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Abstract

As the body’s natural scaffolding is largely comprised of collagen, a significant
amount of research is being conducted focused on how to engineer collagen scaffolds
with properties identical to natively derived collagen. A major benefit of utilizing
collagen as the source material for tissue engineering scaffolds is its bioactive chemistry
and ability to support cell attachment and growth. Currently, the only commercially
successful tissue engineered product, Apligraf®, utilized a collagen scaffolds to form
temporary skin. Despite the benefits of collagen-based tissue engineering scaffolds, many
challenges are associated with the use of these materials including low strength, low
stiffness and long processing times.

This study utilized two materials design approaches to control tissue engineering
scaffold mechanics while maintaining the advantageous biological properties of the
scaffold. Crosslinking and coaxial electrospinning were utilized to increase collagen
scaffold strength, control protein scaffold stiffness, and to control engineered tissue
strength. Physical crosslinking of electrospun collagen using dehydrothermal (DHT)
treatment was investigated to decrease processing times while increasing the scaffold
strength. The efficacy of in situ crosslinking of collagen was also investigated to ascertain
whether post-spinning crosslinking could be avoided. Finally coaxial electrospinning was
utilized to control the mechanical properties of a gelatin scaffold and the ability of this

scaffold type to increase the mechanical properties of engineered tissue was investigated.
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All methods employed in these studies, in Situ crosslinking, DHT treatment, and
coaxial electrospinning, significantly increased the strength of tissue engineering
scaffolds. Similarly, every scaffold in this study was able to support human cells within
the respective 3D structure. The additional advantage of the scaffolds produced using the
coaxial electrospinning process was the ability to control the observed mechanical
properties including ultimate tensile strength (UTS) and stiffness. Comparatively the in
situ crosslinking method had a low strength which was not significantly different than the
DHT treated scaffold and was significantly lower than post-spinning crosslinking with
EDC. Based on these results it was determined that in situ crosslinking was not suitable
for use in skin tissue engineering scaffolds. While DHT had similar strength as in situ
crosslinking, this method did not require chemical treatments and therefore had a
significant advantage over chemical crosslinking. The addition of a PCL core to a gelatin
fiber had the most significant impact on strength in this study. While the pure gelatin
scaffold had a UTS of 223.06+43.58 kPa the coaxial scaffolds ranged in strength from
361.91£114.76 to 623.17+87.26 kPa. Similarly the stiffness of the gelatin was increased
from 338.82+67.01 kPa in the gelatin to 1,613.82+670.29 kPa in the coaxial scaffold with
the largest core diameter. Engineered skin grown on the coaxial scaffolds was also shown
to have significantly greater UTS than the skin grown on the gelatin scaffolds. While in
situ crosslinking did not perform as expected, DHT crosslinking and coaxial

electrospinning showed promise for use in tissue engineering scaffold stabilization.
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Chapter 1: Introduction

1.1 Tissue Engineering

Tissue engineering has the potential to repair or replace diseased and damaged
tissue without the need for organ donors. Currently, the extreme imbalance between
suitable donor organs and transplant patients have left more than 100,000 people waiting
for organ transplants [1] with 19 people dying everyday [2] while on an organ transplant
waitlist. Even if a patient receives a tissue transplant there is a large risk of transplant
rejection and disease transfer [3]. Tissue engineering could be utilized to develop
autologous organ replacements that would avoid the risk of transplant rejection and
disease transfer as the engineered tissue would be derived from the patients own tissue.
While the field is nowhere near the ability to replace all the functions of complex organs,
there have been significant advancements in the technology.

Within the United States approximately 500,000 people receive treatments for
burn injuries every year, with 40,000 hospitalizations, 25,000 admissions to hospitals
with specialized burn centers, and an estimated 4,000 mortalities [4]. Conventional
treatments for full thickness burns involve the use of split-thickness skin autografts and
donor skin harvesting [5]. The mortality of these patients is closely related to the
percentage of total burn surface area (TBSA) [6]. Therefore burns covering a large
portion of the skin limit the available donor sites for autografts and prevent rapid wound
closure. Tissue engineered skin has the advantage of reduced size of the donor site
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required to cover the same portion of the wound as a split thickness autograft (Figure 1.1)

[7].
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Figure 1.1. Plot of closed donor areas at post operation day (POD) 28 versus the
type of graft including cultured skin substitute (CSS) and autograft (AG). Image from
Boyce et al. [8].

Several types of tissue engineering grafts exist as well as methods for preparing
the grafts. Epidermal autografts are prepared by harvesting epidermal keratinocytes from
the patient, culturing them in vitro, and grafting this onto the patient [9]. This type of
graft lacks a dermal constituent which is linked to graft failure due to poor attachment to
the wound surface [9]. Another method of creating engineered tissue that is commercially
available, called Integra®, uses a bovine collagen scaffold bonded to a silicone sheet
[3,10]. The patient’s own cells are seeded onto the collagen which is placed on the patient

to promote dermal growth [3]. After removal of the silicone sheet, a thin epidermal



autograft is applied [3]. Nguyen et al. found that after one year the elastic properties of
skin treated with the skin substitute were comparable to the patient’s untreated skin [11].
However, other studies using this skin substitute observed graft failure due to infection
[3]. Another form of engineered tissue, autologous cultured skin substitutes, are formed
by culturing a dermal-epidermal composite on a biodegradable collagen scaffold using
the patient’s own cells and grafting this onto the patient’s wound [5,8]. Using this method
the engineered tissue did not perform as well as the autograft; however the percentage of
healed donor sites was higher for the engineered skin versus the autograft after 28 days of
healing (Figure 1.1) [3]. These studies demonstrate the potential benefits of engineered
tissue and also demonstrate room for improvement with the technology.

Engineered human skin is formed by the inoculation of cells onto a temporary
scaffold in vitro, allowing the tissue to develop in vitro, followed by transplantation in
vivo. While tissue engineering is a very promising method for treating failing tissue and
organs there is significant room for improvement in all aspects of the process.
Specifically, tissue formation is time consuming, requiring about 2 weeks prior to
grafting [8] and the tissues grown using the process are weak and fail prematurely [12].
Scaffold design is extremely important since the structural, chemical, and mechanical
features of the material will influence the development of the tissue and the overall
properties of the tissue. Current tissue engineering technology cannot produce scaffolds

or engineered tissue that has the same properties as native human tissue [13]. Improving



upon scaffold design is an important engineering consideration for tissue engineering to

succeed.

1.2 Scaffolds for Tissue Engineering

The scaffolds used in tissue engineering are designed to mimic the structural,
chemical and mechanical properties of the bodies’ natural extracellular matrix (ECM).
The ECM is made up of anisotropic nanometer diameter protein fibers primarily
composed of protein from the collagen family [14]. Collagen fibers within the ECM are
interwoven in a hydrated network of glycosaminoglycan chains and elastin fibers
[15].This network of fibers not only supports the tissue mechanically, it is responsible for
transferring external mechanical stimuli to the cell which the cell uses to produce
molecular signals [16,17]. Tissue engineering scaffolds are fabricated using methods that
attempt to reproduce the structural features of the ECM specifically, nanometer diameter
fibers and an interconnected pore network. Beyond the structural requirements, scaffolds
must maintain appropriate chemistry for cell-scaffold interaction, mechanical integrity,
biocompatibility, and ideal degradation at a rate comparable to native ECM production to
allow for replacement of the temporary scaffold without loss in function [39,40]. Several
manufacturing methods exist to produce scaffolds that mimic the ECM including fiber
bonding [18], phase separation [18,19], solvent casting [18,20], particulate leaching

[18,20], extrusion [18,21,22], and freeze drying [18,23]. Other common techniques



include the formation of hydrogels [24] and electrospinning of polymer nanofibers [25].
While all the techniques mentioned have potential for manufacturing of tissue
engineering scaffolds, electrospinning is one of the most promising methods for scaffold
fabrication because it can economically produce scaffolds out of a wide range of
materials with architectural and chemical features similar to native ECM.
Electrospinning produces a randomly oriented polymer fiber matrix with fiber
diameters that range from hundreds of nanometers to tens of micrometers. The process of
electrospinning is performed by applying a voltage to the outlet of a syringe needle
containing a polymer solution (Figure 1.2). The applied voltage creates an electric field
between the needle outlet and a grounded metal collector. As a droplet of solution forms
at the needle tip, positive and negative ions within the solution begin to move in opposite
directions based on the applied electric field, putting a force on the droplet, and once
surface tension is overcome a jet of polymer solution is produced [26]. The forces acting
on the jet propel it towards the grounded collector as the polymer is stretched into a thin
fiber. During this process, solvent evaporates from the fiber, thinning it out further and
eventually leading to a solid, randomly oriented, polymer fiber matrix deposited on the
collector. The final diameter of the fibers collected depends on solution concentration,
flow rate, solvent, and the surface tension of the polymer solution [27]. This process is
attractive since it is an inexpensive technique, scale-up is possible and a range of

polymers can be produced including both synthetic and natural polymers.
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Figure 1.2. Example of an electrospinning setup. Image from [28].

Figure 1.3. Scanning electron micrographs of electrospun fibers including
(from left to right) polycaprolactone (PCL), gelatin, a blend of gelatin and
PCL and collagen. Scale bar = Sum.

A variety of materials are used for electrospun tissue engineering scaffolds. Some
popular synthetic materials include poly(lactic acid) [29-31], poly(glycolic acid) [29-31],
poly(ethylene oxide) [29,30], poly(vinyl alcohol) [29,30], poly(acrylic acid) [29,30],
polydioxanone [31], and poly(e-caprolactone) (PCL) [29-31]. Copolymers such as

poly(lactide-co-glycolide) (PLGA) have also been produced via electrospinning to form
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scaffolds for tissue engineering [32]. A synthetic PLGA electrospun scaffold was shown
to promote human mesenchymal stem cell attachment, growth and proliferation while
maintaining phenotypic shape [32]. The alternative to synthetic polymers is naturally
derived polymers. Several naturally derived polymers used for tissue scaffolds include
chitosan [29,30,33], collagen [22,33-36], fibrinogen [37], and gelatin [35,38].
Electrospun collagen and gelatin have been utilized for the production of engineered skin
with well stratified dermal and epidermal components [39,40]. Electrospun gelatin
scaffolds have been shown to support tissue formation and variations in interfiber
distance (Figure 1.3) using different scaffolds demonstrated that an interfiber distance of
5-10pm in electrospun gelatin scaffolds promoted optimal tissue formation in vitro [40].
Collagen nanofibers were also shown to support the formation of engineered skin as well
as maintain high levels of engraftment; the scaffold reduced wound contraction when

compared with a freeze-dried collagen sponge [39].



Figure 1.4. Scanning electron micrographs of electrospun gelatin fibers
with varying fiber diameter and interfiber distance. Fiber diameter and
interfiber distance increases from A to D. Scale bar = 10um. Image from
Powell and Boyce [40].

Tissue engineering scaffolds must be designed with the target organ in mind in
order to develop a suitable tissue replacement. Structural features of the scaffold are
extremely important for regulating tissue growth and this will change between different
tissues. For example, a scaffold that is appropriate for engineered skin may not be
suitable for a heart valve replacement. As demonstrated by Powell and Boyce
electrospinning has the versatility to adjust structural features of the scaffolds to optimize

tissue development and therefore create an ideal tissue replacement [40].

1.3 Mechanical Properties of Tissue Engineering Scaffolds
Scaffold mechanics are an extremely important factor in tissue engineering
scaffold design. Scaffold mechanics dictate the health and phenotype of the constituent

cells and can control the mechanical properties of the resultant tissue. In native human
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tissue the ECM provides mechanical integrity to the tissue [15]. Since scaffolds are
intended to be a temporary extracellular matrix, these scaffolds must also provide
mechanical support to the tissue in vitro and in vivo until full integration or remodeling
has occurred. If the engineered tissue is not designed with the proper strength, it is
susceptible to failure during implantation or shortly thereafter. These problems are
common within the tissue engineering community as engineered tissues generally have
significantly lower strength than their native human counterparts [13]. The stiffness of a
scaffold is also an important design consideration for tissue engineering scaffolds since it
has been shown to regulate many cellular behaviors including cell-matrix adhesions and
size of the focal adhesions [41,42], motility [43,44], propagation [45], differentiation [46-
48], viability [48], phenotype [47,49] and apoptosis [50]. Scaffold mechanics are
therefore extremely important as they provide temporary strength and they guide cellular
behaviors.

While there are methods of fabricating scaffolds for tissue engineering that mimic
the architectural and chemical features of the ECM, there are no methods for creating
scaffolds that are similar in strength and stiffness to the ECM [13]. For example collagen
has low mechanical strength and often degrades with exposure to water despite the fact
that collagen is derived from natural sources [51]. The methods used to isolate collagen
from the source, degrades the structural features of the collagen causing a reduced load
bearing capacity of the scaffolds from which this material is made. To address these

issues several methods including chemical crosslinking, copolymerization, and polymer
9



blending have been employed to improve tissue strength via improved scaffold

mechanics.

1.4 Modification of Scaffold Mechanics

The ECM is primarily composed of collagen and, as a result, collagen is the most
widely utilized natural polymer for tissue engineering as it mimics both chemistry and
molecular interactions with cells [23,52,53]. Unfortunately, synthetically fabricated
collagen scaffolds are significantly weaker than naturally derived collagen scaffolds i.e.
decellularized dermis [54]. Similarly, collagen has significantly lower strength than
synthetic polymers which limits its utility as a scaffold material [12]. To improve
collagen scaffold strength and stability, crosslinking is commonly used [55,56]. Both
physical and chemical crosslinking methods have been employed to stabilize protein
scaffolds for use in aqueous environments.

Physical crosslinking of protein scaffolds is a rapid method of stabilizing and
increasing the strength of collagen scaffolds. Methods of physical crosslinking include
dehydrothermal (DHT) [34,57] and UV [34,57,58] crosslinking. Collagen has been
crosslinked by DHT and UV crosslinking; both methods have been shown to stabilize the
collagen in vitro [34,57] and no cytotoxic response was observed for either method in
vitro [57]. However, UV crosslinking works based on light penetration into the scaffold;

therefore, the crosslinking of a 3D collagen scaffold is limited in crosslinking extent.
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Numerous studies have been performed which utilize DHT stabilization of
collagenous natural materials and collagen scaffolds with the use of DHT crosslinking
[57,59-65]. During DHT crosslinking, new ester and amide bonds are formed [60,66]
leading to significant increases in the strength of collagen compared to non-crosslinked
collagen materials [51] and reduced degradation rates upon exposure to collagenase [34].
Fibrous, insoluble collagen crosslinked using DHT crosslinking has also been shown to
support cell proliferation and tissue formation [39,51,64]. Despite the positive benefits,
DHT crosslinking has not been studied in electrospun collagen which could significantly
benefit from one step crosslinking methods performed while the scaffold is dry. This
would provide new options for scaffold sterilization and scaffolds could be shipped
across the country.

Chemical crosslinking is the most widely used method of crosslinking
collagenous tissue engineering scaffolds. Several different chemicals have been used
including glutaraldehyde (GA) [36,67,68], hexamethylene diisocyanate (HMDIC)
[22,35,57,58] and N-(3-dimethylaminopropyl)-N’-ethylcarbodiimide hydrochloride
(EDC) [39,58,69]. Despite the broad utilization of GA as a crosslinking agent, it has been
associated with graft failure due to cytotoxicity and calcification [70]. HMDIC has also
been shown to cause cytotoxicity due to un-reacted pendant molecules [57,71].
Crosslinking of electrospun collagen with EDC reduced scaffold degradation [59,72],
maintained cell viability [73] and has been used successfully to crosslink scaffolds used

for bioengineered skin [39], bone [58,74], and cartilage [75]. Collagen crosslinked with
11



EDC has also been shown to have an increased strength and denaturation temperature
compared to similar crosslinking agents [76] due to the formation of new amide and ester
bond crosslinks [77]. At low concentrations of EDC, 5SmM or lower, the strength of the
tissue replacement was significantly improved over uncrosslinked scaffolds [23].
However, EDC crosslinking has been associated with cytotoxicity and reduced tissue
strength at concentrations of 10mM or greater [23] and often requires a lengthy rinsing
procedure, up to four days, to ensure no crosslinker remains within the scaffold
[39,40,78].

Crosslinking is very useful for stabilizing collagen tissue engineering scaffolds.
Several methods have been demonstrated to increase the strength and resistance to
degradation of these scaffolds. However, almost every crosslinker has been shown to
elicit a cytotoxic response especially at high concentrations. Therefore, the extent to
which strength and stiffness can be modified is limited. Other methods of controlling
scaffold strength and stiffness may be necessary such as the use of a synthetic polymer
scaffold or composite scaffolds.

1.4.1 Scaffold Chemistry

Since the ECM imparts a significant amount of strength to native human tissue
such as skin, tissue engineering scaffolds need to have similar strength as the native
ECM. The most advantageous aspects of synthetic polymers are their high strength and
the ability to form them into ECM-like architectures. This means synthetic polymers are

widely used in tissue engineering to synthesize scaffolds and their properties can be
12



customized for different applications. While synthetic scaffolds have the advantage of
high strength; they often lack the ability to promote cell attachment and proliferation.
Khor et al found that keratinocytes only spread across 36% of the surface of a PCL film
on which the cells were coated [79]. Similarly, Venugopal et al found that fibroblast
proliferation was significantly lower on PCL than on collagen scaffolds [80]. Another
study found that chitosan coated poly(lactide-co-glycolide) (PLGA) electrospun fibers
had better cytocompatibility than PLGA scaffolds alone [81]. Despite the very attractive
mechanical properties, ability to form the scaffolds into specific structures, and resistance
to degradation synthetic polymers are at a disadvantage when it comes to cell-scaffold
interactions and tissue formation.
1.4.2 Scaffold Blending

One common method of increasing the strength of natural polymer scaffolds
while maintaining biocompatibility is to use a combination of natural and synthetic
polymers. By using both materials the scaffold would have the benefit of high strength
and bioactive properties. Blends have been created and studied by mixing two different
polymer solutions and electrospinning the resultant mixture followed by cell culture to
determine the scaffold’s ability to promote tissue formation [12,38,82-84]. Powell et al.
studied the influence of increasing PCL concentration on the mechanical and biological
properties of electrospun collagen-PCL blends [12]. It was found that small additions of
PCL equal to or greater than 10% significantly increased the strength of acellular

hydrated scaffolds [12]. Tissue formed when grown on blended scaffolds had poorly
13



developed morphology, proliferation was reduced, and the final strength was not
significantly different than tissue grown on similar collagen scaffolds [12]. This was
believed to be caused by segregation of PCL domains within the blend, leading to cell-
PCL interaction and decreased cell affinity for the nanofibers [12]. Scaffolds should have

a continuous protein-cell interface for optimum epidermal differentiation.

1.4.3 Composite Scaffolds

Since the cell scaffold interface should consist entirely of cell-protein interactions,
methods of containing a synthetic polymer core within a gelatin shell have been
proposed. Two potential methods include protein coatings of electrospun nanofibers and
coaxial electrospinning. Coatings are made by electrospinning a specific fiber
architecture and coating the scaffold with the protein. A protein coating applied to
electrospun synthetic fibers has been used to create scaffolds with a bioactive protein
shell and a strong synthetic core for tissue engineering [38,85,86]. One method for
coating collagen on the surface of an electrospun PCL scaffold is to functionalize the
surface of electrospun PCL using plasma treatment followed by fixing collagen on the
surface of the fibers [85]. Duan et al. found collagen coated PCL to support fibroblast
growth and proliferation to be higher than on electrospun PCL scaffolds [85]. Another
method used for coating collagen on PCL scaffolds is soaking a PCL scaffold in a
solution of collagen in acetic acid [38]. Zhang et al. showed fibroblast proliferation on

these collagen coated PCL scaffolds was significantly greater than electrospun PCL but
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was lower than on electrospun collagen scaffolds [38]. Lower cellular proliferation
combined with reduced scaffold porosity and additional processing steps [38,85] reduces
the feasibility of this method for tissue engineering.

Coaxial electrospinning is a new and promising method that can be used to create
tissue engineering scaffolds that structurally mimic the ECM, maintain a protein-cell
interface, and have the advantage of strong synthetic polymer reinforcement. Essentially
this is a method of coating synthetic fibers with a protein shell that is continuous on all
fibers, does not influence porosity, and does not require post-processing of the scaffold.
Coaxial electrospinning was first performed by Sun et al. [87]. Since then this technique
has been used to manufacture core-shell fibers for controlled drug delivery [88,89], tissue
engineering [38,90,91], and a variety of other applications [92-94]. A previous study
demonstrated that the strength of coaxial PCL core-gelatin shell fiber scaffolds had
greater strength than electrospun gelatin scaffolds [90]. Zhang et al. found no difference
in the proliferation of fibroblasts on coaxial collagen shell/PCL core nanofibers when
compared with 100% collagen nanofibers [38]. They also reported the coaxial fibers
promoted fibroblast proliferation significantly better than collagen coated PCL nanofibers
[38]. There is great potential for manufacturing strong scaffolds using coaxial
electrospinning. However, no one has studied the influence of a strong synthetic polymer
core on the ability to control the mechanical properties of tissue engineering scaffolds or

the strength of engineered skin.
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While tissue engineering scaffolds attempt to reproduce mechanical
characteristics of the ECM they fall short. Crosslinking increases the scaffold strength,
however, the process is time consuming often requiring a full day to adequately crosslink
the scaffold and the crosslinking agent can cause cytotoxicity if used in too high of
concentrations. Ideally a one step crosslinking procedure could be used to stabilize the
collagen scaffolds. Incorporating synthetic polymers into a natural scaffold is not an ideal
solution though encapsulating a synthetic core within a protein shell could have
beneficial attributes such as high strength and bioactivity. Protein coatings on synthetic
scaffolds will not be suitable for tissue engineering due to the additional processing steps
required as well as the reduction in porosity of the scaffold. Coaxial electrospinning is an
ideal manufacturing method since continuous synthetic polymer fibers with a protein
shell can be electrospun with no time consuming processing steps and no change in
scaffold structure. Even with coaxial electrospinning, synthetic polymer is added to the
human body; therefore the balance between increased strength and tissue growth

promotion must be maintained to reduce the amount of PCL in the scaffold.
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Chapter 2: In Situ, DHT, and EDC Crosslinking of Electrospun Collagen

2.1 Introduction

Scaffolds for tissue engineering function as a replacement extracellular matrix
(ECM) providing a substrate for cellular adhesion and organization. The chemistry and
structure of the ECM can regulate cell proliferation, differentiation, and maturation, thus
tissue engineering scaffolds should have a strong resemblance to the natural ECM, which
is comprised of nanometer diameter protein fibers [15]. Electrospinning is a simple and
efficient method utilized to synthesize a network of nanofibers that approximates the
structural and biological properties of the ECM [15,32,36]. This method produces a
highly porous nonwoven mat with a high surface to volume ratio and porosity [95,96].
Although electrospun collagen and collagen-based scaffolds have been engineered for a
variety of biomedical applications [33,97,98], their insufficient mechanical strength and
rapid degradation in aqueous environments requires crosslinking steps before the
scaffolds can be utilized for tissue regeneration [38,73].

Two methods of crosslinking include physical and chemical stabilization.
Physical crosslinking is performed using dehydrothermal (DHT) treatment in a vacuum
oven. DHT processing increases the strength and stability of protein scaffolds via the
formation of new ester and amide bond crosslinks and this process has the advantage of
no chemical agents used during the processing [60,66]. Since there are no chemical

agents, the treatments are non-cytotoxic. DHT crosslinking has been shown to support
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cell proliferation and tissue formation [39,51,99]. Despite the positive benefits, DHT
crosslinking has not been studied in electrospun collagen which could significantly
benefit from crosslinking methods performed while the scaffold is dry. This would
provide new options for scaffold sterilization and scaffolds could be shipped across the
country.

Chemical crosslinking is widely used to crosslink collagenous tissue engineering
scaffolds. Crosslinking with EDC is popular since it has been shown to stabilize the
scaffold [72], maintain cell viability [73], increased strength [22] and crosslink scaffolds
for various engineered tissues [39,58,74]. EDC crosslinking occurs through the formation
of amide and ester bond crosslinks [77]. Crosslinking with EDC is limited since it has
been associated with cytotoxicity at concentrations greater than 10mM [23] and often
requires a lengthy rinsing procedure to completely remove the crosslinker [39,78]. Thus it
would be beneficial to directly compare the efficacy of DHT crosslinking versus EDC
crosslinking to determine if the use of chemical crosslinking can be avoided to avoid
possible degradation during processing, cytotoxicity and to reduce processing times.

Another limitation to the use of EDC crosslinking is the additional steps required
for EDC crosslinking that increase the time to prepare a scaffold along with the limited
sterilization methods [23,74,94]. As a result, alternate processing methods are needed.
Chemical crosslinking during the electrospinning process has been previously performed
by adding GA to chitosan electrospinning solutions [100]. In situ crosslinking with GA

resulted in smaller fiber diameters, no change in solubility in acidic, basic or aqueous
18



conditions, and a processing time 25 times faster than the original manufacturing method
[100]. Thus, the addition of a chemical crosslinker to electrospun collagen solutions may
be possible.

The goal of this study was to evaluate the utility of dehydrothermal crosslinking
of electrospun type I collagen compared to standard chemical crosslinking and the
feasibility and efficacy of in situ crosslinking. Additionally, the utility of these
crosslinked scaffolds for dermal tissue engineering was examined. Collagen scaffolds
were prepared by electrospinning soluble type I collagen with and without EDC.
Scaffolds with EDC (in situ) were DHT crosslinked or utilized as-spun. Scaffolds without
EDC were DHT crosslinked, chemically crosslinked or both DHT and chemically
crosslinked. As-spun collagen scaffolds without EDC served as a control for this study.
The effects of crosslinking on scaffold architecture, stability, mechanical properties, and

cytotoxicity were investigated.

2.2 Materials and Methods

2.2.1 Electrospinning Solutions

Electrospinning solutions were prepared by mixing acid soluble collagen from
bovine hide (Kensey Nash; Exton, PA) with 1,1,1,3,3,3-hexafluoro-2-propanol (HFP;
Sigma-Aldrich Co., St. Louis, MO) at a concentration of 10 wt./vol.% on a magnetic stir

plate for 48 hours. In Situ crosslinked scaffold solutions were prepared by adding 71mM
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of N-(3-dimethylaminopropyl)-N’-ethylcarbodiimide hydrochloride (EDC; Sigma-
Aldrich Co.) to the above solution when the materials were combined.
2.2.2 Collagen Scaffolds

Collagen-HFP solutions were electrospun at a potential of 30kV onto an 8.5 cm®
grounded plate that was positioned perpendicular to the tip of the needle, at a distance of
20 cm with a flow rate of 4 ml/hr. The as-spun scaffolds were then placed into a vacuum
sealed desiccator or dehydrothermally crosslinked (DHT) at 140°C for 24 hours at 30mm
Hg. A subset of these scaffolds were crosslinked in a solution of ethanol and N-(3-
dimethylaminopropyl)-N’-ethylcarbodiimide hydrochloride (EDC; Sigma-Aldrich Co.) at
a concentration of SmM EDC in 50ml pure ethanol per scaffold for 24 hours. In Situ
collagen-HFP solutions were electrospun at a potential of 30kV and at a distance of 20
cm with a flow rate of 5 ml/hr. The as-spun scaffolds were then placed into a vacuum
sealed desiccator or DHT crosslinked as described above. The In Situ crosslinked
scaffolds had an equivalent EDC:collagen ratio by weight as the EDC crosslinked
scaffolds. Six different scaffolds were prepared: as-spun collagen (Control), collagen
with DHT (DHT), collagen with post-spinning EDC crosslinking (EDC), collagen with
DHT and post-spinning EDC crosslinking (DHT+EDC), collagen with In Situ EDC
crosslinking (In Situ), and collagen with In Situ EDC crosslinking and DHT (In
Situ+DHT).

2.2.3 Scanning Electron Microscopy
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The morphology of the electrospun collagen scaffolds was examined by scanning
electron microscopy (FEI Sirion). Punch biopsies from dry scaffolds were collected,
mounted onto aluminum tabs with conductive carbon paint, sputter coated with gold-
palladium and imaged in secondary electron mode at 5 kV. Images were collected from
each sample and the diameter of at least 100 fibers from each scaffold type was assessed
quantitatively via Image J software. To assess any change in scaffold morphology after
exposure to an isotonic, aqueous media, scaffolds were incubated in sterile, HEPES
buffered solution (HBS) at pH 7.4 for 7 days. Scaffolds were then rinsed 2 X 5 min with
phosphate buffered saline (PBS, pH 7.4), dehydrated through a graded alcohol series
(50%, 70% ethanol for 5 min followed by 80%, 95%, 100% and 100% for 10 min), and
dried in a graded ethanol:hexamethyldisilazane (HMDS; Ted Pella Inc., Redding, CA)
series (3:1, 1:1 and 1:3 for 30 min each followed by pure HMDS which evaporated
overnight). The dried samples were mounted and examined by scanning electron
microscopy as above and fiber diameter was determined by image analysis with Image J.

As electrospun scaffolds have no true pores, the free space between fibers was
quantified using interfiber distance. Interfiber distance was calculated by measuring the
distance between a fiber and the closest adjacent fiber within the same plane. A minimum
of 20 interfiber distances were calculated per sample with six samples per group. Mean
interfiber distance + standard deviation was reported.

2.2.4 Transmission Electron Microscopy
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To examine the microstructure of electrospun collagen the as-spun scaffolds were
crosslinked using their previously described protocols, rinsed two times with milli-Q
water for 1 hour and post-fixed with 1% osmium tetroxide for 1 hour. Next, the collagen
scaffolds were rinsed three times with deionized water for 5 minutes each rinse, exposed
to a graded ethanol series (50%, 70%, 80%, 95%, 100% and 100% ethanol for 10 min),
exposed to 100% hexamethyldisilazane (HMDS) three times for 10 min, and dried
overnight in 100% HMDS. Then the samples were trimmed and embedded in epoxy resin
followed by sectioning on a Leica EM UC6 ultramicrotome cutting at 100 nm. Sections
were examined with a Tecnai G2 Spirit TEM operated at 100 kV. In Situ and In
Situ+DHT samples were not investigated using this method as discussed later.

2.2.5 Tensile Testing

The mechanical properties of collagen scaffolds were quantified via tensile testing
(n = 6 per group). Scaffolds were re-hydrated with HBS and punched into dogbone-
shaped specimens with a gauge length of 20 mm and width of 4 mm. The specimens were
mounted into the grips of a tensile tester (TestResources 100R; Shakopee, MN) with a
10N load cell and tested to failure at a strain rate of 2 mm/sec to avoid specimen
dehydration during testing. Data from samples which did not break within the gauge
length were discarded. Ultimate tensile strength (UTS) was measured and reported as

mean + standard deviation. Stiffness was measured as the slope within the linear region

of the stress-strain curve and reported as mean + standard deviation.
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2.2.6 Scaffold Stability

The biostability of the collagen scaffolds was evaluated via exposure to
collagenase of bacterial origin (collagenase type I; Worthington Biochemica Corp.,
Lakewood, NJ). Dry scaffolds were punched into 18 mm diameter circles (n = 6 per
group), weighed, sterilized in 70% EtOH, placed into a 12-well plate with media
containing 1 U/ml collagenase per mg of collagen and incubated at 37°C and 5% CO, for
3 days. Collagen content in the media was assessed at 1, 3, 6, 24, and 72 hours using a
hydroxyproline assay [23]. Because the matrices contain type I collagen plus an unknown
amount of carbohydrates and lipids a standard curve was generated by testing the
absorbance of known quantities of a raw collagen material. Collagen content in
experimental samples was extrapolated using the standard curve within the linear region.
2.2.7 Fourier Transform Infrared Spectroscopy

Infrared spectra of the electrospun collagen scaffolds were obtained using the
attenuated total reflectance (ATR) mode of a Nicolet Nexus 670 benchtop FTIR
spectrometer with a continuum microlR microscope (Thermo Scientific; Waltham, MA).
A germanium crystal was used for the ATR analysis. Spectra were obtained between the
wave numbers of 600-4000cm™ and were normalized to the methyl peak at 2950cm™.
The extent of crosslinking was compared between samples by measuring the peak height
at 1546cm™ which indicates the formation of amide bonds and at 1100 cm™ indicative of
ester bonds. In Situ and In Situ+DHT samples were not investigated using this method.

2.2.8 Cellular Interaction: Viability and Penetration
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The toxicity of the crosslinking procedure was determined by assessing the
cellular viability of fibroblasts cultured on the scaffold for 7 days. Human primary dermal
fibroblasts were inoculated into the scaffolds at a density of 1x10° cells/cm®. Fibroblasts
were cultured for a total of 7 days with 4 mm punch biopsies removed from the scaffold
at 1, 3, 5, and 7 days (n = 6 per group, n = 6 per time point). A MTT assay was performed
on the punch biopsies immediately after collection following a protocol previously
described [40]. Briefly, 0.5 ml of a sterile filtered solution of 0.5 mg MTT/ml PBS
solution was added to each well of a 24-well plate, each containing one 4 mm punch. The
biopsies were incubated in the MTT solution for 3 hours at 37°C and 5% CO,. After three
hours, the MTT solution was aspirated from the well and replaced with 0.5 ml
methoyxyethanol (Fisher Scientific; Fair Lawn, NJ) and agitated on a rocking plate for 3
hours to dissolve the formazan crystals. The amount of MTT-formazan product released
was measured at 590 nm on a microplate reader with values reported as mean optical
density + standard deviation.

To determine the penetration depth of cells into scaffolds, 8 um thick sections of
the samples cultured with fibroblasts for 7 days were mounted and stained with
propidium iodide (cell nuclei) and rabbit anti-collagen type I (Santa Cruz Biotechnology).
Samples were characterized using a laser scanning confocal microscope (Zeiss LSM 510
Meta). Measurements of cell penetration depth (n = 5 per location, n = 5 per condition)
were obtained using the Zeiss Image Browser software.

2.2.9 Statistical Analyses
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All data was analyzed using SigmaStat 3.10 (Systat Software Inc; San Jose CA).
Differences between the groups were analyzed using Student’s t-tests. P values less than

0.05 were considered statistically significant.

2.3 Results
2.3.1 Scaffold Structure

Collagen scaffolds were comprised of randomly oriented, ribbon-like fibers 1.59
+ 0.60um in diameter (Figure 2.1A and Figure 2.2E). Exposure to dehydrothermal (DHT)
crosslinking maintained the as-spun fiber morphology with no change in fiber diameter or
interfiber distance (Figure 2.1B and Figure 2.2A & E). The addition of the crosslinker,
EDC, to the electrospinning solution did not alter its ability to be electrospun. A scaffold
of continuous fibers was generated with all solutions. In Situ crosslinking with EDC
significantly altered the structure of the collagen scaffolds generating thinner, more

rounded fibers compared to control and DHT scaffolds (Figure 1).
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Figure 2.1. Scanning electron micrographs of electrospun collagen scaffolds.
A) as-spun collagen (Control), B) as-spun collagen with dehydrothermal
crosslinking (DHT), C) as-spun In Situ EDC crosslinked (In Situ), and D) as-
spun In Situ crosslinked with DHT (In Situ+DHT). Note thinner fibers in In
Situ and In Situ+DHT groups. Scale bar = Sum.

*p < 0.001 vs In Situ & In Situ+DHT W Dry Fibers
J 7P = 0.001 Control & In Situ vs All [ Hydrated Fibers

Figure 2.2. Scanning electron micrographs of A) DHT, B) EDC, C)
DHT+EDC, and D) In Situ+DHT after incubation in Hepes buffered saline
for 7 days. E) Fiber diameters of as-spun (dry) and hydrated scaffolds. Dry
control scaffold measurements used to compare with EDC and DHT+EDC
respectively. All fiber diameters significantly different intra group (p<0.05).
Control and In Situ scaffolds completely degraded by day 7. Scale bar = Sum.
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After incubation in HBS for 7 days, the control and In Situ groups completely
degraded while the DHT, EDC, DHT+EDC, and In Situ+DHT groups remained intact
and were characterized by larger fiber diameters (Figure 2.2A-D). Quantification of fiber
diameter confirmed these results with the In Situ+DHT group experiencing the greatest
increase in fiber diameter after hydration while the fibers within the DHT group
increased the least (Figure 2.2E). Fibers crosslinked with EDC only experienced fiber
swelling after hydration with a 50% increase in fiber diameter while the fibers with DHT
crosslinking increased by 15% on average (Figure 2.2E). Transmission electron
microscopy confirmed the fiber morphology observed in SEM; however no samples
displayed the 67nm banding that is characteristic of native collagen as seen previously
with electrospun collagen [36] (Figure 2.3). Control scaffolds degraded during processing

thus no TEM imaging could be conducted on these samples.

27



Figure 2.3. Transmission electron micrographs of OsOy stained and sectioned
electrospun collagen fibers crosslinked using A) DHT, B) EDC, and C)
DHT+EDC. Control scaffolds degraded during processing. The white dashed
line indicates the fiber edge. Scale bar = 100nm.

2.3.2 Scaffold Stability

As the stability of a scaffold is important for manipulation during cell inoculation
and subsequent tissue engineering operations, the degradation rate of scaffolds is
extremely important. All scaffolds exposed to bacterial collagenase showed signs of
degradation (Figure 2.4). The In Situ group had the greatest rate of degradation compared
to the other groups with close to 95% degradation after 6 hours of exposure to
collagenase (Figure 2.4). Similar to the In Situ samples, the control samples rapidly lost
mechanical integrity and fragments after approximately 3 hours exposure (data not
shown). A hydroxyproline assay was used to quantify the amount of degraded collagen

found within the medium and confirmed the visual observation that the non-crosslinked
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Control group had the second most rapid degradation rate after In Situ (Figure 2.4). After
24 hours of collagenase exposure, the Control group was 89.95 + 10.15% degraded
whereas the DHT and EDC crosslinked samples were 69.07 & 14.15%, and 62.37 +
12.22% degraded respectively. The DHT+EDC sample was significantly less degraded
than all other groups, with the DHT and EDC groups significantly less degraded than
control but not statistically different than one another (Figure 2.4). After 72 hours of
exposure, no Control or In Situ scaffolds were visible; however the DHT+EDC and In
Situ+DHT scaffolds maintained their integrity with 45.05 + 7.34% and 20.92 + 2.71% of

the scaffolds degraded respectively (Figure 2.4).
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Figure 2.4. Resistance to degradation of collagen scaffolds as a function of
crosslinking method when exposed to medium containing 1U/mL
collagenase. The percentage of collagen degraded after 1, 3, 6, 24, and 72
hours in solution is shown. ****¢p<0.05 vs All, °p<0.001 vs DHT, In
Situ+DHT, EDC, and DHT+EDC, “p<0.001 vs In Situ+DHT, EDC,
DHT+EDC, and DHT, hp<0.05 vs In Situ, In Situ+DHT, DHT, and Control,
and 'p<0.05 vs control, DHT+EDC, In Situ, and In Situ+DHT.

2.3.3 Scaffold Strength

In addition to maintaining biostability, a scaffold must also maintain sufficient

strength for easy manipulation in vitro, during surgical application and to reduce failure

in vivo. The ultimate tensile strength of the scaffolds was highly dependant on

crosslinking method. The control and In Situ scaffolds degraded and lost all mechanical

integrity after hydration thus their mechanical properties could not be quantified. Post-

spinning crosslinking with EDC significantly improved scaffold strength compared to In
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Situ crosslinking in both the DHT and non-DHT groups (Figure 2.5A). Collagen

scaffolds crosslinked with DHT significantly improved strength over the control scaffolds

but exhibited only 60% of the strength of the EDC crosslinked scaffolds (Figure 2.5A).

Utilizing both crosslinking methods (DHT+EDC) resulted in a significant increase in

strength (p < 0.001) compared to the processes alone. Stiffness followed a similar trend

with the DHT+EDC and EDC exhibiting the largest stiffness and DHT alone the smallest

(Figure 2.5B). No significant difference between the EDC and DHT+EDC groups was

observed (Figure 2.5B).
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Figure 2.5. Ultimate tensile strength (UTS) of scaffolds (A) and stiffness of
scaffolds (B). Control and In Situ scaffolds completely degraded before

mechanical testing was performed.
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2.3.4 Fourier Transform Infrared Spectroscopy

The spectra obtained from the FTIR scans show an increase in peak height at the
1546cm™ wavenumber, which is characteristic of amide bonds [60,69], between the
control samples and crosslinked samples (Figure 2.6). The observed peak height increase
indicates an increase in the number of amide bonds and crosslinks formed during the
reaction [60]. Peak height measurements at 1546cm™ showed that the peak height for
EDC crosslinked samples was approximately 45% higher than the Control and 50%
shorter than DHT, but very similar to the DHT+EDC crosslinked sample (Figure 2.6). An
analysis of ester bond formation at wave number 1100cm™ was attempted however the
peaks were too small to observe any significant trends. FTIR was not performed on In

Situ or In Situ+DHT crosslinked scaffolds.
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Figure 2.6. FTIR spectra of crosslinked electrospun collagen scaffolds with
A) Collagen, B) DHT+EDC, C) EDC, and D) DHT. The arrows indicate the
normalization peak at 2950cm™ and amide peak at 1546¢cm™.

2.3.5 Cell Adhesion and Viability

Primary human dermal fibroblast viability within these scaffolds was assessed

using an MTT assay. The Control scaffold degraded during the sterilization and rinsing

process thus no data on cellular behavior within the scaffolds could be obtained.

Significantly reduced cell viability was seen at all time points in the DHT group (Figure

2.7). At day 7, the viability of fibroblasts on the DHT scaffolds was on average 13%

lower than the viability of the EDC scaffolds and 4% lower than the DHT+EDC group.

The EDC and DHT+EDC groups were not statistically different from one another at days

3, 5 and 7 (Figure 2.7).
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Figure 2.7. Metabolic activity assay (MTT) of fibroblasts cultured on
respective scaffolds for 1, 3, 5, and 7 days in culture.

Cellular penetration into the scaffolds was altered by scaffold crosslinking. Cells
infiltrated over half of the DHT and DHT+EDC scaffolds at 59.9 + 6.2% and 56.7 + 8.8%
respectively at culture day 7, and they reach the upper half 49.9 + 4.8% of the EDC
scaffold (Figure 2.8). The differences are not significantly different for the DHT and
DHT+EDC scaffolds or the EDC and DHT+EDC scaffolds; however, the penetration of

cells into the EDC and DHT were significantly different (p<<0.05).
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Figure 2.8. Immunostained sections of human dermal fibroblasts cultured on
A) DHT, B) EDC, and C) EDC + DHT electrospun collagen scaffolds for 7
days (red = cell nuclei, green = collagen). Scale bar = 200um. D) Percent
penetration of cells into the scaffolds as a function of crosslinking method.

2.4 Discussion
2.4.1 Efficacy of In Situ Crosslinking

In situ electrospinning did not change the ability to electrospin collagen fibers
(Figure 2.1). In situ crosslinking produced small rounded fibers with smaller fiber
diameter than electrospun collagen; however in situ crosslinking produced scaffolds (In
Situ) with the lowest biostability and complete degradation after exposure to HBS for 7
days (Figure 2.2 and Figure 2.4). The addition of DHT crosslinking increased the stability
of the scaffold, however the strength and stiffness of the In Situ+DHT scaffold was
significantly lower than the strength and stiffness of scaffolds crosslinked using

traditional EDC in ethanol (Figure 2.5). In Situ+DHT fibers also had the greatest increase
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in fiber diameter when exposed to aqueous medium (Figure 2.2E). It is believed that the
efficacy of the In Situ crosslinking method is lower than the post spinning crosslinking
method and allows for rapid partial degradation facilitating the large fiber swelling.

It is postulated that in situ crosslinking of collagen is far less effective than post
spinning crosslinking due to the solvent. It is possible that the EDC reacted with HFP, as
seen previously with other carbodiimide molecules [101], preventing extensive amide
bond formation between the carboxylic acid and amine groups of the collagen molecules.
Without a catalyst, an alcohol functional group will not react with a carbodiimide [102].
Thus, the overall efficacy of the in situ crosslinking in HFP is less than crosslinking in
pure ethanol, because the EDC will react with the HFP. Also, prior studies have reported
changes in EDC crosslinking efficacy based on the solvent for the EDC. Acetone-water
blends were shown to increase crosslinking efficiency compared to water alone and
compared to 90 vol.% acetone solutions [103]. Since this was contradictory to the
intended results of this experiment further study was stopped and the efficacy of DHT,
EDC, and DHT+EDC crosslinking was analyzed. While in situ crosslinking did not work
as mentioned in this study, it does not mean the method is invalid. Processing at lower
temperatures or with different solvents could facilitate this production method.

2.4.2 Electrospun Collagen Fiber Morphology

As-spun and DHT crosslinked samples showed no significant difference in

morphology (Figure 2.1), fiber diameter (Figure 2.2) or interfiber distance (data not

shown). In contrast, EDC crosslinked fibers exhibited the largest increase in fiber
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diameter, compared to post spinning crosslinking treatments, whereas the DHT
crosslinked fibers experienced minor swelling. It is common for electrospun protein
fibers to swell after hydration [38,40]. This phenomenon has been observed before in
gelatin nanofibers crosslinked with glutaraldehyde [38]. Protein fiber swelling has been
shown to be inversely correlated with crosslink density showing a decrease in swelling
with increased crosslink concentration [36,38]. DHT crosslinking has been shown in
prior studies to generate lower crosslink densities when compared with chemically
crosslinked collagen [58], yet our results indicate that the DHT sample had the least
amount of fiber swelling. During dehydrothermal crosslinking, ester and amide bonds are
formed reducing the amount of the more hydrophilic free carboxyl, amine, and hydroxyl
moieties and leading to more hydrophobic materials as has been previously reported in
gelatin scaffolds [104]. Collagen films treated with DHT have also been reported to have
slightly greater hydrophobicity than their non-treated counter-parts [105]. In contrast,
crosslinking with EDC was not shown to influence collagen film contact angle greatly
[105]. The reduced fiber swelling in the DHT crosslinked scaffolds may be a result of
increased scaffold hydrophobicity reducing the interaction of the aqueous medium with
the fibers.

As DHT crosslinking has been shown to denature collagen molecules [51,58] it
was important to investigate the microstructure of the electrospun collagen to determine
if they exhibited a banding pattern and if the banding was removed during processing.

TEM analysis of the scaffolds indicated that no banding was seen in any of the scaffolds
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(Figure 2.3). This is in contrast to previous reports where banding was observed in
electrospun type I collagen using the same solvent (HFP) [36]. Collagen fibrils within the
non-crosslinked, control scaffolds could not be observed as they degraded during
processing. It is possible that the raw material processing denatures the collagen before it
is electrospun as the source of type I collagen was different between these two studies.
The lack of collagen banding in all samples suggests that denaturation of electrospun
collagen during DHT likely further denatures the collagen after electrospinning.
2.4.3 Scaffold Stability and Mechanical Properties

The crosslinking method had a strong influence on the physical properties of the
scaffolds. Without crosslinking, collagen fibers rapidly degraded in the presence of
aqueous medium (Figure 2.4) and maintained no mechanical integrity. The DHT and
EDC scaffolds exhibited similar degradation rates with slightly reduced average
degradation in EDC scaffolds, whereas the combination of DHT+EDC was the most
stable with approximately 55% of the scaffold remaining after 72 hours of collagenase
exposure (Figure 2.4). A greater crosslink density in the EDC samples may have been
responsible for its improved biostability when compared to DHT alone. FTIR spectrum
indicated an increase in amide bond formation due to EDC crosslinking (Figure 2.6).
DHT crosslinking increased the number of amide bonds formed when compared to
control scaffolds but reduced these numbers when compared to EDC (Figure 2.6).
Previous studies would support the hypothesis that EDC crosslinking is more efficient

than DHT crosslinking [59]. Although the combination of DHT and EDC crosslinking
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did not significantly improve FTIR peak height compared to EDC alone, the degradation
rate of the DHT+EDC samples was significantly lower than DHT or EDC (Figure 2.4).
This may be due to a combination of increased amide and ester bond formation as a result
of the crosslinking procedures and increased hydrophobicity as a result of the DHT
processing. Hydrophobicity of collagen films has been shown to increase after DHT and
EDC crosslinking [105].

Mechanical properties of the electrospun collagen scaffolds were improved by all
crosslinking methods, however DHT crosslinking was significantly weaker and less stiff
than the EDC and DHT+EDC scaffolds (Figure 2.5A). Ultimate tensile strength was
significantly improved by using both methods in conjunction with one another whereas
no statistical difference in stiffness was observed (Figure 2.5B). The strength of the DHT
scaffold was lower than both EDC and DHT+EDC scaffolds which was attributed to
lower crosslink density.

2.4.4 Cell-Scaffold Interaction

All scaffolds that did not degrade in aqueous medium were able to support
fibroblast attachment and growth. The DHT scaffolds were electrospun,
dehydrothermally crosslinked for 24 hours, sterilized for 24 hours then inoculated after
approximately 2 hours of rinsing (50 total hours). In contrast, the DHT+EDC samples
were electrospun, dehydrothermally crosslinked for 24 hours, chemically crosslinked in
EDC for 24 hours, sterilized for 24 hours, rinsed in PBS for 48 hours, then rinsed with

HEPES buffered saline for 2 hours prior to inoculation (122 total hours or 2.4X greater
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processing time). At days 3, 5 and 7, fibroblast metabolism on the EDC and EDC+DHT
scaffolds was not statistically different from one another (Figure 2.7) and on average
these scaffolds promoted increased cellular metabolism compared to the DHT group
alone. Dehydrothermal crosslinking has been shown to reduce the wetting ability of the
scaffolds [105] and may lead to lower seeding efficiency when compared to the EDC
crosslinking alone and as a result lower cell number. Cell penetration was also dependant
on the scaffold crosslinking method. Fibroblast penetration into the scaffolds was similar
for all groups; however it was greater for the DHT and DHT+EDC treated scaffolds. The
reduced number of crosslinks could allow fibroblasts to degrade the matrix and migrate

within the scaffold with greater ease than a highly crosslinked scaffold.

2.5 Conclusions

Despite the benefit of reduced processing time, stability in collagenase, and
ability to support fibroblast proliferation, In Situ crosslinking with EDC has a reduced
scaffold strength and stiffness and cannot be used without DHT crosslinking. Therefore
the method of In Situ crosslinking presented here is not suitable for producing scaffolds
for tissue engineering and must be modified for future use. Physical crosslinking using
dehydrothermal treatment improves mechanical strength and biostability compared to
non-crosslinked controls. However, DHT crosslinking appears to produce a lower

crosslink density than EDC crosslinked scaffolds resulting in more rapid degradation
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rates and reduced strength compared to chemical crosslinking. Dermal fibroblasts adhere
and grow on DHT crosslinked scaffolds; but not to the same extent as EDC crosslinked
scaffolds. A combination of both processing methods (DHT+EDC) produces scaffolds
with the slowest degradation rate and greatest strength but this methods requires 122
hours of post-spinning processing in contrast to a total of 50 hours for DHT. DHT
crosslinking can clearly be utilized to stabilize electrospun collagen scaffolds; however
one must determine the ideal balance of mechanical properties and processing times for

their specific application.
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Chapter 3: Coaxial Electrospinning Control of Core Diameter

3.1 Introduction

Tissue engineering scaffolds are designed to promote tissue growth and
organization with the intent to repair or replace diseased or damaged tissue. To promote
the formation of well-organized, functional tissue, scaffolds should closely resemble the
structural and chemical characteristics of the natural extra cellular matrix (ECM). Ideally,
the mechanical properties of scaffolds would mimic native biomechanics and be able to
withstand in vivo stresses. Scaffold mechanics are of great importance as they have been
shown to influence cellular behavior and the manner in which external mechanical
signals are transferred to the cell [41,106].

Control of scaffold stiffness is of particular concern as stiffness can alter a large
number of cellular functions including cell-matrix adhesions [41,42], size of the focal
adhesions [42], stiffness and tension within the cell [41], motility and cell alignment
[43,44], differentiation [46-48], propagation [45], viability [48], resistance to apoptosis
[50] and phenotype [47,49]. For example, the addition of stiff microstructures within a
soft gel regulated human mesenchymal stem cell (hMSC) proliferation and osteogenic
gene expression [49]. hMSCs migrated preferentially to stiff microstructural elements
within a three dimensional matrigel [49]. Similarly, osteogenic gene expression was

reduced due to the increased stiffness of the gel scaffold [49]. Mouse myoblast cells,
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cultured on patterned arrays of poly(dimethylsiloxane) (PDMS) columns covered with a
thin layer of PDMS, tended to have high motility on softer regions of the PDMS substrate
and preferentially migrated towards regions of higher stiffness [43]. NIH 3T3 fibroblasts
have also been shown to migrate preferentially toward stiffer regions on collagen-coated
polyacrylamide substrates [44]. These studies and many others support the hypothesis
that cells sense their mechanical environment and alter their behavior in response to local
changes in matrix stiffness.

Scaffold stiffness can be modulated by a wide array of methods including
chemical crosslinking [44,107-109], varying hydrogel density [46], applying a bioactive
coating to stiff bulk materials [42,44], and changing scaffold composition [47,48,78,110].
The ratio of poly-lactic acid (PLLA) to poly-lactic co glycolic acid (PLGA) can be varied
to alter substrate stiffness and was utilized to study myoblast behavior on substrates of
varying stiffness [48]. Hydrogel stiffness has also been controlled by varying the quantity
of crosslinking agents used in the scaffold [46]. These approaches provide useful
information about a cell’s response to substrate stiffness but either lack consistency in
chemistry [49], scaffold morphology [46] or the ability to assess cell growth within a
three-dimensional scaffold [42,43,49]. Ideally, stiffness could be controlled within a 3D
scaffold with no change in surface chemistry, bulk chemistry or scaffold architecture. A
novel approach to control scaffold stiffness is to utilize coaxial electrospinning. The
structure of the core material could be used to control the stiffness of the scaffold while

presenting the cell with identical scaffold architectures and surface chemistries. This
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method would perceivably provide a wide array of scaffold moduli without altering
scaffold surface chemistry, scaffold density or adding costly processing steps such as
functionalizing the surface of the fibers.

The goal of this study was to determine if feed rate [111], solution concentration
[111-114], and solvent [112] could be used to control the core diameter of coaxial
electrospun scaffolds as these parameters have previously been shown to influence single
fiber properties. Subsequently, the influence of core diameter on scaffold mechanics was
investigated in a PCL-gelatin core-shell model and compared to monofiber scaffolds and

a 1:1 polymer blend.

3.2 Materials and Methods

3.2.1 Electrospinning

Eight different scaffolds were prepared including five coaxial scaffolds with the
label CoAl - 5 and a PCL, gelatin (Gel), and a 1:1 PCL-gelatin blend (Blend) sample.
Coaxial electrospinning solutions were prepared by mixing a solution of gelatin (Sigma-
Aldrich; St. Louis, MO) with 1,1,1,3,3,3-hexafluoro-2-propanol (HFP; Sigma-Aldrich
Co., St. Louis, MO) at a concentration of 12 wt./vol.% and a solution of poly &-
caprolactone (PCL; Sigma-Aldrich; St. Louis, MO; M, = 42,500) in HFP at varying
concentrations. To fabricate control scaffolds, PCL, gelatin, and a blend of PCL and
gelatin (1:1 mass ratio) were stirred in HFP at concentrations of 14, 12, and 12 wt./vol.%

respectively.
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All scaffolds were vertically electrospun onto an 8.5 cm® grounded plate at a
distance of 20 cm. PCL, gelatin, and blend scaffolds were electrospun at a potential of
19-26kV with flow rates between 12-15 ml/hr. To manufacture the coaxial nanofiber
scaffolds a coaxial nozzle consisting of a hollow stainless steel t-junction with a fully
penetrating core needle was used to separate the core and shell solutions (Figure 3.1).
Coaxial core concentrations and flow rate were altered to generate different core
diameters (Table 3.1) with all coaxial scaffolds using a shell of 12 wt./vol.% gelatin at a
rate of 4ml/hr. Acetone replaced 10 vol.% of the HFP in the core solution of sample
CoAl. Coaxial scaffolds were electrospun at a potential of 15-18kV. All as-spun
scaffolds were placed in a vacuum sealed desiccator until further use. Gelatin containing
scaffolds were crosslinked in a 50mM solution of ethanol and N-(3-
dimethylaminopropyl)-N’-ethylcarbodiimide hydrochloride (EDC; Sigma-Aldrich Co.) in

pure ethanol for 24 hours prior to hydration.

_ 3yringe in
_ Syringe Pump

i]“-* |

&
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Nozzle
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Applied Voltage

Figure 3.1. Coaxial electrospinning schematic.
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Table 3.1. Electrospinning parameters for the coaxial PCL-gelatin fibers.
All coaxial samples were spun with a shell solution of 12 wt./vol.% gelatin
at 4ml/hr.

Core Solution
Scaffold Name | Concentration
(wt./vol.%)

Core Solution
Rate (ml/hr)

CoAl 12 1
CoA2 8 1
CoA3 12 1
CoAd 10 2
CoA5 12 2

3.2.2 Scanning Electron Microscopy

Fiber morphology of the electrospun scaffolds was examined by scanning electron
microscopy (FEI Sirion). Dry scaffolds were sampled by removing a punch biopsy from
the as spun scaffold and were sputter coated with gold-palladium followed by imaging in
secondary electron mode at 5 kV. Images were collected from each sample to
characterize the overall fiber morphology. Dry fiber diameter was determined by
measuring at least 100 fibers per sample at three different time points using Image J
software. Since electrospun scaffolds do not have porosity, the distance between adjacent
fibers in the same plane of the scaffolds were measured to quantify the free spaces in the
scaffold. Inter-fiber distance was quantified by taking 15 measurements per scaffold in 2
different locations within the scaffold and 3 different scaffolds for a total of at least 90
measurements per condition. Measurements were reported as mean =+ standard deviation.

3.2.3 Transmission Electron Microscopy
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Fiber cross-sections from the coaxial samples were imaged using transmission
electron microscopy (TEM) to characterize the core/shell morphology. As-spun scaffolds
were crosslinked as described above; rinsed 2 X with Milli-Q water for 1 hour per rinse,
and dried using lyophilization. Then the scaffolds were trimmed, mounted in epoxy, and
sectioned on a Leica EM UC6 ultramicrotome cutting at 100 nm. Sections were examined
with a FEI Tecnai G2 Spirit TEM operated at 100 kV.

3.2.4 Laser Scanning Confocal Microscopy

To assess any changes in core/shell morphology as a result of hydration, the
coaxial electrospun scaffolds were imaged while hydrated using laser scanning confocal
microscopy (Zeiss LSM 510 META). Prior to electrospinning, fluorescein (Fluka;
Milwaukee, WI) and rhodamine B (Fluka; Milwaukee, WI) were loaded into the core and
shell respectively at a concentration of 1 wt./vol.%. The diameter of the core was
measured (n = 15 measurements) using the Zeiss LSM Image Browser software. Total
fiber diameter was determined by measuring 100 fibers per sample using Image J
software. Measurements were reported as mean + standard deviation.

3.2.5 Tensile Testing

Ultimate tensile strength (UTS), linear stiffness, and elongation at failure were
quantified using uniaxial tensile testing. Each scaffold (n = 6 per group) was crosslinked,
hydrated using HEPES buffered saline (HBS), and punched into dog-bone shaped tensile
specimens with a width of 4 mm and gauge length of 20 mm. The samples were secured

in the grips of a tensile tester (TestResources 100R; Shakopee, MN) and loaded until
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failure at a rate of 2 mm/sec to prevent scaffold dehydration. Mechanical properties were
reported as mean + standard deviation.
3.2.6 Statistical Analyses

All data was analyzed using SigmaStat 3.10 (Systat Software Inc; San Jose CA).
Correlations were determined using the Pearson’s correlation coefficient. Differences
between the experimental and control groups were analyzed using Student’s t-tests. P

values equal to or less than 0.05 were considered statistically significant.

3.3 Results

Control and coaxial electrospun materials, fabricated under all conditions,
exhibited random fiber orientation (Figure 3.2). Dry, as-spun fibers were round in cross-
section for the PCL, PCL-Gel blend and the CoAl, CoA3, CoA4, and CoAS5 conditions
whereas the pure gelatin and CoA?2 fibers possessed a distinct ribbon-like morphology
(Figure 3.2). No significant difference in fiber diameter was found between the as-spun
coaxial scaffolds which ranged in diameter from 2.6-3.6 pm at the minimum and
maximum. The blend and PCL were thinner than all other scaffolds and were measured
to be 0.95 £ 0.32 um and 0.63 £+ 0.25 um in diameter respectively. Interfiber distance
measurements (Figure 3.4) of the gelatin versus the coaxial scaffolds were not
significantly different and were measured at 17.85 £ 6.95 um in the gelatin scaffold and

ranged from 15.1-22.4 um in the coaxial scaffolds. The interfiber distances of the blend

48



and PCL were smaller than most other scaffolds and were measured to be 6.56 = 2.7 um

and 4.54 £+ 1.81 pum respectively.

N

igure 3.2. Scanning electron icrgraphs of a-electrospun scaffolds. As-
spun A) gelatin, B) PCL, C) Blend, D) CoAl, E) CoA2, F) CoA3, G)
CoA4 and D) CoAS5. Scale bar = 5pm.
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Figure 3.3. Fiber diameter of hydrated electrospun scaffolds.
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Figure 3.4. Interfiber distance of as-electrospun fibers.

As these scaffolds are intended to be utilized in their hydrated form, all
subsequent analysis was performed on hydrated scaffolds. Fiber structure was visualized
through fluorescent dye additions to the individual polymer components. Confocal
microscopy revealed that pure gelatin scaffolds swelled once hydrated with gelatin fibers
increasing in width to 9.76 + 2.24 um (Figure 3.3 and Figure 3.5). The PCL fibers were
significantly smaller than all other fibers at 0.72 + 0.14 um and the blend fibers were
measured at 1.74 = 0.77 um. PCL and PCL-gelatin blend scaffolds were comprised of
thinner fibers with the PCL and gelatin undergoing slight polymer segregation in the
blend as seen by the domains of pure PCL and pure gelatin within each fiber (Figure
3.5C). Coaxial morphology, defined as fibers consisting of a red shell and green core,
was seen in greater than 81-92% of all fibers in the double nozzle electrospun scaffolds
(Figure 3.5D-H). Fibers in the coaxial groups which did not exhibit the core-shell

morphology were significantly smaller in diameter.
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Figure 3.5. Laser scanning confocal microraphs of hydrated coaxial
scaffolds A) Gelatin, B) PCL, C) Blend, D) CoAl, E) CoA2, F) CoA3, G)
CoA4, and H) CoA5. Scale bar = 20um.

Increases in both the core solution concentration and flow rate generated coaxial
fibers with the largest core diameter (2.58 £ 0.07 um) while lower solution concentrations
and low feed rates resulted in thin cores (from 1.10 £ 0.17 um) (Table 3.1 & Figure 3.3).
One anomaly to the trend was seen with a core solution with 12 wt./vol.% PCL in a
solution of acetone and HFP (1:9 volume ratio). Despite having a relatively high solution
concentration, this solution (CoAl) produced the thinnest core when spun at Iml/hr.
While the core diameter increased with concentration and flow rate, the measurements of
the total fiber diameter showed no explicit trend.

To further characterize the coaxial scaffold morphology, TEM analysis was
performed on cross-sections of the coaxial fibers. As expected the core/shell morphology

was seen for all coaxial electrospun samples in a majority of all fibers observed (Figure
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3.6). Fibers without coaxial morphology had significantly smaller diameters. This
analysis also revealed slight variations in fiber morphology that may have influenced the
final properties. Ribbon like fibers were very predominant in the CoA2 fibers (Figure
3.6B) and the cores, though thin, expanded to a significant portion of the fiber width.
Similar to the CoA2 fibers, CoA3 fibers had a more ribbon-like appearance than other
coaxial fibers (Figure 3.6C) however the total width of the fibers was smaller than in
CoA2 (Figure 3.3) and rounded fibers were also observed. The CoAl fibers were
characteristically small and maintained a rounded appearance with well contained round
cores (Figure 3.6A). CoA4 scaffolds appeared to have irregular core morphology where
cores were rounded in shape but possessed lobes (Figure 3.6D). The CoA4 and CoAS5S
fibers were relatively similar in overall fiber shape with both scaffold cores fully

sheathed by the gelatin shell.
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Figure 3.6. Transmission electron micrographs of previously hydrated
coaxial electrospun scaffolds A) CoAl, B) CoA2, C) CoA3, D) CoA4, and
E) CoAS. Insets are higher magnification images of the fibers. The arrows
indicate defects in the micrographs created by the sample preparation
process. The red arrow indicates a dark “shadow” near a coaxial fiber. The
green arrow indicates a pore in the epoxy matrix. The blue arrow indicates
a hole in the section that formed between the coaxial fiber and epoxy
matrix. Scale bar = 2pum.

The mechanical properties of the individual scaffold components, PCL and
gelatin, are drastically different. Stiffness values, calculated as the slope of the linear
region in the stress strain curve, of the gelatin were 338.82 + 67.01 kPa while the elastic
modulus of the PCL was 12,198.44 + 1,816.18 kPa (Figure 3.7A). The PCL and PCL-Gel
blend were significantly stiffer than all other scaffolds. Core diameter was a significant
determinant of scaffold stiffness with stiffness increasing from 402.94 + 67.59 kPa to
1,613.82 £ 670.29 kPa in the CoAl to the CoAS scaffolds respectively (Figure 3.7A).
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The core diameter positively correlated with stiffness (r* = 0.85, Figure 3.7B). The
stiffness of the CoA1 scaffold and the gelatin scaffold were not significantly different,
however all other coaxial scaffolds were significantly different than gelatin. With the
addition of thin PCL cores to the gelatin fibers, the strength of the CoA1 scaffold
significantly increased to 361.91 + 114.76 kPa from the pure gelatin scaffold at 223.06 +
43.58 kPa (Figure 3.7C). Coaxial scaffold strength significantly increased with increasing
core diameter from 361.91 = 114.76 to 623.17 & 87.26 kPa in samples CoA1-CoAS.
Fiber core diameter positively correlated with strength (r* = 0.88, Figure 3.7D); however

only CoAl, CoA3, and CoAS5 were statistically different (Figure 3.7C).
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Figure 3.7. Stiffness of scaffolds (A), correlation of stiffness and fiber
diameter (B), ultimate tensile strength (UTS) of scaffolds (C), and
correlation of UTS with fiber diameter (D).

3.4 Discussion

Solvent, solution concentration, and feed rate have all been shown to influence the
fiber diameter of electrospun scaffolds [111-114]. Applying these techniques to coaxial
electrospinning was an easy method for controlling the core diameter in this study

(Figure 3.3 and Figure 3.5). A decreased concentration and reduction in the core feed rate
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decreased the core diameter. Reducing the PCL concentration was used to decrease the
core diameter of the CoA3 scaffold when compared with the CoA2 scaffold. Reducing
the core feed rate from 2mL/h to ImL/h was used to decrease the core diameter observed
in the CoA3 scaffold compared to sample CoAS5. Acetone was added to the core solution
of sample CoAl prior to electrospinning in a successful attempt to decrease the core
diameter. When the core diameter of sample CoAl is compared with sample CoA3,
which was spun under the same conditions without the acetone, the core diameter was
significantly decreased in sample CoA1 (Figure 3.3). Different solvents have been
utilized to modulate fiber diameter of the same material in previous studies [112,115,116]
with lower viscosity solutions correlating to smaller fiber diameter.

The processing variables, solution concentration, solvent and feed rate, not only
controlled core fiber diameter but also dictated core morphology (Figure 3.6). CoA2
exhibited ribbon-like fibers with thinner elongated cores. This type of fiber morphology
was previously reported to be a result of rapid solvent evaporation, forming a skin,
followed by collapse of this skin [117]. In a polymer solution with a low solids content
such as the core solution of CoA2 (8 wt./vol.%), the solvent likely evaporates more
rapidly due to the relatively high concentration of solvent to polymer leading to rapid
polymer solidification on the outer surface followed by slow solidification in the center.
This would be even more pronounced in the low humidity environment (~25% relative

humidity) in which the scaffolds were electrospun.
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Coaxial electrospinning parameters significantly controlled core diameter of the
fibers with little effect on as-spun total fiber diameter and interfiber distance (Figure 3.3
and Figure 3.4). Based on these analyses the scaffold structure is very similar between the
gelatin and coaxial scaffolds. As it is desired to alter only scaffold mechanics and not
scaffold architecture, the coaxial scaffolds may provide a three dimensional growth
template for study that lacks the complications seen with other stiffness model systems.

Based on the results of mechanical testing, the coaxial scaffolds were significantly
stiffer than the gelatin scaffold but not as stiff as the PCL and blend scaffolds (Figure
3.7A). As the core diameter of the coaxial electrospun scaffolds increased the stiffness
also increased (Figure 3.7B). PCL has a greater stiffness than gelatin and therefore the
PCL will be the load bearing constituent of the scaffold. Based on this, small variations in
the PCL core diameter or scaffold content will significantly alter the stiffness of the
scaffold. Since both the PCL and blend scaffolds had greater PCL content than the
coaxial scaffolds it is logical that the 100% PCL and the blend scaffolds has greater
stiffness. An increase in electrospun scaffold strength and stiffness with increasing fiber
diameter has been observed before [118]. Therefore the results of this study are consistent
with previous studies and the expected trend was observed for the coaxial scaffolds.

As anticipated, the strength of the coaxial electrospun scaffolds increased with
increasing core diameter (Figure 3.7C & D). Previous studies have reported increased
strength and stiffness of hydrated PCL-core/gelatin-shell electrospun scaffolds over

100% gelatin scaffolds and a lower strength and stiffness when compared with 100%
57



PCL scaffolds [119]. Therefore the results demonstrated in this study are consistent with
previous work; however variations in core diameter were not studied with respect to
controlling the mechanical properties. The general trend observed for scaffold strength
was an increase with increased core diameter. Some inconsistencies in this trend were
observed for scaffolds CoA2-CoA4 and may be due to the lack of statistically significant
differences in the measured core diameter of these scaffolds (Figure 3.7C). A possible
source of inconsistencies in the mechanical property trend may be the variations in
observed fiber geometry (Figure 3.6). As discussed previously the CoA2 scaffolds had a
ribbon-like structure and the CoA4 scaffold had an irregular core shape. These two
aspects may have influenced the interfacial strength or may directly influence the
mechanical properties. For instance, mechanical interlocking between the core and shell

may have increased the fiber strength.

3.5 Conclusions

The data indicates that coaxial electrospinning can be used to engineer the
strength and stiffness of a tissue engineering scaffold. Core diameter can be varied by
altering solution concentration, core feed rate, and solvent resulting in tailorable
mechanical properties. This scaffold manufacturing method creates scaffolds with
varying degrees of stiffness with little or no alterations in scaffold architecture or

chemistry. As a result, these scaffolds could be utilized to assess cellular response to 3D
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stiftness without confounding factors such as increased crosslinking density, changes in

chemistry or time consuming surface modifications.
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Chapter 4: Engineered Skin Biomechanics: Enhanced Tissue Strength via

Coaxial Fiber Scaffolds

4.1 Introduction

Within the U.S., 2.4 million burn injuries are reported annually [120] with an
estimated 4,500 mortalities [121]. During times of military conflict, the number of burn
injuries dramatically increases burns account for 5-20% of military casualties [122].
Advances in burn care, such as improved infection control [123-125], have decreased
mortality rates [126] making wound management even more critical. Split-thickness
autograft (AG) is the standard wound treatment for full-thickness burns. In large burns
sparse availability of uninjured skin prevents rapid closure of the wound resulting in
increased scar tissue formation (Figure 1.1) or mortality.

As a result of this, alternate wound closure strategies have been investigated.
Tissue engineered skin offers promise when autografts are not available; numerous tissue
engineered skin replacements have been created [127-133]. Engineered skin cannot
restore all functions of normal human skin. However, it has been shown to reduce: 1)
donor site area required to permanently close wounds, 2) mortality, and 3) morbidity
from scarring [8,134,135]. Unfortunately, engineered skin is orders of magnitude weaker
than normal human skin, difficult to surgically apply, subject to damage by mechanical
shear and exhibits significantly less elasticity, altering mobility [54]. While the potential

clinical impacts of engineered skin are substantial, if mechanical function is to
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approximate normal human skin major advances in our scientific knowledge of how such
complex cellular communities can be controlled is required. New innovations in
engineered skin design and culture are needed. Increasing the strength of engineered skin
is one area that can be significantly improved through the development of materials
technology.

Increasing the strength of engineered tissue is generally achieved by the use of
scaffold crosslinking [23,34,39,57-65,69], protein-synthetic blends [12,38,58,69], and
synthetic polymer scaffolds [79]. In every case reduced cellular or tissue viability has
been observed either at elevated concentrations of crosslinker [23] or due to PCL-cell
interactions [12]. These approaches are not ideal due to the reduced cell viability
observed in every case. An alternative approach is to add PCL as a core to electrospun
protein fibers. Coaxial electrospinning has been used to add a synthetic core to a gelatin
fiber, increasing the strength of the scaffold while maintaining a continuous biologically
active shell. By adding PCL to the core of the fibers the strength is increased and the
influence of coaxial scaffolds on tissue growth can be studied.

The goal of this study was to determine if coaxial electrospun scaffolds with
increasing strength and stiffness could be utilized to engineer human skin with
mechanical properties that scaled proportionally with the scaffold properties. Control of
scaffold mechanics was achieved by modifying core-shell fiber core diameter as

previously described (Chapter 3). The effect of core diameter on both scaffold and
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engineered skin (ES) mechanical properties and ES morphogenesis was investigated and

compared with electrospun gelatin, PCL and gelatin-PCL blended scaffolds.

4.2 Materials and Methods
4.2.1 Scaffold Fabrication

Electrospinning solutions were made as described previously (Chapter 3). Briefly,
gelatin (Sigma-Aldrich; St. Louis, MO) or polycaprolactone (PCL; Sigma-Aldrich; St.
Louis, MO; M,, = 42,500) were dissolved in 1,1,1,3,3,3-hexafluoro-2-propanol (HFP;
Sigma-Aldrich; St. Louis, MO) at different concentrations. A total of seven scaffolds
were made including four coaxial and three control samples. The coaxial scaffolds were
all spun with a 12 wt/vol. % solution of gelatin in HFP for the shell of the fiber and the
PCL core concentrations were varied from 8-12 w/v %. The core concentrations were
specifically 12, 8, 12, 10, 12 wt./vol.% for samples CoAl, CoA2, CoA3, CoA4, and

CoAS respectively (Table 4.1).

Table 4.1. Concentrations of coaxial electrospinning solutions.

Scaffold Name Core _Solution Core Solution
Concentration (wt./vol.%) | Feed Rate (ml/h)
CoAl 12 with 10% acetone 1
CoA2 8 1
CoA3 12 1
CoA4 10 2
CoA5 12 2
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Acetone replaced 10 vol.% of the HFP in the core solution of sample CoA1 so the ratio of
HFP:Acetone was 9:1. The three control solutions were PCL, gelatin (Gel), and a blend
of the two (Blend) and were electrospun at 14, 12, and 12 w/v % in HFP respectively.
The Blend was a 1:1 mixture of gelatin and PCL by volume.

PCL, Gel, and Blend control scaffolds were electrospun at flow rates of 15, 12
and 12 ml/hr respectively at a voltage of 26kV, 23kV, and 19kV respectively onto an 8.5
cm’ grounded plate at a distance of 20 cm. Coaxial scaffolds were electrospun at a
potential of 15-20kV. The flow rate of the gelatin shell was at 4ml/h for all samples and
the core was at 1 ml/hr for samples CoAl, CoA2, and CoA3 and 2 ml/hr for samples
CoA4 and CoAS5. After electrospinning the samples were stored in a vacuum sealed
desiccator. Prior to use all scaffolds containing gelatin were crosslinked in a 7mM
solution of ethanol and N-(3-dimethylaminopropyl)-N’-ethylcarbodiimide hydrochloride
(EDC; Sigma-Aldrich Co.).
4.2.2 Formation of Engineered Skin

Crosslinked scaffolds were seeded with human primary dermal fibroblasts (HF) at
a density of 0.5 x 10° cells/cm” and epidermal keratinocytes (HK) at a density of 1.0 x 10°
cells/cm”. Both HF and HK were obtained by isolating cells from surgical discard tissue
with approval from the Institutional Review Board at the Ohio State University. After

inoculation of HF, the material was incubated at 37°C and 5% CO, in UCMC 160
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medium for 1 day followed by inoculation of HK. 1 day after inoculation of HK the
tissue was placed on a perforated stainless steel frame with a cotton sheet in between the
frame and tissue. The tissue was then cultured for 21 days at the air-liquid interface.
4.2.3 Tensile Testing

Tensile testing was used to quantify the mechanical properties of acellular
scaffolds and engineered skin (n = 6 for each condition). Acellular scaffolds were
prepared for mechanical testing by crosslinking each scaffold in a 7mM solution of N-(3-
dimethylaminopropyl)-N’-ethylcarbodiimide hydrochloride (EDC; Sigma-Aldrich Co.)
and 100mL of pure ethanol for 24 hours, hydrated using HEPES buffered saline (HBS),
and punched into dog-bone shaped tensile specimens with a width of 4 mm and gauge
length of 20 mm. Engineered skin was cultured for 19 days prior to tensile testing. The
samples were secured in the grips of a tensile tester (TestResources 100R; Shakopee,
MN) and loaded until failure at a rate of 2 mm/sec to prevent scaffold dehydration. Data
from samples which did not break within the gauge length were discarded. Ultimate
tensile strength (UTS) and stiffness were measured and reported as mean + standard
deviation.
4.2.4 Surface Electrical Capacitance

Surface electrical capacitance (SEC) was performed to quantify the surface
hydration of the engineered skin. Surface hydration has been previously reported to be an
accurate, reproducible method to non-destructively assess barrier function in skin where

barrier function is inversely proportional to SEC. On culture days 7, 13, and 19, SEC
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measurements (n=6 per scaffold) were collected from the engineered skin using a NOVA
dermal phase meter (DPM 9003; NOVA Technology; Portsmouth, NH). Results are
expressed as surface electrical capacitance + standard deviation.
4.2.5 Immunohistochemistry

Biopsies were taken from the engineered skin for histology at day 19. The
biopsies were embedded in OCT resin and stored at -80°C until sectioning. For
immunostaining, slides were fixed in methanol for 8 min, rehydrated in PBS and
incubated in primary antibodies for human involucrin (Molecular Probes; Eugene, OR),
human collagen type IV (Molecular Probes; Eugene, OR) at 4C overnight. The following
day the sections were stained with the appropriate secondary antibody along with DAPI
for 1 hour at room temperature. Sections were rinsed with PBS, mounted with glycerin
and cover-slipped. The stained sections were imaged using an Olympus FV1000 Multi-
Photon confocal microscope.
4.2.6 Cellular Metabolism

A modified MTT assay was performed to quantify the cellular metabolic activity
within the engineered skin. At culture days 7, 13, and 19, 4 mm punch biopsies were
removed (n = 6 per group, n = 6 per time point) and immediately assessed following a
protocol previously described [40]. Briefly, 0.5 ml of a sterile-filtered solution of 0.5 mg
MTT/ml PBS was added to each well of a 24-well plate, containing one 4 mm punch. The
biopsies were incubated in the MTT solution for 3 hours at 37°C and 5% CO,. After three

hours, the MTT solution was aspirated from the well, 0.5 ml methoxyethanol was added
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to each well (Fisher Scientific; Fair Lawn, NJ), and the solution was agitated on a rocking
plate for 3 hours to dissolve the formazan crystals. The amount of MTT-formazan
product released was measured at 590 nm on a microplate reader with values reported as
mean optical density + standard deviation.
4.2.7 Statistical Analysis

All data was analyzed using SigmaPlot 3.10 (Systat Software Inc; San Jose CA).
Differences between the groups were analyzed using Student’s t-tests. P values less than

0.05 were considered statistically significant.

4.3 Results
4.3.1 Mechanical Properties of Acellular Scaffolds

Core diameter in this study was controlled using the same method as described
previously (Chapter 3). These methods include varying the core feed rate, core solution
concentration, and changing the solvent used to dissolve the PCL (Table 4.1). Ideally, a
tissue engineering scaffold would provide a highly bioactive surface for cell adhesion and
migration and also provide high strength to withstand in vivo stresses and for better
handling during surgical implantation. The addition of PCL in the core of the gelatin fiber
provides strength while maintaining the bioactivity of the scaffold. With even a thin PCL
core within the gelatin fibers, the strength of the scaffold was significantly increased

(Figure 4.1A) from 105.90 + 25.52 kPa in the pure gelatin to 334.90 + 90.85 kPa in the
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CoAl1 scaffold. The strength of the coaxial electrospun scaffolds was dependent on the
size of the PCL core. With an increase in core diameter the strength and stiffness also
increased. The strength of the coaxial scaffolds increased from 334.90 + 90.85 to 711.30
+ 115.48 kPa from the CoA1 to the CoAS samples respectively. Scaffold CoA2 was not
significantly different than CoA1l or CoA3 in strength or stiffness so the scaffold was not
used to form engineered tissue. The strength of the Blend scaffold was not significantly
different than CoA4 or CoAS5 while the strength of the PCL was significantly higher than
all other scaffolds at 3582.97 + 931.31 kPa.

A similar trend was seen in the stiffness of the coaxial samples (Figure 4.1B).
Increasing the PCL core diameter increased the stiffness of the coaxial scaffolds from
991.23 +271.67 kPa to 2942.72 + 276.59 kPa in the CoAl to the CoAS scaffolds
respectively. PCL was measured to have a significantly higher stiffness than all other
samples at 12198.44 + 1816.18 kPa, the blend had a stiffness of 2397.95 + 1339.30 kPa,
and the gelatin had a significantly lower stiffness of 164.71 + 26.23 kPa. The stiffness of

the gelatin scaffold was significantly lower than all other samples.
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Figure 4.1. Mechanical properties of hydrated acellular scaffolds and
engineered skin. Scaffolds include gelatin, PCL, gelatin-PCL blend, and
gelatin-shell/PCL-core coaxial scaffolds. Mean ultimate tensile strength

(A) and mean stiffness (B).

4.3.2 Mechanical Properties of Engineered Skin

The engineered skin cultured on the coaxial scaffolds was significantly stronger

than the tissue formed on the gelatin scaffold excluding sample CoA3 (Figure 4.1A). The

strength of the tissue cultured on the gelatin was 153.46 + 45.69 kPa which was not as

strong as the blend and PCL at 341.06 + 95.52 kPa and 1953.67 + 376.50 kPa

respectively. PCL was significantly stronger than all other scaffolds. The skin formed on

the coaxial scaffolds increased in strength from CoAl at 352.11 + 44.39 kPa to CoAS at

894.81 + 143.95 kPa. Engineered skin formed on sample CoA3 was higher in strength

than gelatin but had significantly lower strength than all other scaffolds. CoA1l and CoA4

were not significantly different while CoAS5 was significantly stronger than all the coaxial

skin.
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Tensile testing of the engineered skin showed very few improvements in the
mechanical properties of the tissue (cells and scaffold) after 19 days in culture compared
to the acellular scaffolds (Figure 4.1A). The strength of the engineered skin was lower
than that of the acellular scaffold in the Blend, PCL, CoA3, and CoA4 group. There were
two groups in which an increase in strength was observed, gelatin and CoAS. The gelatin
scaffold had an increase in strength from 105.90 + 25.52 kPa to 153.46 + 45.69 kPa.
Similarly sample CoAS had an increase in strength from 711.30 + 115.48 kPa to 894.81 +
143.95 kPa after culture of engineered skin. No change in strength was observed for
scaffold CoAl.

Stiffness values of the scaffolds decreased in the engineered skin versus the
acelluar scaffold for all groups excluding gelatin and PCL (Figure 4.1B). No change in
stiffness was observed in the PCL stiffness. No difference in elongation at failure
between the acellular scaffolds and engineered skin was observed with the exception of
PCL which experienced a large decrease in elongation at failure after 19 days of culture.
4.3.3 Viability and Organization of Engineered Skin

Cell viability was quantified using an MTT assay and the results showed lower
average cellular metabolism in the PCL scaffold than all other scaffolds at all time points
(Figure 4.2). At day 7 the blend and PCL scaffolds were not significantly different
although the PCL had much lower cellular activity than every other scaffold. At day 19
the gelatin scaffold showed a greater metabolic activity than the blend, PCL, and CoA5

sample.
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Figure 4.2. Metabolic activity assay (MTT) of the engineered skin cultured

on respective scaffolds for 7, 13, and 19 days in culture.

To assess epidermal differentiation and barrier formation, surface hydration was
measured using electrical capacitance (SEC). At culture day 7, the engineered skin was
moist with little difference between groups (Figure 4.3). By day 13, no statistically
significant differences between the engineered skin grown on coaxial and gelatin
scaffolds was observed. However, engineered skin made with pure gelatin scaffolds had
reached normal human skin values and was significantly lower than the CoAl, 4, and 5
coaxial scaffolds at day 19 (Figure 4.3). The engineered skin grown on CoA3, blend, and

PCL scaffolds had higher SEC measurements throughout the culture period.
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Immunostaining revealed engineered skin formed using coaxial electrospun
scaffolds were well populated by fibroblasts (Figure 4.4D-G). Similarly the gelatin and
Blend groups supported high densities of fibroblasts within the scaffold (Figure
4.4A&B). In contrast, fibroblasts within the PCL were sparse (Figure 4.4C). Stratification
of the dermal and epidermal layers was observed in the gelatin, blend, and CoA4
scaffolds (Figure 4.4A&F). Epidermal and dermal layers appeared to be intermixing in all
other scaffolds with a poorly defined dermal-epidermal junction (Figure 4.4C-E&G). The
basal layer of epidermal keratinocytes which is responsible for maintaining the epidermis
is not present in engineered skin from the PCL, CoA 1, CoA3, and CoAS5 scaffolds
(Figure 4.4C-E&G). Basement membrane formation, as evidenced by a thick, continuous
layer of collagen type IV, was observed in gelatin, Blend, CoA1, CoA3, and CoA4

groups (Figure 4.4A,B&D-F). Diffuse, non-continuous staining for collagen type IV was
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observed in engineered skin from the PCL and CoAS5 groups. Positive staining for
involucrin, a suprabasal marker of epidermal differentiation, was observed in all samples;

however in the PCL, CoAl, and CoAS5 groups, staining was very sparse.

Figure 4.4. Engineered skin fabricated using A) pure gelatin, B) gel-PCL
blend, C) pure PCL, D) CoAl, E) CoA3, F) CoA4 and G) CoA 5
scaffolds. Sections were immunostained for human involucrin (green),
human collagen type IV (red), and DAPI (blue).

4.4 Discussion

The strength of engineered skin is important to prevent graft failure in vivo and in
vitro. As engineered skin matures, the dermal fibroblasts will deposit extracellular matrix
(ECM) components to replace the temporary scaffold. Sufficient time is required for

deposition of the ECM and during this time the scaffold must support the structural
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demands of the tissue. Commonly, engineered skin is formed using pure protein scaffolds
and as a result the scaffolds are weak and susceptible to damage during the grafting
procedure and during engraftment.

Combinations of bioactive proteins and synthetic polymers have been investigated
as a potential solution to this problem. One common method is to use an electrospun
blend of the two different materials [12,83,136]. Although the strength was increased
with increased PCL content, the ability of these scaffolds to promote the formation of
engineered skin was reduced when compared with a 100% collagen scaffold [12]. This
was believed to be due to domains of PCL formed within individual fibers and the
interaction of cells with these PCL domains [12]. The advantage of coaxial
electrospinning over this method is that each fiber is coated with a bioactive gelatin shell
limiting the exposure of cells to the PCL reinforcement. Other studies already
demonstrated the ability coaxial electrospun scaffolds have of supporting cellular
adhesion and proliferation. These studies found the coaxial scaffolds to be improved
when compared with a 100% synthetic polymer scaffold [137,138], better than a collagen
coated PCL scaffold [38], and not significantly different than a 100% collagen scaffold
[38].

In a scaffold made of PCL-core/gelatin-shell nanofibers, the initial scaffold
strength would be greater than 100% gelatin and the PCL fibers would remain within the
tissue to provide strength long after the gelatin is degraded. In this study the ultimate

tensile strength of the coaxial scaffolds was greater than the 100% protein scaffold
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strength (Figure 4.1). This result was similar to the previous study of the influence of
core diameter on scaffold mechanical strength (Chapter 3). The samples with a larger
core diameter, specifically samples CoA4 and CoAS5, had significantly higher strength
and stiffness than samples CoA1 and CoA3 which both had smaller core diameters
(Figure 3.1). Scaffold CoA2 from the previous study was not used to form engineered
skin in this study since the strength of the scaffold was not significantly different than the
strength of CoA1 or CoA3 (Chapter 3).

The formation of a well developed skin graft with high strength was the ultimate
goal of this study. Growth of skin on gelatin was the standard to improve upon since skin
cells have been shown to grow best on a 100% protein scaffold when compared with
synthetic scaffolds [12,139]. Skin grown on all coaxial scaffolds was significantly
stronger than the skin grown on gelatin alone (Figure 4.1A). Similarly the strength of the
blend and PCL scaffolds with skin were also significantly stronger than the tissue grown
on the gelatin scaffold. The increased strengths observed are likely due to the PCL
reinforcement that remained in the scaffold after tissue culture, combined with the
formation of dermal and epidermal constituents within the scaffolds. Growth of tissue
within tissue engineering scaffolds has been shown to significantly improve the
mechanical properties of the scaffolds [12,23]. The strength of the engineered tissue
formed on the gelatin scaffold increased the strength of the acellular scaffold though it
was not as strong as the skin formed on any other scaffold. The strength of both the

gelatin and CoAS scaffolds increased with engineered tissue formation while CoAl did
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not change and all other scaffolds had a decrease in strength. This trend is opposite of
what was observed in previous studies [12,23] and is believed to be due to poorly
developed tissue. Since the coaxial engineered skin mechanical strength was greater than
the tissue formed on the gelatin, it is believed that the scaffold supported the majority of
the load not the tissue that was grown on the scaffold. Therefore scaffold strength
regulated engineered skin strength in this case.

Each scaffold was capable of promoting cellular attachment and growth; however,
the MTT assay revealed a significantly lower cellular activity in the PCL scaffold at all
time points (Figure 4.2). The other scaffolds were not significantly different than one
another although ES fabricated with the PCL-gelatin blend scaffold exhibited lower
average cellular metabolism compared to the gelatin and coaxial groups at each time
point (Figure 4.2). A lower cellular affinity has been previously reported on synthetic
scaffolds when compared with natural polymer scaffolds and a lower cellular affinity has
been reported on synthetic/natural polymer blends when compared with a 100% natural
polymer scaffold [12]. After 19 days in culture, the CoAS group had lower cellular
metabolism than the gel scaffold (Figure 4.2) likely due to the increased quantity of PCL
within the scaffold. Although the core has been shown to be well contained within the
shell, a small percentage of the observed fibers were not coaxial and were likely
comprised of PCL given their size (Chapter 3). As the concentration of PCL in the
scaffold is increased, the interactions of cells with PCL would have also increased and

therefore a decreased cellular activity would be observed. Despite the decreased cellular
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activity on the CoAS5 scaffold versus the gelatin scaffold, the remaining coaxial scaffolds
were not significantly different than gelatin at any other time point, excluding day 7
where scaffold CoA4 had a higher cellular activity than the gelatin scaffold (Figure 4.2).
Since the cellular activity of the coaxial scaffolds was very similar to gelatin, while the
blend and PCL showed reduced cellular activity at each time point it is believed that the
majority of cell-scaffold interactions in the coaxial scaffolds were between the cells and
the protein shell.

SEC of healthy human skin should have a surface electrical capacitance close to
the dashed line indicated in Figure 4.3 [140]. In this study, the SEC values of engineered
skin were very close to this value by day 13; only samples CoA3 and PCL were
considerably larger. By day 19 the Gel, CoAl, CoA4 and CoAS5 scaffolds were close to
the value of normal human skin. At day 19 the blend, PCL and CoA3 had SEC values
that were considerably higher than normal human skin. The increase in SEC values
observed in both the CoA3 and Blend samples from day 13 to day 19 has been observed
in similar studies of the surface electrical capacitance of engineered skin and has been
attributed to deficiencies in culture conditions that prevent the formation of a stable
epidermis [140]. The development of the epidermis relies on the formation of the dermis
based on HF inoculation. The epidermis will have trouble forming if the dermis is not
well developed prior to HK inoculation. It is possible that samples CoA3, blend, and PCL
did not promote the formation of the dermis leading to a poorly formed epidermis and

high SEC values. While the difference in SEC values between the coaxial scaffolds
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(CoAl, CoA4, and CoAS5) were small compared to the gelatin scaffold at day 19 they
were significantly different. This may be due to higher levels of dermal growth within the
gelatin scaffold.

Ideally, engineered skin should consist of stratified epidermal/dermal layers
separated by basement membrane (type IV collagen) with fibroblasts penetrating far into
the temporary scaffold. Above the basement membrane would include a basal cell layer
and a thick keratinized epidermis. Below the type IV collagen would be fibroblast
populated scaffold called the dermis. Epidermal and dermal layers were observed in
every scaffold (Figure 4.4). Cell nuclei stained with DAPI were observed to penetrate a
significant portion of every scaffold (Figure 4.4). The PCL scaffold showed poor
formation of the epidermal constituents and poor penetration of cells into the scaffold.
Powell et al. observed the same trend in skin grown on a 100% PCL scaffold [12]. CoAl,
CoA3, and CoAS5 did not show ideal formation of stratified dermal and epidermal
components. The gelatin, blend and CoA4 scaffolds had layers of epidermal and dermal
components with evidence of a basal cell layer in each. The engineered skin cultured on
scaffold CoA4 showed the most well developed tissue even when compared to the gelatin
and blend scaffolds. This shows that the coaxial scaffold CoA4 is capable of supporting
the formation of engineered skin and this scaffold is a good candidate for future use as a

tissue engineering scaffold.
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4.5 Conclusions

Coaxial electrospinning can increase the strength of acellular tissue engineering
scaffolds as well as increase the strength of engineered tissue compared with a 100%
gelatin scaffold. By increasing the core diameter the strength of the coaxial scaffolds can
be controlled without changing scaffold composition or chemistry. It was found that
coaxial scaffold CoA4 supported tissue growth similar to gelatin and the blend scaffold
and increased the strength of the engineered skin over that grown on gelatin. Coaxial
electrospinning could be used in clinical applications to produce high strength tissue

engineering scaffolds.
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Chapter 5: Conclusions and Recommendations

Electrospinning is an extremely promising method for creating bioactive tissue
engineering scaffolds with features that mimic the bodies’ natural ECM. Many methods
exist to increase the strength of electrospun tissue engineering scaffolds. In this study
crosslinking (physical and chemical) and coaxial electrospinning were investigated.

In situ crosslinking via the addition of EDC to a collagen electrospinning solution
was a method investigated for reducing scaffold processing time while increasing the
strength of the scaffolds. Alone, in situ crosslinking failed to stabilize the electrospun
collagen in the presence of aqueous media, meaning this specific scaffold could not be
used for tissue engineering. Additional crosslinking of this scaffold using DHT treatment
stabilized the scaffold in aqueous media and collagenase. The scaffold also had the ability
to support fibroblast proliferation, however the scaffold strength and stiffness was
significantly lower than scaffolds crosslinked in EDC and ethanol. Therefore in situ
crosslinking, as presented here, is not suitable for producing scaffolds for tissue
engineering where high strength and stiffness are required. Different methods of in situ
crosslinking should be investigated.

Dehydrothermal crosslinking could be used to stabilize collagen and create a
scaffold with increased strength. The processing time is similar to EDC crosslinking with
the additional benefit that no chemicals are involved; therefore cytotoxicity is not a factor

in DHT treatment. DHT treatment was shown to improve collagen strength and stability
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over as-spun collagen although it was also shown to have a lower crosslink density, lower
strength, and faster degradation rates than EDC crosslinked collagen. Similarly DHT
treatment supported fibroblast infiltration but not as well as EDC crosslinked collagen.
DHT treatment could be utilized to produce scaffolds for tissue engineering although the
balance of strength, processing time, and degradation rate must be considered for specific
applications.

Coaxial electrospinning can be used to engineer the strength and stiffness of a
tissue engineering scaffold and the ability to increase the strength of the engineered
tissue. Core diameter can easily be controlled by altering solution concentration, core
feed rate, and solvent resulting in controllable mechanical properties. In this study it was
shown that the scaffolds have varying degrees of stiffness without changes to scaffold
architecture or chemistry. These scaffolds could be utilized to assess cellular response to
3D stiffness without confounding factors such as increased crosslinking density, changes
in chemistry or time consuming surface modifications. With the inoculation of human
dermal fibroblasts and epidermal keratinocytes the coaxial scaffolds promoted cellular
growth and proliferation with scaffold CoA4 in particular supporting tissue growth
similar to the gelatin control. Coaxial electrospinning could be used in clinical
applications to produce high strength tissue engineering scaffolds.

Future investigations involving the version of in situ crosslinking presented here,
should not be conducted unless a low strength scaffold that has good degradation

resistance is required. However, little is known about the chemistry of these scaffolds
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which would need to be addressed. Future work could include the investigation of low
temperature electrospinning or the use of a different solvent. DHT crosslinking could
benefit scaffolds via an additional increase in strength beyond chemical crosslinking
methods. For applications where low strength is not an issue and cytotoxicity is a large
factor, DHT crosslinking could be applied. Future investigations involving coaxial
electrospinning should include the study of shell thickness with a constant core diameter
and the influence of shell thickness on the influence of tissue formation. Other
investigations involving coaxial electrospinning will include influence of scaffold
stiffness in a three dimensional scaffold on cellular behavior and the ability of a synthetic

PCL core to modulate the strength and stiffness of electrospun scaffolds in vivo.
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