images of PFC tubes spun utilizing
the custom mandrel are shown in Figure 1.4 B. Sheets of PFC can be formed by cutting
along the length of a tube. The custom mandrel is motorized to rotate circumferentially and
oscillate vertically. Electrospinning onto a flat grounding plate often results in more fibers
accumulating in the center of the plate with fewer away from the center. The fibers are
evenly distributed on the surface of the oscillating and rotating mandrel. An additional
benefit of the motorized mandrel is the ability to concurrently electrospin more than one
polymer solution. Dual component electrospinning can be used to include sacrificial fibers
into an electrospun material which can increase the porosity of the scaffold. The use of this
mandrel to co-electrospin sacrificial poly (ethylene oxide) (PEO) with PFC is detailed in
Chapter 4.
After electrospinning, the mandrel is placed in a 120 °C oven for 48 hours to
thermally crosslink the PGS prepolymer. The collagen component is then crosslinked by
placing the mandrel on a rack in a closed glass container with a glass dish containing 10%
glutaraldehyde solution for 24 hours. The PFC material is briefly hydrated with a 0.02 M
glycine solution and removed from the mandrel. The PFC material is washed with 0.02 M
glycine twice for 30 minutes on a shaker plate to block any unreacted aldehydes. The PFC
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mats undergo three 10 minute rinses in ddH2O at room temperature on a shaker plate. The
materials are air dried and stored in a desiccator at room temperature.
A

B

FIGURE 1.4. [A] DIAGRAM ILLUSTRATING ELECTROSPINNING ON A MANDREL. (A)
SYRINGE EXTRUDING POLYMER SOLUTION AT RATE Q, SYRINGE NEEDLE ARE
POSITIVELY CHARGED AND HAVE A VOLTAGE V, (B) ROTATING MANDREL, (C)
GROUNDING COIL IN CONTACT WITH ROTATING MANDREL, (D) MANDREL MOTOR, (E)
MOTORIZED LAB JACK. [B] IMAGES OF PFC SPUN INTO A TUBE
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1.9 Characterization of PFC
Initial studies on PFC have been published and summarized.48 In order to determine
the ideal proportion of PGS: Fibroin: Collagen, fiber diameter, porosity, and tensile testing
were used to characterize electrospun material fabricated from different ratios of proteins
and polymer.

TABLE 1.1. CHARACTERISTICS OF ELECTROSPUN MATS. DATA TABULATED FROM

Collagen: PGS (9:1)
Collagen:Fibroin:PGS
(8:1:1)
Collagen:Fibroin:PGS
(4.5:4.5:1)
Collagen:Fibroin:PGS
(1:8:1)
Fibroin: PGS (9:1)

48

Fiber diameter
Porosity
(nm)

Modulus
(MPa)

2067 ± 168

80%

2.25±0.16

Suture
Retention
(N)
0.14

4577 ± 697

79%

2.76±0.20

0.05

2952 ± 240

73%

4.11±0.13

0.32

784 ± 77

not measured not measured

failed

694 ± 43

67%

failed

4.97±0.27

Based on strength and suture retention, Collagen: Fibroin: PGS (4.5:4.5:1), subsequently
termed PFC, was chosen as the material most promising for tissue engineering purposes.
When electrospun, PFC forms microfibers with an average diameter of 1.99 µm ± 0.58
(Figure 1.5).
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FIGURE 1.5. MORPHOLOGY OF PFC 4.5:4.5:1

1.9.1 Cellular adhesion to PFC
HUVEC cells cultured on PFC mats for 7 days were stained for F-actin protein and
nuclei (Figure 1.6). A uniform monolayer was reported and F actin staining suggested the
formation of tight junctions48 suggesting the material was biocompatible and may promote
a nonthrombogenic endothelial layer when implanted in vivo.
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FIGURE 1.6. ENDOTHELIAL CELL GROWTH ON PFC MATS. WHITE ARROWS DENOTE
FORMATION OF ENDOTHELIAL CELL TIGHT JUNCTIONS. CELLS WERE STAINED FOR FACTIN PROTEIN (RED) AND NUCLEI (SYTOX ™ GREEN) 4 8

1.9.2. Platelet adhesion to PFC
The morphology of platelets attached to PFC has been reported (Figure 1.7).
Extensive degranulation and formation of platelet aggregates were observed when platelets
were incubated with collagen gels.48 Fewer platelet aggregates were observed on
electrospun collagen mats. Platelets adhered to PFC mats were spherical and had defined
borders, suggesting low levels of activation.
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FIGURE 1.7. SCANNING ELECTRON MICROGRAPHS SHOWING REDUCED PLATELET
ADHESION TO PFC SCAFFOLD AFTER 15 MINUTES OF INCUBATION WITH PLATELET
RICH PLASMA. (A,D) COLLAGEN GEL, (B,E) COLLAGEN MAT, (C,F) PFC. 4 8

1.10 Cellular Infiltration
Multiple investigators have had limited success in achieving efficient cell dispersal
throughout electrospun scaffolds due to pore size

63

.

If pore sizes are too small, cell

infiltration will be impeded and limited regeneration will occur. If pore sizes are too large,
cells will not be able to bridge the pores and tissue regeneration will be slow.51 The optimal
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pore size for cell infiltration has shown approximately the diameter of the cells for which
the scaffold is generated. (~10 µm). Methods utilized to increase pore sizes in electrospun
scaffolds include increasing fiber diameters

64 65 40

, salt leaching

66 67

, cryogenic

electrospinning68, and ultrasonication69. One method involved in the creation of large
pores is using sacrificial poly (ethylene oxide) fibers.70 Poly (ethylene oxide) is soluble in
ethanol and is biocompatible. The use of sacrificial PEO fibers has been shown to be
successful in facilitating cell infiltration70 71 . PEO sacrificial fibers have been limited to
use with polymers that do not require heat treatment or glutaraldehyde fixation.

1.11 Stabilization of Biomaterials by Crosslinking
In the native extracellular environment, collagen gives the surrounding tissue
strength through crosslinks within and between the protein structures. Collagen is
stabilized by intrastrand hydrogen bonds within the triple helices and by crosslinks within
and between the microfibers.72 Water insoluble collagen can be solubilized by fluorinated
solvents such as HFIP or Trifluoroacetic acid (TFA). The dissolved collagen can be
electrospun, but remains water soluble post-electrospinning. Therefore, the material must
be crosslinked in order to improve the stability and preserve mechanical functionality.
Chemical crosslinking methods are commonly used to stabilize collagen. Common
methods of chemical crosslinking include glutaraldehyde, formaldehyde, genipin and
carbodiimides. Glutaraldehyde is commonly used due to its ability to crosslink amine
groups over varying ranges of distance, fast reaction time, and cost effectiveness. The
aldehyde groups in glutaraldehyde react with the amino groups in lysine and hydroxylysine
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amino acids present in the collagen.73 As a result, the glutaraldehyde molecules form
bridges between amine groups with the release of water. Unreacted aldehydes present after
glutaraldehyde crosslinking have been shown to be cytotoxic.74 Blocking these groups by
exposing the materials to a solution of glycine is a method of increasing the
biocompatibility of glutaraldehyde crosslinked materials.
Another commonly utilized method of crosslinking collagen scaffolds is the use of
EDC and NHS. EDC directly reacts with carboxylic acid groups present in the glutamic
and aspartic amino acids in collagen.75 This EDC/carboxylic acid group facilitates a direct
reaction between the carboxylic acid groups with amine groups present in lysine and
hydroxylysine residues. NHS reacts with the intermediate EDC to prevent the formation of
side products. After the reaction, the NHS and EDC can be washed from the material. This
scheme describes a direct reaction; there is no bridging in the crosslinking and groups must
be directly in apposition to one another.
A schematic comparing the chemical mechanism of glutaraldehyde and NHS/EDC
is shown in Figure 1.8. Due to the differences in crosslinking mechanisms between
glutaraldehyde and NHS/EDC, there may be differences in the biocompatibility and
mechanical properties between the crosslinking schemes. In addition, the ability to
conjugate additional molecules to the crosslinked materials may be affected by the
availability of reactive groups after processing.
In addition to collagen, PFC contains silk fibroin and PGS. Silk fibroin does not
contain a high amount of reactive amino acid groups and thus should not be heavily
impacted by crosslinking.76 PGS prepolymer, after the condensation of glycerol and
sebacic acid, has carboxylic acid end groups. These end groups may crosslink with the
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amine groups present in the collagen portion of PFC in the NHS/EDC reaction scheme. In
the glutaraldehyde reaction scheme, the PGS component should not be impacted due to the
lack of amine groups in glycerol or sebacic acid.

FIGURE 1.8 MECHANISM OF CROSSLINKING WITH A) GLUTARALDEHYDE (GTA) AND B)
NHS/EDC. C) CHEMICAL STRUCTURE OF CROSSLINKS BETWEEN COLLAGEN FIBERS 77

1.12 Homing Endothelial Progenitor Cells to Biomaterials
1.12.1 Endothelial Progenitor Cells and Therapeutic Use
Endothelial progenitor cells are a type of bone marrow derived circulating cell
shown to differentiate into endothelial cells.78 Generally, EPCs are believed to be
differentiated from CD133, CD34, and VEGFR-2 positive cells.79 A schematic showing
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the endothelial progenitor cell differentiation from hematopoietic progenitor cells is shown
in Figure 1.9. These cells can contribute to vasculogenesis by homing to areas of tissue
ischemia.80 Previous studies report that these cells form a confluent monolayer of
endothelial cells on acellular vascular grafts.81-84 EPCs are a promising source for
autologous reendothelialization of vascular grafts.
EPCs are isolated from bone marrow or peripheral blood and, typically, separated
using anti-CD34 antibodies.78 After isolation, cells are cultured in application specific
media containing growth factors such as VEGF and EGF on fibronectin coated substrates.
After adhesion, cells begin to lose their progenitor characteristics, will grow into a
monolayer, and have endothelial cell appearance. These cells have shown exponential
proliferation after 30 to 60 days in culture.

FIGURE 1.9. ENDOTHELIAL PROGENITOR CELL CASCADE. 8 5
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1.12.2 Stromal Derived Factor-1α (SDF-1α)/CXCL12 and mechanism of cell homing
In ischemic conditions, one of the cytokines released by injured and hypoxic tissue
is SDF-1α.86 This chemokine acts as a chemoattractant and guides the migration of
endothelial progenitor cells to the injured area.87 The CXCR4 receptor on EPCs is a G
coupled protein receptor for SDF-1α.88 When bound to SDF-1α, CXCR4 induces signaling
leading to the activation of pathways contributing to cellular migration, anti-apoptosis, and
integrin signaling. 89-91 The receptor is expressed in a number of tissues and cell types, but
may have different effects and purposes on different cell types. For example, SDF-1α can
induce cell death in neurons but is anti-apoptotic in CD4+ T cells and embryonic stem
cells.90 SDF-1α is expressed by osteoblasts, endothelial cells, and reticular cells in
osteoblast and vascular niches.92 Mice that lack either SDF-1α or CXCR4 exhibit defects
in bone marrow colonization, B-cell lymphogenesis, blood vessel formation, and cardiac
septum formation.93, 94

1.12.3 Current Therapeutic Use of SDF-1α
CXCR4/SDF-1α signaling is utilized clinically due to its role in bone marrow
progenitor cell retention and release. Granulocyte colony stimulating factor is commonly
used to mobilize progenitor cells by activating extracellular proteases that irreversibly
cleave cell surface adhesion molecules.95 Antagonizing CXCR4 with the inhibitor
AMD3100 mobilizes the progenitor cells into circulation and to areas rich in SDF-1α
expression by reversibly disrupting SDF-1α/CXCR4.96-98 The release of bone marrow
progenitor cells from the bone marrow is an alternative to bone marrow transplantation as
a cell therapy treatment for radiated patients.
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After cardiac infarction, SDF-1α levels are increased but decline within 4-7 days.
SDF-1α can be locally delivered to cardiac tissue to prolong expression in the myocardium.
The growth factor was found to improve cardiac function after myocardial injury by
increasing progenitor cell recruitment and angiogenesis. 99
In addition to sustaining the presence of SDF-1α in myocardial tissue, increasing
the SDF-1α present on the surface of vascular grafts has been suggested as a method of
attracting endothelial progenitor cells in order to accelerate endothelialization. These
methods commonly involve linking a molecule to bind and maintain SDF-1α at the surface.
Methods include heparin functionalizing vascular grafts and incubating grafts in SDF-1α84,
100

; coating the grafts with fibronectin and then incubating the grafts in SDF-1α82, 101; and

coating grafts in heparin coacervate doped with SDF-1α81. Although these methods have
been shown to bind SDF-1α to the surface, the linking molecules used do not necessarily
recapitulate the physiological binding scheme of SDF-1α to injured tissue. Utilizing
binding ligands present in native tissue may allow the body to repair the scaffold as it does
injured tissue.
1.12.4 Proteoglycans (PG)
PGs are large molecules consisting of a protein core and glycosaminoglycan (GAG)
side chains. Some PGs such as glypican and the syndecans are tethered to the cell surface
where as others such as aggrecan, perlecan, decorin, and biglycan, are found in the
extracellular matrix. Structural variations between proteoglycans are due to the type and
amount of GAG side chains. Types of sulfated GAG chains include chondroitin sulfate,
dermatan sulfate, heparan sulfate, and keratan sulfate. The binding of growth factors to the
ECM is primarily regulated by GAG chains. GAGs harbor growth factors which affects
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both the concentration and biologic activity of growth factors. The harboring of growth
factors by GAGs limits their diffusion and maintains bioactivity after production has
ceased. It has been shown that PGs in the subendothelial matrix establish a SDF-1α
gradient to guide the migration of hematopoietic stem cells (HPC).102 Heparan sulfate
oligosaccharides present on proteoglycans have been shown to protect SDF-1α from
proteolysis.103 It has been hypothesized that SDF-1α/GAG complexes contribute to
enhanced migration of HPCs by a more efficient triggering of the CXCR4 receptor.
1.12.5 Syndecan-4 and Growth Factor Binding
Recent studies of specific PGs have indicated that syndecans, specifically
syndecan-4, promote SDF-1α binding. Syndecans are transmembrane proteoglycans with
heparan sulfate side glycosaminoglycan side chains (Figure 1.10). Syndecan-4 is involved
in signaling pathways involved in cellular proliferation, migration, mechanotransduction,
and endocytosis.104,

105

After myocardial infarction, patients have increased levels of

syndecan-4 in the plasma.106 It was found that hypoxia induces increased syndecan-4
transcription in various cell types.106 Syndecan-4 has been shown to facilitate the binding
of SDF-1α to the CXCR4 receptor.104 In addition to facilitating SDF-1α binding, syndecan4 is a co-receptor for fibroblast growth factors (FGFs), vascular endothelial growth factors,
and platelet derived growth factors.107
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FIGURE 1.10. DIAGRAM OF SYNDECAN-4 STRUCTURE 108

1.13 Outlook and Conclusion
Progress is being made towards the development of a synthetic vascular graft to
replace the use of autologous tissue for coronary artery bypass grafting surgeries. Tissue
engineering holds immense potential for the fabrication of these materials. As opposed to
being inert, the next generation of tissue engineered scaffolds will have bioactivity tailored
to the tissue or organ it is designed to repair or replace. Developing synthetic grafts
composed of both synthetic and natural polymers is a promising approach towards the
development of a synthetic vascular graft. These grafts have been shown to facilitate cell
growth and implantation while having non-thrombogenic properties. Furthermore, grafts
functionalized with tissue specific growth factors should provide an instructive
environment to aid in the regeneration of the tissue after implantation.
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: Research Motivation, Specific Aims, and Significance

2.1 Research Motivation
Autologous saphenous vein is the standard material for bypassing small diameter
(< 6 mm) coronary arteries, but is subject to intimal hyperplasia, thrombosis, and
accelerated atherosclerosis. To date, no biomaterial functions as a substitute for autologous
vein graft. Cardiovascular tissue engineering provides opportunities to design graft
materials that would return blood flow to injured tissue and work in concert with
autologous cells to restore function and eventually remodel the tissue. In addition, a tissue
engineered vascular graft would negate the need to have the patient undergo a secondary
surgery to remove an autologous vessel.
In order for a graft to remain patent, the luminal surface of the graft should be nonthrombogenic while allowing for the adhesion and proliferation of endothelial cells. While
endothelialization is occurring, additional cells will enter the graft through the adventitial
and luminal surfaces. The adventitial surface of the graft should allow cell infiltration to
aid in the bulk remodeling of the graft material. Over time, the graft material would
simulate native artery with a confluent monolayer of endothelial cells and smooth muscle
cells present in the wall of the artery.
One approach to aid in endothelialization of the blood vessel is to functionalize the
graft material so it is conducive to the adhesion of circulating endothelial progenitor cells.
The design of a blood vessel that is seeded by native blood cells after implantation would
meet the current regulatory standards regarding cell-based tissue engineering.
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The long-term goal is to develop a scaffold for use as a small diameter vascular
graft that would facilitate cellular infiltration and aid in the recruitment of circulating
endothelial progenitor cells.
Preliminary work in our research program has focused on the development of an
elastomeric scaffold for use as an endovascular scaffold material. This material, PFC,
composed of electrospun poly (glycerol sebacate), silk fibroin, and type I collagen has
tensile, non-thrombogenic, and endothelial cell adhesive properties ideal for use as an
artery graft. These results have encouraged us to transition to the further functionalization
of PFC for specific use as a blood vessel scaffolding material.
HYPOTHESIS
2.2 Specific Aims
Aim 1: Develop a porous PFC material to facilitate cellular infiltration (Presented in
Chapter 3)
Hypothesis: Fabricating a PFC graft with a low porosity layer on the luminal surface and
a high porosity layer on the adventitial surface will facilitate both increased cellular
infiltration and the establishment of an endothelial monolayer.
Approach: In this aim, a new protocol will be developed to produce PFC with variable
porosities by co-electrospinning PFC with PEO. The structural properties of this new
material, termed PFC-P2 will be evaluated in terms of mass loss and porosity. The PFCcell interactions will be evaluated for infiltration and cell-compatibility.
Innovative Features: This study will aim to tailor the porosity of a collagen and polymer
containing scaffold. These specific materials necessitate post-processing steps that
preclude common protocols for increasing porosity.
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For Aim 1, the main objectives of the study included:
•

Designing a protocol to leach sacrificial fibers from PFC

•

Determining relationship between mass loss of sacrificial fibers and porosity

•

Evaluating if increasing the amount of sacrificial fibers impacts cell infiltration

Aim 1 comprised an independent study that related to the following aims in that it fit the
intent of producing a more ideal PFC material. Although changes in the fabrication
protocol were found to improve PFC fiber morphology, it was unclear whether these
changes should be used in further fabrication of PFC. Therefore, these changes were not
carried forward for the fabrication of PFC scaffold functionalized with syndecan-4 and
SDF-1α.
In order to satisfy the hypothesis and the complete the first aim, a completed study is
reported in Chapter 3, which is a manuscript entitled “Fabrication of a Porous Elastomeric
Electrospun Material”.

Aim 2: To determine the optimal conditions for maintenance of reactive amino acid
groups during post-processing of PFC (Presented in Chapter 4)
Hypothesis: Crosslinking is hypothesized to inhibit the ability for proteins to be
conjugated to the material through NHS/EDC chemistry by either sterically hindering the
available carboxylic acid and amine groups or crosslinking them so they are no longer
available for additional conjugation.
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Approach: The ideal crosslinking condition for further functionalization of the PFC
material will be determined. Scaffolds will be crosslinked with various concentrations of
glutaraldehyde vapor or various times in NHS/EDC. Crosslinked scaffolds will be
evaluated on fiber morphology, cytotoxicity, ability to bind syndecan-4, and mechanical
properties.
Innovative Features: Although the effect of crosslinking collagen based scaffolds has
been previously investigated, this work will report for the first time how crosslinking can
impact the ability to further functionalize a biomaterial.

For Aim 2, the main objectives of the study included:
•

Determining crosslinking condition to preserve fiber morphology

•

Designing a protocol to maintain reactive groups for functionalization

•

Determining cell proliferation on crosslinked materials

•

Developing a procedure to functionalize PFC with syndecan-4

In order to satisfy the hypothesis and the complete the second aim, a completed study is
reported in Chapter 4, which is a manuscript entitled “Optimization Of Crosslinking
Conditions For Functionalization Of A Novel Elastomeric Scaffold For Use As An Artery
Substitute”.
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Aim 3: Functionalize PFC with SDF-1α using syndecan-4 as a linking molecule in
order to sequester EPCs. (Presented in Chapter 5)
Hypothesis: PFC functionalized with SDF-1α via syndecan-4 can aid in the sequestration
of endothelial progenitor cells.
Approach: PFC materials will be functionalized with syndecan-4. After immobilization,
the binding kinetics of SDF-1α to syndecan-4 functionalized PFC will be assessed. These
modified scaffolds will be evaluated for their ability to facilitate EPC adhesion.
Innovative Features: This study represents the ability to fine tune an elastomeric conduit
in order to preferentially target specific circulating endothelial progenitor cells. This study
represents a novel effort to utilize syndecan-4, a high affinity receptor for SDF-1α, to
increase the binding and maintenance of SDF-1α at the graft site.

For Aim 3, the main objectives of the study included:
•

Covalently linking syndecan-4 to PFC materials via EDC/NHS binding

•

Demonstrating binding of SDF-1α to syndecan-4 functionalized PFC

•

Quantifying cell adhesion and growth of EPCs on PFC materials
functionalized with syndecan-4 and SDF-1α

In order to satisfy the hypothesis and the complete the third aim, a completed study is
reported in Chapter 5, which is a manuscript entitled “An Elastomeric Scaffold
Functionalized With SDF-1Α/CXCL12 Via Covalently Linked Syndecan-4”.
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2.3 Research Significance
This project is expected to have a significant impact by addressing the need for
tissue engineering scaffolds that specifically recruit cell subtypes in order to speed the
repair process. This work builds on prior cell and molecular biology research by utilizing
proteoglycans and growth factors that are an important component of the physiologic
healing and repair, but absent in traditional synthetic vascular grafts. Although only PFC
will be investigated in these studies, broader applications include the potential use of this
approach to modify a variety of other protein and polymer containing biomaterials for use
as tissue engineered scaffolds.
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ABSTRACT
An electrospun material composed of poly (glycerol sebacate), silk fibroin, and type I
collagen (PFC) has been previously shown to serve as a promising scaffold material for
endovascular tissue engineering applications. In order to optimize the porosity and cell
infiltration, PFC was co-electrospun with poly (ethylene oxide) (PEO) which was
subsequently leached from the scaffold. The purpose of this study was to determine the
relationship between mass loss of sacrificial PEO fibers, scaffold porosity and the ability
of cells to seed and infiltrate PFC. Altering the published fabrication method of PFC to
support the leaching of sacrificial fibers provided a scaffold material with more stable and
consistent fiber morphology. This protocol increased fiber stability during heatpolymerization processing of the poly (glycerol sebacate) component in PFC. Utilizing a
gradient of sacrificial fiber material, it was determined that mass loss did not correlate with
water intrusion porosity. Cell attachment was observed in all scaffolds with moderate cell
infiltration at high porosity. These collective findings identify an improved protocol for
PFC production and demonstrate moderate effects of increasing infiltration utilizing
sacrificial fibers alone. This study supports the further functionalization of PFC in order to
optimize cell attachment and infiltration when used in vivo.
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3.1. Introduction
Tissue engineering of blood vessels is an emerging area of research with the goal
of substituting a diseased artery with a scaffold material in which cells from the patient can
remodel into a functional tissue. Design criteria for the vessel include nonthrombogenicity, biocompatibility and ability for cells to infiltrate and remodel the
scaffold. Suitable mechanical properties are essential including compliance, adequate burst
strength as well as the ability to be surgically implanted or deployed by various procedures.
Autologous saphenous is the standard material for bypassing small diameter (<6 mm)
coronary arteries, but is subject to intimal hyperplasia, thrombosis, and accelerated
atherosclerosis at various times after implantation. To date, no biomaterial functions as a
substitute for vein graft.
Previously, we have developed and reported an elastomeric electrospun material
that holds promise as a scaffold for the tissue engineering of blood vessels. The material,
termed PFC, has superior mechanical properties, reduced thrombogenic potential, and
supports endothelial cell adhesion and proliferation.1 PFC is fabricated from poly (glycerol
sebacate) (PGS), silk fibroin, and type I collagen. PFC is heat and glutaraldehyde treated
after electrospinning to heat-polymerize the PGS component and crosslink the collagen.
Electrospinning is a method of fabricating materials with fibrous structures similar
to native extracellular matrix. One common limitation of electrospun scaffolds is the lack
of efficient cellular infiltration. Cellular infiltration is critical for the long term success of
the vessel in order to remodel and provide strength as the scaffold degrades. To overcome
this challenge, multiple investigators have proposed methods of increasing the scaffold
porosity including altering the fiber diameters of the electrospun fibers2-7, cryogenic
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electrospinning8, sonication9, salt leaching10, and the inclusion of sacrificial fibers6, 11-14 or
microparticles15. Although these methods have been successful in facilitating cell
infiltration into the materials, most have not been used with materials that necessitate posttreatment processing after electrospinning.
The success of a scaffold for vascular tissue engineering depends on the size of
pores present in the material. Small pores may restrict cell infiltration while large pores
may restrict endothelial cell interactions and result in blood leakage. The ideal size of pores
is dependent on the tissue the scaffold will recapitulate. Pore sizes should be roughly
equivalent to or larger than the size of the individual cells seeded on the scaffold. Zeltigner
et al. found that microvascular epithelial cells seeded on poly (L-lactide) materials with
pore sizes ranging from 38 to 150 µm formed extracellular matrix within the scaffold. The
cells formed a multilayered lining when cells were smaller than 38 µm.16 Wang et al.
observed that 3T3 cells infiltrated into scaffolds after one day when pore sizes were greater
than 31 µm but did not infiltrate scaffolds with pore sizes less than 16 µm.15
Increasing the fiber diameter of electrospun materials has been shown to increase
the materials pore size. Altering fiber diameters of electrospun material is obtained by
altering the concentration of the electrospinning solution. PFC is electrospun into a
functional scaffold at a specific concentration which does not permit formation of
electrospun fibers greater than 2 µm.1 For this reason, alternative methods of increasing
the porosity of PFC were investigated.
The use of sacrificial fibers in electrospinning has been shown to be a method of
decreasing the packing density of electrospun fibers. Sacrificial fibers refer to fibers that
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are solubilized from a scaffold containing two or more polymeric materials, resulting in a
less dense and stable network of non-soluble fibers.
PFC was designed as a specialized composite material in order to mimic the
compositional and structural properties of native artery. One component, PGS, is an
elastomeric polymer which provides more physiological properties to the graft material
serving as a substitute for elastin in arterial elastic fibers. PGS must be heat polymerized
after electrospinning in order to form the elastomeric crosslinks. Collagen was incorporated
into PFC to facilitate cellular adhesion and promote material strength. Collagen is typically
crosslinked prior to use to stabilize the fiber structure. Silk fibroin was added to PFC in
order to give the material additional strength and slow the rate of material degradation.
The use of sacrificial fibers has been limited to use with scaffolds that do not require
both crosslinking using glutaraldehyde and heat polymerization after electrospinning. In
this study, a fabrication protocol was designed and tested in an attempt to fabricate a more
porous PFC material with the goal of facilitating cellular infiltration.

3.2. Materials and Methods
3.2.1 Materials
Silk fibroin was extracted from raw silk using an aqueous solvent processing
method according to published procedures.17 Raw silk was boiled in 0.02 M Na2CO3 at
100°C for 30 minutes, rinsed twice with ddH2O, and air dried. Fibroin was dissolved in 9.3
M LiBr and centrifuged at 2000g to remove contaminants. The fibroin solution was
dialyzed and lyophilized. PGS prepolymer was synthesized from glycerol and sebacic acid
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following published methods.18 Type I collagen from calf skin was purchased
commercially (Elastin Products, MO).
3.2.2 Fabrication of PFC using published protocol1 (PFC-1)
Electrospun solutions were prepared using type I collagen, silk fibroin, and PGS at
a mass ratio of 4.5:4.5:1 and were dissolved in 1,1,1,3,3,3-hexafluoro-2-propanol (HFIP)
at a 10% w/v ratio. The solution was loaded into a 5 ml syringe with an 18 gauge blunt tip
needle, and affixed to infusion pump (Baxter, AS50) and ejected at a rate of 2 ml/hr. A
voltage of 25 kV was applied at a distance of 18 cm between the syringe tip and the
collector mandrel (Figure 3.1). A custom built electrically-grounded aluminum mandrel
was (25 mm diameter, 75 mm length) rotated at a speed of 60 rpm. The grounded mandrel
was vertically oscillated a distance of 8 cm at a speed of 60 cm/min by a customized,
motorized electrically non-conductive polycarbonate lab jack (Poly-Jacque). A total of 3.5
ml of solution was electrospun onto the mandrel. The electrospun fabricated mats were
removed from collector plates and heated at 120°C for 48 hours to heat polymerize the
PGS component. The mats were then treated with 10% glutaraldehyde vapor for 24 hours
to crosslink the collagen component. Electrospun mats were washed with 0.2 M glycine
before use to inactivate unreacted aldehydes. The material fabricated using this method
followed previously published protocols and are referred to as PFC-1 in this study.

3.2.3 Fabrication of PFC-P2 and PFC-2
The method of fabricating PFC materials was modified to facilitate coelectrospinning with sacrificial poly (ethylene oxide) (PEO) fibers. PFC solution, as
described previously, was co-electrospun with PEO (Mv 200,000) dissolved in 90% ethanol
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with 0.001% crystal violet. Both PFC solution and PEO solution were ejected from the
infusion pumps at a rate of 2 ml/hr. The crystal violet solution served as a marker for PEO.
A total of 3.5 mls of PFC solution and 3.5 mls of PEO solution were electrospun onto the
aluminum mandrel from infusion pumps situated on opposite sides of the grounded
mandrel.
When heated at 120°C for 48 hours, PEO showed a color change associated with
thermo-oxidative degradation. For this reason, the PFC protocol was modified so that the
PEO component could be leached prior to heat polymerization. Materials utilizing this
modified protocol using PEO are referred to as PFC-P2 in this paper. PFC-P2 materials
were immediately crosslinked in 10% glutaraldehyde vapor for 24 hours to crosslink the
collagen component. PFC-P2 mats were washed with 0.2 M glycine. PEO was
subsequently leached from the PFC-P2 using four 15 minute changes of 70% ethanol and
two 15 minute changes of water. PFC-P2 was dried overnight and heat polymerized at
120°C for 48 hours. PFC-2 was created utilizing the same protocol for PFC-P2 but without
PEO. This material served as a control for the modified processing method. Material
fabrication protocols are compared in Table A.1.
3.2.4 Morphology
A scanning electron microscope (JEOL) was used to determine fiber structure and
to determine if there was visual evidence of remnant PEO. Materials were attached to SEM
mounts using carbon tape and sputter coated with gold for image analysis. Fibers were
examined at high magnification for evidence of pitting. All micrographs were acquired
under the same magnification, working distance, and electron beam density.
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Fiber

diameters were determined manually with ImageJ with 20 fiber diameters measured per
sample.
3.2.5 Fourier Transform Infrared Spectroscopy characterization
Fourier Transform Infrared Spectroscopy (FTIR) was used to determine removal of
PEO and also to demonstrate that PFC was not altered compositionally. Electrospun mats
(1 mm thick) of PFC-1, PFC-P2, PFC-2, and PEO were analyzed by FTIR using
Transmittance Mode (Perkin Elmer). FTIR spectra were obtained in the range of
wavenumbers from 4000 to 650 cm-1, with 1 cm-1 resolution.
3.2.6 Porosity
Materials (n=6) were hydrated in ddH2O for 6 hours on a shaker plate at room
temperature. After blotting surface water, the hydrated weight was determined. The mats
were then lyophilized and reweighed to determine dry weight. The porosity of the mats
was calculated using the following equation:
𝐷𝑒𝑛𝑠𝑖𝑡𝑦: 𝜌𝑃𝐹𝐶 = 0.1 ∗ 𝜌𝑃𝐺𝑆 + 0.45 ∗ 𝜌𝑆𝑖𝑙𝑘 𝐹𝑖𝑏𝑟𝑜𝑖𝑛 + 0.45 ∗ 𝜌𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛
𝑃𝑜𝑟𝑜𝑠𝑖𝑡𝑦 (%): 𝜀𝑃𝐹𝐶 = 100% ∗

𝑉𝑤𝑎𝑡𝑒𝑟
𝑉𝑤𝑎𝑡𝑒𝑟 + 𝑉𝑃𝐹𝐶

with
ρPGS = 1.13 g/cm3, ρSilk Fibroin= 1.31 g/cm3, ρCollagen = 1.40 g/cm3

3.2.7 In vitro cell culture study
PFC-1, PFC-2, PFC-P2 were cut to 1 cm2 circles and washed with PBS and H2O 2
times for 15 minutes. Materials were sterilized with 70% ethanol and rinsed twice with
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sterile water and twice with sterile PBS for 10 minutes each, followed by UV exposure of
both sides for 15 minutes. To mimic the in vivo condition where blood proteins would
interact with implanted material, scaffolds were coated with fibronectin at a concentration
of 5 µg fibronectin/mL PBS. Human aortic smooth muscle cells (HASMCs) (ATCC CRL1999) were seeded on the substrates in 24 well culture plates in cell culture rings at a
density of 3.5 x 104 cells/cm2 PFC. On days 7 and 14, materials were fixed with 4%
paraformaldehyde (PFA). Rhodamine-phalloidin and SYTOXTM green dyes (Life
Technologies) were used to stain F-actin and nuclei, respectively.
3.2.8 Cellular infiltration on PFC-P2, PFC-2, PFC-1
PFC-1, PFC-2, PFC-P2 materials (n=4) were cut to 1 cm2 circles and washed and
sterilized as described previously. Scaffolds were incubated with fibronectin (5 µg/ml PBS)
for 40 minutes and rinsed 3 times with PBS. Scaffolds were placed in ultra-low attachment
surface 24 flat bottom well plates (Corning) and immersed in cell culture medium for 24
hours.
NIH 3T3 fibroblasts were cultured in high glucose DMEM supplemented with 10%
FBS and 1% penicillin and streptomycin. Aliquots of fibroblasts (30 µl, 1 x 105 cells/cm2
PFC) were seeded onto scaffolds of each type. The culture medium was replaced every 2
days. At 14 days, the scaffolds and cells were fixed in 4% paraformaldehyde (PFA) for 30
minutes with subsequent washing with PBS. The samples were embedded in O.C.T. Tissue
Plus freezing medium (Fisher). Frozen sections (8 µm) were mounted onto glass slides and
stained with SYTOXTM green. Sections were observed with a Zeiss Axioskop microscope.
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3.2.9 Fabrication of PFC-P2 with gradient porosities
A gradient PFC material was fabricated in order to determine how varying the PFC:
PEO ratio in PFC-P2 impacts the porosity and ability for cells to infiltrate into the material.
A gradient PFC-P2 material was fabricated by vertically offsetting the electrospinning
needles by 6 cm during electrospinning without vertical oscillation of the rotating grounded
aluminum mandrel. This sheet of PFC-P2, when removed from the mandrel, formed a
gradient material which transitioned from one side containing nominal amounts of PEO to
the other side containing nominal amounts of PFC-P2. The gradient material was sectioned
into 1 cm wide strips parallel to the axis of rotation so that all each strip of material
contained the same proportion of PEO to PFC-P2 along its length. Materials from section
“A” contained mostly PFC and materials from section “F” contained mostly PEO. Percent
mass loss was determined by the change in mass before and after leaching PEO in ethanol.
Fiber morphology of samples from each section were visualized by SEM as described
previously. 3T3 fibroblasts were cultured on the material as described in section 3.2.8.
3.2.10 Porosity, Mass Loss and PEO/PFC Ratio
The porosity, mass loss of PEO and the calculated ratio of PEO to PFC were
determined for the gradient scaffold materials (n=4). Porosity was determined as in section
3.2.6. Mass loss of scaffolds was determined by the following equation:
𝑀𝑎𝑠𝑠 𝐿𝑜𝑠𝑠 (%) = 100% ∗

𝑀0 − 𝑀𝐷
𝑀0

where M0 is mass of scaffold before glutaraldehyde treatment and MD is the dry mass of
the scaffold. Mass loss of PFC-2 represents the loss of mass due to processing: 16.0%.
The volume of PEO in the scaffold was determined with the following equation:
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𝑉𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 𝑃𝐸𝑂: 𝑉𝑃𝐸𝑂 =

𝑀0 (1 − 0.160) − 𝑀𝐷
𝜌𝑃𝐸𝑂

𝑅𝑎𝑡𝑖𝑜 𝑜𝑓 𝑃𝐸𝑂 𝑡𝑜 𝑃𝐹𝐶 =

𝑉𝑃𝐸𝑂
𝑉𝑃𝐹𝐶

3.2.11 Statistical analysis
All quantitative data are presented as mean ± standard error of the mean (SEM).
Statistical comparisons were determined by one-way analysis of variance (ANOVA).
Tukey’s post hoc test was utilized to determine significant differences. Results of p < 0.05
were considered significant. Differences in scaffold thickness were determined by
ANOVA on ranks.

3.3. Results
3.3.1 Fiber morphology of PFC-P2 and PFC-2 materials
The morphologies of PFC-1, PFC-P2 and PFC-2 materials were examined by SEM
(Figure 3.2). The packing density of fibers was visibly altered by fabrication methods.
Fiber diameter was not significantly different between samples: 1.8 ± 0.8 µm for PFC-1,
1.5 ± 0.4 for PPFC, and 1.8± 0.5 for PFC-2. In general, mats composed of PFC-P2
appeared to have more distinct fiber structures whereas PFC-1 appeared to have more fused
fiber morphology. PFC-2 also appeared to have distinct fiber structures.

3.3.2 FTIR
FTIR Spectroscopy was utilized to determine residual PEO in PFC-P2 materials
and if all constituent groups in PFC-1 were present in PFC-P2 and PFC-2. (Figure 3.3)
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PFC-P2, PFC-2, and PFC-1 all had identical spectra, suggesting that material properties
did not change using the modified protocol. In addition, absorbing material indicative of
PEO was not present in PFC-P2, suggesting all PEO was removed from the material during
leaching.
3.3.3 Porosity
Porosity of PFC-1 was significantly lower than the porosity of PFC-P2 (p < 0.05)
and PFC-2 (p < 0.01). There was no difference in porosity between PFC-P2 and PFC-2.
(Figure 3.4)
3.3.4 In vitro cell proliferation on PFC-1, PFC-P2 and PFC-2 materials
Fibroblast cells proliferated on all materials. Cells were found to have a more
aligned phenotype of PFC-1 scaffolds as compared to cells grown on PFC-P2 and PFC-2
scaffolds. (Figure 3.5)
3.3.5 Cell infiltration
After 14 days of culture, 3T3 cells appeared on the surface of the materials rather
than in the interior of the scaffolds (Figure 3.6).
3.3.6 Scaffold Thickness
Although the same volume of PFC was electrospun onto the mandrel for all
materials, PFC-P2 was 103% greater than thickness of PFC-2 (p < 0.05), due to the
incorporation of PEO. PFC-P2 was also 176% thicker than PFC-1 (p < 0.05). PFC-2 was
36% thicker than PFC-1 (p < 0.05) (Figure 3.7).
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3.3.7 Porosity and mass loss of gradient PFC-P2 materials
A gradient PFC-P2 material was fabricated to determine if the fraction of PEO in
the PFC influenced scaffold porosity (Figure 3.8). The gradient material was cut into 1 cm
strips with along the gradient axis. The mass loss of the materials ranged from 41% to 99%.
PFC-2 had an average mass loss of 16.0%, indicating that the protocol was associated with
a low level of mass loss. Samples from each 1 cm strip of gradient material had
significantly different (p < 0.01) percent mass losses. All materials had significantly higher
mass losses than PFC-2 (p < 0.001), indicating that PEO was leached from all sections of
the gradient material.
Porosity was calculated by the differences between wet and dry weights. Samples
E and F were significantly increased compared to all the other samples (p < 0.001) (Figure
3.9). Mass loss was used to calculate the ratio of volumes of PEO and PFC present in the
gradient materials. The ratio of PEO to PFC ranged from 1:2 to 140:1. Except for samples
A and B, each sample was significantly different from one another (p < 0.05) (Figure 3.10).
3.3.8 Morphology of gradient PFC-P2 materials
Morphology of gradient PFC-P2 materials was observed by SEM. There were no
differences in porosity or fiber packing density observed between samples. Fiber structures
appear to be more tortuous in samples corresponding to minimal mass loss (Figure 3.11).
3.3.9 Infiltration of cells into gradient PFC-P2 materials
Cells were seeded on the surface of PFC scaffolds in order to measure cellular
infiltration over 14 days. Cells did not appear to infiltrate into scaffolds A, B, C, D, with
minimal infiltration present in scaffolds E and F (Figure 3.12).
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3.4. Discussion
The purpose of this study was to increase the porosity of electrospun PFC-1 in order
to produce an optimal material for cell infiltration. A reported difficulty with
electrospinning PGS alone is that the prepolymer has a glass transition temperature below
room temperature which causes the fibers to fuse into a non-porous sheet.19 The high
temperatures required to thermally crosslink PGS can increase the fusion. When PGS is
added to composite materials such as collagen and fibroin in the production of PFC (or
PFC-1 in this study), fibers also appeared slightly flattened having potentially impaired cell
influx. In this study, PEO was included in the production protocol for PFC in order to
improve fiber morphology and to increase the material porosity in an attempt to optimize
the materials material for cell infiltration.
In this study, PEO was co-electrospun and subsequently leached from PFC in order
to increase the porosity of PFC. A limitation of PEO is that it is not stable at high
temperatures necessary to crosslink the PGS component of PFC. Additionally, the collagen
component of PFC is not stable during washes necessary to remove the PEO component.
This report describes the new fabrication method of making porous PFC in which the PFC
is crosslinked in glutaraldehyde, the PEO is leached, and the PGS component is heat
treated. In this method, the final material, termed PFC-P2, differs from the published
method of fabricating PFC (termed PFC-1 in this report) in which the PGS component is
heat treated prior to the collagen component being crosslinked in glutaraldehyde.
In order to fabricate PFC-P2, an electrospinning mandrel was designed that
electrospun both polymers simultaneously. PFC-P2 was fabricated by electrospinning
equal quantities of PEO and PFC onto the mandrel. PFC-1 was used as a control and was
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made as detailed in a previous publication. PFC-2 was fabricated using the same protocol
as PFC-P2, except without PEO. This material served as a control for the method of
producing PFC-P2.
For this study, several findings are noted: 1) PFC-P2 was able to be fabricated by
leaching PEO from the material, creating a scaffold with more distinct fiber morphology
and higher porosity than PFC-1; 2) PFC-P2 and PFC-2 had similar water intrusion
porosities; 3) a gradient PFC-P2 material was fabricated and had varying mass loss
throughout the length of the material; and 4) mass loss did not necessarily correspond to
an increase in porosity and cell infiltration.
FTIR was used to evaluate the materials in order to determine selective loss of any
component of PFC during the production of PFC-P2. FTIR showed no compositional
differences between groups and that the PEO was leached from the PFC-P2 material. SEM
images appear to show a difference in packing density of the fibers in PFC-P2 compared
to PFC-1. The difference in packing density could be related to the presence of PEO during
glutaraldehyde crosslinking keeping the fibers separated and limiting the crosslinking to
collagen molecules within the fibers and not between the fibers.
PFC-2 was used as a control for the method of producing PFC-1, in that PFC-1 was
heat treated and then glutaraldehyde treated and PFC-2 was glutaraldehyde treated and then
heat treated. PFC-2 appeared more porous than PFC-1 from SEM images and from
histology, even though neither contains sacrificial PEO fibers. This was confirmed by the
water intrusion porosity where PFC-2 was more porous than PFC-1. This finding indicates
that only modifying the protocol to glutaraldehyde fix prior to heat treating permits
retainment of space between fibers.
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Due to the low melting temperature of PGS, a carrier polymer is often utilized in
order to retain the fiber structure of electrospun PGS. The crosslinked collagen portion of
the PFC-2 and PFC-P2 acts as a carrier polymer, reducing the ability of the PGS to flow
during thermal crosslinking.
Although PFC-P2 contained 50% PEO and PFC-2 did not, both materials had
similar porosities. This indicated that the inclusion of PEO does not necessarily relate to
increased porosity. One possible explanation of this could be that although the collagen
and fibroin served as carrier polymers for the PGS and conserved the microfiber
morphology, the PGS component flows during heat treatment and forms links between
fibers that were previously separated by PEO.
PFC-P2 materials were twice as thick as PFC-2 materials, even though the same
amount PFC was electrospun into both materials. This is evidence that PEO present in the
PFC-P2 materials maintains porosity. This finding opposes the water intrusion porosity
results of the material. Water intrusion porosity may be a limited method of measuring the
porosity of PFC.
Following initial experiments using a 50:50 ration of PEO:PFC, a gradient PFC-P2
material was fabricated to determine if increasing the PEO content increases the porosity
of the mats. The gradient PFC material showed differences in mass loss along the length
of the gradient, the mass loss values did not directly relate to the porosity of the materials.
SEM images of the gradient materials showed little difference in packing density.
An upper limit to the amount of PEO can be spun into PFC-P2 and was observed
at high percentages of PEO. Materials with high fractions of PEO became delaminated and
are unusable. Delamination may be a result from fibers lacking crosslinks between the
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fibers. Although interfiber links are thought to be a cause of the lack of porosity, they are
also necessary in order to fabricate a stable scaffold material.
PEO was initially chosen as a sacrificial fiber material due to ease of
electrospinning and leaching. It was necessary to leach the PEO prior to heat treatment due
to its instability at high temperatures. Future work may include the investigation of other
polymers such as PVA that can be leached from materials and also have high heat stability.

3.5. Conclusion
In prior studies, a material termed PFC was developed that showed promise for use
as an endovascular material. In this study, the PFC fabrication protocol was modified to
incorporate sacrificial PEO fibers in order to increase porosity and permit cellular
infiltration. The modified method of fabricating PFC, PFC-P2, allowed PEO to be leached
from the material, creating a scaffold with more distinct fiber morphology and higher
porosity than materials fabricated with the original PFC fabrication method. A gradient
PFC-P2 material was fabricated and had varying mass loss through the length of the
material. The modified protocol developed resulted in the production of more stable fiber
networks with small effects on increasing fibroblast infiltration.
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TABLE 3.1 FABRICATION PROTOCOLS OF ELECTROSPUN SCAFFOLDS
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FIGURE 3.1. SCHEME EMPLOYED IN CO-ELECTROSPINNING OF PFC-P2 SCAFFOLDS.
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FIGURE 3.2. MORPHOLOGY OF THE SCAFFOLDS. SCANNING ELECTRON MICROSCOPE
IMAGES OF PFC-P2, PFC-2 AND PFC-1 SCAFFOLDS AT A MAGNIFICATION OF 1000X
(SCALE BAR = 10 ΜM).
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FIGURE 3.3. FTIR SPECTRA OF PEO, PFC-P2, PFC-2 AND PFC-1
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FIGURE 3.4: WATER INTRUSION POROSITIES OF PFC-P2, PFC-2 AND PFC-1. DATA ARE
EXPRESSED AS MEAN ± SEM (*P < 0.05).
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FIGURE 3.5. CELL PROLIFERATION ON PFC-P2, PFC-2 AND PFC-1. REPRESENTATIVE
PHOTOMICROGRAPHS DEPICT A CONFLUENT LAYER ON ALL SUBSTRATES AT DAYS 7
AND 14. CELLS WERE STAINED FOR F-ACTIN PROTEIN (RED) USING RHODAMINEPHALLOIDIN AND FOR NUCLEI (GREEN) USING SYTOX ™ GREEN.
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FIGURE 3.6 CELLULAR INFILTRATION OF CELLS (3T3S) INTO PFC-P2, PFC-2 AND PFC-1.
NUCLEI WERE STAINED WITH SYTOX ™ GREEN AND SCAFFOLDS WERE VISUALIZED
USING AUTOFLUORESCENCE (SCALE BAR = 100 ΜM).
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FIGURE 3.7. THICKNESS OF PFC-P2, PFC-2 AND PFC-1. DATA ARE EXPRESSED AS MEAN ±
SEM (*P < 0.05).
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FIGURE 3.8. MASS LOSS OF SEQUENTIAL SECTIONS OF GRADIENT PFC-P2 MATERIALS.
DATA ARE EXPRESSED AS MEAN ± SEM (*P < 0.05).
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FIGURE 3.9. POROSITY OF SEQUENTIAL SECTIONS OF GRADIENT PFC-P2 MATERIALS.
DATA ARE EXPRESSED AS MEAN ± SEM (*P < 0.05).
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FIGURE 3.10. RATIO OF PEO TO PFC IN SEQUENTIAL SECTIONS OF GRADIENT PFC-P2
MATERIALS. DATA ARE EXPRESSED AS MEAN ± SEM (*P < 0.05).
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FIGURE 3.11. MORPHOLOGY OF THE SCAFFOLDS. SCANNING ELECTRON MICROSCOPE
IMAGES OF SEQUENTIAL SECTIONS OF GRADIENT PFC-P2 MATERIALS AT A
MAGNIFICATION OF 1000X (SCALE BAR = 10 ΜM).
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FIGURE 3.12 CELLULAR INFILTRATION OF CELLS (3T3S) INTO SEQUENTIAL SECTIONS
OF GRADIENT PFC-P2 MATERIALS. NUCLEI WERE STAINED WITH SYTOX ™ GREEN AND
SCAFFOLDS WERE VISUALIZED USING AUTOFLUORESCENCE (SCALE BAR = 100 ΜM).
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ABSTRACT
Poly-glycerol sebacate, silk fibroin, and type I collagen were electrospun and
crosslinked with either various concentrations of glutaraldehyde (GA) vapor or for various
times in N-(3-dimethylaminopropyl)-N-ethyl-carbodiimide hydrochloride (EDC). The
purpose of this study was to determine the impact of crosslinking on the ability of the
materials to undergo additional functionalization with covalently attached syndecan-4.
Scaffolds crosslinked with GA vapor had an average of 98% more covalently bound
syndecan-4 than scaffolds crosslinked with EDC. Proliferation of cells seeded on scaffolds
crosslinked with GA and was about 45% greater than those crosslinked with EDC. Of the
scaffolds crosslinked with GA, scaffolds crosslinked using 1.5% GA had higher amounts
of syndecan-4 than scaffolds crosslinked using 0.5%, 5% or 10% GA. Crosslinking with
1.5% GA was a favorable crosslinking condition for electrospun collagen containing
scaffolds intended for additional functionalization with protein. The broad applications of

82

this study include conjugating proteins or proteoglycans to previously crosslinked
biomaterials.
4.1. Introduction
Autologous saphenous vein is the standard material for bypassing small diameter
(< 6 mm) coronary arteries, but is subject to intimal hyperplasia, thrombosis, and
accelerated atherosclerosis. An ideal synthetic vascular graft should recapitulate the
properties of a native vessel, including the strength, viscoelasticity, support of endothelial
cell growth and proliferation, while inhibiting smooth muscle cell hyperplasia and platelet
adhesion. An additional quality of a cell free vascular graft is to attract circulating
endothelial progenitor cells (EPCs). EPCs should aid in the development of a nonthrombogenic endothelial layer and improve the long term patency of the graft.
PFC is an elastomeric, electrospun polymer composite developed and tested for use
as an endovascular scaffold material. PFC is composed of Poly (glycerol-sebacate) (PGS),
silk Fibroin, and type I Collagen. Electrospun PFC can mechanically withstand
physiological pressures, can be sutured, has minimal degradation (0.3% per week over 30
weeks), and supports endothelial tight junction formation in culture. Furthermore, PFC also
was found to be less thrombogenic than collagen scaffolds, with platelets adhering to the
material but not showing an activated phenotype.1 Our aim is to utilize the mechanical,
non-thrombogenic, and cell adhesive properties of PFC to fabricate a conduit material for
use as a small caliber blood vessel in coronary artery bypass graft surgeries. This material
potentially may be used as an “off the shelf” alternative to the current methodologies of
autologous grafting.
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In order to stabilize the structural integrity in aqueous environments, it is necessary
to crosslink collagen containing electrospun biomaterials. Glutaraldehyde (GA) vapor is a
commonly utilized method of crosslinking collagen scaffolds. Aldehyde groups in GA
react with amine groups in collagen to form links between collagen chains. GA crosslinked
scaffolds are typically exposed to glycine solution to block potentially cytotoxic unreacted
aldehydes.2
The use of 1-ethyl-3-(3-dimethylaminopropyl) carbodiimide hydrochloride (EDC)
has been shown to crosslink collagen without cytotoxicity.3 EDC crosslinking reacts the
carboxylic acid groups with amine groups present in collagen. The EDC reaction is made
more efficient by the addition of N-hydroxysuccinimide (NHS). EDC is a zero-length
crosslinker and crosslinks collagen without the EDC itself being incorporated into the
material.
Functionalization of vascular grafts involves immobilizing molecules onto the
surface of biomaterials in order to induce a specific cellular response such as improved
hemocompatibility or endothelial cell homing. In addition to being used as a crosslinking
agent, EDC is commonly used to covalently functionalize materials.4-13 In order for the
EDC conjugation to occur, molecules to be conjugated must contain either amine or
carboxylic acid groups, thus permitting conjugation with either carboxylic or amine groups
present on the biomaterial.
In the present study, syndecan-4 was selected as a model molecule to determine
how crosslinking agents impact the ability of proteins to be covalently functionalized to a
collagen containing scaffold. Syndecan-4 is a proteoglycan with a protein core and linear,
pendant, glycosaminoglycan side chains. Syndecan-4 has been shown to mediate growth
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factor signaling, including SDF-1α, a potent factor for EPC homing. The objective of this
study was to investigate the effects of glutaraldehyde and EDC on the stability,
biocompatibility, and ability of the material to undergo additional covalent
functionalization with syndecan-4.
4.2. Materials and Methods
4.2.1 Materials
Silk fibroin protein was extracted from raw silk (Haian Silk Company, Nantong, China)
using an aqueous solvent processing method according to published protocols.14 PGS
prepolymer was synthesized from glycerol (Fisher Scientific) and sebacic acid (SigmaAldrich) following published methods.15 Type I collagen from calf skin was purchased
commercially (Elastin Products Company, Inc).
4.2.2 Electrospinning of PFC fibers
Electrospun solutions were prepared using type I collagen, silk fibroin, and PGS at a mass
ratio of 4.5:4.5:1, dissolved in 1,1,1,3,3,3 hexafluoro-2-propanol (HFIP) (Sigma-Aldrich)
at a concentration of 10%. The electrospinning system consisted of a syringe pump (Baxter,
Model AS50), a high voltage generator (Gamma High Voltage Research), and an
aluminum foil collecting plate (9 cm x 9 cm). The PFC solution was ejected via an 18
gauge blunt tip syringe at a flow rate of 2 ml/hr. A 25 kV voltage was applied at a distance
of 15 cm between the collector plate and the syringe tip. Following electrospinning, the
scaffold material and collector plate was heated at 120°C for 48 h to heat polymerize the
PGS component of the PFC material.
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4.2.3 Crosslinking PFC fibers
The scaffold material and aluminum foil was cut into nine 1 cm wide strips, four of the
strips were crosslinked with various concentrations of GA vapor, four strips were
crosslinked with EDC for various times, and one strip was used as a non-crosslinked
control. For GA crosslinking, scaffolds were added to glass jars (270 cc) with a fiberglass
mesh positioned 4 cm above the bottom of the jar. GA (Sigma-Aldrich) (500 µl) was added
to the jar at concentrations of 0.5%, 1.5%, 5% and 10%. Scaffolds were crosslinked in GA
vapor for 24 hours. Scaffolds were washed with 0.02 M glycine (Sigma-Aldrich) twice for
30 minutes to inactivate unreacted aldehydes. Materials were then removed from foil, and
washed with double distilled water (ddH2O) twice for 30 minutes. For EDC crosslinking,
scaffolds were added to 15 ml glass tubes containing ethanol (Warner-Graham Company)
with 30 mM EDC (Thermo Scientific) and 6 mM NHS (Sigma-Aldrich). Scaffolds were
crosslinked for 5, 15, 30, and 60 minutes. Scaffolds were washed 3 times in 0.1 M Na2HPO4
(Fisher Scientific) for 5 minutes to terminate the crosslinking process, removed from foil,
and washed three times for 5 minutes with ddH2O. Scaffolds were air dried and stored at
room temperature in a desiccator prior to use.
4.2.4 SEM
A scanning electron microscope (JEOL) was used to determine fiber structure. Crosslinked
and non-crosslinked scaffolds were attached to SEM mounts using carbon tape and sputter
coated with gold for image analysis. All micrographs were acquired under the same
magnification, working distance, and electron beam density.
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4.2.5 FTIR
Fourier Transform Infrared Spectroscopy (FTIR) was used to characterize the presence of
specific chemical groups in the materials. Crosslinked and uncrosslinked PFC materials
were obtained as 1 mm thick scaffolds and analyzed by FTIR using transmittance mode
(Perkin Elmer). FTIR spectra were obtained in the range of wavenumber from 4000 to 650
cm-1, with 1 cm-1 resolution.
4.2.6 Mechanical Properties
Dog bone shaped pieces of material (n=3) were cut using a hydraulic press and a die
according to ASTM D412. Tensile testing were carried out using an Instron 5500R (Instron
Corporation) testing apparatus with a 100 N load cell. The starting length of the material
was 6 mm and the material was extended at a rate of 5 mm/min. Stress-strain curves were
calculated by BlueHill software program (Instron Corporation). Young’s modulus was
calculated by the slope of the elastic region of the curve. Ultimate strain was calculated as
the maximum strain value achieved by the material prior to rupture.
4.2.7 Amine Group Content
The residual amine groups present on materials was determined using 2, 4, 6trinitrobenzenesulfphonic acid (TNBSA) (Thermo Scientific). Materials were incubated in
0.25 ml of 0.01% (w/v) TNBSA in 0.1 M sodium bicarbonate (Sigma-Aldrich) for 2 h at
37° C with light shaking. After incubation, 0.25 ml 10% SDS (Sigma-Aldrich) and 0.25 ml
6 N HCl (Sigma-Aldrich) were added to each scaffold. Scaffolds were heated at 120 °C for
3 hours to dissolve the scaffolds. The absorbance was read at 335 nm was using a plate
reader (Tecan, Infinite M200). The absorbance of each scaffold (n=3) was normalized to
the dry weight of each scaffold.
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4.2.8 Syndecan-4 Immobilization on Crosslinked PFC
PFC scaffolds of each crosslinking condition were cut to fit into wells of a 96 well plates
and incubated in MES buffer (0.1 M MES (4-Morpholineethanesulfonic acid) (SigmaAldrich), 0.5 M NaCl (Fisher Scientific), pH 6.0) for 30 minutes at room temperature. The
carboxylic acid groups present in the PFC scaffolds were activated with EDC (30 mmol)
and NHS (6 mmol) in MES buffer for 30 minutes at room temperature to generate amine
reactive groups on the scaffolds. The activated scaffolds were rinsed three times in MES
buffer and incubated in 1 µg/ml syndecan-4 in phosphate buffered saline (PBS) for 2 hours
at 37°C with agitation (75 rpm). Scaffolds incubated in PBS without syndecan-4 served as
a negative control. All scaffolds were rinsed with 0.1 M Na2HPO4 to terminate the EDC
reaction and PBS (3 times each).
4.2.9 Enzyme- linked immunosorbent assay (ELISA)
ELISA was used to determine the amount of syndecan-4 immobilized on the crosslinked
PFC scaffolds. Scaffolds (n=3) were blocked overnight in a solution of 0.1% casein (wt/v)
(Sigma-Aldrich) made in PBS with 0.05% Tween-20 (v/v) (Sigma-Aldrich) (PBST). In
order to prevent non-specific binding of the secondary antibody, primary antibody (1:1000
anti-syndecan-4) (Santa Cruz Biotechnology) and secondary antibody (1:10,000 Mouse
IgG HRP) (abcam) were incubated overnight at 4°C in 0.1% w/v casein in PBST. Scaffolds
were incubated in 50 µl antibody solution for 2 hours and rinsed 3 times with PBST.
Scaffolds were incubated in 1-StepTM Ultra TMB-ELISA Substrate Solution (Thermo
Scientific) (100 µl) for 15 minutes followed by 2 N sulfuric acid (Sigma-Aldrich) (100 µl)
as a stop solution. Scaffolds were removed from the well and the absorbance of the
remaining solution was measured at 450 nm using a plate reader (Tecan, Infinite M200).
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Absorbance values of scaffolds without syndecan-4 were subtracted from the absorbance
values of scaffolds with syndecan-4.
4.2.10 Cell Compatibility
The relative number of human umbilical vein endothelial cells (HUVEC, Lonza) on
electrospun scaffolds was determined by the Cell Titer 96® AQueous One Solution Cell
Proliferation Assay (Promega). The proliferation of cells on the scaffolds can be
determined by the change in the number of cells present on the materials over time.
Electrospun scaffolds (n=4) were cut with a biopsy punch to fit 96 well plate wells. Prior
to cell seeding, scaffolds were washed with four 15 min washes of PBS and ddH2O.
Scaffolds were sterilized by two 30 min washes with 70% ethanol, two 10 min washes in
sterile PBS, two 10 minute washes in sterile ddH2O, and each side was exposed to UV light
for 15 min. HUVEC were seeded at a density of 2.5 x 103 cells/well in Endothelial Growth
Medium EGM™-2 BulletKit™ (Lonza). Media was changed every other day. At the end
of each time period (24, 48, and 72 hours) 20 µl of Cell Titer Solution Reagent was added
to each well. The plate was incubated for one hour at 37°C. After incubation, media was
removed from the scaffolds and read at 490 nm using a spectrophotometer (Tecan).
4.2.11 Statistical Analysis
Data are presented as mean +/- standard error of the mean (SEM). Differences in
mechanical properties, amine group content, and syndecan immobilization between GA
and EDC crosslinked scaffolds as overall crosslinking methodologies were determined by
independent t-tests. Differences between crosslinking times in EDC and concentrations of
GA were determined independently by one-way analysis of variance (ANOVA) with a
Tukey’s post hoc test. A two way analysis of variance with a Tukey’s post hoc test was
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utilized to determine significant differences in cell amounts over time on materials
crosslinked by GA or EDC as overall groups. Additional two way analyses of variance
were used to determined differences in cell amounts between times in EDC and
concentrations of GA. SigmaStat software was used to perform the statistical analysis.
Results of p < 0.05 were considered significant.
4.3. Results
4.3.1 PFC fiber morphology
SEM images of materials crosslinked with various concentrations of GA and various times
of EDC all show retained fiber structure after crosslinking (Figure 4.1). Concentrations of
GA as low as 0.5% were sufficient to crosslink the material as evidenced by maintenance
of fiber morphology after washing in glycine solution and ddH2O. In contrast, materials
crosslinked with EDC for 5 minutes and 15 minutes showed evidence of individual fiber
spreading and had merged fiber morphology.
4.3.2 FTIR characterization
Crosslinking of PFC using various concentrations of GA and various crosslinking times in
EDC were all successful at crosslinking the material as suggested by similar spectra
between crosslinked scaffolds as compared to non-crosslinked PFC (Figure 4.2 A).
Differences in transmittance depending on crosslinking methodology were observed at
1780-1700 cm-1, denoting the expected shift in C=O bonds (Figure 4.2 B).

4.3.3 Mechanical Properties
Stress strain curves were obtained from uniaxial tensile tests to assess the mechanical
properties of scaffolds crosslinked with each of the crosslinking types and moduli were
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calculated (Figure 4.3). Materials crosslinked with EDC had significantly lower elastic
moduli than materials crosslinked with GA (p < 0.001). Within the GA group, PFC
crosslinking with 1.5% GA had a significantly higher modulus than PFC crosslinked with
0.5% GA (p < 0.01). There were no significant differences in the moduli of PFC
crosslinked with 1.5%, 5% or 10% GA. No significant differences in maximum strain at
maximum load were observed between scaffolds (Figure 4.4).
4.3.4 Free amino acid group content
Free amino group content was used to determine the extent of crosslinking (Figure 4.5).
Within both treatment groups, increased crosslinking showed a reduction in free amine
groups. Materials crosslinked with 10% GA had significantly lower amine group content
than materials crosslinked with 0.5% GA (p < 0.05) and 1.5% GA (p < 0.05). No
differences were observed between scaffolds crosslinked with EDC for different times.
4.3.5 Syndecan-4 covalent linkage
ELISA was used to determine the amount of syndecan-4 covalently bound to the PFC
scaffolds (Figure 4.6). Within a treatment group, all scaffolds above the minimum
treatment had greater amounts of bound syndecan-4. Significant differences were observed
between treatment groups (p < 0.001). Within groups, crosslinked with GA, 0.5% GA had
a lower amount of syndecan-4 present than groups crosslinked with 1.5% GA (p < 0.001),
5% GA (p < 0.01), and 10% GA (p < 0.05) and 10% GA was lower than 1.5% GA (p <
0.05). Within scaffolds crosslinked with EDC, scaffolds crosslinked for 5 minutes had less
covalently attached syndecan-4 than scaffolds crosslinked for 15 minutes (p < 0.05) and
30 minutes (p < 0.01).
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4.3.6 Cell compatibility
Overall, the amount of cells on PFC scaffolds crosslinked with EDC was less than on
scaffolds crosslinked with GA (p < 0.001) (Figure 4.7). At 48 hours, samples crosslinked
with GA had 48% higher cell amounts than samples crosslinked with EDC. Similarly, at
72 hours, samples crosslinked with GA had 41% higher cell amounts than samples
crosslinked with EDC. There were no differences in the amount of cells present within
treatment groups.
4.4. Discussion
The objective of this study was to investigate the effects of two commonly used
crosslinking agents on the stability, biocompatibility, and ability for the newly developed
elastic endovascular material to undergo additional covalent conjugation with syndecan-4.
The results of the study indicate a higher amount of syndecan-4 was conjugated to materials
crosslinked with GA as compared to EDC. In addition, there were higher amounts of cells
present on scaffolds crosslinked with GA as compared to EDC.
Both the collagen and fibroin component of PFC have primary amine and carboxyl
groups. Lysine, an amino acid with a primary amine group, makes up 3.1% of amino acids
in collagen16 and 0.58% of amino acid in silk fibroin17. Both collagen and silk fibroin
contain amino acids with carboxylic acid side groups: glutamic acid (7.8% and 1.7%
respectively) and aspartic acid (5.1% and 2.3% respectively). Collagen contains more
reactive amino acid groups than silk fibroin, thus is capable of forming more crosslinks
than silk fibroin.
The elastic modulus of healthy coronary arteries is reported to be 1.48± 0.24 MPa
18

. All crosslinked PFC scaffolds were within physiologic ranges, with scaffolds
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crosslinked with EDC having moduli more similar to healthy vasculature. When implanted,
PFC conduits may be expected to resist aneurysmal dilatation as is typically observed in
saphenous vein grafts.
Although many investigators have studied the impact of various crosslinking agents
on the mechanical stability and biocompatibility of collagen containing scaffolds, few have
studied the impact crosslinking has on the ability to further covalently conjugate molecules
to the materials. Lee et al.11 investigated the impact of EDC crosslinking on the ability to
immobilize heparin on the surface of a gelatin/PCL electrospun biomaterial. They utilized
EDC chemistry to conjugate the carboxylic acid groups present on heparin to amine groups
present on the material. For the purpose of covalently conjugating heparin, the present
study suggests that GA crosslinking would limit the availability of free amine groups
available for further conjugation.
Heparin covalent conjugation to vascular biomaterials is a common procedure to
reduce thrombogenicity.19 In addition to rendering a material less thrombogenic, heparin
has been shown to bind a large number of growth factors both specifically and
nonspecifically and with high affinity. Although immobilizing growth factors on a vascular
graft may increase the ability to home EPCs, the high sulfation of heparin has been
attributed to intimal hyperplasia in blood vessels due to FGF sequestration and stimulation
of smooth muscle cell growth.20 In many of the studies investigating the effect of covalently
bound heparin on the ability to sequester growth factors, heparin is immobilized on the
graft surface directly, resulting in a random conformation.

4,7,11,21

The random

conformation may alter the structure of the heparin and thus change the bioactivity. This is
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evidenced by endpoint immobilization, or non-random immobilization, of heparin having
a higher anti-thrombin effect than direct immobilization.7
Syndecans are transmembrane proteoglycans (PG) with heparan sulfate (HS) side
chains.22 HS has more variety in oligosaccharide structure compared to fully sulfated
heparin and has more specific binding domains than heparin. Syndecans, along with
glypicans, account for most of the HS present on cell surfaces and vary significantly in the
structure of the HS chains.23 As compared to heparin, syndecan-4 and other HS containing
proteoglycans may be a better alternative to sequestering growth factors due to increased
growth factor binding specificity.
The core protein of syndecan-4 has primary amine groups present on both the Nterminus of the chain and also on lysine residues. HS has relatively few amine groups with
GlcNH2 residues ranging from 1.2 to 7.5% of residues depending on the HS source.24 Due
to this structure, we hypothesized that the protein chain of syndecan-4 can be attached to
the surface of PFC using EDC chemistry. In this scheme, amine groups present on
syndecan-4 can be attached to carboxylic acid groups present on available amino acid
groups in the collagen and fibroin constituents of PFC. Conjugating syndecan-4 to the
surface of PFC has the dual benefits of being a high affinity receptor for SDF-1α and the
protein core of syndecan-4 can be conjugated without, theoretically, impacting the HS
chains.
The conjugation of the syndecan protein core to PFC requires free carboxylic acid
groups on the PFC. If the material has been excessively crosslinked by EDC, the carboxylic
acid groups may be unavailable. Crosslinking with GA only impacts the amine groups
present on the PFC, therefore, any differences in the ability to conjugate syndecan-4 to GA
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fixed scaffolds can be related glutaraldehyde crosslinks blocking the reactive carboxylic
acid groups. As the degree of crosslinking increases, the availability of free amine groups
decreased. This is as expected due to both crosslinking methodologies utilizing amine
groups present in the PFC biomaterial. The loss of free amine groups was greater with
increasing concentration of GA than with increasing time in EDC. This was expected, as
GA utilizes twice the amount of amine groups as EDC for the same number of crosslinks.
Overall, more syndecan was able to be conjugated to materials crosslinked with GA than
with EDC. Again, this was expected due to the theoretically higher amount of carboxylic
acid groups present on scaffolds conjugated with GA than EDC. If the covalent
modification scheme was reversed and the amine groups on the PFC were utilized for
binding, as is the case for heparin conjugation, it would be expected that more heparin
would be conjugated to the PFC scaffolds crosslinked with EDC, due to the increased
availability of free amine groups.

Although only PFC was investigated in this

study, broader applications include the use of other proteins or proteoglycans covalently
conjugated to previously crosslinked biomaterials.
4.5. Conclusion
The use of various concentrations of GA vapor and various times of crosslinking
using carbodiimide linking were investigated for use as crosslinking agents for an elastic
endovascular biomaterial composed of electrospun collagen, PGS, and silk fibroin. It was
observed that all crosslinking methods resulted in retained fiber morphology and had
mechanical properties within physiological ranges. As crosslinking time/concentration
increased the availability of reactive amine groups decreased. Scaffolds crosslinked with
GA vapor had an average of 98% more covalently bound syndecan-4 than scaffolds
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crosslinked with EDC. In addition, materials crosslinked with GA showed, on average,
45% higher cell viability as compared to materials crosslinked with EDC. Within the GA
treatment group, materials crosslinked with 1.5% GA showed the most promise for use in
developing scaffolds intended for use in further bioconjugation applications.
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FIGURE 4.1. SCANNING ELECTRON MICROGRAPHS OF ELECTROSPUN FIBERS BEFORE
AND AFTER CROSSLINKING WITH EDC FOR 5, 15, 30 OR 60 MINUTES OR GA VAPOR AT
CONCENTRATIONS OF 0.5%, 1.5%, 5% OR 10%.
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FIGURE 4.2. FTIR SPECTRA OF PFC SCAFFOLDS CROSSLINKED USING DIFFERENT
CONCENTRATIONS OF GA VAPOR OR DIFFERENT TIMES IN EDC: A SPECTRA FROM 4000
TO 400, B SPECTRA FROM 1780 TO 1700.
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FIGURE 4.3. MODULUS OF PFC SCAFFOLDS AFTER CROSSLINKING WITH GA VAPOR AT
CONCENTRATIONS OF 0.5%, 1.5%, 5% OR 10% OR EDC FOR 5, 15, 30 OR 60 MINUTES.
DATA ARE EXPRESSED AS MEAN ± SEM (*P < 0.05).
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FIGURE 4.4. STRAIN OF PFC SCAFFOLDS AFTER CROSSLINKING WITH GA VAPOR AT
CONCENTRATIONS OF 0.5%, 1.5%, 5% OR 10% OR EDC FOR 5, 15, 30 OR 60 MINUTES.
DATA ARE EXPRESSED AS MEAN ± SEM.
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FIGURE 4.5. AMINE GROUP CONTENT ON PFC SCAFFOLDS AFTER CROSSLINKING WITH
GA VAPOR AT CONCENTRATIONS OF 0.5%, 1.5%, 5% OR 10% OR WITH EDC FOR 5, 15, 30
OR 60 MINUTES. DATA ARE EXPRESSED AS MEAN ± SEM (*P < 0.05).
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ABSTRACT
Promoting endothelialization of cell-free vascular grafts is critical for establishing
a non-thrombogenic functional surface. PFC, an electrospun material comprised of poly
(glycerol) sebacate (PGS), silk fibroin and type I collagen, was previously shown to have
mechanical, cell adhesive, and non-thrombogenic properties appropriate for a small
diameter vascular graft. The purpose of this study was to functionalize PFC with stromal
derived factor-1α (SDF-1α)/CXCL12, a growth factor shown to aid in the recruitment of
endothelial progenitor cells (EPCs) through the use of syndecan-4, the high affinity
receptor for SDF-1α. A secondary goal was to investigate EPC recruitment to the
functionalized material. Syndecan-4 was saturated to the PFC surface at 0.8 μg Syndecan4/cm2 PFC. PFC with syndecan-4 bound 4.8 fold more SDF-1α compared to PFC alone.
SDF-1α saturated the surface of the PFC/syndecan-4 at 1.2 μg SDF-1α /cm2 PFC. At 7
days, significantly more EPCs were associated with material having both syndecan-4 and
SDF-1α compared to PFC, PFC with only syndecan-4 or on PFC with SDF-1α. Taken
together, this study demonstrates that EPCs can adhere to PFC material through syndecan4/growth factor/ligand binding. The use of syndecan-4 with a multiplicity of binding sites
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with affinity for SDF-1α may serve as an ideal procedure to attract and expand EPCs on a
variety of scaffold materials.

5.1. Introduction
PFC is an elastic polymer composite developed and tested in the Wake Forest
School of Medicine Plastic and Reconstructive Surgery Research Program that holds
promise as a material for small diameter vascular grafts. PFC is an electrospun material
composed of poly (glycerol-sebacate) (PGS), silk fibroin, and type I collagen. Electrospun
PFC is strong enough to withstand physiological pressures, is able to be sutured, has
minimal degradation, and supports endothelial monolayer formation in culture.1 PFC was
also found to be less thrombogenic than collagen mats, with platelets adhering to the
material but not showing an activated phenotype. The aim of this study was to utilize the
mechanical, non-thrombogenic, and cell adhesive properties of PFC to fabricate a conduit
material for use as a blood vessel in coronary artery bypass grafting surgeries. This
synthetic material would be used as an “off the shelf” alternative to the current
methodologies of autologous grafting.
One strategy for developing tissue engineered blood vessels includes establishing
an endothelium prior to implantation. Studies have shown that cells harvested from a
patient can be expanded ex vivo and seeded onto engineered grafts prior to surgery.2, 3 These
grafts would have a non-thrombogenic endothelial layer but are limited in their clinical
applicability due to high cost, time intensity and lack of approval by the United States Food
and Drug Administration. An alternative approach is the use of biofunctional cell-free
grafts. These grafts would be implanted without cells and attract circulating stem cells to
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endothelialize the grafts, negating the need to pre-seed the grafts.4 Endothelial progenitor
cells (EPCs) are bone marrow derived stem cells that have been shown to localize to cell
free grafts and differentiate into endothelial cells.5-8 An ideal cell free graft would
selectively home EPCs to accelerate the formation of an endothelial monolayer in vivo.
The cytokine stromal derived factor-1α (SDF-1α)/CXCL12 has been shown to
localize EPCs to areas of ischemia by binding to the CXCR4 receptor.9 Methods of
including SDF-1α onto vascular grafts include heparin functionalization of the grafts and
incubating the grafts in SDF-1α10-12, coating the grafts with fibronectin and then incubating
the grafts in SDF-1α 13, 14, and coating grafts in heparin coacervate doped with SDF-1α15.
Although these materials have shown promise in binding SDF-1α, non-covalent coatings
may not be resilient in vascular flow conditions. Additionally, heparin functionalization
has received scrutiny for non-specific binding of cytokines potentially leading to
accelerated intimal hyperplasia.16
Syndecans are single pass transmembrane proteoglycans consisting of a core
protein with pendant heparan sulfate glycosaminoglycan side chains.17 As an intact
transmembrane protein, syndecan-4 is involved in signaling pathways involved in cellular
proliferation, migration, mechanotransduction, and endocytosis18. The extracellular
domain of syndecan-4 includes heparan sulfate side glycosaminoglycan chains which have
been shown to facilitate the binding of SDF-1α to the CXCR4 receptor19. Syndecan-4 has
been proposed to aid in the repair process after cardiovascular injury through interactions
with angiogenic factors.20,

21

Unlike heparin, syndecan-4 is a normal component of

endothelial and smooth muscle cell surfaces. Syndecan-4 was chosen as a linking molecule
for SDF-1α in order to mimic the structure and function of native arteries.
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In this study, PFC was covalently functionalized with the extracellular domain of
syndecan-4 in order to investigate its ability to bind SDF-1α and aid in the recruitment of
EPCs.

5.2. Materials and Methods
5.2.1 Materials
Silk fibroin protein was extracted from raw silk (Haian Silk Company, Nantong,
China) using an aqueous solvent processing method according to published protocols.22
PGS prepolymer was synthesized from glycerol (Fisher Scientific) and sebacic acid
(Sigma-Aldrich) following published methods.23 Type I collagen from calf skin was
purchased commercially (Elastin Products Company, Inc).
5.2.2 Electrospinning of PFC fibers
Electrospun solutions were prepared using type I collagen, silk fibroin, and PGS at
a mass ratio of 4.5:4.5:1 and were dissolved in 1,1,1,3,3,3-hexafluoro-2-propanol (HFIP)
(Sigma-Aldrich) at a 10% w/v ratio. The solution was loaded into a 5 ml syringe with an
18 gauge blunt tip needle, and affixed to infusion pump (Baxter, AS50) and ejected at a
rate of 2 ml/hr. A voltage of 25 kV was applied at a distance of 18 cm between the syringe
tip and the collector mandrel. A custom built electrically-grounded aluminum mandrel was
(25 mm diameter, 75 mm length) rotated at a speed of 60 rpm. The grounded mandrel was
vertically oscillated a distance of 8 cm at a speed of 60 cm/min by a custom motorized
electrically non-conductive polycarbonate lab jack (Poly-Jacque) A total of 3.5 ml of
solution was electrospun onto the mandrel, resulting in scaffolds with a thickness of 1 mm.
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The electrospun fabricated scaffold was removed from the mandrel and heated at 120°C
for 48 hours to heat polymerize the PGS component. The material was then exposed to
1.5% glutaraldehyde vapor (Sigma-Aldrich) for 24 hours and subsequently washed in 0.02
M glycine solution for 1 hour to block unreacted aldehydes.
5.2.3 Covalent Linkage of Syndecan-4 to PFC scaffolds
PFC scaffolds were cut to fit to 96 well plates (0.125 cm2) and either adsorbed or
covalently linked with syndecan-4. The extracellular domain of mouse myeloma cell line
NS0-derived recombinant human syndecan-4 was purchased from R&D Systems. For
adsorption, scaffolds were incubated with 0.8 µg syndecan-4/cm2 PFC in PBS (50 µL, 2
µg syndecan-4/mL PBS) for 2 hours at 37°C with agitation. For covalent bonding, scaffolds
were incubated in 2-morpholinoethane sulfonic acid (MES) (Sigma-Aldrich) buffer (0.5 M
NaCl, 0.1 M MES, pH 6) for 30 minutes at room temperature. Scaffolds were then
incubated in MES buffer with 30 mmol 1-ethyl-3-(3-dimethylaminopropyl) carbodiimide
(EDC) (Thermo Scientific) and 6 mmol N-hydroxysuccinimide (NHS) (Sigma Aldrich) for
30 minutes at room temperature followed by rinsing with MES buffer to activate the
carboxyl groups present on the PFC. Scaffolds were incubated in 0.8 µg syndecan-4/cm2
PFC in PBS (50 µL, 2 µg syndecan-4/mL PBS) for 2 hours at 37°C with agitation. To
deactivate unreacted EDC, scaffolds were washed with 0.1 M Na2HPO4 and PBS (3 times
each). For the balance of this report, PFC material with covalently added syndecan-4 will
be referred to as PFCSYN
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5.2.4 ELISA Assay
Scaffolds (n=4) were added to wells of a 96 well plate, rinsed with PBS, and
blocked with 0.1% casein (Sigma Aldrich) in PBST (PBS + 0.05% Tween® 20) overnight
in at 4 °C. Wells were incubated with primary antibody mouse IgG anti-syndecan-4 (Santa
Cruz) (1:1000) diluted in 0.1% casein in PBST for 2 hr at room temperature. Samples were
rinsed with PBS with 0.05% Tween-20 and incubated with HRP – anti mouse IgG
secondary antibody (abcam) (1:10,000) diluted in 0.1% casein in PBST. HRP substrate
3,3',5,5'-tetramethylbenzidine (TMB) (Thermo Scientific) was added for 30 minutes and
the reaction was quenched with 2 M sulfuric acid (Sigma-Aldrich). Materials were
removed from wells and the absorbance remaining solution was read at 450 nm with a plate
reader.
5.2.5 Saturation Kinetics of Syndecan-4 on PFC
Scaffolds (n=2) were incubated with an increasing amount of syndecan-4 during
functionalization. The amount of syndecan was determined by ELISA as described
previously. Saturation kinetics was determined by plotting ELISA data as a Langmuir
adsorption isotherm. Assumptions were that (1) syndecan-4 has high affinity to the PFC
(2) the PFC surface has a specific number of sites where the solute molecules can be
adsorbed (3) the adsorption involves only one monolayer of syndecan-4 on the PFC
material.
5.2.6 Morphology of electrospun fibers
A scanning electron microscope (JEOL) was used to determine fiber structure of
PFC, PFCSYN, and PFC after having undergone exposure to NHS/EDC. Fibers were
attached to SEM mounts using carbon tape and sputter coated with gold for image analysis.
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All micrographs were acquired under the same magnification, working distance, and
electron beam density.
5.2.7 SDF-1α+ Syndecan-4 ELISA
PFCSYN was fabricated with 0.8 µg syndecan-4/cm2 PFC as described previously.
After scaffolds (n=3) were rinsed in Na2HPO4 and PBS, scaffolds were added to 0.8 µg
SDF-1α/cm2 PFC (R&D Systems) in PBS (50 µL, 2 µg syndecan-4/mL PBS). Scaffolds
were incubated with SDF-1α for 2 hours at 37°C with agitation. Scaffolds were then rinsed
3 times with PBS. To determine saturation concentration of SDF-1α on PFCSYN, scaffolds
were incubated with increasing concentrations of SDF-1α. SDF-1α amounts were
determined by ELISA as described above, using mouse IgG anti-SDF-1α (1:100) (R&D
Systems) as the primary antibody and using HRP anti- mouse IgG (abcam) (1:10,000) for
the secondary antibody.
5.2.8 Cell Culture
Bone Marrow Derived CD34+ cells (ATCC) were cultured on fibronectin (SigmaAldrich) coated (1 µg/cm2) flasks using complete Endothelial Cell Basal Media (ATCC)
supplemented with Endothelial Cell Growth Kit VEGF (ATCC) (except hydrocortisone),
supplemented with 10% FBS and 1% penicillin-streptomycin. After 4 days, non-adherent
cells were removed. At 7 days, cell colonies appeared. Cells were trypsinized and replated
to distribute colonies. Cells were subcultured at 80% confluency.
5.2.9 Cell Characterization
Cells were characterized by immunofluorescent staining of CXCR4. Cells were
plated in wells of a fibronectin coated 24 well plate at a density of 5,000 cells/cm2 incubated
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in 500 μl culture medium at 37°C for 24 hours. Cells were fixed in 4% paraformaldehyde
for 40 minutes, blocked with 1% BSA overnight at 4°C, incubated with rabbit anti-CXCR4
(Thermo Scientific) (1:200) primary antibody for 45 minutes at 37°C, and incubated with
AlexaFluor 488 goat anti-rabbit IgG (abcam) (1:400) secondary antibody for 45 minutes at
37°C. Nuclei were counterstained with DAPI.
5.2.10 Cell Adhesion
CD34+ cells were suspended in basal media + 1% penicillin-streptomycin and
10,000 cells were seeded in low attachment 24 well plates. Scaffolds (PFC, PFCSYN,
PFC/SDF-1α, and PFCSYN /SDF-1α) were added to wells (n=4). Syndecan-4 was added to
scaffolds at 0.8 µg syndecan-4/cm2 PFC. SDF-1α was added to scaffolds at 250 ng per
scaffold. On days 4 and 7 scaffolds were removed from culture and bisected by razor blade
for analysis.
5.2.11 Pico Green
One half of each scaffold was analyzed for DNA content and normalized to wet
weight. Scaffold was placed in 250 µL cell lysis solution (0.2% v/v Triton X-100, 10mM
Tris pH 7.0, and 1 mM EDTA) for 30 minutes on ice and vortexed 3 times for 10 seconds
each. Cell lysis solution was placed in 1.5 ml tubes. Double stranded DNA content of
lysates were quantified with Quant-iT PicoGreen dsDNA kit (Invitrogen) according to
manufacturer’s instructions. Briefly, cell lysate was diluted 10x in TE buffer. DNA
standards were diluted in 9:1 TE Buffer: cell lysis solution. Samples and standards (100
µl) were added to a black bottom 96 well plate. PicoGreen® reagent (100 µl) was added to
each of the wells. The plate was covered with foil and mixed on a shaker plate for 5
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minutes. The plate was read at excitation: 460 nm, emission: 540 nm. The amount of DNA
was calculated from the standard curve and normalized to wet weight of scaffold.

5.2.12 Cell Morphology
One section of each scaffold was fixed in 4% paraformaldehyde (PFA) in PBS for
45 minutes at room temperature. Scaffolds were rinsed 3 times in PBS for 5 minutes each.
Scaffolds were dehydrated through a graded alcohol series. Scaffolds were chemically
dried with a graded series of hexamethyldisilazane (HMDS) in ethanol. Samples were
mounted on specimen stubs and sputter coated with gold for image analyses.
Representative images of cells on scaffolds were obtained at 850x magnification.
5.2.13 Statistical analysis
All quantitative data are presented as mean ± standard error of the mean (SEM).
Statistical comparisons were determined by Student’s t-test for studies with two
comparisons or analysis of variance (ANOVA) for studies with multiple comparisons. If
significant effects were determined, a Tukey’s post hoc test was utilized to identify
significant differences between individual means. Results of p < 0.05 were considered
significant.

5.3. Results
5.3.1 Functionalization of PFC with Syndecan-4
To determine the ability to covalently add syndecan-4 to PFC scaffolds, scaffolds
were functionalized via passive adsorption or covalent linking with carbodiimide
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crosslinker chemistry. The presence of syndecan-4 was confirmed on the material by
ELISA analysis. There was 12 fold more syndecan-4 detected on PFC material after
covalent linkage than on material adsorbed with syndecan-4 (p < 0.01) (Figure 5.1).
In order to determine the saturation of syndecan-4 on PFC material, PFC mats were
conjugated with various concentrations of syndecan-4 during crosslinking. Saturation of
the material was calculated to be 0.8 µg syndecan-4/cm2 PFC (Figure 5.2). This
concentration was used for further experiments involving SDF-1α adsorption.
PFC mats were observed by SEM at several magnifications to determine if
covalently binding syndecan-4 to PFC modified fiber morphology. Covalently adding
syndecan-4 or exposing material to NHS/EDC had no effect on fiber morphology (Figure
5.3).
5.3.2 Adsorption of SDF-1α on PFCSYN scaffolds
PFCSYN was investigated for the ability to bind SDF-1α. SDF-1α was adsorbed onto
PFC scaffolds functionalized with syndecan-4 and compared to non-functionalized PFC.
There was a 4.7 fold increase in SDF-1α adsorbed to material conjugated with syndecan-4
compared to material without syndecan-4 (p < 0.01) (Figure 5.4).
In order to determine the saturation of SDF-1α on PFCSYN, PFC mats were
conjugated 0.8 µg syndecan-4/cm2 PFC during crosslinking before being exposed to
various concentrations of SDF-1α. Saturation of SDF-1α on the PFC material occurred at
1.2 µg SDF-1α /cm2 PFC (Figure 5.5).
5.3.3 EPC characterization and interactions with PFC functionalized with Syndecan-4 and
SDF-1α
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EPCs were first characterized for CXCR4 expression. Fluorescent images of EPCs
confirmed that cells displayed the CXCR4 receptor for SDF-1α (Figure 5.6). The
interaction of EPCs with functionalized PFC material was determined by an in vitro
adhesion assay. Previous work with SDF-1α demonstrated that bioactivity and EPC
homing occurred at concentrations on the order of 100 ng SDF-1α/cm2 material. For this
reason, 250 ng SDF-1α /cm2 PFC was selected as the concentration of SDF-1α adsorbed to
the scaffolds. Cells were cultured in serum free media to minimize any effects of cytokines
in the serum. There was a significant increase in numbers of EPCs on syndecan-4
functionalized material as compared to materials without syndecan-4 functionalization (p
< 0.01). Within the sub-group of material functionalized with syndecan-4, there was a
significant increase in cells on material with SDF-1α as compared to materials without the
growth factor (p < 0.05). Similarly, in the subgroup of material with SDF-1α, a significant
increase in cells was observed on material functionalized with syndecan-4 as compared to
material without syndecan-4 (p < 0.01) (Figure 5.7).
At 7 days, scaffolds were fixed and imaged by SEM to determine EPC morphology.
When examined at low magnification, relative cell numbers on scaffold corresponded to
DNA amounts, with more EPC cells observed on scaffolds with both syndecan-4 and SDF1α than all other conditions (data not shown). When examined at 850x magnification, all
cells on scaffolds with syndecan and SDF-1α had a partially spread morphology (Figure
5.8). Cells present on all other scaffolds had similar morphology and were present in few
numbers.
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5.4. Discussion
There is ongoing research in the area of functionalizing cardiovascular biomaterials
with the intention of decreasing thrombogenicity. The polysaccharide heparin is commonly
conjugated to the surface of cardiovascular biomaterials to reduce thrombogenicity.24
Heparin is a highly sulfated linear polysaccharide synthesized and found primarily in mast
cells.25 Heparin has been used clinically as an anticoagulant due to it having a specific
pentasaccharide sequence within the structure which binds and activates antithrombin.25
Materials such as Dacron® and ePTFE grafts have been covalently modified with heparin
in order to increase the blood compatibility of the materials.26, 27 The interactions of heparin
and growth factors have been utilized as a method of immobilizing growth factors onto
scaffolds to protect them from degradation and sustain their delivery. Heparin has been
conjugated to collagen sutures to sustain delivery of PDGF-BB28, into hydrogels and
nanoparticles for tissue engineering and drug delivery applications29, and onto vascular
grafts to recruit circulating stem cells10. An adverse reported effect is that coating vessels
with heparin may also stimulate restenosis by sequestering growth factors that promote
smooth muscle cells proliferation.16
In physiological conditions, heparin, a specialized product, is found primarily in
mast cells, whereas heparan sulfate is present as a cell surface and ECM constituent.
Differences in degree of sulfation between heparin and heparan sulfate have been
suggested to be directly responsible for differences in function.30 During synthesis, heparan
sulfate is incompletely sulfated compared to heparin, thus providing more diversity in
chemical structure and more variety in oligosaccharide composition. It is found on the cell
surface and in the extracellular matrix of most tissues as a proteoglycan. One function of
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heparan sulfate proteoglycans is to sequester growth factors and maintain gradients of
chemokines necessary for providing directional cues for cells.
Compared to heparin, heparan sulfate functionalization represents a more
physiological method of immobilizing growth factors due its presence on native tissue.
Similar to heparin, groups have investigated the use of heparan sulfate to harbor growth
factors. Heparan sulfate conjugated onto meshes has been shown to bind fibroblast growth
factor (FGF) and support endothelial stem cell differentiation.31 Heparan sulfate also has
been shown to play a critical role in SDF-1α induced myoblast adhesion and migration.32
A limitation of functionalizing biomaterials with heparan sulfate, as well as heparin, is that
the covalent linkage may impact the structure and therefore function of heparan sulfate.33,34
By linking larger molecules such as heparan sulfate proteoglycans to biomaterials, specific
domains on the protein can be targeted for covalent linkage, leaving the heparan sulfate
side chains unaffected.
In addition to the glycosaminoglycan chains, proteoglycans containing heparan
sulfate have been explored as molecules that can influence the behavior of cells when
covalently conjugated to biomaterials. Due to these proteoglycans having a central protein
core and pendant heparan sulfate side chains, the covalent linkage can be designed to
specifically target the protein core while leaving the oligosaccharides of heparan sulfate
chains available to interact with growth factors. Rnjak-Kovina et al. reported that silk
biomaterials functionalized with the domain V of perlecan supported endothelial cell
adhesion and spreading and was anti-adhesive for platelets.35 Perlecan was also found to
increase FGF binding.36 Additional studies conducted by Lord et al. found that perlecan
from endothelial cells and smooth muscle cells differed in the expression of

119

glycosaminoglycan chains and thus possess different signaling capabilities due to
differences in oligosaccharide sequences.37
The objective of this study was to attract endothelial progenitor cells to PFC by
binding the cytokine SDF-1α to syndecan-4, a heparan sulfate proteoglycan. The main
findings of this investigation are that syndecan-4 is able to be covalently attached to PFC
material, SDF-1α has significantly greater adherence to PFC material with syndecan-4, and
EPCs had increased adherence to PFC material with both syndecan-4 and SDF-1α.
In this study, NHS/EDC covalent linkage was utilized to link the carboxylic acid
groups present on PFC to the amines present on the protein core of syndecan-4. In this
scheme, NHS facilitates the addition of EDC to carboxylic acid. Upon exposure to an
amine group, EDC links the carboxylic acid group to the amine group.38
A common method of functionalizing heparin and heparan sulfate oligosaccharides
to biomaterials involves functionalizing the carboxylic acid groups present on the
molecules, and conjugating them to an amine containing biomaterial.10,

39, 40

This is

accomplished by exposing the biomaterial to a solution of MES buffer with NHS/EDC and
heparin. This method of conjugation may result in interchain linkage as well as the blocking
of binding sites present on the heparin. (Figure 5.9 A)
The protein core of syndecan-4 contains lysine amino acids which has a primary
amine. The heparan sulfate groups contain few amine groups.41 A one-step addition scheme
of adding an amine containing biomaterial to a solution of MES buffer with NHS/EDC and
syndecan-4 may result in nonspecific covalent linkages. Linkages may occur between the
amine groups present on the biomaterial with the carboxylic acid groups on the heparan
sulfate, linkages between carboxylic acid groups present on the biomaterial with the amine
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groups on the protein chain, as well as linkages within and between heparan sulfate chains.
This nonspecific binding may block the binding sites on the heparan sulfate chains. (Figure
5.9 B)
In order to prevent non-specific binding, the biomaterial can first be exposed to
NHS/EDC in order to bind to the carboxylic acid groups on the biomaterial. After rinsing
the material, adding syndecan-4 should allow only the amine groups present on the
biomaterial to covalently link with the EDC, preventing any binding within the heparan
sulfate chains. This may permit the heparan sulfate chains to be exposed in a more
physiologic manner and would increase the ability for growth factors to interact with the
heparan sulfate chains (Figure 5.9 C).
Syndecan-4 has been reported to be a high affinity receptor for SDF-1α and plays
a key role in cell signaling upon binding SDF-1α.19 SDF-1α on heparan sulfate
immobilized scaffolds was shown to home smooth muscle progenitor cells and EPCs.10
SDF-1α was also shown to immobilize EPCs when the SDF-1α was immobilized using a
coacervate.15 Syndecan-4 can be tethered to PFC by covalently linking to the protein core.
This design represents a more physiological and specific method for sequestering SDF-1α
than utilizing heparan sulfate or heparin alone.
Although the material saturated with SDF-1α on the order of 1 µg SDF-1α/cm2
PFC, cell experiments were carried out with a growth factor concentration of 250 ng SDF1α/cm2 PFC. This concentration was chosen as previous studies have shown that it is
adequate for the homing of EPCs. Increased cell adhesion and growth may be observed
with increasing amounts of SDF-1α. In this study cell experiments were carried out in a
static environment as a proof of concept. In future studies looking at homing EPCs in
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physiologic flow conditions, the amount of SDF-1α may need to be optimized. We have
shown that the amount of SDF-1α attached to PFCSYN can be increased by approximately
five fold compared to levels tested in this study.
It is well characterized that SDF-1α directs cells to areas of ischemia through
chemotactic gradients but it is not well known if the SDF-1α/CXCR4 axis alone is
responsible for mediating EPC homing and attachment.42 It is thought that additional
integrin or selectin binding may be necessary to anchor the cells to the endothelium,
especially in blood flow. Liu et al. found that SDF-1α induces expression of e-selectin in
both activated luminal endothelial cells and on EPCs, and this “double-lock” mechanism
enhances selective EPC homing.43 In this case, activated endothelial cells would be
necessary in order to home EPCs. Under this scheme, EPCs would have no way of binding
to cell free grafts in the absence of e-selectin and e-selectin ligands. Fujita et al. found that
SDF-1α activated cell surface integrins in a CXCR4 independent manner.44 RGD binding
integrins α5β1, α6β1, αvβ3 and αvβ5 are key regulators of EPC adherence.45 Similarly,
Thakar et al. found that RGD ligands, in addition to SDF-1α and heparan sulfate, enhanced
cell spreading and motility of muscle progenitor cells.32 These cells also adhered and
spread when plated on materials without the RGD peptide but not to the same degree as
materials with the RGD ligand. This gives evidence that the RGD ligand may not be critical
to EPC adhesion. In support of this, Lee et al. showed that in absence of integrins or
selectins, endothelial progenitor cells are able to adhere to SDF-1α laden scaffolds in
vitro.15
In the case of PFC, RGD specific ligands may be available in the collagen
component of PFC. Cells bind to tropocollagen through specific collagen binding integrins
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α2β1 and α1β1. When dissolved in HFIP, the collagen denatures46 and cryptic RGD amino
acid sequences become available for binding.47 These binding groups may be blocked from
binding by the PGS component or the syndecan-4 linkage.
When EPC cells were cultured on fibronectin coated tissue plastic flasks in
complete media, cells had a spread, spindle-like morphology. This differed from the cells
on all PFC scaffolds after 7 days in culture in basal media. Cells on PFC showed a less
spread morphology. There were higher amounts of cells on PFC functionalized with
syndecan and SDF-1α supporting the hypothesis that cells can adhere to PFC material through
SDF-1α/CXCR4 binding. Other molecules associated with cell adherence, such as fibronectin,
may be required to permit extensive cell spreading. Further work may investigate the impact of
functionalizing PFC with cell adhesion- related proteins along with syndecan-4 and SDF-1α.

Although e-selectin is not present on the functionalized graft, the adherence of
EPCs to the material through CXCR4/SDF-1α binding may allow for the adherence of
cells. These cells would express e-selectin and may then cause an exponential increase in
cell adhesion through the simultaneous effects of both SDF-1α present on the scaffold and
e-selectin present on the endothelial cells. Further studies may be carried out to elucidate
the method of binding of EPCs to functionalized PFC and increase the binding by
increasing integrin adhesion.
This study is novel in that it utilizes syndecan-4 to immobilize the SDF-1α. We
have shown that it is possible to covalently link syndecan-4 to PFC. Additionally we were
able to immobilize SDF-1α and increase the adhesion and growth of EPCs.
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5.5. Conclusion
The goal of the study was to functionalize PFC material to home circulating stem
cells once the PFC is surgically implanted into the bloodstream. Results of the study
demonstrate that syndecan-4 can be covalently linked to the PFC scaffold material. This
functionalization provides a 4.8 fold increase above non-functionalized materials in the
ability of the material to sequester the growth factor SDF-1α. The study provides a
procedure for the binding SDF-1α to biomaterials through use of syndecan-4. The findings
of this study provide useful information for the rational design of protocols for harboring
growth factors on biomaterials through the use of covalently bound proteoglycans.
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FIGURE 5.1. PFC WITH ADSORBED OR COVALENTLY LINKED SYNDECAN-4 DETECTED
ON PFC MATS CROSSLINKED WITH 1.5% GLUTARALDEHYDE. BARS REPRESENT MEANS
AND LINES REPRESENT SEM. BRACKETED BARS ARE SIGNIFICANLY DIFFERENT (P
<0.05).
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FIGURE 5.2. SATURATION OF SYNDECAN-4 ON PFC CROSSLINKED WITH 1.5%
GLUTARALDEHYDE. SQUARES REPRESENT MEANS AND LINES REPRESENT SATURATION
CURVE WAS CALCULATED BY A LANGMUIR ADSORPTION ISOTHERM.

Data tabulated to aid in visualizing SEM:
Syndecan-4
[μg/cm2]

A 450 nm

0.00

0.00±0.01

0.40

0.63±0.02

0.80

0.99±0.03

1.60

1.20±0.03

2.40

1.37±0.00

3.20

1.40±0.18
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FIGURE 5.3. SCANNING ELECTRON MICROGRAPHS OF PFC MATS CROSSLINKED WITH
1.5% GLUTARALDEHYDE AND SUBSEQUENTLY TREATED WITH NHS/EDC OR PFC SYN
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FIGURE 5.4. ELISA ANALYSIS OF SDF-1Α ADSORBED ON PFC MATS WITH AND WITHOUT
SYNDECAN-4. BARS REPRESENT MEANS AND LINES REPRESENT SEM. BRACKETED BARS
ARE SIGNIFICANLY DIFFERENT (P <0.05).
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FIGURE 5.5. SATURATION KINETICS OF SDF-1Α ON PFC SYN .
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FIGURE 5.6. A)CXCR4 EXPRESSION OF EPCS. GREEN STAINING REPRESENTS CXCR4 AND
BLUE REPRESENTS NUCLEI. B) NEGATIVE CONTROL STAINING WITHOUT ANTI-CXCR4
ANTIBODY. SCALE BARS = 100 µM.
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FIGURE 5.7. QUANTIFICATION OF EPCS ON PFC SCAFFOLDS WITH SYNDECAN-4 (SYN)
AND SDF-1Α (SDF). BARS REPRESENT MEANS AND LINES REPRESENT SEM.

Overall:
Within + Syn:
Within + SDF:

Three Way ANOVA
+ Syn vs. – Syn
+SDF vs. – SDF
+ Syn vs. – Syn
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p < 0.01
p < 0.05
p < 0.01

FIGURE 5.8. REPRESENTATIVE SEM IMAGE OF EPCS CULTURED ON PFC SCAFFOLDS
WITH SYNDECAN-4 AND SDF-1Α AFTER 7 DAYS OF CULTURE.
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FIGURE 5.9 SCHMATIC OF BINDING OF SYNDECAN-4 WITH PFC MATERIALS A. ONE-STEP
NHS/EDC CONJUGATION WITH CARBOXYLIC ACID CONTAINING HEPARAN SULFATE
CHAINS (PURPLE) COVALENTLY LINKED WITH AMINE CONTAINING BIOMATERIAL
(PINK). B. ONE-STEP NHS/EDC CONJUGATION WITH CARBOXYLIC ACID CONTAINING
HEPARAN SULFATE CHAIN CONTAINING SYNDECAN-4 GROUPS (PURPLE AND ORANGE)
ARE COVALENTLY LINKED WITH AMINE CONTAINING BIOMATERIAL. C. TWO-STEP
NHS/EDC CONJUGATION WITH AMINE CONTAINING CORE PROTEIN OF SYNDECAN-4
(ORANGE) IS COVALENTLY LINKED WITH CARBOXYLIC ACID CONTAINING
BIOMATERIAL.
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: Conclusions and Recommendations for Future Work
6.1. Conclusion
The goal of this work was to fabricate a functionalized composite vascular graft
material that would allow for cellular infiltration into the scaffold and speed the
development of an endothelium.
The first approach to optimize the vascular graft material was to design a protocol
to fabricate a more porous PFC material with the goal of facilitating cellular infiltration.
The purpose of this study was to determine the relationship between mass loss of sacrificial
PEO fibers, scaffold porosity, and the ability of cells to seed and infiltrate PFC.

In support of Aim 1, the main findings are:
•

Altering the published fabrication method of PFC to support the leaching of
sacrificial fibers provided a scaffold material with more stable and consistent fiber
morphology.

•

Mass loss did not correlate with water intrusion porosity.

•

Cell attachment was observed in all scaffolds with moderate cell infiltration at high
porosity.

•

An improved protocol for PFC production utilizing sacrificial fibers demonstrated
a moderate increase in cellular infiltration.

The second approach to optimize the vascular graft material was to investigate if
the original crosslinking methodology was in fact most favorable, with the added goal of
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maximizing the amount of molecules able to be conjugated to the surface of the material.
In this aim, syndecan-4 was chosen as the model protein to add to the material.

In support of Aim 2, the main findings are:
•

All crosslinking conditions preserved fiber morphology

•

As crosslinking time/concentration increased, the availability of reactive amine
groups decreased

•

Cells grown on materials crosslinked with glutaraldehyde had higher proliferation
than those crosslinked with EDC/NHS

•

Materials crosslinked with glutaraldehyde had increased immobilization of
syndecan-4 as compared to EDC/NHS

•

Overall, 1.5% glutaraldehyde was the optimum crosslinking condition

The third aim was to utilize the optimized crosslinking method to increase the
binding of growth factor to the graft, with the end goal of increasing EPC homing to the
graft.

In support of Aim 3, the main findings are:
•

Syndecan-4 was covalently linked to PFC via EDC/NHS binding

•

PFC having syndecan-4 sequestered significantly more SDF-1α than PFC alone

•

PFC having syndecan-4 and SDF-1α increased numbers of Bone Marrow Derived
CD34+ cells present on the material
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Although this work was limited in scope to PFC as a scaffolding material, the work
detailed can be applied to a wide range of materials with the intention of increasing the
bioactivity. The modifications to the PFC material detailed in this work such as changing
the crosslinking methodologies and adding various bioactive molecules can be applied to
numerous other scaffolds containing natural and synthetic polymers.

6.2. Recommendations for Future Work
6.2.1. Further assessment of impact of crosslinking agents on PFC
In Aim 2, EDC and glutaraldehyde were investigated as crosslinking agents due to
their wide usage. Further studies could look at additional crosslinking methodologies such
as genipin. Genipin is a crosslinking agent derived from the gardenia fruit and is reported
as being less cytotoxic than glutaraldehyde. Similar to glutaraldehyde, genipin crosslinks
amine groups present on proteins.
Additional studies can investigate the impact of crosslinking on the long-term
degradation of the scaffolds after implantation in a pre-clinical animal model. Optimizing
the degradation profile of PFC by tailoring the crosslinking extent may balance the
remodeling process. Ideally, the degradation of the scaffold will be matched by the
ingrowth of new tissue.
Additional studies may also investigate the impact of crosslinking on plateletmaterial interactions and immune response. These physiologic effects could be elucidated
by use of a bioreactor, subcutaneous implantation of PFC in a rat model, a rat abdominal
replacement grafting surgery, and eventually a large animal model such as ovine or porcine.
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6.2.2. Further assessment of functionalization of PFC scaffolds
A goal of this study was to saturate the surface of PFC with SDF-1α in order to
facilitate the adherence of EPCs. Although syndecan-4 was chosen as the linking molecule
to bind SDF-1α, other molecules may allow a higher amount of SDF-1α to be bound to
PFC. Like syndecan-4, heparin is reported to bind growth factors. Additional studies
comparing the functionalization of PFC with heparan sulfate, heparin, or syndecan-4 may
find that more SDF-1α binds to PFC functionalized with an alternative linking molecule.
These experiments may also elucidate the impact of syndecan-4 structure and sulfation on
EPC binding. Additional growth factors such as FGF or PDGF may have differential
binding to heparin, heparan sulfate and syndecan-4. Studies comparing alternatively
functionalized PFC could lead to a greater understanding of the impact of GAG sulfation
on the specificity of growth factor binding. Additional studies could investigate the longterm in vivo effects of growth factor binding on alternatively functionalized PFC. From a
clinical standpoint, these studies may lead to the development of a vascular graft that meets
the short-term goal of establishing a functional endothelial layer and the long-term goal of
preventing intimal hyperplasia.
A small animal pre-clinical model may include implanting a syndecan-4/SDF-1α
laden graft into the blood stream of a rat model to determine endothelial progenitor cell
adherence, thrombogenicity, and immune response. These studies would determine
efficacy of the graft material prior to implantation in a large animal model. Prior to animal
studies, incubating PFC with syndecan-4 and SDF-1α in a bioreactor with circulating
whole blood could determine endothelial progenitor cell binding and platelet response. To
better mimic physiologic conditions, a bioreactor would aid in determining the impact of
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shear stress on EPC binding. Upon exposure to blood, blood proteins should adsorb onto
the functionalized graft material. These blood proteins may impact the ability for EPCs to
adhere and spread on the functionalized PFC material. Analysis of microscopic images of
cells adhered to functionalized PFC material would provide information on the impact of
blood on cell-material interactions of functionalized PFC.

6.2.3. Considerations for clinical use
The clinical feasibility of the PFC vascular grafts must be characterized prior to
patient use. In addition to characterizing the degradation profile of the PFC material in an
animal model, shelf life of PFC must be known. If the graft material is stored in saline, the
degradation profile in saline must be measured. Additional studies are needed to quantify
degradation of PFC when crosslinked with less glutaraldehyde, as well as after
functionalization with sydecan-4 and SDF-1α.
“Ease of use” should be considered when developing a surgical device. The PFC
vascular graft should be available for surgical use already functionalized, as opposed to
functionalizing the PFC material in the surgical suite prior to surgery. The stability of the
syndecan-4 and SDF-1α on the PFC material should be measured in order to ensure the
material is able to maintain bioactivity after prolonged storage.
Another consideration for clinical applicability is the effect of terminal sterilization
on the graft material. Common modalities of sterilization for surgical devices include
gamma irradiation and ethylene oxide sterilization. Both of these sterilization modalities
can have detrimental effects on the graft material. When carried out on lyophilized
collagen materials, gamma irradiation can cause collagen chain scission, leading to loss in
mechanical strength. Following ethylene oxide sterilization, residual gas may remain in
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the scaffold material. Scaffold materials must be fully degassed to remove the ethylene
oxide. This is especially true for porous materials where the ethylene oxide gas may be
more difficult to remove.
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ABSTRACT
Devices for negative pressure wound therapy (NPWT) rely on compressible foams
operating at the tissue-device interface. Clinically used foams are nonabsorbable and if
used on deep wounds or left in place for an extended period of time, excessive cell ingrowth
and formation of granulation tissue into the foam may require a surgical procedure to
remove the foam. Foams with fast degradation and with low immunogenicity and fibrotic
response are required. Foams composed of combinations of poly(lactic-co-glycolic acid)
(PLGA), poly(lactide-co-caprolactone) (PLCL), and polycaprolactone (PCL) were created
by combined salt leaching and solvent displacement protocols. In vitro and in vivo
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degradation studies and mechanical properties of foams were evaluated and compared to
clinically used poly(vinyl alcohol) (PVA) foam and PCL foams. Foams comprised of
PLGA (50:50 lactide: glycolide) of low molecular weight blended with PCL maintained
mechanical properties and degraded significantly after 21 days of subcutaneous
implantation in rats. The most ideal formulations for use in NPWT were identified as
copolymeric PLGA (Mn 3,000 Da) at a lactide: glycolide ratio of 50:50 combined with
PCL at either a 75:25 or 50:50 ratio, and copolymeric PLGA (Mn 7,500 Da) at a lactide:
glycolide ratio of 50:50 combined with PCL at a 50:50 ratio.

Keywords: Polyester, polycaprolactone, poly-lactic co-glycolic acid, foams, negative
pressure wound therapy.

INTRODUCTION

Negative pressure wound therapy (NPWT), exemplified by the first commercially
available device – the V.A.C.® (KCI, San Antonio, TX), is a clinical wound care method
used to assist the healing of acute or chronic wounds. The clinical procedure uses a variety
of devices to reduce the pressure in a wound bed to stimulate the formation of granulation
tissue and to draw out fluid, inflammatory mediators, and cellular debris. Other outcomes
include increased localized blood flow and reduced bacterial counts in the tissue. In
general, clinical protocols for NPWT entail placing a sterile open cell foam directly on to
the wound bed. An embedded or attached tube connects the foam material to a fluid trap
and then to a vacuum pump. The wound bed and foam dressing are covered with a thin
film dressing to create an airtight environment, allowing application of controlled sub-
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atmospheric pressure to the treatment site. Clinical protocols vary, but the majority of
applications use 125 mmHg of sub-atmospheric pressure and the foam dressing is changed
at 48 hour intervals. [1-2]Treatment is continued until the wound can be closed either
primarily or with a skin graft. The foams most commonly used are fabricated primarily
from a non- or minimally degradable polyurethane ether (PU) or from poly (vinyl alcohol)
(PVA). The larger pore size in the PU foams results in more rapid and greater formation of
granulation tissue, however significant cellular and neovascular ingrowth has been
reported into the PU foams [3] resulting in trauma to the wound bed and pain upon removal.
Smaller pore size, such as that in the PVA foam, causes less formation of granulation tissue
and are used in applications such as exposed blood vessels and abdominal organs in which
ingrowth into the foam would result in significant and severe damage to the underlying
structure. However, the slower formation of granulation tissue necessitates a longer
treatment time.
An additional vacuum based technology, Mechanical Tissue Resuscitation (MTR),
has been shown to be efficacious in treatment and salvage of tissue in instances of insult
and injury to the brain, spinal cord and heart [4-5]. For MTR treatment, formation of
granulation tissue is contraindicated. In applications to these anatomic areas, granulation
tissue formation would lead to scar formation and disruption of normal flow of electrical
impulses and result in arrhythmias in heart applications and seizures in brain applications.
Due to the anatomic location of the treatment site, it would be desirable for the foam to be
absorbable to obviate the need for invasive dressing changes. Using a resorbable foam
dressing, the vacuum tube could be removed and the skin closed at the end of the treatment.
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We previously reported that polycaprolactone (PCL) is an appropriate material for
use in NPWT applications [6]. Although mechanically sound and degradable, PCL has a
long degradation period of approximately 30 months in vivo [7] which would not favor use
in most deep tissue repair. Ideally, new foams should be bioengineered to possess the
mechanical properties to maintain the structural integrity for uniform distribution of the
applied vacuum during the desired course of treatment (3-6 days) [8], followed by
degradation during a 7-30 day period depending on the application. For wounds requiring
formation of granulation tissue to fill the void (NPWT), larger pores and a slightly slower
degradation rate would be favored. For use for MTR applications, smaller pores and a more
rapid degradation rate would be favored. New foams should elicit minimal inflammation
and the absence of fibrosis and/or fibrous capsule formation at the wound site during and
following bioresorption.
Numerous aliphatic polyesters are available as suitable materials for the design and
fabrication of biodegradable foams. Most common polyesters are polyglycolide (PGA),
polylactide (PLA), and PCL and their copolymers, poly (lactide-co-glycolide) (PLGA) and
poly (lactide-co-caprolactone) (PLCL). Detailed information of these polyesters is
available in recent reviews [9-12]. In general, the polyesters are approved for use in
humans, albeit for differing applications. The polyesters induce minimal amounts of tissue
inflammation and immunologic response and have been used in numerous devices for
clinical applications [13]. The polyesters can be easily processed into 3-dimensional foams
and can be designed to control the porosity and interconnectivity through specialized
fabrication methods.
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The in vitro and in vivo degradation of polyesters containing lactide and glycolide
units have been studied and reviewed in numerous publications. The polymers degrade
primarily by way of chemical hydrolysis of ester bonds into metabolic byproducts such as
lactic acid and glycolic acid. These acids are nontoxic and can be removed by normal
metabolic pathways [14]. Degradation behaviors of polyesters are influenced by a number
of properties of the polymer, including the molecular weight and distribution weight in a
polymer, copolymer compositions, crystallinity, glass transitional temperatures, as well as
the environmental conditions, such as the medium in which the polymer is placed,
temperature and pH. Polymers or foams implanted in vivo are also subjected to the effects
of enzymatic degradation through a variety of cellular mechanisms [15,16].
The purpose of the present study was to bioengineer second generation foams for
NPWT that would mechanically function under negative pressure for a 3-6 day period and
degrade in periods of 7-30 days. For these studies foams were fabricated from blends of
various polymers and newly developed copolymers of PCL, PLA and PGA and evaluated
for mechanical, degradation properties and tissue reactivity.

MATERIALS AND METHODS
Materials
All polymers except PCL were purchased from Polyscitech (West Lafayette, IN).
PVA foam dressings were purchased from KCI (San Antonio, TX). Course Kosher Salt
was purchased from Morton Salt (Chicago, IL). The same lot (RI12353002) of salt was
used for all foams to standardize pore size of all foams. PCL and other materials of
analytical grade were purchased from Sigma Aldrich (St. Louis, MO).
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Foam fabrication
Foams were fabricated by salt leaching and phase separation. Polymers at specific
ratios (Table 1) were dissolved in 1, 4 dioxane at a concentration of 10% (w/v). Polymers
were mixed for 24 hours on a magnetic stir plate. Two mls of polymer mixture were
transferred to 4 g of course kosher salt in a 10 ml Pyrex beaker. Salt and polymers were
frozen at -80°C for 2 hours and then added to 80% (v/v) ethanol solution at -20°C for 4
hours. After phase separation, excess ethanol was removed and the foams transferred to 80°C for 18 hours. Foams were then lyophilized for 24 hours, removed from beakers, and
leached for 3 hours in 400 ml water with 1 change per hour; for 18 hours in water; and
finally for 2 hours in water with 1 change per hour. Final washes were monitored for
absence of chloride using 0.1 M AgNO3. Foams were then frozen at -80°C for 1 hour and
lyophilized overnight.

Foam Morphology
Foams were examined by SEM using a JEOL JSM 6330F (Peabody, MA) and pore
sizes determined by measurements taken from micrographs. Foams were cut to visualize
the center of the foams. Three sites were selected from each sample and 40-100 pores
measured at each site. Average pore sizes were reported as an average of 3 sites. SEM
images were taken at 50x magnification to visualize large pores formed by salt crystals and
at 250x to visualize small pores formed by solvent displacement.
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In Vitro Degradation Studies
Dry foams were weighed and incubated at 37°C in 10 mls phosphate buffered saline
(PBS) pH 7.4 with 0.02% sodium azide. Weight loss was determined on dried foams at 4,
12, 26, and 54 days. Foams were removed from PBS at the specified times, lyophilized and
weighed, and then returned to fresh PBS solutions.
In order to confirm half-life ranking for degradation, selected foams were subjected
to an additional degradation study. Foams with short half-lives and a sampling of those
with larger half-lives were subjected to accelerated degradation studies. Foams were
weighed and placed in 2 mls of a 25 mM NaOH solution. One foam of each type was
lyophilized and weighed at 20 minutes, and at 40, 60, 90, 120, 240, and 480 minutes to
determine mass loss. Unique samples were lyophilized and weighed for each time point.
For all in vitro studies, the natural logarithm of the mass loss data of each foam sample was
fit to a linear curve described as:
ln(𝑚𝑎𝑠𝑠 𝑙𝑜𝑠𝑠) = −𝑘 ∗ 𝑡 where
1

𝑇2 =

ln(2)
𝑘

Rates of degradation were calculated by regression analysis of all data of residual
foam remaining following treatment.

Mechanical Properties
Compressive properties of foams were measured using a Bose Electroforce Test
Instrument (Model LM1 Test Bench, Bose, Eden Prairie, MN) with 1 kg load cell. Six
cylindrical (5 mm diameter, 4.1 mm average height) samples were cut from each foam.
Foams were compressed to 50% initial height at a rate of 1 mm/min. The crosshead was
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raised at a rate of 6 mm/min and foams were again compressed to 50% initial height.
Compressive modulus was calculated as the slope of the linear portion for the stress strain
curve in the range between 0.4 and 0.5 strains. Data from the first and second compression
were used to calculate the change in compressive modulus, a measure of resiliency after
compression. In an additional study, the effect of sterilization was examined in three
samples of each foam sterilized by gamma irradiation.

In Vivo Degradation
All surgical procedures and animal care issues for this study were approved by the
Institutional Animal Care and Use Committee and followed National Institutes of Health
guidelines. Foams were sterilized by gamma irradiation, hydrated in sterile physiological
saline and implanted subcutaneously into the dorsal scapular region of Sprague Dawley
rats. Each rat had two implants which were randomized to a specific site on each rat. All
foams were evaluated in triplicate. At day 21, all rats were euthanized and tissue including
the foam and underlying muscle were excised. All samples were fixed in 10% neutral
buffered formalin, cut in half, and either photographed for gross morphology or paraffin
embedded and examined histologically to determine foam degradation, fibrosis, and
cellular infiltration. Biopsies were examined histologically for evidence of immune cell
infiltration.

Statistical Analysis
Data were analyzed statistically via ANOVA followed by Holm-Sidak post hoc test
to determine differences between means. All values are presented as mean ± standard
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deviation (SD) or mean ± standard error of the mean (SEM). A value of p<0.05 was
regarded as statistically significant. Sigma-Stat software was used for all analyses.

RESULTS
In this study, polymers and copolymers were selected for composite fabrication
based on either mechanical or degrading property (Table 1). PCL was used in all
composites in order to provide mechanical strength. While PCL has a long degradation
time, it is degradable and possesses mechanical properties necessary to act as a manifold
to uniformly distribute an applied vacuum of 125 mmHg. For some foams, the use of
copolymers of PCL were used in an attempt to shorten degradation time but maintain
mechanical performance. PLA, PGA, and copolymers were used to further improve
degradation. In selecting a specific polymer for each composite, additional properties
including durability, molecular weight and crystallinity were considered. In selecting
PLGA copolymers, all selections were those synthesized without a terminal endcap in order
to accelerate degradation. Initial experiments involved formulating a number of different
compositions of foams and evaluating degradation potential. Thereafter, mechanical
testing was evaluated on selected foams having fast degradation rates. Comparisons were
made with pure PCL and clinically used PVA foam.
In the fabrication of foams, the same lot of salt was used to create pores thus
controlling pore size as a variable. Figure 1 illustrates the gross morphology of three
selected foams. All foams had similar gross and microscopic appearance. By SEM, all
foams had a homogeneous arrangement of large pores as well as small pores within the
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foam struts (Figure 1). Pore sizes for foams averaged 0.48 +/- 0.23 mm (mean± SD) for
large pores and 14.0 +/- 4.1 µm (mean ± SD) for small pores.

In Vitro Degradation
In vitro degradation was carried out under both physiological conditions in PBS,
pH 7.4 at 37°C, and under accelerated conditions using base hydrolysis. Weights of foams
steadily declined over time and degradation rates of foams varied significantly. From halflife data under physiological conditions, foams containing a higher ratio of copolymeric
PCL (AP13 or AP15) had a slower degradation rate than PCL (Table 2). Substituting 10 to
30% of PCL80 and copolymeric PCL (AP13) with various PLGA copolymers significantly
reduced the half-life to 21-63 weeks depending on the specific copolymer. When PLGA
was included with copolymeric PCL and PCL at 30%, small effects on degradation rates
were observed even though molecular weights of PLGA ranged from 3,000 Da to 70,000
Da and lactide: glycolide ratios differed (compare AP73 and AP81) (Table 2). The shortest
half-life was substitutions of PCL with 50-70% PLGA copolymers in the absence of
copolymeric PCL (AP13) (Table 2).
Foams selected and examined under conditions of accelerated degradation
conditions (Table 2) demonstrated a similar rank order for foams following degradation
under physiological conditions. The findings also confirmed that foams containing higher
copolymeric PCL had faster degradation rates than PCL alone.
Residual amounts of foam at the end of the experiments are presented as
percentages (Table 3). For degradation under physiological conditions, foams without
AP13 had greater degradation than those containing AP13. In foams with AP13 and 50:50
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PLGA of varying Mn, foams containing AP81 (Mn 7,500 Da) had lower degradation than
those containing AP37 (Mn 3,000 Da) or AP36 (Mn 70,000 Da). No difference was
observed between AP73 and AP81 even though the lactide: glycolide ratio differed. The
accelerated degradation results were consistent with physiological degradation results
(Table 3).

Mechanical Testing
Foams studied for accelerated degradation were subjected to mechanical testing.
Compared to the clinically used PVA foam, all foams containing copolymeric PCL (AP13)
and any type of copolymeric PLGA had improved elastic modulus and were significantly
better than PCL foams (Figure 2). All foams without AP13 and only one foam with AP13
(AP37:AP13:PCL80; 3:3.5:3.5) had low elastic moduli and were not significantly different
from PVA (Figure 2). In order to evaluate durability and resilience of foams as they would
be initially applied to a wound, moduli were measured on the first and second compression
(Figure 3). All foams increased in modulus when subjected to compression. PVA and every
composite foam, with the exception of AP81:PCL80 (7:3) had improved properties
compared to PCL. Two foams, both containing copolymeric PLGA AP37 (Mn 3,000 Da),
had significantly better functional performance than PVA.

Foams
Compressive moduli of foams were measured before and after gas sterilization. No
statistically significant differences were found between sterilized and nonsterilized foams
(data not shown).
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To combine data on degradation with mechanical performance, all values were
mathematically positioned on a scale from 1 to 10 where 1 corresponded to least desirable
and 10 corresponded to most desirable. All foams were sorted into those with and without
copolymeric PCL (Figure 4). Data selected included degradation (in saline), moduli, and
elastic recoil. The best performing foams as illustrated contained either PLGA copolymer
AP37 or AP81 without copolymeric PCL (Figure 4).

In Vivo Evaluation
Foams implanted subcutaneously into rats were examined after 21 days. The gross
appearance of fresh fixed unstained tissue as well as sections stained with Masson’s
trichrome stain are illustrated in Figure 5. Tissues were ordered from least to greatest
degree of foam degradation. Foam types appeared to segregate in one of three groups.
Group 1 containing PCL alone or in combination with copolymeric PCL exhibited
minimal degradation and which by histological evaluation, had a low degree of fibrosis
within the foam and extensive fibrosis surrounding the foam. Group 2 foams, degraded
significantly more than group 1 foams and had significant connective tissue staining inside
the foams along with variable staining around foams. All Group 2 foams contained various
PLGA copolymers. In group 3 foams, there was extensive foam degradation as well as
minimal fibrosis around each foam. For Group 3 foams connective tissue staining was very
diffuse in all foams in this group compared to those in groups 1 and 2. In general, based on
the staining patterns all foams appeared to demonstrate more hydrolytic activity in the
central portions of the foams compared to foams in Group 1 and 2. Lymphocytic cell
infiltration was observed during in vivo degradation consistent with a low immunogenic
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response to all foams. Macrophages and undifferentiated mesenchymal cells were diffusely
present at low levels throughout all the foams (Figure 5).
DISCUSSION
The use of polyester foams in NPWT for deep tissue repair requires rapid foam
removal post treatment through degradation of the foam. However, degradation affects the
mechanical structure and integrity as well as the host response. Ideally, the space
previously occupied by the foam scaffold should be reinstated as a functional resuscitated
tissue as the foam material is entirely bioresorbed. Once inserted onto the wound bed, the
porous foam for NPWT should maintain mechanical properties and structural integrity until
the final treatment effects of the applied sub-atmospheric pressure (either granulation tissue
formation or fluid removal) are achieved. Thus the design of the foam should possess
functional integrity to mechanically perform under negative pressure and be balanced to
degrade as rapidly as possible without extensive inflammatory and fibrotic sequelae. This
investigation made use of several types of biodegradable synthetic polyesters well known
in tissue engineering.
One polyester, PCL was incorporated into the foams to derive a durable foam
mechanically sustainable and able to act as a manifold to diffuse the applied vacuum for
several days [6]. In general, molecular weight, surface hydrophobicity, and crystallinity are
the main determinants of slow biodegradation by two distinct phases that include nonenzymatic cleavage and enzymatic fragmentation [15]. Non-enzymatic cleavage begins in
amorphous regions of the polymer and is auto catalyzed by the carbonyl end groups of the
fragmented polymeric chain [17,18]. Permeability of water into the formation is the rate
limiting step to this non-enzymatic fragmentation. The internal fragmentation products can
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be of various lengths depending upon the initial molecular weight of the polymer. The
weight loss of the polyester begins when the length of the PCL fragments produced become
small enough (below Mn 5,000 Da) to diffuse through the polymeric matrix and out of the
tissue. In vivo this process starts late in PCL degradation (4-6 months). The bulk process
for solid polymeric constructs is generally accompanied by enzymatic surface erosion
characterized by roughening of the surface of the polymer. Phagocytosis of cleaved or
diffused fragments occurs, followed by utilization of the products in the tricarboxylic acid
(TCA) cycle [9]. Lipase typically derived from macrophages can escalate the degradation
rate of PCL and can degrade PCL to oligomers and monomers within 3-4 weeks [18-19].
In this study, the variable components of the foam formulations were PLCL and
PLGA that were selected in order to attempt to modulate degradation of PCL. PLCL was
added in an attempt to enhance foam degradation but maintain mechanical performance
primarily attributed to PCL. PLGA polymers were selected based on their hydrophilic
nature thus potentially enhancing degradation in vivo.
Ester bonds that are linked within a glycolic acid unit or a glycolic acid-lactic acid
unit are preferentially cleaved in comparison to those of the ester bonds via lactic acid due
to inherent high reactivity with water and/or a greater hydrophobicity [20]. As a rule, higher
contents of PGA copolymerized with PLA in a copolymer reduce the crystallinity of PLGA
and as a result increases the rate of hydration and hydrolysis. Typically higher contents of
PGA leads to more rapid rates of degradation with the exception of the 50:50 ratios of PLA
to PGA which exhibits the fastest degradation. Higher PGA contents lead to increased
degradation below 50% lactide content. In this regard, selection of the PLGA component
of the foams was made to standardize the ratio of lactide to glycolide at 50:50 to control
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for preferential effects of any one monomeric component. Considering these variables, we
were able to use copolymers to fine tune the physical and biodegradable properties of the
fabricated foams.
It is well known that for solid nonporous polymers, bulk erosion is a main
degradation pathway for PLA, PLCL, and PLGA [21]. However, polymers degrade in a
heterogeneous manner where degradation proceeds more rapidly in the center part rather
than in the surface part of the polymer. As indicated, this additional central degradation
mechanism has been attributed to an autocatalytic action of degradation products trapped
in the polymer. If the polymer is morphologically modified such as in the creation of foams,
the degradation behaviors may be modified based on easy removal of byproducts from the
foam interior. Therefore, polymers with porous morphology may degrade in either a
heterogeneous or homogeneous manner. Based on the current findings of degradation of
foams at 21 days in vivo it appears that all the porous foams including the fast degrading
foams produced are subject to a central autocatalytic reaction and conform to a
heterogeneous rather than a homogeneous type of degradation. Thus an autocatalytic
reaction also appears to operate within central regions of fast degrading porous foams.
The addition of PLCL to foams accelerated degradation rates compared to PCL
alone, however, blending copolymers of PLGA with PCL was identified to be the major
factor in accelerating foam degradation. In this study not all copolymers of PLGA
performed similarly. When combined with PCL at the same ratio, PLGA with a lactide:
glycolide ratio of 75:25 (AP73) was inferior to of AP81 performance having a 50:50 ratio
at the same molecular size. This difference held when these two copolymers were blended
either with PCL alone or in PCL/PLCL mixtures. The best overall copolymers of PLGA
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were AP81 and AP37 depending on the percentage blend with PCL. Both copolymers had
a 1:1 lactide: glycolide ratio and both would be classified as low molecular weight,
however only AP37 was suitable for use at a 70:30 ratio of copolymer: PCL. AP81 with a
PCL blend at a 1:1 ratio was adequate but at a 7:3 ratio (AP81:PCL) resulted in a more
fragile and brittle foam undesirable for surgical application.
An important design criteria for foams is maintenance of porous structure through
multiple or intermittent applications of negative pressure. To evaluate each foam, the
modulus was determined after two compressions and compared to the clinically used PVA
foam. Foams became stiffer after the first compression, indicating collapsed pore
structures. Foams with more flexible pore structures were able to return to the original foam
height and therefore, in vivo would function during NPWT and would return to height after
NPWT permitting hydration of material and ease of subsequent ester linkage hydrolysis.
Although a compression set would be an alternate methodology of measuring durability of
foam structures, it is not a repeated measure and thus does not reproduce clinical
functionality wherein foams undergo more than one compression during wound dressing
and verification of vacuum. Open pores after treatment may initially facilitate degradation
due to increase fluid flow through the foam to carry away degradation products. However,
based on gross and histologic evaluation of implanted foams at 21 days, it appears as if cell
infiltration supersedes any effect of maintaining an open channel system once tissue
pressure normalizes after NPWT thus in effect an autocatalytic degradation is favored.
The use of PLGA, PGA, PLA, PLCL or other polyesters in combination for foam
fabrication is desirable based on the low immunogenicity of the polyesters and their
degradation products [10,22]. In this study, all blends of foams implanted subsequently
160

elicited a low level of immunogenic response after 21 days. Microscopic examination of
selected foams with high and low degradation rates demonstrated minimal lymphocytic
infiltration during degradation and cellular activity consistent with macrophage activity as
reported previously in studies of similar polyesters [23]. Potentially fast degrading
polymers would be expected to elicit a greater fibrotic response but this was not observed.
On the basis of gross and histologic observations foams with the greatest degradation rates
had the least fibrotic response.

CONCLUSIONS
A major finding of this investigation was the identification of specific formulations
of biodegradable polyester foams for eventual clinical use in NPWT for deep tissue
applications. Based on a first series of experiments the results suggested that foams
comprised of PLGA-PCL blends outperformed those that contained PLGA-PLCL-PCL
blends. Additional experiments on blends of PLGA-PCL, demonstrated potential use in
NPWT applications. Of the formulations examined, the foams with the most potential were
copolymeric PLGA (AP37) Mn 3,000 Da at a lactide: glycolide ratio of 50:50 combined
with PCL at either a 75:25 or 50:50 ratio and copolymeric PLGA (AP81) M n 7,500 Da at
a lactide: glycolide ratio of 50:50 combined with PCL at a 50:50 ratio. These foams will
require further in vivo testing under conditions simulating clinical use.
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FIGURE 1. GROSS APPEARANCE AND SEM IMAGES OF TYPICAL FOAMS.
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FIGURE 2. COMPRESSIVE MODULUS OF FABRICATED FOAMS. BARS REPRESENT MEANS
AND LINES ± SE. NUMBERS IN PARENTHESES ARE USED TO DETERMINE SIGNIFICANT
DIFFERENCES BETWEEN MEANS (P<0.05).

(1) different from (2,3,8-10);

(2) different from (1, 3-11);

(3) different from (4-7, 11);

(8) different from (4-7, 11);

(9) different from (4-7, 11);

(10) different from (4-7,11).
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FIGURE 3. PERCENT INCREASE IN MODULUS FROM FIRST TO SECOND COMPRESSION.
BARS REPRESENT MEANS LINES ± SE. NUMBERS IN PARENTHESES ARE USED TO
DETERMINE SIGNIFICANT DIFFERENCES BETWEEN MEANS (P<0.05).

(1) different from (2,6,7);

(2) different from (1,3,4,6-11).
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FIGURE 4. SCORING OF FOAMS BASED ON SCALED QUANTITATIVE DATA A) ALL
FOAMS B) FOAMS WITH AP13, AND C) FOAMS WITHOUT AP13.

168

FIGURE 5. GROSS IMAGES OF FIXED, UNSTAINED SAMPLES AND HISTOLOGICAL
IMAGES OF FOAMS AT 21 DAYS RANK ORDERED FROM LEAST TO MOST DEGRADATION.
HISTOLOGICAL SAMPLES WERE STAINED WITH MASSON’S TRICHROME (RED = MUSCLE
TISSUE, LIGHT PINK = CELLS, BLUE = COLLAGEN).
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