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ABSTRACT 

Cardiovascular disease is the leading cause of death in the United States with 

approximately 49% of the cardiovascular related deaths attributed to coronary heart 

disease (CHD).  CHD is the accumulation of plaque resulting in the narrowing of the 

vessel lumen and a decrease in blood flow to the downstream heart muscle.  In order 

to restore blood flow, arterial by-pass procedures can be undertaken.  However, the 

patient’s own arteries/veins may not be suitable for use as a vessel replacement, and 

synthetic grafts lack the compliancy and durability needed for these small diameter 

locations (< 5 mm).  Therefore, the goal of this research is to develop a nanofibrous 

material that can be used in vascular applications such as this.  In this study, we 

fabricate coaxial electrospun nanofibers with gelatin in the shell and polyvinyl 

alcohol (PVA) in the core using 1 Gelatin: 1 PVA and 3 Gelatin: 1 PVA mass ratios.    

Gelatin, derived from collagen, is highly bioactive while PVA, a synthetic polymer, 

has appealing mechanical properties.  Therefore, by combining these materials in a 

core-shell structure, we hypothesize that the resulting nanofibers will have enhanced 

mechanical properties, cellular growth and migration, as well as minimal platelet 

deposition and activation compared to scaffolds composed solely of gelatin or PVA.  

First, the coaxial scaffolds exhibited an enhanced Young’s modulus and ultimate 

strength compared to scaffolds composed of PVA or gelatin alone.  Endothelial cells 

had high proliferation and migration on the coaxial electrospun scaffolds with higher 

migration seen on the stiffer, coaxial scaffolds. The smooth muscle cells had less 

proliferation and lower migration rates on the coaxial scaffolds than the endothelial 

cells.  Using a modified prothrombinase assay, the coaxial scaffolds had minimal 
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platelet activation.  Lastly, when pre-seeding the coaxial scaffolds with endothelial 

cells or smooth muscle cells, the platelet deposition decreased in comparison to 

platelet deposition with no cell pre-seeding.  Overall, the 1 Gel: 1 PVA coaxial 

scaffolds promoted endothelial cell growth and migration, minimized smooth muscle 

cell growth and migration, and had minimal platelet activation.  Therefore, the 1 Gel: 

1 PVA coaxial nanofibers are an intriguing material for use in vascular applications. 
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Chapter 1: Introduction 

 Cardiovascular disease is the leading cause of death with 49% of these 

cardiovascular related deaths attributed to coronary heart disease [1].  Coronary heart 

disease (CHD) is caused by the accumulation of plaque within the coronary arteries, 

resulting in a decrease in blood supply to the heart muscle [2, 3].  The cardiac tissue 

becomes ischemic due to the lack of oxygen and nutrients, which can cause chest pain 

(angina) or even death [2, 3].  In an effort to restore blood flow to the downstream 

heart muscle, over 1.4 million arterial by-pass procedures are completed in the United 

States [1].  The patient’s own arteries/veins are typically used as grafts for these 

procedures; however in many cases, these arteries/veins are unusable.  Synthetic graft 

replacements for this small diameter application (< 5 mm) are prone to thrombosis 

and infection.  These synthetic alternatives do not have the compliancy and durability 

needed for small diameter locations [4, 5].  Therefore, a tissue-engineered graft is an 

appealing alternative that is not prone to the thrombosis of small-diameter synthetic 

grafts and is readily available.  The field of tissue engineering offers a variety of 

approaches that can be utilized to meet this clinical demand.  

General Approaches to Tissue Engineering 

Overall, the field of tissue engineering seeks to utilize scaffolds, cells, and 

growth signals in order to replicate tissues in the body.  Scaffolds are generally 

composed of polymeric materials designed to mimic the native extracellular matrix 

(ECM) of the intended tissue.  The designed scaffolds must provide the same 

functions of the native ECM including the following: (1) structural support for cells 
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(2) mechanical properties of the tissues (3) growth factors and other signals to the 

relevant cells (4) adapt to the changing environment (i.e. remodeling and wound 

healing) and (5) provide pores and channels for cell migration, oxygen, nutrient, and 

waste exchange, as well as vascularization of the microenvironment [6, 7].  Scaffolds 

can also be designed with cues to achieve a desired cell alignment or even elute 

growth factors or other chemicals to the surrounding microenvironment.  

Additionally, a biodegradable scaffold must degrade at a rate that is comparable to the 

formation of new tissue, and these degradation products must not be cytotoxic to the 

neighboring cells [6, 7].    

The scaffold structure provides mechanical cues to the local cells, which can 

affect their viability, adhesion, proliferation, migration, and differentiation [6, 7].  

Therefore, cellular interaction with the underlying scaffold structure is paramount.  

Interaction of the cells to the scaffold begin with transient focal adhesions to the 

underlying substrate through the binding of integrins, which are transmembrane 

receptors that bind to specific motifs that are present in various extracellular matrix 

(ECM) proteins.  The binding of integrins to the underlying ECM proteins results in 

the clustering of integrins in this area.  The clustering of integrins then leads to the 

recruitment of additional cytoplasmic signaling and structural proteins to this area to 

form focal adhesions.  The cell will then utilize structural proteins such as vinculin, 

talin, α-actinin, and paxillin to link the focal adhesion to the actin cytoskeleton [8, 9].  

The cell is also capable of forming connections with the scaffold through focal 

complexes, fibrillar adhesions, as well as three-dimensional (3-D) matrix adhesions.  

These additional focal complexes are similar to focal adhesions; however, there are 
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subtle differences in composition as well as morphology [8].  Ultimately, cells are 

able to convert the physical force from the underlying scaffold to biochemical 

information [10].   

As a precursor to focal adhesions, focal complexes appear within minutes 

after a suspended cell comes into contact with ECM proteins.  These complexes are 

located along the periphery of cells near the larger focal complexes, as well as the 

leading edge of cells that are migrating.  The ability of the focal complexes to form 

focal adhesions depends on mechanical stress being applied to the adhesions.  The 

formation of the focal adhesions occurs in a three step process that includes the 

following steps: (1) binding of the integrin and subsequent condensation of the focal 

adhesion proteins, (2) clustering of integrins by the ECM brings focal adhesion 

components to the region, and (3) maturation of the adhesion through tensile forces 

through integrins to the ECM [8].  Additionally, the cell is capable of increasing its 

proliferation from an increase in the tension of the cytoskeleton.  Therefore, an 

increase in cell spreading may provide an increase in cell proliferation by changing 

the tension in the actin cytoskeleton [8].   

Similar to that described for cellular proliferation, cell migration can vary 

depending on the stiffness of the underlying substrate.  Cells migrate via polarization 

of the force distribution placed on the adhesions.  Lamellipodia are formed along the 

leading edge and focal complexes are formed between the cell and the underlying 

substrate.  Migration can be regulated to a specific direction by the local stiffening of 

the substrate using a rigid tip [8].  The mechanical stiffness of the scaffold plays a 

direct role in the cellular response to the underlying substrate.  Taking these design 
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characteristics into consideration, there are four general approaches taken for tissue 

engineering a construct, which include de-cellularizing scaffolds, cell culture & 

secretion of extracellular matrix (ECM) proteins, use of hydrogels, and scaffold 

fabrication.   

De-cellularized Scaffolds 

The first approach is de-cellularizing a native tissue and re-seeding it with the 

appropriate, healthy cell types.  Research is being conducted on using this approach 

for heart valves, vessels, nerves, and a variety of other applications. These scaffolds, 

obtained from allogenic or xenogenic sources, are treated with a combination of 

physical, chemical, and enzymatic methods to remove all of the original cells.  This 

removes all of the antigens to minimize immune rejection, but it maintains the native 

extracellular matrix to provide mechanical support and cellular growth cues [6, 7].  

Equine pericardium has been used as a graft for a 316L stainless steel stent (Over and 

UnderVR, AneugraftVR); however, these stent-grafts are not approved for use in the 

United States despite their improved mechanical compatibility for this application 

[11].  Autologous covered stents have also been investigated in clinical trials for the 

following indications: aneurysms, pseudoaneuryms, large dissections, as well as 

perforations.  The advantage of the autologous covered stents is the good 

biocompatibility, low toxicity, low inflammatory response, as well as low 

thrombogenecity [11]. 
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Cell Culture & Secretion of ECM 

The second approach is culturing the appropriate cells and allowing them to 

secrete the ECM.  The secreted ECM can then be assembled in layers and the layers 

attached to one another prior to implantation.  This approach has been used in cornea 

and myocardium. In this method, cells are grown to confluence on a thermo-

responsive polymer such as poly(N-isopropylacrylamide).  Upon confluence, the 

hydrophobicity of the polymer is changed so that the cell layer/ECM can be removed.  

The cellular/ECM sheets are then stacked one on top of the other and then laminated 

together.  The key to this method is not using an enzyme such as trypsin to remove 

the cell/ECM layer so that the cell confluent layer and the cell-cell contacts are 

maintained.  The high cellular density of these cellular sheets results in a high rate of 

neovascularization, which is not seen in thick, cell-seeded scaffolds.  This method is 

limited in that it cannot form thick constructs and cannot form tissues that are rich in 

ECM such as load bearing applications [6]. 

Hydrogel or Semipermeable Membrane 

The third approach is seeding the appropriate cells into a hydrogel or semi-

permeable membrane.  In this approach, the cells of interest are trapped within a 

semi-permeable membrane or a hydrogel.  Hydrogels are made from covalent or ionic 

crosslinking of water-soluble polymers, and formation of the hydrogel must be 

compatible with supporting cellular viability.  Common polymers used for the 

hydrogels are chitosan, agarose, polyethylene glycol (PEG), and polyvinyl alcohol 

(PVA).  This method is typically used for immunoisolation for cell transplantation 

procedures of xenogenic or allogenic cells.  For example, the hydrogel provides 
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structural support for xenogenic pancreatic cells, providing nutrient and waste 

exchange, and maintaining a barrier from antibodies and cellular antigens [6]. 

Scaffold Fabrication 

The fourth and most popular approach is the fabrication of a porous, 

biodegradable scaffold that may or may not be pre-seeded with the appropriate cell 

types prior to implantation.  The scaffolds can be made from a natural or synthetic 

polymer.  Natural polymers are advantageous in that they are bioactive; however, 

they tend to lack in stability and mechanical properties required for load-bearing 

applications.  Synthetic materials are appealing because they possess the mechanical 

properties required for a lot of applications, but they lack the biological properties to 

promote cellular viability, attachment, proliferation, migration, and differentiation.  

Therefore, tissue engineers are investigating fabrication methods that combine these 

materials to utilize the biological properties of the natural polymers and the 

mechanical properties of the synthetic polymers [6, 7]. 

Cardiovascular Tissue Engineering 

 Cardiovascular tissue engineering seeks to fabricate a scaffold that mimics the 

native tissue structure.  In the case of blood vessels, the tissue engineered construct 

would need to mimic the structure of the human blood vessel, as well as provide a 

supporting network for vascular relevant cells, such as endothelial cells and smooth 

muscle cells.  Various synthetic and natural polymers, as well as pharmaceuticals or 

growth factors, can be incorporated into the scaffold itself to provide an environment 

that better mimics the in vivo environment.  In order to fabricate a tissue scaffold that 
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resembles the extracellular matrix of blood vessels, the native structure must first be 

understood. 

Structure and Constituents of a Blood Vessel 

 A blood vessel is composed of three distinct layers: the tunica intima, the 

tunica media, and the tunica externa.  The tunica intima is composed of simple 

squamous epithelium, which is also referred to as the endothelium.  This endothelium 

is composed of a continuous layer of flattened cells that line the vessel lumen, which 

come into direct contact with blood flowing through the vessel [12].     

Endothelial Cells 

 Endothelial cells play an important role in maintaining vascular tone, capillary 

permeability, smooth muscle cell proliferation, resistance to thrombosis, and 

inflammation.   In order to maintain vessel tone, endothelial cells can release nitric 

oxide (NO), prostacyclin (PGI2) or endothelium derived hyperpolarizing factor 

(EDHF) to cause vasodilation of the vessel, or the cells can release thromboxane 

(TXA2) or endothelin-1 (ET-1) to cause vasoconstriction of the underlying vessel.  In 

the case of NO, shear stress activates endothelial NO synthase (in the presence of 

additional cofactors) to produce and release NO, which causes the smooth muscle 

cells to vasodilate.  Laminar shear stress causing the release of NO inhibits 

inflammation, cell proliferation, as well as thrombus formation, thereby maintaining a 

normal endothelial phenotype.  Inhibition of inflammation keeps leukocytes and 

platelets from adhering and activating on the vessel wall [13, 14]. 
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 Endothelial cells are capable of changing phenotypes from a quiescent state to 

a more activated state.  Activation of endothelial cells changes the signaling from a 

predominant NO signaling to a redox signaling pathway.  Here, reactive oxygen 

species (ROS) produces hydrogen peroxide in the presence of superoxide dismutase.  

Therefore, endothelial NO synthase is capable of switching from NO generation to 

ROS generation thereby activating the endothelial cells [13, 14].   

 Release of prostacyclin (PGI2) and thromboxane (TXA2) from the endothelial 

cells also regulate vascular functionality.  Production of these prostanoids is catalyzed 

from the COX (cyclooxygenase) enzymes.  COX-1 is always expressed in endothelial 

cells while COX-2 is only expressed in cases of vascular injury (i.e. endothelial 

damage and inflammatory cytokines present).  Binding of PGI2 to the prostacyclin 

(IP) receptors on platelets inhibits platelet aggregation while binding of this chemical 

to the IP receptor on smooth muscle cells activates a signaling pathway causing 

smooth muscle cell relaxation.  Formation of PGI2 is catalyzed by COX-2.  In 

contrast, TXA2 acts on the thromboxane-prostanoid (TP) receptors on platelets 

leading to platelet aggregation and the TP receptor on smooth muscle cells leading to 

vasoconstriction.  Formation of this prostanoid is catalyzed by COX-1.  Therefore, 

the balance between these two prostanoids is vital in maintenance of proper vessel 

tone and vascular health [13].        

Basement Membrane 

Deeper to the endothelial layer is a basement membrane that provides 

structural support to the endothelial layer, as well as anchors the endothelial layer to 

the underlying connective tissue [12].  The major constituents of the basement 
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membrane are collagen type IV, laminin, nidogen/entactin, and perlecans [15].  The 

collagen, which proves the needed tensile strength and resilience to the tissue, self-

assembles into a suprastructure in this layer [12].  Similarly, the laminin self-

assembles into a suprastructure and is necessary for the stability of the basement 

membrane.  The nidogen/entactin are connecting pieces between the laminin and 

collagen networks to provide additional structural integrity to the tissue.  Minor 

components of the basement membrane include but are not limited to agrin, fibulin, 

type XV collagen, and type XVIII collagen [15].    

Collagen IV 

 Collagen IV is a nonfibrillar collagen that comprises about 50% of the 

basement membrane.  In contrast to fibrillar collagen, the nonfibrillar collagen 

contains a globular or rod like domain (NC domains).  In mammals, there are six 

genes that encode six different chains for collagen IV, which are referred to as α1- 

α6.  Each α-chain, which is about 400 nm in length, has the following components: 

N-terminal 7S domain, triple helical collagenous domain, and a C-terminal 

noncollagenous globular domain.  The collagenous domain provides the structural 

integrity of the material and typically consists of the amino acid sequence of Gly-X-

Y, where X and Y are either proline and hydroxyproline or lysine and hydroxylysine.  

There are several short sequences that interrupt the collagenous domain, which 

provide flexibility to the overall collagen structure [15].    
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Laminin  

 The most abundant noncollagenous protein in the basement membrane is 

laminin.  There are eleven different chains of laminin in existence (α1-5, β1-3, and 

γ1-3).  The G domain of the laminin structure, containing globular motifs, is the 

primary area of cellular adhesion.  Generally, the laminin structure is similar to a 

three-pronged fork.  The handle of the fork is composed of the C-termini of the α-, β-

, and γ- chains and is in the form of a coiled-coil of domains I and II of each chain.  

The prongs of the fork contain the N-termini of the chains, as well as contain the 

domains III, IV, V, and VI [15].  

Nidogen/Entactin 

 The nidogen, which is also known as entactin, comprises 2-3% of the 

basement membrane.  This glycoprotein contains approximately 10% carbohydrates 

with equal quantities of N-linked and O-linked oliogosaccharide chains.  The central 

protein in the nidogen contains three G-domains (globular like domains).  The G1 

domain is a N-terminal domain while the G2 and G3 domains are the C-terminal 

domains.  These G-domains are connected via rod-like regions.  Nidogen/entactin is 

capable of binding to collagen IV, perlecan, laminin, fibronectin, and fibrinogen [15].   

Perlecan 

Perlecan, a heparin-sulfate proteoglycan, has a ‘pearl on a string’ structure 

that has a myriad of binding sites for nidogen-entactin, collagen IV, integrins, as well 

as heparin.  The N-terminus region of this protein is covalently linked to three 

glycosaminoglycan (GAG) chains [15].   
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Overall, the basement membrane provides a variety of biologic functions in 

addition to structural support.  The basement membrane helps to organize cell 

monolayers during the development of tissues, as well as serves as a growth factor 

reservoir.  Additionally, the basement membrane provides cell attachment sites that 

can set into motion intracellular signaling pathways regulating cellular behavior 

including proliferation and migration [15].  The outermost layer of the tunica intima 

is the internal elastic lamina, which is predominantly composed of elastic fibers.  This 

internal elastic lamina forms the boundary layer between the tunica intima and the 

tunica media.  Additionally, this layer contains pores that facilitate the diffusion of a 

variety of materials between the layers [12].   

Tunica Media 

Next, the tunica media is the middle layer of the blood layer and is composed 

of smooth muscle cells and connective tissue.  This muscular layer can alter the 

vessel tone to regulate blood pressure and flow.  This middle layer of the blood vessel 

is the most variable amongst the different types of vessels.  This layer also contains a 

large quantity of elastic fibers that provide elasticity to the vessel.  The outermost 

region of the tunica media is the external elastic lamina, which provides a barrier 

between the tunica media and the tunica externa [12].   

Smooth Muscle Cells 

Smooth muscle cells are found in the tunica media of vascular walls as 

discussed in a preceding section.  These cells can regulate blood pressure and flow 

through contraction and relaxation.  Additionally, these cells can fabricate 
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extracellular matrix proteins.  Thus, smooth muscle cells can structurally remodel the 

vasculature by increasing cell count, as well as altering the constituents of the 

surrounding tissue.  These cells can carry-out a variety of functions by altering their 

phenotypes between a contractile and a synthetic state [16]. 

Contractile smooth muscle cells typically have an elongated and spindle-like 

shape.  In contrast, synthetic smooth muscle cells tend to have a cobblestone 

morphology- similar to an epithelioid or rhomboid.  Smooth muscle cells in the 

synthetic phenotype can proliferate and migrate more than cells in the contractile 

state.  Additionally, the cells in the synthetic phenotype have a larger quantity of 

organelles that are associated with protein synthesis.  In contractile cells, the large 

quantity of protein synthesis-associated organelles is not present and instead, a 

myriad of contractile filaments are in the cell [16]. 

 Contractile smooth muscle cells express protein markers that are indicative of 

this phenotype.  For example, expression of the following markers is representative of 

the contractile phenotype: alpha-smooth muscle actin (α-actin), smooth muscle-

myosin heavy chain (SM-MHC), smoothelin-A/B, as well as a variety of other 

markers.  Presence of markers that are indicative of the synthetic phenotype is rare.  

Therefore, the disappearance of the contractile markers is used to indicate the 

synthetic phenotype.  The rate at which the markers disappear varies depending on 

the particular marker.  Thus, experiments looking at two markers are needed to 

discern one phenotype from the other, as well as collaborating data on cell 

morphology, proliferation, and migration [16].  Together, SM-MHC and smoothelin 

are good indicators of the contractile phenotype [16].   
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 Changes in arterial pressure, as well as shear stress experienced from blood 

flow, can result in the change of SMC phenotype and subsequent vessel remodeling.  

Additionally, the shear stress can cause the endothelial cells to release nitric oxide, 

which helps to coordinate the SMC response to the mechanical stress.  The increase 

in stretch of the SMC causes an increase in contractile proteins, an increase in 

collagen and fibronectin synthesis, as well as an increase in matrix degrading 

enzymes.  Overall, strain experienced by the SMC can result in the remodeling of the 

vessel wall [16]. 

Tunica Externa (Adventitia) 

 The outermost layer of the blood vessel is the tunica externa, which contains 

elastic and collagen fibers.  This tunica externa, also known as the adventitia, contains 

nerves and in the case of larger diameter vessels, vasa vasorum – small vessels that 

provide blood to the outer tissue wall.  Additionally, the tunica externa provides 

anchoring to the neighboring tissue [12].  The extracellular matrix (ECM) of the 

adventitia contains the following components: fibroblasts, blood vessels, lymphatic 

vessels, immune cells, and progenitor cells.  This outer vessel layer is capable of 

sensing and responding to signals from cells within the vessel, as well as in the 

nearby tissue.  Cells within the adventitia are usually the first cells to respond to 

stimuli and as such, play a vital role in regulating vessel wall function [17].  

Fibroblasts 

The fibroblast is the predominant cell type present within the adventitia of the 

blood vessel.  These cells typically display a flat, spindle-like morphology with 
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several processes that extend from the central cell body.  The fibroblasts are capable 

of secreting extracellular matrix proteins such as collagen and fibronectin, thereby 

providing the structural framework to the tissue [17, 18].    

Experimental models of systemic vascular injury and hypertension have 

shown extensive remodeling of the vasculature.  The fibroblasts in the adventitia of 

the vessel may be the first cells in the vessel wall to respond to the stimuli, such as 

the presence of hypertension.  Remodeling of the vessel adventitia is often 

characterized by excessive fibroblast proliferation, which occurs before the excessive 

endothelial and smooth muscle cell proliferation.  Additionally, experimental models 

for pulmonary hypertension have shown changes in the signaling pathways, increased 

response to pro-proliferative stimuli (i.e. hypoxia), as well as a pro-inflammatory 

phenotype (i.e. increased release of cytokines, adhesion molecules, and others) [17].  

Additionally, hypoxic conditions, as well as balloon injury, can increase procollagen 

messenger ribonucleic acid (mRNA) levels, which can lead to increases in collagen 

accumulation in the adventitia up to three months after the initial vessel injury [19].     

In response to vascular injury such as arterial balloon injury or hypertension, 

fibroblasts present within the vessel adventitial layer can alter their phenotype to 

express the smooth muscle cell markers, α-actin and vimentin.  This expression 

occurs after 3 days and can reach a maximum level after 1-2 weeks.  In contrast, 

smooth muscle cells in the medial layer of the vessel will lose the α-actin expression.  

After the transition of the fibroblasts to myofibroblasts in the vessel adventitial layer 

after injury from a balloon, the lumen of the vessel decreases (retracts) similar to that 

seen in wound healing and scar retraction.  The ability of the myofibroblasts to 
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remodel is due to the presence of the smooth muscle cell - α-actin [19, 20].   

Furthermore, fibroblasts can migrate from the adventitial layer through the media and 

then into the neointima following injury, such as that from balloon injury.  The 

increase in matrix metalloproteinases following vessel injury assists the migration of 

the fibroblasts to the neointima [20]. 

Platelets 

Platelets, anucleated cells, circulate in the blood throughout the body and 

originate in the cytoplasm of bone marrow megakaryocytes.  The platelets will 

circulate in the blood stream for 8-10 days before the spleen removes them.  Also, 

platelets contain actin, myosin, and thrombosthenin proteins, as well as an 

endoplasmic reticulum, Golgi apparatus, and mitochondria, which provide enzymes, 

adensoine triphosphate (ATP), and calcium for the platelets to utilize.  This allows the 

platelet to respond to the environmental conditions that it encounters as it traverses 

through the vasculature.  Under normal, healthy conditions platelets do not interact 

with the endothelial layer of a blood vessel [21].  However, when there is vascular 

injury, platelets will recruit additional platelets, as well as leukocytes to the area of 

injury to initiate the host response [22].   

Damage to the endothelial layer of the blood vessel, exposes the underlying 

connective tissue, namely collagen to the circulating platelets in the blood.  The 

platelet membrane contains glycoproteins (i.e. glycoprotein IIb/IIIa receptors) that 

can interact directly with an amino acid sequence of collagen – arginine-glycine-

aspartic acid.  Additionally, proteins that circulate in the blood, von Willebrand factor 

for example, can adhere directly to collagen and subsequently promote platelet 
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adhesion.  When the platelet adheres to the surface, the platelet contracts, forms 

pseudopodia, and flattens on the surface.  The platelet will then degranulate, releasing 

adenosine diphosphate (ADP) and thromboxane A2, which activates platelets and 

recruits them to the site of injury.  The newly recruited platelets will also degranulate 

and recruit additional platelets until a platelet plug is formed – covering the site of 

injury.  The coagulation cascade ends with the formation of fibrin, which consolidates 

the platelet plug and catches red blood cells ultimately forming a blood clot [21]. 

Translating Biology to a Tissue-Engineered Construct 

Overall, the native architecture of human blood vessels are composed of three 

distinct layers.  The innermost layer contains a monolayer of endothelial cells that 

provide protection from thrombosis, as well as assist in vascular tone regulation.  The 

middle layer is composed predominantly of smooth muscle cells and connective 

tissue.  This middle layer is capable of changing vascular tone to regulate blood flow 

and pressure.  The outermost layer, the tunica externa, contains collagen and elastic 

fibers, as well as nerves, small blood vessels, fibroblasts, and additional cells that all 

this layer to respond to signals from cells within the vessel or neighboring tissue.  The 

complex structure of the vessel must be taken into consideration when designing a 

tissue engineered construct.   

The field of tissue engineering seeks to translate the biology of a given tissue, 

in this case a blood vessel, into a scaffold structure that can support the viability and 

growth of vascular relevant cells [21].  In order to mimic the ECM of the native 

tissue, a scaffold must be constructed taking the previous biological design 

characteristics previously described into consideration.  Cardiovascular tissue 



 

 

41 

engineering offers an approach to fabricate a fibrous structure to mimic the ECM of 

the native tissue, namely electrospinning.     

Electrospinning – Theory & Parameters 

Electrospinning has received attention in the recent years for the fabrication of 

biocompatible and biodegradable scaffolds for a variety of biomedical applications –

the fourth approach to tissue engineering described in the preceding section.  

Applications for the electrospun scaffolds include tissue engineering, drug delivery, 

wound healing, as well as medical implants [23-25].  This process of electrospinning 

uses synthetic or natural polymers to yield continuous fibers that form a fibrous 

scaffolds, whose fiber diameters range from submicron to nanoscale [23-26].  The 

fundamental of electrospinning is based on the premise of uniaxial stretching of a 

viscoelastic solution.  Scaffolds produced by this method have a high surface area to 

volume ratio, as well as a high porosity and small pore sizes [24, 25, 27].  Generally, 

these scaffolds are designed to mimic the architecture in the extracellular matrix of 

native tissues, as well as to promote cellular attachment and proliferation [25, 28].   

The electric field is the driving force for the electrospinning process to occur.  

A syringe pump is used to extrude a polymer solution through a needle tip, where a 

high voltage is applied.  Like charges within the liquid repel while the oppositely 

charged forces within the liquid attract; therefore, the liquid experiences a tensile 

force from the grounded collector plate [24, 29, 30].  The solution starts as a droplet 

at the needle tip and changes shape from the hemisphere to a cone shape – a Taylor 

cone - as the voltage is increased.  The voltage becomes concentrated at the tip of the 
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cone.  When the critical voltage is reached, the surface tension of the droplet is 

overcome and is ejected into the electric field [24, 29]. 

As the solution jet increases in its distance from the needle tip, the jet 

diameter also decreases.  This leads to an uneven charge distribution within the jet.  A 

primary contributor of the decrease in fiber size from the micron to nanometer range 

is due to the presence of non-axisymmetric instability, which is due to the stretching 

of the jet at high frequencies.  After the straight jet segment, the jet has bending coils 

followed by additional bending coils that have an increasing radius.  Overall, there 

are three potential instabilities present during the electrospinning process.  Rayleigh 

instability is an axisymmetric instability, which is primarily governed by surface 

tension.  This instability is seen in a low electric field only if the applied electric field 

and the surface charge density are past a given threshold.  The second type of 

instability is an axisymmetric instability, known as the second axisymmetric 

instability.  In this instability, the electric field is higher than that seen in the Rayleigh 

instability.  The third instability, a bending or whipping instability, is a non-

axisymmetric instability that occurs at the highest electric field.  The second 

instability and the bending instability are caused by changes in the dipoles of the 

charge distribution.  The strength of the electric field directly relates to the level of 

instability present [24, 29]. 

Depending on the electrical charge utilized, branching or beading can be 

present in the yielded fibers.  When an uneven, large charge distribution is present on 

the jet, then undulations can form on its surface.  The undulations can become 

unstable, forming side branches from the main jet.   Fiber branching occurs when 
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concentrated or viscous solutions are used, as well as high electric fields (higher than 

the minimum required for electrospinning to occur).  Beaded fibers occur when the 

applied voltage is too low.  In this case, the capillary instability occurs causing the 

uniform diameter jet to break up into droplets [29]. 

As the jet travels from the needle tip and elongates on its journey to the 

collector plate, the solvent evaporates yielding charged fibers. Differences in relative 

humidity affect this process.  A higher relative humidity translates into a longer time 

for the solvent to evaporate in the solution jet; therefore, a longer time is present for 

the jet to be elongated, yielding thinner fibers.  Casper et. al showed that an increase 

in humidity during the electrospinning of polystyrene solutions showed small circular 

pores on the fiber surfaces.  As the humidity was continually increased, the pores 

started to coalesce [25, 31].  At low humidity, the solvent may evaporate very quickly 

from the needle tip, resulting in electrospinning for short periods of time and then 

subsequent needle clogging.  Electrospinning at higher humidity may favor the 

electrospining process, creating a more stable jet formation [25].     

Ambient temperature also affects the fiber formation ability during the 

electrospinning process.  In the spinning of polyamide-6 fibers over the range of 25-

60ºC, there was a decrease in fiber diameter with the correlating increase in the 

temperature.  This was attributed to the decrease in solution viscosity with the 

increase in ambient temperature, displaying the inverse relationship between 

temperature and viscosity [25, 32].   

When the fibers finally deposit on the collector plate, another instability 

occurs, namely buckling instability.  This buckling instability is a compressive force 
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from the solution jet hitting the solid collector surface.  This allows the laying of 

fibers in circles and figure eight structures on the collector surface [29].  With a 

stationary collector plate present, fibers are randomly deposited.  Modifications of the 

collector plate such as placement of a rotating mandrel can create fiber alignment [29, 

30, 33].     

The basic electrospinning set-up can also be modified to fabricate fibers with 

a core/shell structure.  Coaxial electrospinning utilizes a dual-capillary spinneret to 

form fibers that are in a core-shell structure.  Briefly, two syringe pumps are used to 

independently feed separate polymer solutions to the dual-capillary spinneret.  The 

solutions form a composite droplet at the spinneret tip, forming a Taylor cone.  The 

core/shell jet is formed when the surface tension of the droplet is overcome.   As 

described above, the jet experiences bending instability and stretching as the solvent 

evaporates similar to the electrospinning of single or blended solutions.  The core-

shell fibers are then collected on a grounded collector plate [30, 34]. 

Electrospinning Polymer-Solution Variables 

A variety of variables exist in electrospinning that can be manipulated to alter 

fiber dimensions and formation.  These variables include the following: tip-to-

collector distance, solution flow rate, solution concentration, applied voltage, inner 

diameter of the spinneret tip, and many others [25].  Solution concentration directly 

affects the ability of a solution to be electrospun.  Therefore, a minimum solution 

concentration with an appropriate number of chain entanglements is needed to form 

fibers.  If the solution is too dilute, then droplets will be present on the grounded 

collector plate [30].  Low solute concentration generally results in the formation of 
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beaded fibers.  As the concentration is increased, the beads change their shape from 

spherical to spindle until an optimum concentration is reached.  When the 

concentration is too high, larger, non-continuous fibers are formed due to the inability 

to maintain a continuous solution stream through the spinneret tip.   Surface tension 

and viscosity of the solution are factors that are important in determining the ideal 

material concentration [25].  Since concentration is directly related to viscosity, a 

very low viscosity (concentration) forms beads due to the prevalence of surface 

tension, as described previously.  Additionally, changes in concentration/viscosity 

relate to changes in fiber diameter.  For example, using a higher polymer 

concentration leads to larger fiber diameter [33].  

 Molecular weight of a polymer must also be taken into consideration when 

selecting a material to use in electrospinning.  A polymer that has too low of a 

molecular weight will form beads.  A higher molecular weight polymer is desired 

since this material will likely possess the proper viscosity required to electrospin 

fibers.  The higher molecular weight of a polymer indicates a higher chain 

entanglement, which directly relates to the solutions viscosity allowing a uniform jet 

to form at the spinneret tip [25]. 

 The conductivity (surface charge density) of the polymer is also an important 

parameter in jet formation, which can affect fiber diameter by 1-2 orders of 

magnitude [30].  The conductivity of a polymer solution is based on the type of 

polymer, solvent, and presence/absence of ionizable salts [25].  A highly conductive 

solution can carry larger charges than a low conductivity solution.  Solutions with low 

conductivities tend to form droplets and beads since the electrical force is insufficient 
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in elongating the jet to form uniform fibers.  This means that a higher conductive 

solution experiences a higher tensile force from the grounded collector than a lower 

conductive solution [30].  Increases in conductivity also tend to result in decreases in 

fiber diameter.  Salts (i.e. NaCl, KH2PO4, NaH2PO4) have been added to polymer 

solutions to increase conductivity and form uniformly shaped fibers [25]. 

Lastly, the particular solvent used plays a large role in the electrospinning 

process.  The solvent is needed to dissolve the given polymer, as well as to move the 

polymer molecules towards the collector plate.  Overall, solution properties such as 

surface tension and viscosity are factors in the fibers’ morphology and size.  The 

solvent must possess an appropriate evaporability to promote the formation and 

deposition of fibers on the grounded collector plate.  As the jet travels from the 

spinneret tip to the grounded collector plate, there is a phase separation present due to 

jet thinning.  The solvent must evaporate prior to the deposition on the collector plate; 

therefore, solvent vapor pressure is a critical factor [25].   

Electrospinning Process Parameters  

Equally important to the polymer and the polymer solvent selection, are the 

particular process parameters used for electrospinning, which include applied voltage, 

flow rate, and tip to grounded collector distance.  An increase in applied voltage tends 

to decrease the fiber diameter.  This is due to the increase in electrostatic repulsive 

forces on the jet.  The higher voltage stretches the jet more as a result of the increase 

in columbic forces and stronger electric field.  This ultimately results in a decrease in 

fiber diameter and an increase in solvent evaporation from the polymer solution [25]. 
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 The solution flow rate needs to be high enough to replace the solution/cone at 

the needle tip.  Generally, an increase in flow rate can leads to an increase in fiber 

diameter and pore size [30].  The flow rate of the polymer solution from the syringe 

must be at a rate that allows a sufficient amount of time for the solvent to evaporate.  

High flow rates tend to form beaded fibers, since the solvent does not have enough 

time to evaporate.  Fiber ribbons can form due to this incomplete fiber drying.  

Slower flow rates for electrospinning are more optimal [25, 30].  Tip to collector 

distance is another process parameter that must be taken into consideration when 

electrospinning.  An optimum tip-to-collector distance must be determined to ensure 

that the solvent has enough time to evaporate.  If the distance is too short or too long, 

then beads will be formed.  This distance can influence fiber diameter by an order of 

magnitude or two [25, 30].    

Biomaterials Used in Electrospinning 

Natural Polymers 

A variety of biomaterials have been investigated for their ability to be 

electrospun.  Studies have shown that a variety of materials can be electrospun, which 

include natural polymers, synthetic polymers, proteins, nucleic acids, and 

polysaccharides.  Natural polymers are an appealing option for electrospinning tissue 

engineered scaffolds due to the presence of cellular binding sites (such as RGD 

sequences – arginine-glycine-aspartic acid), which ultimately promote cellular 

attachment and proliferation.  Natural polymers that have been investigated for 

electrospinning include the following: collagen, gelatin, elastin, fibrinogen, and many 

others.   
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Collagen 

Collagen is the most common protein found in the human body accounting for 

approximately ¼ of total protein and is a key structural component to the extracellular 

matrix of tissue [35].  This natural material has several cell recognition sites and is 

chemotactic to cells [7].  Additionally, there are 20 different types of collagen that are 

triple helix in structure.  Fibrillar collagen involves collagen types I, II, III, V, and XI 

with types I, II, and III being the most abundant types.  Collagen I, III, and IV are the 

prominent collagen types that are involved with cardiovascular tissue engineering.  

Collagen I is present in the following components: bone, skin, dentin, cornea, blood 

vessels, fibrocartilage, and tendon [7, 36].  Collagen III provides the flexibility 

needed in blood vessels and is found in the skin, ligaments, blood vessels, and 

internal organs.  On the contrary, collagen IV – a non-fibrillar collagen- is a primary 

structural element in the basal lamina and basement membranes.  Therefore, collagen 

IV will then work in concert with fibrillar collagen to form microfibrils and structural 

networks.  Overall, collagen is important structural component in that it is capable of 

dissipating energy, transferring forces, decreasing early mechanical failures, as well 

as providing biological cues to nearby cells [36].  

Collagen is nonimmunogenic; therefore, it is an appealing material to use in 

tissue engineering applications [35].  There are concerns about collagen’s mechanical 

properties, handling ability, as well as its controlled biodegradability.  Various 

crosslinking agents such as 1-ethyl-3-(3-dimethylaminopropyl)-carbodiimide 

(EDAC) and N-hydroxysuccinimide (NHS) in amino acids (glycie, glutamic acid, 

lysine, etc.) have been investigated to overcome these shortcomings.  These 
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crosslinking agents seek to form chemical bonds between large molecular chains.  

The addition of lysine provided a more controlled collagenase biodegradation rate.  

The combination of collagen with another polymer or ceramic can also aid in 

overcoming these shortcomings [7].  Furthermore, for electrospinning purposes, 

collagen should not be dissolved in fluoroalcohols due to protein denaturation [35, 

37].  Other groups have investigated the use of phosphate buffered saline and ethanol 

as a solvent-system for dissolution of collagen.  This benign solvent system maintains 

the triple helix structure of the collagen during the electrospinning process [35, 38].   

Gelatin 

Gelatin is a natural polymer that is derived from collagen [23, 35, 39].  

Gelatin is fabricated through controlled hydrolysis and exists in two forms: Type A 

and Type B.  Type A Gelatin receives an acidic pretreatment when it is being 

extracted and processed, while Type B Gelatin receives a basic pretreatment.  The 

basic pretreatment converts glutamine to glutamic, as well as converts asparagine to 

aspartic acids.  Therefore, Type B Gelatin has a higher carboxylic acid content than 

its Type A counterpart [40].  Overall, this natural polymer contains a variety of 

functional groups, which include glycine, proline, glutamic acid, hydroxyproline, 

arginine, alanine, aspartic acid, and others [23].  Gelatin has a variety of advantages 

over synthetic polymers, which include biocompatibility, nonimmunogenicity, and 

commercial availability [39].   

For electrospinning purposes, gelatin can be dissolved in highly polar organic 

solvents such as hexafluoroisopropanol or trifluoroethanol to ensure formation of 

bead-free fibers, as well as prevent gelation of the gelatin solution.  Recent studies 
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have shown that gelatin can be dissolved in a benign solvent system composed of 

phosphate buffered saline and ethanol in a 1:1 mixture and used in electrospinning to 

form fibers free of deficiencies [41].  Additionally, gelatin scaffolds are difficult 

scaffolds to handle [28].  Gelatin scaffolds are hydrophilic and must be crosslinked to 

ensure that they are stable in an aqueous environment [25]. 

Elastin 

Elastin, a primary structural component of vascular extracellular matrix, has 

gained use in tissue engineering applications due to its contribution of elastic recoil in 

skin.  Elastin is also found in the walls of arteries, veins, ligaments, lungs, 

parenchyma, and intestines [35].   Elastin, an insoluble protein, is formed from the 

process of elastogenesis in vascular smooth muscle cells, endothelial cells, 

chondrocytes, and fibroblasts.  Elastogenesis begins with the formation of the 

precursor molecule tropoelastin – a non-glycosylated and hydrophobic protein.  

Tropoelastin binds to galactolectin, an elastin binding protein, in order to protect the 

molecule from proteolytic degradation and intracellular aggregation.  Tropoelastin is 

bound to the elastin binding protein until it moves into the extracellular area.  There, 

through a series of interactions, elastin binding protein dissociates from the 

tropoelastin and the tropoelastin then progresses through elastogenesis to form the 

elastin molecule [36].    Overall, the use of tropoelastin in tissue engineering 

applications allows the mechanical properties to be modulated which in turn can 

influence cellular properties such as attachment and growth [35].  
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Silk Fibroin 

 Silk is a natural protein that has been widely used in medical sutures and has 

been gaining applicability in tissue engineering.  This material will degrade naturally 

in the body through proteolytic degradation into amino acids.  The majority of the 

mechanical strength will be lost between 6 months and 1 year post-implantation.  This 

degradation and strength loss depends on the location of implantation.  Silk fibroin, 

used in tissue engineering, is produced by insects and spiders in two proteins, which 

are a sericin protein and 325 kDa fibroin filament.  The fibroin filament provides the 

mechanical strength while the sericin protein provides the glue needed to hold fibers 

together.  For in vivo applications, the sericin protein is removed due to the fact that it 

elicits an adverse immune response.  Tissue engineering has investigated the use of 

this material for ligaments as well as vascular graft applications [36].  Overall, silk 

has been noted to have high biocompatibility, biodegradability, favorable mechanical 

properties, as well as limited inflammatory response [35]. 

Synthetic Polymers 

Polyvinyl Alcohol 

 Synthetic polymers are often used in electrospinning due to their appealing 

mechanical properties.  Examples of synthetic polymers that have been investigated 

include, but are not limited to, polyvinyl alcohol, polycaprolactone, polylactic acid, 

polyglycolic acid, polyurethane, and polystyrene.  Polyvinyl alcohol is a synthetic, 

semicrystalline polymer that can be electrospun from an aqueous solution into 

nanofibrous mats [23, 28].  Due to its biocompatibility and biodegradability, 

electrospun polyvinyl alcohol has been used as tissue engineered scaffolds, as well as 



 

 

52 

in wound closure applications.  Despite these advantages, PVA lacks cellular 

recognition sites, which means that the bioactivity of this polymer is limited [28].   

PVA is highly hydrophilic; therefore, crosslinking is required to decrease its water 

solubility as well as alter its mechanical properties [26].  To increase the bioactivity 

of PVA fibers, gelatin is incorporated into the PVA solution to create blended fibers 

[23, 42].   

Polycaprolactone (PCL) 

 Polycaprolactone is a hydrophobic polymer that has been widely used in a 

variety of tissue engineering applications for its appealing mechanical properties.  

PCL is an inexpensive elastic polymer that has a slow degradation time – on the order 

of 1 to 2 years [33].  Electrospun PCL garland-like fibers have been fabricated using a 

14-18 wt% solution with acetone as the solvent [33, 43].  For bone tissue engineering, 

Yoshimoto et al. electrospun PCL fibers using a 10 wt% solution with chloroform as 

the solvent [33, 44].  Additionally, a tissue-engineering vascular graft was fabricated 

using PCL in a 1:1 solvent system of chloroform and methanol [33, 45].      

Despite promising mechanical properties, the hydrophobic nature of the 

polymer limits its cellular adhesion.  Therefore, engineers have incorporated 

biocompatible polymers such as collagen or gelatin to create blended fibers to 

increase the overall biocompatibility [46, 47].  The presence of collagen in the PCL 

nanofibers provided an increase in water affinity, including alterations in water 

contact angle and water uptake.  Therefore, these blended nanofibers of collagen and 

PCL had an increase in osteoblast adhesion and proliferation.  Additionally, 

osteoblasts on the PCL-collagen blended fibers showed greater expression of bone-
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associated genes such as osteopontin, collagen type 1, and alkaline phosphatase using 

real-time polymerase chain reaction [47].  In a study completed by Chong et. al., 

electrospun PCL/gelatin blended fibers showed favorable fibroblast proliferation for 

wound healing and dermal applications [48].  These studies show that the 

combination of biological or naturally occurring polymers with synthetic polymers 

provides favorable mechanical properties from the synthetic polymer while providing 

the biological properties from the naturally occurring polymer. 

Polyglycolic Acid (PGA) 

 Polyglycolic acid, an aliphatic polyester, has been widely used in a variety of 

biomedical applications, including sutures.  This material has decent mechanical 

properties, mid-range crystallinity (46-52%), as well as low solubility in organic 

solvents.  

PGA undergoes hydrolytic degradation in the body, which is attributed to the 

material’s 60% loss in mechanical properties during the first two weeks.  The 

degradation products cause a local decrease in the pH, as well as a change in 

crystallinity.  The glass transition temperature of PGA is near physiological 

temperature; therefore, the movement of water molecules through the material, as 

well as the hydrolysis process occur more readily at this temperature or higher [33]. 

 Electrospun PGA fibers have been fabricated using 1,1,1,3,3,3-hexafluoro-2-

propanol (HFP) with fiber diameters in the range of 1.5 microns to 200 nm.  Fiber 

diameter can be controlled using changing solution concentrations and process 

parameters as previously described [33, 49, 50].  Changing the orientation of the PGA 

fibers (i.e. random vs. aligned or a combination) can lead to changes in the 
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mechanical properties seen in the yielded scaffolds.  Studies examining the 

mechanical properties and fiber diameter/orientation correlation showed that the 

decrease in fiber diameter yields a quicker loss in mechanical properties when the 

material is degrading [33, 49].  The high degradation rate is directly related to the 

increase in acidity in the area near the polymer.  Therefore, the nearby area needs to 

have a buffering ability and/or the capability to quickly move the acidic degradation 

products [33, 51]. 

Poly-L-Lactic Acid (PLLA) 

 PLLA is a synthetic polymer that has also been investigated as a potential 

tissue-engineering scaffold.  PLLA is formed from the hydrolysis of polylactic acid 

(PLA), an aliphatic polyester.  PLLA is the chosen optical isomer utilized for many 

tissue-engineering applications since its present naturally in the human metabolic 

pathways.  The monomer in PLA consists of a methyl group, which contributes the 

following properties to the material: higher hydrophobicity, higher solubility in 

organic solvents (due to increased steric hindrance), and slower hydrolysis (30-50 

weeks) when compared to PGA [33].      

For a potential vascular engineering application, PLLA fibers were 

electrospun and coated with chitosan/heparin.  Chitosan has an analogous structure to 

glycosaminoglycan, a component of extracellular matrix in blood vessels.  

Additionally, heparin has been used in vascular grafts and other vascular applications 

due to its ability to prevent thrombus.  Cellular studies showed favorable smooth 

muscle cell growth on fibers that were not coated with chitosan/heparin while 

endothelial cells had higher growth on the coated fibers [52].  In a study completed by 
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Jaiswal et. al.,  PLLA and gelatin blended fibers were fabricated for bone tissue 

engineering applications.  These fibers were subsequently treated using 

hydroxyapatite (HA) mineralization and viability tested using human osteosarcoma 

cells.  These blended fibers with HA showed better osteostimulation and a low 

immune response [53].  

Copolymers (PLCL) 

 Furthermore, copolymers can also be used to assist in tailoring the properties 

of the resulting scaffolds.  For example, a hydrophilic polymer segment can be added 

to a hydrophobic polyester to increase its bioactivity (promotion of cellular 

attachment and proliferation).  The hydrophobic polyester, alone, has good 

mechanical properties, but lacks the cellular attachment sites.  Therefore, addition of 

the hydrophilic polymer segment increases cellular attachment.  In addition to 

bioactivity, pore size, morphology, and biodegradability can also be modified through 

the use of a copolymer [25].   

Electrospinning of poly(L-lactide-co-ε-caprolactone) (PLCL) has been 

executed based on the attained elasticity of the underlying scaffolds.  Using a 75 to 25 

ratio of L-lactide to epsilon-caprolactone, electrospun fibers have been successful 

fabricated.  With an increase in voltage or a decrease in concentration, fiber diameter 

has subsequently declined.  Smooth muscle cells and endothelial cells have shown 

adherence and continued proliferation on these nanofiber scaffolds [54, 55].  

Additional studies have investigated the phenotype of smooth muscle cells on 

electrospun PLCL scaffolds in a pulsatile perfusion bioreactor and those cultured on 

PLCL scaffolds under static conditions.  SI et. al. reported an increase in alpha-actin 
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by 2.5 times for cells cultured using the mechanical stimulation than the static 

condition; therefore, the perfusion bioreactor maintains the differentiated cell 

phenotype [56, 57].   

Gelatin can be incorporated into the PLCL copolymer solution to create 

blended fibers.  As the gelatin content in the PLCL copolymer fibers increased, the 

Young’s modulus increased and the strain at failure decreased proportionally.  The 

blended solution containing 9 PLCL: 1 gelatin showed an enhanced cellular 

proliferation.  Therefore, the enhanced cellular biocompatibility shown with the 9 

PLCL: 1 gelatin fibers can be attributed to the mechanical strength of the underlying 

substrate and the cytocompatibility of gelatin [56].  Additionally, Xu et. al. evaluated 

the use of P(LLA-CL) (75:25) copolymer scaffolds for use in blood vessel tissue 

engineering.  This study showed smooth muscle cell growth and alignment along the 

fiber direction, as well as increased growth on the P(LLA-CL) nanofibers over the 

corresponding film [58].    

Copolymers (PLGA) 

 The biodegradable copolymer poly(lactic-co-glycolic acid) (PLGA) have also 

been electrospun [59].  You et. al. electrospun PLGA nanofibers using a 15 wt% 

solution of PLGA in chloroform or 1,1,1,3,3,3-hexafluoro-2-propanol (HFIP).  The 

average fiber diameter of the fibers formed using HFIP (270 nm) were much smaller 

than the nonpolar chloroform solvent (760 nm).  This study concluded that the 

average fiber diameter decreases with the increase in solvent conductivity or 

dielectric constant of the PLGA solution [60].  PLGA nanofibers were evaluated by 

Bini et. al. for use in nerve tissue engineering.  Cellular studies indicate that nerve 
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stem cells grow and differentiate into neuritis along the direction of fibers [61].  

Additionally, Puppi et. al. have electrospun PLGA nanofibers with a drug 

incorporated and studied the release profile.  Retinoic acid, a natural material, plays a 

role in cell division, differentiation, and ultimately cell fate, were incorporated into 

each fiber.  Results indicate formation of fibers free of deficiency as well as a 

sustained release profile of retinoic acid in comparison to the release profile from 

PLGA films [59].  Overall, scaffolds composed of one or several of these materials 

previously described have been investigated for their efficacy in a variety of 

applications.  For cardiovascular tissue engineering, it is vital to evaluate these tissue-

engineered constructs in the presence of relevant cell types.  In addition to cells that 

are present in the vasculature such as the endothelial cell, smooth muscle cell, and 

fibroblast, it is important to evaluate the tissue-engineered construct with stem cells 

that are capable of differentiating either in vitro or in vivo into cells relevant to the 

given application.  Stem cells exist in various locations and are a potential cell source 

for cardiovascular tissue engineering applications. 

Additional Cell Sources – Stem Cells 

Bone Marrow Mononuclear Cells 

The fraction of cells present in the bone marrow consists of the following cell 

types: late-outgrowth endothelial precursor cells (EPC), early-outgrowth EPC, mature 

endothelial cells, mesenchymal stem cells (MSC), hematopoietic stem cells, 

monocytes, CD4+ T cells, CD8+ T cells, B cells, natural killer cells, etc.  Two 

methodologies have been investigated to utilize these cells for vascular tissue 

engineering.  First, the cells can be differentiated into vascular cell lines prior to 
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implantation of the graft.   By differentiating the stem cells first, smooth muscle cells 

and endothelial cells can be implanted on the scaffold/graft.  Second, the 

undifferentiated cells can be implanted directly without differentiating them first.  

This second approach does not require lengthy periods of cell culture to allow for cell 

population expansion and differentiation.  Additionally, grafts composed of 

endothelial cells and smooth muscle cells have been obtained using this method.  

Matsumura et al. showed that continued patency for two years in a dog of a poly-e-

caprolactone and poly-L-lactic acid scaffold pre-seeded with mononuclear cells and 

implanted in the inferior vena cava.  This scaffold was composed of endothelial cells 

and smooth muscle cells, thereby indicating the differentiation of the mononuclear 

cells to vascular cell lines in vivo [62].    

Mesenchymal Stem Cells – Bone Marrow 

 Mesenchymal stem cells can be harvested from the bone marrow of the iliac 

crest.  These cells are isolated from bone marrow mononuclear cells by plating to 

remove non-attached cells or via cell sorting using surface markers.  Bone marrow 

mesenchymal stem cells comprise only 0.01% of the mononuclear cells. These 

quantities, as well as the ability of the cells to differentiate into different cell types, 

decrease as an individual ages [62, 63].  

Bone marrow-derived stem cells have the ability to differentiate into 

adipogenic, osteogenic, and chrondrogenic cell lines, which has been shown in vitro.  

Varying conditions in the cell culture, as well as the underlying scaffold and 

mechanical forces can lead the stem cells to differentiate into vascular phenotypes.  In 

a study completed by Zhao et al., bone marrow-derived stem cells were seeded onto a 
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decellularized scaffold and differentiated into endothelial cells and smooth muscle 

cells.  In order to obtain the endothelial cell line, the DMEM (Dulbecco’s Modified 

Eagle Medium) was supplemented with fetal bovine serum, glutamine, penicillin-

streptomycin, vascular endothelial growth factor, basic fibroblast growth factor, and 

ascorbic acid.  To obtain the smooth muscle cell line, the DMEM was supplemented 

with the following components: fetal bovine serum, penicillin-streptomycin, insulin, 

and transforming growth factor – β1.  When the construct was implanted into a sheep 

model, the tissue-engineered blood vessel was patent for 5 months.  In contrast, the 

unseeded control occluded after 2 weeks [62, 64].      

Mesenchymal Stem Cells – Adipose 

 Mesenchymal stem cells can also be harvested from fat tissue, which typically 

can be done via liposuction.  Approximately 100,000 to 1 million adipose-derived 

stem cells are harvested from one gram of fat.  Depending on the particular method 

for harvesting the cells, the doubling time of the yielded population may vary.   For 

example, cells that are harvested using ultrasound liposuction have a higher doubling 

time than cells that are harvested using resection or tumescent liposuction [62].   

Adipose-derived stem cells have also been shown to differentiate into different cell 

types such as adipocytes [65-67], osteoblasts [68, 69], chondrocytes [70, 71], and 

neurons [72-74].  Additionally, these cells have shown the plasticity to differentiate 

into endothelial cells and smooth muscle cells.  Adipose-derived stem cells can 

differentiate into a contractile smooth muscle cell phenotype through exposure to 

transforming growth factor - β1 and sphingosylphosphorylcholine [62].       
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Mesenchymal Stem Cells – Skeletal Muscle 

 Mesenchymal stem cells can also be harvested from skeletal muscle.  Skeletal 

muscle comprises approximately 30-40% of the body; however, mesenchymal stem 

cells are rare in this tissue location consisting of only 1 stem cell per 100,000 cells in 

the muscle tissue.  Despite the low population present in skeletal muscle, the stem 

cells harvested from this location can be passaged approximately 250 times without 

significantly altering the cellular characteristics [62].  Studies have also investigated 

using stem cells harvested from the skeletal muscle and shown promising results.  

Scaffolds seeded with these stem cells after 8 weeks implanted into as an abdominal 

aortic interposition graft have shown high patency, no dilation, a confluent 

endothelial layer, and smooth muscles present within the graft [75].     

Endothelial Precursor Cells 

 Endothelial precursor cells (EPC) can be harvested from bone marrow, 

peripheral blood, and umbilical cord blood, as well as can differentiate into 

endothelial cells.  EPC derived from each location are not identical.  For example, 

cord-blood EPC can form stable vascular networks, whereas bone marrow EPC are 

not capable of this.  There are several times more EPC present in cord blood than in 

peripheral blood.  Additionally, these cells can be more readily harvested than 

endothelial cells and have been investigated as potential replacements for them.  

Despite the phenotype of the EPC overlapping with hematopoietic stem cells and 

endothelial cells, EPC can be classified based on culturing times.  Early-outgrowth 

EPC have been cultured for 4-7 days from mononuclear cells and have a spindle-like 

morphology similar to monocytes.  In contrast, late-outgrowth EPC are cultured from 
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mononuclear cells for 7-21 days and have a more cobblestone morphology similar to 

endothelial cells.   EPC proliferation can be increased when exposed to 

thrombopoietin or basic fibroblast growth factor [62].   

Conclusion 

   The field of tissue engineering provides a variety of techniques to create a 

construct for a myriad of applications.  Tissue engineering approaches include use of 

a hydrogel/semi-permeable membrane, cell culture and secretion of an extracellular 

matrix, creation of de-cellularized tissues, as well as fabrication of a scaffold that 

mimics the native extracellular matrix.  Electrospinning provides a valuable approach 

that fabricates fibers on the micro- to nano- scale capable of mimicking the native 

structure of the extracellular matrix of human tissues.  Various combinations of 

synthetic and natural materials can be utilized and chemical components such as 

growth factors and proteins incorporated to better match the in vivo tissue.  Lastly, 

relevant cells such as fibroblasts, endothelial cells, smooth muscle cells, platelets, and 

stem cells can be tested on the constructs to better elucidate the interaction of these 

cells with the scaffolds when placed in the body.  Ultimately, tissue engineering 

provides an appealing alternative for the fabrication of tissues that mimic the native 

extracellular matrix of human tissues. 
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Chapter 2: Research Objectives 

Project Significance 

 Coronary heart disease (CHD) is responsible for 49% of the cardiovascular 

attributed deaths, accounting for 1 in 6 deaths in the United States.  Additionally, an 

American experiences a coronary event every 34 seconds [1].  Patients that have 

narrowing of the coronary arteries can present with chest pain or shortness of breath.  

Percutaneous coronary intervention (PCI) expands a balloon and deploys a stent in 

the area of plaque accumulation to increase blood flow to the downstream heart 

muscle.  Restenosis occurs in bare metal stents due to neointimal hyperplasia, which 

is attributed to smooth muscle cell proliferation and migration to the vessel lumen.  In 

an effort to decrease smooth muscle cell proliferation and migration to the vessel 

lumen, drug-eluting stents elute Paclitaxel or Sirolimus over time.  Despite the 

decrease in restenosis compared to bare metal stents (8% vs 43%), the non-specific 

effect on cellular proliferation, drug-eluting stents can have late stent thrombus due to 

the lack of re-endothelialization of the vessel lumen [76]. If not treated properly, the 

coronary vessel can become completely occluded from neointimal thickening or 

thrombotic occlusion, leading to myocardial infarction and even death.  In this 

project, we are proposing a novel nanofibrous material for vascular tissue engineering 

applications.  As such, the material promotes the re-endothelialization of the vessel 

lumen while minimizing platelet deposition and activation. 
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Summary & Specific Aims of the Dissertation 

I. Fabrication, Characterization, and Biocompatibility Evaluation of Coaxial 

Electrospun Scaffolds 

Overall Approach 

Electrospinning is a fabrication technique that creates fibrous scaffolds in 

which growth factors, proteins, drugs, and a variety of other items can be 

incorporated in order to tailor the scaffold to meet the needs of a particular 

application.  In this study, we utilized coaxial electrospinning to fabricate nanosized 

fibers with a core-shell structure.  Gelatin, a natural polymer derived from collagen, 

has strong biological properties while polyvinyl alcohol (PVA), a synthetic polymer, 

has appealing mechanical properties.  Therefore, placement of the gelatin in the shell 

with PVA in the core utilizes each material to create a composite material that has 

strong biological and mechanical properties.   For comparison, electrospun scaffolds 

composed solely of gelatin or PVA were also fabricated.  Our overall hypothesis is 

that the fabrication of nanofibers via coaxial electrospinning of two differing 

materials (gelatin and PVA) will allow the generation of fibers that may be tuned to 

provide properties reflective of each component material including the potential for 

generation of new enhanced properties.  To test this hypothesis, scanning electron 

microscopy (SEM) and transmission electron microscopy (TEM) were utilized to 

validate fiber morphology and core-shell structure of the coaxial nanofibers, 

respectively.  To chemically characterize the scaffolds, Fourier transform infrared 

spectroscopy (FTIR) was completed to determine any chemical interactions between 

the gelatin and PVA in the coaxial nanofibers.  To mechanically characterize the 
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scaffolds, the fiber mats were pulled in tension until failure using a dynamic 

mechanical analyzer (DMA).  Last, a biocompatibility evaluation was completed 

using NIH 3T3 fibroblasts to determine the scaffolds ability to support cellular 

viability and growth.  This initial biocompatibility evaluation is vital to determine the 

potential of these electrospun scaffolds for tissue engineering applications. 

Electrospinning 

 Various parameters influence the formation of deficiency-free fibers, which 

include applied voltage, needle tip-to-collector distance, solution flow rate, polymer 

concentration, needle tip diameter, relative humidity, and ambient temperature.  The 

high direct current (DC) voltage applied to the needle tip provides the driving force 

for fiber formation.  In short, the syringe pump extrudes the polymer solution at a 

constant rate through the needle tip, where the high DC voltage is applied.  After 

being ejected from the needle tip, the solution jet elongates and thins as the solvent 

evaporates during its travel to the grounded collector.  This standard electrospinning 

set-up uses a single or blended polymer solution to fabricate a scaffold.  

 The standard electrospinning set-up can be modified to form fibers that have a 

core-shell structure.  The core-shell fibers are fabricated from two separate single or 

blended polymer solutions.  In this study, we seek to electrospin coaxial nanofibers 

that have gelatin in the shell and PVA in the core of each fiber.  Therefore, the 

nanofibers have the structural benefit of PVA in the core and the biological benefit of 

gelatin in the shell.  Two coaxial combinations were electrospun: 1) equal flow rates 

of gelatin and PVA (1 Gel: 1 PVA coaxial), and 2) gelatin flow rate equal to three 

times the flow rate of PVA (3 Gel: 1 PVA coaxial).  Once the fibers were formed and 
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collected, the scaffolds were crosslinked with glutaraldehyde vapor to ensure that 

they were stable in an aqueous environment. 

Morphology & Chemical Characterization 

 In order to verify that fibers were formed without any deficiencies, scanning 

electron microscopy (SEM) was completed for each of the scaffolds fabricated 

(gelatin, PVA, 1 Gel: 1 PVA coaxial, and 3 Gel: 1 PVA coaxial).  From the SEM 

images, the fiber diameter distribution and pore size can be calculated.  Differences in 

fiber diameter and pore size can affect cellular response, as well as mechanical 

properties of the scaffold.  Additionally, transmission electron microscopy (TEM) on 

the coaxial electrospun nanofibers was completed to validate that the core-shell 

structure was present. 

 Fourier transform infrared spectroscopy (FTIR) was completed to verify that 

the characteristic peaks of gelatin and PVA were present in the coaxial nanofibers’ 

spectra, as well as to determine if there is any chemical interaction between gelatin 

and PVA at the interface.  Furthermore, a comparison between the crosslinked and 

non-crosslinked gelatin, as well as the crosslinked and non-crosslinked PVA was used 

to determine if any structural changes occured during the crosslinking process.    

Mechanical Characterization 

 Mechanical characterization is important in determining if a given polymer 

scaffold is capable of meeting the demands of the desired location.  Mechanical 

testing using a dynamic mechanical analyzer (DMA) tested the scaffolds in tension 

until failure.  This stress-strain data was used to calculate the ultimate strength, 
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Young’s modulus, and strain at failure of each crosslinked electrospun scaffold 

(gelatin, PVA, 1 Gel: 1 PVA coaxial, and 3 Gel: 1 PVA coaxial).  The stress-strain 

curves of aligned nanofibers were also calculated to ensure that any trends observed 

were not due to any differences in porosity, fiber diameter, or pore size, as well as 

validate any trends.  Lastly, reverse coaxial scaffolds with PVA in the shell and 

gelatin in the core were also fabricated and mechanically tested in tension until 

failure.  Fabrication and mechanical testing of these reverse coaxial fibers were able 

to discern any potential interaction occurring between gelatin and PVA during the 

electrospinning process.  If a chemical interaction was occurring between the gelatin 

and PVA at the interface of the core and shell, then the mechanical properties of these 

reverse coaxial fibers would be similar to the coaxial fibers with gelatin external.  If 

the mechanical properties of the reverse coaxial fibers were similar to the PVA fibers, 

then there was likely shielding occurring from the gelatin shell during the 

electrospinning process – allowing the molecular alignment of PVA chains in the 

fiber core.     

Biocompatibility Evaluation 

 The biocompatibility of the electrospun scaffolds was assessed using NIH 3T3 

fibroblasts.  The determination of the coaxial scaffolds ability to support cellular 

viability, adhesion, and growth is paramount for a scaffold to be utilized for a variety 

of tissue engineering constructs.  First, cellular viability was assessed using a 

live/dead assay.  Next, cellular proliferation over 7 days in culture was evaluated 

using a MTT (thiazolyl blue tetrazolium bromide) assay.  Lastly, an adhesion assay 

was completed to evaluate cellular retention to the underlying scaffold structure.   
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II. Evaluation of Coaxial Electrospun Scaffolds for Vascular Applications Using 

Smooth Muscle Cell & Endothelial Cells  

Overall Approach 

 In order to study the effect of coaxial electrospun scaffolds on smooth muscle 

cells and human umbilical vein endothelial cells (HUVEC), determination of cellular 

viability, morphology, adhesion, proliferation, and migration of each cell type on the 

scaffolds was completed.  First, cellular viability and morphology were ascertained to 

ensure that the coaxial fibers are feasible options for vascular applications.  Cellular 

adhesion is an important attribute for scaffolds, especially those in the presence of 

flow.  Therefore, we determined the ability of the cells to adhere to the fibers under 

shear.  In this adhesion assay, we utilized a centrifuge to simulate the shear 

conditions.  Additionally, cellular proliferation over 7 days was assessed to ensure 

continued growth of the cells on the underlying construct for each cell type.  To study 

cellular migration, we used a non-injury assay to determine outward cellular 

movement after several time points up to 72 hours.     

Cellular Morphology & Viability 

 Cellular morphology and viability on the electrospun scaffolds (gelatin, PVA, 

1 Gel: 1 PVA coaxial, and 3 Gel: 1 PVA coaxial) is paramount for the use of the 

fibers for tissue engineering applications.  Cellular viability was assessed using a 

lactacte dehydrogenase (LDH) assay in which the LDH enzyme leaked out of the 

damaged plasma membrane into the cell culture media.  This assay utilized the LDH 

enzyme to catalyze the conversion of lactate to pyruvate using the reduction of NAD+ 
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to NADH.  Next, the assay used the yielded NADH, as well as diaphorase to reduce 

tetrazolium salt to red formazan product.  The absorbance of the resulting solution 

was then measured at 490 nm using a spectrophotometer.  Overall, this assay 

determined cellular toxicity/viability in the presence of electrospun scaffolds (gelatin, 

PVA, 1 Gel: 1 PVA coaxial, and 3 Gel: 1 PVA coaxial).  Cellular morphology was 

assessed by fixing and imaging the cells after incubation on the scaffolds for 24 

hours.  Scaffold surfaces should promote the cells to have a flattened morphology 

with multiple attachment sites.       

Cellular Adhesion & Proliferation 

 Cellular adhesion on the electrospun scaffold surface is vital for a tissue-

engineered scaffold especially in applications that experience shear.  Smooth muscle 

cells or endothelial cells were seeded onto the scaffold and incubated for 24 hours.  

After the incubation, the scaffolds with the cells attached were placed in a rapid 

prototyped tray, submerged in media within a 15 mL Falcon tube, and put into a 

centrifuge at 57g or 514g.  The percentage of cells retained on each surface for each 

cell type was then calculated. 

 The characteristics of the underlying electrospun fiber scaffolds including but 

not limited to fiber diameter, pore size, porosity, and mechanical properties of the 

scaffolds influence cellular response.  Cellular proliferation on each of the scaffold 

surfaces was assessed on day 1, day 3, day 5, and day 7 after initial cell seeding in 

order to determine cellular response to the underlying fibers.  Ultimately, we aim to 

calculate the influence of the electrospun fiber surface on cellular growth in 

comparison to the tissue culture plate, as well as the gelatin film surface.       
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Cellular Migration 

 Assessment of cellular migration on tissue-engineered constructs is pivotal for 

vascular applications.  For the stent-graft application, the scaffold construct must 

minimize restenosis from excessive smooth muscle cell proliferation and migration 

while promoting the re-endothelialization of the vessel lumen.  Cellular migration 

was assessed using a non-injury cylinder assay in which smooth muscle cells or 

endothelial cells were seeded into the center of a hollow cylinder, which was placed 

on the scaffold surface.  After the cells were seeded and attached to the scaffold 

surface, the hollow cylinder was removed, and the cells were allowed to migrate 

outward for up to 72 hours.  After migration, the cells were fixed and stained so the 

percent outward migration could be calculated.  

III. Hemocompatibility Evaluation of Platelets on the Coaxial Electrospun 

Nanofibers 

Overall Approach 

 Platelet deposition and activation needs to be assessed for tissue-engineered 

constructs that come into direct contact with blood.  In this study, we sought to 

understand the response of platelets on the coaxial electrospun scaffolds.  Surface 

roughness plays a role in platelet activation; therefore, calculation of fiber surface 

roughness was completed.  To determine platelet deposition, we incubated platelets 

under static conditions on the electrospun surfaces and then calculated the number of 

platelets present per scanning electron microscopy image (3000x).  Next, we 

evaluated deposition of mechanically or chemically activated platelets on the 
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electrospun scaffolds.  The coaxial electrospun scaffolds promoted the proliferation 

and migration of cells; therefore, platelet deposition with the scaffolds pre-seeded 

with smooth muscle cells or endothelial cells was also evaluated.  Platelet deposition 

under low shear flow was then evaluated to mimic in vivo flow conditions.  Lastly in 

order to determine platelet activation, we used a modified prothrombinase assay that 

calculated the rate of thrombin formation.  In this assay, the rate of thrombin 

formation was directly related to activated platelets.   

Fiber Surface Roughness 

 Fiber surface roughness plays a role in platelet activation.  Therefore, it is 

important to determine the surface roughness of each nanofiber, which comes into 

direct contact with the platelets.  The surface roughness of nanofibers of each scaffold 

type (gelatin, PVA, 1 Gel: 1 PVA coaxial, and 3 Gel: 1 PVA coaxial) was determined 

using atomic force microscopy (AFM).  Using the microscope software, individual 

fibers were isolated on the image to determine the surface roughness (Ra) of each 

nanofiber.   

Platelet Deposition 

 Platelet deposition on the electrospun scaffolds was determined from counting 

the platelets deposited on the scaffold surface per scanning electron microscopy 

(SEM) image (3000x magnification).  Platelets were incubated under static conditions 

for 4 hours prior to fixation and imaging.  For these experiments, deposition on the 

coaxial electrospun scaffolds (1 Gel: 1 PVA coaxial and 3 Gel: 1 PVA coaxial), as 

well as fibers composed of gelatin or PVA was completed.  Next, platelets were 



 

 

71 

mechanically or chemically activated prior to incubation on the scaffolds.  After 

incubation, the platelets/scaffolds were fixed and imaged as previously described.  

Mechanical activation of platelets was completed using a hemodynamic shearing 

device while chemical activation was achieved using ADP (adenosine diphosphate).  

Since materials in the vasculature experience low shear from the blood flow, platelet 

deposition under low flow conditions is paramount.  A low shear, flow chamber was 

utilized to execute these experiments.        

Platelet Activation 

 Platelet activation in response to the electrospun scaffolds was assessed using 

a modified prothrombinase assay that measured the rate of thrombin formation.  In 

this assay, platelets were incubated on the electrospun scaffold at a concentration of 

20,000 platelets/µl.  Activated platelets in the presence of Factor Xa and calcium, 

formd a prothrombinase complex that catalyzed the conversion of prothrombin 

(Factor IIa) to thrombin.  Acetylated Factor II was utilized to inhibit the positive 

feedback that thrombin had on platelets; therefore, there was a 1:1 correlation 

between activated platelets and the amount of thrombin generated.  The modified 

prothrombinase assay was repeated with the addition of fibrinogen, a platelet 

activator, during the incubation of platelets on scaffolds.  Fibrinogen was added to the 

platelets to better mimic in vivo conditions, where fibrinogen levels are elevated after 

injury.        
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IV. Evaluation of the Coaxial Electrospun Scaffolds for Tissue Engineering 

Applications Using Adipose-Derived Stem Cells 

Overall Approach 

 Based on the promising results obtained with the human umbilical vein 

endothelial cells (HUVEC) and smooth muscle cells (SMC), we sought to evaluate 

the potential of these scaffolds to support adipose-derived stem cell (ADSC) viability, 

adhesion, growth, and migration.  Adipose-derived stem cells are capable of 

differentiating into a variety of cell lines including osteoblasts, chondrocytes, 

adipocytes, and others.  Therefore, promising results obtained for the ADSC on these 

coaxial electrospun scaffolds indicate the potential of these fibers to be utilized for a 

variety of tissue engineering applications.  To complete the biocompatibility 

evaluation of ADSC on the coaxial electrospun scaffolds, cellular morphology and 

viability was assessed using SEM and a LDH assay, respectively.  Next, cellular 

adhesion/retention was completed.  Cellular proliferation was also determined using a 

MTT assay over 7 days in culture.  Lastly, cellular migration on the electrospun 

scaffolds was evaluated using a non-injury cylinder assay.    

Cellular Morphology & Viability 

 Cellular morphology and viability was first evaluated.  ADSC were incubated 

on the electrospun scaffolds for 3, 5, and 7 days with the media refreshed every 2 

days.  Cells/scaffolds were fixed and imaged using SEM to visualize cellular 

morphology.  Next, cell viability was assessed after 1, 3, 5, and 7 days of incubation 

using a lactate dehydrogenase (LDH) assay.    In this LDH assay, the LDH enzyme 
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leaked out of the damaged plasma membrane into the cell culture media.  This assay 

utilized the LDH enzyme to catalyze the conversion of lactate to pyruvate using the 

reduction of NAD+ to NADH.  Next, the assay used the yielded NADH, as well as 

diaphorase to reduce tetrazolium salt to red formazan product.  The absorbance of the 

resulting solution can then be measured at 490 nm using a spectrophotometer.  

Overall, this assay determined cellular toxicity/viability in the presence of electrospun 

scaffolds (gelatin, PVA, 1 Gel: 1 PVA coaxial, and 3 Gel: 1 PVA coaxial).   

Cellular Adhesion 

Cellular adhesion of the ADSC on the electrospun scaffolds was completed to 

ensure cell adhesion and retention to the underlying scaffold substrate.  First, ADSC 

were incubated on the scaffold surface for 4 hours to allow the cells to adhere to the 

fibers.  After incubation, the ADSC/scaffolds were rinsed with phosphate buffered 

saline multiple times to remove any non-adherent cells.  Next, the MTT (thiazolyl 

blue tetrazolium bromide) assay was completed to determine the percentage of cells 

retained on the surface. 

Cellular Proliferation 

 Cellular response to the electrospun scaffolds has been cell line dependent. 

For instance, fibroblasts have an enhanced cell proliferation in comparison to the two-

dimensional film of the same material.  Therefore, continual growth on the 

electrospun scaffolds is needed to assess the rate of proliferation in comparison to the 

tissue culture plate and the film surface.  Cellular proliferation of the ADSC on the 

electrospun scaffolds (1 Gel: 1 PVA coaxial, 3 Gel: 1 PVA coaxial, gelatin, and 
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PVA) was evaluated using a MTT assay on days 3, 5, and 7 after incubation.  The 

MTT assay was completed according to the protocol as previously described. 

Cellular Migration 

 Cellular migration is an important cellular attribute that needs to be quantified 

for a tissue-engineered construct.  Based on Aim I, the mechanical properties of the 

electrospun scaffolds vary; therefore, it is important to assess the effect of substrate 

stiffness on cellular migration.  For this aim, outward cellular migration was assessed 

using a non-injury cylinder assay.  In this assay, ADSC were seeded into the center of 

a hollow cylinder and allowed to incubate/attach to the underlying substrate for 4 

hours.  After the 4 hours of incubation, the hollow cylinder was removed, and the 

cells were allowed to migrate outward for 0, 4, 24, or 48 hours.  After this migration 

time, the scaffolds/cells were fixed, imaged, and the corresponding cell occupied area 

calculated.  From this data, the percent outward migration was then calculated.  Based 

on the low outward migration of the ADSC seen on the electrospun scaffolds, the 

cylinder assay was repeated using a pro-migratory growth factor – basic fibroblast 

growth factor (bFGF).  The utilization of the growth factor allows us to determine if 

the low migration on the scaffold surface (compared to the flat, two dimensional 

surface) persisted even in a pro-migratory environment. 
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V. Evaluation of Adipose-Derived Stem Cell Viability, Proliferation, and 

Migration on Extracellular Matrix Protein Films (Two Dimensional Surfaces) 

Overall Approach 

 Based on the promising results obtained for the adipose-derived stem cells 

(ADSC) on the electrospun scaffolds, we sought to determine the optimal 

extracellular matrix (ECM) proteins using two-dimensional film surfaces.  Based on 

these results, we can optimize the ECM proteins in our electrospun fibers to 

ultimately tailor the scaffold to possess the optimal proteins to support ADSC 

viability, growth, and migration.  Additionally, we utilized three migration assays to 

elucidate the migratory response of ADSC based on different migration conditions.  

In this project, we utilized two non-injury assays, which included an inward migration 

assay and an outward migration assay.  In the outward (cylinder) migration assay, the 

ADSC continued to migrate in the outward direction without coming into contact 

with cells.  Therefore, the only impediment to migration in the cylinder assay was the 

size of the well utilized.  In contrast, the lift-off assay was limited in migration 

distance by the size of the circular stamp used.  Thus, the cells come into contact with 

cells migrating in the inward direction from the opposite side of the circle.  Last, we 

utilized a scrape wound assay to injure the cells and then calculated the inward 

migration.  This allowed us to determine if the release of cytokines from injury 

increased the inward migration rate.  Using these three migration assays, we were 

able to determine the potential effects of contact inhibition (outward vs. inward 

migration), as well as injury (lift-off vs. scrape wound) on migration.  
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Cellular Viability 

 Cellular viability was assessed using a lactate dehydrogenase (LDH) assay 

after 24 hours incubation of the ADSC on each of the ECM protein films – gelatin, 

laminin, collagen I, collagen IV, and fibronectin.  In this assay, the LDH enzyme 

leaked out of the damaged plasma membrane into the cell culture media.  This assay 

utilized the LDH enzyme to catalyze the conversion of lactate to pyruvate using the 

reduction of NAD+ to NADH.  Next, the assay used the yielded NADH, as well as 

diaphorase to reduce tetrazolium salt to red formazan product.  The absorbance of the 

resulting solution was then measured at 490 nm using a spectrophotometer.   

Cellular Proliferation 

 Cellular proliferation was assessed on the two-dimensional film surface using 

a MTT assay on days 1, 3, 5, and 7 after initial cell seeding.  This assay was 

performed as previously described to ensure continued cell growth and elucidate any 

potential differences between each of the ECM proteins – gelatin, laminin, collagen I, 

collagen IV, and fibronectin.    

Cellular Migration – Non-Injury Cylinder Assay 

 Cellular migration of ADSC on the two-dimensional ECM protein films – 

gelatin, laminin, collagen I, collagen IV, and fibronectin was determined using a non-

injury cylinder assay.  In this assay, ADSC were seeded into the center of a hollow 

cylinder and incubated for 4 hours.  After the 4 hours of incubation, the hollow 

cylinder was removed, and the cells were allowed to migrate outward for 0, 24, or 48 

hours.   After the desired migration time, the cells/films were fixed, imaged, and the 
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percent outward migration calculated.  As described, the cells were allowed to 

migrate in the outward direction without coming into contact with cells from the 

opposing direction – i.e. the outward cellular migration distance was only limited by 

the size of the well utilized.   

Cellular Migration – Non-Injury Lift-Off Assay 

 Inward cellular migration was determined using a non-injury lift-off assay.  In 

this assay, a stamp in the shape of a solid circle was utilized.  ADSC were seeded 

around the circular stamp and incubated for 4 hours.  After the 4 hours of incubation, 

the stamp was removed, leaving a cell-free circular area in the center of each well.  

The cells were allowed to migrate inward on each of the ECM protein films – gelatin, 

laminin, collagen I, collagen IV, and fibronectin for 0, 24, or 48 hours.  After the 

desired migration time, the cells/films were fixed, imaged, and the percent inward 

migration was calculated.  In this assay, the cells were allowed to migrate inward 

from the circumference of the circle towards the circle center.  The cells eventually 

come into contact with cells from the opposing side of the circle; therefore, there is 

potential for contact inhibition to occur from cells migrating from the opposing side.      

Cellular Migration – Scrape Wound Assay 

Inward cellular migration was determined using a scrape wound (injury) 

assay.  In this assay, a confluent layer of cells were seeded and incubated on the two-

dimensional ECM protein films for 4 hours.  After the 4 hours, a blunt circular, 

wooden stick was utilized to create a scrape wound across the center of each well/film 

surface.  After injury, the cell debris was removed via rinsing with phosphate 
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buffered saline.  After rinsing, the cells were allowed to incubate for 0, 24, or 48 

hours.  After the desired migration time, the cells were fixed, stained, imaged, and the 

percent inward migration calculated.  In this assay, the cells were injured and a 

rectangular cell free area created in the center of the well.  After injury, the cells were 

allowed to migrate inward from each of the long sides of the cell-free rectangle.  

Therefore, the migrating cells eventually close the ‘wound’ by coming into contact 

with cells migrating inward from the opposing side.  The purpose of this migration 

assay is to assess the role cell injury plays in inward migration. 
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Chapter 3: Gelatin shells strengthen polyvinyl alcohol core-shell nanofibers 

Paper is accepted for publication in Polymers 

Overview 

In this study, polyvinyl alcohol (PVA) and gelatin are coaxially electrospun 

into core-shell nanofibers to derive mechanical strength from PVA and bioactivity 

from gelatin. The core-shell nanofibers with PVA in the core and gelatin in the shell 

display an increased Young’s modulus, improved tensile strength, and reduced plastic 

deformation than PVA nanofibers. When the order of gelatin and PVA is reversed in 

the core-shell nanofibers, however, the mechanical strengthening effects disappear. It 

thus suggests that the bioactive yet mechanically weak gelatin shell improves the 

molecular alignment of PVA in the core and transforms weak, plastic PVA into 

strong, elastic PVA. The use of a gelatin shell as biological coating and a protecting 

barrier to strengthen the core in electrospinning presents a new strategy for 

fabricating advanced composite nanofibers. 
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Introduction 

Electrospinning as a versatile fiber-formation technique has evolved from generating 

uniform, single-component fibers[77] to creating complex, multiple-component 

composite fibers with spatially and/or temporally controlled properties.[78]  For 

instance, various nanoparticles have been embedded to chemically, electrically, 

magnetically, and biologically functionalize electrospun fibers.[79-81] Sustained 

release properties have been also obtained by incorporating bioactive molecules such 

as proteins and drugs in the electrospun polymer fibers.[82, 83] The electrospinning 

of composite fibers can be achieved by blending a material, which can be molecularly 

dispersed[82] or exist in the form of nanoparticles[79, 80] nanovesicles[81] placed 

into a solution of carrier polymers.  The advent of coaxial electrospinning techniques 

provides an additional dimension of control of fiber microarchitectures, leading to the 

creation of core-shell nanofibers.[84]  In coaxial electrospinning, the reduced surface 

tension at the boundary of two fluids and the elasticity of the shell fluid delays or 

suppresses the Rayleigh instability of the core fluid, enabling the fiber formation of 

the otherwise non-electrospinnable core materials.  The shell materials can also 

improve the retention of the core materials for sustained release,[83] or provide useful 

properties not attainable from the cores or the shells only.  Coaxial electrospinning 

has been exploited to produce various core-shell nanofibers. However, it remains 

poorly understood how the shell fluid may influence the molecular alignment of the 

core materials and contribute to the fiber properties of the core-shell nanostructures.  
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We envision that the coaxial electrospinning of electrospinnable PVA and gelatin 

provides a unique model system to identify the roles of the shell fluid in improving 

the molecular alignment and fiber property of the core materials.  PVA is a semi-

crystalline, hydrophilic, biocompatible, and non-toxic polymer useful for many 

biomedical applications,[85] and can be electrospun into nanofibers in aqueous 

solution.[86]  Further, the crystallinity of PVA can be enhanced using physical 

approaches such as freeze-thawing.[87]  Gelatin of biological origin as a cell adhesive 

material is often electrospun into nanofibers using highly toxic[88, 89] or corrosive 

solvents.[90-93]  Recently, we reported the use of ethanol-phosphate buffer saline as 

a benign solvent to electrospin gelatin nanofibers.[94]  Here, PVA and gelatin were 

coaxially electrospun into PVA/gelatin core-shell nanofibers.  In this process, the 

miscible solvents reduced interfacial tensions between the two solutions, facilitating 

the formation of a core-shell structure.  For a control study, the reverse core-shell 

nanofibers were fabricated with gelatin in the core and PVA in the shell.  

Additionally, nanofibers composed solely of PVA or gelatin were electrospun.  

Mechanical properties of aligned and randomly oriented nanofibers of PVA, gelatin, 

gelatin/PVA core-shell, as well as randomly oriented PVA/gelatin core-shell were 

characterized, and the mechanical strengthening of the PVA core by the gelatin shell 

was revealed. 

Experimental Section 

Nanofiber Fabrication 

A 16% w/v solution of PVA was prepared in a mixture of ethanol and deionized 

water (1:9 v/v) at 60 °C, and type A gelatin was dissolved in a binary solvent of 
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ethanol and 10x phosphate-buffered saline (PBS) at a 1:1 volume ratio at a 

concentration of 15% w/v at 40 °C. A coaxial apparatus containing an inner needle of 

0.25 mm in diameter and an outer needle of 0.84 mm in diameter was used to 

fabricate PVA/gelatin and gelatin/PVA core-shell nanofibers.  The two solutions were 

delivered at a feeding rate of 7 µL/min (Kazel Syringe Pumps), leading to a roughly 

1:1 mass ratio of PVA and gelatin in the composite nanofibers. A spinneret-to-

collector distance of 12 cm and a high voltage of 20 kV (Acopian High Voltage 

Power Supply) were utilized.  A custom-built electrospinning device was used to 

fabricate PVA and gelatin nanofibers.[95, 96]  The PVA solution was placed in a 1 

mL syringe with a 0.25 mm inner diameter needle, and electrospun at a voltage of 12 

kV, a spinneret-to-collector distance of 12 cm, and a feeding rate of 9 µL/min.  The 

gelatin solution was placed in a 1 mL syringe with a 0.33 mm inner diameter needle, 

and electrospun at a voltage of 12 kV, a spinneret-to-collector distance of 12 cm, and 

a feeding rate of 30 µL/min. 

Nanofiber Characterization 

All the nanofibers were crosslinked using a 0.5% glutaraldehyde solution, and dried 

in a vacuum desiccator for 20 h at 40 °C prior to mechanical and secondary structural 

analysis, following a previously described protocol.[95, 96] Five replicate samples of 

each nanofibrous scaffold with 8 mm in gauge length were tested in an ambient 

environment using a PerkinElmer dynamic mechanical analyzer, and monotonically 

extended at a rate of 0.1 mm/min until failure.  A Nicolett Magna IR 560 

spectrometer equipped with a MCT/A detector recorded the FT-IR spectra of the 

nanofiber scaffolds.  Samples were prepared on zinc-selenium windows.  FT-IR 



 

 

83 

spectra were obtained within the range of 4,000 to 650 cm-1 using 128 scans with a 

corresponding resolution of 2 cm-1.  The surface morphologies of the nanofiber 

scaffolds were studied using a Hitachi-S4800 field emission SEM.  Prior to 

microscope observation, the scaffolds were air dried for 24 hours, mounted, and 

coated with gold for sixty seconds in a sputter coater. Image J was used to calculate 

the average fiber diameter and pore size from SEM images of each scaffold type. The 

FEI CM128 TEM, operated at 80 kV, was utilized to obtain images of the core-shell 

structure of the PVA/gelatin nanofibers that were collected on a copper grid prior to 

imaging. 
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Results and Discussion 

  

Figure 1: Core-Shell Fiber Morphology   

Electrospinning of core-shell nanofibers. SEM (a) and TEM images (b) of the coaxially electrospun 

PVA/gelatin core-shell nanofibers. 

As shown in Figure 1a, relatively uniform, bead-free PVA/gelatin core-shell 

nanofibers of 255 ± 99 nm were generated via coaxial electrospinning.  Filaments of 

less than 50 nm in diameter were also formed, likely due to the emanation of lateral 
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branches from an unstable solution jet in the electrospinning process.  Additionally, 

core-shell nanofibrous scaffolds possessed an average pore size of 1.46 ± 0.70 µm.  

Due to the use of PBS as a solvent, nanometer-sized salt crystals appear on the 

surfaces of the composite nanofibers.   Previously, gelatin nanofibers were 

electrospun from cytotoxic solvents[88, 89] or corrosive solvents [90-93]  The 

incomplete removal of these solvents may compromise the long-term 

biocompatibility of the gelatin nanofibrous scaffolds.  To avoid the use of organic 

solvents, the electrospinning of gelatin aqueous solutions at elevated temperatures 

was pursued.[97]  In this study, we use PBS instead of water as a solvent for gelatin 

to coaxially electrospin PVA/gelatin nanofibers, because ions such as K+ and Na+ 

from PBS tend to break down the gelatin network and prevent the gelation of gelatin 

solutions.  This keeps the gelatin in solution to allow the material to be electrospun 

into fibers.  The addition of ethanol disrupts hydrogen bonding between gelatin and 

water molecules, enhances intermolecular interactions between gelatin segments of 

complementary charges, and increases the rates of solvent removal from the solution 

jet.  As a result, the binary solvents of ethanol and PBS with a proper balance of ionic 

strength and ethanol content provide a benign system for the electrospinning of 

gelatin solutions at room temperature.  Salts accumulated on the PVA/gelatin 

composite nanofibers can be readily removed by washing the scaffolds in water.  

The formation of a core-shell structure in the PVA/gelatin nanofibers was 

confirmed by TEM (Figure 1b).  It is worthwhile noting that PVA solutions can be 

blended with gelatin or collagen solutions for the fabrication of fibers or films.[27, 

98]  However, the short flight time of the solution jets largely limits the diffusion-
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driven mixing of PVA and gelatin solutions during electrospinning.[84]  As a result, 

core-shell nanofibers are generated, in which PVA forms the cores, providing 

mechanical strength, while gelatin constitutes the shells, rendering the composite 

nanofibers biologically active.  

 

Figure 2: Representative tensile stress-strain curves of randomly aligned nanofibers 

Representative tensile stress-strain curves of the gelatin nanofiber mats (a), the PVA nanofiber mats 

(b), the gelatin/PVA core-shell nanofiber mats (c), and the PVA/gelatin core-shell nanofiber mats 

(d).  

Mechanical analysis of PVA/gelatin core-shell composite scaffolds reveals a 

Young’s modulus (E) of 168.6 ± 36.5 MPa, ultimate tensile strength (σf) of 5.42 ± 

1.95 MPa, and strain at failure (εf) of 37.4 ± 14.4%  (Figure 2).  As a control, PVA 

nanofiber scaffolds possess E of 100.5 ± 23.5 MPa, σf of 3.92 ± 1.19 MPa, and εf of 
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88.2 ± 39.8%.  Their mechanical properties are consistent with those of the PVA 

scaffolds electrospun from pure aqueous solutions.[99]  Gelatin nanofibrous scaffolds 

display a E of 21.52 ± 4.15 MPa, σf of 0.48 ± 0.02 MPa, and εf of 4.3 ± 0.5%, which 

are comparable to the scaffolds electrospun from aqueous solutions at elevated 

temperature[97] but inferior to the scaffolds electrospun from trifluoroethanol.[100] 

Compared to the PVA scaffolds, the PVA/gelatin core-shell scaffolds display a 68% 

increase in Young’s modulus, a 38% increase in tensile strength, and a nearly 60% 

reduction in strain at failure. 

To ensure that the mechanical properties are not attributed to differences in 

porosity between the core-shell nanofibers and the gelatin and PVA scaffolds 

respectively, the average fiber diameter and pore size are determined.     The core-

shell nanofibers possess an average fiber diameter of 256 ± 99 nm, in comparison to 

gelatin and PVA which possessed an average diameter of 223 ± 93 nm and 283 ± 188 

nm, respectively.  Furthermore, the average pore size of the core-shell nanofibers is 

1.46 ± 0.70 µm, which is similar to gelatin nanofibers (1.55 ± 0.49 µm) and PVA 

nanofibers (1.65 ± 0.71 µm). Since the fiber diameter and pore sizes of each scaffold 

are similar,, the porosity of each scaffolds are similar and not responsible for the 

mechanical strengthening effects observed in the core-shell nanofibers. 
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Figure 3: Representative tensile stress-strain curves of the aligned nanofibers 

Representative tensile stress-strain curves of the aligned gelatin nanofiber mats (a), the aligned PVA 

nanofiber mats (b), the gelatin/PVA core-shell aligned nanofiber mats (c) 

Aligned core-shell nanofibers were also fabricated and mechanically analyzed 

as an additional method to illustrate the mechanical strengthening observed with PVA 

(Fig. 3).  Aligned nanofibers of gelatin and PVA, respectively, were electrospun for 

comparison.   Core-shell nanofibers possessed an E of 235.50 MPa ± 33.28, σf  of 

13.16 ± 6.12 MPa, and εf  of 24.85 ± 8.22%.  In comparison, PVA scaffolds 

possessed a E of 163.55 ± 65.57 MPa, a σf of 3.48 ± 1.32 MPa, and a εf – of 45.31± 

12.70 MPa.  Similar trends in the mechanical properties were observed for both the 
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randomly oriented nanofibers and the aligned nanofibers. Several possible 

mechanisms may be responsible for the intriguing mechanical strengthening effects 

observed in the PVA/gelatin core-shell nanofiber scaffolds.  They include (i) the 

enhanced alignment of PVA molecules by the gelatin shell, (ii) the improved 

alignment of gelatin molecules by the PVA core, and (iii) interactions between PVA 

and gelatin molecules.  

  

Figure 4: The FT-IR spectra of gelatin, PVA, and 1 Gel: 1 PVA coaxial nanofibers  

The FT-IR spectra of the gelatin nanofibers (a), the PVA/gelatin core-shell nanofibers (b), and the 

PVA nanofibers (c). For clarity, the spectra are vertically shifted. In addition, the spectrum of the 

gelatin/PVA core-shell nanofibers is identical to that of the PVA/gelatin core-shell nanofibers, and is 

not included here.  

FT-IR spectroscopy of the PVA, gelatin, and PVA/gelatin core-shell 
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nanofibers was attempted to determine the underlying mechanism of the mechanical 

strengthening effects (Figure 4).  The PVA nanofibers display characteristic double 

bands at 2937 and 2908 cm-1 (CH2 and CH stretching), 1143 and 1194 cm-1 (CC 

skeletal stretching), and single bands at 1426 cm-1 (CH2 and CH scissoring/wagging) 

and 852 cm-1 (CC skeletal stretching); the gelatin nanofibers exhibit distinct amide I 

and II bands at 1658 and 1536 cm-1, respectively. The PVA/gelatin core-shell 

nanofibers display all the characteristic bands of the PVA and gelatin nanofibers at 

the same positions.  The lack of any shift of the existing bands and the formation of 

new bands indicates no strong interactions between the gelatin shell and the PVA 

core.  Further, the amide I bands of the gelatin and PVA/gelatin core-shell nanofibers, 

which are sensitive to the configurations of protein backbones and often used for a 

quantitative analysis of the secondary structures of a protein,[101, 102] have the same 

peak and shape.  This suggests that gelatin molecules in the gelatin and PVA/gelatin 

core-shell nanofibers possess the same configurations of protein backbones.  

Therefore, the FT-IR analysis indicates no appreciable enhancement in the alignments 

of gelatin molecules by the PVA core or strong interactions between PVA and gelatin 

molecules that may strengthen the composite nanofibers.  
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Figure 5: Increased alignment of PVA chains during Electrospinning  

A mechanism is proposed for the observed mechanical strengthening effects. (a) In the PVA/gelatin 

core-shell nanofibers, the molecular alignment of semi-crystalline PVA is enhanced by the protecting 

gelatin shell. (b) In the reverse core-shell nanofibers, no enhancement in the alignment of molecules in 

the PVA shell is expected.    

It is thus postulated that the gelatin shell may improve the alignment of PVA 

molecules during coaxial electrospinning and enhance the formation of hydrogen 

bonds between the hydroxyl groups (OH) and the crystallinity of PVA in the core 

(Figure 5a).  A direct FT-IR analysis of the increased crystallinity of the PVA core 

proves to be difficult.  In the FT-IR spectrum of the PVA nanofibers, a broad band at 

3301 cm-1 is ascribed to the stretching of both free and hydrogen-bonded OH groups.  

An enhanced crystallinity of the PVA cores would lead to a shift of the amide A to a 

higher frequency.  However, the gelatin nanofibers also display a very broad band at 

3310 cm-1, making any slight shift of the amide A band of the PVA core difficult to 

detect.  An enhanced crystallinity of the PVA core, nevertheless, would result in an 

increase in Young’s modulus and tensile strength but a reduction in strain at failure.  

These speculations are consistent with the mechanical analysis of the PVA/gelatin 

core-shell scaffolds (Figure 2 and Figure 3).   
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Therefore, it is hypothesized that the elasticity of the gelatin shell delays or 

suppresses the Rayleigh instability of the PVA core, enhancing the molecular 

alignment of PVA. Specifically, charges tend to accumulate on the surface of the 

solution jet during electrospinning, and instability in various forms occurs on the 

surface.[103, 104]  During coaxial electrospinning, the gelatin shell solution shields 

the PVA core solution from the turbulent surface, allowing the PVA molecules to be 

more stretched and better aligned. As a result, semi-crystalline, plastic PVA in the 

core is partially transformed into more crystallized, elastic PVA, and the mechanical 

properties of the PVA/gelatin core-shell nanofibers are thus improved.  

A simple yet elegant experiment was designed to test this hypothesis. Briefly, 

reverse core-shell nanofibers with gelatin in the core and PVA in the shell were 

fabricated and mechanically analyzed.  In the reverse core-shell nanofibers, no 

enhanced alignment of PVA molecules is expected (Figure 5b). Like PVA, physical 

treatments such as stretching may improve the crystallinity and mechanical properties 

of gelatin.[105] However, the gelatin nanofibers electrospun from aqueous solution 

are much weaker than the PVA nanofibers. Therefore, even if the PVA shell may 

strengthen the gelatin core, the mechanical properties of the gelatin/PVA core-shell 

nanofibers will be inferior to the PVA/gelatin core-shell nanofibers.  Indeed, the 

reverse core-shell nanofibers possess E of 91.38 ± 2.88 MPa, σf of 3.10 ± 0.76 MPa, 

and εf of 20.18 ± 10.23% (Figure 2).  Together with FTIR spectroscopy, tensile 

analysis confirms that the mechanically weak gelatin shell improves the molecular 

alignment and mechanical properties of the PVA core of the composite nanofibers. 
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Conclusion 

PVA and gelatin are coaxially electrospun into composite nanofibers, in 

which PVA forms the core and gelatin constitutes the shell.  The core-shell nanofibers 

display an increased Young’s modulus, improved tensile strength, and reduced plastic 

deformation over the PVA nanofibers.  FT-IR spectroscopy suggests neither 

enhanced alignment of gelatin molecules in the shell nor strong interactions between 

the PVA core and the gelatin shell.  It is thus proposed that the gelatin shell improves 

the molecular alignment of the PVA core, transforming semi-crystalline, plastic PVA 

into more-crystallized, stronger, elastic PVA and thereby mechanically strengthening 

the core.  This hypothesis has been confirmed by reversing the order of PVA and 

gelatin in the core-shell nanofibers and by analyzing the mechanical properties of the 

reverse core-shell nanofibers.  



 

 

94 

Chapter 4: Core-Shell Nanofibers: Integrating the Bioactivity of Gelatin and the 

Mechanical Property of Polyvinyl Alcohol 

Paper is accepted for publication in Biopolymers 

Overview 

Coaxial electrospinning is employed to fabricate nanofibers with gelatin in the shell 

and polyvinyl alcohol (PVA) in the core in order to derive mechanical strength from 

PVA and bioactivity from gelatin. At a 1:1 PVA/gelatin mass ratio, the core-shell 

nanofiber scaffolds display a Young’s modulus of 168.6 ± 36.5 MPa and a tensile 

strength of 5.42 ± 1.95 MPa, which are significantly higher than those of the scaffolds 

composed solely of gelatin or PVA. The Young’s modulus and tensile strength of the 

core-shell nanofibers are further improved by reducing the PVA/gelatin mass ratio 

from 1:1 to 1:3. The mechanical analysis of the core-shell nanofibers suggests that the 

presence of the gelatin shell improves the molecular alignment of the PVA core, 

transforming the semi-crystalline, plastic PVA into a more crystallized, elastic PVA 

and enhancing the mechanical properties of the core. Lastly, the PVA/gelatin core-

shell nanofibers possess cellular viability, proliferation, and adhesion similar to the 

gelatin nanofibers, and show significantly higher proliferation and adhesion than the 

PVA nanofibers. Taken together, the coaxial electrospinning of nanofibers with a 

core-shell structure permits integration of the bioactivity of gelatin and the 

mechanical strength of PVA in single fibers. 
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Introduction 

Electrospinning as a facile and universal fiber-forming technique has enabled 

the fabrication of a variety of biomaterials into micro/nanometer-diameter fibers, 

including synthetic polymers,[77, 106] proteins,[107, 108] and lipids.[109, 110] The 

high specific surface areas, porosities, and micro/nanoscale features of electrospun 

fibers provide new and/or enhanced functions that are not obtainable from bulk 

materials and are thus useful for applications in tissue engineering, drug delivery, 

wound healing, and medical implants. Efforts have further endeavored to electrospin 

dual- or multiple-component fibers with a new set of properties and/or functions that 

are unattainable from single components. Such composite nanofibers may overcome 

the inherent limitations of single-component fibers. For instance, an implantable 

scaffold that enables the in vivo regeneration of vascular tissues needs both 

mechanical strength and biological functions.[111, 112] Scaffolds composed of 

synthetic polymers often have desirable mechanical properties but display minimal 

bioactivity because of their insufficient cellular recognition sites.[23, 42, 113, 114]  In 

contrast, scaffolds composed solely of natural proteins tend to have high bioactivity 

but lack the mechanical strength needed for in vivo applications.[23, 39, 42, 113-115] 

The fabrication of composite nanofiber scaffolds that integrate the mechanical 

strength of synthetic polymers and the bioactivity of natural proteins may address the 

unmet need in vascular tissue engineering. 

In this study, a synthetic polymer polyvinyl alcohol (PVA) and a natural 

protein gelatin are used as a model system for the electrospinning of composite 

nanofibers.  PVA is a semi-crystalline, hydrophilic, and biocompatible polymer that 
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displays mechanical properties comparable to soft tissues[85] and that can be 

electrospun into nanofibers in aqueous solution.[86]  Gelatin derived from animal 

tissues rich in collagen is excellent in supporting cellular activities such as cell 

attachment/proliferation[116] and stem cell differentiation.[70]  To improve the 

fiber’s mechanical properties, gelatin is often electrospun in combination with 

synthetic polymers such as poly(ε-caprolactone)[117] and PVA.[118] In the 

electrospinning of composite nanofibers, gelatin is frequently blended with a 

synthetic polymer.[117, 118] Although the composite nanofibers display an enhanced 

biocompatibility over their counterparts composed solely of synthetic polymers,[118]  

the electrospinning of the blended solution tends to create beaded nanofibers, 

attributing to the low cell adhesion.[28]  Here, coaxial-electrospinning[84] is 

employed to fabricate PVA and gelatin into defect-free composite nanofibers with 

PVA in the core and gelatin in the shell. We hypothesize that the creation of 

PVA/gelatin core-shell nanofibers may maximize the utilization of the bioactivity of 

gelatin and the mechanical strength of PVA.  

A dual capillary spinneret was used to co-extrude the PVA and gelatin 

solutions at different mass ratios into nanofibers with a core-shell structure. Scanning 

electron microscopy (SEM) and transmission electron microscopy (TEM) were 

utilized to analyze fiber morphology and microstructure. The nanofiber scaffolds 

were then chemically characterized using Fourier transform infrared spectroscopy 

(FTIR). Further, the mechanical properties of the scaffolds (e.g., Young’s modulus, 

tensile strength, and strain at failure) were determined by testing the materials in 

tension until failure. Lastly, the ability of the scaffolds to support cellular activities 
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was assessed by completing cellular attachment, viability, and proliferation studies. 

For comparison, nanofiber scaffolds composed solely of PVA or gelatin were 

fabricated and analyzed.  

Experimental Section 

Materials 

PVA (MW: 89 – 98 kDa, 99+ % hydrolyzed), gelatin type A, 25% aqueous 

GTA, and dimethyl sulfoxide (DMSO) were obtained from Sigma Aldrich.  

Phosphate buffered saline (10xPBS) was a product of Hyclone. Ethanol (200 proof) 

was purchased from Decon Laboratories, Inc.  De-ionized water was also used.  

Scaffold fabrication 

A custom-built electrospinning apparatus[95] was utilized to complete all 

electrospinning.   A 16% w/v solution of PVA was prepared with ethanol and de-

ionized water (1:9 v/v) in a water bath for 4 hours at 60 °C.  In order to electrospin 

PVA, the polymeric solution was placed in a 1 mL plastic syringe with a needle tip 

diameter of 0.25 mm (inner diameter).  PVA fibers were fabricated using an applied 

voltage of 12 kV (Acopian High Voltage Power Supply) and a fixed needle tip to 

grounded collector distance of 12 cm.  A syringe pump (Kazel Syringe Pumps, R-99) 

fed the polymer solution through the needle tip at a fixed rate of 9 µL/min. Gelatin 

Type A was dissolved with ethanol and 10x PBS (1:1 v/v) in a water bath for 2 hours 

at 40 °C.  The 15% w/v gelatin solution was then kept at room temperature for 12 

hours for further dissolution. The polymeric solution was then placed in a 1 mL 

plastic syringe with a needle tip diameter of 0.33 mm (inner diameter).  Gelatin fibers 
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were fabricated using an applied voltage of 12 kV with a fixed needle tip to grounded 

collector distance of 12 cm. A syringe pump fed the polymer solution through the 

needle tip at a fixed rate of 30 µL/min. 

A custom-built coaxial set-up was constructed to electrospin fibers that 

contained both PVA and gelatin.  The previously described solutions of gelatin and 

PVA were prepared and placed in their respective 1 mL syringes.  For coaxial 

electrospinning, the needle tip of the inner needle was 0.25 mm (inner diameter), 

whereas the outer needle tip was 0.84 mm (inner diameter).   A high voltage of 15 kV 

or 20 kV was applied for PVA and gelatin at a 1:1 and 1:3 volume ratio, respectively. 

The ground collector was located at a fixed needle tip to collector distance of 12 cm 

(for 1:1 PVA/gelatin) and 15 cm (for 1:3 PVA/gelatin).  A syringe pump fed the 

respective polymeric solutions through the coaxial set-up at a fixed flow rate (7 

µL/min for 1:1 PVA/gelatin and 3 µL/min and 9 µL/min for 1:3 PVA/gelatin). 

Aligned nanofibers were electrospun using a gap method [119].  In this 

method, a stainless steel plate with a rectangular-shaped hole cut in the center was 

used as the grounded collector.  Electrospinning parameters and solutions were used 

as previously described. Aligned nanofibers were deposited bridging the gap on the 

stainless steel plate.   

The PVA, gelatin, and coaxial nanofibers, both randomly oriented and aligned 

nanofibers, were all crosslinked using a 0.5% GTA aqueous solution.[95, 115]  The 

scaffolds were vacuum-sealed in a desiccator for 20 hours at a fixed temperature of 

42 °C.  
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Scaffold characterization 

The surface morphology of the nanofibrous scaffolds was studied using a 

Hitachi-S4800 field emission scanning electron microscope (SEM).[95]  Prior to 

microscopic observation, the scaffolds were air-dried for 24 hours, mounted, and 

coated with platinum for thirty seconds in a sputter coater. Image J (supported by the 

National Institutes of Health) was used to calculate the fiber diameter and pore size of 

randomly oriented fibers from ten different images of each sample.  The fiber 

diameter distribution for each sample was then calculated from more than 300 

randomly selected fibers. A FEI CM128 transmission electron microscope, operated 

at 80 kV, was utilized to obtain images of the core-shell structure of the nanofibers.  

The nanofibers were collected on a copper grid prior to imaging.  Eight-bit TIFF 

digital images were collected by an AMT 4M pixel camera. 

FTIR spectra were obtained for the crosslinked gelatin scaffolds, 

uncrosslinked gelatin scaffolds, crosslinked PVA scaffolds, uncrosslinked PVA 

scaffolds, 1:1 PVA/gelatin composite scaffolds, and 1:3 PVA/gelatin composite 

scaffolds.  The samples were prepared on zinc-selenium windows.  A Nicolett Magna 

IR 560 Spectrometer equipped with a MCT/A Detector (liquid nitrogen cooled) 

recorded the FTIR spectra of these samples.  FTIR spectra were obtained within the 

range of 4,000 to 650 cm-1 using 128 scans with a corresponding resolution of 2 cm-1. 

A PerkinElmer dynamic mechanical analyzer (DMA) was utilized for a 

uniaxial tensile analysis of the crosslinked scaffolds.  The scaffolds were cut into 

rectangular strips whose thickness was determined using an optical microscope.  The 

samples were mounted in the DMA with a gauge length of 5 mm in an ambient 
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environment.  The samples were stretched monotonically until failure at a constant 

rate of 0.1 mm/min.  From the stress-strain curve, the Young’s modulus, ultimate 

tensile strength, and strain at failure of each type of scaffold material were calculated. 

Cell culture 

To prepare the scaffolds for cell culture, the scaffolds were placed in an oven 

at 42 ºC for a period of 24 hours to remove residual GTA from the post-fabrication 

treatment.  Next, the scaffolds were exposed to ultraviolet light for 45 minutes to 

sterilize them for cell culture.  After sterilization, the scaffolds were allowed to soak 

in Dulbecco’s modified eagle medium (DMEM) supplemented with 10% v/v fetal 

bovine serum and 0.05 g/mL gentamicin for a period of 30 minutes prior to cell 

seeding.  The scaffolds, immersed in the media, were then seeded with NIH 3T3 

fibroblasts and incubated in an incubator at 37 ºC, 5% CO2, and 95% relative 

humidity.  As a control, cells were seeded on the tissue culture polystyrene well 

without any scaffolds present.  

The scaffolds were prepared for SEM analysis two days after seeding NIH 

3T3 fibroblasts onto a scaffold in a 24-well plate.  Briefly, the samples were 

submerged in a primary fixation solution of 4% paraformaldehyde, rinsed with 1x 

PBS, dehydrated through a series of increasing ethanol concentrations, and, finally, 

dried with a Polaron critical point drier using liquid carbon dioxide.  Each sample was 

coated with gold and imaged using a Hitachi-S4800 SEM. 

Cell Adhesion  

NIH 3T3 fibroblasts were seeded onto the scaffold surface and incubated for 
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3.5 hours to allow the fibroblasts to attach to the scaffold.  After incubation, the 

medium was aspirated from each well and the scaffolds rinsed three times with 1x 

PBS to remove any cells that were not attached to the scaffold.  After rinsing, cell 

media and 40 µL of MTT (thiazolyl blue tetrazolium bromide) solution (5 mg/mL in 

1x PBS) were added to each well and then incubated for 3.5 hours at 37 ºC and 5% 

CO2.  The mitochondria of living cells reacted with the tetrazolium salt in the MTT 

reagent to yield a soluble formazan dye. The absorbance of each well was quantified 

using a Nanodrop UV-vis spectrophotometer (Thermo Scientific) at a wavelength of 

630 nm.  The tissue culture polystrene plate with the culture medium was used as the 

negative control for this study.  Cell adhesion was defined by the following 

relationship: 

 

Cell Proliferation 

Cell proliferation of NIH 3T3 fibroblasts was determined using a MTT 

(thiazolyl blue tetrazolium bromide) assay with the protocol described in the 

preceding section.  Cell culture plates were analyzed at day 1, day 3, day 5, and day 7 

after initial cell seeding, with the cell culture media being refreshed every 2 days. 

Cell Viability  

Cellular viability on the electrospun scaffolds was determined using a 

Live/Dead Cytotoxicity Kit (Invitrogen) three days after initial cell seeding.  Each 

scaffold/well was initially seeded with 3T3 fibroblasts and incubated for a period of 3 

days.  Briefly, the culture medium was aspirated from each of the wells, the samples 
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rinsed three times with 1x PBS, and a working solution (consisting of 5 mL 1x PBS, 

10 µL – 2mM EthD-1, and 2.5 µL – 4mM Calcein AM) added to cover each of the 

samples.  The scaffolds submerged in the working solution were incubated for 30 

minutes.  After the incubation period, the working solution was removed, and the 

samples were rinsed once with 1x PBS.  Lastly, images were taken using a 

fluorescent microscope (Leica DMI 4000B). 

Statistical analysis 

All mechanical data were presented as mean ± standard deviation.  All cellular 

data were expressed as mean ± standard error.  Statistical significance of differences 

between the means was determined using Student’s t-test.    

Results and Discussion  

Formation of Core-Shell Nanofibers 

Previous studies have shown coaxial electrospinning of polycaprolactone 

(PCL)/gelatin core-shell fiber composites with the aim of increasing the bioactivity of 

PCL.[120, 121]  These studies show that fibroblasts have better proliferation on the 

PCL/gelatin core-shell fibers than fibers composed of solely PCL.  Use of an organic 

solvent is necessary for dissolution of PCL; therefore, for coaxial PCL/gelatin fiber 

fabrication, each material was dissolved in trifluoroethanol (TFE) to ensure formation 

of the core-shell structure.  Often, organic solvents such as triflouroethanol[117] or 

hexaflouropropanol[88] are used to electrospin gelatin nanofibers. However, residual 

organic solvents remaining on the fibers are toxic to seeded cells.  Recently, we 

proposed the use of mixed PBS and ethanol as a benign solvent for the 
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electrospinning of gelatin nanofibers.[115]   

To fabricate the core-shell nanofibers, PVA was dissolved in a mixture of 

ethanol and de-ionized water at a 1:9 volume ratio, and ethanol and phosphate 

buffered saline (PBS) in a 1:1 volume ratio was used for the dissolution of gelatin. 

Although PVA nanofibers can be electrospun from an aqueous solution,[86] the 

inclusion of ethanol increases the evaporability of the PVA solution throughout the 

electrospinning process, minimizing the occurrence of fiber deficiencies. The use of 

ethanol/deionized water as the PVA solvent and ethanol/PBS as the gelatin solvent 

provides a benign solvent system to promote cell viability on yielded nanofibers. In 

addition, the similar evaporability of the two solvents facilitates the formation of 

core-shell nanofibers. Consequently, PVA/gelatin core-shell composite nanofibers 

were electrospun at a 1:1 and 1:3 PVA/gelatin mass ratio, respectively.   

 SEM images showed uniform fiber morphology for the gelatin, PVA, 1:1 

PVA/gelatin, and 1:3 PVA/gelatin composite scaffolds, respectively (Figure 6).  A 

quantitative analysis of the SEM images revealed fiber diameters of the scaffolds as 

follows: 223 ± 93 nm (gelatin), 283 ± 188 nm (PVA), 256 ± 99 nm (1:1 

PVA/gelatin), and 182 ± 81 nm (1:3 PVA/gelatin). Further, the gelatin and core-shell 

nanofiber scaffolds displayed a normal Gaussian distribution of fiber diameter, while 

the PVA fiber diameter distribution showed two peaks. This was likely due to fiber 

branching and bifurcation that yielded secondary, small-diameter fibers (< 100 nm) in 

addition to primary, large-diameter nanofibers (> 250 nm). Because gelatin was 

dissolved in PBS, nanometer-sized salt crystals appeared on the gelatin and 

PVA/gelatin core-shell scaffolds, and were readily removed by washing the 
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crosslinked scaffolds in water.  
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Figure 6: Scanning Electron Microscopy Images & Fiber Diameter Distribution of Electrospun 

Scaffolds of gelatin (a, b), PVA (c, d), 1:1 PVA/Gelatin (e, f), & 1:3 PVA/Gelatin (g, h)  

 Fiber Diameter (nm) Pore Size (µm) 

Gelatin 223 ± 93 1.55 ± 0.49 

PVA 283 ± 188 1.65 ± 0.71 

1:1 PVA/Gelatin 256 ± 99 1.46 ± 0.70 

1:3 PVA/Gelatin 182 ± 81 2.15 ± 0.59 

Table 1: Fiber Diameter and Pore Size of Nanofiber Scaffolds. 

TEM was utilized to visualize the core-shell structure of the composite 

nanofibers. Figure 7 illustrates that gelatin is in the shell position and PVA is in the 

core position of both the 1:1 PVA/gelatin and 1:3 PVA/gelatin composite nanofibers.  

Further, the 1:1 PVA/gelatin composite nanofibers show a thin gelatin sheath while 

the 1:3 PVA/gelatin composite nanofibers possess a thicker gelatin sheath, due to the 

higher gelatin/PVA mass ratio.  

 

Figure 7: TEM Images of Coaxial Electrospun Nanofibers (a) 1:1 PVA/Gelatin & (b) 1:3 

PVA/Gelatin 



 

 

106 

FTIR Spectroscopy of Electrospun Scaffolds  

Potential changes in the primary and secondary structures of the electrospun 

scaffolds through electrospinning were analyzed using FTIR spectroscopy.  The 

fabricated scaffolds were crosslinked using 0.5% glutaraldehyde (GTA) vapor in a 

vacuum oven at 42˚C for 20 hours.  Studies have indicated that the use of 0.5% GTA 

vapor decreases the inherent cytotoxicity present with GTA.[39] FTIR spectra were 

obtained for crosslinked and uncrosslinked gelatin scaffolds, crosslinked and 

uncrosslinked PVA scaffolds, crosslinked 1:1 PVA/gelatin composite scaffolds, and 

crosslinked 1:3 PVA/gelatin composite scaffolds (Figure 8).  The spectra of the 

crosslinked and uncrosslinked gelatin scaffolds possessed peaks at 3285-3305 cm-1 

(amide A), 3060 cm-1 (amide B), 2938 cm-1 (CH2 stretching), 1655 cm-1 (amide I), 

1530 cm-1 (amide II), 1450 cm-1 (CH2 scissoring and CH3 asymmetric bending), 1406 

cm-1 (CH2 wagging), 1240  cm-1 (amide III), and 1158 cm-1 (CC stretching).[122, 

123]  Previously, we reported that the electrospinning process partially converted 

gelatin from a less-ordered, β-turn conformation to a more-ordered, α-helix 

structure.[115]  This study shows that the GTA crosslinking process slightly shifted 

the amide I band from 1654 cm-1 to 1657 cm-1, typical of an α-helix structure, and 

largely preserved the α-helix structure.  The spectra of crosslinked and uncrosslinked 

PVA scaffolds displayed peaks at 3000-3600 cm-1 (OH stretching), 2935/2905 cm-1 

(CH2 asymmetric and symmetric stretching), 1426 cm-1 (CH2 bending), 1377 cm-1 

(COH bending), 1094 cm-1 (C-O stretching), and 852 cm-1 (CH bending).[26, 113, 

124] 
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Figure 8: FTIR spectra of (a) crosslinked gelatin, (b) uncrosslinked gelatin, (c) crosslinked 1:1 

PVA/gelatin core-shell, (d) crosslinked 1:3 PVA/gelatin core-shell, (e) crosslinked PVA, and (f) 

uncrosslinked PVA nanofibers. For clarity, the spectra were vertically shifted 

The spectra of the crosslinked PVA/gelatin core-shell scaffolds showed peaks 

characteristic of PVA and gelatin, indicating the presence of both materials in the 

composite nanofibers.  Further, no noticeable shift of any peak that appeared in the 

spectra of the gelatin or PVA scaffolds was detected in the spectra of the composite 

scaffolds. For instance, the amide I band of both the 1:1 and 1:3 PVA/gelatin core-

shell scaffolds was at 1656 cm-1, indicating an α-helix structure.  Therefore, the FTIR 
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analysis suggests no alteration in the secondary structures of the gelatin shell during 

the coaxial electrospinning process.   

Mechanical Analysis 

The randomly oriented fibers of crosslinked gelatin, PVA, 1:1 PVA/gelatin 

composite, and 1:3 PVA/gelatin composite scaffolds were tested in a uniaxial tensile 

mode to generate stress-strain curves (Figure 9).  The Young’s modulus, ultimate 

strength, and strain at failure were evaluated from the stress-strain curves and 

recorded in Table II for each of the scaffold materials.  The gelatin scaffolds 

possessed the lowest Young’s modulus (21.52 ± 4.15 MPa), ultimate tensile strength 

(0.48 ± 0.02 MPa), and strain at failure (4.27 ± 0.51%).  These results were 

comparable to the GTA-crosslinked gelatin scaffolds reported by Zha et al.[115] The 

low strain at failure of the gelatin scaffolds can be attributed to their low water 

content.  Water functions as a plasticizer, increasing the deformability of protein-

based materials.[115, 125]  When compared with the gelatin scaffolds, the PVA 

scaffolds had higher strain at failure (88.2 ± 39.8%), Young’s modulus (100.5 ± 23.5 

MPa), and ultimate tensile strength (3.92 ± 1.19 MPa).  It was anticipated that the 

PVA core would enhance the mechanical properties of the composite scaffolds more 

than the gelatin-only nanofiber scaffolds.   
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Figure 9: Representative stress-strain curves of gelatin, PVA, 1:1 PVA/gelatin core-shell, and 1:3 

PVA/gelatin core-shell randomly oriented nanofibers.  All the specimens were crosslinked.   

 Young’s Modulus 

(MPa) 

Ultimate Strength 

(MPa) 

Strain at Failure 

(%) 

Gelatin 21.5 ± 4.2 0.48 ± 0.02 4.3 ± 0.5 

PVA 100.5 ± 23.5  3.92 ± 1.19 88.2 ± 39.8 

1:1 PVA/Gelatin 168.6 ± 36.5 5.42 ± 1.95 37.4 ± 14.4 

1:3 PVA/Gelatin  221.5 ± 28.4 6.59 ± 0.45 21.4 ± 8.1 

Table 2: Mechanical Properties of Randomly Oriented Nanofibers.  

Indeed, both the 1:1 PVA/gelatin and 1:3 PVA/gelatin composite nanofiber 

scaffolds possessed a higher Young’s modulus, a higher ultimate strength, and larger 

strain at failure than the gelatin scaffolds. For instance, the Young’s modulus and 
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ultimate tensile strength of the 1:1 PVA/gelatin composite scaffolds are 7.8 and 11.3 

times higher than the gelatin scaffolds, respectively. A close analysis of the 

mechanical properties of the core-shell composite scaffolds further reveals some 

interesting phenomena. First, the PVA/gelatin composite scaffolds are stronger but 

less deformable than the PVA scaffolds. When compared with the PVA scaffolds, the 

1:1 PVA/gelatin composite scaffolds displayed a nearly 70% increase in Young’s 

modulus (168.6 ± 36.5 MPa vs. 100.65 ± 23.5 MPa), a 40% increase in ultimate 

tensile strength (5.42 ± 1.95 MPa vs. 3.92 ± 1.19 MPa), and a 60% reduction in strain 

at failure (88.2 ± 39.8% vs. 37.1 ± 14.4%). Second, the 1:3 PVA/gelatin composite 

scaffolds contain less PVA but are mechanically stronger than the 1:1 PVA/gelatin 

scaffolds (221.5 ± 28.4 MPa vs. 168.6 ± 36.5 MPa for Young’s modulus and 6.59 ± 

0.45 MPa vs. 5.42 ± 1.95 MPa for tensile strength). The comparisons suggest that the 

presence of the gelatin shell improves the mechanical properties of the PVA core. 

It is postulated that the gelatin shell enhances the molecular alignment of PVA 

molecules and thus mechanically strengthens the PVA core. In electrospinning, 

charges tend to accumulate on the surface of the solution jet, leading to the 

occurrence of various instabilities, including, in particular, the Rayleigh 

instability.[103, 104] During the process of coaxial electrospinning, the elasticity of 

the shell fluid can delay or even suppress the Rayleigh instability of the core 

fluid.[84]  Consequently, the semi-crystalline PVA core would be stretched, 

molecularly aligned, and crystallized more often. This, in turn, would transform the 

plastic PVA core into a more elastic PVA core. The mechanical properties of the 

core-shell composite scaffolds are thus improved, leading to an increased Young’s 
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modulus, a higher tensile strength, and reduced plastic deformation.  

To further investigate this phenomena, aligned nanofibers of gelatin, PVA, 1:1 

PVA/gelatin, and 1:3 PVA/gelatin were fabricated (Figure 10a), crosslinked, and 

tested in tension as previously described (Table 3).  A similar trend in the stress-strain 

was observed with the aligned nanofibers as was seen with the randomly oriented 

nanofibers (Figure 10b). The 1:1 PVA/gelatin composite nanofibers had a 29.5% 

increase in Young’s modulus when compared to aligned PVA nanofibers (254.9 ± 

42.4 MPa vs. 196.9 ± 57.7 MPa).  Additionally, the 1:3 PVA/gelatin aligned 

nanofibers possessed a 19.6% increase in Young’s modulus (304.9 ± 86.7 MPa vs. 

254.9 ± 42.4 MPa) even though the 1:3 PVA/gelatin nanofibers contain less PVA 

than the 1:1 PVA/gelatin aligned nanofibers.  This provides further indication of our 

original hypothesis of the increased molecular alignment of PVA chains within the 

composite nanofibers. 
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Figure 10: (a) SEM images of PVA, 1:1 PVA/gelatin core-shell and 1:3 PVA/gelatin core-shell 

aligned nanofibers. (b) Representative stress-strain curves of PVA, 1:1 PVA/gelatin core-shell, and 

1:3 PVA/gelatin core-shell aligned nanofibers.  All of the specimens were crosslinked. 
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 Young’s Modulus 

(MPa) 

Ultimate Strength 

(MPa) 

Strain at Failure 

(%) 

PVA 196.9 ± 57.7 4.17 ± 0.39 36.7 ± 14.8 

1:1 PVA/Gelatin 254.9 ± 42.4 13.16 ± 6.12 21.7 ± 13.7 

1:3 PVA/Gelatin 304.9 ± 86.7 7.42 ± 1.13 2.8 ± 0.8 

Table 3: Mechanical Properties of Aligned Nanofibers.   

Cell Adhesion  

To be used for biomedical applications, electrospun scaffolds need to be 

bioactive in that they promote cellular adhesion, proliferation, differentiation, and 

tissue regeneration.[126]  PVA is devoid of functional groups that promote cellular 

attachment and proliferation.  In a study by Nien et al.,[114]  fibroblasts cultured on a 

PVA scaffold showed a round morphology instead of a native spindle-like shape. In 

contrast to PVA, gelatin is composed of high molecular weight polypeptides derived 

from collagen.[114, 126, 127]  The triple helix structure of collagen is broken down 

into a single-stranded structure to form gelatin, which is rich in cellular attachment 

groups for high bioactivity.[25, 126, 127]  Therefore, we hypothesized that the 

presence of gelatin in the shell of the core-shell composite nanofibers would produce 

nanofibers with biological properties similar to gelatin and better than PVA alone. 

In this study, the tissue culture polystyrene plate (TCP) served as the negative 

control, and the absorbance of the adhered fibroblasts on the scaffold was normalized 

by that of fibroblasts adhered on the TCP (Figure 11).  Among all the samples, the 

gelatin nanofibers had the greatest ability to support cellular adhesion (113.1 ± 5.2%), 

which was attributed to the numerous cellular attachment sites of gelatin.  Because 
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PVA lacks cellular recognition sites, the PVA nanofibers possessed the lowest rate of 

cellular adhesion (63.9 ± 4.9%) when compared to the gelatin and coaxial scaffolds (p 

< 0.001 for PVA vs. gelatin; p < 0.01 for PVA vs. 1:1 PVA: gelatin; p < 0.03 for 1:3 

PVA:gelatin).  The composite nanofibers placed gelatin in the shell position with 

PVA in the core position, thereby exposing the highly bioactive gelatin and shielding 

PVA from the cellular environment.  The combination of these materials in the core-

shell structure would use gelatin in a way that maximizes its biological properties.  

The cellular adhesion of the composite nanofibers possessed statistically similar 

results to each other (1:1 PVA/gelatin 101.8 ± 9.7%; 1:3 PVA/gelatin 93.6 ± 9.6%; p 

< 0.57) and to gelatin (113.1 ± 5.2%; p < 0.35 for gelatin vs. 1:1 PVA:gelatin; p < 

0.13 for gelatin vs. 1:3 PVA:gelatin).  Therefore, the gelatin shell was capable of 

increasing the adhesion of fibroblasts to the core-shell nanofibers in comparison to 

the PVA nanofiber scaffolds. Additionally, the PVA/gelatin composite nanofibers 

were free of deficiencies, minimizing any compromise of cellular adhesion that was 

observed in other beaded nanofiber scaffolds.[28] 

 

 



 

 

115 

 

Figure 11: Adhesion profiles of NIH/3T3 fibroblasts on the PVA, 1:1 PVA/gelatin core-shell, and 

1:3 PVA/gelatin core-shell, and gelatin scaffolds.  The absorbance of the adhered cells on each 

scaffold was normalized by that of the adhered cells on the TCP (n=6) 

Cell Proliferation 

A MTT assay was utilized to assess the ability of the gelatin, PVA, and 1:1 

PVA/gelatin and 1:3 PVA/gelatin core-shell scaffolds to support cellular 

proliferation.  The TCP and gelatin films were used as the control. All scaffolds were 

seeded with the same cellular density.  The assay utilizes a reduction reaction of 

yellow MTT to purple formazan in the mitochondria of living cells.  The quantity of 

formazan present is directly related to the number of viable cells.  Assays were 

completed at day 1, day 3, day 5, and day 7 after initial cell seeding.  The absorbance 

of each sample over all time points was normalized to the absorbance from the TCP 

at day 1.   

During the seven days of cell culture, all the scaffolds as well as the TCP 

showed a continual increase in cell number (Figure 12).  The TCP and the PVA 

scaffolds showed a linear increase in the proliferation of 3T3 fibroblasts over the 
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seven days of cell culture.  The gelatin, 1:1 PVA/gelatin, and 1:3 PVA/gelatin 

composite nanofibers showed a dramatic increase in cellular proliferation from day 3 

to day 5.  This large increase was not present for the gelatin film.  Therefore, the 

gelatin nanofibers promoted more cellular growth than the two-dimensional films that 

possessed cellular proliferation similar to the PVA scaffolds.  Furthermore, the 

gelatin, 1:1 PVA/gelatin, and 1:3 PVA/gelatin composite nanofiber scaffolds 

displayed statistically similar cellular proliferation rates (p < 0.66 for 1:1 PVA:gelatin 

vs. gelatin; p < 0.93 for 1:3 PVA:gelatin vs. gelatin; p < 0.75 for 1:1 PVA:gelatin vs. 

1:3 PVA vs. gelatin); these scaffolds statistically supported more proliferation of 

fibroblasts than the PVA scaffold (p < 0.0003 for gelatin vs. PVA; p < 0.0003 for 1:1 

PVA:gelatin vs. PVA; p  < 0.002 for 1:3 PVA:gelatin vs. PVA) or the TCP (p < 

0.0003 for gelatin vs. TCP;  p < 0.0006 for 1:1 PVA:gelatin vs. TCP; p < 0.016 for 

1:3 PVA:gelatin vs. TCP).  Therefore, this study confirmed that the presence of 

gelatin in the shell position of the core-shell nanofibers maximized the biological 

properties of gelatin and that the three-dimensional scaffolds possessed a greater 

ability to support cell proliferation than the two-dimensional flat surfaces.   
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Figure 12: Proliferation profiles of NIH/3T3 fibroblasts grown on the gelatin films, gelatin 

scaffolds, PVA scaffolds, 1:1 PVA/gelatin core-shell scaffolds, 1:3 PVA/gelatin core-shell scaffolds, 

and TCP up to 7 days.   

Cell Viability & Morphology 

 In vitro cell viability and cytocompatibility of the scaffolds were analyzed 

through a NIH/3T3 fibroblast model. Using the live/dead assay to determine viability, 

living cells emitted a green fluorescence due to the calcein AM that crossed the 

cellular membrane of live cells. Dead cells emitted a red fluorescence due to the 

penetration of the EthD-1 (ethidium homodimer-1) dye through the damaged cellular 

membrane. Once inside the cell, it bonded to the nucleic acids, producing the red 

fluorescence. The viability assay showed that most of the cells seeded on the gelatin, 

PVA, 1:1 PVA/gelatin, and 1:3 PVA/gelatin nanofiber scaffolds were alive (Figure 

13). Cell viability was quantified by counting the number of live cells versus the total 

cells on each type of scaffold. The percent viability of 3T3 fibroblasts on the gelatin, 

PVA, 1:1 PVA/gelatin, and 1:3 PVA/gelatin nanofiber scaffolds was determined to be 

95.03 ± 0.86, 92.66 ± 7.02, 99.12 ± 0.51, and 98.94 ± 0.93%, respectively. When 

compared with the gelatin and PVA/gelatin core-shell nanofiber scaffolds, 3T3 
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fibroblasts on the PVA scaffold displayed a comparable percent viability. At the same 

initial cell seeding density, however, much fewer cells grew on the PVA scaffold than 

other scaffolds. This is consistent with the proliferation study (Figure 12). Together 

with the cell adhesion and proliferation analyses, the viability assay suggested that the 

biocompatibility of the 1:1 and 1:3 PVA/gelatin nanofiber scaffolds is comparable 

with that of the gelatin scaffold. 

 

Figure 13: Fluorescent staining for cell viability of NIH/3T3 fibroblasts grown on (a) gelatin 

scaffolds, (b) PVA scaffolds, (c) 1:1 PVA/gelatin core-shell nanofiber scaffolds, and (d) 1:3 

PVA/gelatin core-shell nanofiber scaffolds for 3 days.  Living cells were in green and dead cells 

were in red. Scale bar: 100 micron. 
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Conclusion 

Composite nanofibers were fabricated with gelatin in the fiber shell and PVA 

in the fiber core.  The formation of a core-shell structure was confirmed by TEM 

analysis. FTIR spectroscopy suggests neither detectable changes in the secondary 

structures of gelatin in the shell of the composite scaffold, compared to the gelatin 

scaffolds, nor any new bond formed between the gelatin shell and the PVA core. 

Mechanical analysis revealed that the PVA/gelatin composite scaffolds are much 

stronger than the gelatin scaffolds. Compared to the PVA scaffolds, the PVA/gelatin 

core-shell nanofiber scaffolds also display enhanced mechanical properties, including 

an increased Young’s modulus, a higher tensile strength, and reduced plastic 

deformation. Increasing the gelatin/PVA mass ratio from 1:1 to 1:3 further improved 

the mechanical properties of the composite scaffolds. It is speculated that the 

presence of gelatin in the fiber’s shell enhances the molecular alignment and thus 

mechanical properties of the PVA core.  A cell culture study further showed that 

cellular adhesion and proliferation on the core-shell nanofiber scaffolds were 

statistically similar to the gelatin scaffolds and much better than the PVA scaffolds. 

Therefore, the placement of gelatin in the fibers’ shells maximized the biological 

properties of gelatin. Taken together, coaxial electrospinning as a fiber-formation 

technique allows the fabrication of PVA/gelatin composite nanofibers with a core-

shell structure that fully utilizes the bioactivity of gelatin and the mechanical property 

of PVA.  
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Chapter 5: Core-shell PVA/Gelatin Electrospun Nanofibers Promote Human 

Umbilical Vein Endothelial Cell and Smooth Muscle Cell Proliferation and 

Migration 

This manuscript is in preparation. 

Overview 

Coronary heart disease, the narrowing of the arteries due to accumulation of 

atherosclerotic plaque, accounts for 49% of the cardiovascular attributed deaths in the 

United States.  Synthetic grafts for this small diameter application (< 6 mm) are prone 

to thrombosis and neointimal hyperplasia.  In this study, coaxial electrospinning is 

utilized to fabricate core/shell nanofibers with polyvinyl alcohol (PVA) in the core 

and gelatin in the shell for evaluation as a potential vascular tissue engineering 

construct.  PVA provides a mechanical support to the bioactive gelatin sheath.  

Coaxial scaffolds were fabricated using a 1 Gel: 1 PVA and 3 Gel: 1 PVA volumetric 

flow rates.  Human umbilical vein endothelial cells (HUVEC) and SMC had good 

cellular viability and a native spindle-like morphology with numerous cellular 

attachment sites on the gelatin scaffolds and the coaxial scaffolds (1 Gel: 1 PVA 

coaxial and 3 Gel: 1 PVA).  In contrast, the HUVEC and SMC each had a round 

morphology with minimal attachment sites on the PVA scaffolds. The HUVEC and 

SMC had continued proliferation over 7 days and migration over 3 days on the gelatin 

scaffolds, as well as the coaxial scaffolds (1 Gel: 1 PVA, and 3 Gel: 1 PVA).  The 

coaxial scaffolds promoted the highest outward migration and migration rate when 
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compared to the gelatin and PVA scaffolds.  Therefore, the coaxial scaffolds are an 

appealing construct for vascular tissue engineering applications. 

Introduction 

Cardiovascular disease is the leading cause of mortality in the world [128].  

As a subset of cardiovascular disease, coronary heart disease (CHD) accounts for 

49% of the cardiovascular attributed deaths in the United States, resulting in 1 in 6 

deaths [1].  In CHD, patients experience chest pain or a heart attack when the oxygen 

and nutrient supply doesn’t meet the heart muscle demand [2, 3, 129].  Typically, a 

patient’s own artery or vein is harvested to by-pass the atherosclerotic vessel.  

However, this vessel may have vascular disease and be of poor quality [130, 131].  

Synthetic grafts such as those composed of polyethylene terephthalate (Dacron ®) or 

expanded polytetrafluoroethylene do not have adequate patency rates for these small 

diameter applications (< 6 mm).  Furthermore, these synthetic grafts do not promote 

the regeneration of the local vascular tissue [130, 131].   

As an alternative to coronary artery by-pass graft (CABG) surgery, 

percutaneous coronary intervention (PCI) is a less invasive treatment that seeks to 

expand the lumen via balloon expansion and stent deployment to restore blood flow 

to the downstream heart muscle [2, 132-134].  The process of balloon expansion and 

stent deployment elicits a wound response from the underlying vessel [135, 136].  

During this wound healing response, smooth muscle cells (SMC) change their 

phenotype from contractile to synthetic.  Approximately 20-40% of smooth muscle 

cells in the medial arterial layer become activated and begin proliferating.  

Neointimal thickening and re-occlusion of the vessel lumen occurs due to the up-
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regulation of smooth muscle cell proliferation and migration [135-137].  Bare metal 

stents (BMS), composed of stainless steel or cobalt-chromium alloys [138, 139], have 

a restenosis rate of 43% due to this neointimal thickening [138, 140].   

As an improvement to BMS, drug-eluting stents (DES) elute an anti-

proliferative agent to decrease smooth muscle cell proliferation in an attempt to 

decrease the neointimal thickening.  Despite the decrease in restenosis rate to 8% 

[138, 140], DES have late-stent thrombosis, which is attributed to the therapeutic 

agent’s decline in endothelial cell proliferation and delay in endothelialization of the 

injury area [138, 140, 141].   Therefore, the DES may decrease the potential for 

restenosis; however, they may increase atherosclerosis and late-stent thrombosis 

[140].  Second generation DES using drug-derivatives of the first generation 

therapeutic agents attempted to decrease this late-stent thrombosis; however, there 

has not been a significant decline in prolonged [142]thrombotic events, compared to 

their first generation counterparts [138, 143-146].      Therefore, there is a clinical 

need for a vascular material that is capable of promoting SMC and HUVEC viability 

while minimizing platelet deposition and activation.  

Ultimately, a tissue engineered construct that provides the structural support 

for blood flow, long-term patency, and local tissue regeneration is an appealing 

option for vascular applications.  Electrospinning produces fibers on the scale of 

nanometers to micrometers with a high surface area to volume ratio.  These fibers can 

be tailored to mimic the native extracellular matrix (ECM) of the human vasculature 

[24, 25, 30, 147].   In this study, we fabricate coaxially electrospun nanofibers 

composed of polyvinyl alcohol (PVA) and gelatin as a potential construct for vascular 
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tissue engineering.  Gelatin, a natural polymer, is a single stranded material derived 

from the collagen triple helix and is highly bioactive due to its many cellular 

attachment sites [25, 126, 127].  In contrast, PVA, a synthetic polymer, lacks these 

cellular attachment sites [114, 127].  Thus, fibroblasts have a round morphology 

instead of the native spindle-like shape when cultured on PVA fibers [114].  Overall, 

the process of coaxial electrospinning combines these materials in a core-shell 

structure that utilizes the bioactive nature of gelatin in the shell of each nanofiber and 

the mechanical properties of PVA in the core of each nanofiber.  Our previous work 

has shown the enhanced mechanical properties of the coaxial electrospun nanofibers 

with an increase in Young’s modulus and ultimate strength compared to nanofibers 

composed solely of gelatin or PVA [148].  Additionally, the coaxial electrospun 

fibers promoted NIH 3T3 fibroblast viability and proliferation over 7 days of 

incubation [149]. 

In this paper, we evaluate the ability of the coaxial electrospun nanofibers 

fabricated from differing volumetric flow rates (1 Gel: 1 PVA coaxial nanofibers and 

3 Gel: 1 PVA coaxial nanofibers) to support smooth muscle cell (SMC) and human 

umbilical vein endothelial cell (HUVEC) viability, adhesion, proliferation, and 

migration in comparison to gelatin or PVA fibers alone.  Scanning electron 

microscopy (SEM) is used to determine HUVEC and SMC morphology and 

spreading on electrospun scaffolds of gelatin-only scaffolds, PVA-only scaffolds, 1 

Gel: 1 PVA coaxial scaffolds, and 3 Gel: 1 PVA coaxial scaffolds.  Cellular adhesion 

of each cell type on the scaffold is determined using centrifugal force and a MTT 

(thiazolyl blue tetrazolium bromide) assay.  Next, a SMC and HUVEC cellular 
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proliferation assay was completed for 7 days of incubation to determine the scaffolds 

ability to promote cellular growth.  A cellular migration assay using a non-injury 

cylinder method was completed for each cell line for 3 days in culture to determine 

the ability of each cell line to migrate across the scaffold surface.   

Materials and Methods 

Electrospinning  

 A 16% w/v solution of PVA (Sigma Aldrich, 89,000-98,000 MW, 99+% 

hydrolyzed) was prepared with ethanol and water (1:9 v/v) in a water bath for 4 hours 

at 60 °C.  Electrospun PVA nanofibers were fabricated from a custom-built 

electrospinning device using the following parameters: 12 kV applied high voltage 

(Acopian High Voltage Power Supply), 12 cm fixed needle-tip to collector distance, 

and 9 µL/min fixed flow rate (Razel Syringe Pump, R-99).  A 15% w/v solution of 

Gelatin Type A (Sigma Aldrich) was prepared from ethanol and 10X-phosphate 

buffered saline (1:1 v/v) in a water bath for 2 hours at 40 °C and subsequently at 

room temperature for 12 hours for further dissolution.  Gelatin nanofibers were 

fabricated using the following parameters: 12 kV applied voltage, 12 cm fixed 

needle-tip to collector distance, and a 30 µL/min flow rate.  The coaxial nanofibers 

were fabricated using a custom-coaxial electrospinning device using the previously 

described gelatin and PVA solutions.  Composite fibers were made using two 

different flow rate conditions: 3 Gelatin: 1 PVA (3 µL/min flow rate for PVA and 9 

µL/min flow rate for gelatin) and 1 gelatin: 1 PVA (7 µL/min for gelatin and PVA, 

respectively).  Each composite scaffold used a 20 kV applied voltage and 15 cm 

needle-tip to collector distance.  All scaffolds were crosslinked with 5% 
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glutaraldehyde (GTA) in ethanol in a vacuumed dessicator for 20 hours. 

Cellular Culture 

 To prepare the scaffolds for cell culture, they were placed in an oven at 42ºC for 

a period of 24 hours to remove residual GTA remaining after the crosslinking 

process.  Next, the scaffolds were sterilized in the ultraviolet light for 30 minutes 

prior to cell culture.  The scaffolds were then incubated with cell culture media for 15 

minutes prior to cellular seeding.  Cell culture media for human umbilical vein 

endothelial cells (HUVEC) was M-199 stock media supplemented with 1% 0.2 M 

glutamine, 1.5% 1M HEPES (Lonza Walkersville, Walkersville, MD, USA), 7.5% 

NaHCO3, 1.8% penicillin/streptomycin/gentamicin (Lonza Walkersville, 

Walkersville, MD, USA), 15% fetal calf serum (Lonza Walkersville, Walkersville, 

MD, USA), heparin salt (Fisher Bioreagants, Fair Lawn, NJ, USA) and ECGS 

(endothelial cell growth supplements).  HUVEC (BD Biosciences, San Jose, CA, 

USA) were grown to 80% confluency and passaged using a 1:1 mixture of trypsin-

versene and HBSS (Lonza Walkersville, MD, USA).   

 Cell culture media for the primary smooth muscle cells was Dulbecco’s 

modified eagle medium (Life Technologies, Carlsbad, CA, USA) supplemented with 

10% v/v fetal calf serum (Life Technologies, Carlsbad, CA, USA), 

antibiotic/antimycotic (Life Technologies, Carlsbad, CA, USA), and 1% 0.2M L-

glutamine (Lonza Walkersville, Walkersville, MD, USA).  The primary smooth 

muscle cells were isolated from the aorta of an adult, male Sprague-Dawley rat.  SMC 

were also grown to 80% or higher confluency and passaged using trypsin-versene. 

 After incubation with the cell culture media, the respective cell line was seeded 



 

 

126 

on the scaffold and incubated at 37 ºC, 5% CO2, and 95% relative humidity.  Cell 

culture media was refreshed every 2 days.  As a control, cells were seeded on the 

tissue culture polystyrene well (TCP) without any scaffolds present, as well as a 

gelatin film coated on the tissue culture polystyrene well.  

Cellular Viability and Morphology 

 Cellular viability was assessed using a lactate dehydrogenase (LDH) assay 

(Thermo Scientific) according to manufacturer’s recommendations for each cell type 

after 24 hours of incubation.  Cellular morphology was visualized using scanning 

electron microscope (SEM).  Cells were incubated on the scaffold for 24-hours and 

fixed using 5% glutaraldehyde   Scaffold/cell preparation was undertaken using 

graded solutions of glutaraldehyde/water to transfer the samples to 100% de-ionized 

water, which was then followed by graded solutions of water/ethanol.   The samples 

were then left in 100% ethanol overnight.  Lastly, the samples were transferred to 

hexamethyldisilazane (HMDS) through a series of graded solutions [150].    Each 

sample was allowed to air-dry overnight prior to gold-coating and imaging using a 

Hitachi-S4800 SEM.  Cell spreading area was calculated using the National Institute 

of Health (NIH) ImageJ software. 

Cellular Adhesion 

 Scaffolds were electrospun onto stainless steel chips and subsequently 

crosslinked as previously described.  Thirty thousand cells were seeded onto the 

scaffolds and allowed to incubate for 24 hours prior to the start of the assay.  After the 

incubation period, the scaffolds were loaded into a 3D-printed tray, which fits into a 
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15-mL falcon tube filled with cell culture media.  The cells/scaffolds were placed in a 

centrifuge at 57g or 514g for 15 minutes [151].  After the 15-minutes in the 

centrifuge, a MTT assay was performed to assess cell quantity remaining on the 

scaffold.  MTT (thiazolyl blue tetrazolium bromide) solution  (5 mg/mL in 1x 

phosophate buffered saline) was added to each well and then incubated for 3.5 hours 

at 37 ºC and 5% CO2.  The mitochondria of living cells reacted with the tetrazolium 

salt in the MTT reagent to yield a soluble formazan dye. The absorbance of each well 

was quantified using a UV spectrophotometer at a wavelength of 630 nm.  Cell 

adhesion after centrifugation was normalized to MTT absorbance values for scaffolds 

that had not undergone centrifugation.    

Cellular Proliferation 

 Cell proliferation of HUVEC and SMC, respectively, was determined using a 

MTT (thiazolyl blue tetrazolium bromide) assay as described in the preceding section.  

Cell culture plates were analyzed at day 1, day 3, day 5, and day 7 after initial cell 

seeding with the cell culture media being refreshed every 2 days. 

Migration Assay  

 Cellular migration was evaluated using a non-injury cylinder assay.  First, 

scaffolds were incubated with 10 µl of cell culture media for 15 minutes.  Cells were 

diluted to a concentration of 125,000 cells/mL and 40µl of cell suspension was placed 

in a sterilized Pyrex ® cloning cylinders (Fisher Scientific, Pittsburgh, PA USA) 

resting on top of the scaffold or control surface inside a 24-well culture flask (5,000 

cells per scaffold).  The scaffolds, cylinder, and cells were incubated for 4 hours to 
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allow the cells to seed on the scaffold surface.  After four hours of incubation, the 

hollow cylinder was removed, and 500 µL of cell media was added.  Wells were 

incubated for 0, 4, 24, 48, and 72 hours to allow for cell outward migration.  After the 

migration time points, wells were rinsed with 1x PBS, fixed with Safefix II (Fisher 

Diagnostics, Middletown, VA, USA) for ten minutes, washed 2x with PBS-T (1x 

PBS with 1% of Tween 20 – Sigma-Aldrich, St. Louis, MI, USA) to permeabilize the 

membranes, and stained with 0.1% toluidine blue (Sigma Aldrich, St. Louis, MI, 

USA) for ten minutes.  Samples were then imaged at 1.2X and cell occupied area 

calculated using the National Institute of Health’s ImageJ software. 

Statistical Analysis 

 All values are presented as the mean ± standard error of the mean unless 

otherwise indicated.  Statistical analysis was performed using the student’s t-test. 

Results & Discussion 

Cell Viability & Morphology  

 In order to be a successful construct for the vasculature, the electrospun 

scaffolds must support cellular viability, attachment, proliferation, and migration of 

vascular relevant cells, namely endothelial cells and smooth muscle cells.  In this 

study, we fabricated coaxial electrospun nanofibers with gelatin in the shell and PVA 

in the core of each fiber, as well as electrospun scaffolds composed solely of gelatin 

or PVA.  Gelatin is a natural polymer that contains numerous cellular attachment sites 

due to its single stranded structure formed from the breakdown of the collagen triple 

helix [25, 126, 127].  Despite the appealing biological properties of gelatin, this 
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material has weak mechanical properties with a low Young’s modulus (21.5 ± 4.2 

MPa) and ultimate strength (0.48 ± 0.02 MPa) [41, 149].  On the contrary, PVA is a 

synthetic polymer that has appealing mechanical properties [42] but lacks the cellular 

attachment sites of gelatin [114].  Therefore, by combing the materials in a core-shell 

structure with gelatin in the shell and PVA in the core, the fibers will have the 

structural benefit of PVA and the biological benefit of gelatin.  We hypothesize that 

these composite fibers will have enhanced biological properties compared to scaffolds 

composed solely of gelatin or PVA. 

 Previous studies have shown the improved mechanical properties of the coaxial 

electrospun scaffolds, namely the ultimate strength and Young’s modulus, in 

comparison to electrospun scaffolds of gelatin or PVA alone [148].  These improved 

mechanical properties were attributed to the gelatin shell shielding the PVA core and 

allowing the PVA chains to align during the electrospinning process.  Previous work 

has also shown NIH 3T3 fibroblast viability and proliferation after 7 days of 

incubation with the scaffold structure promoting an increase in proliferation 

compared to the tissue culture plate surface [149].   In this study, we seek to 

determine the viability, adhesion, proliferation, and migration of smooth muscle cells 

(SMC) and human umbilical vein endothelial cells (HUVEC), respectively, on 

scaffolds composed solely of gelatin and PVA, as well as the coaxial electrospun 

scaffolds. 

 To determine if these scaffolds are viable constructs for vascular tissue 

engineering applications, we first assessed cellular morphology, spreading, and 

viability on the electrospun constructs after 24-hours of incubation.  Cellular 



 

 

130 

morphology was shown via SEM images of the cells on the scaffold surfaces.  The 

HUVEC attached and stretched on the electrospun nanofibers of gelatin, 1 Gel: 1 

PVA coaxial, and 3 Gel: 1 PVA coaxial, forming numerous attachment sites with the 

underlying scaffold fibers (Figure 14).  However, the HUVEC possessed a round 

morphology on the PVA surface with minimal attachment sites present (Figure 14B).  

This round morphology was similar to that seen for the fibroblasts on PVA scaffolds 

[114, 149].  Due to the round morphology of the HUVEC displayed on the PVA 

scaffolds, the cell spreading area (135.7 ± 23.1 µm2) was the lowest on this surface (p 

< 0.01) (Table 4 & Figure 15).  We observed an increase in cell spreading area from 

the lowest spreading on the gelatin (1345.4 ± 75.4 µm2), with an increase in spreading 

on the 1 Gel: 1 PVA coaxial scaffolds (1582.0 ± 115.9 µm2), and then the largest cell 

spreading on the 3 Gel: 1 PVA coaxial scaffolds (2499.8 ± 140.9 µm2).  The increase 

in cell spreading observed on the gelatin and the PVA-gelatin core-shell nanofibers 

correlated with an increase in stiffness of each of these materials that we previously 

reported [148, 149].  The Young’s Modulus of each of the materials is as follows: 

gelatin 21.5 ± 4.2 MPa, 1 Gel: 1 PVA coaxial 100.5 ± 23.5 MPa, and 3 Gel: 1 PVA 

coaxial [148, 149]. 
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Figure 14: HUVEC Morphology on Electrospun Scaffolds (A) Gelatin Scaffolds (B) PVA Scaffolds 

(C) 1 Gel: 1 PVA coaxial Scaffolds and (D) 3 Gelatin: 1 PVA Coaxial Scaffolds 

 Endothelial Cell 
Spreading Area 

(µm2) 

Smooth Muscle Cell 
Spreading Area 

(µm2) 
Gelatin 1345.4 ± 75.4 2080.7 ± 245.4 
Polyvinyl Alcohol 135.7 ± 23.1 90.2 ± 9.1 
1 Gel: 1 PVA Coaxial 1582.0 ± 115.9 2455.4 ± 338.3 
3 Gel: 1 PVA Coaxial 2499.8 ± 140.9 3747.8 ± 651.6 
Table 4: HUVEC & SMC Spreading Area  
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Figure 15: Cell Spreading Area on Electrospun Scaffolds 

 Similar to the trend observed for the HUVEC, the SMC possessed a flattened 

morphology with numerous attachment sites to the underlying nanofibers of gelatin, 1 

Gel: 1 PVA, and 3 Gel: 1 PVA (Figure 16).  After 24-hours of incubation, the SMC 

started to overlap one another on these surfaces.  However, the PVA scaffolds 

showed SMC with a round morphology with minimal attachment sites (Figure 16B).  

Additionally, the SMC were least spread on the PVA scaffolds (90.2 ± 9.1 µm2) 

(Table 4) when compared to the gelatin scaffolds and the coaxial scaffolds (1 Gel: 1 

PVA coaxial and 3 Gel: 1 PVA coaxial scaffold), respectively (p < 0.01).  The SMC 

showed an increase in cell spreading similar to the HUVEC with an increase in cell 

spreading correlating to an increase in stiffness of the underlying substrate.  On the 

gelatin scaffolds and coaxial scaffolds, gelatin (2080.7 ± 245.4 µm2) had the lowest 

cell spreading, with an increase in cell spreading seen on the 1 Gel: 1 PVA coaxial 

scaffolds (2455.4 ± 338.3 µm2), and then the 3 Gel: 1 PVA coaxial scaffolds (3747.8 

± 651.6 µm2) had the highest amount of cell spreading.   
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Figure 16: SMC Morphology on Electrospun Scaffolds (A) Gelatin Scaffolds (B) PVA Scaffolds (C) 

1 Gelatin: 1 PVA Coaxial Scaffolds and (D) 3 Gelatin: 1 PVA Coaxial Scaffolds 

 Cellular viability was assessed after 24-hours of incubation using a lactate-

dehydrogenase (LDH) assay (Figure 17).  If the cell membrane is damaged, then the 

LDH leaks into the cell culture medium.  The LDH in the media can then convert 

pyruvate to lactate using the reduction of NAD+ to NADH.  In the presence of 

NADH, the diaphorase in the reaction mixture is able to convert tetrazolium salt to 

red formazan.  The absorbance of the red formazen can then be related to the viability 

of the cells present.  All scaffolds possessed cellular viability greater than 80% with 
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the gelatin and coaxial scaffolds possessing a higher viability than the PVA scaffolds.

 

Figure 17: HUVEC & SMC Viability on Electrospun Scaffolds 

Cellular Adhesion 

 With promising results attained from the cellular morphology, spreading, and 

viability assays, we completed a cellular adhesion assay.  Cell adhesion assays using 

centrifugation apply detachment forces perpendicular to the cell-substrate to assess 

the cell’s ability to adhere to the underlying surface.  Centrifugation speeds and 

duration of applied force can be varied during this assay.  This method provides a 

uniform and reproducible applied force to assess cellular adhesion to the underlying 

substrate [151-154].  In order to determine the ability of cells to adhere to each of the 

scaffold surfaces, electrospun scaffolds seeded with HUVEC or SMC were exposed 

to 57g or 514g for 15 min [151].  The MTT assay was used to determine the cell 

quantity present on the scaffold surface after centrifugation.  This absorbance was 

then compared with the absorbance of cells seeded on the respective scaffold that had 

not undergone centrifugation.  This yielded a percentage of cells retained on the 
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scaffolds.    

 For the HUVEC at 57g, the 1 Gel: 1 PVA and gelatin scaffolds had higher cell 

retention than the PVA scaffolds (Figure 18).  The gelatin scaffolds and the gelatin 

coated nanofibers (1 Gel: 1 PVA coaxial and 3 Gel: 1 PVA coaxial) all possessed 

similar retention at 57g.  When 514g was tested, all of the scaffolds possessed similar 

HUVEC retention (ranging from 86% for gelatin and PVA scaffolds to 93% for 1 

Gel: 1 PVA coaxial scaffolds and to 100% for 3 Gel: 1 PVA coaxial scaffolds).  

There was no significant difference when comparing HUVEC retention between 57g 

and 514g for each scaffold type (gelatin: p = 0.76, PVA: p = 0.90, 1 Gel: 1 PVA: p = 

0.21, 3 Gel: 1 PVA: p = 0.81).  

 

Figure 18: Cellular Adhesion Under Centrifugal Force on Electrospun Scaffolds 

 For the SMC at 57g and 514g, the gelatin scaffolds and gelatin-coated 
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nanofibers (1 Gel: 1 PVA coaxial and 3 Gel: 1 PVA coaxial) possessed higher SMC 

retention at each centrifugation speed than the PVA scaffolds (p < 0.05).  When 

comparing cell retention on each scaffold type between the 57g and 514g 

centrifugation speeds, there was no difference in the PVA scaffolds (p = 0.25) or the 

3 Gel: 1 PVA scaffolds (p = 0.96).  However, there was a difference between the 

speeds for the gelatin scaffolds (p = 0.07) and 1 Gel: 1 PVA coaxial scaffolds (p = 

0.09).   

Cellular Proliferation 

 A MTT assay was used to assess cellular proliferation on the electrospun 

scaffolds (gelatin, PVA, 1 Gel: 1 PVA coaxial, and 3 Gel: 1 PVA coaxial) using a 

gelatin film, PVA film, and tissue culture plate as a control.  All surfaces were seeded 

with the same cellular density.  The MTT assay is based on the principle that the 

mitochondria of living cells change the yellow MTT to a purple formazan through a 

reduction reaction.  The quantity of formazan yielded is directly proportional to the 

quantity of living cells present in each well.  The MTT assay was completed on days 

1, 3, 5, and 7 after initial cell seeding.  The absorbance of each time point was 

normalized to the absorbance obtained from the TCP at day 1.   

 The HUVEC showed continual increase in cellular proliferation over the 7 days 

of incubation (Figure 19A).  The 3 Gel: 1 PVA coaxial scaffolds and 1 Gel: 1 PVA 

coaxial scaffolds had higher proliferation than the PVA scaffolds (p = 0.07 and p = 

0.09), the TCP (p = 0.01 and p = 0.02) and gelatin film (p =0.01 and p = 0.04).  

Lastly, the coaxial scaffolds (1 Gel: 1 PVA and 3 Gel: 1 PVA) had similar 

proliferation after 7 days (p = 0.85).  Therefore, the gelatin scaffolds and gelatin-
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coated nanofibers promote a higher cell count after 7 days than the PVA scaffolds.   

 

Figure 19: (A) HUVEC & (B) SMC Proliferation on Electrospun Scaffolds 

 Gelatin, a natural polymer derived from collagen, possesses cellular recognition 

sites that promote cell growth in contrast to PVA, a synthetic polymer, which lacks 

these attachment sites.  In previous work, we have shown a dramatic increase in 

fibroblast cell count on the gelatin and gelatin-coated nanofibers over the 7 days of 

cell culture, in comparison to the PVA scaffolds.  Additionally, we have shown that 

the gelatin nanofiber structure promotes higher proliferation than a film composed of 

the same material [149].  For the HUVEC proliferation on the gelatin scaffold and 

film, the same trend was not observed; therefore, the gelatin scaffold structure did not 

enhance cell proliferation compared to the flat film surface. 

 The rate of HUVEC proliferation was calculated over the 7 days of incubation.  

The TCP had lower rates of proliferation than gelatin scaffolds (p = 0.07), 3 Gel: 1 

PVA coaxial scaffolds (p = 0.003), 1 Gel: 1 PVA coaxial scaffolds (p = 0.01), and 
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gelatin film (p =0.002) (Figure 20A).  The gelatin film and gelatin scaffolds (p = 

0.24) as well as the PVA film and PVA scaffolds (p = 0.40) possessed similar rates of 

proliferation, indicating that the nanofiber structure did not yield a higher rate of 

proliferation when compared to the film surface.  Furthermore, the gelatin (p = 0.86), 

1 Gel: 1 PVA coaxial scaffold (p = 0.13), 3 Gel: 1 PVA coaxial scaffold (p = 0.14) 

possessed similar rates of proliferation when compared to the PVA scaffolds.   

 

Figure 20: HUVEC & SMC (A) Proliferation Rate &(B) Migration Rate on Electrospun Scaffolds 

 The SMC showed continual increase in cellular proliferation over 7 days of 

incubation (Figure 19B).  The 3 Gel: 1 PVA coaxial scaffold had higher proliferation 

than the 1 Gel: 1 PVA coaxial scaffold (p = 0.02).  The PVA scaffold had low SMC 

proliferation compared to the gelatin scaffold (p = 0.02), 3 Gel: 1 PVA coaxial 

scaffold (p = 0.01), TCP (p = 0.001), and gelatin film (p = 0.01).  Interestingly, there 

was no difference between gelatin film and gelatin scaffold after 7 days of 
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proliferation (p = 0.53).  Similarly, there was no difference in SMC proliferation 

between PVA and PVA film after 7 days of incubation (p = 0.13).  This indicates that 

the underlying structure (i.e. nanofibers vs. film surface) had no influence on cellular 

proliferation.   

 The SMC rate of proliferation was calculated over the 7 days of proliferation.  

PVA had a lower rate of proliferation when compared to gelatin scaffolds (p = 

0.00003), 1 Gel: 1 PVA coaxial scaffold (p = 0.02), 3 Gel: 1 PVA scaffold (p = 

0.002), TCP (p = 0.0001), and gelatin film (p = 0.0004) (Figure 20A).  There was no 

difference between the rate of proliferation when comparing gelatin scaffolds and 

gelatin films (p = 0.97) and PVA scaffolds and PVA films (p = 0.47).  Thus, the 

scaffold structure did not enhance the SMC rate of proliferation compared to the flat, 

film surface.  Additionally, the 3 Gel: 1 PVA coaxial scaffolds had similar rates of 

SMC proliferation to the gelatin scaffolds (p = 0.35), TCP (p = 0.94) and gelatin film 

(p = 0.37).  The TCP had higher proliferation than gelatin scaffolds (p = 0.003) and 

the gelatin film (p = 0.02). 

 The angioplasty procedure exerts physical forces on the vessel expanding it past 

its normal diameter and providing some elastic recoil.  In-stent re-stenosis is 

primarily caused by the excessive proliferation and migration of smooth muscle cells 

[137].  Therefore, a material that ultimately promotes HUVEC proliferation while 

minimizing smooth muscle cell proliferation would be ideal to decrease the potential 

for these failure modes.  The gelatin scaffolds and 3 Gel: 1 PVA coaxial scaffolds 

have high rates of SMC proliferation, which is not desirable for this application.   The 

1 Gel: 1 PVA coaxial scaffolds have high proliferation rates for HUVEC and 
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comparatively lower rates than the other materials for SMC proliferation.  In terms of 

proliferation, the 1 Gel: 1 PVA coaxial scaffold is ideal for this application out of the 

scaffolds tested. 

Cellular Migration 

 Cellular migration was determined using a non-injury cylinder assay.  In this 

method, HUVEC or SMC were seeded into a hollow cylinder and allowed to migrate 

outward for a given period of time (i.e. 0 hours, 4 hours, 24 hours, 48 hours, or 72 

hours).  After the desired migration time, the cells were fixed and stained so that the 

area occupied by HUVEC or SMC could be determined (Figure 21).  The area of the 

scaffolds and films that is occupied by cells was determined using the National 

Institute of Health’s ImageJ software.  The percent outward migration was then 

calculated normalizing with the cell occupied area during the 0 hour migration time 

point. 
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Figure 21: Outward Cellular Migration of HUVEC and SMC on Electrospun Scaffolds, Gelatin 

Film, and TCP a T=0 hr and 72 hrs 

 The HUVEC showed a continued outward migration on the gelatin scaffolds, 1 

Gel: 1 PVA coaxial scaffolds, 3 Gel: 1 PVA coaxial scaffolds, gelatin film, and TCP 

(Figure 22A & 23A).  After 72 hours of migration, the coaxial scaffolds (1 Gel: 1 

PVA and 3 Gel: 1 PVA) had similar outward migration (p = 0.39) and the highest 

outward migration when compared to gelatin scaffolds (p = 0.002), PVA scaffolds (p 

= 0.0001), gelatin film (p = 0.0001), and TCP (p = 0.0001).  The gelatin film (p = 

0.07), scaffolds (p = 0.0001), and coaxial nanofibers (p = 0.0001) had higher outward 

migration than the PVA scaffolds.   Although the PVA scaffolds had similar outward 

migration to the TCP (p = 0.40), the HUVEC on the PVA scaffolds had a round 

morphology (Figure 14) and did not occupy a consistent area at each time point.  

Furthermore, the HUVEC on the PVA scaffold did not show a consistent increase in 

cylinder area as migration time increased.  For the gelatin surfaces (film, scaffolds, 
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and coaxial nanofibers), the HUVEC showed a continued increase in cylinder area as 

migration time progressed; however, the PVA scaffolds did not have this trend, 

showing inconsistent results at each time point.   

 

Figure 22: (A) HUVEC and (B) SMC Occupied Area During Outward Migration 
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Figure 23: Percent Outward Migration of (A) HUVEC and (B) SMC on Electrospun Scaffolds, 

Gelatin Film, and Tissue Culture Plate  

 When looking at the rate of HUVEC migration over the 72 hours, the coaxial 

electrospun scaffolds (1 Gel: 1 PVA and 3 Gel: 1 PVA) had similar migration rates (p 

= 0.59) and the highest rate of migration when compared to gelatin scaffolds (p = 

0.0004), PVA scaffolds (p  = 0.0001), gelatin film (p = 0.0001), and TCP (p = 

0.0003) (Figure 20B).  The coaxial electrospun scaffolds had higher migration rates 

than the gelatin scaffolds, which is attributed to their higher Young’s modulus.  

Previous work has shown that the 1 Gel: 1 PVA coaxial scaffolds and the 3 Gel: 1 

PVA coaxial scaffolds have a Young’s modulus of 168 ± 36.5 MPa and 221.5 ± 28.4 

MPa, respectively, in comparison to the Young’s modulus of gelatin scaffolds (21.52 

± 4.15 MPa) [148].  Therefore, the stiffness of the underlying fibers contributed to the 

increase in migration on the coaxial scaffolds when compared to the gelatin scaffolds 
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alone.  Additionally, the gelatin scaffolds had a higher rate of migration than the 

gelatin film (p = 0.003), indicating that nanofiber structure promotes higher HUVEC 

migration than the flat film surface.  Although the scaffold structure did not increase 

HUVEC proliferation, the scaffold structure promoted an increase in cell migration 

compared to the flat, film surface.   

 The SMC showed a continued outward migration on the gelatin scaffolds, 1 

Gel: 1 PVA coaxial scaffolds, 3 Gel: 1 PVA coaxial scaffolds, gelatin film, and TCP 

over 72 hours of migration (Figure 21, 22, & 23).  The gelatin scaffolds had similar 

overall migration when compared to the 1 Gel: 1 PVA coaxial scaffold (p = 0.12), 3 

Gel: 1 PVA coaxial scaffold (p = 0.26), and the PVA scaffolds (p = 0.16).  

Additionally, the gelatin film had similar migration to the TCP (p = 0.65) and higher 

migration than the gelatin scaffolds (p < 0.01) after 72 hours.  Therefore, the gelatin 

scaffold didn’t enhance outward cellular migration compared to the flat, film surface 

of the same material.  However, the 1 Gel: 1 PVA coaxial scaffold and the 3 Gel: 

1PVA coaxial scaffold had higher migration than the PVA scaffolds (p = 0.04 and p = 

0.07, respectively).  Even though the SMC migration on the gelatin scaffolds was 

similar to the PVA scaffolds, the stiffer Young’s modulus of the coaxial scaffolds 

contributed to the SMC migration giving them statistical significance in outward 

migration.   

 The rate of migration of the SMC on the gelatin scaffolds over 72 hours was 

similar to the migration rate as PVA scaffolds (p = 0.20), 1 Gel: 1 PVA coaxial 

scaffolds (p = 0.11), and the 3 Gel: 1 PVA coaxial scaffolds (p = 0.31) (Figure 20B).  

The rate of migration of SMC on PVA scaffolds was less than 1 Gel: 1 PVA coaxial 
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scaffolds (p = 0.05), TCP (p = 0.007), and gelatin film (p = 0.03).  Overall, the gelatin 

film and TCP had the highest rate of SMC migration.  Additionally, the gelatin films 

had higher rates of migration than the gelatin scaffolds (p = 0.05).  This indicates that 

the nanofiber structure did not promote SMC rate of migration as it did with the 

HUVEC.   

 For vascular tissue engineering applications, the scaffold must support HUVEC 

and SMC migration.  Overall, the HUVEC had the highest outward migration and 

rate of migration on the coaxial scaffolds.  Re-endothelialization of the vascular 

lumen promotes the formation of a natural anti-thrombotic layer.  For SMC, the 

highest outward migration and rate of migration was on the gelatin film and TCP 

surface.   

Conclusion 

 This study sought to evaluate the potential of coaxial electrospun nanofibers 

composed of gelatin in the shell and PVA in the core for use in vascular applications.  

All scaffolds (gelatin-only, PVA-only, 1 Gel: 1 PVA coaxial, and 3 Gel: 1 PVA 

coaxial) possessed high cellular viability after 24-hours of incubation.  The gelatin 

and coaxial scaffolds promoted a flattened morphology with multiple attachment sites 

for both HUVEC and SMC.  In contrast, the cellular morphology of the cells on PVA 

scaffolds was round with minimal attachment sites, which was attributed to PVA’s 

lack of cellular recognition sites.  All scaffolds promoted cellular growth over the 7 

days of incubation with the greatest proliferation on the stiffer coaxial scaffolds.  The 

gelatin and the coaxial scaffolds promoted cellular migration over 72 hours.  The 

coaxial scaffolds (1 Gel: 1 PVA and 3 Gel: 1 PVA) had the highest outward HUVEC 
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migration.  The gelatin and coaxial scaffolds had similar SMC migration rates and 

lower rates than the TCP and gelatin film.  Out of the materials tested in this study, 

the 1 Gel: 1 PVA coaxial scaffold and 3 Gel: 1 PVA coaxial scaffold promotes 

HUVEC and SMC proliferation and migration.  Therefore, this is an appealing 

material to for use in vascular tissue engineering applications. 
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Chapter 6: Hemocompatibility of Polyvinyl Alcohol-Gelatin Core-Shell 

Electrospun Nanofibers: A Novel Scaffold for Modulating Platelet Deposition 

and Activation 

This paper is in preparation for publication 

Overview 

 The field of tissue engineering seeks to fabricate scaffolds that can be utilized 

for a variety of applications.  Specifically, electrospinning is employed to fabricate 

nanofibrous scaffolds that can be utilized for vascular applications.  In this study, we 

evaluate coaxial electrospun nanofibers with gelatin in the shell and polyvinyl (PVA) 

in the core as a potential material for the vasculature by determining fiber surface 

roughness, human platelet deposition, and human platelet activation under varying 

conditions.  PVA nanofibers had the highest surface roughness but the lowest platelet 

deposition in comparison to gelatin nanofibers and the coaxial nanofibers.  Due to 

their increased stiffness, the 3 Gel: 1 PVA coaxial nanofibers had the highest platelet 

activation rate – representing rate of thrombin formation in comparison to the gelatin 

fibers and PVA fibers.  When pre-seeding the scaffolds with endothelial cells or 

smooth muscle cells, the platelet deposition decreased on the coaxial and gelatin 

scaffolds in comparison to deposition on fibers alone; however, platelet deposition 

increased on the PVA scaffolds when the cells were pre-seeded on the scaffold.  

Overall, these coaxial nanofibers are an appealing material for use in vascular 

applications in that they support cellular adhesion and growth while minimizing 

platelet deposition and activation.             
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Introduction 

 Cardiovascular disease is the leading cause of mortality in the United States 

[128].  Of these cardiovascular related deaths, 49% are attributed to coronary heart 

disease (CHD) [1].  In this United States over 1.4 million arterial by-pass procedures 

are performed yearly [1].  The patient’s own arteries/veins are the graft typically 

utilized in these procedures.  However, in many cases the patient’s arteries/veins are 

unusable.  Synthetic grafts replacements for small diameter applications (< 5 mm) are 

prone to thrombosis and infection.  In addition, these synthetic alternatives do not 

have the compliancy and durability needed for this application [4].  Therefore, there 

is a clinical need for a material that promotes cellular viability while minimizing 

thrombosis.     

Recent advances in tissue engineering can provide a fibrous scaffold relevant 

for a variety of clinical applications.  Specifically, the process of electrospinning 

forms fibrous scaffolds with diameters ranging from the micron to nanometer scale 

[25, 155].  Additionally, electrospun scaffolds have high specific surface areas, 

porosities, as well as features on the micro- to nanoscale [111, 112].  Additional work 

has been completed to fabricate fibers from dual- or multiple-component fibers that 

have a set of properties that the single component fibers do not have.  Scaffolds that 

are used for vascular applications need both mechanical strength and high bioactivity 

[111, 112].  Scaffolds composed of biological properties have high bioactivity but 

have poor mechanical properties [23, 39, 42, 113-115].  In contrast, synthetic polymer 

scaffolds have appealing mechanical properties; however, lack biological properties 

due to their insufficient cellular recognition sites [23, 42, 113, 114].   Therefore, 
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creation of composite fibers can combine the mechanical properties of the synthetic 

polymers and the biological properties of the natural polymer.  In addition, 

therapeutic agents, growth factors, and other proteins can be incorporated or 

chemically bound to the fibers in order to tailor the scaffold to a given application 

[34, 156-158].      

 In this study, we fabricate coaxial nanofibers with polyvinyl alcohol (PVA) in 

the core and gelatin in the shell of each fiber.  PVA is a semi-crystalline, hydrophilic, 

and synthetic polymer that has displayed mechanical properties similar to soft tissue 

[159]. In contrast, gelatin, a natural polymer derived from the collagen triple-helix, 

has high bioactivity but poor mechanical properties [39, 120, 121].  Therefore, 

combining these materials in a core-shell structure allows the fibers to have the 

structural benefit of PVA in the core and the biological benefit of gelatin in the shell 

[149].   In previous studies, we have shown the enhanced mechanical properties of the 

coaxial nanofibers, as well as the high bioactivity with NIH 3T3 fibroblasts – similar 

to the gelatin scaffolds [148, 149].  We hypothesize that the coaxial nanofibers with 

gelatin in the shell and PVA in the core of each fiber will be an optimal construct for 

vascular applications displaying minimal platelet deposition and activation. 

 In this study, we evaluated human platelet deposition and activation on 

coaxial electrospun nanofibers fabricated in a 1 Gelatin: 1 PVA or 3 Gelatin: 1 PVA 

volumetric ratio and compared these results with nanofibers composed solely of 

gelatin or PVA.  First, we evaluated fiber surface roughness using an atomic force 

microscope (AFM).  Next, we analyzed platelet deposition under static conditions on 

the nanofibers alone, as well as platelets that have been chemically or mechanically 
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activated prior to incubation on the scaffold.  Additionally, these coaxial electrospun 

nanofibers promoted cellular viability of fibroblasts, human umbilical vein 

endothelial cells (HUVEC), and smooth muscle cells (SMC); therefore, determination 

of platelet deposition on scaffolds that have been pre-seeded with SMC or HUVEC 

needed to be assessed.  Lastly, to determine platelet activation of platelets on the 

nanofibers and in the presence of a platelet activator - fibrinogen, we utilized a 

modified prothrombinase assay that calculated the rate of thrombin formation.  

Materials and Methods 

Electrospinning.  

 A 16% w/v solution of PVA (Sigma Aldrich, 89,000-98,000 MW, 99+% 

hydrolyzed) was prepared with ethanol and water (1:9 v/v) in a water bath for 4 hours 

at 60 °C.  Electrospun PVA nanofibers were fabricated from a custom-built 

electrospinning device using the following parameters: 12 kV applied high voltage 

(Acopian High Voltage Power Supply), 12 cm fixed needle-tip to collector distance, 

and 9 µL/min fixed flow rate (Razel Syringe Pump, R-99).  A 15% w/v solution of 

Gelatin Type A (Sigma Aldrich) was prepared from ethanol and 10X-phosphate 

buffered saline (PBS) (1:1 v/v) in a water bath for 2 hours at 40 °C and subsequently 

at room temperature for 12 hours for further dissolution.  Gelatin nanofibers were 

fabricated using the following parameters: 12 kV applied voltage, 12 cm fixed 

needle-tip to collector distance, and a 30µL/min flow rate.  The coaxial nanofibers 

were fabricated using a custom-coaxial electrospinning device using the previously 

described gelatin and PVA solutions.  Composite fibers were made using two 

different flow rate conditions: 3 Gelatin: 1 PVA (3 µL/min flow rate for PVA and 9 
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µL/min flow rate for gelatin) and 1 gelatin: 1 PVA (7 µL/min for gelatin and PVA, 

respectively).  Each composite scaffold used a 20 kV applied voltage and 15 cm 

needle-tip to collector distance.  All scaffolds were crosslinked with 5% 

glutaraldehyde in ethanol in a vacuumed desiccator for 20 hours. 

Fiber Surface Roughness  

  The samples were gold coated under argon gas at 70 mTorr for 60 seconds.  

The samples were imaged in a Bruker dimensional atomic force microscopy (AFM) 

using tapping mode.  The surface roughness (Ra) was determined using the Bruker 

Nanoscope Analysis v1.40r2 software for 25 fibers of each scaffold (gelatin, PVA, 1 

Gel: 1 PVA coaxial, and 3 Gel: 1 PVA coaxial).  The images were corrected using the 

3rd order-flattening tool to remove tilts and bows from the images.  The roughness 

(Ra) values were obtained using the roughness tool with the peak inputs on.  The peak 

inputs allowed us to define a threshold height from the surface to measure the 

roughness of.  This ensured that only the roughness of the fiber was obtained. 

Blood Samples 

 Blood samples were taken from healthy adults who signed informed consent 

forms.  Adults did not take aspirin or ibuprofen for two weeks prior to donating and 

had not consumed caffeine for 12 hours prior to blood draw.  Thirty milliliters of 

whole blood was drawn via venipuncture and added to 0.3 mL 40% trisodium citrate.  

The whole blood was centrifuged at 450g for 4.5 minutes.  The platelet-rich plasma 

(PRP) was removed from the sample.  The PRP was filtered through a 150 mL 

column of Sepharose 2B beads (2% agarose; Amersham-Pharmacia, Sigma Chemical, 
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St. Louis, MO) to yield the gel-filtered platelets (GFP).   

Platelet Viability 

 Platelet viability was assessed using a lactate dehydrogenase (LDH) assay 

(Thermo Scientific) after 3 hours of incubation on the electrospun scaffolds or tissue 

culture plate (TCP) according to manufacturer’s instructions. 

Platelet Deposition on Electrospun Scaffolds   

 Five hundred microliters of 20,000 platelets/µl were incubated on the scaffold 

or substrate surface.  Platelets and scaffolds were incubated at 37 ºC, 5% CO2, and 

95% relative humidity for 4 hours.  After incubation, platelets were fixed for scanning 

electron microscopy (SEM) using 5% glutaraldehyde.  The cells/scaffolds were then 

transferred from glutaraldehyde to de-ionized water through a series of graded 

solutions.  Next, solutions were transferred to ethanol using a series of graded 

solutions and allowed to sit overnight.  Lastly, the samples were transferred to 

hexamethyldisilazane (HMDS) through a series of graded solutions and then allowed 

to air dry overnight [150].  After preparation, the samples were gold-coated for 60 

seconds using a sputter coater and imaged using a Hitachi-S4800 field emission 

scanning electron microscope (SEM).  Platelet deposition on scaffolds was 

determined using the National Institute of Health’s ImageJ software using ten images 

for each scaffold type. 

 For the mechanically activated platelets, platelets at a concentration of 20,000 

platelets/µl were subjected to a hemodynamic shear device at 10 dyne/cm2 for 10 

minutes.  Platelets were then seeded onto the scaffolds and incubated for 4 hours as 
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described in the proceeding section ‘Platelet Deposition on Electrospun Scaffolds’.  

After the 4 hours of incubation, the scaffolds were prepared for SEM imaging as 

previously described. 

 For the chemically activated platelets, platelets at a concentration of 20,000 

platelets/µl and 5µM adenosine diphosphate (ADP) were incubated on each scaffold 

for 4 hours.  Samples were prepared for SEM imaging as described previously.  

Platelet Activation Assay   

 Platelet activation state (PAS) was measured using a chemically modified 

prothrombinase-based assay.  Each scaffold was seeded with 500 µL of human 

platelets at a concentration of 20,000 platelets/µl in platelet buffer or 500 µL of 

human platelets at a concentration of 20,000 platelets/µl in platelet buffer and 0.5 

mg/mL of fibrinogen (Fisher Scientific).  Samples were incubated at 37°C for 0, 60, 

120, and 180 minutes.  After incubation, 200 nM Factor IIa (acetylated prothrombin), 

100 pM Factor Xa, and 5 mM calcium (Ca+2) were added and incubated for 10 

minutes.  After the 10-minute incubation, samples were read at 405 nm for 7 minutes 

in a plate reader at 405 nm to obtain the PAS values.  The PAS values at each time 

point were normalized against fully activated platelets (obtained using 7.5 watts of 

sonication for 10 seconds).  The normalized value represents the fraction of thrombin 

that was produced by fully sonicated platelets.  The platelet activation rate (PAR) was 

obtained from the slope of the PAS values over 3 hours [160-162]. 

Platelet Deposition Under Flow Conditions 

 Platelet deposition on the electrospun scaffolds was determined under vascular 
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relevant shear conditions to better simulate the in vivo environment.  Platelet rich 

plasma was diluted to a concentration of 15,000 platelets/µl and circulated for 60 

minutes across the scaffold surfaces at 1 dyn/cm2 or 3 dyn/cm2, respectively.  The 

samples were then fixed and imaged using a SEM in order to determine platelet 

deposition. 

Effects of SMC or HUVEC Pre-Seeding on Platelet Deposition 

 To prepare the scaffolds for cell culture, the scaffolds were placed in an oven at 

42ºC for a period of 24 hours to remove residual glutaraldehyde (GTA) remaining 

after the crosslinking process.  Next, the scaffolds were sterilized in the ultraviolet 

light for 30 minutes prior to cell culture.  The scaffolds were then incubated with cell 

culture media for a period of 15 minutes prior to cellular seeding.  Cell culture media 

for human umbilical vein endothelial cells (HUVEC) was M-199 stock media 

supplemented with 1% 0.2 M glutamine, 1.5% 1M HEPES (Lonza Walkersville, 

Walkersville, MD, USA), 7.5% NaHCO3, 1.8% penicillin/streptomycin/gentamicin 

(Lonza Walkersville, Walkersville, MD, USA), 15% fetal calf serum (Lonza 

Walkersville, Walkersville, MD, USA), heparin salt (Fisher Bioreagants, Fair Lawn, 

NJ, USA) and ECGS (endothelial cell growth supplements).   Human umbilical vein 

endothelial cell (HUVEC) (BD Biosciences, San Jose, CA, USA) were grown to 80% 

confluency and were passaged using a 1:1 mixture of trypsin-versene and HBSS 

(Lonza Walkersville, MD, USA).   

 Cell culture media for the primary smooth muscle cells (SMC) was Dulbecco’s 

modified eagle medium (Life Technologies, Carlsbad, CA, USA) supplemented with 

10% v/v fetal calf serum (Life Technologies, Carlsbad, CA, USA), 
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antibiotic/antimycotic (Life Technologies, Carlsbad, CA, USA), and 1% 0.2M L-

glutamine (Lonza Walkersville, Walkersville, MD, USA).  The primary smooth 

muscle cells were isolated from the aorta of an adult, male Sprague-Dawley rat.  SMC 

were also grown to 80% or higher confluency and passaged using trypsin-versene. 

 After incubation with the cell culture media, the respective cell line was seeded 

on the scaffold and incubated at 37 ºC, 5% CO2, and 95% relative humidity for 3 days 

with the media refreshed on day 2.  As a control, cells were seeded on the tissue 

culture polystyrene well (TCP) without any scaffolds present, as well as a gelatin film 

coated on the tissue culture polystyrene well.   

 After the 3 days of incubation, the scaffolds were rinsed three times with 1x 

phosphate-buffered saline (PBS) and once with platelet buffer.  After rinsing with 

platelet buffer, the scaffolds were seeded with platelets at a concentration of 20,000 

platelets/µl for 4 hours.  After incubation, platelet deposition on the cell-coated 

scaffolds was determined as previously described.    

Statistical Analysis 

 All results are presented as mean ± standard error unless otherwise indicated.  

Statistical analysis was completed using the student’s t-test. 

Results & Discussion 

Fiber Surface Roughness 

For a material to be a successful vascular construct, the material must be 

evaluated to ensure low platelet activation while maintaining the platelet’s role in 

hemostasis and angiogenesis [163].  Surface roughness can increase platelet adhesion 
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and the presence of platelet pseudopodia to the underlying substrate.  Therefore, there 

is an increase in platelet adhesion, spreading, and subsequent platelet activation [164, 

165].   In this experiment, we first sought to determine the fiber surface roughness of 

the gelatin, PVA, and coaxial nanofibers (1 Gel: 1 PVA coaxial and 3 Gel: 1 PVA 

coaxial) since this parameter plays a role in platelet adhesion and subsequent 

activation.      

 A Bruker atomic force microscope (AFM) and the Bruker Nanoscope Analysis 

software were utilized to determine the surface roughness of individual nanofibers 

(Figure 24 and Table 5).  The fiber surface roughness is reported as Ra, representing 

the average surface height deviations from a given reference point.  The use of the 

reference point allows us to determine the surface roughness of each individual fiber 

without taking into account the stainless steel substrate that the fibers were 

electrospun on.  Out of all of the fibers, PVA had the highest surface roughness (Ra = 

65.5 ± 6.8 nm) when compared to gelatin (p < 0.001), 1 Gel: 1 PVA coaxial scaffolds 

(p < 0.001), and 3 Gel: 1 PVA coaxial scaffolds (p < 0.001).  
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Figure 24: Fiber Surface Roughness of Electrospun (A) Gelatin, (B) PVA, (C) 1 Gel: 1 PVA 

Coaxial Scaffolds, & (D) 3 Gel: 1 PVA Coaxial Scaffolds 
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 Ra (nm) 

Gelatin 36.8 ± 3.0 

PVA 65.5 ± 6.8 

1 Gel: 1 PVA 24.0 ± 1.5 

3 Gel: 1 PVA 37.1 ± 2.8 

 

Table 5: Fiber Surface Roughness 

In a study completed by Milleret et. al. analyzing poly(lactic-co-glycolic acid) 

(PLGA) or polyester urethane (PEU) fibers from the nanoscale to approximately 7 

microns, they’ve shown that fiber surface roughness increases with increasing fiber 

diameter [164].  In our previous work, we’ve shown similar fiber diameter 

distributions for all scaffolds: gelatin scaffolds – 223 ± 93 nm, PVA scaffolds – 283 ± 

188 nm, 1 Gel: 1 PVA coaxial scaffolds - 256 ± 99 nm, and 3 Gel: 1 PVA coaxial 

scaffolds – 182 ± 81 nm [149].  This study suggests that differences in surface 

roughness are not be related to differences in fiber diameter distribution as was seen 

in the Milleret et al. study.   

Platelet Viability on Electrospun Nanofibers 

 Platelet viability throughout the platelet deposition and activation assay, 

respectively, was assessed using a lactate dehydrogenase (LDH) assay [166, 167].  

Damage to the cell membrane causes lactate dehydrogenase to leak into the platelet 

buffer.  The LDH now in the media can then convert the pyruvate to lactate through 

the reduction of NAD+ to NADH.  With NADH now present, the diaphorase can then 

convert tetrazolium salt to red formazan, which can then be quantified using a 
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spectrophotometer at a wavelength of 490 nm.  All scaffolds (gelatin, PVA, 1 Gel: 1 

PVA coaxial, and 3 Gel: 1 PVA coaxial) and the TCP possessed platelet viability of 

98+% at hours 1, 2, and 3 of incubation (Figure 25).  Therefore, the scaffold surfaces 

promote platelet viability throughout all subsequent platelet deposition and activation 

studies.   

Figure 25: Platelet Viability on the electrospun scaffolds and tissue culture place at 1, 2, and 3 

hours of incubation  

Platelet Deposition on Electrospun Nanofibers 

 Platelet deposition after 4 hours of incubation was calculated using SEM 

images (3000x) and the National Institute of Health’s ImageJ software (Figure 26).  

The gelatin scaffolds (169 ± 30 platelets) and the coaxial scaffolds (1 Gel: 1 PVA 

coaxial -150 ± 17 platelets; 3 Gel: 1 PVA coaxial scaffold – 168 ± 15 platelets) 

possessed similar platelet deposition and significantly more platelets than the PVA 

scaffolds (34 ± 6 platelets) (Table 6).  Therefore, the PVA fibers possessed the lowest 

platelet deposition out of all of the scaffolds. 
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Figure 26: Platelet Deposition on Electrospun Scaffolds (A) gelatin scaffolds (B) PVA scaffolds (C) 

1 Gel: 1 PVA coaxial scaffolds, and (D) 3 Gel: 1 PVA coaxial scaffolds. No Pre-Activation Prior to 

Incubation. Scale bar: 20 microns. 

 Platelets 
Only HSD ADP 

Gelatin 169 ± 30 51 ± 9 81 ± 8 

PVA 34 ± 6 71 ± 9 52 ± 14 

1 Gel: 1 PVA 150 ± 17 85 ± 10 51 ± 5 

3 Gel: 1 PVA 168 ± 15 117 ± 8 130 ± 20 

Table 6: Non-Activated, Chemically Activated (ADP), & Mechanically Activated (HSD) Platelet 

Deposition on Electrospun Scaffolds 
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 After determining platelet deposition of non-activated platelets on each scaffold 

surface, we sought to assess the quantity of platelets that would adhere to the 

nanofiber surface when these platelets were pre-activated through different 

mechanisms (i.e. mechanical or chemical activation).  First, platelets were 

mechanically activated using a hemodynamic shearing device prior to incubating on 

the scaffold surface (Figure 27A-D and Table 6).  The hemodynamic shear device 

(HSD) exposes the platelets to dynamic shear stresses that emulates similar 

mechanical forces that they would experience through the vasculature.  Additionally, 

the HSD provides uniform and repeatable stress to the platelet samples [161, 168].  

The 3 Gel: 1 PVA coaxial scaffold had the highest platelet deposition when compared 

to the gelatin scaffolds, PVA scaffolds, and 1 Gel: 1 PVA coaxial scaffold (p < 0.025) 

(Figure 28A).  Additionally, the 3 Gel: 1 PVA coaxial scaffolds had higher platelet 

deposition than the 1 Gel: 1 PVA coaxial scaffold (p < 0.03). 

 

Figure 27: Mechanically activated (A-D) and chemically activated (E-H) platelet deposition on 

(A,E) gelatin scaffolds, (B,F) PVA scaffolds, (C,G) 1 Gelatin: 1 PVA coaxial scaffolds, & (D,H) 3 

Gelatin: 1 PVA coaxial scaffolds per high powered field (3000x). Scale bar: 20 microns.  
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Figure 28: Platelet Deposition on Electrospun Scaffolds (A) Mechanically Activated (HSD) & 

Chemically Activated (ADP) Platelets (B) Platelet Deposition on Bare Scaffolds, Scaffolds Pre-

Seeded with SMC or HUVEC, (C) Platelet Deposition Under Shear 

 Next, platelets were chemically activated using adenosine diphosphate (ADP), a 

known platelet activator [169, 170].  ADP activates platelets through a GTP-binding 

proteins or G proteins.  This ADP-platelet interaction causes a platelet shape change 

and a decline in cAMP (cyclic adenosine monophosphate) formation, leading to 

platelet activation.  Therefore, ADP is an important chemical factor at locations of 

vascular injury for the propagation of platelet activation [171].  In this study, the 

quantity of these chemically activated platelets deposited per high-powered field 

(HPF) was calculated (Figure 27E-H).  A similar trend was obtained for the 

chemically activated platelets as was seen in the mechanically activated platelets 

(Figure 28A and Table 6).  The 3 Gel: 1 PVA coaxial scaffolds had the highest 

platelet deposition of chemically activated platelets than the gelatin scaffolds, PVA 

scaffolds, and 1 Gel: 1 PVA coaxial scaffolds (p < 0.025).  Additionally, the 3 Gel: 1 

PVA coaxial scaffolds had higher platelet deposition than the 1 Gel: 1 PVA coaxial 

scaffold (p < 0.03). 
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Platelet Deposition on Electrospun Scaffolds Pre-Seeded with SMC or HUVEC   

 Once the scaffold is placed in the body, vascular relevant cells (such as 

endothelial cells and smooth muscle cells) will begin migrating and proliferating on 

the fibers.  Therefore, we sought to determine platelet deposition on the nanofiber 

surfaces when they are covered with a monolayer of smooth muscle cells or 

endothelial cells.  First, electrospun scaffolds were pre-seeded with smooth muscle 

cells (SMC) for 72 hours to ensure a confluent monolayer of cells on the scaffold 

surface.  Once the confluent monolayer of SMC was attained, platelets were 

incubated for 4 hours on the scaffold surfaces prior to fixation and determination of 

platelet deposition (Figure 29 & Table 7).  The PVA had similar platelet deposition as 

the gelatin scaffold (p = 0.38) and 1 Gel: 1 PVA coaxial scaffold (p = 0.16), as well 

as significantly more platelets than the 3 Gel: 1 PVA coaxial scaffold (p = 0.02) 

(Figure 28B).  Gelatin scaffolds had similar platelet deposition to the 1 Gel: 1 PVA 

coaxial scaffold (p = 0.22) and 3 Gel: 1 PVA coaxial scaffold (p = 0.39).   

 

Figure 29: Platelet deposition on scaffolds pre-seeded with SMC (A-D) or HUVEC (E-H).  Platelet 

deposition on gelatin scaffolds (A,E), PVA Scaffolds (B,F), 1 gelatin: 1 PVA coaxial scaffolds (C,G), 

and 3 gelatin: 1 PVA coaxial scaffolds (D,H) per high powered field (3000x). Scale bar: 20 micron. 
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Platelets 

Only SMC HUVEC 

Gelatin 169 ± 30 80 ± 19 62 ± 9 

PVA 34 ± 6 101 ± 14 99 ± 11 

1 Gel: 1 PVA 150 ± 17 75 ± 12 62 ± 13 

3 Gel: 1 PVA 168 ± 15 61 ± 9 63 ± 8 

Table 7: Platelet Deposition on Electrospun Scaffolds Pre-Seeded with HUVEC or SMC 

 Overall, there was less platelet deposition on the gelatin scaffolds (80 ± 19 

platelets) and the coaxial scaffolds (1 Gel: 1 PVA coaxial - 75 ± 12 platelets; 3 Gel: 1 

PVA coaxial - 61 ± 9 platelets) pre-seeded with the SMC than on the scaffolds alone 

(without any cell pre-seeding) (Table 7).  This was not true for the PVA scaffolds, 

which had higher platelet deposition with the pre-seeding of SMC than on the 

scaffold fibers alone (101 ± 14 platelets with pre-seeding vs. 34 ± 6 platelets on fibers 

alone).   The PVA nanofibers pre-seeded with the smooth muscle cells, which 

possessed a round morphology with only a few attachment sites to the underlying 

nanofibers, had the highest platelet deposition. In contrast, the smooth muscle cells on 

the gelatin and coaxial scaffolds possessed a flattened morphology with numerous 

attachment sites, decreasing the platelet deposition in comparison to scaffolds with no 

cell pre-seeding.     

 Electrospun scaffolds were pre-seeded with HUVEC for 72 hours to allow the 

cells to proliferate and form a confluent monolayer.  After the 72-hour incubation, the 

cells were incubated with platelets for 4 hours and subsequently prepared for SEM 

imaging and counting (Figure 29).  A similar trend was observed for the HUVEC pre-

seeding as was seen with the SMC pre-seeding (Figure 28B).  The PVA had the 
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highest platelet deposition (99 ± 11 platelets) while the gelatin (62 ± 9 platelets), 1 

Gel: 1 PVA coaxial (62 ± 13 platelets), and 3 Gel: 1 PVA coaxial (63 ± 8 platelets) 

scaffolds had similar and lower deposition than platelet deposition on the scaffold 

fibers alone.  Overall, the formation of a confluent monolayer of SMC or HUVEC 

decreased platelet deposition than on the scaffolds fibers alone.     

Platelet Deposition on Electrospun Scaffolds Under Flow 

 Areas of low wall shear stress in the coronary arteries tend to have an increase 

in plaque accumulation, as well as an increase in necrotic core.  The low wall shear 

stress results in a decrease in alignment of the endothelial cells to the flow axis, as 

well as an increase in low-density lipoproteins (LDL), smooth muscle cell 

proliferation, and macrophage migration [172].  Therefore, understanding platelet 

deposition on the electrospun surfaces under flow conditions is vital for vascular 

applications.  For this experiment, we electrospin the scaffolds (gelatin, PVA, 1 Gel: 

1 PVA coaxial, and 3 Gel: 1 PVA coaxial) onto stainless steel chips, crosslink the 

scaffolds with glutaraldehyde vapor, and place the chips into a flow chamber.  A 

pulsatile pump is used to circulate platelet-rich plasma (PRP) through the flow loop at 

either 1 dyn/cm2 or 3 dyn/cm2.  After the PRP circulates through the flow loop, the 

scaffolds and stainless steel chips are removed, fixed, and prepared for SEM imaging 

(Figure 30).  Platelet counts per high-powered field (3000x) are calculated as 

previously described (Table 8). 

 Compared to platelet deposition under static conditions, platelet deposition 

under shear (1 dyn/cm2 or 3 dyn/cm2) declined for each scaffold (gelatin, PVA, 1 Gel: 

1 PVA coaxial, and 3 Gel: 1 PVA coaxial) (p < 0.03) (Figure 28C).  Platelet 
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deposition increased when the shear was increased from 1 dyn/cm2 to 3 dyn/cm2 for 

the 3 Gel: 1 PVA coaxial scaffolds (p < 0.001) with less significance seen in the 1 

Gel: 1 PVA coaxial scaffolds (p < 0.07) and gelatin scaffolds (p < 0.09).  Overall, 

PVA had the least platelet deposition of all the scaffolds for the static conditions, as 

well as the shear conditions (1 dyn/cm2 or 3 dyn/cm2).    

 Static 1 dyn/cm2 3 dyn/cm2 

Gelatin 169 ± 30 33 ± 6 45 ± 3 

PVA 34 ± 6 10 ± 1 12 ± 4 

1 Gel: 1 PVA 150 ± 17 34 ± 8 50 ± 3 

3 Gel: 1 PVA 168 ± 15 28 ± 3 65 ± 7 

Table 8: Platelet Deposition on Electrospun Scaffolds Under Flow 

 

Figure 30: Platelet Deposition on Electrospun Scaffolds Under Flow – 1 dyn/cm2 and 3 dyn/cm2 on 

gelatin scaffolds (A, E), PVA scaffolds (B, F), 1 Gel: 1 PVA coaxial scaffolds (C, G), and 3 gelatin: 

1 PVA coaxial scaffolds per high-powered field (3000x). Scale bar: 20 microns.   

Platelet Activation on Electrospun Scaffolds 

 In addition to platelet deposition, platelet activation is an important determinant 
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of a material’s hemocompatibility and potential to serve as a vascular construct.  

Activated platelets in the presence of Factor II (prothrombin) and Factor Xa form a 

prothrombinase complex that catalyzes the conversion of prothrombin to thrombin.  

In the normal coagulation cascade, thrombin formation provides a positive feedback 

on the activation of platelets and additional thrombin formation [160].  Therefore, 

quantification of platelet activation using thrombin can be difficult.  In this study, we 

utilize a modified prothrombinase assay in which acetylated prothrombin is utilized.  

Essentially, this assay determines the quantity of acetylated thrombin formed from 

acetylated prothrombin using low platelet concentrations (20,000 platelets/µl).  Use 

of the acetylated prothrombin at low platelet concentrations inhibits the positive 

feedback of the thrombin formation on the platelets.  Thus, a 1:1 correlation is 

achieved between platelet activation and acetylated thrombin formation [160].   

 Electrospun scaffolds were incubated with 500 µl of platelets at a concentration 

of 20,000 platelets/µl for 0, 1, 2, or 3 hours.  If the platelets are activated from the 

interaction with the nanofibers, then the anionic phospholipid (phosphatidylserine) is 

translocated from the inner leaflet to the outer leaflet of the cell membrane.  

Phosphatidylserine will then bind and activate coagulation factors VII, IX, X, and 

prothrombin.  Additionally, activated platelets will activate factor V – present in the 

alpha-granules – and express it on the membrane surface.  Activated factor V is 

required for the factor Xa activation of prothrombin.  Therefore, activated platelets 

produce the necessary cofactors needed for the formation of acetylated prothrombin, 

which is measured in subsequent steps of this assay [160]. 

 At each time point (t = 0, 60, 120, or 180 minutes), acetylated factor II, factor 
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Xa, and Ca+2 were added to the well and incubated at 37ºC for 10 minutes to start the 

assay.  After the 10-minute incubation, a chromogenic substrate (Chromozyme-TH) 

for thrombin is added, which allows the amount of acetylated thrombin to be 

quantified in a plate reader at 405 nm for 7 minutes.  The slope of the absorbance 

over the 7-minute reading is referred to as platelet activation state (PAS).  The PAS 

values are normalized with the PAS value obtained for fully activated platelets.  

Therefore, the normalized PAS value represents the fraction of acetylated thrombin 

formed from fully activated platelets.  The platelet activation rate (PAR) is calculated 

as the rate of change of the platelet activation state (PAS) over the 3 hours of platelet 

incubation (Equation 1).  The PAR determines how rapidly the platelets are becoming 

activated when in the presence of the electrospun scaffolds.   

Equation 1: PAR = (PAS3hr – PAS0hr) / (3 hr – 0 hr) 

 The PAS of the platelets on the scaffolds (gelatin, PVA, 1 Gel: 1 PVA coaxial, 

and 3 Gel: 1 PVA coaxial), as well as the tissue culture plate (TCP) are calculated and 

presented in Figure 31A.  The platelet activation rate (PAR) is calculated from the 

PAS values for each scaffold and the TCP over the 3 hours of incubation, and we 

utilized this value for comparison between substrates.  When the platelets were 

incubated on the scaffold or TCP surfaces, the platelet activation rate was highest for 

the TCP when compared with the gelatin scaffolds (p = 0.004), PVA scaffolds (p = 

0.002), 1 Gel: 1 PVA coaxial scaffolds (p = 0.06), and 3 Gel: 1 PVA coaxial scaffolds 

(p = 0.03) (Figure 31B).  The coaxial scaffolds (1 Gel: 1 PVA and 3 Gel: 1 PVA) had 

similar PAR (p = 0.52).  The 1 Gel: 1 PVA coaxial scaffold had higher PAR when 

compared to gelatin (p = 0.045) and PVA (p = 0.03); however, results were less 
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significant when comparing the 3 Gel: 1 PVA coaxial scaffolds with gelatin (p = 

0.12) or PVA (p = 0.08).  

 

Figure 31: Platelet Activation State (A) & Platelet Activation Rate (B) on Electrospun Scaffolds 

 Collagen, a triple helix protein, strongly promotes the adhesion and activation 

of human platelets [173].  For example, human platelets and collagen fibrils in 

suspension showed a pseudo first-order kinetics adhesion profile reaching 60% 

adhesion at 60-minutes of incubation [174].  Platelets can bind directly to collagen via 

integrin α2β1 and glycoprotein VI as well as indirectly to collagen through von 

Willebrand factor.  Platelet interaction and binding with collagen depends on the 

platelet receptor recognizing the protein sequence.  Gelatin, a single stranded 

polypeptide derived from collagen, has the protein sequences needed for platelet 

binding; however, the single stranded structure is not recognized by these platelet 

receptors.  Despite this, there are additional protein sequences (RGD) that are 
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exposed in gelatin’s single stranded structure that do not contribute when in the triple 

helix structure that may bind to platelet sites such as α3β1, α5β1, αVβ3, and 

potentially αIIbβ3 [175].  Additionally, a study by Milleret et. al showed that fibers 

less than 1 micron in diameter had low platelet adhesion and coagulation [164].  

Therefore, the different mechanism of platelet interaction of the gelatin, as well as the 

nanosized fibers may account for the low PAR observed in this modified 

prothrombinase assay.   

Effects of Fibrinogen Stimulation on Platelet Activation 

    Based on the low activation seen in the modified prothrombinase assay with 

only the platelets on the scaffold surface, fibrinogen was added to the platelets to 

increase platelet activation.  Interaction of fibrinogen with receptors on the platelet 

surface can increase signal transduction pathways leading to increased platelet 

activation of platelets deposited on the scaffold surface.  Additionally, the fibrinogen 

may interact with platelet receptions GPIIb/IIIa and GPIb to increase the formation of 

the prothrombinase complex and subsequent increase in thrombin production [176, 

177].  The binding of fibrinogen to the GPIIb/IIa receptor on platelets activates a 

pathway that ultimately leads to the activation of myosin light-chain kinase.  

Activation of myosin light-chain kinase leads to platelet contraction, which ultimately 

leads to clot retraction and stiffening.  From a study completed by Lam et al., platelets 

were shown to almost instantly contract when in the presence of fibrinogen with the 

process of contraction being completed by 15 minutes after initial contact.  In the 

same study, platelets showed an increase in contraction and work generated when in 

the presence of stiffer microenvirnoments [178].  A subsequent study by Qiu et al. 
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illustrated that platelets are able to sense the stiffness of the underlying substrate.  In 

this study, fibrinogen was covalently linked to a polyacrylamide gel and platelet 

adhesion and spreading determined.  This study illustrated that the increase in 

stiffness of the underlying gel increased platelet activation [179].  Therefore, the 

presence of fibrinogen in this assay helps to further elucidate the platelet response to 

each scaffold, as well the tissue culture plate.   

 Additionally, fibrinogen levels are higher in individuals that have 

cardiovascular disease [180].  Therefore, the addition of fibrinogen to the platelets 

during incubation on the scaffold surface simulates the elevated levels of fibrinogen 

that are present in cardiovascular diseased patients.  The addition of this platelet 

activator allows us to determine the increase in platelet activation rate in response to 

this stimulus. 

 Platelets at a concentration of 20,000 platelets/µl and fibrinogen were incubated 

on the scaffolds and TCP for 0, 60, 120, or 180 minutes.  The modified 

prothrombinase assay was completed as previously described to determine platelet 

activation in the presence of the platelet activator - fibrinogen.   The PAS values were 

obtained for each scaffold at each time point (Figure 31A).  From the PAS values, the 

PAR was calculated for each substrate.  In the presence of fibrinogen, the TCP had 

the highest PAR when compared with gelatin scaffolds (p = 0.008), PVA scaffolds (p 

= 0.005), and 1 Gel: 1 PVA coaxial scaffolds (p = 0.038), as well as a similar PAR 

when compared with the 3 Gel: 1 PVA coaxial scaffolds (p = 0.38) (Figure 31B).  

PVA had the lowest PAR when compared with 1 Gel: 1 PVA coaxial scaffolds (p = 

0.04), 3 Gel: 1 PVA coaxial scaffolds (p = 0.06), and TCP (p = 0.005).   
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Figure 32: Platelet Activation State (A) & Platelet Activation Rate (B) of Platelets on the 

Electrospun Scaffolds in the Presence of a Platelet Activator - Fibrinogen 

 Platelets are able to sense the mechanical properties of the underlying substrate.  

Thus, platelet adhesion, spreading, and subsequent activation is greater on the stiffer 

substrates than the softer materials [179].  Previous studies have determined the 

mechanical properties of the gelatin scaffolds, PVA scaffolds, and the coaxial 

scaffolds (1 Gel: 1 PVA and 3 Gel: 1 PVA) [148, 149].  The 3 Gel: 1 PVA coaxial 

scaffold has the highest Young’s modulus of 221 ± 28.4 MPa and subsequently the 

highest PAR.  The 1 Gel: 1 PVA coaxial scaffold had the next highest modulus 

(168.6 ± 36.5 MPa) and the next highest PAR.  Gelatin has the lowest Young’s 

modulus (21.52 ± 4.15 MPa) and a similar PAR to PVA (p = 0.30).  PVA has a 

Young’s modulus of 100.5 ± 23.5 MPa; however, the PAR was low compared to the 

coaxial scaffolds and TCP.  Although PVA has a high surface roughness and 
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moderate stiffness compared to the gelatin and coaxial scaffolds, the PAR was low.   

In previous studies, we have shown that NIH 3T3 fibroblasts seeded on the PVA 

scaffolds had a round morphology with minimal attachment sites compared to the 

gelatin or coaxial scaffolds (1 Gel: 1 PVA coaxial and 3 Gel: 1 PVA coaxial 

scaffolds) that have gelatin in the shell of each nanofiber [149].  Overall, the PVA 

scaffolds do not promote cell growth and migration [149], as well as minimize 

platelet activation compared to gelatin scaffolds or the coaxial scaffolds.    

Conclusion 

 In this study, we fabricated coaxial nanofibers composed of gelatin in the shell 

and polyvinyl alcohol (PVA) in the core of each fiber and evaluated its 

hemocompatibility by determining platelet deposition and activation under varying 

conditions.  PVA nanofibers had the highest surface roughness (Ra) in comparison to 

gelatin and the coaxial scaffolds (1 Gel: 1 PVA coaxial fibers and 3 Gel: 1 PVA 

coaxial fibers).  PVA scaffolds had the lowest platelet deposition under static 

conditions out of all of the scaffolds (gelatin, PVA, 1 Gel: 1 PVA coaxial, and 3 Gel: 

1 PVA coaxial).  When the scaffolds were pre-seeded with either SMC or HUVEC, 

the platelet deposition decreased significantly on the gelatin and coaxial scaffolds.  

However, pre-seeding with the SMC or HUVEC increased platelet deposition on the 

PVA scaffolds.  Lastly, the modified-prothrombinase assay was used to determine the 

rate of thrombin formation of platelets on the scaffolds, as well as platelets on 

fibrinogen and scaffolds.  Overall, the tissue culture plate had the highest platelet 

activation rate.  The 3 Gel: 1 PVA coaxial scaffold had the next highest platelet 

activation rate, which was followed by 1 Gel: 1 PVA coaxial scaffolds and then 
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gelatin scaffolds.  The increase in platelet activation rate correlated with the increase 

in stiffness of the underlying fibers.  Overall, these substrates possess appealing 

hemocompatibility for use in vascular applications.         
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Chapter 7: Adipose-derived Stem Cell Biocompatibility on PVA/Gelatin Core-

Shell Electrospun Scaffolds 

This manuscript is in preparation 

Overview 

        Fabrication of biocompatible scaffolds for adipose-derived stem cells (ADSC) is 

paramount for the advancement of tissue engineering and regenerative medicine.  

Coaxial electrospun scaffolds with gelatin in the shell and polyvinyl alcohol (PVA) in 

the core of each nanofiber are fabricated.  Therefore, these nanofibers have the 

structural benefit of PVA in the core with the biological activity of gelatin in the 

shell.  The ADSC displayed a flattened morphology with multiple attachment sites on 

the gelatin and coaxial scaffolds with the coaxial scaffolds having a larger cell area 

than the gelatin scaffolds.  The adhesion of the coaxial scaffolds was comparable to 

the gelatin scaffolds with the PVA scaffolds possessing the lowest ADSC adhesion.  

The gelatin (385.4 ± 19.2%) and coaxial scaffolds (1 Gel: 1 PVA coaxial (353.3 ± 

21.2%), and 3 Gel: 1 PVA coaxial (374.8 ± 15.6%)) promoted very high ADSC 

proliferation after 7 days in culture compared to the gelatin film (226.9 ± 8.0%) and 

tissue culture plate (229.4 ± 5.3%).  For outward cell migration, the ADSC had higher 

migration on the gelatin film and tissue culture plate than the electrospun scaffolds 

(gelatin, 1 Gel: 1 PVA coaxial, and 3 Gel: 1 PVA coaxial) even in the presence of a 

pro-migratory growth factor (basic fibroblast growth factor).  Therefore, the 

electrospun scaffolds promote the viability and growth of ADSC while entrapping 



 

 

176 

them for maturation and differentiation.  Overall, the coaxial electrospun nanofibers 

are an appealing construct for tissue engineering applications.     

Introduction 

The field of tissue engineering combines the fields of biology, engineering, 

chemistry, polymer science, material science, and medicine.  Tissue engineering 

provides the fabrication of a variety of constructs for research, diagnostic, as well as 

therapeutic applications [30, 181].  These scaffolds can be designed and used as a 

replacement for diseased tissue, as a means to develop innovative diagnostic 

techniques, as well as a method to deliver therapeutics [181].   For example, the 

myocardium is usually replaced by non-contractile scar tissue after a myocardial 

infarction, which can lead to congestive heart failure.  Additionally, large lesions to 

bone tissue are unable to regenerate on their own; therefore, there is an unmet clinical 

need to regenerate native tissue [182]. 

Adipose-derived stem cells (ADSC) are an appealing cell source for 

regenerative medicine and tissue engineering applications.  Additionally, ADSC are 

readily harvested using less invasive procedures in comparison to bone marrow-

derived stem cells and can be procured in higher cellular quantities [182-185].  These 

cells can be differentiated depending on the particular cellular environment into a 

variety of cell types including adipocytes [65-67], osteoblasts [68, 69], chondrocytes 

[70, 71], and neurons [72-74].    

In order to create a viable scaffold similar to the native tissue, a three-

dimensional tissue matrix is necessary [29].  Electrospinning is capable of fabricating 

a fibrous matrix on the nano- to microscale with a high surface area to volume ratio 
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[25, 156].   Electrospinning can fabricate fibers from single or multi-component 

solutions.  The use of multi-component fibers can be used to overcome the limitations 

of the single component fibers.  For example, scaffolds composed of synthetic fibers 

have appealing mechanical properties; however, they have limited biological 

properties [23, 42, 113, 114].  In contrast, scaffolds composed solely of natural 

polymers tend to have appealing biological properties but lack the mechanical 

properties for many in vivo applications [23, 39, 42, 113-115].  Therefore, the 

fabrication of composite fibers that incorporate the biological properties of natural 

polymers with the mechanical properties of synthetic polymers are an appealing 

construct for a variety of tissue engineering and regenerative medicine applications.  

Gelatin, a natural polymer, is derived from the collagen triple helix and has 

high bioactivity; however, gelatin has poor mechanical properties [41, 186].  In 

contrast, polyvinyl alcohol (PVA) is a synthetic, semi-crystalline, hydrophilic 

polymer with appealing mechanical properties but lacks cellular recognition sites [27, 

42, 114].  Additionally, gelatin and PVA are dissolvable in aqueous solvent systems 

[41, 148].  Utilizing the process of coaxial electrospinning, these materials can be 

combined in a core-shell structure.  In this study, we fabricate coaxial nanofibers with 

gelatin in the shell and PVA in the core of each nanofiber.  Therefore, these fibers 

have the structural benefit of PVA in the core with the bioactivity of gelatin in the 

shell.  We hypothesize that the coaxial electrospun nanofibers will enhance cellular 

viability, adhesion, proliferation, and migration compared to scaffolds composed 

solely of gelatin or PVA. 
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In this study, we use a dual capillary spinneret to co-extrude gelatin and PVA 

at different mass ratios to fabricate nanofibers in a core-shell structure.  We evaluate 

the biocompatibility of the coaxial electrospun nanofibers using adipose-derived stem 

cells.  We utilize scanning electron microscopy to determine cell spreading area and 

cell morphology.  A lactate dehydrogenase (LDH) assay was used to determine 

cellular viability on the electrospun scaffolds over 7 days in culture.  Additionally, 

cellular adhesion and cellular proliferation on the electrospun scaffolds were assessed 

using a MTT (thiazolyl blue tetrazolium bromide) assay.  Lastly, cellular migration 

was determined using a non-injury cell migration assay over 48 hours in culture. 

Materials & Methods 

Electrospinning 

 A 16% w/v solution of PVA (Sigma Aldrich, 89,000-98,000 MW, 99+% 

hydrolyzed) was prepared with ethanol and water (1:9 v/v) in a water bath for 4 hours 

at 60 °C.  Electrospun PVA nanofibers were fabricated from a custom-built 

electrospinning device using the following parameters: 12 kV applied high voltage 

(Acopian High Voltage Power Supply), 12 cm fixed needle-tip to collector distance, 

and 9 µL/min fixed flow rate (Razel Syringe Pump, R-99).  A 15% w/v solution of 

Gelatin Type A (Sigma Aldrich) was prepared from ethanol and 10X-phosphate 

buffered saline (1:1 v/v) in a water bath for 4 hours at 40 °C.  Gelatin scaffolds were 

fabricated using the following parameters: 12 kV applied voltage, 12 cm fixed 

needle-tip to collector distance, and a 30µL/min flow rate.  The coaxial nanofibers 

were fabricated using a custom-coaxial electrospinning device using the previously 

described gelatin and PVA solutions.  Composite fibers were made using two 
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different flow rate conditions: 3 Gelatin: 1 PVA (3 µL/min flow rate for PVA and 9 

µL/min flow rate for gelatin) and 1 gelatin: 1 PVA (7 µL/min for gelatin and PVA, 

respectively).  Each composite scaffold used a 20 kV applied voltage and 15 cm 

needle-tip to collector distance.  All scaffolds were crosslinked with 5% 

glutaraldehyde in ethanol in a vacuumed dessicator for 20 hours at 42°C. 

Cell Culture 

Electrospun scaffolds were placed in a vacuum oven for 24 hours at 42°C to 

remove residual glutaraldehyde.  Subsequently, scaffolds were sterilized in the 

ultraviolet light for 30 minutes before placing in a 24-well tissue culture plate.  

Scaffolds were incubated for 15 minutes with approximately 150 µL of cell media 

prior to cell seeding.  After incubation with the cell culture media, the stem cells were 

added and the final media volume per well was 500 µL.  The cells were seeded on the 

scaffolds and incubated at 37 ºC, 5% CO2, and 95% relative humidity.   Cell culture 

media was refreshed every 2 days.  As a control, cells were seeded on the tissue 

culture polystyrene well (TCP) without any ECM present. 

Cell culture media for the adipose-derived stem cells was MEM alpha mod. 

(1x) stock supplemented with 10% fetal bovine serum, 1% L-glutamine, 1% non-

essential amino acids, 1% pen/strep, and 1% sodium pyruvate.  ASC were grown to 

80% confluency and passaged using trypsin-versene.   

Cell Morphology & Spreading 

Approximately 10,000 adipose-derived stem cells were seeded on the scaffold or 

tissue culture plate surface and incubated at 37 ºC, 5% CO2, and 95% relative 



 

 

180 

humidity for 3, 5, and 7 days.  After incubation, stem cells were fixed for scanning 

electron microscopy (SEM) using 5% glutaraldehyde.  The cells/scaffolds were then 

transferred from glutaraldehyde to de-ionized water through a series of graded 

solutions.  Next, solutions were transferred to ethanol using a series of graded 

solutions and allowed to remain in the ethanol overnight.  Finally, the samples were 

transferred to hexamethyldisilazane (HMDS) through a series of graded solutions and 

air dried overnight [150].  Samples were gold-coated for 60 seconds and imaged 

using a Hitachi-S4800 SEM.  Cell spreading was calculated from the SEM images 

using the National Institute of Health’s ImageJ software. 

Cellular Viability 

 Cellular viability was assessed using a lactate dehydrogenase (LDH) assay 

(Thermo Scientific) according to manufacturer’s instructions.  The LDH assay was 

completed after 1, 3, 5, and 7 days of incubation.   

Cellular Adhesion 

 Scaffolds were electrospun onto stainless steel chips/squares and crosslinked 

as described in the previous section.  Stem cells (75,000 cells/well) were seeded on 

the scaffold and allowed to incubate for 4 hours.  After the 4 hours of incubation, the 

scaffolds were rinsed four times with 1x phosphate buffered saline (PBS).  Next, cell 

quantity remaining on the scaffolds was assessed using a MTT (thiazolyl blue 

tetrazolium bromide) assay.  First, 100 µL of MTT solution (5 mg/mL of MTT in 

1xPBS) was added to each well and incubated for 3.5 hours.  After the 3.5 hours of 

incubation, the media/MTT solution was aspirated and dimethyl sulfoxide (DMSO) 



 

 

181 

added.  The absorbance of the resulting purple solution was read using a 

spectrophotometer at 630 nm.   

Cellular Proliferation 

 Cellular proliferation on the electrospun scaffolds and tissue-culture plate was 

assessed using a MTT (thiazolyl blue tetrazolium bromide) assay.  Scaffolds and the 

TCP were seeded with 7,500 cells/well and the proliferation assay was completed at 

days 1, 3, 5, and 7 after initial cell seeding.  The media was refreshed every 2 days.  

Additionally, scaffolds were fixed and stained at each time point to assess confluency 

on the scaffold surface.  Stem cells were rinsed with 1x phosphate buffered saline 

(PBS) and fixed with SafeFix II (Fisher Diagnostics, Middletown, VA, USA) for 10 

minutes.  After cell fixing, cells were washed twice with PBS-T (1x PBS with 1% of 

Tween 20 – Sigma Aldrich, St. Louis, MI, USA) to permeabilize the cells and stained 

with 0.1% toluidine blue (Sigma Aldrich, St. Louis, MI, USA) for 10 minutes.   

Cellular Migration  

 Cellular migration was completed using a non-injury cylinder assay.  

Scaffolds were sterilized in ultraviolet light and incubated for 15 minutes with 10 µl 

of cell culture media.  Stem cells were diluted to 125,000 cells/mL and 40 µl of the 

cell suspension was added to the center of a hollow cylinder (Pyrex® cloning 

cylinders – Fisher Scientific, Pittsburgh, PA USA) resting on the scaffold or culture 

plate surface of a 24-well plate (adding 5,000 stem cells per scaffold).   The cells and 

scaffolds were incubated for 4 hours to allow the cells to seed on the scaffold surface 
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in the center of the hollow cylinder.  After the 4 hours of incubation, the cylinders 

were removed, and 500 µl of stem cell media was added.   

Stem cells were allowed to migrate on the respective surface for 0, 4, 24, or 48 

hours.  After stem cell migration, scaffolds/cells were rinsed with 1x phosphate 

buffered saline (PBS) and fixed with SafeFix II (Fisher Diagnostics, Middletown, 

VA, USA) for 10 minutes.  After cell fixing, cells were washed twice with PBS-T (1x 

PBS with 1% of Tween 20 – Sigma Aldrich, St. Louis, MI, USA) and stained with 

0.1% toluidine blue (Sigma Aldrich, St. Louis, MI, USA) for 10 minutes.  

The cellular migration assay was repeated using basic fibroblast growth factor 

(bFGF) at a concentration of 20 ng/ml.  In this assay, stem cells (40 µl of 125,000 

cells/mL) were seeded into the center of a hollow cylinder and incubated for 4 hours.  

After the 4 hours of incubation, the cylinder was removed, cell culture media added 

(460 µl), and bFGF added.  Stem cells were allowed to migrate for 0, 4, 24, or 48 

hours.  Cells were fixed as previously described. 

Statistical Analysis 

 All values are presented as the mean ± standard error of the mean unless 

otherwise indicated.  Statistical analysis was performed using the student’s t-test. 

Results & Discussion 

Cellular Morphology & Viability 

Coaxial electrospun nanofibers were fabricated with gelatin in the shell and 

polyvinyl alcohol (PVA) in the core of each nanofiber.  Therefore, these coaxial 

fibers have the structural benefit of PVA in the core and the biological benefit of 
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gelatin in the shell.  In this study, coaxial nanofibers with the following mass ratios 

were fabricated: 1 Gel: 1 PVA and 3 Gel: 1 PVA.  The increase in the mass ratio of 

gelatin present in the coaxial nanofibers created a thicker gelatin sheath on the fibers 

as was previously reported [148, 149].  For a material to be utilized as a tissue-

engineered construct, cellular response to the scaffold, namely morphology, viability, 

adhesion, proliferation, and migration must be assessed.     

In order to determine cell morphology on the electrospun scaffolds, adipose-

derived stem cells (ADSC) were seeded on each scaffold, incubated for 1, 5, or 7 

days, and prepared for SEM imaging.  After 24 hours, the stem cells displayed a 

flattened morphology with multiple attachment sites to the underlying fibers on the 

gelatin and coaxial scaffolds (1 Gel: 1 PVA and 3 Gel: 1 PVA) (Figure 33).  Gelatin 

is a natural polymer derived from the collagen triple helix; therefore, this polymer has 

multiple cell recognition sites [39, 120, 121].  The PVA scaffolds showed stem cells 

that were spread on the nanofibers with multiple attachment sites, as well as multiple 

cells with a round morphology with minimal attachment sites.  This is in contrast to 

fibroblast morphology seen on the synthetic, hydrophilic PVA scaffold where the 

cells presented only in a round morphology with minimal attachment sites [114, 149, 

159].   
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Figure 33: Adipose-Derived Stem Cell Morphology on Electrospun (A) Gelatin Scaffolds (B) PVA 

Scaffolds (C) 1 Gel: 1 PVA Coaxial Scaffolds and (D) 3 Gel: 1 PVA Coaxial Scaffolds 

 ADSC spreading on each of the electrospun scaffolds was calculated from the 

SEM images taken at 24 hours of incubation (Table 9 & Figure 34).  The PVA 
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scaffolds had the lowest cell spreading of all of the scaffolds with an average cell area 

of 421.1 ± 85.4 µm2 (p < 0.00001).  Next, the gelatin scaffolds had a cell spreading of 

1068.8 ± 69.5 µm2.  The cell spreading then increased for the 1 Gel: 1 PVA coaxial 

scaffolds (1731.5 ± 104.8 µm2) and the 3 Gel: 1 PVA coaxial scaffolds (1911.6 ± 

114.4 µm2), which had similar cell spreading (p = 0.25) and the highest cell spreading 

area when compared with gelatin scaffolds (p < 0.00001) or PVA scaffolds (p < 

0.00001).  This increase in cell spreading observed on the gelatin and coaxial scaffolds 

correlated with the increase in stiffness observed with each of these scaffolds.  The 

gelatin scaffolds had the lowest Young’s modulus (21.5 ± 4.2 MPa).  The stiffness 

increased with the 1 Gel: 1 PVA coaxial scaffold (100.5 ± 23.5 MPa), and the 3 Gel: 

1 PVA coaxial scaffold had the highest Young’s modulus (221.5 ± 28.4 MPa) [148, 

149]. 

 

Figure 34: Adipose-Derived Stem Cell Spreading on Electrospun Scaffolds - Gelatin, PVA, 1 Gel: 1 

PVA Coaxial, & 3 Gel: 1 PVA Coaxial 
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 Cell Area 
(µm2) 

Gelatin  1068.8 ± 69.5 
PVA  421.1 ± 85.4 
1 Gel: 1 PVA Coaxial  1731.5 ± 104.8 
3 Gel: 1 PVA Coaxial  1911.6 ± 114.4 
 

Table 9: Adipose-Derived Stem Cell Spreading on Electrospun Scaffolds - Gelatin, PVA, 1 Gel: 1 

PVA, & 3 Gel: 1 PVA Coaxial 

 Cellular morphology was also observed after 5 and 7 days of incubation (Figure 

33).  After 1 day of incubation on the scaffolds, the ADSC had a flattened 

morphology with multiple attachment sites on the gelatin and coaxial scaffolds.  

Additionally, the cells on the gelatin and coaxial scaffolds had no preferential 

alignment.  After 5 days of incubation, the cells started to elongate on the gelatin and 

coaxial scaffolds; however, there was still cells present with a wider, spread 

morphology.  After 7 days of cell culture, the ADSC possessed an elongated 

morphology with the cells aligned along the long cellular axis.  In contrast, the PVA 

scaffolds had a mix of round and flattened morphology after 24 hours in culture.  By 

5 and 7 days in culture, the ADSC on the PVA scaffolds were predominantly in the 

round morphology.     

 Next, cellular viability was assessed using the lactate dehydrogenase (LDH) 

assay.  LDH seeps through the cell membrane of damaged cells where it allows the 

conversion of pyruvate to lactate using the reduction of NAD+ to NADH.  With 

NADH now present, the tetrazolium salt is converted to red formazan through the 

diaphorase enzyme.  The absorbance of the red formazan is then read through a plate 

reader to determine cellular viability.  Cellular viability was determined at days 1, 3, 

5, and 7 after initial cell seeding (Figure 35).  At each time point, all of the scaffolds, 
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tissue culture plate, and gelatin film had a cellular viability greater than 90%.   

 

 

Figure 35: Adipose-Derived Stem Cell Viability on Electrospun Scaffolds of Gelatin, PVA, 1 Gel: 1 

PVA Coaxial, & 3 Gel: 1 PVA Coaxial, as well as the Tissue Culture Plate 

Cellular Adhesion 

 After obtaining high cellular viability throughout the 7 days in culture, cellular 

adhesion on the electrospun scaffolds was then determined.  First, ADSC were seeded 

on the electrospun scaffolds for 4 hours and subsequently rinsed several times with 

1xPBS to remove any cells not adherent to the fibers or tissue culture plate surface.  

Cell quantity was then determined using a MTT assay (Figure 36).  The gelatin and 

the coaxial scaffolds (1 Gel: 1 PVA coaxial and 3 Gel: 1 PVA coaxial) had similar 

ADSC adhesion (p > 0.34).  The PVA scaffolds had the lowest cell adhesion with 

43.1 ± 5.3% cells retained (p < 0.001).   
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Figure 36: Adipose-Derived Stem Cell Adhesion on Electrospun Scaffolds of Gelatin, PVA, 1 Gel: 1 

PVA Coaxial, & 3 Gel: 1 PVA, as well as the Tissue Culture Plate 

Cellular Proliferation 

ADSC proliferation was assessed at days 3, 5, and 7 after cell seeding on the 

gelatin scaffold, PVA scaffold, 1 Gel: 1 PVA coaxial scaffold, 3 Gel: 1 PVA coaxial 

scaffold, gelatin film, and tissue culture plate (Figure 37).  Overall, the gelatin 

scaffold, coaxial scaffolds (1 Gel: 1 PVA coaxial and 3 Gel: 1 PVA coaxial), gelatin 

film, and tissue culture plate (TCP) had continued cell growth until reaching 

confluency over 7 days in culture (Figure 38).  The gelatin scaffolds (385.4 ± 19.2%) 

and coaxial scaffolds (1 Gel: 1 PVA coaxial (353.3 ± 21.2%), and 3 Gel: 1 PVA 

coaxial (374.8 ± 15.6%)) promoted very high ADSC proliferation after 7 days in 

culture compared to the gelatin film (226.9 ± 8.0%) and tissue culture plate (229.4 ± 

5.3%).   

Overall, the gelatin film promoted higher cell growth than the TCP on day 3 

(p < 0.007); however, the surfaces reached confluence and maintained similar cell 

quantities by days 5 and 7 (p = 0.80) (Figure 38).  The higher cell growth seen on the 

gelatin scaffolds compared to the gelatin films indicate that the scaffold structure 
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promotes higher cell proliferation than the flat, film surface of the same material (p < 

0.00001).   At all time points, the gelatin film and TCP had lower cell numbers than 

the gelatin scaffolds, 1 Gel: 1 PVA coaxial scaffolds, and 3 Gel: 1 PVA coaxial 

scaffolds. 

 

Figure 37: Adipose-Derived Stem Cell Proliferation (Normalized to Day 1 Tissue Culture Plate) 



 

 

190 

 

Figure 38: Adipose-Derived Stem Cell Proliferation on the Electrospun Scaffolds, Gelatin Film, and 

Tissue Culture Plate after 5 Days in Culture 

The PVA scaffolds started with a high cell growth on day 1; however, there 

was a steep decline in cell count throughout the 7 days of cell culture.  While the 

scaffolds didn’t show any cytotoxicity, the PVA scaffolds did not support a continual 

increase in cell quantity over 7 days of incubation.  On day 3, the PVA scaffolds had 

cell growth approximately 305.8 ± 40.1%, which was still higher than the TCP.  By 

day 7 however, the cell count had decline to approximately 182.0 ± 12.5%.  This 
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observation can be attributed to the synthetic nature of the PVA polymer itself.  PVA 

lacks cellular recognition sites that promote cellular adhesion, as well as increased 

cell proliferation. 

Cellular Migration 

ADSC migration was assessed using a non-injury cylinder assay in which the 

cells were seeded into the center of a hollow cylinder and allowed to migrate outward 

for 0, 4, 24, or 48 hours.  After this migration time, the ASC were fixed, imaged, and 

the percent outward migration calculated (Figure 39).  The gelatin scaffold, 1 Gel: 1 

PVA coaxial scaffold, 3 Gel: 1 PVA coaxial scaffold, TCP, and gelatin film showed 

continued outward cell migration after 48 hours.  Overall, the gelatin film had the 

highest outward cellular migration over the 48 hours when compared to gelatin 

scaffold (p < 0.0005), PVA scaffold (p < 0.0001), 1 Gel: 1 PVA coaxial scaffold (p = 

0.01) and 3 Gel: 1 PVA coaxial scaffold (p < 0.0001) (Figure 40).  The higher 

migration seen on the gelatin film rather than the gelatin scaffold indicates that the 

scaffold structure, although promoting high cellular proliferation, does not enhance 

cellular migration.  Additionally, the gelatin film and TCP had similar high outward 

migration after the 48 hours of incubation (p = 0.07). 
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Figure 39: Adipose-Derived Stem Cell Migration with and without Basic Fibroblast Growth Factor 

After 48 Hours of Incubation on Electrospun Scaffolds (Gelatin, PVA, 1 Gel:1 PVA Coaxial, 3 

Gel:1 PVA Coaxial), as well as the Gelatin Film and Tissue Culture Plate 
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Figure 40: Adipose-Derived Stem Cell Migration with No Growth Factor Present on Electrospun 

Scaffolds & Gelatin Film, Tissue Culture Plate(A) Cell Occupied Area (B) Percent Outward 

Migration 

Basic fibroblast growth factor (bFGF), a pro-migratory growth factor, was 

added to the cell culture media to determine the effects of ADSC migration on the 

film and scaffold surfaces (Figure 39).  Basic fibroblast growth factor, also known as 

FGF-2 or b-FGF, belongs to a family of growth factors that are involved in wound 

healing, as well as angiogenesis [187].  In a study completed by Schmidt et. al, bFGF 

was shown to increase ADSC migration in a dose dependent manner until a migratory 

maximum was reached.  This growth factor was shown to increase migration 2.3x the 

migration seen in the control using a modified Boyden chamber [182].  When 

implanted into the body, the scaffold and cells will come into contact with growth 

factors, such as bFGF that can affect migration.  Therefore, we seek to elucidate any 
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potential increases that may occur when the scaffolds are in a pro-migratory 

environment.   

Overall, the gelatin film had the highest outward migration after 48 hours 

when in the presence of the growth factor when compared to the TCP (p < 0.02), 

gelatin scaffold (p < 0.0002), PVA scaffold (p < 0.0001), 1 Gel: 1 PVA coaxial 

scaffold (p < 0.0004), and 3 Gel: 1 PVA coaxial scaffold (p < 0.0004) (Figure 41).  

Next to the gelatin film, the TCP had the next highest outward migration.  The PVA 

had the lowest outward cellular migration with little, if any, cellular migration.  

Overall, the gelatin scaffold, 1 Gel: 1 PVA coaxial scaffold, and 3 Gel: 1 PVA 

coaxial scaffold had similar migration with the growth factor present as was seen 

without the growth factor present.  Therefore, even with the growth factor present, the 

scaffold structure did not enhance the outward migration of ADSC when compared to 

TCP or gelatin film. 
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Figure 41: Adipose-Derived Stem Cell Migration with Growth Factor Present on Electrospun 

Scaffolds & Gelatin Film, Tissue Culture Plate (A) Cell Occupied Area (B) Percent Outward 

Migration 

The migration rates were calculated over the 48 hours for the outward 

migration experiments with and without the bFGF present to determine the percent 

change per hour in cell area for each scaffold, the TCP, and the gelatin film (Figure 

42).  With the growth factor present, the gelatin film (p < 0.02) and the TCP (p < 

0.01) had increases in migration rate.  However, the gelatin scaffold (p = 0.27), PVA 

scaffold (p = 0.42), 1 Gel: 1 PVA coaxial scaffold (p = 0.75), and 3 Gel: 1 PVA 

coaxial scaffold (p = 0.21) had similar rates of migration with and without the growth 

factor present.   Therefore, even in a pro-migratory environment, ADSC do not have 
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an increase in cell migration on scaffold surfaces.

 

Figure 42: Comparison of Migration Rates with and without a Growth Factor Present 

Conclusion 

 Biocompatible scaffolds that promote the viability and growth of adipose-

derived stem cells are vital for tissue engineering and regenerative medicine 

applications.  All of the electrospun scaffolds (gelatin, PVA, 1 Gel: 1 PVA coaxial, 

and 3 Gel: 1 PVA coaxial), as well as the tissue culture plate (TCP) and gelatin film 

supported ADSC viability over 7 days of culture.  Scanning electron microscopy 

(SEM) showed flattened spread morphology with multiple attachment sites on the 

gelatin and coaxial scaffolds with the coaxial scaffolds having the largest spread area.  

The PVA scaffolds had the lowest spread area with mixed morphology of flattened 

spread morphology, as well as a round morphology after 24 hours of incubation.  For 

cellular adhesion, the PVA scaffolds had the lowest cell adhesion due to the lack of 

cellular attachment sites on this synthetic polymer.  The scaffold structure promoted 

very high cellular proliferation after 1 day in culture in comparison to the gelatin film 

and TCP.  For cellular migration, the gelatin film and TCP had higher outward 
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migration than the electrospun scaffolds.  The outward migration rates on the 

electrospun scaffolds were similar with and without a pro-migratory growth factor 

present.  Overall, the electrospun scaffolds (gelatin, 1 Gel: 1 PVA coaxial, and 3 Gel: 

1 PVA coaxial) provides a topographic substrate similar to the native extracellular 

matrix promoting the viability and growth of ADSC while entrapping and affixing 

them for maturation and differentiation.  These electrospun nanofibers provide an 

appealing construct for use in tissue engineering and regenerative medicine 

applications. 
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Chapter 8: Evaluation of Injury and Non-Injury Migration of Adipose-Derived 

Stem Cells on Extracellular Matrix Protein Films 

This manuscript is in preparation 

Overview 

Tissue engineering seeks to fabricate scaffolds to replace diseased tissues in 

vivo.  In this study, we evaluate the proliferation and migration of adipose-derived 

stem cells (ADSC) on extracellular matrix proteins, namely collagen I, collagen IV, 

fibronectin, and gelatin.  After 7 days of incubation, the ADSC had similar 

proliferation and proliferative rates on the extracellular matrix proteins – collagen I, 

collagen IV, gelatin, and fibronectin.  In this study, we utilize three migration assays 

to elucidate the effects of different migratory mechanisms of adipose-derived stem 

cells on extracellular matrix proteins.  First, a polydimethylsiloxane (PDMS) stamp 

assay measured the non-injury, inward migration while the scrape wound assay 

measured the inward migration after injury.  In contrast, the cylinder migration assay 

measured the non-injury, outward migration.  The PDMS stamp (non-injury) assay 

and scrape wound (injury) assay possessed similar inward migration rates suggesting 

that injuring the cells does not enhance cell migration.  Overall, the non-injury, 

cylinder migration assay had the highest migration rates of the three assays.  This 

suggests that there is contact inhibition in the inward migration assays (PDMS stamp 

and scrape wound assay) that accounts for the lower migration rates.  The cylinder 

assay does not have this contact inhibition in migration due to the cells migrating 

outward where the cells are only limited by the size of the culture plate well.      
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Introduction 

Tissue engineering seeks to design tissue scaffolds for the replacement of 

diseased tissue through the combination of a variety of fields including biology, 

engineering, chemistry, polymer science, and medicine [30, 181].  Adipose-derived 

stem cells (ADSC) are a potential cell source for these tissue engineered scaffolds and 

possess promise in regenerative medicine applications.  Compared to bone marrow-

derived stem cells, ADSC are harvested in a less invasive procedure and can be 

obtained in large quantities [182-185].  Additionally, these cells can be differentiated 

into various cell types such as adipocytes [65-67], osteoblasts [68, 69], chondrocytes 

[70, 71], and neurons [72-74].    

 Overall, tissue engineering seeks to fabricate a scaffold that mimics the 

extracellular matrix (ECM) of native tissues.   Primary constituents of the tissue 

extracellular matrix include collagen and fibronectin.  Collagen, the most abundant 

fibrous protein in the extracellular matrix, accounts for approximately 30% of the 

total protein mass.  Additionally, collagen is responsible for providing tensile strength 

to the tissue, as well as regulating cell adhesion and migration [188].  Derived from 

tissues rich in collagen, gelatin has been shown to support cellular attachment and 

proliferation [41, 116, 186].  Gelatin is formed from breaking down the collagen 

triple helix, thereby forming a structure that is rich in cellular attachment sites [25, 

126, 127, 188].  Fibronectin, a fibrous glycoprotein in the extracellular matrix, plays a 

crucial role in directing the development of the interstitial ECM, as well as regulating 

cell attachment, function, and migration [188-190].  Therefore, determination of the 
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effects of each extracellular matrix protein on ADSC viability, proliferation, and 

migration (injury and non-injury models) needs to be elucidated to design a tissue-

engineered construct that contains the appropriate proteins with the desired 

characteristics.   

The utilization of non-injury and injury migration assays evaluates cellular 

movement through two differing mechanisms.  The non-injury model analyzes 

inward or outward cellular movement after being seeded in a confined configuration 

[191].  In contrast, the injury migration model creates an injury to the cells prior to 

their migration inward.  The resulting injury to cells causes the release of the cellular 

contents, which in turn can affect migration.  Additionally, the damage is imparted to 

the cells lining the wound border from ripping the adhesion to the neighboring cells 

[191-193].  This injury migration model is similar to what occurs in vivo such as the 

injury imparted to the vascular wall during balloon angioplasty and stent deployment 

[194].  We hypothesize that the collagen-based extracellular matrix films will 

enhance more non-injury migration than in the injury migration model.     

In this study, we prepare films collagen I, collagen IV, fibronectin, laminin, 

and gelatin and evaluate their biocompatibility with adipose-derived stem cells 

(ADSC).  First, we evaluate the ADSC viability on the films over 24-hours using a 

lactate dehydrogenase (LDH) assay.  Next, we evaluate cellular proliferation using a 

MTT (thiazolyl blue tetrazolium bromide) assay over 7 days in culture.  Cellular 

migration on the films was evaluated using three different migration assays.  First, a 

non-injury PDMS (polydimethylsiloxane) stamp assay measures the inward migration 

over 48 hours.  Second, a non-injury cylinder assay assesses the outward migration on 
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each of the film surfaces.  Lastly, a scrape wound assay measures the inward 

migration after the cells are injured on each of the films.  

Materials & Methods 

Film Preparation 

 Films were made of the following extracellular matrix proteins: collagen I 

bovine (BD biosciences, CB-40231), collagen IV mouse (BD biosciences, CB-

40233), fibronectin human (BD biosciences, CB-40008), laminin mouse (BD 

biosciences, CB-40232), and gelatin (Invitrogen, S-006-100).  To make the films, 50 

µL of ECM stock solution is added to the 24-well plate (Thermo Fisher Scientific, 

Zealand, DK).  The solution is pipetted to ensure full coverage of the well.  The 

remaining solution is aspirated and the culture plate is allowed to dry for a minimum 

of 2-hours before use.  The tissue-culture plate well with no matrix protein was also 

tested as a control.    

Cellular Culture 

Cell culture media for the adipose-derived stem cells was MEM alpha mod. 

(1x) stock supplemented with 10% fetal bovine serum, 1% L-glutamine, 1% non-

essential amino acids, 1% pen/strep, and 1% sodium pyruvate.  ADSC were grown to 

80% confluency and passaged using trypsin-versene.  The cells were seeded on the 

films and incubated at 37 ºC, 5% CO2, and 95% relative humidity.   Cell culture 

media was refreshed every 2 days.  As a control, cells were seeded on the tissue 

culture polystyrene well (TCP) without any ECM present. 
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Cellular Viability 

 Cellular viability was assessed using a lactate dehydrogenase (LDH) assay 

(Thermo Scientific) according to manufacturer’s recommendations on films of 

gelatin, fibronectin, laminin, collagen I, and collagen IV as well as the tissue culture 

plate (no ECM present).   

Cellular Proliferation 

 Cellular proliferation on the ECM films was evaluated using a MTT (thiazolyl 

blue tetrazolium bromide) assay on days 1, 3, 5, and 7 days after cell seeding.  To 

perform the MTT assay, the MTT solution was prepared at a concentration of 5 

mg/mL in 1x PBS and added to the media present in each well.  The culture plate 

containing the media/MTT solution was incubated for 3.5 hours at 37 ºC and 5% 

CO2.  Living cells, the mitochondria specifically, convert the tetrazolium salt in the 

MTT reagent to a soluble formazan dye.  The absorbance of each well was quantified 

using a UV spectrophotometer at 630 nm.  The absorbance was normalized for each 

film at each time point to the TCP day 1 reading.   

Cellular Migration – Non-Injury Cylinder Assay 

Outward cellular migration was evaluated using a non-injury cylinder assay.  

Cells were diluted to a concentration of 125,000 cells/mL and 40µl of cell suspension 

was placed in a sterilized Pyrex ® cloning cylinders (Fisher Scientific, Pittsburgh, PA 

USA) resting on the film surface of a 24-well culture flask (5,000 cells per film-well).  

The films, cylinder, and cells were incubated for 4 hours to allow the cells to seed on 

the scaffold surface.  After four hours of incubation, the hollow cylinder was 
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removed, and 500 µL of cell media was added.  Wells were then incubated for 0, 24, 

and 48 hours to allow for the cells to migrate outward.  After the migration time 

points, cells were fixed and stained.  In order to fix and stain the cells on the films, 

the wells were rinsed with 1x phosphate buffered saline (PBS) and fixed with Safefix 

II (Fisher Diagnostics, Middletown, VA, US) for 10 minutes.  After fixing, the wells 

were rinsed twice with PBS-T (1x PBS with 1% of Tween 20 – Sigma Aldrich, St. 

Louis, MI, USA) to permeablize the membrane.  Finally, cells were stained with 0.1% 

toluidine blue (Sigma Aldrich, St. Louis, MI, USA) for 10 minutes.  Cellular 

migration was visualized using a Zeiss Stemi SV11 light microscope using 1.2X 

magnification.  The percent outward migration was calculated using the following 

formula: 

% Outward Migration = (AreaT – Area 0hr) *100 
                                Area 0hr 

 
where AreaT is the cell occupied area at 24 or 48 hours of migration and Area0hr is the 

initial cell occupied area at the initial starting point at 0 hours. 

Cellular Migration - Scrape Wound (Injury) Assay 

Inward cellular migration was evaluated using a scrape wound (injury) assay.  

Five hundred microliters of cells at a concentration of 100,000 cells/mL were added 

to each well of a 24-well plate.  Cells were incubated for 4 hours to allow cells to 

seed on the surface.  After the 4 hours of incubation, the media was aspirated and a 

scrape using a wooden applicator (Baxter, McGaw Park, IL, USA) was created.  

Scraping with the wooden applicator created an injury area that was devoid of cells.  

The wells were rinsed with 1x phosphate buffered saline (PBS) and fresh cell culture 
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media was added.  Cellular migration into the injury location was then noted at 0, 24, 

and 48 hours after the initial scrape wound.  After incubation for designated amount 

of time, wells were fixed, stained, and imaged using a Zeiss Stemi SV11 light 

microscope at 4X magnification as previously described.  The percent inward 

migration was calculated using the following formula: 

% Inward Migration = (Area 0hr  - AreaT) * 100 
                            Area 0hr 

 
where AreaT is the area devoid of cells at 24 or 48 hours of migration and Area0hr is 

the cell devoid (injured/scraped) area at 0 hours of migration 

Cellular Migration - PDMS Stamp (Lift-Off) Assay 

 Cellular inward migration (non-injury) was calculated using a PDMS stamp 

assay.  The master PDMS mold was designed using a 3-D template created in 

SolidWorks.  The master mold was composed of two mirror-image sections of 

acrylonitrile butadiene styrene (ABS) fastened together.  The mold was then filled 

with PDMS mixture (Dow Corning, Phoenix, AZ, USA).  The mold/mixture was then 

placed in a vacuum environment for an hour to remove the air.  It was then heated to 

60ºC for 2 hours to allow the polymer to cure.   To sterilize the molds, they were 

washed in 70% ethanol and subsequently treated in ultra violet light for 1 hour.  

PDMS stamps were placed in a 24-well plate.  After the molds are in place, 

500 µL of cells/media at a concentration of 100,000 cells/mL was added to each well.  

A separate 24-well plate was filled with water (approximately 120 grams) and placed 

on top of the PDMS stamps to ensure the stamp is in contact with the culture plate.  

The film/cells/PDMS stamp and the water weight are both incubated for 4 hours to 
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allow the stem cells to seed on the film or TCP surface.  After the 4 hours of 

incubation, the stamp is removed from the well, and the 24-well culture plate is 

allowed to incubate for 0, 24, or 48 hours allowing the cells to migrate inward.  After 

incubation for designated amount of time, wells were fixed, stained, and imaged 

using a Zeiss Stemi SV11 light microscope at 4X magnificatio as previously 

described.  The percent inward migration was calculated using the following formula: 

% Inward Migration = (Area 0hr  - AreaT) * 100 
                            Area 0hr 

 
where AreaT is the area devoid of cells at 24 or 48 hours of migration and Area0hr is 

the cell devoid (injured/scraped) area at 0 hours of migration. 

Statistical Analysis 

All values are presented as mean ± standard error unless otherwise indicated.  

Student’s t test was used to determine statistical significance. 

Results & Discussion 

Cell Viability 

Stem cell viability was determined after 24 hours incubation on the 

extracellular matrix films using a lactate dehydrogenase (LDH) assay (Figure 43).  

Damaged cell membranes allow LDH to leak into the culture medium.  The free-

floating LDH in the media allows the conversion of pyruvate to lactate using the 

reduction of NAD+ to NADH.  Tetrazolium salt is converted by diaphorase, in the 

presence of NADH, to a red formazan.  The absorbance of the resulting red formazan 

solution is then related to cellular viability.  All ECM films had a stem cell viability 
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of 91+% after 24 hours of incubation.  Gelatin (91.7 ± 0.5%), fibronectin (91.9 ± 

0.2%), collagen IV (91.1 ± 0.4%), and collagen I (91.3 ± 0.4%) all had similar, high 

cellular viability.   

 
 

 
Figure 43: Adipose-Derived Stem Cell Viability on ECM Matrix Proteins - Collagen I, Collagen IV, 

Fibronectin, and Gelatin - and the Tissue Culture Plate 

Cellular Proliferation 

Cellular proliferation over 7 days was evaluated using a MTT (thiazolyl blue 

tetrazolium bromide) assay.  All ECM films showed continual growth after 7 days in 

culture (Figure 44A).  The gelatin (p = 0.04), collagen I (p = 0.015), collagen IV (p = 

0.002), and fibronectin (p = 0.014) films had significantly higher proliferation than 

the TCP control.  Overall, the ECM films all had similar proliferation after 7 days 

with the most significance seen in collagen IV films [collagen IV vs. collagen I (p = 

0.099), collagen IV vs. fibronectin (p = 0.10), and collagen IV vs. gelatin (p = 0.12)].  

All ECM films and the TCP had a large increase in cell growth from day 5 to day 7 

after initial cell seeding.     

 Cellular proliferation rate was calculated from the absorbance data over the 7 

days of incubation (Figure 44B).  All ECM films had a higher proliferation rate than 
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the TCP control (p < 0.04).  Additionally, all ECM films had similar rates of 

proliferation with collagen IV having the most significance when compared with 

gelatin (p = 0.09) and fibronectin (p = 0.12). 

 

 
Figure 44: (A) Proliferation of Adipose-Derived Stem Cells on ECM Proteins (B) Proliferation Rate 

of Adipose-Derived Stem Cells on ECM Proteins Over 7 Days of Incubation 

Cellular Migration – Inward Migration Scrape Wound (Injury) Assay 

Cellular migration is a vital process for a variety of mechanisms including 

wound healing, cancer metastasis, and angiogenesis.  The process of cell migration 

begins when the cell forms membrane protrusions in the direction that the cell wants 

to move.  These protrusions occur from the polymerization of actin.  In order for the 

cell to migrate, the cell forms a broad leading edge with a smaller, thinner trailing 

edge – essentially polarizing itself.  The cell forms focal adhesions to the extracellular 
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matrix at the leading edge and breaks the adhesions at the trailing edge to migrate in a 

given direction [195]. 

The scrape wound migration assay creates a scratch, effectively a wound, in a 

confluent monolayer of cells within a well of a tissue culture plate.  The wound 

removes a section of the cell monolayer and is created using a pipette cone, razor 

blade, or in the case of this study – a wooden applicator [195-197] (Figure 45).   The 

damaged cells from the creation of the wound releases the intracellular contents into 

the cellular media [192, 193].  The release of these chemical signals into the media 

can cause proliferation, as well as migration of the remaining cells [193].  

Additionally, the cells lining the border of the wound may also be damaged and 

slightly permeable due to the rapid removal of the adhesive junctions with the 

neighboring cells.  With the permeability, the extracellular media may enter the cell, 

resulting in migration of these border cells.  The creation of the free edge may also be 

enough motive to cause cell migration; however, this has only been shown in a 

limited studies with endothelial cells and corneal epithelia [192].  

 

Figure 45: Schematic of the Scrape Wound (Injury) Migration Assay 
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Overall, the cells that line the edge of the newly created wound area will then 

migrate inward until they establish new cell-to-cell contacts with cells from the 

opposite side of the wound area.  The cells along the edge of the gap seek to close the 

gap by migrating inward and re-establishing a confluent monolayer.  This assay 

allows the effect of cell-extracellular matrix, as well as cell-cell interaction to be 

elucidated [195, 196].  The use of this injury migration assay mimics in vivo 

conditions such as a denuded area in a blood vessel.  The endothelial cells will 

migrate inward to restore the confluent endothelial monolayer present in the healthy 

vasculature [196].   

 The ADSC had continued inward migration throughout 48 hours of migration 

on the extracellular matrix proteins, gelatin, collagen I, collagen IV, and fibronectin, 

as well as the tissue culture plate (Figure 46).  The creation of the scrape wound 

occurs at the initial time (t = 0 hour).  After the injury, the cells at the wound edge 

start to migrate inward to close the wound and re-create a monolayer of cells in the 

injury location.  The collagen IV and fibronectin had the highest inward migration at 

24 hours; however, after 48 hours of migration all surfaces had similar inward 

migration (Figure 47).         
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Figure 46: Images of the Adipose-Derived Stem Cell Migration Using the Scrape Wound (Injury) 

Migration Assay Over 48 Hours 
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Figure 47: Adipose-Derived Stem Cell Migration Using the Scrape Wound (Injury) Assay (A) 

Unoccupied Cell Area (B) Percent Inward Migration of Cells on ECM Proteins Over 48 Hours 

Cellular Migration – Inward Migration Non-Injury PDMS Stamp Assay  

In contrast to the scrape wound (injury) migration assay described in the 

preceding section, cell exclusion zone assays allow cell migration to be determined 

without causing injury to the cells [191].  The PDMS-stamp was created in the shape 

of a circle to create a cell-free circle in the center of a well.  To prepare the assay, a 

suspension of cells in the cell culture media was placed surrounding this circular 

PDMS-stamp (Figure 48).  During 4 hours of incubation, there was a cell monolayer 

attached to the ECM protein or the tissue culture plate with a circular area devoid of 

cells in the center.  After the 4 hours of incubation and cell seeding, the PDMS stamp 

was removed, releasing the boundary to allow the cells to migrate inward.    
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Figure 48: Schematic of the Non-Injury PDMS Stamp (Lift-Off) Migration Assay 

 

Figure 49: Images from the Adipose-Derived Stem Cell Migration Using the PDMS Stamp (Lift-

Off) Migration Assay After 48 Hours 

Cellular migration was determined on each ECM protein (collage I, collagen 

IV, fibronectin, and gelatin), as well as the tissue culture plate at 0, 24, and 48 hours 

after removal of the PDMS stamp (Figure 49).  At each time point, the area devoid of 

cells was calculated and the percent inward migration calculated.  After 24 hours of 
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inward migration, the tissue culture plate and the collagen I film had the highest 

inward migration (Figure 50).  However, after 48 hours of incubation, the collagen I 

and gelatin films had the highest inward migration.  All of the ECM protein films had 

higher migration than the tissue-culture plate after 48 hours of migration.  

 

Figure 50: Adipose-Derived Stem Cell Migration Using the PDMS Stamp (Lift-Off) Assay (A) 

Unoccupied Cell Area (B) Percent Inward Migration Over 48 Hours of Migration 

Cellular Migration – Non-Injury Cylinder Assay 

Additionally, we measured outward cellular migration on the ECM films and 

TCP using a non-injury cylinder assay (Figure 51).  Stem cells suspended in media 

were placed into the center of a hollow cylinder and allowed to attach to the 

underlying surface during 4 hours of migration.  After cell seeding, the stem cells 

were then allowed to migrate outward for 0, 24, and 48 hours.  The use of the hollow 

cylinder provided a boundary layer to the cells – a pressure on the cells that can limit 
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proliferation and movement [193].  When we remove the cylinder, the pressure is 

removed, which allows the cells at the boundary layer (outer border) to expand, as 

well as move in the outward direction.  This pressure release, which is too small to 

mechanically move the cells outward, provides a biochemical signal to the cells to 

migrate outward.  A small quantity of the cells at the outer border become leaders and 

change shape.  The leader cells will continue to migrate outward, dragging cells 

behind them [193]. 

 

Figure 51: Schematic of the Non-Injury Cylinder Migration Assay 

For this non-injury cylinder assay, the cells were fixed, stained, and the cell 

occupied area measured at 0, 24, and 48 hours after removal of the cylinder (Figure 

52).  In leading cell edge was demarcated by a dotted line.  After 48 hours of 

incubation, gelatin had higher migration when compared to fibronectin (p < 0.001) 

and collagen IV (p < 0.001) (Figure 53).  Overall, collagen I, collagen IV, and 

fibronectin had similar outward migration (p > 0.19).     
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Figure 52: Images of the Adipose-Derived Stem Cell Migration After 48 Hours Using the Non-

Injury Cylinder Assay 
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Figure 53: Adipose-Derived Stem Cell Migration Using the Non-Injury Cylinder Assay (A) Area 

Occupied by the Cells (B) Percent Migration of the Stem Cells Over 48 Hours Migration 

The migration rate for each ECM protein, as well as the tissue culture plate 

can be determined by calculating the slope of the change of the migration percent at 

each time interval (i.e. calculate the increase in migration percent per hour).  After 48 

hours of migration, gelatin had the highest rates of migration when compared with 

collagen IV (p = 0.0002) and fibronectin (p = 0.0003) and similar migration rates 

when compared with collagen I (p = 0.85) (Figure 54).   

Overall, the scrape wound (injury) assay and the PDMS (lift-off) assay had 

similar low migration rates on all ECM proteins and the tissue culture plate control 

(Figure 54).  Similar inward migration seen in these injury and non-injury assays 

suggest that the presence of the injury zone does not affect inward migration.  Out of 

the three migration assays tested (lift-off assay, cylinder assay, and scrape wound 
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assay), the non-injury cylinder assay had the highest migrate rates on all ECM 

proteins and the tissue culture plate control.   

 

 

Figure 54: Overall Migration Rates of Adipose-Derived Stem Cells on ECM Proteins Using Scrape 

Wound (Injury), Non-Injury PDMS Stamp (Lift Off), and Non-Injury Cylinder Assays 

The cell population continues to grow as the cells migrate; however, there is a 

limit to the density that can be achieved as was seen with endothelial cells, airway 

epithelial cells, fibroblasts, and keratinocytes, respectively.  When cells encounter 

other cells, they may reorient themselves and start movement in a different direction 

[197].  Additionally, cell migration decreases with increasing local cell density, which 

creates contact intact inhibition of movement [197].  When cells come near one 

another, their speed decreases.  In contrast, when the cells are moving away from one 

another, their speed increases [198].  In a study completed by Abercrombie and 

Heaysman, there was an inverse relationship displayed between number of 

neighboring chick heart fibroblasts and speed of migration [199].  Therefore, the low 

migration rates seen in the PDMS (Lift-Off) assay and scrape wound (injury) assay 

could be related to the contact inhibition of movement.  This could account for the 

similar overall migration seen on all ECM proteins in the scrape wound assay.  The 
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fibronectin and collagen IV promoted the highest inward migration after 24 hours; 

however, the spatial limitations evened out the migration rates seen on all surfaces.  

In contrast, this spatial limitation was not present in the cylinder assay.  In the 

cylinder assay, the stem cells were able to migrate outward and were only limited by 

the size of the culture plate utilized for the experiment.  

Conclusion 

Tissue engineering seeks to fabricate scaffolds that mimic the native 

extracellular matrix.  Therefore, the evaluation of adipose-derived stem cell viability, 

proliferation, and migration is paramount to designing a successful scaffold.  After 7 

days, the extracellular matrix proteins – collagen I, collagen IV, fibronectin, and 

gelatin had similar proliferation and proliferative rates of adipose-derived stem cells.  

The PDMS (lift-off) assay assessed the non-injury inward migration.  After 48 hours, 

the collagen I and gelatin films had the highest inward migration.  In contrast, the 

scrape wound assay measures the inward migration after the cells are injured.  The 

injury causes the cellular contents to be released into the culture medium and the cells 

on the wound edge to be injured due to the rapid removal of adhesions from the 

neighboring cells.  After 48 hours of inward migration, all of the ECM protein films 

had similar inward migration.  Lastly, the non-injury cylinder assay measures 

outward cellular migration with gelatin film having the highest outward migration.  

Out of the three migration assays, the cylinder assay had the highest migration rates 

with the lift-off assay and the scrape wound assay having similar migration rates.  

Therefore, the presence of cellular injury did not enhance cellular migration.  Overall, 

the high outward migration seen in the cylinder assay was due to the lack of contact 
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inhibition during the outward migration, in contrast to that seen in the lift-off and 

scrape wound assay.    
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Chapter 9: Future Directions 

Cardiovascular disease is the leading cause of death in the United States.  

Coronary heart disease (CHD) accounts for 49% of these cardiovascular attributed 

deaths, resulting in 1 in 6 deaths in the United States [1].   CHD is caused by 

atherosclerosis - the accumulation of plaque inside the coronary arteries.   The 

coronary arteries supply oxygen and nutrients to the heart muscle.  Obstruction or 

narrowing of flow through these arteries causes the tissue to become ischemic leading 

to angina (chest pain) or even a heart attack (acute myocardial infarction).  This 

occurs from an inadequate supply and demand of oxygen and nutrients to the 

downstream heart muscle [2, 3].     

 Treatment for CHD seeks to restore blood flow to the downstream heart 

muscle through balloon expansion and stent deployment at the site of plaque 

accumulation.  Despite the ability of stents to restore blood flow through the vessel, 

bare metal stents can have restenosis while drug-eluting stents can have late stent 

thrombosis.  Therefore, an unmet clinical need is for the development of a coronary 

stent coating or graft that minimizes the need for revascularization after the initial 

stent deployment.  Fabrication techniques in tissue engineering, such as 

electrospinning, are capable of forming fibers that can be tailored to this vascular 

application.  This chapter investigates atherosclerosis, coronary heart disease, 

revascularization techniques, as well as the proposed future work to evaluate coaxial 

electrospun scaffolds for vascular applications.  
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Atherosclerosis & Coronary Heart Disease  

Atherosclerosis can be considered an inflammatory process that is catalyzed 

by endothelial cell dysfunction.  This dysfunction can be caused by a myriad of 

factors which include the following: free radicals, hypertension, micro-organisms, 

smoking, shear stress, high levels of low-density lipoproteins, and others.  The early 

stage of the atherosclerotic formation is the appearance of fatty streaks composed of 

foam cells, lipid-full macrophages, in the subendothelium.  As the atherosclerotic 

plaque progresses, a necrotic core forms that contains inflammatory cells, apoptotic 

cells, as well as foam cells.  A fibrous layer (cap) forms on the top of the plaque.    As 

the plaque gets larger in size, the plaque may rupture, which can expose the contents 

to the bloodstream, leading to thrombus formation [2].   

Examination of atherosclerotic plaque in patients greater than 90 years old 

showed the following compositions: fibrous tissue (87 ± 8%) with calcific deposits (7 

± 6%), pultaceous debris (5 ± 4%) and foam cells (1 ± 1%).    As the lumen narrowed, 

there was an increase in pultaceous debris (from 0 ± 0% to 18 ± 22%) and calcific 

deposits (0 ± 0% to 10 ± 15%) with a decrease in fibrous tissue (from 99 ± 3% to 71 

± 23%) and area that was occupied by the media (from 35 ± 8% to 16 ± 8%) [129].  

Studies comparing the composition of atherosclerotic plaque of patients older than 90 

years old with younger populations showed that the older population had higher 

calcific deposits (< 75% narrowing) in the plaque than younger populations.  

Additionally, the elderly population (> 90 years old) had higher calcific percentage in 

the plaque as the vessel lumen decreases.  Furthermore, the younger patients (33 – 38 
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years and 53 – 68 years) had higher percentage of foam cells (high in intracellular 

lipids) in their infarcts than the older patient population [129]. 

Percutaneous Coronary Intervention vs. Coronary Artery By-Pass 

 As the blood vessel narrows, a patient may need to receive medical treatment 

to ensure that blood flow continues to reach the downstream tissue.  In order to 

restore flow, there are two general options: (1) percutaneous coronary intervention 

(PCI) or (2) a coronary artery bypass graft (CABG) procedure.  PCI involves feeding 

a catheter through a blood vessel in the groin or in the arm.  The wire is guided using 

an x-ray (fluoroscopy).  The wire is fished through the vessels until it reaches the 

occluded site.  When in place, the balloon tip covered with the stent is expanded.  The 

expansion of the stent pushes the plaque against the wall and restores flow through 

the vessel.  Next, the balloon is collapsed and removed [200].  In comparison to 

angioplasty alone, the use of stents (BMS) decreased the restenosis rate; however, the 

rate of restenosis was still between 20-40% at 6 months [136].   

When PCI cannot be undertaken, the coronary artery by-pass graft procedure 

may be necessary.  During this procedure, a surgeon will harvest a vessel from the 

leg, arm, or another part of the body.  This vessel will then be used to by-pass the 

section of the coronary circulation that is occluded.  This invasive procedure requires 

the sternum to be separated, the heart to be stopped, and the heart-lung machine to be 

used to circulate blood through the body.  This procedure typically requires more 

recovery time than a PCI [132].  When comparing PCI and CABG (in the left main 

coronary artery), there was no significant difference in mortality, major adverse 

cardiac and cerebrovascular events, and myocardial infarction.  PCI was associated 
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with a lower rate of stroke and an increase in target vessel revascularization when 

compared to the CABG procedure [134].   

Graft failure from a coronary artery bypass graft (CABG) surgery can occur 

years after the initial procedure took place.  A second CABG procedure is more risky 

than the first procedure; therefore, PCI is usually undertaken to restore blood flow to 

the downstream tissue.   Most PCI performed in patients that have a previous CABG 

procedure are done in native coronary vessels.  As follow-up time increases (after 5 

and 10 years), the sapphenous vein graft has an increasing percentage of subsequent 

PCI required.  When comparing PCI in a native coronary artery with PCI in a CABG, 

the PCI in the CABG is associated with an increase in in-hospital mortality [133].  

Restenosis 

The angioplasty procedure causes injury to the vasculature, whose response to 

this injury is similar to wound healing.  The wound healing phases of the vasculature 

includes a thrombotic phase, a granulation phase, and lastly a remodeling phase.  The 

expansion of the balloon during the angioplasty procedure causes an increase in 

vessel diameter by exerting forces on the vessel wall – stretching the elastic 

components and potentially tearing the inelastic components.  Additionally, balloon 

expansion can cause damage to the endothelium, exposing the sub-endothelial plaque.  

The circulating platelets in the blood contact the sub-endothelial components (lipids 

and collagen), binding through the Von Willebrand factor.  Several days later, 

polymorphonuclear leukocytes, monocytes/macrophages, and subsequently T-

lymphocytes start to migrate to this area for the inflammatory response [135, 136].   
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During the granulation phase, smooth muscle cells become activated from 

their normal contractile phase to a more synthetic phenotype [135].  This change in 

phenotype typically occurs approximately 24 hours to 3 days after balloon expansion.  

Cytokines and growth factors released from neutrophils and macrophages will 

activate the smooth muscle cells to up-regulate genes such as c-myc [136].   

Additional promoters of SMC proliferation include a decrease/loss of nitric oxide 

production from the endothelial cells, thrombin formation, and basic fibroblast 

growth factor (bFGF).  Approximately 20-40% of the smooth muscle cells (SMC) in 

the medial arterial layer are thusly activated and begin proliferating [135, 137].  

Smooth muscle cell migration is initiated with upregulation of matrix 

metalloproteinases (MMP) and ECM remodeling [136].  Tears in the internal elastic 

membrane provide a pathway for the cells to migrate to the intima [135, 137].   The 

formation of thrombus during the initial stages also provides a framework to enhance 

smooth muscle cell (SMC) migration and promote proliferation.  As a result of SMC 

proliferation and migration, neointimal thickening begins [135]. 

During the final phase of this wound healing process– vascular remodeling, 

the SMC are no longer proliferative, but they produce and organize the ECM 

proteins.   More than 50% of the intimal hyperplasic lesion is composed of collagen.  

Additional components present in the lesion include glycosaminoglycans, fibronectin, 

laminin, and others [135].  Animal models have shown that neointimal thickening 

reaches its peak at 3 months post-angioplasty.  The increase in thickening after 2 – 4 

weeks post-procedure is due to an increase in ECM protein production.  After 2-3 
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months in the animal models, the SMC will return to their contractile phenotype and 

not significantly increase the neointimal thickness [137].   

The wound healing process continues until the endothelium is repaired, which 

takes approximately 4 – 12 weeks after the angioplasty (in animal models) [135].  

Endothelial cells will start proliferating and migrating approximately 24 hours after 

injury due to loss of contact inhibition, growth factors released from other endothelial 

cells or SMC, or circulating growth factors.  Endothelial cell coverage of the injury 

area protects the injury region from smooth muscle cell migration – leading to intimal 

hyperplasia.  Intimal hyperplasia tends to occur in areas that are slow to form the 

endothelial area [137]. 

The PCI procedure, itself, leads to a high inflammatory response from the 

increase in IL-6 and CRP (c-reactive protein).  Eosinophils are able to secrete IL-10, 

IL-4, IL-13, and TGF-β1, which are immunosuppressive cytokines that can help 

mitigate the acute inflammatory response.  Therefore, high eosinophil counts (in the 

third tertile) have a reduced risk of mortality 6 months after PCI.  However, counts 

this high 6 months after implantation lead to an increased mortality risk, which may 

be attributed to their presence in the injury location leading to an increase in platelet 

activation and thrombus formation.  The emergence of this effect 6 months post-PCI 

may be attributed to the anti-platelet therapy that patients are required to take for 4-6 

months after the procedure.  Additionally, patients with high neutrophil to 

lymphocyte ratios have a higher post-PCI mortality rate.  Aggregates of activated 

neutrophils and platelets can attach to endothelial cells and form microvessel plugs.  

These plugs can grow in size and eventually lead the tissue to become ischemic [201]. 
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Bare Metal Stents vs. Drug Eluting Stents 

 Endoluminal metal stents can be deployed during the angioplasty procedure 

and provide a mechanical support to the vessel.  These bare metal stents (BMS) are 

composed of stainless steel or cobalt chromium.  The stent decreases the elastic recoil 

that the vessel would experience during the normal angioplasty procedure (balloon 

expansion only).  However, the use of stents tends to intensify the neotimal 

hyperplasia – compared to angioplasty alone.  This increase in neotimal thickening is 

responsible for in-stent restenosis [138].  Additionally, more endothelial cell 

dysfunction is seen from stent deployment than from balloon angioplasty alone [202].  

Patients that have restenosis may need another PCI or potentially a coronary artery 

by-pass graft (CABG) procedure as discussed previously [138]. 

 As an improvement to bare metal stents (BMS), drug-eluting stents (DES) 

were designed to elute designated therapeutic agent(s) over a period of time.  In 

comparison to DES, the BMS had more frequent restenosis (43% vs. 8%) and 

subsequent reintervention (PCI or CABG) [138, 140].  The DES consist of the bare 

metal framework, a material coating that carries the therapeutic agent(s), and the 

therapeutic agent(s).  Stents can possess a thin layer of biodegradable or non-

biodegradable polymers and in the case of DES, a therapeutic agent(s) that elutes 

through the matrix over a period of time.  Since late-stent thrombosis was a concern 

for the DES and not for BMS, it was hypothesized that the use of a biodegradable 

polymer would decrease this occurrence since the BMS would be exposed in a short 

time. However, studies have indicated that there is no difference in the use of 

biodegradable vs. non-biodegradable materials for stent coatings.  Currently, the Food 
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and Drug Administration (FDA) has not approved the use of biodegradable polymers 

for use as a stent coating.  For one to be used, the polymer would need to break down 

into components that can be easily removed from the body, as well as limit the body’s 

inflammatory response [138].  An alternative to coating the entire stent with a 

polymer coating is to simply coat the abluminal side of the stent.  Therefore, only the 

vessel wall is in contact with the polymer and the eluting drug while the lumen is 

exposed to the bare metal stent.  Both types of stents currently exist on the market 

[138].       

The first generation of these DES was designed to elute Paclitaxel or 

sirolimus.  The delivery of these agents, although using different mechanisms, was 

meant to decrease smooth muscle cell proliferation, which is responsible for the 

neointimal thickening.  Paclitaxel, a drug typically used for ovarian and metastatic 

breast cancer binds to beta-tubulin in the mitotic spindle, which prevents the 

chromosomes from separating into the two daughter cells during mitosis.  Similarly, 

sirolimus, a drug typically used for renal transplant patients to prevent organ 

rejection, is an inhibitor of mTOR (mammalian target of rapamycin), which causes 

the cells to remain in the G1 phase of replication.  Equipped with one of these 

therapeutic agents, the first generation DES had thrombus formation after prolonged 

implantation, which was due to the therapeutic agent’s effect on endothelial cell (EC) 

proliferation.  These drugs had a non-specific cellular response affecting both smooth 

muscle cells and endothelial cells.  The decline in EC proliferation yielded a longer 

period of time for the injury area to form a confluent EC monolayer [138].    
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Second generation DES changed the geometry of the stent struts and used 

therapeutic derivatives of the first generation DES therapeutic agents (i.e. everolimus 

and zotarolimus) [143].  For example, zotarolimus has a shorter half-life and faster 

drug release profile than the sirolimus-eluting stents.  Therefore, the antiproliferative 

effect is reduced and higher restenosis rates are seen in zotarolimus-eluting stents 

when compared to sirolimus-eluting stents [144].  The use of second generation DES 

have not had a significant decline in late-thrombotic events, compared to their first 

generation counterparts [138, 143, 144].    

Additionally, DES and BMS require different antiplatelet treatments.  Patients 

that have a DES may be on antiplatelet therapy for 6 – 12 months after receiving the 

stent; however, patients with BMS would only need the antiplatelet therapy for about 

1 month after receiving the stent.  The difference in length of antiplatelet therapy is 

due to differences in re-endothelialization of the vessel lumen.  The typical 

antiplatelet therapy is aspirin and clopidogrel/prasugrel [138].   

Endothelialization of the Injury Area 

The endothelial cells are dysfunctional post-PCI and the severity of the 

dysfunction is dependent on the amount of injury inflicted [202].  In the presence of a 

vasodilating agonist, the EC may not be able to relax due to their inability to produce 

the corresponding relaxation factors.  The EC may not be capable of forming NO, 

which plays a role in the regulation of platelet adhesion, as well as smooth muscle 

cell proliferation.  Furthermore, the EC morphology of replicating cells tends to not 

align along the blood flow and can also be irregular in size with cytoplasmic 

protrusions to the vessel lumen [137]. 



 

 

229 

 Coverage between the stent struts by EC occurs more rapidly than EC 

coverage over the struts.  EC damage and greatest drug exposure occurs largely at the 

strut-tissue interface [140].  Additionally, the EC coverage tends to be more 

prominent at the far ends of the stents and less pronounced at the middle segment.  

Size of the individual stent strut also plays a role in EC migration.  EC migration 

declines at objects that were larger than 75 microns and virtually ceased at objects 

greater than 250 microns.  Therefore, a thinner strut promotes re-endothelialization 

and decreases restenosis [141, 203]. 

Differences in EC coverage were noted at Day 14 in a rabbit model comparing 

bare metal stents with sirolimus-eluting stents, paclitaxel-eluting stents, zotarolimus-

eluting stents, and everolimus-eluting stents.  Rabbits were chosen as the selected 

animal model due to their slow rate of endothelial coverage – in contrast to a pig 

model.   This study showed that there was an increased and prolonged production in 

the DES of vascular endothelial growth factor (VEGF).  This high level of VEGF 

indicates proliferative EC and also incomplete endothelialization of the stent-injury 

area.  The levels of VEGF would decline as the level of re-endothelialization 

increases.  Additionally, this study looked at the presence of thrombomodulin (TM).  

TM is a regulator of platelets and coagulation.  There was no or minimal TM 

expression in DES and decreased levels of TM expression in bare-metal stents when 

compared to un-stented areas.  This study ultimately indicates the increase in late-

thrombosis for DES when compared to bare-metal stents, which is related to the lack 

of EC coverage [141].    
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Clinically, approximately 20% of patients that have DES implanted have 

struts that are not covered by EC.  This delay in healing is greater than in patients that 

receive BMS alone.  The percentage of patients that have late thrombosis-events is 

less, which provides indication that there may be other factors in these results [140].  

After 10 months implanted, patients receiving the sirolimus-eluting stent have shown 

an increase of 35% in yellow-color, which is directly related to lipid accumulation, of 

the neointima.  Foamy cells (macrophages) full of lipids show a light yellow color 

while the fibroatheromas (nectrotic center and fibrous coating) present with more 

dominant yellow color.  Patients that have had an acute myocardial infarction (AMI) 

tend to present with the dominant yellow color of the fibroatheromas.  The change in 

composition is likely due to several factors: (1) decreased proliferation of endothelial 

cells by sirolimus (2) increased movement of lipoproteins across the incomplete and 

damaged endothelial layer and (3) increased monocyte attachment [140].  Therefore, 

the DES may decrease the potential for restenosis; however, they may increase 

atherosclerosis and late-stent thrombosis [140]. 

DES had a 35% change in the atherosclerotic lesion, in comparison to the 10% 

change in BMS.  The DES had foamy cell (macrophage) appear at 4 months after 

stent deployment.  In contrast, the BMS showed a change in the lesion after 2 years 

(rare until 4 years post-implantation).  Furthermore, the formation of the necrotic core 

wasn’t seen in BMS until 5 years, which is much longer than the 9 months observed 

in the DES [140].   

Therefore, the search for a stent coating/graft and/or therapeutic agent that 

ultimately inhibits the excessive proliferation and migration of SMC while 
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maintaining and promoting the proliferation and migration of EC for re-

endothelialization of the injury area is needed [138].      

Additional Stent Coatings Investigated 

Carbon Coating 

 Several additional materials have been investigated as potential stent coatings.   

First, a thin carbon coat has been applied to the stents and tested in two studies of 112 

patients each with low and medium risk for restenosis, respectively.  Patients with the 

low restenosis risk showed a 12% major adverse cardiac event (MACE) rate and 11% 

restenosis rate while the medium risk patients had a 20% MACE rate and 25% binary 

restenosis rate after 6 months of the stent being implanted [203, 204].  A separate 

study in patients at high risk for restenosis looking at the Carbostent (sorin 

Biomedica, Italy) showed a significant decrease in thrombosis and stent restenosis 

[139, 205].   

Additional studies comparing the diamond-like carbon coating (BioDiamond, 

Mainz, Germany) with the bare metal stent showed a decrease in metal ion release, as 

well as lower platelet activation in vitro.  A clinical study comparing the Diamond 

Flex AS stent (Phytis Medical Devices GmbH, Berlin, Germany) and the BMS 

showed no difference in restenosis rates at 6 months.   Therefore, this coating does 

not seem to improve results after long-term implantation.  Due to their decreased 

release of metal ions compared to bare metal stents, these DLC-coated stents are still 

available on the market [139, 203, 206].     
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Gold Coating 

Gold has also been investigated as a potential stent coating due to its radio-

opaqueness to ensure stent placement in areas where exact deployment location is 

critical.  Experimental studies have shown the decrease in neointimal hyperplasia on 

gold-coated stainless steel stents.  However, clinical results have had conflicting 

results on its efficacy and use.  One clinical study, using the slotted-tube stainless 

steel stent (Inflow Coronary Stent from Inflow Dynamics, Munich, Germany), 

showed an increase in neointimal tissue proliferation on the stents that were gold-

coated [139, 207].  Overall, the gold coating does not seem to provide any added 

advantage over the bare metal stent alternative [203, 204].     

Silicon Carbide Coating 

 Silicon carbide, an inert semiconductor, has also been investigated as a 

potential stent coating.  This material was thought to interfere with the electron 

interaction between the bare metal stent and blood proteins, thereby affecting platelet 

deposition and thrombus formation [203].  In vitro studies have shown the 

biocompatibility and hemocompatibilty of silicon carbide.  In a non-randomized 

clinical study of 165 patients at higher risk for restenosis, the silicon carbide coated 

stent had a MACE rate of 32%.   Out of this study, only 27% of the patients had 

follow-up and of these patients, 36% had restenosis at 5 months post-procedure [204].  

An additional study looked at silicon carbide coated stents (Biotronik, Germany) and 

316L NIR stents (Boston Scientific, USA).  This study showed that both stents had a 

similar MACE rate at 81±12 weeks; therefore, one stent was not better than the other 

[139, 206].  Clinical trials have shown contradictory results for this stent coating.  For 
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example, a study testing the Tenax coronary stent showed some endothelization at the 

6-month follow-up [139, 208].   A separate study showed a higher neointimal 

hyperplasia at 6-month clinical follow-up for silicon-carbide coated stents [139, 209].  

Overall, there seems to be no significant improvement in the use of silicon carbide 

coatings for coronary stenting. 

Phosphorylcholine Coating 

 Natural materials have also been investigated as potential stent coatings, such 

as phosphorylcholine - a naturally phospholipid polymer.  This material was selected 

due to its presence in the membrane of red blood cells, thereby creating a very 

hemocompatiblle surface.  Clinical studies of this polymer coating showed a MACE 

rate of 9% in 132 patients after 6 months.  A second study of 218 patients showed a 

13% MACE rate at 6 months.  However, these clinical trials lack routine follow-up to 

ultimately determine whether or not this coating prevents restenosis in the long term 

[204].  Additional studies looking at the BiodivYsio stent (Abbott Laboratories, 

Abbott Park, IL) showed that these stents were safe and had a decrease in 

thrombogenecity.  These additional studies were not able to discern if there was an 

improvement in restensosis rate.  This type of coating is still being investigated for 

drug delivery, namely ABT-578 (Zotarolimus) from Endeavor stent (Medtronic Inc. 

Minneapolis, MN) [203].     

Titanium-Nitride-Oxide Coating 

 The titanium-nitride-oxide coating was designed on the premise that nitric 

oxide release is important in maintaining endothelial cell function, minimizing 
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platelet aggregation, inhibiting smooth muscle cell proliferation, as well as aiding in 

cellular adhesion.  Therefore, it was thought that a nitrogen containing oxide may 

provide a similar benefit as the naturally-occurring nitric oxide.  Restenosis rates in a 

porcine model showed reduced restenosis with the titanium-nitride-oxide coating 

(15%) compared to the 33% for BMS, as well as reduced MACE [203].  Similar 

promising results using the Titan stent coated with the titanium-nitride-oxide coating 

were obtained for a clinical study containing patients that were at high risk for 

restenosis [210]. Additional studies comparing the TITANOX (Hexacath, Rueil-

Malmaison, France) with DES showed a lower MACE rate for the TITANOX stent 

than the DES.  Restenosis rate was not calculated in this study.  Therefore, this 

coating seems to have some advantages [203].  This stent coating possesses 

promising results; however, only represents a small part of the current stent market. 

Iridium oxide Coating    

 The iridium oxide coating was originally designed to counteract the hydrogen 

peroxide that was formed by leukocytes in response to the vessel damage from stent 

deployment.  The hydrogen peroxide can inhibit endothelial cell growth and also 

promote smooth muscle cell growth.  The iridium oxide coating is thought to be a 

catalyst for the decomposition reaction of hydrogen peroxide to water and oxygen.  

Therefore, the hydrogen peroxide would be less likely to promote smooth muscle cell 

proliferation since it would be decomposed [203].   Porcine models had a decrease in 

neointimal thickness from 118 microns to 55 microns when comparing the BMS with 

the iridium coated stent [211].  In a clinical trial looking at the long-term results of 

the iridium-coated stents, these stents had a angiographic restenosis rate of 13.8% for 
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long-term results [212].  Additional work is still needed to determine the quantity of 

hydrogen peroxide released from BMS, as well as the exact mechanism of iridium 

oxide in the decomposition of hydrogen peroxide.   

Additional Drugs Investigated 

Heparin 

Heparin-coated stents have been investigated to decrease thrombosis and 

neointimal hyperplasia.  The carbohydrate section of heparin (active site) and 

circulating antithrombin III interact and catalyze the reaction for thrombin inhibition.  

The antithrombin/thrombin complex, now inactivated, can be removed from the stent 

area by the bloodstream [139].  A randomized clinical study of 277 patients with 

complex lesions showed a similar restenosis rate (heparin: 33.1% vs. BMS: 30.3% 

and MACE rate (heparin: 25.2% vs. BMS: 25.7%) between the heparin-coated stents 

and the BMS at 6 month follow-up.  The results indicate that there is not a 

statistically significant difference in restenosis between the heparin coated stents and 

bare metal stents [204].   

Corticosteroids 

 Inflammation plays a role in neointimal hyperplasia; therefore, the anti-

inflammatory mechanism of corticosteroids was evaluated to decrease the intimal 

hyperplasia after coronary stenting.  Initial in vitro studies possessed promising 

results indicating that that the corticosteroids inhibited proliferation of lesion-derived 

smooth muscle cells by 70-80% by decreasing the cells’ sensitivity to high-density 

lipoproteins or serum [213].  A clinical study of 127 patients looked at the 
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administration of methylprednisolone intravenously prior to the stent procedure.  

There was no statistical difference between the group that received the 

methylprednisolone and the placebo group in angiographic restenosis rate (17.5% for 

methylprednisolone vs. 18.8% for placebo) [214]. 

A small clinical trial consisting of 30 patients for the treatment of coronary 

lesions utilized a phosphorylcholine-coated stent [biodivYsio Matrix 

phosphorylchlorine-coated stent (Abbott Vascular, Redwood City, California)] that 

was loaded with a high dose of dexamethasone.  Eight patients with the 

dexamethasone loaded stent  (31%) presented with in-stent restenosis at the 6-month 

follow-up.  These patients possessed an average late lumen loss of 0.96 ± 0.63 mm 

which was attributed to a 32 ± 21% lumen obstruction due to intimal hyperplasia.  

Overall, the use of the high-dose dexamethasone loaded stents did not possess any 

added benefit in neointimal proliferation over the phosphorylchlorine-coated stent.   

Because of these results, the large-scale clinical trial was cancelled.  A similar trial 

looked at the efficacy of the Biodivysio dexamethosone eluting stent using a lower 

dose of drug.  This study showed a restenosis rate of 13.3%; however, this study did 

not enroll high risk patients such as diabetics [213].  The use of corticosteroids does 

not have an added benefit over the bare metal stent counterparts. 

Stent-Grafts Investigated 

 Covered stents, also known as stent-grafts, have a thin membrane that covers 

either the lumen surface, adluminal surface, or the entire metallic struts.  These stent-

grafts are the next generation of stents subsequent to BMS and DES.  In addition to 

coronary artery stents or saphenous vein grafts, covered stents have been used in 
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other applications such as aneurysms, perforated or ruptured arteries, fistulae, as well 

as congenital vascular disease.  The graft provides a physical barrier between the stent 

and vessel wall.  In the treatment of aneurysms, the stent-graft protects the aneurismal 

sac from the radial pressure of the stent.  The graft also provides a barrier to 

thromboemboli release, as well as a decrease tissue in-growth.  Additionally, drugs 

can be incorporated into the graft so that there is a more uniform release distribution 

across the entire stent-graft area.  Surface modifications can also be made to tailor the 

material to the needs of the given indication.  These surface modifications can include 

biomimetic peptides, antibodies, growth factors, or other nanoparticles/nanomaterials 

[11]. 

 The stent-graft must fit over a small catheter or be collapsible so the device 

can be efficiently delivered to the desired location.  The stent-graft must also be 

elastic enough to be maneuvered around the vasculature during deployment, as well 

as maintain expansion against the vessel’s forces to ensure the vessel remains patent.  

Additionally, the stent-graft needs to have enough strength with negligible recoil to 

be expanded in the targeted position to prevent stent malapposition and late stent-

thrombosis (after 13 months implanted).  The stent-graft should also require low 

deployment pressure in order to minimize injury to the vessel wall.  The graft, itself, 

must be capable of withstanding high burst pressures so the material does not rip, 

tear, or rupture during deployment and subject the aneurysm to transmural pressure.  

In addition, the stent-graft must not elicit an immune or allergic response, as well as 

must be non-thrombogenic.  Overall, the stent-graft must be designed to decrease 
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restenosis from neointimal hyperplasia, as well as stent thrombosis in comparison to 

current BMS and DES [11].     

Polytetrafluoroethylene (PTFE) 

 PTFE, a hydrophobic, relatively inert, and synthetic polymer with low 

degradation, has been used as a graft material for stents.  The presence of the fluorine 

atoms contributes to the low surface energy and friction coefficient, as well as the 

causes an increase in platelet adhesion, activation, and subsequently formation of 

thrombus.  The expanded form of this material (ePTFE) consists of a porous lattice 

structure.  This form of the material is widely used in a myriad of medical device 

applications.  Studies have shown conflicting results for cardiovascular outcomes 

[11].  Stent grafts have shown 91% sealing of perforated vessels when comparing to 

BMS.  These patients did not have major adverse cardiac events after 15 months 

implanted [11, 215].  However, other studies such as for the Jostent (Abbott Vascular) 

for treatment of coronary aneurysms have shown that this material does not promote 

re-endothelialization resulting in high incidences of restenosis and thrombotic events 

[11, 216].  Overall, there is conflicting evidence about the efficacy of this material for 

coronary artery applications. 

Polyethylene terephthalate (PET) 

 Polyethylene terephthalate (PET), also known as Dacron, exists in a woven 

(non-porous) and knitted (porous) form.  This material has high tensile strength and 

slow hydrolytic degradation.  PET is primarily used for larger diameter stent-grafts 

(diameter greater than or equal to 10 mm).  Once this material is implanted, the body 
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forms a fibrous capsule around the exterior, which is characterized by the presence of 

granulomatous tissue.  The extracellular matrix of this tissue goes through the fabric, 

forming a fibrinotic lumen.  Essentially, this tissue promotes thrombus and 

inflammation and is full of foreign body giant cells, white blood cells, eosinophils, 

and lymphocytes.  The lumen of this stent-graft does not promote re-

endothelialization.  Therefore, this material is not suitable for small diameter 

applications such as coronary artery stent-grafts [11]. 

Polyurethane (PU) 

 Polyurethane is a synthetic polymer with a hard segment, contributing 

mechanical strength, and a soft segment, contributing elasticity [11, 217].  Laboratory 

studies have shown increased endothelial cell coating on PU grafts in comparison to 

grafts composed of PTFE.  After 6 weeks implanted, porcine models show a thinner 

neointimal layer and absence of thrombus on the PU covered stents when compared 

to polyester-covered stents.  The in vivo models also showed an in-growth of 

granulation tissue into the PU, as well as a late dilation of the stent [11, 218].  This 

material shows promise; however, additional long-term studies need to be completed 

to evaluate the late thrombosis rates [11]. 

Polyvinyl Alcohol (PVA) Cryogels 

 Polyvinyl alcohol, a hydrophilic polymer, is currently being researched as a 

potential graft material [11, 219].  The material is fabricated using a series of freeze-

thaw cycles; properties can be tailored by varying the number of cycles, the duration 

of cycles, as well as the molecular weight of the polymer that is being used [11].  
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Polyvinyl alcohol does not rapidly absorb cell adhesion proteins; therefore, this 

material may be useful in the decrease of restenosis and thrombosis rates [11, 220]. 

Nanocomposite Polymers 

 Composite polymers consist of two materials.  One polymer serves as the 

matrix while the second polymer is a filler material.  Mechanical properties differ 

depending on the size of the constituent polymers incorporated.  For example, 

polyhedral oligomeric silsesquioxane (POSS) particles have been incorporated into 

poly(carbonate-urea) urethane (PCU) matrix, which results in anti-inflammatory and 

anti-thrombogenic properties.  Incorporation of the nanoparticles increases the surface 

roughness, which improves endothelial cell adhesion, proliferation, and migration 

compared to a less rough surface.  This composite material is currently being 

investigated in clinical trials as a coronary artery bypass graft and in preclinical trials 

as a heart valve [11].           

Future Work 

Coronary heart disease accounts for approximately 49% of the cardiovascular 

attributed deaths, which equates to 1 in 6 deaths in the United States [1].  The 

accumulation of plaque in the coronary arteries decreases the delivery of oxygen and 

nutrients to the downstream heart muscle.  Complete occlusion of the vessel can lead 

to myocardial infarction and even death.  Therefore, revascularization of the heart 

tissue is needed immediately to restore blood flow to the heart muscle.  Initially, 

coronary angioplasty, expansion of a balloon, was completed in the area of plaque 

accumulation to push the plaque against the arterial wall – restoring blood flow to the 
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downstream tissue.  However, restenosis rates for the angioplasty procedure alone is 

25-50% [76].  In an effort to improve the outcome of the angioplasty procedure, bare 

metal stents were first deployed in 1977 by a French radiologist into the area of 

plaque occlusion to increase initial vessel diameter and decrease the elastic recoil of 

the native vessel [76].  There was a 30% reduction in restenosis due to the 

deployment of bare metal stents (BMS) in comparison to angioplasty alone [76].  

Despite the reduction in restenosis, BMS still experienced restenosis due to 

neointimal hyperplasia – the excessive smooth muscle cell proliferation and migration 

to the vessel lumen. 

Drug eluting stents (DES) were then developed to decrease the restenosis seen 

in the bare metal stents by eluting an anti-proliferative drug such as Paclitaxel or 

Sirolimus.  The use of DES decreased the rate of restenosis from 43% seen in BMS to 

8% in DES [76].  Although these drugs have different mechanisms of action, they 

have a non-specific affect on cellular proliferation – decreasing both smooth muscle 

cell and endothelial cell proliferation.  Due to the decrease in endothelial cell 

proliferation, DES can have late stent thrombosis from the lack of re-

endothelialization of the vessel lumen.  Therefore, there is a clinical need for a 

vascular material that promotes the re-endothelialization of the vessel lumen to 

decrease late stent thrombosis and minimizing excessive smooth muscle cell 

proliferation and migration to decrease neointimal hyperplasia.          

Recent advances in tissue engineering can provide a fibrous scaffold relevant 

for a variety of clinical applications.  Specifically, the process of electrospinning 

forms fibrous scaffolds with diameters ranging from the micron to nanometer scale.  
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Additionally, drugs, growth factors, and other proteins can be incorporated or 

chemically bond to the fibers in order to tailor the scaffold to the given application.  

For vascular applications, an electrospun scaffold must be mechanically stable 

through stent deployment, as well as promote re-endothelialization while minimizing 

excessive smooth muscle cell proliferation and migration. Understanding the 

interaction and cellular response of these particular cell types to an electrospun 

scaffold will directly aid in the development of a material that decreases restenosis 

and late stent thrombosis after the initial stent deployment.   

Several studies have investigated the use of electrospun scaffolds with smooth 

muscle cells (SMC) or endothelial cells (EC); however, very few have evaluated the 

use of these scaffolds with vascular relevant cells including EC, SMC, and platelets.  

In the previous chapters, we have demonstrated the formation of core-shell nanofibers 

with gelatin in the shell and polyvinyl alcohol (PVA) in the core.  These coaxial 

nanofibers have enhanced mechanical properties compared to fibers composed of 

solely gelatin or PVA.  We have shown increased endothelial cell and decreased 

smooth muscle cell proliferation and migration on the 1 Gelatin: 1 PVA coaxial 

scaffolds.  We have also shown, under static conditions, minimal platelet activation 

on the coaxial scaffolds, as well as decreased platelet deposition when the scaffolds 

were pre-seeded with smooth muscle cells or endothelial cells.  Additionally, there 

was low platelet deposition on the 1 Gelatin: 1 PVA coaxial scaffolds under low shear 

conditions.  However, the precise platelet interaction with electrospun nanofibers 

under conditions such as shear and additional activating proteins is not fully known.  
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Therefore, an important extension of this project is to assess platelet activation and 

deposition under flow and in vivo conditions.  

Overall Hypothesis of Future Studies:  

The coaxial electrospun scaffolds will have minimal platelet deposition and activation 

during flow conditions and in vivo vascular applications. 

Overall Approach of Future Studies:  

A flow chamber can be utilized to circulate human platelets under low and 

high shear conditions (1 – 20 dyns/cm2) over the electrospun scaffolds and 

subsequently determine platelet deposition.  Utilizing a modified prothrombinase 

assay that measures the rate of thrombin formation allows for the determination of 

platelet activation.  Various chemicals such as adenosine diphosphate (ADP) and 

collagen can be added to the assay to determine activation in the presence of platelet 

activating proteins/factors to resemble a more realistic in vivo model.  Lastly, the 

coaxial scaffold can be electrospun directly onto the stent and implanted into an 

animal model to determine its overall feasibility for vascular applications.    

Aim 1: To determine platelet deposition and activation of the coaxial electrospun 

scaffolds under shear conditions 

Approach/Methods: The coaxial nanofibers can be electrospun onto stainless steel 

chips, and these chips can be subsequently placed into a flow chamber capable of 

circulating platelets at varying shear stresses.  Platelet deposition under varying shear 

stresses such as 1 dyn/cm2, 5 dyn/cm2, 10 dyn/cm2, and 20 dyn/cm2, as well as 

varying incubation times (i.e. 1 hr and 4 hr) can be evaluated.  After the incubation 
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time, scaffolds will be removed from the flow chamber, rinsed one time with 1x 

platelet buffer, and fixed for scanning electron microscopy (SEM).  Platelet 

deposition per high-powered field (3000x) can then be calculated.  A graph indicating 

platelet deposition under static conditions and the varying shear stresses will be 

generated for each scaffold type.  In correlation with the platelet deposition 

experiments, platelet activation can be calculated using the previously described 

modified prothrombinase assay.  Therefore, platelet activation can be determined at 

different time points (i.e. t = 0, 1, 2, 3, and 4 hrs) to assess changes in platelet 

activation and stress accumulation in the flow loop.  Various coaxial scaffolds can be 

tested with varying mechanical properties so as to related platelet deposition, shear, 

and mechanical properties of the underlying substrate. 

Aim 2: To determine platelet activation on the coaxial electrospun scaffolds and 

FDA approved-medical materials in the presence of chemical activators 

Approach/Methods: Various platelet activators such as fibrinogen become elevated 

post-injury or in a diseased state.  Therefore, the assessment of platelet activation via 

measuring the rate of thrombin formation using a modified prothrombinase assay is 

important to assess a material’s potential to form thrombosis.  The addition of various 

platelet activating proteins can give a more accurate assessment of the platelet 

activation that would be seen in vivo.  Furthermore, the modified prothrombinase 

assay will be completed with FDA approved materials for vascular applications.  

Therefore, we will be able to compare and validate our material for these 

applications.     
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Aim 3: To determine effect of platelet deposition and activation of coaxial 

electrospun scaffolds eluting anti-platelet drugs   

Approach/Methods: Therapeutic agents, such as anti-platelet drugs, can be directly 

incorporated into the coaxial electrospun nanofibers.  These coaxial electrospun 

nanofibers will elute the drug over a given period of time so as to minimize a burst 

release.  A drug elution profile will be determined using a spectrophotometer. Based 

on the effect of some therapeutic agents such as Paclitaxel and sirolimus on cellular 

proliferation, the effect of these nanofibers (with a therapeutic agent incorporated) on 

cellular activity (such as viability, adhesion, morphology, proliferation, and 

migration) can be assessed using vascular relevant cells such as smooth muscle cells 

and endothelial cells.  Additionally, platelet deposition can be completed under static 

conditions and flow conditions as previously described in Chapter 6 and Aim 1.  

Also, platelet activation will then be determined using the modified prothrombinase 

assay, as described in Aim 2.      

Aim 4: To determine viability of the coaxial electrospun scaffolds as a vascular 

construct in an in vivo model 

Approach/Methods: The coaxial electrospun scaffolds can be electrospun onto small-

diameter stents, crosslinked, sterilized, and subsequently deployed into the aorta of 

mice or rats. Blood samples and analyses can be completed before deployment and at 

varying time points after deployment to determine level of immune response from 

circulating protein and cell levels.  Additionally, the region of the aorta where the 

stent is deployed will be excised and histologically analyzed to determine extent of 

thrombosis, restenosis, and re-endothelialization of the vessel lumen.  The overall 
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material integrity, as well as potential immune responses of the animal to the implant 

will also be evaluated. 

Significance of Future Work 

Understanding platelet deposition and activation on fibers is paramount for the 

use of tissue-engineered materials in vascular applications.  These tissue-engineered 

constructs can be tailored for this application to minimize platelet deposition, 

activation, and ultimately aggregation and thrombosis.  Additionally, drugs and 

proteins can be incorporated or chemically conjugated to the fiber to further decrease 

platelet deposition and activation.  This allows local release of a therapeutic agent to 

the site of injury and a decrease in late stent thrombosis seen in existing devices (i.e. 

drug eluting stents).  Therefore, this future work will directly aid in the understanding 

and development of the next generation of stent-grafts that can ultimately decrease 

the need for subsequent revascularization therapy after initial stent deployment.      

Future Work: Conclusion 

Plaque accumulation in the coronary arteries, also known as coronary artery 

disease, causes a decrease in blood flow to the downstream heart muscle.  In an effort 

to restore blood flow to the heart, coronary angioplasty was developed, which 

includes balloon expansion in the area of plaque accumulation that pushes plaque 

against the arterial walls [138, 140].  However, the restenosis rate for angioplasty is 

25-50% due to neointimal hyperplasia and elastic recoil of the native vessel [76].  

Percutaneous coronary intervention (PCI), balloon expansion and stent deployment, 

reduced the restenosis rates by 30% of the angioplasty procedure alone due to an 
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increase in initial lumen diameter and less elastic recoil of the vessel [76].  However, 

bare metal stents, composed of cobalt chromium or stainless steel, may experience 

restenosis due to neointimal hyperplasia.  In an effort to reduce the neointimal 

hyperplasia seen with bare metal stents, drug eluting stents (DES) releasing drugs 

such as Paclitaxel or Sirolimus were developed.  Due to the non-specific decline on 

cell proliferation, drug-eluting stents have late stent thrombosis due to a lack of 

endothelialization of the vessel lumen [138, 140].    Therefore, there is a clinical need 

for the development of a material that ultimately decreases the smooth muscle cell 

proliferation and migration responsible for neointimal hyperplasia in bare metal stents 

while promoting the re-endothelialization of the vessel lumen to decrease late stent 

thrombosis seen in drug eluting stents [146].  Tissue engineering allows the 

fabrication of scaffolds to control cellular behavior for a given indication.  

Specifically, electrospinning provides for the fabrication of a nanofibrous polymeric 

scaffold that can incorporate drugs, growth factors, proteins, and a variety of other 

materials.  Overall, electrospun scaffolds can be designed and tailored to meet the 

specific requirements of the in vivo application. 

In this dissertation, we fabricated coaxial electrospun nanofibers with gelatin, 

a bioactive polymer, in the shell and polyvinyl alcohol, a synthetic polymer, in the 

core.  These fibers displayed enhanced mechanical properties compared to scaffolds 

composed solely of gelatin or PVA, as well as high bioactivity with fibroblasts.  

Additionally, evaluation of these coaxial fibers for vascular applications showed high 

endothelial cell proliferation and migration.  Comparatively lower smooth muscle cell 

proliferation and migration was also seen.  The initial hemocompatibility evaluation 
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showed low platelet deposition and activation on the scaffolds, namely 1 Gelatin: 1 

PVA coaxial scaffolds.   

Based on the promising results seen in this dissertation work with the coaxial 

scaffolds, additional evaluation of these fibers is warranted.  Platelet deposition and 

activation can be determined for a variety of shear stresses for varying lengths of time 

(t = 0 - 4 hours).  Next, platelet deposition and activation of FDA approved materials 

using our experimental methods should also be determined.  This allows us to 

compare our results for the coaxial scaffolds with FDA approved materials.  With the 

advantages discussed previously for DES, therapeutic agents or other chemicals can 

be incorporated into the fibers.  The elution profile of the therapeutic agent, as well as 

its effect on cellular processes (viability, morphology, adhesion, proliferation, and 

migration) and platelet (deposition and activation) can also be determined.  Lastly, the 

nanofibrous scaffold can be evaluated by electrospinning the material on a stent and 

implanting it in an animal model.  The animal model will allow the efficacy of the 

material to ultimately be evaluated for this vascular application.   
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Chapter 10: Conclusion 

 The accumulation of plaque in the coronary arteries decreases blood flow to 

the downstream tissue, which can cause shortness of breath and chest pain.  In an 

effort to restore blood flow to the heart muscle, stents are commonly deployed in the 

area of plaque accumulation.  Despite the increase in the vessel lumen, bare metal 

stents can experience restenosis due to excessive smooth muscle cell proliferation and 

migration to the vessel lumen.  Drug eluting stents, designed to decrease restenosis 

seen in bare metal stents, can have late stent thrombosis from the lack of re-

endothelialization of the lumen.  If a patient cannot receive a stent, then a coronary 

artery by-pass surgery may be undertaken.  A patient’s own artery/vein are the 

preferred graft; however, they are often unusuable due to existing vascular disease.  

The synthetic grafts lack the compliancy and durability for the small diameter 

locations and are prone to thrombosis.  Therefore, there is a clinical need for a 

material that can be used in this vascular application.    

The overall objective of this project is to fabricate a coaxial electrospun 

scaffold that can be used in small-diameter vascular applications.  First, coaxial 

electrospun nanofibers with gelatin in the shell and polyvinyl alcohol (PVA) in the 

core of each fiber were made.  Therefore, the coaxial fibers had the biological benefit 

of gelatin in the shell and the structural benefit of PVA in the core.  Scanning electron 

microscopy (SEM) and transmission electron microscopy (TEM) showed nanosized 

fibers free of deficiencies with the core-shell structure.  Fourier transform infrared 

spectroscopy showed peaks characteristic of gelatin and PVA, respectively, in the 

coaxial spectra; however, the coaxial spectra showed no definitive chemical 
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interaction between the gelatin and PVA at the core-shell interface.  During 

mechanical testing, the coaxial nanofibers, both randomly oriented and aligned fibers 

respectively, displayed a larger Young’s modulus and ultimate strength when 

compared to electrospun scaffolds composed solely of gelatin or PVA.  Mechanical 

testing of the reverse core-shell structure (PVA in the shell and gelatin in the core) 

showed mechanical properties similar to PVA.  This indicates that during the 

electrospinning process of the PVA-gelatin core-shell fibers that the gelatin shields 

the PVA allowing some of the PVA molecules to align. 

Initial biocompatibility testing using NIH 3T3 fibroblasts showed high 

cellular viability, a spindle-like morphology, and enhanced cell growth on the coaxial 

electrospun scaffolds when compared to PVA scaffolds.  Therefore, the evaluation of 

these scaffolds for vascular applications was undertaken using human umbilical vein 

endothelial cells and smooth muscle cells.  The coaxial scaffolds had high viability 

and adhesion compared to scaffolds composed solely of PVA.  HUVEC proliferation 

was similar on the coaxial scaffolds when compared to the gelatin film or tissue 

culture plate.  Additionally, migration of the HUVEC on the scaffolds was higher on 

the stiffer 3 Gel: 1 PVA coaxial scaffolds than the less stiff gelatin or 1 Gel: 1 PVA 

coaxial scaffolds.  When looking at SMC, proliferation and migration on the gelatin 

film and TCP were similar to the coaxial fibers (3 Gel: 1 PVA coaxial).   Overall, the 

1 Gel: 1 PVA coaxial scaffold promoted the highest rate of endothelial cell migration 

and proliferation and minimized smooth muscle cell proliferation and migration. 

In order for a material to be used in a vascular application, platelet deposition 

and activation needs to be assessed.  Under static conditions, the gelatin and coaxial 
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scaffolds had similar platelet deposition while PVA had the lowest platelet 

deposition.  These scaffolds promote cellularization of the nanofibrous scaffold; 

therefore, evaluation of platelet deposition once the material is cellularized is 

important.  When pre-seeded with SMC or HUVEC, platelet deposition decreased for 

the gelatin and coaxial scaffolds while deposition increased for the PVA scaffolds.  

Additionally, the scaffolds showed minimal platelet activation with the platelet 

activation rate (PAR) on the coaxial scaffolds (stiffer scaffolds) being higher than 

gelatin or PVA scaffolds, respectively.   

Ultimately, the 1 Gel: 1 PVA coaxial scaffold promotes HUVEC proliferation 

and migration, minimized smooth muscle cell proliferation and migration, and 

possessed minimal platelet activation.  Thus, the coaxial nanofiber with gelatin in the 

shell and PVA in the core is an appealing construct for vascular applications.  Future 

work will optimize electrospinning on the coronary stent, itself, as well as determine 

its overall efficacy in an animal model. 
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APPENDIX A: ABBREVIATIONS 

2-D  Two Dimensional 

3-D  Three Dimensional 

ADP   Adenosine Diphosphate 

AMI  Acute Myocardial Infarction 

ATP  Adenosine Triphosphate 

bFGF  Basic Fibroblast Growth Factor 

BMS  Bare Metal Stent 

CABG  Coronary Artery By-Pass Graft 

cAMP  Cyclic Adenosine Monophosphate 

CHD  Coronary Heart Disease 

COX  Cyclooxygenase 

CRP  C-Reactive Protein 

DC  Direct Current 

DES  Drug Eluting Stent 

DMA  Dynamic Mechanical Analyzer 

DMEM Dulbecco’s Modified Eagle Medium 

DMSO  Dimethyl Sulfoxide 

EC  Endothelial Cells 

ECM  Extracellular Matrix 

EDAC  1-ethyl-3-(3-dimethylaminopropyl)-carbodiimide  

EDHF  Endothelium Derived Hyperpolarizing Factor  

EPC  Endothelial Precursor Cells  
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ET-1  Endothelin-1 

FDA  Food & Drug Administration 

FTIR  Fourier Transform Infrared Spectroscopy 

GTA  Glutaraldehyde 

HA  Hydroxyapatite 

HFP  1,1,1,3,3,3-Hexafluoro-2-Propanol  

HUVEC Human Umbilical Vein Endothelial Cells 

LDH  Lactate Dehydrogenase 

MACE  Major Adverse Cardiac Event 

MMP  Matrix Metalloproteinases 

mRNA  Messenger Ribonucleic Acid 

MSC  Mesenchymal Stem Cells 

MTT  Thiazolyl Blue Tetrazolium Bromide 

NHS  N-Hydroxysuccinimide  

NO  Nitric Oxide 

PBS  Phosphate Buffered Saline 

PCI  Percutaneous Coronary Intervention 

PCL  Polycaprolactone 

PCU  Poly(carbonate-urea) Urethane 

PDMS  Polydimethylsiloxane 

PEG  Polyethylene Glycol   

PGA  Polyglycolic Acid 

PGI2  Prostacyclin 
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PLA  Polylactic Acid 

PLCL  Poly(L-lactide-co-ε-caprolactone) 

PLGA  Poly(lactic-co-glycolic acid)  

PLLA  Poly-L-Lactic Acid 

POSS  Polyhedral Oligomeric Silsesquioxane 

PVA  Polyvinyl Alcohol 

ROS  Reactive Oxygen Species 

SEM  Scanning Electron Microscopy 

SMC  Smooth Muscle Cells 

SM-MHC Smooth Muscle-Myosin Heavy Chain   

TFE  Trifluoroethanol 

TEM  Transmission Electron Microscopy 

TM  Thrombomodulin 

TP  Thromboxane-Prostanoid 

TXA2  Thromboxane 

VEGF  Vascular Endothelial Growth Factor 

α-Actin Alpha-Smooth Muscle Actin  
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