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Abstract
Partial or complete tears of the anterior cruciate ligament (ACL) can greatly afflict
quality of life and often require surgical reconstruction with autograft or allograft tissue to
restore native knee biomechanical function. However, limitations exist with these treatments that
include donor site pain and weakness found with autografts, and longer ‘ligamentization’ and
integration times due to the devitalization of allograft tissue. Alternatively, a tissue engineering
approach has been proposed for the fabrication of patient-specific grafts that can more rapidly
and completely heal after ACL reconstruction. Electrospun micro-fiber networks have been
widely utilized as biomaterial scaffolds to support the growth and differentiation of
mesenchymal stem cells toward many tissue lineages including ligament. However, these microfiber networks do not possess suitable sizes and shapes for a ligament application and cannot
support cell infiltration. The objective of this work was to develop techniques to 1) rapidly
cellularize micro-fiber networks, 2) assemble micro-fiber networks into cylindrical composites,
3) provide cues to mesenchymal stem cells (MSCs) to guide their differentiation toward a
ligament phenotype.
The cellularization of micro-fiber networks was performed utilizing a coelectrospinning/electrospraying technique. Cells deposited within a cell culture medium solution
remained where they were deposited and did not proliferate. The inclusion of space-filling
hydrogel network such as collagen was necessary to reduce the density of the micro-fiber
network to facilitate spreading. However, it became apparent that the incorporation of significant

collagen phase was necessary for long-term MSC survival within the micro-fiber network. Next,
two approaches were developed to fabricate large cylindrical, composites. The first approach
utilized a co-electrospinning/electrospraying technique to generate micro-fiber/collagen
composites that were subsequently rolled into cylinders. These cylindrical composites exhibited
greater diameters and water weight percentages as collagen content increased. However, the high
micro-fiber content of these composites was inhibitory to cell survival. In the second approach,
thin layers (~5-10 fibers) of aligned electrospun PEUR fibers were encapsulated within a
collagen gel and subsequently rolled the composites into cylinders. These sparse-fiber
composites were nearly 98% by weight water and confocal imaging revealed the presence of
sparse fiber layers (~5 fibers thick) separated by approximately 200 µm thick collagen layers.
We hypothesize that the proliferation and migration of MSCs within these micro-fiber/collagen
composites may not be restricted by the presence of a dense, non-manipulatable electrospun fiber
network present in traditionally rolled fiber composites.
Simple model platforms were then developed to study the influence of sparse microfibers on MSCs differentiation within a collagen hydrogel. MSCs in the presence of the softest
(5.6 MPa) micro-fibers elongated and oriented to the underlying network and exhibited greater
expression of scleraxis, and α-smooth muscle actin compared to the stiffest (31 MPa) fibers.
Additionally, preliminary results revealed that the incorporation of fibroblast growth factor-2 and
growth and differentiation factor-5 onto micro-fibers through chemical conjugation enhanced
expression of the ligamentous markers collagen I, scleraxis, and tenomodulin.
In conclusion, micro-fiber/collagen composite materials must possess sufficient space to
support the infiltration and differentiation of MSCs. The strategies described in this document
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could be combined to fabricate large, micro-fiber/collagen composites that can support cell
infiltration and provide relevant cues to guide the formation of an engineered ligament tissue.
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Chapter 1: Introduction
1.1. Motivation
The incidence of anterior cruciate ligament (ACL) reconstructions increased from 32.9 to
43.5 per 100,000 people from 1994 to 2006 in the United States [1]. ACL injuries often occur
sudden stops, pivots, or impacts from landings (such as during non-contact sports) generate
excessive loads strain the ACL beyond its normal range of motion [2]. Severity of ACL injuries
can range from rehabilitatable minor strains to traumatic ruptures that can compromise knee
biomechanics [3], and diminish quality of life through lingering pain, discomfort, and
acceleration of knee joint deterioration [4]. Surgical intervention to reconstruct a ruptured ACL
utilizes either autografts or allografts to replace the torn tissue and restore native knee joint
biomechanics. However, several limitations exist with these surgical options including lingering
pain and weakness at the autograft donation site, and limited availability [5], and the
devitalization of allografts that extend the time for ‘ligamentization’ and integration of the graft
[6, 7], and disease transmission risk. Previously developed synthetic graft alternatives are no
longer approved for clinical use due to poor outcomes [8].
Tissue engineering holds promise for development of alternative materials for ACL
reconstruction that combines aspects of autologous, allogenic, and synthetic materials. The
potential advantages of a tissue-engineered ligament graft include patient-specificity in size,
immune-compliance, and the inclusion of cues that guide healing and rapid integration with the
surrounding bones. Furthermore, these engineered grafts could eliminate complications
associated with obtaining suitable autograft tissue from the patient. The current tissueengineering paradigm has focused on the combination of a scaffolding material, a cell
population, and morphogenic cues that can support and guide the formation of functional tissue.
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Furthermore, the application of additional external physical, chemical, biological, or mechanical
stimuli to the construct may be able to enhance the proliferation, differentiation, and organization
of the cell population to guide the formation of a functional tissue prior to implantation [9, 10].
Electrospun micro-fiber networks have drawn interest as scaffolds for the engineering of
ligaments due to their micro-architectures that are similar in scale to the native extracellular
matrix [11, 12]. Additionally, these micro-fiber networks exhibit mechanical characteristics
(strong in tension and compliant in bending) that may be suitable for ligament application.
However, it is challenging to fabricate physiologically sized electrospun micro-fiber networks
suitable for total ligament replacement. Several researchers have stacked or rolled electrospun
micro-fiber networks and injected an interpenetrating hydrogel network to assemble thicker
constructs. These resulting composites cannot support cell infiltration due to high-density microfibers that inhibit cell migration [13]. Reduction in overall fiber density through the inclusion of
sacrificial porogens often compromises the structural and mechanical integrity of the micro-fiber
network [14-17]. Alternatively, the inclusion of space-filling hydrogels may both reduce microfiber density and provide a medium that cells can infiltrate and remodel [18, 19].
Fibrillar hydrogel networks such as collagen type I can be incorporated within electrospun
micro-fiber networks to overcome cell infiltration and size limitations. These hydrogel networks
can support the uninhibited infiltration, proliferation, and differentiation of mesenchymal stem
cells. However, unlike electrospun micro-fiber networks, these collagen hydrogels lack microtopographies and other intrinsic cues that can guide cell and extracellular matrix (ECM)
organization. External stimulation such as mechanical loading can induce cell and matrix
organization within collagen hydrogels [20, 21]. Despite these efforts, collagen hydrogels do not
possess the mechanical rigidity to function as a ligament replacement and instead serve as space-
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filling material in partial defects [22, 23]. However, the potential exists for the inclusion of an
electrospun micro-fiber component within a broader collagen medium [24, 25] that could both
enhance the mechanical integrity of the material and allow for the inclusion of myriad of stimuli
within an otherwise inert hydrogel network.
The objective of this work was to develop composite materials – containing both a microfiber and hydrogel network components – to support the proliferation and differentiation of
MSCs toward a ligament phenotype. These composites must possess several characteristics,
such suitable size, resistance to cyclic loading, sufficient space for cell infiltration and
proliferation, and contain the proper cues and stimuli to guide differentiation. In this document I
propose several complementary aims for progression toward this goal.

1.2. Aim 1: Cellularization of Composites through Electrospraying
One of the challenges with electrospinning is that the pores in the micro-fiber network
(consisting of fibers with suitable diameters for contact guidance) are insufficient in size to
support cell infiltration and thick tissue [26]. Toward overcoming this, sacrificial porogens have
been incorporated to increase average pore sizes and facilitate cell infiltration [14, 17]. However,
at sufficient porosities to permit cell infiltration, the overall mechanical integrity of the mesh can
be compromised. As an alternative, the incorporation of a space-filling hydrogel phase via
concurrent electrospraying has been utilized to reduce the micro-fiber density to support cell
infiltration [18, 19]. Despite the presence of the dispersed hydrogel component, cell infiltration
can still be slow and incomplete. Cell delivery through electrospraying during fiber deposition
has previously been tested for the cellularization of thin micro-fiber networks [27]. In this aim,
two approaches were taken to improve cell infiltration; first techniques were developed for the
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cellularization of electrospun micro-fiber networks for ligament tissue engineering, and second,
techniques were developed to deposit a hydrogel component (concurrently with cell deposition)
that could both improve cell viability.

1.3. Aim 2: Fabrication of Cylindrical Micro-fiber/Hydrogel Composites
Electrospun micro-fiber networks do not possess suitable size and shape for use as
scaffolding materials in a majority of tissues and organs in the body, including ligaments.
Application of these electrospun micro-fiber networks is therefore restricted to thin tissues such
as skin, fascia, small blood vessels, and other hollow structures. The rolling or stacking of
several electrospun meshes and their integration with an interpenetrating hydrogel network has
been proposed for the assembly of fibrous materials for large tissue applications [28, 29].
However, these rolled or stacked materials have most commonly been used for tissues such as
bone, blood vessel, and cartilage and have not been previously applied toward a ligament
engineering application. Additionally, the cellularization of these composites is often restricted
to the hydrogel phase between the dense micro-fiber layers [28, 29]. A more even distribution of
the hydrogel phase with the micro-fiber network could support more uniform cellularization and
reduce the stratification of the micro-fiber and hydrogel components. In this aim, several
approaches were taken to fabricate cylindrical micro-fiber/hydrogel composites. First,
poly(lactic-co-glycolic acid) PLGA and polyurethane (PEUR) micro-fiber networks were rolled
and injected with an interpenetrating polyethylene glycol (PEG) hydrogel network to generate
cylindrical scaffolds. In another approach, micro-fiber/collagen composites were fabricated
through the concurrent deposition of a collagen hydrogel into a PEUR micro-fiber network
through a co-electrospinning/electrospraying technique and their subsequent rolling into
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cylindrical composites. The final approach generated cylindrical sparse-fiber/collagen
composites through the encapsulation of thin (5-10 fibers thick) aligned micro-fiber networks
and their rolling into cylindrical sparse-fiber/collagen composites.

1.4. Aim 3: Characterize MSC Behavior in Response to Sparse Micro-fibers in a Collagen
Gel
Collagen hydrogels can support cell infiltration and migration but lack intrinsic cues that
can guide cell organization, differentiation, and ultimately tissue formation. The composites
fabricated in the previous aims contained an electrospun micro-fiber component that could
provide myriad of stimuli (e.g. topographical cues, mechanical cues, chemical cues) to cells.
However, cell response to cues provided by micro-fibers in a collagen hydrogel is poorly
understood. Cells in contact with fibers can sense both topographical cues and immobilized
growth factors and morphogens to cells [30, 31]. Additionally, evidence suggests that cells in
fibrillar hydrogels can sense rigid features up to ten cell lengths away [32]. In this aim, model
systems were developed to study how cells in collagen networks may respond to the presence of
a sparse-fiber layer. This thin micro-fiber network was designed to provide instructive cues, but
not to physically inhibit cell migration and proliferation. Two types of cues were explored in this
system: 1) fiber stiffnesses, and 2) morphogen presentation.

1.5. Dissertation Layout
The organization of this document is as follows. Chapter 2 is a literature review that
focuses on relevant background topics of ligament biology and injury (e.g., anatomy, function,
and injury of the anterior cruciate ligament) and tissue engineering (e.g., scaffolding material,
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cell source, stimulation). Chapter 3 discusses the fabrication of cellularized cylindrical PLGA
and PEUR composites through a co-electrospinning/electrospraying technique followed by
subsequent rolling and injection of a cross-linkable PEG hydrogel network. Chapter 4 builds on
the co-electrospinning/electrospraying technique developed in Chapter 3 by cellularizing the
materials through deposition of a collagen/mesenchymal stem cell solution during fiber
deposition. Resulting cellularized composites were cultured under static loads. Chapter 5 focues
on the fabrication of cylindrical micro-fiber/collagen through two approaches. In the first
approach, cylinders were assembled from the micro-fiber/collagen composites fabricated in
Chapter 4. In the second approach, thin layer of micro-fibers were encapsulated within a collagen
gel and rolled into cylinders. Chapter 6 discusses the fabrication of model sparse-fiber/collagen
composites to analyze the response of MSCs encapsulated in collagen to the topographical and
mechanical cues imposed by a thin aligned fiber network. Chapter 7 builds on the platform by
including grafted or absorbed growth factors onto the micro-fiber network to present more
complex cues to the MSCs. Chapter 8 summarizes key results and discusses future project
directions.

6

Chapter 2: A Review of Ligament Tissue Engineering
2.1. Connective Tissues
Connective tissues are found throughout the body connecting, supporting, or separating
other tissue types (epithelial, muscle, and nervous tissue) within every organ and anatomical
structure. Connective tissues are diverse in composition and include ligaments, tendons, fascia,
cartilage, bone, peripheral nerve, lymphatic nodes and conduits, and blood vessels. Many of
these connective tissues are specialized, and often provide functionality beyond a mechanical or
structural role, including fluid and nutrient transport, metabolic and endergonic regulation [33],
and immunomodulation. Connective tissues consist of diverse compositions (collagen-rich,
elastin-rich, glycosaminoglycan-rich), mechanical properties (strong fibers to soft hydrogel-like)
and micro-architectures (loose to dense networks, random to oriented fibers) [34]. For example,
cartilage and fascia are found on the surfaces of bones and other organs where they protect
adjacent tissues from mechanical wear due to motion. These tissues are composed primarily of
non-oriented low-density collagen fibers, proteoglycans, and glycoproteins that provide isotropic
resistance to strains and resist compressive loads [35]. In contrast, tendons – that transmit muscle
contraction to joint articulation – possess a highly oriented, fibrillar anisotropic collagen network
[36]. The bone marrow is considered a connective tissue; consisting of a complex matrix of
reticular fibers that contain various collagens and other structural proteins and proteoglycans
[37]. The role of the bone marrow is to support the production of red blood cells and the
maintenance of a hematopoietic and mesenchymal stem cell niche [38]. Thus, connective tissue
roles in the body are diverse and their importance cannot be overstated.

2.2. Ligament Structure and Function
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Ligaments consist of bands of dense connective tissue that conjoin and impart stability
across two or more adjacent bones. Large ligaments stabilize major joints such as the knee,
elbow, and shoulder, guiding their motion and resisting abnormal deformations. Additionally,
ligaments are found outside major joints in anatomical locations such as the spine [39], around
the teeth [40], and between the bones of the wrist [41] where they maintain joint structure and
resist abnormal motions. Regardless of anatomical location, ligaments contain a highly oriented
collagen-rich ECM that is both compliant in bending and strong in tension. Strains or ruptures of
ligaments can occur under excessive loading or abnormal rotations, requiring surgical
intervention to restore normal biomechanical function [42]. Afflictions to the major ligaments of
the knee, elbow, and shoulder joints can be debilitating to locomotion and can greatly degrade
patient quality of life.

Figure 2.1: Structure and major components of the human knee joint (own work)
The knee joint is a complex anatomical structure that permits the extension and flexion of
the lower leg [43]. Structurally, the knee joint consists of bones (the femur, tibia, and patella),
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cartilage (articular cartilage and meniscus), and tendons and ligaments (patellar tendons and
anterior cruciate, posterior cruciate, medial collateral, and lateral collateral ligaments) (Figure
2.1). The anterior cruciate ligament (ACL) specifically resists anterior translation and medial
rotation by spanning the intrasynovial space, from the notch of distal femur to the intercondylar
eminence of the tibial plateau [44]. The ACL crosses the posterior cruciate ligament [45],
forming the distinctive ‘X’ of the so-called cruciate ligaments within the knee joint. The synovial
fluid within the joint is a viscous, non-Newtonian lubricant that reduces the friction between the
articular cartilage of the knee during motion [46].
Anatomically, the adult human ACL is approximately 27.5 ± 2.8 mm long with an
average cross-sectional area of 57.5 ± 16.2 mm2 [47]. Similar to other ligaments, the ACL
consists of a dense ECM composed of highly organized collagen fascicles (Ø = 0.25-1 mm) that
exhibit ‘wavy’ or sinusoid patterning. These collagen fascicles are composed primarily of
collagen type I (88%) and collagen type III (12%) [36], with minor contributions of collagen
type II, IV, VI [48]. Subunits ranging in size from large sub-fasciculi (Ø = 100-250 µm) to
individual collagen fibrils (Ø = 50 nm) comprise the collagen fascicles (Figure 2.2) [36]. At the
smallest scale, the ACL is comprised of aligned collagen triple helices that are covalently crosslinked together to form fibrils. The characteristic crimping pattern found in the tissue
macrostructure is due to the twisting and knotting of the ends of individual triple helices as they
change direction [49]. These cross-linked collagen fibrils are organized into collagen fibers (Ø =
1-20 µm) that are assembled into sub-fascicle units that compose the sub-fasciculi that make up
the fascicles [48]. Beyond the collagen dominated ECM (94% of the total weight), the ACL
contains other matrix components such as proteoglycans (decorin, biglycan, and tenascin-C),
glycoproteins (e.g., laminin, entactin, and fibronectin), and elastin.
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Figure 2.2: Organization of a collagen fascicle (own work)
A transition in cellular phenotype, morphology, and ECM composition is found between
the ACL and the bone to which it is anchored. This transition region is marked by a tissue
gradient, with zones of ligament, fibrocartilage, mineralized fibrocartilage, and bone. The
ligament zone contains low-density elongated fibroblasts that are aligned parallel to and between
the collagen fascicles. The ECM of the ligament zone consists of oriented hierarchical collagen
type I fibers. The highly elongated fibroblasts of the ligament zone transition toward densely
arranged ovoid-shaped fibrochondrocytes of the fibrocartilage zone [50]. Within the
fibrocartilage zone, the oriented parallel fibrils of the ligament zone span across a matrix rich in
proteoglycan, sulfated glycosaminoglycans, and collagen types II and III. Closer to the bony
insertion sites, the fibrocartilage zone transitions to contain hypertrophic chondrocytes and
mineral deposits. This mineralized fibrocartilage consists of an ECM of collagen types II and X.
At the bony insertion site, the matrix consists of mineralized collagen type I. The cells in this
zone exhibit an osteoblastic phenotype and exhibit high levels of alkaline phosphatase (ALP)
activity.
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2.3. Vascularization and Innervation
Blood is supplied to the ACL through the terminal branches of the middle and inferior
geniculate arteries. Intraligamentous blood vessels are found in very low densities between the
thick, collagen fascicles of the ACL. Additionally, periligamentous vessels are found within the
synovial membrane that covers the surface of the ligament, forming a web-like network between
the synovial fluid and the ligament bulk [51]. The regions of the ligament that are closer to the
bony insertion sites are better supplied by the intraligamentous blood vessels than the interior
portions [52]. However, vascularity is notability absent from the fibrocartilage regions near the
bony insertion sites [51]. The immersion of the ACL within the synovial fluid may contribute to
its poor vascularity as nutrient delivery to the tissue is primarily through diffusion [53]. By
comparison, the medial cruciate ligament (MCL) – which is located outside the synovial capsule
– contains over 5 times the vascularity of the ACL [54]. This poor vascularity of the ACL may
contribute to the poor healing capacity of the tissue after injury.
The ACL contains nerves on the surface throughout the synovial membrane, and between
the fascicles (although nerves do not infiltrate into the fascicles) [55]. Nerves found in the
ligament possess Ruffini and Vater-Pacini mechanoreceptors [56] and Golgi-like tension
receptors [57] that are sensitive to the loading, stretching, and rapid movements experienced by
the ACL. These mechanoreceptors play a key role in the proprioceptive function of the ACL,
imparting joint stability due to the afferent connections to the surrounding muscle [58]. This
reflex arc is important in the maintenance of normal knee mechanics and adaption to changes in
musculature and ACL strength [59]. Patients with previously damaged or reconstructed ACLs
have a greater risk of reinjury due to the diminished function or absence of this reflex loop [60].
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Recapitulation of the native reflex arc may reduce the risk of reinjury and contribute to long-term
stability of the knee joint.

2.4. ACL Biomechanics
The adult human ACL exhibits an elastic modulus of 128 ± 35 MPa with failure
occurring at approximately 30% strain [61]. The individual collagen fascicles that compose the
ligament exhibit a lower moduli and greater strain at failure compared to the tissue as a whole
[62]. Under small loads, the ‘wavy’ crimps straighten out, absorbing the applied strain without
damaging the collagen fascicles [63]. As larger loads are applied to the ligament, these
previously crimped collagen fascicles become load bearing and elongate, and the individual
collagen molecules within the fascicles begin to glide past each other [62]. At sufficient
elongation, this gliding strains the cross-links between the collagen triple helices and leads to
damage [64].
Anatomically, the ACL is comprised of two distinct fibrous bands designated as the
anteriormedial (AM) and the posterolateral (PL) bundles based on their insertion sites on the
tibial plateau. The two bundles of the ACL insert into the tibial plateau with two distinct
footprints approximately 9.8 mm by 11.1 mm (AM) and approximately 8.7 mm by 7.9 mm (PL)
in size [65]. These two insertion sites impart stability on the knee joint by providing two anchor
points to resist both anterior translation and medial rotation of the tibia relative to the femur [66].
The AM and the PL bundles exhibit unique loading and deformation regimens as the knee
undergoes its range of motion. The loading and strain is not uniform between the two bundles.
Often these two bundles function reciprocally to each other. For example, under a low degree of
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flexion (20°) the PL bears more of the load, while when the knee is at a high degree of flexion
(90°) the AM bears more of the load [67].

2.5. Ligament Development and Growth Factors
Embryonic development of the cruciate ligaments occurs in concert with the formation of
the knee joint [68]. The knee, like other synovial joints, forms from the branching of
prechondrogenic condensations when the chondrogenic promoting signals are blocked [69].
Growth factors and morphogens are deeply involved in the development of the knee joint in
utero, guiding their formation through their temporal and spatial expression. In particular, the
fibroblast growth factor (FGF) family plays a key role in the induction of limb formation in
utero, where expression of FGF-2, FGF-4, and FGF-8, along with sonic hedgehog leads to
outgrowth and patterning of the limb [70]. Additionally, the transforming growth factor (TGF)-β
gene superfamily, which contains over 30 multifunctional proteins [71], is extensively involved
in the development and formation of the various tissues of the limb including bone, cartilage, and
ligament/tendon [72, 73]. Specifically, the importance of growth and differentiation factor
(GDF)-5, -6, and -7 (bone morphogenic protein (BMP)-14, -13, -12 respectively), in ligament
development has been investigated [74]. Immunohistological staining of mouse embryos
revealed localization of GDF-5, -6, and -7 at the leading edge of the joint during development,
which suggests a role in the differentiation of precursor cells toward a tendon/ligament lineage.
Indeed, the Achilles tendons of GDF-5 deficient mice were 50% weaker and 50% more
compliant than normal mice. Additionally they contained 40% less collagen and increased
numbers of smaller collagen fibril bundles [75]. Conversely, the administration of GDF-5 into
the site of a rat MCL injury resulted in improved mechanical strength and larger collagen fibril

13

bundles compared to untreated controls [76]. These morphogens are so powerful, that when
GDF-5, -6, or -7 was coated onto demineralized rat bone matrix particles and implanted at
ectopic sites within a mouse, a highly oriented, crimped tissue containing organized collagen
fibrils similar to ligament was formed within 10 days. These morphogens appear to play an
important role in the development of ligament tissue and their application in devices and
therapies may facilitate ligament regeneration and healing.

2.6. Medical Problem and Current Treatment Options
The ACL is one of the most commonly injured ligaments in the United States, often
afflicting athletes in sports such as football and soccer [77]. This injury can be debilitating to
careers of athletes due to the disruption of the normal biomechanical function of the knee joint.
From 1994 to 2006, the annual incidence of ACL reconstructions increased from 32.9 to 43.5 per
100,000 people in the United States [1].

The greatest increase in the incidence of ACL

reconstruction occurred in both the young (below the age of 20) and female populations [1]. The
incidence in females is nearly twice as high as in male counterparts [78] and while currently not
well understood has been attributed to differences in biomechanics [79, 80] or the influence of
different hormones such as estrogen on ligament strength [81, 82]. Most commonly, ACL
injuries occur during non-contact sports (such as soccer and basketball) where sudden stops,
pivots, or impacts from landings generate excessive loads and strain the ligament beyond its
normal range of motion [2]. Severe impacts and abnormal loading can tear the collagen fascicles,
eventually leading to complete rupture, catastrophically compromising knee joint stability [83].
Additionally, repeated overextension of the ACL during exercise and other activities may inflict
minor strains that increase the laxity of the ligament, and elevate the risk of a future injury. The
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healing of a damaged ACL is slow and often incomplete [84] due to poor vascularization. The
discontinuity in the tissue after a severe tear or complete rupture makes healing nearly
impossible without suturing or replacement with a graft.
Patients that suffer from strains and partial tears of the ACL often forgo surgical
intervention for rehabilitation and bracing [85]. Partially torn ACLs undergo wound healing
similar to that of other connective tissues, exhibiting inflammatory, proliferation, reparative, and
remodeling phases [86] that often lead to scarring [87]. Growth factors are integral to the wound
healing response, playing roles in the inflammatory, proliferative, and remodeling stages of
connective tissue healing [86]. For example, insulin-like growth factor-1 (IGF-1) is upregulated
during the early wound healing response and has been shown to promote the proliferation and
migration of fibroblasts at the wound site [88]. TGF-β1 is involved in nearly all stages of
tendon/ligament wound healing, but it may play a particularly important role in stimulating the
fibroblasts to contract the provisional matrix formed in the wound site [89]. Vascular endothelial
growth factor (VEGF) plays an important role in later stages of the healing of damaged
tendon/ligament, particularly through the stimulation of angiogenesis within the wound site and
facilitating remodeling [90, 91]. Platelet derived growth factors (PDGFs) are active in the early
wound healing stages and stimulate induction of healing macrophages and fibroblasts to the
wound site [92]. FGFs have been shown to play a role in the early stages of wound healing in
tendons, and the injection of FGF into a tendon wound enhanced both cell proliferation and
collagen III deposition [93]. The evidence that endogenous PDGF, FGF, VEGF and other growth
factors guide the normal wound healing process has motivated researchers to examine their
potential as pharmaceutical agents both in vitro [94] and in vivo [95-97] to aid tissue healing.
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Among the patients diagnosed with ACL injury, approximately 25% require surgery [3].
Options for surgical repair include autologous and allogeneic grafts for the replacement of
ruptures as well as augmentation devices to assist healing of tears. Autologous grafts are often
excised from the hamstring tendon or the center portion of patellar tendon [98]. This tissue is
biologically active and immune-compliant due to its origin from the patient and therefore readily
integrates at the bony insertion sites and undergoes ‘ligamentization’, a process by which the
graft is remodeled toward a ligament-like microstructure and mechanics [99]. However, several
limitations exist with the autograft technique including the availability of suitable tissue and
lingering complications at the excision site (e.g., pain, muscle atrophy, weakness, inflammation)
[5]. In contrast, allogeneic grafts offer the advantage of being widely available [100]. However
due to their cadaveric source, allogeneic grafts risk disease transmission and immunogenic
rejection [6]. More importantly, devilatization, sterilization, and storage protocols may diminish
the mechanical properties [6], and retard graft integration and ‘ligamentization’ [7].
Alternatively, prosthetic devices such as the Leeds-Keio Artificial Ligament, Kennedy Ligament
Augmentation Device, and Ligament Augmentation and Reconstruction System have been
utilized for ACL repairs [8] with mixed results. These augmentation devices are implanted in
conjunction with an autograft or allograft to stabilize the knee during the early stages of healing
and slowly degrade as the graft strengthens. Recent studies have shown that these devices may
not enhance clinical outcomes [101, 102]; however newer devices have been developed with
more promising outcomes [103].
Regardless of treatment, most patients suffer from an elevated risk of reinjury and early
onset of osteoarthritis with nearly half developing signs of osteoarthritis within 10 years of the
injury [4]. The increase in risk may be due to lasting abnormalities in joint mechanics. For
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example, after ACL reconstruction the knee-abduction moment is 21% greater compared to the
non-injured knee [104], resulting in excess wear on the articular cartilage of the joint.
Restoration of normal gait patterns such as degree of flexion and extension and step length often
takes up to 8 months [105], during which abnormal biomechanics can contribute to tissue
deterioration. Rapid ‘ligamentization’ and integration of the reconstructed ACL is necessary to
diminish these chronic after-effects. Within autogenic grafts, ‘ligamentization’ occurs within 30
weeks of reconstructive surgery and is marked by the development of mature collagen crosslinks found in native ACL [106]. Equally important for long-term graft patency is the integration
of the graft with the femur and tibia, and is often dependent on the source of the graft. For
example, bone-tendon-bone patellar grafts exhibit mature healing about 8 weeks post-surgery,
while integration of a tendon to a bone as the case in hamstring-bone graft can take up to 12
weeks [107]. Further, post-operative follow-ups reveal that autografts or fresh-frozen allografts
integrate more rapidly than allografts sterilized with harsh techniques such as γ-irradiation [108,
109].

2.7. Tissue Engineering
Tissue engineering holds promise in the development of materials that can augment or
replace current autologous and allogeneic treatments for ACL injury. In a broad sense, a tissue
engineering approach seeks to fabricate alternative grafts by combining clinically attractive
aspects of autologous, allogenic, and synthetic graft materials. Potential advantages of tissueengineered grafts include patient-specificity in size (like synthetics) and immune-compliance
(like autografts) that could lead to better integration and restoration of biomechanics.
Additionally, these engineered grafts could reduce or eliminate the need for and complications
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associated with obtaining donor tissue from the patient. The tissue-engineering paradigm is a
synergistic approach that aims to fabricate clinically effective grafts through the combination of
a scaffolding material, cells, and pharmaceutical agents.
Achievement of tissue healing in vivo requires an engineered tissue graft that can perform
a number of functions. First, the biomaterial scaffold must withstand the physiological loading
environment so as not to deform or fail during the healing process. Second, it must support cell
adhesion and proliferation, as well as the synthesis and organization of an ECM with mechanical
properties comparable to native ligament [110]. This latter requirement may be achieved by
designing the biomaterial scaffold to present a variety of stimuli (Figure 2.3) – including
topographical cues, chemical cues, biological factors, and local mechanical properties – to direct
cell function. Third, a suitable cell population [111] – such as derived ligament fibroblasts or
bone marrow-derived MSCs – is needed to cellularize the scaffold and accelerate the healing
process by depositing a nascent instructive ECM prior to implantation.

Figure 2.3: Stimuli experienced by a cell in an in vivo environment
The remainder of this chapter expands on the three main components (scaffolds, signals,
and cells) for the engineering of a functional ligament graft. The first section focuses on
materials such as fibrous networks that have been used as scaffolds for ligament tissue
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engineering and cellular responses to them. The second section describes how signals can be
incorporated into the scaffolds to induce formation of an organized ligament tissue in vivo.
Finally, the third section describes primary cell sources and immortalized cell lines that can be
incorporated into the scaffold to accelerate healing or act as a surrogate to predict the response of
the body to the scaffold.

2.8. Biomaterial Scaffolds
Fibrous biomaterials such as woven braids or knitted felts (consisting of fibers with 20 to
200 µm diameters), or non-woven micro-fiber (0.5 to 5 µm diameters) networks fabricated
through melt or electrospinning techniques have been used in numerous ligament tissue
engineering strategies. Weaves, braids, and felts exhibit great mechanical strength under tensile
loading and are compliant in bending. However, these structures often possess high fiber
densities that inhibit cell infiltration or large fiber diameters that cannot provide contact guidance
to the cells. Alternatively, non-woven micro-fiber networks generated by melt or electrospinning
techniques possess fiber diameters (0.5 to 5 µm) that can provide contact guidance cues to
influence cell organization and phenotype. However, cell infiltration and tissue development
within these micro-fiber networks can be poor due to high fiber density and small pore sizes.
Hydrogels are soft biomaterials that consist of a network of hygroscopic, low-density
molecular chains or nano-fibers and can contain up to 99% water by weight. Natural hydrogels
networks, such as collagen, have been widely utilized as scaffolding materials for ligament tissue
engineering applications. These collagen hydrogels can be readily infiltrated and remodeled by
cells. Under the right cues and stimuli, cells can strengthen these networks through a
‘ligamentization’ process prior to implantation.
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The following sections will cover three different topics. First, fiber networks and their
application in soft-tissue engineering (including ligaments) will be discussed. This section will
focus on electrospun fiber networks and how their micro-architecture and mechanical
characteristics influence cell morphology, proliferation, phenotype, and cell infiltration. The
second section will discuss the different types of synthetic and natural hydrogel networks, cell
proliferation and differentiation within these hydrogel networks, and their application in ligament
tissue engineering. The third section will describe the fabrication of composite materials
consisting of both a fiber network and hydrogel phase for ligament tissue engineering.

2.8.1. Fiber Networks for Ligament Tissue Engineering
Fiber networks have drawn great interest as scaffolding materials for the engineering of
soft tissues due to their structural and topographical similarities to ECM. Large diameter fibers
(25-200 µm) can be prepared through extrusion, melt-, or wet-spinning techniques from both
synthetic and natural polymers such as silk fibroin [112], poly(lactic acid) [113], and
polyurethane [114]. These fibers can be subsequently braided or knitted into larger structures for
repair of abdominal wall hernias [115] and replacement of ligaments, tendons, arteries, and veins
[113, 116]. Their mechanical resilience under tension and compliance under bending make these
braids and knits applicable to load bearing applications. However, the diameters of these fibers
are typically much larger than mammalian cells (10-20 µm) and consequently may not
necessarily provide the micron-scale topographic features that are known to guide cell
orientation. In addition, in some cases cells adhere poorly to the large diameter fibers networks
and cannot proliferate [117]. Therefore, these large fiber diameters (5 to 25 µm) [118] may be
unsuitable for cell spreading across multiple fibers and the formation of multiple focal adhesion
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complexes [119]. For these reasons, microfiber networks consisting of diameters ranging from
100 nm to 3 µm may be more applicable as a scaffolding material for ligament tissue
engineering. Fibers of these diameters are more similar to the length-scale of native collagen
fibers and possess features [120, 121] that can guide cellular behavior, organization, [122, 123]
and phenotype through contact guidance phenomena [124].

Figure 2.4: Electrospinning set up and Taylor cone.
Electrospinning is the predominant technique for the generation of micro-scale (0.1 to 3
µm) fiber networks for tissue engineering applications. The three main components of an
electrospinning set-up are a voltage supply, a syringe pump, and a grounded collecting surface
such as a sheet or mandrel (Figure 2.4). The generation of electrospun fibers occurs when an
electric potential is applied between the polymer solution (at the tip of a syringe needle) and the
21

grounded collecting surface [125]. At sufficient voltage differential, the electrostatic repulsion
forces of the individual polymer chains overcome the surface tension of the polymer solution.
Micro-fibers are drawn from the polymer solution at a feature known as a Taylor cone. Under
sufficient molecular entanglement, the jet does not break into droplets, but consolidates into a
fiber. This fiber undergoes bending instability, stretching, and drying prior to deposition on the
target [126]. Residual solvent fuses the fiber to the underlying fibers, improving the overall
mechanical integrity of the resultant non-woven mesh.
Micro-fiber networks with diverse microarchitectures (e.g., fiber diameters and
orientations), mechanical characteristics, and compositions (e.g., surface chemistry, bioactivity)
can be fabricated through electrospinning. The modulation of electrospinning parameters such as
solvent, solution concentration, solution viscosities, and throw distance directly affect the
resulting fiber diameters [127]. Furthermore, the degree orientation of electrospun meshes can be
directly controlled through the use of different grounded collectors such as rapidly rotating
mandrel [119], or parallel plates [128] or drums with an airgap [129]. Tailoring the topographical
features of micro-fiber electrospun networks allows one to influence cell morphology and
behavior [130].
Both the diameter and orientation of the electrospun micro-fiber networks have been
shown to influence the behavior of adhered cells and guide their differentiation toward a
ligament phenotype. Studies have shown that cells attach faster [131], proliferate more rapidly
[11], and are less elongated [12] on submicron diameter fibers compared to meshes that consist
of larger fibers (>1 µm). Additionally, cells on submicron diameter fibers often are more rounded
and less aligned with the underlying network compared to cells on the larger diameter (>1 µm)
fibers networks [11, 12]. The relationship between micro-fiber network architecture and cell
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differentiation remains poorly understood compared to the influence on cell morphology. For
example, while aligned micro-fibers can induce cellular organization toward ligament-like
morphologies, its correlation with expression of the ligament phenotype is not apparent.
Conflicting studies have suggested that both small and larger diameter fibers can enhance
expression of ligamentous markers. For example, one study showed that large diameter (1.80
µm) aligned fiber meshes increase expression of collagen types I, III, and V and tenomodulin by
human tendon fibroblasts compared to submicron diameter fibers [11]. A similar study reported
that large diameter (2.1 µm) fibers enhanced the expression of ligamentous markers such as
scleraxis by mesenchymal progenitor cells compared small diameter (0.50 µm) fibers regardless
of the network alignment [132]. Conversely in another study, the expression of tendon and
ligament markers collagen 1α1, decorin, and tenomodulin by MSCs were elevated on the
smallest (0.28 µm) diameter fibers compared to both intermediate (0.82 µm) and large (2.3 µm)
diameters, while micro-fiber orientation appeared to have no effect on expression of ligament
phenotypic markers [12]. As shown by these studies, the role of micro-fiber diameter and
orientation on cellular differentiation can be difficult to interpret due to the intrinsic coupling of
other factors, such fiber stiffness and chemistry.
The stiffness of biomaterial surfaces can directly influence cell adhesion, morphology,
and differentiation. Cell differentiation on both planar polyacrylamide gels [133] and micro-fiber
networks [134] can be influenced by surface moduli. Engler et al. demonstrated that MSC
differentiation under neurogenic, myogenic, and osteogenic culture conditions is enhanced on the
surfaces with the respective tissue-specific stiffness [133]. Similarly, Nam et al. fabricated
micro-fibers of two different stiffnesses through co-axial electrospinning [134]. Softer fibers (7.1
MPa) enhanced chondrocytic differentiation of mesenchymal progenitor cells (i.e., elevated
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glycosaminoglycan deposition, increased mRNA expression of SOX9, collagen type II, and
aggrecan) while stiffer fibers enhanced osteogenic differentiation (i.e., elevated ALP activity,
higher mRNA expression of RUNX2, ALP, and osteocalcin) under the respective differentiation
media conditions. Furthermore, cells on stiff fibers (30.6 MPa) were more spread and actin stress
fibers more pronounced, while on soft fibers cells appeared more rounded.
Previously discussed studies have focused on the differentiation of cells on the surfaces
of model electrospun micro-fiber networks. However, scaffolding materials for ligament tissue
engineering must support tissue development throughout the entire thickness. It has been
demonstrated that cells can infiltrate networks composed of fibers with diameters similar to cell
sizes (ca. 10 µm) [135], however these diameters may be too large to present contact guidance to
cells. In contrast, pore sizes from 0.1 to 0.6 µm – found in submicron diameter micro-fiber
networks – are well below the size that cells can infiltrate [13].
Many researchers have sought to improve cell infiltration by decreasing the overall fiber
density of the electrospun network. Most simply, patterned deposition targets have been utilized
to impede fiber deposition and generate meshes with regions of lower fiber density [136, 137].
For example, Vaquette et al. deposited micro-fibers on a porous deposition target to reduce
overall fiber network density. Regions of the network that contained low fiber densities
possessed average pore sizes of 20 µm compared to regions of high fiber density that averaged 5
µm [137]. Greater depth of cell infiltration (up to 250 µm) was observed in regions of low fiber
density; however the overall network was mechanically weaker due to reduction in fiber-fiber
contacts. Alternative approaches, such as fiber deposition onto concave targets [138] or
modulating electrostatic repulsion [139], can generate low density micro-fiber networks
structurally similar to a cotton ball. These uncompressed networks possess large interconnected
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pores that facilitate cellularization. However, the structure and mechanical characteristics of
these loose networks may be better suited for space-filling applications than for regeneration of
anisotropic tissues such as ligament.
Sacrificial porogens such as salts [14], ice [15, 16], and water-soluble fibers [17] have
also been incorporated into electrospun micro-fiber networks to reduce overall fiber density.
Incorporation of large porogens such as salt crystals (100-200 µm) [14] has improved cell
infiltration. However, non-uniform porogen distribution can disrupt mesh architecture and lead
to delamination. Alternatively, incorporation of ice crystals within the electrospun mesh – by
electrospinning in a humidified chamber onto a chilled (-30 to -70°C) mandrel – can result in a
more uniform spatial distribution of pores [15, 16]. In particular, Simonet et al. reported uniform
ice crystal formation and significant cell infiltration into networks of 0.9 µm fibers that were
collected on a -70 °C mandrel. Another approach is the incorporation of sacrificial fibers within
a micro-fiber network that can increase porosity without significantly disrupting the network
architecture. In one study, Baker et al. systematically varied the mass fraction of sacrificial PEO
fibers within PCL micro-fiber networks [17]. Networks that had contained upwards of 60% by
weight sacrificial materials exhibited significant cell infiltration without the disruption of mesh
integrity. It was observed that over 10% of the cells were found in the center of the network and
less than 50% remained in the outer region of the network after 21 days of culture. In
comparison, over 80% of the cells remained in the outer regions of networks that contained less
than 5% sacrificial fibers. However, network consolidation was observed at sacrificial fiber
weight percentages above 60% as the remaining micro-fiber density was too low to support
itself. Together, these studies demonstrate that space-filling porogens and sacrificial fibers can
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improve cell infiltration, but the primary challenges are distributing porogens uniformly and
preventing consolidation of the resultant mesh.

2.8.2. Hydrogels for Ligament Tissue Engineering
Hydrogel networks are a diverse class of biomaterials that have properties suitable for
engineering of several types of tissues including ligament [140]. Hydrogels utilized for soft
tissue engineering include synthetic materials, such as PEG [141, 142], polyvinyl alcohol [143],
and hydroxyethyl methacrylate [144], and naturally-derived materials that include collagen [145,
146], fibrin [147], silk [148], chitosan [149], and alginate [150].
Biocompatible synthetic hydrogels are typically biologically inert and therefore must be
modified to support cell adhesion, proliferation, and differentiation. For example, cell adhesion
peptides have been included in hydrogels [151, 152] to selectively enhance or inhibit cell
spreading and migration. In one particular study, Fittkau et al showed that enhancement of
adhesion and migration of microvascular endothelial cells (over vascular smooth muscle cells)
could be achieved by grafting the fibronectin-derived RGD and the laminin-derived YISGR
polypeptides to their hydrogels [152]. Separately, hydrogel networks can be tailored to contain
enzyme-cleavable sequences to permit cell manipulation that can facilitate cell infiltration.
Tailoring of degradation sensitivity toward specific matrix metalloproteinases (MMPs) [153] can
permit selective infiltration by certain cell types. For example, the incorporation of peptide
sequences that are cleaved by MMP-14 and MMP-9 have been shown to permit the selective
infiltration of vascular smooth muscle cells and fibroblasts, respectively [154].
Bioactive molecules such as growth factors and morphogens can be tethered to impart
bioactivity to synthetic hydrogel networks and guide tissue development. For example, the
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covalent tethering of TGF-β in a hydrogel network can promote chondrocytic differentiation of
MSCs [155]. Similarly, the immobilization of VEGF within a degradable hydrogel can enhance
endothelial cell mobility, the formation of cell-cell connections, and vessel formation [156].
Covalent tethering can be utilized to generate growth factor gradients within hydrogels that can
guide cell migration and organization. For example, hydrogels containing a gradient of FGF-2
induced fibroblast alignment and migration toward regions with a high FGF-2 concentration
[156, 157].
Naturally-derived hydrogel networks are composed of proteins such as collagen [145,
146], fibrin [147], and silk [148], along with polysaccharides such as chitosan [149], and alginate
[150]. Collagen and fibrin can self-assemble under mild conditions into fiber networks that are
similar in structure and size to native ECM. Further, collagen and fibrin contain a multitude of
cell-recognizable sequences such as adhesion sites [158, 159], degradation sequences [160], and
differentiation cues [161] that can regulate cell functions.
Collagen type I has been used widely as a natural hydrogel material for many tissues
including ligament due to its role as a major ECM structural component. Collagen type I readily
forms fibrillar networks when reconstituted under physiological temperature and pH [162]. Cells
can be readily encapsulated within these networks due to mild gel assembly conditions.
Remodeling of the collagen gel toward an organized, anisotropic tissue can be mediated by both
fabrication conditions and the activity of cells [163-165]. During collagen gelation, collagen
fibril orientation can be directed by shearing flow [166], strain [167], or applied electrical fields
[168]. However, the induced alignment during fabrication does not result in the hierarchical
organization of collagen. Cells must degrade and remodel the collagen network to bundle the
collagen molecules into larger fibrils and to deposit proteins such as decorin that enhance
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strength [169] and maintain hierarchical organization of the collagen network [170].
Furthermore, remodeling and degradation [171-173] and the deposition of additional ECM
proteins [174, 175] by cells may lead to the compaction of the collagen network and formation of
a hierarchically structured matrix that may recapitulate native tissue biomechanics.
Collagen fiber assembly is a multistep process that is driven primarily by hydrophilic
interactions of the collagen tri-peptide helices at neutral pH and physiological temperatures [176,
177]. After the initial aggregate formation, the collagen fibers assembly linearly, following by
their consolidation into thicker fibers [178]. The diameter of these collagen fibers is not
dependent on the concentration of the collagen solution, as higher concentration does not result
in greater average diameters but greater network density. However, variations in gelation
parameters such as pH, temperature, ionic strength, and concentration can more directly
influence the characteristics of the resulting collagen fiber networks [179]. For example, thinner
and longer fibers have been reported when the pH during self-assembly is increased from 6.0 to
9.0 [179, 180]. Regardless of assembly conditions, collagen gels exhibit distinct toe-in, linear,
and deformation regions under loading. Networks that are composed from greater fiber densities
and smaller diameters tend to be stiffer than their lower density and larger fiber counterparts
[179, 180]. Overall, unorganized collagen networks are mechanically weak (modulus of 5-25
kPa) [179] compared to electrospun micro-fiber networks (0.5-3 MPa) [181] and collagen
fascicles (500 MPa) [182]. This low resistance to deformation under tensile loads makes collagen
gels unsuitable as stand-alone scaffolds for replacement of ligament [183] and other fibrous
tissues. Despite this, collagen hydrogels have been used as scaffolding materials to support the
healing of non-critical sized ligament [22] and tendon defects [23]. Additionally, cellularized
collagen gels can be mechanically preconditioned to enhance material stiffness prior to
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implantation [20]. Mechanical preconditioning-induced remodeling in vitro may lead to better in
vivo outcomes, as demonstrated by greater maximum force, stress, stiffness, and modulus of
preconditioned collagen gels after 8 weeks in vivo in a rabbit model [21]. Additionally, culture of
fibroblasts within collagen gels that are uniaxially constrained leads to organization of the
collagen network during compaction [173, 174].
Fibrin is a fibrillar protein that is formed in vivo by the polymerization of fibrinogen by
thrombin during the coagulation cascade. In vivo, the fibrin clot functions as a barrier to stop
bleeding and as a scaffold to support healing [184]. Additionally, fibrin is a major component of
platelet rich plasma that has been utilized to supplement the native wound healing response of
damaged ligaments and tendons [185, 186]. Similar to collagen networks, fibrin can actively be
contracted and remodeled by cells [187] to produce ligament-like structures [188]. In addition,
fibrin contains heparin-binding domains that can sequester a variety of growth factors, including
members of the TGF-β, FGF, PDGF, and VEGF families [189]. Consequently fibrin gels have
found applications as cell carriers [147, 190] and in the regeneration of several tissues including
cartilage [191], ligament [188] and spinal cord [147].
While both collagen and fibrin gels have been used for many tissues, their low
mechanical stiffnesses under tension prevents their implementation as a standalone ligament
replacement. However, these naturally-derived hydrogel materials have advantages over
synthetic alternatives, including the ability to be manipulated by the cells due to their intrinsic
multifaceted biological cues.

2.8.3. Fiber/Hydrogel Composites
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Fiber networks that consist of fibers that range in scale from 500 nm nano-fibers to large
100 µm diameter rods can be combined with an interpenetrating hydrogel to generate
composites. These composites – that consist of large diameter fibers – are strong under
compression and are suitable for applications in tissues such as bone and cartilage. For example,
the addition of an interpenetrating hydrogel network to large diameter (18.5 µm)
polycaprolactone lattices significantly increased their compressive moduli (up to a 54 fold
increase) compared to the polymer lattices alone [192, 193]. Additionally, these networks can
exhibit enhanced tensile strength due to the presence of the fibers in the hydrogel network. For
example, Strange et al. fabricated PCL-fiber/alginate-hydrogel composites that exhibited
enhanced moduli (3-4 times greater) and greater strain to failure compared to alginate hydrogels
alone [194]. This is similar to what was observed by McMahon et al. who fabricated
polyurethane/PEG-fibrin composites that demonstrated enhanced strength compared to a PEGfibrin hydrogel alone [28].
Micro-fiber/hydrogel composites can be assembled through three main techniques:
layering or rolling of the micro-fiber network followed incorporation of a hydrogel network [28],
concurrent hydrogel incorporation during micro-fiber deposition [18], or the inclusion of sparse
micro-fibers within a hydrogel network [24]. Multilayered micro-fiber/hydrogel composites –
assembled by rolling or layering several micro-fiber layers – may be suitable for thick tissue
applications. The compositions of these composites are dominated by the micro-fiber component
and therefore exhibit mechanical characteristics to similar fiber networks. The hydrogel
component contributes resistance to deformation under small loads due to their viscoelastic
properties. However, these micro-fiber/hydrogel composites can possess high micro-fiber
densities that can impede cell infiltration. Consequently, cell proliferation is often limited to the

30

space between successive fiber layers [28, 29]. Alternatively, the incorporation of the hydrogel
component during micro-fiber network fabrication can reduce the overall fiber density and
prevent consolidation of the micro-fiber network. Several studies have shown that the deposition
of a space-filling hydrogel through electrospraying enhances cell infiltration versus traditional
electrospun micro-fiber networks [18, 19]. Most importantly, the retention of the hydrogel phase
prevents consolidation of the fiber network [18] unlike the incorporation of porogens or
sacrificial fibers [14, 17]. Furthermore, significant cell infiltration was observed when a microfiber/dermal-ECM composite was implanted in vivo [19]. In both of these studies, materials
without a space-filling hydrogel exhibited an extensive micro-fiber component that was
inhibitory to tissue formation until its degradation.
Building on the previous two discussed approaches (rolling of micro-fiber networks
followed by hydrogel injection, and co-electrospinning/electrospraying) for composite
fabrication, the further reduction in the volume fraction of the micro-fiber component could
result in materials that allow unrestricted tissue formation. In particular, the encapsulation of a
thin micro-fiber layer within a collagen hydrogel would allow for the dispersion of sparse-fibers
within a broader collagen hydrogel phase. Unlike the previous approaches that utilized thick
micro-fiber layers, these materials would be analogous to collagen hydrogel networks
supplemented with micro-fibers to impart guidance. This approach has been previously applied
toward lymphatic [25] and neuronal [24] tissue engineering. For example, endothelial cells
cultured in composites consisting of a low density of fiber exhibited higher aspect ratios than
cells within composites with a higher density of fibers [25]. In another study, composites were
fabricated with highly aligned PCL fibers within a collagen gel to guide the orientation and
migration of Schwann cells [24]. Cells migrated to and elongated along the fibers layers (10-20
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µm apart) in these composites. In both of these studies, micro-fibers provided topographical
guidance to align cell populations in an otherwise isotropic collagen network. A complementary
study by Ma et al. showed that cell generated strains can be transmitted and sensed within
fibrillar networks across several cell lengths [32, 195, 196]. This suggests that cells need not be
in physical contact with the micro-fibers to sense their effect of scaffold mechanics, and thus
sparse fiber networks may impart guidance cues to affect the morphology and phenotype of cells
within the hydrogel phase.

2.9. Signals
Mesenchymal stem cells can be directed toward a target phenotype through
supplementation of the culture media with various trophic factors such as cytokines, growth
factors, and morphogens. These factors modulate cell proliferation, differentiation, and migration
and are involved in physiological processes that include tissue development, healing and
remodeling. Some cell phenotypes such as bone or cartilage can be achieved utilizing wellcharacterized growth factors and morphogens such as FGF-2, TGF- β2, and BMP-2, -4, -6, -7 for
bone [197-199] and TGF-β1, -β3, BMP-6, and IGF-1 for cartilage [200, 201]. However, specific
combinations of factors conducive to MSC differentiation into ligament fibroblasts have not been
elucidated. While ligament fibroblast differentiation can be achieved with alternative approaches
such as MSC co-culture with tenocytes [202], the exact trophic factors involved remains unclear.
Promising candidates include FGF-2, -4, and -8 [70], GDF-5, -6, and -7 [74], and TGF- β [72,
73] which are expressed at the leading edge of the joint during embryonic development.
Additionally, growth factors such as FGF-2, PDGF, IGF-1, VEGF, TGF-β are deeply involved in
the wound healing cascade of damaged tissues including ligament [86]. Therefore, the
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differentiation of MSCs toward a ligament fibroblast phenotype may be guided through the
presentation of these factors to cells seeded within a scaffolding material.

2.9.1. Incorporation of Growth Factors and Morphogens into Scaffolds
Growth factors and morphogens can be incorporated in scaffolding materials through
blending, adsorption, or covalent bonding (Figure 2.5). Availability of these proteins are
dependent both the mode of presentation and the mechanism of protein release. For example, a
protein blended into the scaffold bulk is not immediately available to the cells, and is only
released after the material begins to degrade. Conversely, non-chemical linking of a protein –
such as through surface adsorption or association with a hydrogel – facilitates immediate
availability, but risks a short burst release. Finally, surface conjugation via covalent bonding
ensures long-term presentation of growth factors and morphogens to cells, but requires that 1)
the proteins are tethered in the appropriate orientation to facilitate receptor-mediated adhesion
and 2) downstream signaling does not require internalization of the protein/receptor complex.

Figure 2.5: Various approaches for growth factor incorporation on fiber surfaces
Blend-incorporation of growth factors or morphogens into foam scaffolds [203, 204],
microspheres [205], and electrospun fibers [206] has been described previously. These blended
materials often exhibit a burst release followed by a slow sustained release of the protein.
However, cells cultured on these materials exhibit only a short-term response to the released
factors [203, 204]. Additionally, concern exists that the blending of growth factors and
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morphogens into polymer solution – that contains organic solvents – may lead to protein
denaturation [207]. Similarly, growth factors and other proteins can be incorporated within the
aqueous core of core-shell electrospun fibers generated through a co-axial electrospinning
technique [206, 208, 209]. The encapsulated growth factor in the core has been shown to be
released over time and to exhibit increased bioactivity compared blend-incorporated growth
factors [210]. Alternatively, blend [30, 31] or co-axial [211] electrospinning techniques have
been utilized to fabricate fibers containing an amine or carboxyl containing surface layer onto
which proteins can be adsorbed or conjugated.
Chemical conjugation can be utilized to conjugate growth factors and morphogens to
surfaces for their long-term retention. Common conjugation chemistries involve tethering a
primary amine, carbonate, or thiol group on the protein to a primary amine or carbonate on
scaffold surfaces [212, 213]. Examples include that of Shen et al., who tethered VEGF to a
collagen to enhance the infiltration and proliferation of endothelial cells [214]. In another study,
epidermal growth factor (EGF) was conjugated to PCL/amine-terminated-PEG fibers to enhance
expression of dermal markers keratin-1 and loricrin in vitro and healing of diabetic lesions in
vivo [31]. A similar study by Cho et al. tethered nerve growth factor (NGF) onto blended
PCL/amine-terminated-PEG fibers to enhance expression of neurogenic markers nestin, tubulin
βIII, and map2 [30].
Growth factor adsorption to the scaffold surfaces has been utilized to decouple protein
release rates from the scaffold degradation rates. The simple adsorption of growth factors and
morphogens is driven by the Vroman effect, where the initially adsorbed growth factors remain
on the surface until replaced by a protein with a greater affinity [215, 216]. Alterations to the
surface chemistry can improve long-term retention and conformation preservation of growth
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factors. For example Shen et al. used plasma treatment to incorporate anionic charges on the
surfaces to enhance FGF-2 binding adsorption, and reported release over a week on treated
surfaces (compared to no release from untreated surfaces due to no absorption) [214].
Alternatively, the incorporation of a heparin layer to surfaces followed by ionic absorption of
growth factors or morphogens has been shown to enhance growth factor retention and
presentation [217-219]. In one study, Yoon et al. showed enhanced endothelial cell proliferation
in response to FGF-2 adsorbed to heparin-coated porous scaffolds [219]. In another study, Li et
al. utilized PDGF released from heparin-coated polyurethane scaffolds to enhance the healing of
rat skin wounds [218]. In a third study, Jeon et al. demonstrated that heparin-immobilization can
permit sustained release of affinity bond BMP-2 to support the formation of bone as indicated by
elevated ALP activity and mineral deposition compared to cells grown on scaffolds without a
heparin component [217].

2.10. Cells
Cells are a major component of the tissue engineering paradigm and serve a critical role
in the remodeling of a scaffolding material and the deposition of organized ECM that
recapitulates native tissue function. For a ligament tissue application, suitable cells must be able
to differentiate toward a ligament fibroblast lineage, generate a matrix rich in collagen type I to
recapitulate native ACL microstructure, and be compatible with the immune system of the
patient. More specifically, the cells must synthesize an ECM and remodel it into hierarchically
structured collagen fascicles that are strong under tension and resilient under repeated loading.
Additionally, the cells must facilitate the integration of the scaffolding material with the tibia and
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femur for complete healing. Current cell options include patient-originated tissue explants, stem
cell aspirates, and immortalized cell lines.
Terminally differentiated fibroblasts can be derived from the ACL, MCL, Achilles, or
patellar tendon of the patient through tissue explants [220]. These differentiated fibroblasts
express factors that can directly guide the differentiation of co-cultured stem cells [221, 222].
Additionally, these fibroblasts can deposit ECM with composition similar to native ligaments.
However, their proliferation rate is slow and diminishes significantly after a few passages [223].
Alternatively, MSCs can be obtained from explants of the patient’s bone marrow or
adipose tissue [224]. MSCs have been extensively used in tissue engineering applications due to
their ability to differentiate into the multiple phenotypes found in the knee joint including
chondrocytes, osteoblasts, and fibroblasts [225-228]. Additionally, MSCs can proliferate
extensively and remain pluripotent across several passages [223]. Therefore the incorporation of
MSCs may facilitate the integration of the construct with the tibia and femur and regeneration of
the ligament-to-bone transition region.
Comparisons between both ACL- and MCL- derived fibroblasts and MSCs reveal that the
terminally differentiated fibroblasts proliferate slower [223] and deposit less collagen type I per
cell compared to MSCs on tissue culture polystyrene [111, 223]. Studies on fibrous scaffolding
materials reveal that MSCs may deposit a more ligament-like ECM and proliferate much more
rapidly than their ligament-derived fibroblast counterparts [229]. For these reasons, MSCs may
be more suitable for ligament engineering applications than primary ligament fibroblasts.
However, the co-culture of MSCs with primary ligament fibroblasts has shown an ability to
enhance MSC differentiation for tissue engineering applications [222, 230].
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Finally, immortalized and transformed cells have potential in ligament tissue engineering.
Presently, immortalized cell lines including, the fibroblastic NIH 3T3 [119] or the mesenchymal
progenitor C3H10T1/2 [134] can be utilized as tools for understanding how cells respond to
materials and begin to generate a tissue. However, the clinical application of these immortalized
cell lines is not attractive due to safety concerns associated with their genetically altered state,
their fate in vivo, and potential immunogenic responses. Currently the Apligraft ® [231] is the
only FDA-approved product using derived fibroblasts for the healing of venous leg and diabetic
ulcers [232]. Nevertheless, research is ongoing to develop safe patient-derived cell lines for the
generation of tissue constructs. For example, induced pluripotent stem cells that have recently
been derived from the reprogramming of isolated skin fibroblasts [233] and have shown promise
for the regeneration of periodontal ligament [234].
2.11. Summary
The previous sections discussed the various aspects of the tissue-engineering paradigm as
it relates to ligament. The generation of scaffolding materials such as micro-fiber/hydrogel
composites that can provide stimuli that is necessary to guide mesenchymal stem cell
populations to generate a functional tissue. The next 5 chapters will discuss efforts to generate
these scaffolding materials to provide stimuli to the resident cells.
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3.1. Abstract
Electrospun meshes suffer from poor cell infiltration and limited thickness, which restrict
their use to thin tissue applications. Herein, we demonstrate two complementary processes to
overcome these limitations and achieve elastomeric composites that may be suitable for ligament
repair. First, C3H10T1/2 MSCs were incorporated into electrospun meshes using a hybrid
electrospinning/electrospraying process. Second, electrospun meshes were rolled and formed
into composites with an interpenetrating polyethylene glycol (PEG) hydrogel network. Stiffer
composites were formed from poly(lactic-co-glycolic acid) (PLGA) meshes, while softer and
more elastic composites were formed from poly(ester-urethane urea) (PEUR) meshes. As-spun
PLGA and PEUR rolled meshes had tensile moduli of 19.2 ± 1.9 and 0.86 ± 0.34 MPa,
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respectively, which changed to 11.6 ± 4.8 MPa and 1.05 ± 0.39 MPa with the incorporation of a
PEG hydrogel phase. In addition, cyclic tensile testing indicated that PEUR-based composites
deformed elastically to at least 10%. Finally, C3H10T1/2 cells incorporated into electrospun
meshes survived the addition of the PEG phase and remained viable for up to 5 days. These
results indicate that the fabricated cellularized composites are support cyclic mechanical
conditioning, and have potential application in ligament repair.

3.2. Introduction
Over 200,000 surgeries are performed each year in the United States to treat anterior
cruciate ligament (ACL) injuries [10]. Autografts, from the patient’s patellar or hamstring
tendon, or allografts from cadaveric sources are presently the top candidate materials for ACL
replacement [235]. However, autografts suffer from limited tissue availability and donor site
complications (e.g., pain, muscle atrophy, inflammation [236]), while allografts risk disease
transmission [237] and immunogenic response [238], along with undermined mechanical
properties and recellularization potential due to processing and storage conditions [239].
Engineered ligament tissues have the potential to overcome the donor site complications of
autografts and immune response and disease transmission risks of allografts. However, the
primary challenge with achieving a functional engineered ligament is the fabrication of a robust
porous biomaterial scaffold that supports cell infiltration, proliferation, and ECM (ECM)
organization.
Fibrous biomaterial scaffolds have been investigated for ligament repair due to their
favorable architecture. Braiding [240, 241] and weaving [242] techniques have been used to
achieve mechanical characteristics similar to those of native ligament. However, conventional
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filaments for braiding and weaving – produced by wet- or melt-spinning processes – are typically
larger than cells (>20 µm diameter) and may not present surface topographies that guide cell
alignment and the organization of secreted collagens into aligned fibers.

In contrast,

electrospinning creates fibrous meshes with topographies that are similar to that of native ECM
and can induce alignment of adherent cells [243]. This fabrication technique, however, produces
relatively thin meshes (typically less than 1 mm) that are difficult for cells to infiltrate [244].
This poor infiltration is due to small overall pore size in electrospun meshes resulting from the
micron-sized fiber diameters [245]. Physical porogens including sacrificial fibers [17, 246],
dissolvable salts [14], or ice crystals [15] have been used to introduce large pores and improve
cellular infiltration. Even with the inclusion of such porogens, cellular infiltration to depths of a
few hundred microns requires several weeks [17]. Alternative approaches, such as altering fiber
diameter [135, 246], mesh porosity [138] or introducing micro-patterns into the mesh [137], have
resulted in increased overall mesh pore size and improved cellular infiltration but at the expense
of mechanical strength [15, 17].

Electrospraying cells concurrently with electrospun fiber

deposition can eliminate the need for porogens [27, 247]. Previously, cellularized meshes
created in this manner have shown promise for vascular grafts [248] and bone [249]; however,
this technique has not been extended to ligament applications.
Electrospinning produces thin meshes with large lateral dimensions that are well-suited
for skin [250] and vascular applications [251], but have limited applicability for threedimensional tissues (e.g., muscle, tendon, ligament, peripheral nerve). One approach for forming
thick electrospun meshes is by rolling [252, 253] or stacking of meshes [29]. These layers can
then be bonded together by introducing a macromolecular solution such as polyethylene glycol
(PEG) diacrylate or fibrinogen that is then polymerized in situ to form an interpenetrating
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hydrogel network [28, 254]. For this study, we chose to use PEG as the hydrogel network due to
its highly tunable properties. The degradation rate of the PEG network can be varied by the
incorporation of specific enzyme-targeted peptide sequences [153] and mechanical
characteristics can be controlled by varying the monomer molecular weight, concentration, and
network cross-linking density [255, 256]. Further, PEG networks are highly elastic which is
suitable for ligament applications [255] where the resulting composites will undergo cyclic
loading.
The overall goal of this project was to construct and characterize cellularized elastomeric
composites that can support cyclic mechanical loading and cell viability. In the first set of
studies, meshes – electrospun from either poly(lactic-co-glycolic acid) (PLGA) or poly(ester
urethane) urea elastomer (PEUR) – were rolled, injected with a PEG diacrylate (PEGDA)
solution and cross-linked in situ to form acellular composites. Bonding of layers was assessed
by scanning electron microscopy (SEM) and the effect of the hydrogel on mechanical properties
was determined via tensile testing. In the second set of studies, cellularized meshes – fabricated
using a hybrid electrospinning/electrospraying process – were formed into cellularized
composites. Cell viability in planar meshes was assessed by metabolic assays, and cell density in
cylindrical composites was determined by DNA quantification and fluorescence imaging.

3.3. Materials and Methods
3.3.1. Materials
An 85:15 (w/w) PLGA with an inherent viscosity of 0.55-0.75 was purchased from
Lactel Absorbable Biopolymers (Birmingham, AL). PEGDA (3400 Da) was purchased from
Glycosan Biosystems (Salt Lake City, UT). Fetal bovine serum (FBS) was purchased from
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Gemini BioProducts (West Sacramento, CA). The antibiotic/antimycotic and 4',6-diamidino-2phenylindole (DAPI) were purchased from Life Technologies (Grand Island, NY). Dimethyl
sulfoxide (DMSO), 1,1,1,3,3,3-hexafluoro-2-propanol (HFIP), Igracure 2959, Dulbecco's
modified Eagle’s medium (DMEM), and phenol red-free Eagle’s medium were purchased from
Sigma-Aldrich

(St.

Louis,

MI).

MTT

reagent

(3-(4,5-dimethylthiazol-2-yl)-2,5-

diphenyltetrazolium bromide) was purchased from MP Biomedicals (Solon, OH). Dulbecco’s
phosphate-buffered saline (PBS) was purchased from Mediatech, Inc. (Manassas, VA). Optimal
Cutting Temperature (OCT) embedding compound was purchased from Tissue Tek (Torrance,
CA).

3.3.2. Polyurethane Synthesis
A segmented degradable PEUR was synthesized using a standard two-step technique as
described previously[257]. Briefly, 1,6 diisocyanatohexane (HDI) was first reacted with poly (εcaprolactone) (PCL) diol (2000 Da) in a three-neck, round bottom flask at 75 °C purged with
argon. The NCO:OH equivalent ratio was 2.0:1.0. Dibutyltin dilaurate (DBTDL) was added as
a catalyst to the flask at 1000 ppm and the reaction was allowed to proceed for 3 hours to
produce a NCO-capped linear pre-polymer. For chain extension of the pre-polymer, a solution
of 1,4 diaminobutane in dimethyl sulfoxide (DMSO) was prepared at 50 °C and added to the
HDI:PCL2000:HDI pre-polymer in the reaction vessel. The NCO:OH equivalent ratio of the
polyurethane was 1.03:1.0. DBTDL was added again at a concentration of 1000 ppm and the
reaction was allowed to proceed at 80 °C for 20 h. The polymer was then precipitated with
diethyl ether and dried in a vacuum oven at 80 °C for 24 h at 10 mmHg.
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3.3.3. Electrospinning and Assembly of Cylindrical Composites
Electrospun meshes were fabricated through a hybrid electrospinning/electrospraying
process and formed into composites through the addition of a hydrogel network. Briefly, a
95%/5% (w/w) PLGA/PEGDA or 95%/5% (w/w) PEUR/PEGDA polymer mixture was
dissolved in HFIP to a final polymer/solvent concentration of 11%/89% (w/w) and stirred
vigorously overnight at room temperature. (Here, PEGDA was included in the electrospinning
solution to reduce the hydrophobicity of the electrospun fibers, improve interpenetration of a
PEG hydrogel phase, and facilitate fiber/hydrogel bonding.) The polymer solution was loaded
into a 10 mL plastic syringe and capped with a 22 gauge stainless steel needle. PBS was loaded
into another 10 mL syringe, and the two syringes were placed orthogonally to each other,
targeted at a slowly rotating, aluminum foil-covered, grounded mandrel. The polymer solution
was electrospun at a throw distance of 23 cm, flow rate of 5 mL/h and a +15 kV potential.
Concurrently, the PBS was electrosprayed at a throw distance of 3.5 cm, flow rate of 6 mL/h and
a +8.5 kV potential (Figure 3.1).

The dual electrospinning/electrospraying process was

performed for 30 min at room temperature.

Electrospraying
Syringe
Electrospinning
Syringe
Rotating
Mandrel

43

Figure 3.1: Hybrid electrospinning/electrospraying set up. A polymer solution (black) is
electrospun from the syringe on the right. At the same time a cell solution (red) is electrosprayed
from the syringe above. The shorter throw distance for electrospraying results in a narrower
region of the rotating mandrel (center) that is covered with cells than with fibers.

After removal from the mandrel, meshes were immediately rolled into cylinders and the
layers bonded with a cross-linked PEG hydrogel network (Figure 3.2). Briefly, meshes were cut
to dimensions of 6 cm by 2.5 cm and removed from the aluminum foil backing. A single mesh
was then rolled around a 0.7 mm diameter stainless steel K-wire (IMEX Veterinary, Inc.,
Longview TX), creating a rolled mesh (~2.5 cm long and ~2.5 mm in diameter). The rolled
mesh was then placed inside a 4 mm (I.D.) borosilicate glass tube, injected with a 20% w/w
PEGDA in PBS containing 0.26% w/w Igracure 2959 photoinitiator, and exposed to ultraviolet
light for 5 min to cross-link the PEG hydrogel network. After cross-linking, the resultant
acellular composite was removed and washed with excess PBS to remove residual monomer and
photoinitiator.

Figure 3.2: Process for assembling cylindrical composites. (a) Mesh is rolled around a
K-wire. (b) Rolled mesh is placed into a glass tube and a PEGDA solution injected via syringe
(c). Mesh is exposed to UV light to cross-link PEGDA. (d) Resultant cylindrical composite is
~2.5 cm in length, ~2.5 mm in diameter.
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3.3.4. Scanning Electron Microscopy
Electrospun meshes (that had been rolled into cylinders) and cylindrical composites were
imaged by SEM. Briefly, rolled meshes and composites were cut transversely, mounted onto
studs, sputter coated with a 20 nm layer of palladium (Model 208HR; Cressington Scientific
Instruments, Cranberry, PA), and imaged using a LEO 1550 Field Emission SEM (Carl Zeiss
SMT, Thornwood, NY) operating at 5 kV with a 10 mm working distance.

3.3.5. Monotonic and Cyclic Mechanical Testing
Electrospun meshes (that had been rolled into cylinders) and cylindrical composites were
mechanically tested under monotonic and cyclic strain in the axial direction using a
pneumatically-powered horizontal tensile tester (Tytron 250, MTS Systems, Eden Prairie, MN).
Briefly, samples were incubated overnight in PBS at room temperature to ensure complete
wetting. Next, samples were clamped between two pieces of rubber band in custom-made grips
and the diameter and gauge length measured. For monotonic testing, samples were strained to
failure at a rate of 10% per min at in a PBS bath at room temperature. Force and displacement
data were collected and the elastic modulus of each sample was calculated from a regression of
the linear region (1-2% strain for the PLGA meshes, 4-7% for the PEUR meshes). For cyclic
testing, the samples were preloaded to 100 mN to exit the toe-in region. At this point, a new
gauge length was measured and the samples were stretched to 10% strain for 50 cycles at rates of
either 10%/min (0.0083 Hz) or 600%/min (0.5 Hz) in a PBS bath at room temperature. Cyclic
testing data were used to characterize changes in the material properties with repeated strain.
Percent work loss (defined as the percent difference between the areas under the elongation and
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relaxation curves) was determined for the first, tenth and fiftieth cycles. Percent change in stress
at maximal elongation was determined for the tenth and fiftieth cycles relative to the first cycle.

3.3.6. Fabrication of Cellularized Meshes and Cylindrical Composites
Cell studies were performed using the C3H10T1/2 mouse MSC line (ATCC, Manassas,
VA). Cells were maintained in growth medium (DMEM supplemented with 10% FBS and 1%
antibiotic/antimycotic) in a 37 °C, 5% CO2, and humidified incubator. When cells reached
approximately 70% confluency, they were lifted with trypsin/ethylenediamine tetraacetic acid
(EDTA) (Invitrogen, Grand Island, NY) and re-plated at a density of 105 cells per 100 mm
culture dish.
Cellularized electrospun meshes were prepared identically to acellular meshes, except a
3×106 cells/mL suspension (in phenol red-free growth medium) was used in place of PBS. The
cell suspension was transferred to a sterile syringe with a 22 gauge needle and electrosprayed
onto the rotating mandrel in conjunction with the deposition of PLGA/PEGDA or
PEUR/PEGDA fibers. Electrospun meshes were removed from the mandrel and cut into 6 cm by
2.5 cm pieces. PLGA-based cellularized pieces were cultured in 100 cm dishes for up to 5 days
with medium changes every 2 days.
PEUR-based cellularized pieces were formed into cylindrical composites as described
previously. Cellularized cylindrical composites were rinsed with excess sterile PBS to remove
residual solvent, photoinitiator, and unreacted PEGDA and placed in growth medium. After 2 h,
the medium was replaced with fresh growth medium. Thereafter, composites were cultured
statically with medium changes every 2 days. At days 0, 1, and 5 samples were collected, rinsed
twice in PBS and cut in half transversely. One half was transferred to 350 µL of cell digestion
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buffer (100 mM NaCl, 10 mM Tris-HCl, 25 mM EDTA, 0.5% SDS, and 0.1 mg/mL proteinaseK) and stored at -80 °C for DNA quantification. The other half was placed in 4% neutral
buffered formalin (NBF) and fixed overnight for histological analysis.

3.3.7. Metabolic Activity Assay
Metabolic activity of cells in electrospun PLGA meshes was assessed 1, 3, and 5 days
post-electrospraying. Briefly, samples were removed, rinsed with PBS, and placed in 1 mL of a
0.5 mg/mL MTT reagent solution. Meshes were then incubated for 4 h, washed in PBS, and
examined for accumulation of purple formazan salt deposits.

3.3.8. DNA Quantification
DNA content of cylindrical PEUR-based composites were quantified using the Quant-iT
PicoGreen kit (Invitrogen, Grand Island, NY) according to manufacturer’s instructions. Frozen
samples were thawed, minced and sonicated for 10 seconds to disrupt the cylindrical composites,
and incubated at 55 °C for 4 h to digest the cells. The lysate solution was then centrifuged, and
the supernatant diluted at 1:20 in TE buffer (10 mM Tris HCl and 1 mM EDTA).

The

supernatant was mixed with an equivalent volume of Quant-iT PicoGreen dsDNA reagent (1:200
dilution in TE buffer) and the fluorescence measured with a SpectraMax M2 plate reader
(Molecular Devices, Sunnyvale, CA). Fluorescence data were converted to DNA mass using a
set of lambda DNA standards and normalized by the mean DNA content immediately postfabrication (Day 0).

3.3.9. Histological Staining
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Histological staining was performed to visualize the cellular distribution within the crosssections of PEUR-based composites. Briefly, samples that had been fixed overnight in NBF
were rinsed with PBS and transferred to a 20% sucrose solution for 4 h at 4°C and then frozen in
OCT embedding compound at -80 °C for cryosectioning. Sections of 10 µm thickness were cut
transversely from the composites using a Microm HM 550 cryostat at -20 °C (Thermo Scientific,
Waltham, MA) and stained with a 1 µg/mL DAPI solution in VectaStain mounting medium
(Vector Labs, Burlingame, CA). The stained cross-sections were imaged with an inverted Leica
DM IL microscope (Leica Microsystems, Buffalo Grove, IL) under a fluorescent field with a
UV/blue band-pass filter for nuclei distribution.

3.3.10. Statistical Analysis
Statistical significance was determined using a one-way ANOVA and a Tukey–Kramer
post-hoc test (JMP 10.0, SAS Institute Inc., Cary, NC) for the DNA assays, elastic modulus, and
energy loss. A one-way ANOVA with a Dunnett’s method post-hoc test was performed to
evaluate changes in maximum stress. A p-value of less than 0.05 was considered statistically
significant. Sample sizes were n = 3 for monotonic and cyclic tensile testing, and n = 6 for DNA
assays.

3.4. Results
The overall goal of this project was to demonstrate that cellularized elastomeric
composites – that can support uniaxial cyclic strain and cell viability – can be fabricated by a
two-step process. In the first set of studies, PLGA and PEUR meshes were electrospun, rolled
into cylinders, and stabilized with an interpenetrating PEG hydrogel. SEM images of cross-
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sections of rolled meshes (without a hydrogel phase) indicated layers of roughly 100 µm
thickness separated by narrow gaps (Figure 3.3a). These gaps disappeared with the addition of a
hydrogel phase (Figure 3.3b) suggesting that the PEG hydrogel network had penetrated and
bonded the adjacent electrospun layers. (Incorporation of 5 wt% PEGDA into the PLGA and
PEUR electrospinning solutions facilitated the bonding process, because when it was omitted the
hydrogel was not uniform and composites could be easily unrolled (data not shown).)

(a)

(b)

Figure 3.3: SEM images of the cross-sections of (a) a rolled mesh (without a PEG
hydrogel) and (b) a cylindrical composite (with a PEG hydrogel). Scale bar corresponds to 500
µm.

Next, mechanical testing was performed to determine the effect of the interpenetrating
PEG hydrogel on the mechanical properties of composites. Monotonic testing of rolled PLGA
meshes (no hydrogel) indicated a minimal toe-in region (< 0.5% strain) and a tensile modulus of
19.2 ± 1.8 MPa (in the linear region between 0.5 and 1% strain) (Figure 3.4a). By comparison,
the toe-in region was larger for rolled meshes of PEUR fibers, and the tensile modulus (in the
linear region between 11 and 15% strain) was 0.86 ± 0.34 MPa (Figure 3.4b). Incorporation of
the PEG hydrogel resulted in a 21% increase in tensile moduli of the PEUR-based material (to
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1.05 ± 0.39 MPa) and a 40% decrease in the PLGA-based material (to 11.6 ± 4.8 MPa). Strain at
failure occurred beyond 50% strain in all scaffolds.

Figure 3.4: Representative stress-strain curves for (a) PLGA and (b) PEUR meshes.
Rolled meshes were prepared without a PEG hydrogel, while cylindrical composites were
bonded with a PEG hydrogel.
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Figure 3.5: Representative stress-strain curves of the 1st, 10th, and 50th cycle of
cyclically tested PLGA-based rolled cylinders at 0.0083 Hz (a) and 0.5 Hz (c), and cylindrical
composites at 0.0083 Hz (b) and 0.5 Hz (d).

The materials were cyclically strained to 10% elongation at 0.0083 Hz and 0.50 Hz. Both
the rolled and composite PLGA- and PEUR-based materials exhibited large hysteresis loops in
their first cycle (Figure 3.5 and 3.6) with energy losses of 37-44% and 21-32% respectively
(Table 3.1), consistent with fiber breakage and permanent deformation of the meshes.
Subsequent hysteresis loops were smaller and energy losses in the tenth and the fiftieth cycles
were not significantly different for any of the materials tested (Table 3.1).
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In addition,

relaxation curves of the PLGA- and PEUR-based materials at the fiftieth loading cycle were
concave-up, consistent with viscoelastic behavior.

When cyclically strained at physiologic

frequencies (0.5 Hz), PEUR-based materials exhibited smaller energy losses (10.3% ± 0.3% for
the fiftieth cycle) compared to their PLGA-based equivalents (28.8% ± 6.0% for the fiftieth
cycle). The decrease in energy loss over the cycles is consistent with relaxation of molecular
entanglements and a decrease in water content of the composite. Concurrently, maximum stress
(recorded at maximum elongation) decreased systematically with increasing cycle of strain
(Figure 3.5 and 3.6), which is consistent with fibers breakage, relaxation of molecular
entanglements, and water expulsion. In particular, maximal stress decreased 17 ± 2.4% and
6.8% ± 2.7% for PLGA- and PEUR-based composites, respectively, from the first to the fiftieth
cycle (Table 3.2). Lastly, PLGA-based samples exhibited negative stresses in their hysteresis
curves when they were returned to 0% strain (Figure 3.6). This stress is consistent with the
compression of plastically deformed materials.

Table 3.1: Percent work loss of the 1st, 10th and the 50th cycle of PLGA- and PEURbased samples. Data is the mean ± standard deviation for n=3 samples. Asterisks denotes
statistically significant difference between a pair of samples.
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Figure 3.6: Representative stress-strain curves of the 1st, 10th, and 50th cycle of
cyclically tested PEUR-based rolled cylinders at 0.0083 Hz (a) and 0.5 Hz (c), and cylindrical
composites at 0.0083 Hz (b) and 0.5 Hz (d). Vertical line represents the end of the preload.

Table 3.2: Percent change in maximal stress of the 10th and 50th cycle relative to the 1st
cycle of PLGA- and PEUR-based samples. Data is the mean ± standard deviation for n=3
samples. An asterisk indicates that the change is statistically significant.
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In the second set of studies cells were incorporated into PLGA and PEUR meshes by
electrospraying.

MTT assays revealed the survival of cells in planar meshes through the

accumulation of formazan salt (purple) that appears as a dark band in the middle of the meshes
(Figure 3.7a). (This band resulted from keeping the electrospraying spinneret stationary and
using a 3.5 cm throw distance.) Separately, control studies were performed to assess the effect
of the electrospraying process on cell viability. Electrosprayed cells – seeded at 2×103 cells/cm2
and expanded for 7 days – showed similar metabolic activity to untreated cells (Supplementary
Figure 1). Next, cell seeded PEUR meshes were processed into composites and characterized for
nuclei distribution and DNA content. DAPI-stained cross-sections indicated the presence of
cells immediately post-fabrication and after 1 and 5 days of static culture (Figure 3.7b-d). Cells
were distributed across several electrospun mesh layers; however some layers contained no cells.
This inhomogeneity may be due to the cells being sprayed as clusters. Quantification of DNA
within the composites was consistent with a maintenance of overall cell number from postfabrication to day 1 and a modest decrease by day 5 (Figure 3.8); however, differences in cell
number were not statistically significant.

Together, these results show that cells can be

distributed within meshes and composites without the need for porogens and that these cells
remain metabolically active for at least 5 days.
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(a)

(b)

Day 1
Day 3
Day 5

(c)

(d)

Figure 3.7: (a) Formazan salt distribution on PLGA meshes containing electrosprayed
cells. Scale bar: 0.5 cm. Representative DAPI stained cross-sections of PEUR cylindrical
composites at (b) Day 0, (c) Day 1, and (d) Day 5 post-fabrication. Cell nuclei stained blue.
Scale bar corresponds to 100 µm.
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Figure 3.8: DNA content of and composite PEUR-based cylindrical composites
immediately after fabrication and after 1 and 5 days of static culture. DNA contents are
normalized by post-fabrication contents. Error bars corresponds to the standard deviation of
n=4-6 samples.

3.5. Discussion
The goal of this study was to demonstrate that cellularized elastic cylindrical composites
for ligament tissue engineering can be prepared by a two-step process involving 1) incorporation
of cells into electrospun fiber meshes by co-electrospraying and 2) bonding of rolled meshes
with an interpenetrating PEG hydrogel. Live cells were incorporated within both electrospun
PLGA and rolled PEUR-based composites and remained viable for at least five days based on an
MTT metabolic activity assay. Separately, SEM images showed a contiguous cross-section
consistent with bonding of adjacent layers, while monotonic tensile testing of cell-free
composites indicated modest changes in tensile modulus with the addition of the hydrogel phase.
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Finally, cyclic testing showed that PEUR-based composites exhibited lower energy losses and
smaller decreases in maximal stress as compared to PLGA-based composites. Together these
results suggest that PEUR-based composites can support in vitro cyclic tensile conditioning of
MSCs and aid development of an engineered ligament tissue.
The two-step process used in this study was designed to overcome two limitations
intrinsic to electrospinning: the narrow range of mesh thickness (typically 0.1-1 mm) and the
inability for cells to migrate into meshes. To overcome the limited mesh thickness, the approach
of rolling meshes and then bonding the layers together with a PEG hydrogel [28, 258] was used
(Figure 3.3b). In this study the hydrogel component appears to serve primarily to hold together
the adjacent electrospun layers as the tensile modulus of PLGA-based materials decreased with
the addition of PEG, and the tensile modulus of PEUR-based materials increased by only 21%
(Figure 3.4). To overcome limited cell infiltration – which is marked by a dense layer of cells
on

the

surface

with

minimal

growth

in

the

interior

[259]

–

a

hybrid

electrospinning/electrospraying process [27] was adopted. In particular, electrospraying was
performed with a low voltage potential [247, 260] and limited exposure to electrospinning
solvents [27, 248] to ensure cell survival. Under such conditions previous researchers have
reported high cell viability and retained capacity for differentiation of stem cells [27, 247, 260].
Nevertheless, because this process can result in the death of some cells, we performed a control
study (in the absence of electrospinning PLGA or PEUR) to confirm that our electrospraying
conditions did not undermine cell viability or proliferation. Thus, the novelty of this study was
the integration of two complementary procedures to achieve 2.5 mm diameter composites with
cells distributed throughout (Figure 3.6b-d). Further, the entire process takes less than an hour,
which may allow it to be incorporated as a component of a larger clinical procedure.
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While the formation of electrospun fiber/hydrogel composites for tissue engineering
applications is a relatively new strategy, it has been described previously for cartilage [258],
vascular [28, 254], and soft tissue [19] applications. To the best of our knowledge, though, this
is the first description of its use for ligament tissue applications. Nevertheless, the mechanical
properties of our materials trend closely with those studies. In particular, Hong et al., who
combined PEUR (the same type used in this study) with different amounts of digested dermal
ECM (dECM), reported systematic decreases in ultimate tensile strength (from 187 to 80 kPa)
with increasing dECM content [19]. Similarly, McMahon et al. who combined PEUR (based on
a 1,3-propanediol bis(4-aminobenzoate) chain extender) reported a 50% decrease in modulus (to
0.48 MPa) and a 55% decrease in ultimate tensile strengths (to 0.32 MPa), of their rolled
electrospun PEUR meshes when they were combined with a PEG-fibrin hydrogel [28]. Similar
to those studies, a 40% decrease in the modulus (to 11.6 MPa) was observed in this study when
PLGA meshes were combined with a PEG hydrogel phase (Figure 4a).

McMahon et al.

postulated that the decrease in scaffold properties could be related to poor mesh/hydrogel
bonding [28]. In our studies we incorporated PEGDA into the PLGA and PEUR electrospinning
solutions to reduce fiber hydrophobicity, improve interpenetration of the PEG hydrogel phase,
and to introduce sites for covalent bonding of the hydrogel to the fibers. Anecdotally, we
observed that this improved interpenetration of the PEG gel into rolled meshes (data not shown).
However, we did not determine if this resulted in improved mesh/hydrogel bonding.
In this study the choice of employing a PEG hydrogel was based on its biocompatibility,
ease of in situ polymerization, and potential for incorporation of bioactive factors (e.g., growth
factors, adhesive peptides [151, 261]) into cylindrical composites. However, the PEG networks
used in this study are not degradable, and the incorporation of labile [262] or enzyme-cleavable
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cross-links [153] may be necessary to achieve cell proliferation and migration. A number of
alternative degradable hydrogel systems have been also used to bond electrospun meshes,
including poly(lactide-co-ethylene oxide fumarate) (PLEOF) [29] and PEG-fibrin [28].
However, these systems have drawbacks that limit their use for our system. For example, the
cross-linking of PLEOF involves pressures and temperatures that could disrupt the underlying
electrospun fiber architecture and compromise the viability of cells within the composites [29].
In contrast, the PEG-fibrin system [28] is susceptible to enzymatic degradation and concomitant
loss of mechanical properties. In particular, rapid and uncontrollable degradation may result in
unraveling of composite scaffolds before a sufficient amount cell-deposited ECM can
accumulate. By comparison, PEG-based hydrogels offers the advantages of polymerizing at
room temperature and possessing degradation rates that can be tuned through the addition of
enzyme sensitive peptide sequences [153].
Although formation of cellularized cylindrical composites was achieved in this study, two
limitations with our approach were noted. First, DNA content did not increase in cylindrical
composites over 5 days in static culture (Figure 3.7), suggesting that cells were not able to
proliferate. This could be associated with both limited nutrient diffusion and a limited ability for
the cells to adhere to and migrate through the PEG hydrogels. Nutrient diffusion limitations
have been described previously [263] and may be overcome by perfusion culture of composites
[27]. Limited adhesion and migration of cells within PEG hydrogels has also been reported
previously [264] and may be resolved by incorporating adhesive binding motifs and enzyme
cleavable crosslinks [265-267]. However, additional porosity may also be required to provide
sufficient space between adjacent fibers to permit cell migration and proliferation.
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Consequently, sacrificial fibers [17] or porogens [15] may need to be incorporated into the
composites during the electrospinning/electrospraying process.
The second limitation is that the cylindrical composites prepared in this study do not have
sufficient mechanical properties for ligament replacement. The rationale for fabricating both
PLGA- and PEUR-based composites was for the eventual construction of a hybrid composite to
recapitulate the zones of a bone-patellar tendon-bone tissue graft using multiple spinnerets [268,
269]. However, tensile moduli of the PLGA- and PEUR-based composites (11.6 and 1.05 MPa,
respectively) are only a fraction of the moduli of adult human tibial trabecular bone [270] and
anterior cruciate ligament [47, 271](50-300 and 111-144 MPa, respectively). The strain at failure
was above >50% in all groups which surpassed the yield points of native ligament and well
beyond the elongation which results in permanent damage [272]. In comparison to other fibrous
materials for ligament applications, these materials are mechanically weaker than the stronger
braided or woven scaffolds [273, 274] but similar to other electrospun materials [19, 275, 276].
However, the extent of the elastic regions of the PEUR composites fall within physiological
values which would allow them to resist fatigue under physiological strain. The PEUR-based
composites developed in this study support 10% cyclic strain (Figure 3.6d), and therefore they
can be combined in future studies with in vitro mechanical conditioning. The advantage in this
system lies in their greater porosity and cellularization than the denser braided scaffolds. This
cellularization could allow for a rapid deposition of an organized ECM throughout the scaffold
rather than primarily on the surface as results from traditionally seeded scaffolds. In principle,
the mechanical properties could be increased by in vitro

cell culture and mechanical

conditioning. In particular, Joshi and Webb [277] reported increases of up to 400% in the tensile
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moduli of fibroblast-seeded polyurethane scaffolds after 7 days of 2.5-10% cyclic strain for 4
h/day.

3.6. Conclusions
This study demonstrates that cellularized cylindrical composites can be fabricated from
electrospun fibers by combining a hybrid electrospinning/electrospraying process to form
cellularized meshes with the use of PEG hydrogel to bond adjacent meshes together. We show
that the resultant PLGA- and PEUR-based composites have tensile moduli of 11.6 and 1.05 MPa,
respectively, and can withstand cyclic loading of up to 10%. Concurrently, incorporated cells
survive the fabrication process and remain viable for at least 5 days in static culture. These
results suggest that PEUR-based composites can support in vitro cyclic tensile conditioning of
MSCs and aid development of an engineered ligament tissue.
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4.1. Abstract
Electrospinning is a simple technique for the fabrication of micro-fiber networks that can
provide contact guidance to cells. The resultant high fiber density and small average pore size of
these networks can impede cell infiltration. Porogens and sacrificial fibers can be incorporated
within micro-fiber networks to enlarge the pores to facilitate cell infiltration. However, this
process often disrupts the micro-fiber network, compromising structural integrity and may lead
to network consolidation. Alternatively, the inclusion of space-filling hydrogels through
concurrent electrospraying can reduce overall micro-fiber density and incorporate a porogen that
can be remodeled by cells and support their migration while maintaining micro-fiber network
integrity. The objective of this study was to utilize a dual electrospinning/electrospraying
technique to deposit a collagen hydrogel containing mesenchymal stem cells (MSCs)
concurrently with the deposition of polyurethane (PEUR) micro-fibers to generate cellularized
micro-fiber/collagen composites. Characterization revealed an increase in short-term cell
viability with an increase in collagen content. Composites cultured under static tension revealed
that cells – within composites that contained sufficient collagen – aligned and survived for up to
4 days. However by day 8 of culture, few viable cells remained as demonstrated by fluorescent
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staining and DNA quantification. We hypothesize that this decline may be due to cell-mediated
compaction of the collagen network but more studies are necessary to confirm this.
4.2. Introduction
Tears or ruptures of the ligaments of the knee often require surgical intervention to
restore native biomechanics through replacement with autografts or allografts [3]. However,
these interventions suffer from several limitations including pain and morbidity at the autograft
donation sites [5], and the slow healing and poor integration of the devitalized allografts [6, 7].
Regardless of treatment, extensive rehabilitation after surgery is required to restore ligament
strength and full range of motion [84, 85]. Furthermore, both an elevated risk of reinjury and
accelerated development of osteoarthritis remain due to residual abnormal knee mechanics [4].
Tissue engineering is an alternative approach that seeks to fabricate materials that can support
more rapid and complete healing than current treatments and thereby lower the risk of or
eliminate the previously mentioned side effects [9, 10]. Electrospun micro-fiber networks have
been widely utilized as a biomaterial for ligament tissue engineering due to similarity to
extracellular matrix architecture and microstructure [11, 12]. However, networks comprised of
micro-fibers with sufficient diameters to provide contact guidance to cells cannot support their
infiltration due to small pore sizes [13, 135]. Techniques have been developed to reduce the
micro-fiber density of these networks to increase overall pore sizes.
The average pore sizes of electrospun micro-fiber networks can be increased through the
incorporation of sacrificial porogens such as salts [14], ice [15], and water-soluble fibers [17].
The dissolution of bulky sacrificial porogens such as salt [14] and sublimation of ice crystals
[15] can generate large void regions within the micro-fiber network that facilitate cell infiltration.
However, these void regions may act as defects within the micro-fiber network and compromise
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overall mechanical and structural integrity of the material. Alternatively, the incorporation of
electrospun sacrificial fibers within the micro-fiber network may be less disruptive due to the
similarity in shape and size to the micro-fibers that compose the material. For example, Baker et
al. generated micro-fiber networks that included up to 80% by weight sacrificial fibers [17].
Dissolution of the sacrificial fibers resulted in enhanced cell infiltration into the network but the
loss of significant fiber-fiber contacts resulted in network consolidation over-time. Conversely,
cell infiltration remained hindered after incorporation of 50-60% by weight sacrificial fibers (the
maximum amount that did not result in network compaction). The reduction of fiber density
through the incorporation (rather than dissolution of) of a cell-degradable, space-filling hydrogel
may be necessary to provide sufficient space to facilitate cell infiltration while preventing
network consolidation.
Electrospraying has been utilized for the deposition of space-filling hydrogels within
micro-fiber networks during fabrication. For example, Ekaputra et al. fabricated microfiber/hydrogel composites through the concurrent deposition of electrospun micro-fibers with an
electrosprayed heprasil hydrogel (a heparin-based material) [18]. Despite a non-uniform
distribution of heprasil in the micro-fiber network, greater cellular infiltration was observed in
the micro-fiber/heprasil composites compared both the materials containing sacrificial fibers
(analogous to Baker et al. [17]) and no heprasil (non-existent cell infiltration). Most
significantly, despite the reduction in micro-fiber density these micro-fiber networks did not
consolidate

over-time.

In

a

similar

study,

Hong

et

al.

used

concurrent

electrospinning/electrospraying of micro-fibers and dermal ECM (dECM) to fabricate
composites [19] for implantation as rat abdominal wall replacement. These composites supported
significant cell infiltration in vivo compared to traditional electrospun micro-fiber network

64

controls. dECM like other naturally-derived hydrogel networks assembles under mild conditions
(gelling at 37°C and neutral pH) that are favorable for the incorporation of cells. Potentially,
cells could be incorporated into the electrosprayed hydrogel phase during electrospraying to
cellularize the micro-fiber network [27, 278].
The objective of this study was to fabricate and characterize micro-fiber/collagen
hydrogel

composites

cellularized

through

electrospraying.

A

concurrent

electrospinning/electrospraying technique was utilized to deposit a collagen hydrogel
simultaneously with electrospun micro-fiber deposition and to cellularize the network with
MSCs during fabrication. These planar meshes were characterized for collagen content and
cultured for up to 8 days to study cell survival, proliferation, and morphology.

4.3. Methods
4.3.1. Collagen Extraction
Collagen was extracted from rat tail tendons as described previously [279]. Briefly,
tendons were excised from rat tails, cleaned in 70% ethanol, and digested in 100 mL of 0.1%
acetic acid solution per gram of tendon under continuous stirring for 48 hours at 4 °C. After
digestion, the resultant suspension was centrifuged for 90 min at 8800×g at 4 °C in an Avanti
TM J-25 centrifuge (Beckman Coulter, Pasadena, CA) to separate the insoluble and soluble
components. The clear supernatant containing the collagen was collected, frozen at -80 °C
overnight, lyophilized, and stored at -20 °C until use. For reconstitution, the dried collagen was
combined with a 0.1% acetic acid solution to achieve a stock concentration of 15 mg/mL and
mixed (inversion 2-3 times a day, for ~5 days) until solution was uniform and clear.
4.3.2. MSC Isolation and Culture
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MSCs were developed from bone marrow explants from the femurs and tibias of juvenile
male Sprague-Dawley rats weighing 125-150 g (Harlan, Dublin, VA) as described previously
[268] in accordance with the Institutional Animal Care and Use Committee at Virginia Tech.
Briefly, bone marrow extracts were thoroughly dispersed and plated on two 100 mm tissue
culture polystyrene Petri dishes. These cells, containing a population of MSCs, were expanded in
growth medium (minimal essential medium-alpha modification (α-MEM, Sigma Aldrich, St.
Louis, MO) supplemented with 10% fetal bovine serum (FBS, Gemini Biosciences, West
Sacramento) and 1% antibiotic/antimycotic (Life Technologies, Carlsbad, CA)) in a 37 °C, 5%
CO2 incubator until colony formation was observed (6-7 days post-isolation). Cells were then
lifted with 0.05% trypsin/EDTA (Life Technologies) and split 1:3 to disperse the MSCs. Cells
were passaged every 4 to 5 days with re-plating at a density of 105 cells per 100 mm Petri dish.
Cells for experiments were used between passage 3 and 5.

4.3.3. Polyurethane Synthesis
A segmented degradable poly(ester urethane) urea elastomer (PEUR) was synthesized
using a standard two-step technique as performed previously [280]. Briefly, 1,6
diisocyanatohexane (HDI) was first reacted with poly (ε-caprolactone) diol (2000 Da) in a threeneck, round bottom flask at 75 °C purged with argon. The NCO:OH equivalent ratio was 2.0:1.0.
Dibutyltin dilaurate (DBTBL) was added as a catalyst to the flask at 1000 ppm and the reaction
was allowed to proceed for 3 hours to produce a NCO-capped linear pre-polymer. For chain
extension of the pre-polymer, a solution of 1,4 diaminobutane in dimethyl sulfoxide (DMSO)
was prepared at 50 °C and added to the HDI:PCL2000:HDI pre-polymer in the reaction vessel.
The NCO:OH equivalent ratio of the polyurethane was 1.03:1.0. DBTDL was added again at a
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concentration of 1000 ppm and the reaction was allowed to proceed at 80 °C for 20 h. The
polymer was then precipitated with diethyl ether and dried in a vacuum oven at 80 °C for 24 h at
10 mmHg.

4.3.4. Fabrication and Assembly of Cellularized Micro-fiber/Collagen Composites
Micro-fiber/collagen composites were fabricated through the modification of a previously
described co-electrospinning/electrospraying process [278]. Briefly, an electrospinning solution
was prepared by dissolving 11% (w/w) PEUR in HFIP through vigorous stirring overnight at
room temperature. Two KD Scientific syringe pumps were placed perpendicular to each other
and aimed at a grounded collecting mandrel. The pump containing the polymer solution was
placed horizontally to the mandrel and while the other syringe containing the collagen solution
was oriented vertically (Figure 4.1). The collagen-filled syringe was kept cooled – to prevent
gelation – using an ice cold water cooling loop.

Figure 4.1: Co-electrospinning/electrospraying assembly for the fabrication of microfiber/collagen composites. Similar to the set up in Figure 3.1, however modified through the
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inclusion of a cooling loop around the electrospraying syringe. A peristaltic pump (not shown)
convects water from an ice-cold water bath around the syringe to maintain temperature

Working collagen solutions (3, 5, and 7 mg/mL) were prepared through the dilution of a
15 mg/mL collagen in 0.1% acetic acid stock solution with neutralization buffer (alpha-modified
eagles medium (α-MEM) supplemented with 4.5 g/L glucose, L-glutamine, sodium pyruvate,
sodium bicarbonate (Mediatech, Inc., Manassas, VA, USA), and 1N NaOH). The working
collagen solution was prepared in the following manner:
1 𝑉𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛 𝐼 𝑆𝑡𝑜𝑐𝑘 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛 =

𝑇𝑎𝑟𝑔𝑒𝑡 𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛 𝐶𝑜𝑛𝑐𝑒𝑛𝑡𝑟𝑎𝑡𝑖𝑜𝑛
𝑆𝑡𝑜𝑐𝑘 𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛 𝐶𝑜𝑛𝑐𝑒𝑛𝑡𝑟𝑎𝑡𝑖𝑜𝑛

2 𝑉𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 10× 𝛼-𝑀𝐸𝑀 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛 = 𝐹𝑖𝑛𝑎𝑙 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛 𝑉𝑜𝑙𝑢𝑚𝑒 × 0.1
3 𝑉𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 1𝑁 𝑁𝑎𝑂𝐻 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛 = 𝑉𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛 𝐼 𝑆𝑡𝑜𝑐𝑘 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛 × 0.02
4 𝑉𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 1× 𝛼-𝑀𝐸𝑀 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛
= 𝐹𝑖𝑛𝑎𝑙 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛 𝑉𝑜𝑙𝑢𝑚𝑒 − 𝑉𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛 𝐼 𝑆𝑡𝑜𝑐𝑘 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛
− 𝑉𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 10× 𝛼-𝑀𝐸𝑀 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛 − 𝑉𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 1𝑁 𝑁𝑎𝑂𝐻 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛

Equations 2, 3, and 4 were used to calculate the components of the neutralization buffer.
The neutralization buffer was mixed with the volume calculated in Equation 1 to generate the
collagen working solution. Cells were included in the 1× α-MEM solution at sufficient
concentration to achieve a final concentration of 5 × 105 cells/mL in the final collagen solution.
Micro-fiber/collagen

composites

were

fabricated

through

a

co-

electrospinning/electrospraying technique. First, a base layer of PEUR micro-fibers was
deposited on the slowly rotating mandrel by electrospinning at a throw distance of 15 cm, flow
rate of 3 mL/h, and a +15 kV potential from a 22 gauge needle. After 3 min of deposition,
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MSC/collagen solution electrospraying was initiated from a throw distance of 4 cm, flow rate of
6 mL/hr, and a +8.5 kV potential (concurrently with electrospun fiber deposition). During the
fabrication process, the position of the electrospraying syringe was adjusted every 2-3 minutes to
ensure uniform collagen deposition across the target region (2 cm width). Concurrent
electrospinning/electrospraying was halted after 30 min and the cellularized micro-fiber/collagen
composites were cut to 3 cm by 1 cm rectangular pieces and secured under low tension (~10%
strain) within a static culture frame.

4.3.5. Composite Characterization
Immediately after fabrication, composites were frozen and then lyophilized overnight to
remove water. The dried composites were weighed to determine the total mass of the micro-fiber
and collagen components. These samples were then digested overnight in 500 µL of 1.3 mg /mL
pepsin in 0.5 M acetic acid solution at 4 °C. Collagen mass was quantified using a Sircol
Collagen Assay Kit (Biocolor Life Science Assay, Carrickfergus, UK). Briefly, 100 µL of the
digested sample was combined with 500 µL of the Sircol dye reagent in duplicate, agitated for 30
minutes using a rotary mixer at room temperature, and then centrifuged at 10,000 × g for 5
minutes to pellet the collagen. After the supernatant was removed through inversion of the tubes
and Q-tips were used to remove residual dye from the tube interior. The pellet was resuspended
in 500 µL of 0.5 M NaOH. Samples were transferred to a clear bottom 96 well plate and the
absorbance measured at 540 nm. The absorbances were converted to collagen mass through a
standard curve. The percentage by weight of collagen in each sample was then determined. All
samples were analyzed in duplicate.
4.3.6. MSC Culture under Static Loading
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Cellularized micro-fiber/collagen composites were cut from the mandrel into 3 cm by 1
cm rectangular strips immediately post-fabrication. These composites were then pulled taut for
culture under a static tension (~10% strain). Two sets of micro-fiber/collagen composite
materials were fabricated for two separate studies. For the first study, micro-fiber/collagen
composites were fabricated by electrospraying of solutions of 0, 3, or 6 mg/mL collagen
concurrently with PEUR micro-fiber deposition. These composites were cultured under static
loading for up to 4 days to determine the feasibility of the approach. In the second study, samples
were fabricated from the electrospraying of 3, 5, and 7 mg/mL collagen solutions and
subsequently cultured for up to 8 days under static loading.

4.3.7. Fluorescent Staining
The distribution and the morphology of the MSCs within micro-fiber/collagen
composites were observed through fluorescent staining of the actin cytoskeleton and cell nuclei.
Briefly, samples were washed twice in PBS and fixed overnight in a 4% methanol-free neutralbuffered formaldehyde solution. Next, the samples were washed twice in PBS to remove residual
formaldehyde and the cell membranes permeabilized in a 0.05% Triton X-100 solution in PBS.
Two additional washes in PBS were performed and the samples were then incubated for 90 min
at room temperature in 200 µL of a 50 unit/mL rhodamine-phalloidin (Life Technologies)
solution to stain the actin cytoskeleton. Following two additional PBS washes, the samples were
incubated in a 5 µg/mL DAPI (Life Technologies) solution for 30 minutes, washed to remove
unbounded DAPI, and stored in sterile PBS until imaging. Fluorescence imaging was performed
on an inverted Leica DM IL microscope (Leica Microsystems, Buffalo Grove, IL) with a
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UV/blue band-pass filter to visualize cell nuclei and green band-pass filter to visualize the actin
cytoskeleton.

4.3.8. DNA Extraction and Quantification
DNA was extracted from these planar micro-fiber collagen composites and quantified
using the Quant-iT PicoGreen kit (Invitrogen, Grand Island, NY) according to manufacturer’s
instructions. Briefly, frozen samples were thawed, placed in the picogreen digestion buffer, and
sonicated for 10 seconds to disrupt the fiber network. The sample-buffer solution was then
incubated at 55 °C for 4 h to digest the cells. The lysate solution was then centrifuged to
separate out the insoluble components from the extracted DNA. For quantification, the
supernatant was then diluted at 1:20 in TE buffer (10 mM Tris HCl and 1 mM EDTA) and mixed
with an equal volume of Quant-iT PicoGreen dsDNA reagent (1:200 dilution in TE buffer) in an
opaque 96 well-plate. The fluorescence was then measured with a SpectraMax M2 plate reader
(Molecular Devices, Sunnyvale, CA) at an excitation of 480 nm and an emission of 520 nm.
Fluorescence data was converted to DNA mass using a set of lambda DNA standards and
normalized by the mean DNA content immediately post-fabrication (Day 0).
4.3.9. Statistical Analysis
Statistical significance was determined using a one-way ANOVA and a Tukey–Kramer
post-hoc test (OriginPro 8.1, Origin Lab Corporation, Northampton, MA). A p-value of less than
0.05 was considered statistically significant. Sample size of n=4-6 for each study.
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4.4. Results
Cellularized micro-fiber/collagen composites were fabricated utilizing a dual
electrospinning/electrospraying technique. The concurrent deposition of a solution of rat tail
collagen and MSCs resulted in cellularized composites with a reduced fiber density (Expanded
on in Chapter 5). Two sets of studies were performed to characterize MSCs within microfiber/collagen composites. In the first study, composites were prepared using solutions of MSCs
within 0, 3, and 6 mg/mL collagen solutions. After 4 days of static culture, cell nuclei were
stained with DAPI. Greater numbers of cell nuclei were observed in composites fabricated from
electrosprayed 6 mg/mL collagen compared to 3 mg/mL collagen (Figure 4.2). The control
group – fabricated from the electrospraying of cells in culture medium without collagen –
exhibited no observed cell nuclei after 4 days of culture. In addition, the amount of total RNA
that could be isolated from the composites increased with collagen density (Figure 4.3).

Figure 4.2: DAPI stained cell nuclei (white) in composites fabricated through the
electrospraying of 3 mg/mL collagen (a), or 6 mg/mL collagen (b) after 4 days of culture.
Control group containing no collagen possessed no nuclei
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Figure 4.3: RNA extracted from composites fabricated from 3 mg/mL and 6 mg/mL
collagen, and control (collagen-less) samples after 4 days of culture

In the second study, composites fabricated from 3, 5, and 7 mg/mL electrosprayed collagen
solution were cultured under static tension. Analysis of collagen by a Sircol assay revealed
collagen contents of 24 ± 6.3%, 40 ± 7.6%, and 51 ± 5.6% for composites prepared with 3, 5,
and 7 mg/mL collagen, respectively (Figure 4.4). Staining of the actin cytoskeleton revealed
distinct regions where cells adhered and spread after 1 day of culture in nearly all groups.
Adjacent to these high cell density regions, cells were much sparser; we hypothesize that these
sparser regions correspond to areas where collagen was deposited less densely (Figure 4.5).
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Figure 4.4: Weight percent collagen of planar micro-fiber/collagen composites generated
from 3, 5, and 7 mg/mL collagen solutions. * designates significance (p<0.05)

500

µm

Figure 4.5: Representative image of cell adhesion in regions containing deposited
collagen after one day of culture. Red corresponds to actin cytoskeleton, while blue refers to cell
nuclei
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Figure 4.6: (a) MSCs within a micro-fiber/collagen composite immediately after
fabrication, (b) note the cells within the micro-fiber network (white arrows). Red corresponds to
actin cytoskeleton, while blue refers to cell nuclei
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Figure 4.7: MSCs within micro-fiber/collagen composites 1 day (a,b), 4 days (c,d), and 8
days (e,f) after fabrication. Red corresponds to actin cytoskeleton, while blue refers to cell nuclei
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Cellularized micro-fiber/collagen composites – prepared by electrospraying MSCs in 3,
5, and 7 mg/mL collagen – were then cultured for up to 8 days under static tension and assayed
for cellular density, viability, and morphology. Cells were deposited within the micro-fiber
network has shown by the presence of micro-fibers around the incorporated cells (Figure 4.6).
Cells aligned in direction of the applied strain (Figure 4.7 in both the 5 and 7 mg/mL collagen
composites over a period of 8 days. This alignment occurred despite the random orientation of
the micro-fiber component, indicating that the cells may be contracting the composite and
elongating perpendicular to the constrained ends. Additionally, cell survival was poor in these
composites as reflected through a stark decline in DNA content by day 8 (Figure 4.8).

#
#

*
*

*
*

*

Figure 4.8: Cell content of micro-fiber/collagen composites cultured for up to 8 days. *
designates significance versus the previous timepoint of the equivalent collagen concentration. #
designates significance versus another concentration within the same timepoint. p < 0.05
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4.5. Discussion
A dual electrospinning/electrospraying technique was adapted for the fabrication of
composites consisting of a PEUR micro-fiber network and a 0-7 mg/mL collagen hydrogel
phase. These composites were cultured under tension for up to 8 days to observe the effect of
collagen content on cell viability. Cell viability was dependent on collagen content (Figure 4.2
4.4) as demonstrated by low cell numbers in composites composed from low (0-3 mg/mL)
weight collagen networks. Cells within the composites fabricated from a 3 mg/mL collagen
hydrogel were viable at 1 day but not at day 4 of culture. In contrast, MSCs in composites that
consisted of 5 and 7 mg/mL adopted alignment parallel to the axis of strain (Figure 4.7).
However by day 8, cell viability had dropped significantly as demonstrated by low overall cell
number (Figure 4.8).
Acellular micro-fiber/hydrogel composites have been previously fabricated [18, 19, 281]
as scaffolding materials for tissue engineering applications. Our approach was similar to what
was done by several researchers who have deposited a hydrogel network by electrospraying
concurrent with the electrospinning of micro-fibers [18, 19]. The objective of those studies was
to utilize the inclusion of a space-filling hydrogel network to facilitate cell infiltration into the
composites through the reduction in overall micro-fiber density. Ekaputra et al. characterized cell
infiltration in an in vitro system, while Hong et al. implanted acellular composites in an in vivo
environment. While an increased depth of cell infiltration was observed in both of those studies,
stark differences were observed in the extent of cellularization. Ekaputra et al. observed a nonuniform depth of infiltration in the composites, with a declining cell density toward the center
[18]. In contrast, Hong et al. observed significant cellularization in vivo, however concern exists
that the cellularization was due to a significant immune response resulting in the infiltration of a
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myriad of cell types [19]. These studies demonstrated the difficulty in inducing significant cell
infiltration in vitro and controlling infiltration of the desired cell type in vivo. In our study, we
sought to cellularize the micro-fiber/hydrogels composites during fabrication to uniformly
distribute high levels of a desired cell type that could potentially lead to more rapid tissue
development.
Cell incorporation by concurrent electrospraying has been previously utilized in Chapter
3 of this document, and by other researchers [27, 248] for the dispersion of cells within a microfiber network during scaffold fabrication. For example, Stankus et al. incorporated cells via
electrospraying concurrently with electrospun micro-fiber deposition to cellularize scaffolds for
small blood vessel engineering [248]. However, studies have shown that the viability and
proliferative ability of these electrosprayed cells remains poor in these micro-fiber networks [27,
278]. This may be due to the high-density fiber network, which additionally to inhibiting
infiltration, physically restricts the cells deposited within the network. In this study, the collagen
hydrogel may be acting more as a carrier for the MSCs to support their initial adhesion and
spreading rather than a long-lasting space filling material. While long-term cell survival was not
demonstrated in this study, survival out to 4 days is similar to what was presented by Stankus et
al., where electrosprayed cells survived for 4 days of culture within the electrospun micro-fiber
networks [27]. Histological cross-sections of these cellularized micro-fiber networks appeared to
show that the cells primarily remained where they were deposited. This observation was similar
to a previous study by our group, where cell deposition and spreading was restricted to
concentric ‘arcs’ where they were initially deposited [278]. The micro-fiber/collagen composites
fabricated in this study did not support the long-term vitality of the incorporated MSCs. In this
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study we electrosprayed a collagen and MSC solution concurrently with electrospun micro-fiber
deposition to both reduce fiber density and distribute cells throughout the composite.
Our results point to the need for a large hydrogel phase to permit cell infiltration and
support long-term viability within micro-fiber/hydrogel composites. The incorporation of greater
quantities of collagen could improve cell survival. While minimization of the micro-fiber phase
would allow cell proliferation and migration without being restricted by high-density fibers. A
large reduction in micro-fiber density may also lower the risk of the incorporated cells being
restricted as the hydrogel phase is compacted. A couple studies have fabricated sparsefiber/collagen composites for lymphatic [25] and neuronal tissue applications [24] that allowed
unrestricted cell infiltration. The fabrication of similar composites consisting of sparse microfiber and a broad hydrogel component could address the shortfalls the micro-fiber/collagen
composites described in this study.

4.6. Conclusions
Cellularized

micro-fiber/collagen

composites

can

be

generated

by

dual

electrospinning/electrospraying technique. MSCs introduced within the 5-7 mg/mL collagen
solutions initially adhered and spread, but cells in lower concentration solutions did not survive.
We hypothesize that the gradual compaction of the collagen network resulted in an increase in
the micro-fiber density that was detrimental to the long-term survival of the cells. Regardless, the
incorporation of a deposition of a MSC/collagen solution can be utilized for the cellularization of
a composite for tissue engineering applications.
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Chapter 5: Fabrication of Cylindrical Micro-fiber/Collagen Composites
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5.1. Abstract
The fabrication of scaffold materials with sufficient pore sizes for cell infiltration is key
for the development of a functional tissue. In this study, micro-fiber/collagen composite
materials were fabricated using two different approaches. In the first approach, concurrent
electrospinning/electrospraying set-up was used to deposit a collagen hydrogel within a
polyurethane (PEUR) micro-fiber network that was subsequently rolled into cylindrical
composites (designated as Approach 1). In the second approach, a thin layer (~5 fibers thick) of
aligned PEUR fibers was encapsulated within a thin collagen hydrogel and rolled into cylinders
(designated as Approach 2). Both these composites contained a substantial collagen component
and significant retention of water compared to collagen-free cylindrical micro-fiber networks.
Cylindrical composites generated using both approaches exhibited a similar range of diameters
(1.5 mm to 4 mm), however the two composites exhibited stark differences in collagen and water
content. Composites fabricated through Approach 2 (rolling of sparse-fiber/collagen composites)
possessed water weight percentages of nearly 98%, and collagen weight percentages of nearly
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75%. In contrast, the composites fabricate through Approach 1 (electrospinning/electrospraying)
possessed maximum water weight percentages of approximately 90% and maximum collagen
weight percentages of 15%. Most starkly, the microstructure of the composites fabricated from
Approach 2 was predominantly collagen (~150-200 µm thick) between thin layers (~5 µm thick)
of micro-fibers. While composites fabricated from Approach 1 predominantly consisted of thick
micro-fiber layers with a smaller collagen component. We hypothesize that the composites
generated from Approach 2 are more promising as a scaffolding material to cell infiltration due
to the greater collagen content and lower micro-fiber contribution.

5.2. Introduction
The fabrication of scaffolding materials that possess dimensions (lengths and thicknesses)
suitable for replacement of damaged ligament is necessary for clinical translation. However,
commonly used fiber networks fabricated through extrusion, melt-spinning, or electrospinning
techniques do not possess sufficient size to replace a ligament.

Toward assembly into

anatomically sized scaffolds, large fibers (20-100 µm) are often braided into ropes, and woven or
knitted into felts with more suitable dimensions for ligament application [282]. However, fibers
that comprise these ropes and felts are very densely packed and their small poor sizes restrict cell
infiltration [282]. Similar infiltration limitations [26] exist with micro-fiber (<2 µm) electrospun
network. Alterations to the electrospinning process [137, 283] and incorporation of sacrificial
porogens [14, 15, 17] can lower the micro-fiber density of electrospun networks to permit cell
infiltration. However, these large porogens can disrupt the micro-fiber network architecture and
at larger porogen contents can lead to network consolidation due to a significant reduction in
fiber-fiber contacts [17]. Alternatively, the incorporation of a space-filling hydrogel within an
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electrospun micro-fiber network may maintain network structural integrity and support cell
infiltration.
Concurrent electrospraying of a hydrogel during electrospun micro-fiber deposition has
been used to generate micro-fiber/hydrogel composites [18, 19]. These composites exhibit
reduced micro-fiber density due to the dispersion of a space-filling hydrogel network between
the micro-fibers. However, the planar shape of these composites post-fabrication are not suitable
size or shape for ligament tissue applications. Separately, we and others have focused on
assembling large composites by rolling [28, 278] or stacking [29] electrospun micro-fiber
networks and then integrating them with an interpenetrating hydrogel network. The resulting
composites are often multilayered and exhibit striations of alternative layers of dense microfibers and a hydrogel network. These striations – corresponding to different mechanical
properties in the composites – are prone to delamination under load and can act as barriers to
cellularization and tissue formation. The reduction in micro-fiber density through the
incorporation of a space-filling hydrogel may be necessary to facilitate cell infiltration within the
layers and may support tissue development that crosses and integrates the individual layers.
Alternatively to the micro-fiber/collagen composites generated through a coelectrospinning/electrospraying technique, minimization of the micro-fiber content may be
achieved through their incorporation within a collagen network. These micro-fibers – dispersed
within a large, continuous collagen network – may influence cell morphology and organization
without inhibiting cell infiltration. Collagen hydrogel networks can readily support cell adhesion
and infiltration. However, these hydrogels lack the mechanical and topographical cues found in
micro-fiber networks that provide contact guidance to modulate cell morphology and
organization. Additionally, the incorporation of sparse micro-fibers could enhance the
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mechanical characteristics of these materials by both improving their stiffness and maximum
strain [194, 284]. The integration of sparse electrospun micro-fibers into a collagen hydrogel has
been explored previously for lymphatic [25] and neuronal applications [24] to guide cell
migration. However, supplementation of collagen gels with a sparse micro-fiber component has
not been explored for the application in ligament tissue engineering. The inclusion of aligned
electrospun micro-fibers within a collagen gel could provide multifaceted cues such as
topographical and mechanical guidance to influence migration and organization of the included
cells.
The objective of this study was to utilize two different approaches to fabricate cylindrical
micro-fiber/collagen composites with different contributions of micro-fiber and collagen
components for ligament tissue engineering. Ultimately, the goal was to develop materials that
may support cell infiltration and tissue development based on the inclusion of a collagen
hydrogel network. In Approach 1, concurrent electrospinning/electrospraying was used to
generate micro-fiber/collagen composites through the simultaneous deposition of a collagen
hydrogel within a PEUR micro-fiber network. In Approach 2, a thin (~5 fibers thick) layer of
aligned PEUR fibers was encapsulated within a collagen hydrogel to fabricate a sparsefiber/collagen composite (Approach 2). In both approaches, resultant planar composites were
rolled into cylinders. These cylindrical composites were analyzed using a Sircol assay, physical
measurements, and fluorescent imaging to characterize their compositions.
5.3. Methods
5.3.1. Collagen Extraction
Collagen was extracted from rat tail tendons as described previously [279]. Briefly,
tendons were excised from rat tails, cleaned in 70% ethanol, and digested in 100 mL of 0.1%
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acetic acid solution per gram of tendon under continuous stirring for 48 hours at 4 °C. After
digestion, the resultant suspension was centrifuged for 90 min at 8800×g at 4 °C in an Avanti
TM J-25 centrifuge (Beckman Coulter, Pasadena, CA) to separate the insoluble and soluble
components. The clear supernatant containing the collagen was collected, frozen at -80 °C
overnight, lyophilized, and stored at -20 °C until use. For reconstitution, the dried collagen was
combined with a 0.1% acetic acid solution to achieve a stock concentration of 15 mg/mL and
mixed (inversion 2-3 times a day, for ~5 days) until solution was uniform and clear.
5.3.2. Working Collagen Solution Preparation
Working collagen solutions were prepared through the dilution of a 15 mg/mL stock
solution of collagen in 0.1% acetic acid with neutralization buffer (alpha-modified eagles
medium (α-MEM) supplemented with 4.5 g/L glucose, L-glutamine, sodium pyruvate, sodium
bicarbonate (Mediatech, Inc., Manassas, VA, USA), and 1N NaOH). The working collagen
solution was prepared in the following manner:
1 𝑉𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛 𝐼 𝑆𝑡𝑜𝑐𝑘 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛 =

𝑇𝑎𝑟𝑔𝑒𝑡 𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛 𝐶𝑜𝑛𝑐𝑒𝑛𝑡𝑟𝑎𝑡𝑖𝑜𝑛
𝑆𝑡𝑜𝑐𝑘 𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛 𝐶𝑜𝑛𝑐𝑒𝑛𝑡𝑟𝑎𝑡𝑖𝑜𝑛

2 𝑉𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 10𝑋 𝛼-𝑀𝐸𝑀 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛 = 𝐹𝑖𝑛𝑎𝑙 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛 𝑉𝑜𝑙𝑢𝑚𝑒 × 0.1
3 𝑉𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 1𝑁 𝑁𝑎𝑂𝐻 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛 = 𝑉𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛 𝐼 𝑆𝑡𝑜𝑐𝑘 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛 × 0.02
4 𝑉𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 1𝑋 𝛼-𝑀𝐸𝑀 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛
= 𝐹𝑖𝑛𝑎𝑙 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛 𝑉𝑜𝑙𝑢𝑚𝑒 − 𝑉𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛 𝐼 𝑆𝑡𝑜𝑐𝑘 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛
− 𝑉𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 10 × 𝛼-𝑀𝐸𝑀 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛 − 𝑉𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 1𝑁 𝑁𝑎𝑂𝐻 𝑆𝑜𝑙𝑢𝑡𝑖𝑜𝑛

Equations 2, 3, and 4 were used to calculate the components of the neutralization buffer.
The neutralization buffer was mixed with the volume calculated in Equation 1 to generate the
collagen working solution.
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5.3.3. Polyurethane Synthesis
A segmented degradable poly(ester urethane) urea elastomer (PEUR) was synthesized
using a standard two-step technique as performed previously [280]. Briefly, 1,6
diisocyanatohexane (HDI) was first reacted with poly (ε-caprolactone) diol (2000 Da) in a threeneck, round bottom flask at 75 °C purged with argon. The NCO:OH equivalent ratio was 2.0:1.0.
Dibutyltin dilaurate (DBTBL) catalyst was added to the flask at 1000 ppm and the reaction was
allowed to proceed for 3 h to produce a NCO-capped linear pre-polymer. For chain extension of
the pre-polymer, a solution of 1,4 diaminobutane in dimethyl sulfoxide (DMSO) was prepared at
50 °C and added to the HDI:PCL2000:HDI pre-polymer in the reaction vessel. The NCO:OH
equivalent ratio of the polyurethane was 1.03:1.0. DBTDL was added again at a concentration of
1000 ppm and the reaction was allowed to proceed at 80 °C for 20 h. The polymer was then
precipitated with diethyl ether and dried in a vacuum oven at 80 °C for 24 h at 10 mmHg.
5.3.4. Assembly of Co-Electrospun/Electrosprayed Micro-fiber/Collagen Composites
Micro-fiber/collagen composites were fabricated through the modification of a previously
described co-electrospinning/electrospraying process [278]. Briefly, an electrospinning solution
was prepared by dissolving 11% (w/w) PEUR in hexafluoroisopropanol (HFIP) through gentle
stirring overnight at room temperature. A collagen solution was prepared with a final
concentration of 8 mg/mL and remained on ice prior to transfer to the electrospraying syringe.
Two KD scientific syringe pumps were placed perpendicular to each other and aimed at a
grounded collecting mandrel. The pump containing the PEUR solution was placed horizontally
to the mandrel and the electrospraying syringe containing the collagen solution was oriented
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vertically (Figure 5.1). Tubing was wrapped around the electrospraying syringe and a peristaltic
pump circulated ice-cold water to keep the collagen solution chilled.

Figure 5.1: Co-electrospinning/electrospraying assembly for the fabrication of microfiber/collagen composites. A peristaltic pump circulates ice-cold water to chill the
electrospraying solution.
The co-electrospinning/electrospraying technique was performed for a total of 30 minutes
as follows. First, a non-oriented base layer of polyurethane micro-fibers was deposited on the
slowly rotating mandrel by electrospinning for 3 minutes at a throw distance of 15 cm, flow rate
of 3 mL/hr, and a +15 kV potential from a 22 gauge needle. After base micro-fiber deposition,
collagen was electrospraying at a throw distance of 4 cm, flow rate of 2 to 8 mL/h, with a +8.5
kV potential concurrently with electrospun fiber deposition for the remaining 27 minutes. During
the fabrication process, the position of the electrospraying syringe was adjusted every 2-3
minutes to ensure uniform collagen deposition across the target region.
After the completion of the electrospinning/electrospraying process, rectangular sections
(6 cm by 3 cm) were immediately cut off the mandrel, rolled around 0.9 mm Kirschner-Wires,
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and placed in a 37 °C incubator to gel. These cylindrical composites were immediately collected
for characterization.
5.3.5. Fabrication of Sparse-Fiber/Collagen Composites
Sparse fiber composites were prepared by rolling thin micro-fiber/collagen hydrogels to
form large cylinders (Figure 5.2). Briefly, sparse-fiber aligned meshes (~5 fibers thick) were
prepared by electrospinning a 11% PEUR solution (containing 1 mg/mL (2Z)-2-[(E)-3-(3,3dimethyl-1-octadecylindol-1-ium-2-yl)prop-2-enylidene]-3,3-dimethyl-1-octadecylindole

(DiI)

(Sigma-Aldrich) to visualize fibers) at 15 kV, a 15 cm throw distance, and flow rate of 3 mL/h
onto a rapidly rotating mandrel (1500 rpm) covered with PEO-coated aluminum foil.
Rectangular pieces with dimensions of 4 cm by 2 cm (fibers aligned in the direction of the short
dimension) were cut from the mandrel, and their edges (~2 mm wide) taped down to prevent
detachment of the meshes from the PEO-coated foil. A shallow PDMS trough (4 cm × 2 cm ×
400 µm deep) was filled with either a 3, 5, or 7 mg/mL collagen solution. Foil/micro-fiber pieces
were then laid fiber-side down on the trough, compressed with a glass slide, and placed in a 37
°C incubator to gel. After gelation, the glass slide was removed and the micro-fiber/collagen
hydrogel/PDMS piece was immersed in PBS to dissolve the PEO coating and detach the microfibers/collagen composites from the aluminum foil. Additional collagen solution (3, 5, or 7
mg/mL) was pipetted onto the micro-fiber/collagen hydrogels, which were placed in an incubator
for 1 minute, and then rolled around individual 0.9 mm Kirschner-Wires. After rolling, the
composites were placed in the incubator for 30 minutes to permit complete gelling. Rolled
samples were subjected to collagen quantification through a Sircol assay, confocal microscopy,
and mechanical testing.
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Figure 5.2: Multi-step process for the assembly of sparse-fiber collagen composites.
5.3.6. Sircol Assay and Scaffold Characterization
Immediately after fabrication, composites were frozen and then lyophilized overnight to
remove water. The dried composites were weighed to determine the total mass of the micro-fiber
and collagen components. These samples were then digested overnight in 500 µL of 1.3 mg /mL
pepsin in 0.5 M acetic acid solution at 4 °C. Collagen mass was quantified using a Sircol
Collagen Assay Kit (Biocolor Life Science Assay, Carrickfergus, UK). Briefly, 100 µL of the
digested sample was combined with 500 µL of the Sircol dye reagent in duplicate, agitated for 30
minutes using a rotary mixer at room temperature, and then centrifuged at 10,000 × g for 5
minutes to pellet the collagen. After the supernatant was removed through inversion of the tubes
and Q-tips were used to remove residual dye from the tube interior. The pellet was resuspended
in 500 µL of 0.5 M NaOH. Samples were transferred to a clear bottom 96 well plate and the
absorbance measured at 540 nm. The absorbances were converted to collagen mass through a
standard curve. The percentage by weight of collagen in each sample was then determined. All
samples were analyzed in duplicate.
5.3.7. Confocal Imaging
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Sparse-fiber/collagen composites were imaged using a Zeiss LSM 880 confocal
microscope (Carl Zeiss AG, Oberkochen, Germany) with a 405 nm near UV laser, an Argon
(458 nm, 488 nm, 514 nm) laser, and a HeNe 543 nm laser. Samples were imaged for DiI
fluorescent to determine fiber distribution under a C-apochromat 40×/1.2 N.A. water immersion
objective. Z-stacks were reconstructed in the Zen (Carl Zeiss AG, Oberkochen, Germany)
software to visualize the fiber layers.
5.3.8. Mechanical Testing
Sparse-fiber/collagen cylindrical composites generated through Approach 2 containing a
5 mg/mL collagen solution were soaked overnight in phosphate buffered saline (PBS) and
mechanically tested under monotonic strain (12 %/min) at room temperature until failure along
the axis of fiber alignment using a Kammrath & Weiss micro-tensile tester (Dortmund,
Germany). Elastic moduli were determined from force-displacement data based on regression of
the linear portion (2-5% strain) of the stress-strain curve.
5.3.9. Statistical Analysis
Statistical significance was determined using a one-way ANOVA and a Tukey–Kramer
post-hoc test (OriginPro 8.1, Origin Lab Corporation, Northampton, MA). A p-value of less than
0.05 was considered statistically significant. Sample sizes were n=4-6 for each study.
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5.4. Results
5.4.1. Approach 1
For the first composite approach, an 8 mg/mL collagen solution was electrosprayed at
increasing flow rates (0-8 ml/hr) concurrently with PEUR micro-fiber deposition and rolled to
form cylinders. Observations and measurements of the resulting cylindrical composites revealed
an increase in diameter with increasing amount of deposited collagen (Figure 5.3a). Composites
generated from a 6 mL/hr flow rate were visually smoother than the composites generated from a
flow rate of 8 mg/mL that appeared uneven. At lower flow rates (2 mL/hr and 4 mL/hr), the
composites were similar in appearance and diameter to rolled collagen-less micro-fiber networks
(Figure 5.3a). A systematic increase in composite diameter was observed as the flow rate
increased from 4 mL/hr to 8 mL/hr (Figure 5.3b) while the mass of the PEUR micro-fiber
component remained unchanged (Figure 5.3b).
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(a)

(b)

0 mL/hr
2 mL/hr

*

*
*

4 mL/hr
6 mL/hr
8 mL/hr

Figure 5.3: (a) Cylindrical micro-fiber/collagen composites fabricated through a coelectrospinning/electrospraying technique with increasing flow rates of electrosprayed collagen
solution (8 mg/mL) (b) Cylindrical composite diameter and mass of micro-fiber component with
increasing collagen solution flow rates. * designates significant versus both the 0 and 2 mL/hr
group (p < 0.05)

As the flow rate of the collagen component was increased, both the collagen weight
percentage and water weight percentage increased (Figure 5.4). The weight percentage of
collagen increased linearly between the 2 mL/hr to 6 mL/hr flow rates. At 8 mL/hr, the collagen
weight percentage was not significantly different from the 6 mL/hr composites (Figure 5.4a). A
similar trend was observed with the water weight percentage of the composites: at between 2
mL/hr and 6 mL/hr, the water weight percentage increased linearly, however there was no
increase from 6 mL/hr to 8 mL/hr (Figure 5.4b).
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(b)

(a)

Figure 5.4: (a) Collagen weight percentage and (b) water weight percentage of
cylindrical micro-fiber/collagen composites generated through a coelectrospinning/electrospraying technique with increasing flow rates of electrosprayed collagen
solution (8 mg/mL). * designates significance (p < 0.05)
5.4.2. Approach 2
Sparse-fiber/collagen cylindrical composites were assembled from the rolling of thin
aligned PEUR micro-fiber networks encapsulated in a collagen hydrogel (Approach 2).
Cylindrical composite diameters increased as the collagen hydrogel concentration increased from
3 mg/mL to 7 mg/mL (Figure 5.5). The collagen weight percentage increased from 41% to 75%
as the collagen concentration was increased from 3 mg/mL to 7 mg/mL

(Figure 5.6a).

Similarly, the water weight percentage of these cylindrical composites ranged from 90% to 98%
(Figure 5.6b) across the same range of concentrations. The composites containing a 7 mg/mL
collagen phase exhibited significantly greater diameters, collagen contents, and water contents
compared to the composites containing a 3 mg/mL collagen phase. Confocal imaging of
composites containing a 5 mg/mL collagen phase revealed the presence of large regions of
collagen (150-200 µm thick) separated by sparse-fiber (~5 µm thick) layers (Figure 5.7). These
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cylindrical composites (5 mg/mL collagen phase) when strained to failure exhibited moduli
ranging from 0.11-0.45 MPa.

Figure 5.5: Diameter of cylindrical sparse-fiber/collagen composites with increasing
concentrations of the collagen component * designates significance (p <0.05)

(b)

(a)

Figure 5.6: (a) Collagen weight percentage and (b) water weight percentage of
cylindrical sparse-fiber/collagen composites generated through the encapsulation of a thin fiber
layer within a collagen hydrogel * designates significance (p <0.05)
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Figure 5.7: (a) Diagram and (b) confocal cross-section of a cylindrical composite
containing 5 mg/mL collagen. Thin micro-fiber layers are present between thick collagen
hydrogels (c) sparse-fiber/collagen cylindrical composite
5.5. Discussion
In this study, micro-fiber/collagen composites were assembled through two different
approaches. In Approach 1, micro-fiber/collagen composites were fabricated utilizing a coelectrospinning/electrospraying technique and subsequently rolled into cylinders for the
generation of composite scaffolds with a large micro-fiber component. In Approach 2, sparsefiber/collagen composites were fabricated through the encapsulation of a thin (~5 µm) microfiber layer within a collagen hydrogel. These planar sparse-fiber/collagen composites were then
rolled into cylinders. Both composites were characterized for collagen and water content and
other properties.
Cylindrical composites fabricated through Approach 1 systematically increased in size as
a greater volume of collagen solution was deposited. However, composites prepared with an 8
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mL/hr collagen flow rate were visually uneven (Figure 5.3a). This uneven appearance may be
due to the rapid deposition of the collagen phase at the highest flow rate (8 mL/hr) that deposited
larger, clumpy droplets. Additionally, the mandrel became excessively wetted at the highest flow
rate and periodic stopping of the fabrication process was required to remove excess liquid. This
difficulty with electrospraying established an upper limit to the rate of collagen incorporation
using Approach 1. Cylindrical composites fabricated through Approach 2 were starkly different.
While Approach 1 composites exhibited low collagen contents (15% by weight maximum), the
Approach 2 materials possessed upwards of 75% collagen weight (Figure 5.6a). Additionally,
water content was much greater (upwards of 98% by weight) (Figure 5.6b).
In both cases, the inclusion of a collagen component resulted in much thicker composites
than a rolled collagen-less micro-fiber network (Figure 5.3b, 5.5). The composites fabricated
through Approach 1 exhibited much lower collagen and water content compared to the
composites assembled in Approach 2. The low stiffness of the Approach 2 composites reflected
the high relative amounts of collagen compared to the micro-fiber component that contributed to
the low modulus. This is a stark contrast to the composites fabricated through Approach 1 that
contained micro-fiber/collagen networks approximately 50-100 µm thick. While the Approach 1
composites were not mechanical tested, one could infer that the contribution of the PEUR microfibers to the mechanical properties would be significant [278]. Similarly, increases in composite
diameter (Figure 5.3b, 5.5) after collagen inclusion revealed that the collagen phase of the
Approach 2 composites contributed much more significantly to composite size than in the
Approach 1 composites. In Approach 1 composites, the rolled collagen-less micro-fiber network
possessed a diameter of approximately 1.15 mm, while the rolled sparse-fiber network of
Approach 2 was barely distinguishable on the wire (diameter 0.9 mm). These stark differences
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in contribution of the micro-fiber component to the overall composite diameter may be due to the
fact that in Approach 1, essentially a micro-fiber network containing a small collagen component
was rolled. While in Approach 2, essentially a collagen hydrogel containing sparse-fibers was
rolled.
The composites generated by Approach 1 were similar to materials fabricated by
Ekaputra et al. and Hong et al. [18, 19]. In both these studies, an electrosprayed hydrogel was
deposited concurrently with electrospun micro-fibers. While Ekaputra et al. did not quantify the
extent of heprasil hydrogel (heparin-based) incorporation in the micro-fiber network, crosssections revealed the distribution of regions of hydrogel within the broader micro-fiber network
[18, 281]. We expect that our composites generated through Approach 1 exhibited similar microfiber/hydrogel structure to those composites generated by Ekaputra et al. as both materials
contained a high density of micro-fibers. Similar to our work, Hong et al. also generated a family
of composites by varying the varying the ratio of the flow rate of the dECM electrospraying
component to the electrospun fiber component. However, while they did not quantify the actual
amount of incorporated dECM, the mechanical strength of the composites decreased as the
theoretical dECM component content increased. Cross-sections of their composites under SEM
revealed clear delaminations between the micro-fiber and dECM phase.
One of the main objectives of this study was to fabricate cylindrical materials that may
support the infiltration of cells. Cylindrical materials generated by both McMahon et al. and
Thayer et al. could not support cell infiltration into the micro-fiber network phase [28, 278]. This
poor infiltration was to due the lack of sacrificial or space-filling porogens to reduce the density
of the micro-fiber component. In the studies of both Ekaputra et al. and Hong et al. [18, 19, 281],
the incorporation of hydrogel component into the micro-fiber network was reported to enhance
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cell infiltration. Similarly, the sparse-fiber/collagen composites generated by Kriebel et al. and
Laco et al. consisted primarily of a collagen hydrogel that cells were able to infiltrate and
migrate uninhibited [24, 25]. It is apparent that greater hydrogel content within micro-fiber
networks is necessary to support cell infiltration. A balance may exist between the extent of the
micro-fiber and hydrogel component to provide both structural rigidity and sufficient space to
support cell infiltration. While the ability for cells to infiltrate our two composites (Approach 1
and Approach 2) was not measured; we can speculate that a greater collagen component would
facilitate cell infiltration. The composites generated through Approach 2 may support greater cell
infiltration due to the overwhelming collagen contribution to the overall composite structure.
Future studies will focus on studying cell infiltration into these materials.
In our study, two approaches were used to fabrication micro-fiber/collagen composites
that were rolled to generate cylindrical materials. We hypothesize that both our materials could
exhibit better cell infiltration compared to similar studies that assembled cylindrical composites
[28, 278]. Both McMahon et al. [28] and Thayer et al. [278], rolled micro-fiber networks and
incorporated the successive layers with an interpenetrating hydrogel to assemble cylindrical
composites. In both of these studies, cell infiltration [278] was poor and often limited to the
hydrogel between the dense micro-fiber layers [28]. We anticipate that our cylindrical
composites fabricated through either technique (Approach 1 and Approach 2) are feasible
alternatives to the materials fabricated by both McMahon et al. and Thayer et al. to support cell
infiltration. The incorporation of a large space-filling hydrogel component may be necessary to
facilitate cell infiltration into micro-fiber networks.
5.6. Conclusions
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Two approaches were taken to fabricate cylindrical micro-fiber/collagen composites for
ligament tissue applications. Fabrication utilizing a co-electrospinning/electrospraying technique
(Approach 1) resulted in composites with a large micro-fiber component and a low collagen
contents (0-15% by weight). While the encapsulation of a sparse, thin micro-fiber network
within a collagen hydrogel (Approach 2) resulted in cylindrical composites with a larger collagen
contribution (40-75% by weight). While not tested, composites fabricating utilizing Approach 2
may support cell infiltration better than Approach 1 composites.
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Chapter 6: Fiber/Collagen Composites for Ligament Tissue Engineering: Influence of
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6.1. Abstract
Electrospun fibers are attractive for regeneration of oriented tissues, such as ligament,
because they present instructive topographic and mechanical cues. However, resultant fusedfiber meshes are typically too thin and cell-impermeable for most tissue engineering
applications. Alternatively, a sparse distribution of aligned fibers within a three-dimensional
hydrogel could present instructive cues while permitting cell proliferation and organization into
tissue-like structure. Therefore in this study, model composites were formed by embedding a thin
(~5 fibers thick) layer of aligned electrospun fibers within a collagen hydrogel. Polycaprolactone
(PCL), polyurethane (PEUR), and a 75/25 PEUR/PCL blend were electrospun onto a rotating
mandrel to produce aligned 0.7 µm diameter fiber meshes with elastic moduli of 31, 15, and 5.6
MPa, respectively. These fibers were subsequently encapsulated within collagen gels containing
mesenchymal stem cells (MSCs), cultured for up to 14 days, and assayed for expression of
ligament markers and imaged for cell organization. MSCs in composites containing 5.6 MPa
fibers exhibited increased expression of the ligament marker scleraxis and the marker of the
contractile phenotype α-smooth muscle actin compared to MSCs in the stiffer fiber composites.
Additionally, cells within the collagen bulk of the 5.6 MPa fiber composites were better oriented
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with the underlying fibers than cells in the 15 and 31 MPa fiber composites. Together, these data
indicate that fiber/collagen composites are promising three-dimensional constructs for ligament
tissue engineering. In addition, this flexible platform can be readily tuned to other target tissues.

6.2. Introduction
Connective tissue injuries such as anterior cruciate ligament ruptures afflict thousands of
Americans every year [1], often requiring surgical intervention to restore biomechanical function
through replacement with either an autogenic or allogeneic graft [98, 238]. However, autogenic
grafts suffer from several limitations – including the poor availability of suitable tissue,
mismatched mechanical properties, and morbidity at the donation site [236] – while allogeneic
grafts exhibit slower healing [7] and potential immunogenic responses due to their foreign origin
[237]. Additionally, the integration with the bone and ligamentization of both grafts can be slow
and the subsequent biomechanics impaired, leading to future joint degeneration and eventual
osteoarthritis [285]. Tissue engineering holds promise in overcoming the limitations of these
existing autogenic and allogeneic grafts through the fabrication of novel scaffold materials that
can support cell infiltration, proliferation, and differentiation into an organized tissue. Therefore,
scaffolds intended to facilitate ligament healing must support the differentiation of stem cells
into ligament fibroblasts and guide them to deposit a highly organized, mechanically robust,
anisotropic extracellular matrix (ECM).
Electrospun scaffolds have been widely regarded as ideal substrates for ligament tissue
engineering due to structural similarity to the fibrous microstructure of connective tissues.
Additionally, electrospun scaffolds can be fabricated with a range of topographical [7, 286] and
mechanical characteristics [134], providing diverse stimuli to adherent cells. The fibrous
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microstructure of electrospun scaffolds can guide cell alignment [11, 12] that in turn may guide
generation of an organized anisotropic ECM [123]. However, cell infiltration into electrospun
scaffolds can be slow – due to their high fiber density and small pore size – resulting in the
formation of a dense layer of cells and ECM on the surface with minimal tissue formation in the
interior [26]. To alleviate these limitations, researchers have introduced various porogens,
including ice crystals [15] and water soluble sacrificial fibers [17], into electrospun scaffolds to
facilitate cell infiltration.

However, this improved infiltration is often at the expense of

mechanical integrity of the scaffold which can be weakened and collapse due to the lower fiber
density [17] and disruption of the scaffold architecture. In contrast, incorporation of space-filling
hydrogels [19, 287] through co-electrospraying/electrospinning techniques show potential for
generating composites with increased fiber-fiber spacing and improved cell infiltration.
Nevertheless, the fiber density within these composites can remain high, potentially inhibiting
tissue formation.
One commonly utilized hydrogel, collagen, can be readily infiltrated and remodeled by
cells, and in small animal models has shown potential for healing of partially torn ligaments [22]
and tendon defects [23]. However, the low mechanical strength of collagen gels prevents their
application as stand-alone scaffolds for total ligament replacement [183]. Efforts to improve
hydrogel strength via collagen fibril alignment is often difficult, requiring more complex
fabrication techniques such as gelation under flow [166], strain [167], and electrical fields [168].
Alternatively, collagen hydrogels can be combined with dense fibrous materials, such as knitted
fibers [288] or electrospun scaffolds [289], which are then rolled into large tubular scaffolds
suitable for implantation. However, similar to other fibrous materials, these scaffolds often suffer
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from poor tissue formation [28, 278] due to an inability for cells to infiltrate into and remodel the
fibrous component [17, 26].
Alternatively, a collagen hydrogel reinforced by sparsely distributed fibers could provide
adequate space for cell migration and proliferation, as well as topographic and anisotropic
mechanical cues to guide cell alignment and formation of an organized tissue. Such an approach
has been previously used to guide capillary tube formation [25], Schwann cell migration, and
primary neuronal axon extension [24]. Aside from these applications, sparse fiber/hydrogel
composites could also serve as a template for organization of thick solid tissues by imparting
topographical cues to induce cell alignment. Further, as it is known that the mechanical
characteristics of a biomaterial can guide the differentiation of seeded stem cells toward
stiffness-appropriate lineages [133, 134], the incorporation of a sparse distribution of electrospun
fibers with tunable mechanical properties offer a means to influence stem cell differentiation in a
three-dimensional environment.
The objective of this study was to examine how elastic moduli of electrospun fibers affect
the differentiation of mesenchymal stem cells (MSCs) toward the ligament fibroblast phenotype
within fiber/collagen gel composites. To this end, fibers were electrospun from blends of
polycaprolactone (PCL) and polyurethane (PEUR), generating meshes with a range of elastic
moduli but consistent topographical properties. Sparse fiber-collagen composites were prepared
by encapsulating these fibers between an acellular collagen hydrogel and a collagen hydrogel
containing MSCs. The effect of elastic modulus of the fibers on cellular behavior was analyzed
through quantification of cell shape, orientation, proliferation, and expression of relevant
ligamentous markers (collagen 1α1, scleraxis, and α-smooth muscle actin).
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6.3. Methods
6.3.1. Collagen Extraction
Collagen was extracted from rat tail tendons as described previously [279]. Briefly,
tendons were excised from rat tails, cleaned in 70% ethanol, and digested in 100 mL of 0.1%
acetic acid solution per gram of tendon under continuous stirring for 48 hours at 4 °C. After
digestion, the resultant suspension was centrifuged for 90 min at 8800×g at 4 °C in a Beckman
Coulter Avanti TM J-25 Centrifuge (Beckman Coulter, Pasadena, CA) to separate the insoluble
and soluble components. The clear supernatant containing the collagen was collected, frozen at 80 °C overnight, lyophilized, and stored at -20 °C until use. For reconstitution, the dried collagen
was weighed and mixed (inversion 2-3 times a day, for ~5 days, until solution was uniform and
clear) with a 0.1% acetic acid solution to achieve a stock concentration of 15 mg/mL.
6.3.2. Mesenchymal Stem Cell Isolation and Culture
MSCs were developed from bone marrow explants from the femurs and tibias of juvenile
male Sprague-Dawley rats weighing 125-150 g (Harlan, Dublin, VA) as described previously
[268] in accordance with the Institutional Animal Care and Use Committee at Virginia Tech.
Briefly, bone marrow extracts were thoroughly dispersed and plated on two 100 mm tissue
culture polystyrene Petri dishes. These cells, containing a population of MSCs, were expanded in
growth medium (minimal essential medium-alpha modification (α-MEM, Sigma Aldrich, St.
Louis, MO) supplemented with 10% fetal bovine serum (FBS, Gemini Biosciences, West
Sacramento) and 1% antibiotic/antimycotic (Life Technologies, Carlsbad, CA)) in a 37 °C, 5%
CO2 incubator until colony formation was observed (7-10 days post-isolation). Cells were then
lifted with 0.05% trypsin/EDTA (Life Technologies) and split 1:3 to disperse the MSCs. Cells
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were passaged every 4 to 5 days with re-plating at a density of 105 cells per 100 mm Petri dish.
Cells for experiments were used between passage 3 and 5.
6.3.3. Fabrication of Sparse Fiber Meshes with Different Moduli
A segmented degradable PEUR was synthesized using a standard two-step technique as
described previously [280] while PCL (MW of 111 kDa) was obtained from Sigma Aldrich.
PEUR/PCL blends of 100/0, 75/25, 50/50 and 25/75 wt/wt were dissolved to a final
concentration of 11% (w/w) in hexafluoroisopropanol (HFIP), and 0/100 PEUR/PCL was
dissolved to 11% in trifluoroethanol (TFE) by vigorous stirring overnight at room temperature.
The 7.5 cm diameter cylindrical collecting mandrel was covered with aluminum foil, and
polydimethylsiloxane (PDMS) strips (~0.5 cm wide) were then placed axially on the foil-covered
mandrel and at 1 cm spacings (circumferentially). Silicone medical adhesive Type A (Dow
Corning, Midland, MI) was coated on the PDMS strips prior to electrospinning to ensure
adhesion of the deposited fibers. The polymer solutions were electrospun for 5 minutes from a 22
gauge needle at a throw distance of 15 cm, flow rate of 3 mL/h and +15 kV potential onto a
rapidly rotating (1500 rpm) mandrel. After overnight drying, resultant meshes (with PDMS
strips) were cut from the mandrel and the PDMS strips were adhered to 75 × 25 mm glass slides
(Thermo-Fisher Scientific, Waltham, MA) with Silicone medical adhesive Type A to suspend the
meshes for cell culture experiments. For mechanical testing meshes were electrospun for 15 min
to achieve sufficient thicknesses to permit strain-to-failure testing, and mesh thicknesses were
measured using digital calipers.

6.3.4. Imaging and Mechanical Characterization
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Meshes composed of 100/0, 75/25, 50/50, 25/75, and 0/100 PEUR/PCL were soaked
overnight in phosphate buffered saline (PBS) and mechanically tested under monotonic strain
(12 %/min) at room temperature until failure along the axis of fiber alignment using a Kammrath
& Weiss micro-tensile tester (Dortmund, Germany). Elastic moduli were determined from forcedisplacement data based on regression of the linear portion (2-5 % strain) of the stress-strain
curve.
For morphological characterization, electrospun meshes were imaged under a scanning
electron microscope (SEM). Briefly, meshes were mounted onto studs, sputter coated with a 20
nm layer of palladium (Model 208HR; Cressington Scientific Instruments, Cranberry, PA), and
imaged using a LEO 1550 Field Emission SEM (Carl Zeiss SMT, Thornwood, NY) operating at
5 kV with 10 mm working distance. Images were analyzed using ImageJ software (NIH,
Bethesda, MD) to quantify fiber diameter and angular standard deviation (ASD) for the different
polymer blends [119]. Mesh thickness was estimated by counting the number of fibers depthwise at four different locations per image, averaged across 6 images per mesh. After mechanical
testing and SEM imaging meshes comprised of blends of 100/0, 75/25, and 0/100 PEUR/PCL
were selected for subsequent cell studies due to their distinctive elastic modulus and consistent
fiber topographies.

6.3.5. Preparation of Sparse Fiber-Collagen Composites
Composites were prepared by casting 5 mg/mL collagen gels around 100/0, 75/25, and
0/100 PEUR/PCL sparse fiber meshes (Figure 6.1). Briefly, 15 mg/mL collagen stock solution
was diluted in a neutralizing buffer to generate working solutions of 5 mg/mL [290]. The
collagen solution (without cells) was pipetted into the space between the suspended sparse fiber
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meshes and the glass slide and permitted to gel at 37 °C. Next, 50 µL of the collagen solution
with 8×105 cells/mL was pipetted on top the sparse fiber meshes to a density of 4×104 cells per
sample, and allowed to gel. Control materials were 50 µL 5 mg/mL collagen beads with 8×105
cells/mL that were cast into 96 well plates, and allowed to gel. After gelation, composites were
cultured in growth media at 37 °C in a humidified 5% CO2 incubator for the duration of the
study. Samples were collected after 2 and 14 days for histological characterization, and after 4, 7,
and 14 days of culture for measurement of cell number and gene expression.

Figure 6.1: Composite fabrication. a) Diagram of the structure: (i) aligned electrospun
mesh, (ii) collagen gel, (iii) cell-seeded collagen gel, (iv) PDMS strip. b) Image of three
composites on a glass microscope slide. Fibers are aligned from one PDMS strip to the other.

6.3.6. mRNA characterization
Fiber/collagen composites were collected at days 4, 7, and 14, placed in 500 µL of Trizol
(Life Technologies), and stored at -80 °C until use. Samples were then thawed, mixed with 100

107

µL of chloroform (Sigma Aldrich), and thoroughly vortexed to digest the scaffold. After
vortexing, the samples were centrifuged at 12,000×g for 15 minutes to separate the aqueous and
organic layers. The organic layers were set aside for subsequent DNA quantification (see below)
and the aqueous layers were retained for RNA isolation.
Total RNA was isolated from the aqueous phase using the RNeasy Mini Kit (Qiagen,
Germantown, MD) according to the manufacturer’s protocol. Briefly, the aqueous phase was
combined with an equal volume of 70% ethanol, and the mixture was vortexed and transferred to
RNeasy silica spin columns. After centrifugation the RNA was bonded to the spin column filter,
washed with the provided buffers, and dried. RNase-free water was added to the spin column to
elute the RNA by centrifugation. The resulting eluent was subsequently quantified using QuantiT RiboGreen® kit (Life Technologies) according to manufacturer’s protocol. Briefly, the eluent
was diluted 1:50 in TE buffer (10 mM Tris HCl and 1 mM EDTA) to a final volume of 100 µL
and mixed with an equal volume of Quant-iT RicoGreen reagent (1:200 dilution in TE buffer)
and the fluorescence measured with a SpectraMax M2 plate reader (Molecular Devices,
Sunnyvale, CA) at excitation of 500 nm and emission of 525 nm. Fluorescence values were
converted to RNA concentrations using a standard curve generated using a series of ribosomal
RNA stock solutions.
Equal amounts of RNA was then reverse transcribed to cDNA using a Superscript® II
Reverse Transcriptase kit (Life Technologies) according to manufacturer’s protocol. Briefly,
approximately 5 ng of total RNA was reversed transcribed using random hexamers as primers
through incubation at 42 °C for 50 min followed by incubation for 10 min at 70 °C for
inactivation. PCR was then performed using an ABI 7300 Real Time PCR System (Applied
Biosystems, Foster City, CA), rat-specific primers, and Power Sybr®Green Master Mix (Life
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Technologies). Specific targets included collagen 1α1, scleraxis, and α-smooth muscle actin
(Table 6.1). Relative gene expression was determined using the comparative threshold cycle
(ΔΔCt) method [291] with GAPDH as the housekeeping gene and no fiber collagen scaffolds as
the normalizer. Individual data were transformed by the formula 2-ΔΔCt and plotted as the mean ±
the standard deviation.
Table 6.1. Primer pairs for PCR
Gene

Forward

Reverse

GAPDH

5`-TCTGCTCCTCCCTGTTCT-3`

5`-CGACCTTCACCATCTTGTCTATGA-3`

Collagen 1α1

5`-GAGGGCGAGTGCTGCCT-3`

5`-GGTCCCTCGACTCCTATGACTTC-3`

Scleraxis

5`-TCTGCCTCAGCAACCAGAGAAAT-3`

5`-ACTCTTCAGTGGCTTCCACCTTCA-3`

α-SMA

5`-CAGGATGCAGAAGGAGATCACA -3`

5`-CCGCCGATCCAGACAGAA -3`

6.3.7. DNA Quantification
The organic phase of the Trizol/chloroform extraction (described previously) was mixed
with 2 volumes of 100% ethanol, vortexed, and stored at -20 °C overnight to facilitate DNA
precipitation. Following centrifugation at 12,000×g, the supernatant was removed and the pellet
was combined with 75% ethanol, vortexed, and centrifuged at 12,000×g to collect the DNA. The
supernatant was removed and the pellet dried under vacuum to remove residual ethanol. The
DNA was incubated in 200 µL of TE Buffer at 55 °C overnight for resuspension. The DNA
content was then quantified using the Quant-iT PicoGreen kit (Life Technologies) according to
manufacturer’s instructions. Briefly, the lysate was diluted at 1:10 in TE buffer to a final volume
of 100 µL. The lysate was then mixed with an equivalent volume of Quant-iT PicoGreen dsDNA
reagent (1:200 in TE buffer) and the fluorescence measured with a SpectraMax M2 plate reader
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at 480 nm excitation and 520 nm emission. Fluorescence values were converted to DNA
concentrations using a standard curve generated using a series of lambda-DNA solutions. DNA
concentrations were reported relative to the day 4 no fiber (collagen only) group.

6.3.8. Fluorescent Staining
Fluorescent staining of the actin cytoskeleton and nuclei was performed to visualize the
distribution and morphology of MSCs within the sparse fiber-collagen composites. Briefly,
samples collected at days 2 and 14 were washed in PBS and fixed overnight in 4% methanol-free
neutral-buffered formaldehyde. The samples were then washed twice in PBS and transferred to a
0.05 vol% Triton X-100 solution in PBS to permeabilize the cell membranes. Following 2
additional washes in PBS, the meshes were then incubated for 90 min at room temperature in
200 µL of a 50 unit/mL rhodamine-phalloidin (Life Technologies) solution to stain F-actin.
Following additional PBS washes, the samples were incubated in a 5 µg/mL DAPI (Life
Technologies) solution for 30 minutes, subsequently washed, and stored hydrated in sterile PBS
until imaging.

Samples collected at day 2 were imaged with an inverted Leica DM IL

microscope (Leica Microsystems, Buffalo Grove, IL) under a fluorescent field with a UV/blue
band-pass filter for nuclei distribution and green/red band-pass filter for actin cytoskeleton
organization for analyze of cell morphology and degree of alignment (i.e., ASD). Samples
collected at day 14 were imaged using a Zeiss LSM 880 confocal microscope (Carl Zeiss AG,
Oberkochen, Germany) with a 405 nm near UV laser, an Argon (458 nm, 488 nm, 514 nm) laser,
and a HeNe 543 nm laser. Samples were imaged for DAPI and rhodamine-phalloidin under a Capochromat 40×/1.2 N.A. water immersion objective.
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6.3.9. Statistical Analysis
Statistical significance was determined using a one-way ANOVA and a Tukey–Kramer
post-hoc test (OriginPro 8.1, Origin Lab Corporation, Northampton, MA). A p-value of less than
0.05 was considered statistically significant. Studies were performed in duplicate with a sample
size of n=4 for each replicate.

6.4. Results
Blends of PEUR and PCL were electrospun onto a rapidly rotating mandrel to fabricate
aligned fiber meshes that were utilized for mechanical testing, topographical characterization,
and subsequent cell studies. Thicker (20-46 µm) electrospun meshes were subjected to uniaxial
mechanical testing to determine their elastic moduli (measured in the first linear region, after 25% strain) (Figure 6.2).
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Figure 6.2: Representative stress-strain curves of electrospun meshes prepared from
100% PCL (blue), 100% PEUR (red) and 75/25 w/w PEUR/PCL (black).

Meshes composed of 0/100 PEUR/PCL exhibited a modulus of 31 ± 14 MPa, while
meshes composed of 100/0 PEUR/PCL exhibited a modulus of 15 ± 4.0 MPa. The 75/25
PEUR/PCL was the softest, with a modulus of 5.6 ± 2.5 MPa. Separately, sparse fiber
electrospun meshes were imaged by SEM for analysis of fiber diameter and degree of alignment
(Figure 6.3). All mesh compositions had sub-micron fiber diameters (75/25 PEUR/PCL: 0.66 ±
0.01 µm, 100/0 PEUR/PCL: 0.77 ± 0.04 µm, 0/100 PEUR/PCL: 0.66 ± 0.01 µm) and low ASDs
(75/25 PEUR/PCL: 13°, 100/0 PEUR/PCL: 20°, 0/100 PEUR/PCL: 21°). Furthermore, the
resultant thin meshes were an average of 5.3 ± 0.7 fibers thick and equivalent across all three
blends.

Figure 6.3: Scanning electron micrographs images of thin electrospun meshes: a) 75/25
PEUR/PCL, b) 100% PEUR, c) 100% PCL. Meshes were approximately 5 fibers thick, with
similar fiber diameters (0.66 to 0.77 µm) and ASDs (13° to 21°).
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Figure 6.4: Confocal images of cells after 2 days in a 100% PCL fiber/collagen hydrogel
composite. a) Cells in contact with the fiber layer. Fibers are green, cell nuclei blue, and actin
cytoskeleton red. b,c) Cells within the collagen hydrogel phase 100 and 200 µm above the fiber
layer. Cells appear to to elongate parallel to the direction of the fibers (arrow).

MSCs were seeded within a 5 mg/mL collagen gel on taut meshes suspended above glass
slides (as shown in Figure 6.1) and collagen gels in 96 well plates were used as controls. Within
2 days many cells had oriented with the underlying aligned fiber network (Figure 6.4). At the
same time, cells that had remained within the collagen gel phase exhibited morphologies that
depended on the elastic modulus of the underlying fiber network. Specifically, cells in the
collagen bulk above the underlying 5.6 MPa fiber network (Figure 6.5b) exhibited greater
alignment (i.e., lower ASD) and higher aspect ratio as compared to cells above the stiffer fiber
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networks (Figure 6.5c,d). In contrast, cells within fiber-less collagen gels remained less spread
and randomly oriented (i.e., higher ASD) (Figure 6.5a).

Figure 6.5: Morphology of cells after 2 days in composites. Confocal images were
collected in a) collagen gels (no fibers), or 100 µm above b) 75/25 PEUR/PCL c) PEUR, and d)
PCL fiber layers. Arrow indicates direction of fiber orientation in (b-d).
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Table 6.2. Quantitative analysis of cell morphology. Measurements were made 100 µm
above the fiber layers and data corresponds to the mean ± standard error for n=4 samples, 30
cells per sample.

Cell
ASD

Aspect
Ratio

No Fiber

52°

2.6 ± 1.2

5.6 MPa

18°

3.3 ± 1.4

15 MPa

24°

3.4 ± 1.5

31 MPa

34°

3.0 ± 1.6

Confocal imaging after 14 days of culture revealed a dense layer of cells around the
sparse fibers (Figure 6.6) in all fiber containing materials. However, differences in cell
morphology of cells within the collagen bulk were observed for the different fiber elastic moduli.
In the composites containing the softest fibers (5.6 MPa), cells within the collagen bulk appeared
to be oriented with the underlying fibers (ASD of 30.6°). In contrast, cells within the collagen
above the stiffest fibers (31 MPa) were not oriented (ASD of 50°). Further, cells above the
stiffest fibers (31 MPa) appeared to be smaller, rounder and less dense (Table 6.3) than those
above the softest (5.6 MPa) fibers (Figure 6.6b,f). Additionally, the thickness of collagen gels
above the softest fibers (210 ± 79 µm) were thinner than the collagen gels above the stiffest
fibers (390 ± 17 µm) after 14 days of culture, indicating that compaction by the cells may be
occurring.
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Figure 6.6: Representative cell morphology in a,b) 75/25 PEUR/PCL c,d) PEUR, and
e,f) PCL fiber/collagen composites after 14 days of culture. a,c,e) Cells in contact with the fiber
layer, b,d,f) and in the collagen bulk (~100 µm above fibers). Red-actin, blue-cell nuclei.
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Table 6.3. Quantitative analysis of nuclei distribution. Measurements were made
between 0 and 150 µm above the fiber layer. Data corresponds to ~150 cells for each sample.

5.6 MPa

31 MPa

Distance
Above
Fibers
(µm)

Nuclei/thousand
µm2

0

0.037

0

0.018

14

0.019

19

0.018

41

0.054

38

0.018

55

0.069

56

0.011

69

0.046

75

0.020

110

0.081

113

0.013

138

0.115

132

0.012

151

0.040

150

0.012

Distance
Nuclei/thousand
Above Fibers
µm2
(µm)

Analysis of DNA content indicated modest proliferation of MSCs within all composites
as well as in the collagen gels (Figure 6.7). At the same time mRNA analysis of the MSCs
revealed that the elastic modulus of the underlying sparse fibers influenced the expression of
various ligament markers (Figure 6.8). Both the ligament marker scleraxis and the contractile
marker α-SMA were greatest in the 5.6 MPa fiber composites, and significantly different than
the collagen control and 31 MPa fiber composites at day 14. In addition, at day 14 expression of
these markers declined as the fiber moduli increased. In contrast, expression of collagen 1α1 was
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not significantly affected by fiber modulus. Finally, the expressions of collagen 1α1, scleraxis
and α-SMA all increased from day 7 to day 14 relative to the collagen control group.

Relative DNA Content
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15 MPa
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Figure 6.7: Relative DNA content of composites. Data was normalized to Day 4 data for
each group. Bars correspond to the mean ± standard error for n=4 samples. Asterisk
corresponds to a statistically significant difference between groups (p < 0.05).
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Figure 6.8: mRNA expression of collagen Iα1, scleraxis, and α-smooth muscle actin
after 7 and 14 days of culture. Bars correspond to the mean ± standard error for n=4 samples.
Asterisk denotes statistically significant difference between groups at same time point, and a
pound symbol denotes a statistically significance difference between the Day 7 and Day 14 (p <
0.05).

6.5. Discussion
In this study, a sparse layer of electrospun fibers (5.6, 15.1, 31 MPa) with consistent
topographical features (i.e., fiber diameters, alignment) was embedded within collagen gels to
determine whether the topographical and mechanical cues imparted by the fibers could induce
MSC differentiation toward the ligament phenotype. In this model fiber/hydrogel environment,
cells oriented with the fibers by day 2 and developed distinct morphological characteristics by
day 14. Quantitative analysis revealed systematic differences in cell morphology with modulus
of the fibers at early and late time points. Furthermore, ligament marker expression was
influenced by the modulus of the fibers, with MSCs in softer fiber (5.6 MPa) composites
exhibiting elevated expression of scleraxis and α-SMA.
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This study is based on previous work that has shown that aligned electrospun meshes
comprised of sub-micron diameter fibers provide contact guidance cues to induce MSC
alignment, ECM deposition, and ligament differentiation [11, 12]. Despite those promising
results, small fiber diameter (< 1.5 µm) meshes exhibit small pore sizes that restrict cells to the
mesh surface [26]. Significant cellular infiltration has been reported when fiber diameters are in
excess of 5.0 µm [135]; however these diameters are much larger than what has previously been
shown to promote ligament differentiation [11, 12]. Alternative efforts to improve cellular
infiltration into sub-micron diameter meshes have included sacrificial components and space
filling gels to decrease the overall fiber density. For example, Baker et al. fabricated electrospun
meshes composed of up to 90 wt% sacrificial polyethylene oxide fibers [17], which after
exposure to water dissolved away, resulting in increased pore size and improved cell infiltration.
However, this improved infiltration was at the expense of the mesh mechanical integrity, whose
remaining low density fiber network consolidated over time. Similarly, Ekaptura et al.
electrosprayed Heprasil concurrently with electrospun fiber deposition, improving the overall
depth of cell infiltration into 1.5 µm diameter fiber meshes over no hydrogel meshes [18].
However most cells remained near the mesh surfaces with low cell densities in the interior.
To overcome the intrinsic limitations of cell infiltration into dense fiber meshes, we
prepared a sparse layer of aligned electrospun fibers that was subsequently encapsulated within a
collagen gel to create a three-dimensional environment through which cells could proliferate and
migrate. The effect of sparse electrospun fibers within a collagen gel has been explored
previously for applications in lymphatic and neuronal tissue engineering. For development of
lymphatic tissue-like structures, Laco et al. demonstrated that lower fiber densities guided
endothelial cells to assume higher aspect ratios [25]. However in that study, cells were seeded
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directly on fiber layers prior to the addition of collagen, and therefore the study did not explore
how cells within the collagen phase sense and respond to the underlying fiber network. For
development of peripheral nerve tissue, Kriebel et al. generated composites containing highly
aligned PCL fibers within a collagen gel [24]. These composites consisted of roughly 20
alternating layers of electrospun fibers and collagen, with dorsal root ganglia suspended in the
~100 µm thick collagen layers. Using this system, Kriebel et al. was able to show that Schwann
cells migrated from the ganglia to the fibers and elongated parallel to the fibers, while Schwann
cells in fiber-less collagen gels remained round and randomly oriented. In contrast to these two
studies, we incorporated MSCs within the collagen bulk atop a sparse fiber network to determine
if MSCs can sense the presence of the stiffer fibers outside their immediate microenvironment.
In this study, we showed that cells both adhered to the fibers and the cells within the collagen
bulk oriented with the underlying network (~100 µm above the fibers) (Figure 6.5). This may be
due to the ability for the fibrillar collagen network to transmit stresses between the cells and the
fibers [32], consistent with previous studies. For example, Leong et al., showed that the
morphology, actin structure, rate of proliferation and gene expression of cells seeded on thick
collagen gels (1440 µm) was different from cells seeded on thin gels (130 µm) with a rigid glass
substrate backing [195]. Similarly, Mohammadi et al. showed that cells seeded on collagen gels
bounded by a small grid (200 µm or 500 µm wide) exhibited greater numbers and lengths of cell
extensions as compared to cells on the larger grids (1700 µm) [196]. These observations – that
cells

within

fibrillar

hydrogels

can

sense

rigid

features

beyond

their

immediate

microenvironment and that both the stiffness and distance from those features affects cell
behavior – has profound implications toward the development of thick scaffolds for ligament and
other tissue applications.
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It is well known that MSCs respond to the mechanical characteristics of their
microenvironment, but studies have been primarily performed on 2D surfaces [133, 134] that do
not recapitulate the dimensions and features of thick, clinically relevant engineered tissues.
Toward elucidating the role of mechanical stiffness on cells within three-dimensional
environments, Bott et al. examined the effect of hydrogel modulus on fibroblast spreading, and
showed that cells within stiffer 2.5 wt% PEG hydrogels exhibited much less spreading than cells
within both softer 1.5 wt% PEG and collagen hydrogels [292]. Similar to their work, we
observed in this study that cells were more aligned and elongated cells in the composites with the
softer (5.6 MPa) fibers than in the stiffer (31 MPa) fibers (Figure 6.5). Separately, Pek et al.
explored the differentiation of MSCs within 3D PEG-silica hydrogels of varying stiffness [293],
and – similar to the two-dimensional study of Engler et al. [133] – showed that the stiffest
hydrogels induced osteogenic differentiation while softest gels stimulated neurogenic
differentiation. In an analogous manner, we showed in this study that composites fabricated from
the softest fibers resulted in the highest expression of the ligament transcription factor scleraxis
and the contractile protein α-SMA (Figure 6.8).

Together these data confirm that MSCs

behavior is dependent on the local mechanical environment.
A unique aspect of this study was that the mechanical environment of the model system
was not spatially uniform. Rather, the softer collagen hydrogel phase atop a stiffer fiber layer
likely created a vertical stiffness gradient. Previously, MSCs have been shown to migrate toward
stiffer substrates and this durotaxic behavior to be more pronounced on steeper gradients [294].
It was observed that cells above the stiffer fibers were less dense compared to cells above the
softer fibers (Table 6.3) after 14 days of culture. This disparity in cell density despite the similar
DNA contents of the composite (Figure 6.7) may be due to a steeper mechanical gradient
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resulting from the stiffer fibers, indicating that cells may localizing to the fibers rather than
remain in the collagen. Additionally, the morphology of the cells in the collagen bulk differed
with fiber stiffness (Figures 6.5 and 6.6). Thus, the cells in the collagen bulk above the different
fiber layers could have exhibited distinctly different phenotypes. As PCR analysis was
performed on cells extracted from entire composites, such differences could have contributed to
apparent differences in mRNA expression. Therefore, to mitigate this effect it may be necessary
to distribute fibers more uniformly throughout composites in future studies.
Finally, while variations in the elastic moduli of a sparse fiber layer within collagen gels
modulated expression of scleraxis and α-SMA, the addition of biological cues (e.g., growth
factors, morphogens) could facilitate more complete MSC differentiation toward the ligament
fibroblast phenotype. For example, fibroblast growth factor-2 has been shown to enhance the
expression of collagen I, III, tenascin-C, and tenomodulin on aligned electrospun meshes [295].
Similarly, growth and differentiation factor-5 has been shown to increase the expression of both
scleraxis and collagen type I when adipose derived stem cells are cultured on electrospun
scaffolds [296]. Additionally, the release of platelet-derived growth factor from aligned collagennanoparticle electrospun scaffolds has been shown to enhance the proliferation of adipose
derived stem cells and the expression of scleraxis and tenomodulin [297]. Thus, the presentation
of growth factors and morphogens [298] within sparse fiber/hydrogel composite is the natural
next step for the development of a clinically relevant material for ligament regeneration.
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6.6. Conclusions
In this study, a method was developed to fabricate model composites consisting of a
sparse layer of aligned electrospun fibers within a collagen hydrogel. MSCs seeded in the
collagen hydrogel phase oriented to the underlying fiber network. Systematic variation of fiber
modulus affected MSC morphology, alignment, and expression of α-SMA and scleraxis, with the
most ligament-like properties observed in composites with the softest fibers. This flexible
platform shows promise for the development of composites for ligament regeneration and may
be adapted to other target tissues.
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7.1. Abstract
Incorporation of growth factors and morphogens within scaffolding materials for tissue
engineering is a major guiding component of the tissue-engineering paradigm. These bioactive
molecules present cues to guide cell differentiation and tissue formation into an otherwise inert
scaffolds. In this study we examined different modalities of protein incorporation on electrospun
micro-fibers that include surface conjugation and absorption onto affinity binding surfaces.
Specifically, thin layers (~5 fibers thick) of co-axial core-shell polyurethane/polycaprolactone
(PEUR/PCL)-chitosan micro-fibers were electrospun. Fibroblast growth factor-2 (FGF-2) and
growth and differentiation factor-5 (GDF-5) were incorporated onto the shell phase through
covalent tethering to chitosan or absorption to a heparin-coated surface (affinity binding). These
functionalized fibers were encapsulated within a collagen network containing MSCs and cultured
for 7 days. Expression of ligamentous markers scleraxis, collagen I, and tenomodulin were
enhanced in the presence of surface conjugated FGF-2 and GDF-5 compared to growth factor
absorbed onto fibers.

7.2. Introduction
Conventional biocompatible scaffolds are prepared from inert synthetic polymers (e.g.,
poly(lactic-co-glycolic acid) PLGA, polycaprolactone (PCL), polyethylene glycol (PEG)) that
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lack domains and binding sites to affect cell behavior. Consequently, these biomaterial scaffolds
– including electrospun micro-fiber networks – have been modified with peptides or proteins
through physisorption, affinity binding to modified surfaces, or chemical conjugation techniques.
The simple adsorption of growth factors and morphogens is driven by the Vroman effect, where
the initially adsorbed growth factors will remain on the surface until replaced by a protein with a
greater affinity. The myriad of proteins and other macromolecules found within both in vitro and
in vivo environments can rapidly lead to the desorption of growth factor from the surfaces [215,
216]. The incorporation of surface charges through techniques such as plasma treatment can
enhance the retention of absorbed growth factors [214]. Alternatively, covalent grafting or
absorption of heparin to fibers, followed by ionic associations of growth factors or morphogens
(e.g., members of the FGF and TGF-β families) to the heparin may be a tractable alternative to
present such bioactive molecules.
Several researchers have covalently grafted or absorbed heparin to surfaces followed by
affinity binding or covalent tethering of growth factors or morphogens [217-219]. In a study by
Yoon et al., the endothelial cell proliferation was enhanced on heparin-coated porous scaffolds
that sustained the release of FGF-2 over 20 days [219]. Another study by Li et al. utilized PDGF
released (burst release followed by sustained slower release over 21 days) from heparin-coated
polyurethane scaffolds to enhance the healing of rat skin wounds [218]. Finally, Jeon et al.
demonstrated that heparin-immobilization can permit sustained release of BMP-2 to support the
formation of bone as indicated by enhancement in ALP activity and mineralization compared to
scaffolds without a heparin component [217]. While the release of growth factors from the
scaffold surfaces can guide cell differentiation, more permanent incorporation may be necessary
for sustained cell exposure.
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Covalent conjugation can be utilized to directly link growth factors to surfaces for both
their long-term retention and immediate availability to cells [299]. Conjugation of growth factors
to scaffold surfaces is often performed through the linking of amines [212] and carboxyl groups
[213] on the biomaterial to the protein of interest. Several types of linkage chemistries that either
include or omit a spacer arm can be utilized to covalently conjugate growth factors to surfaces.
Surface conjugation through EDC/NHS chemistry is widely utilized and immobilizes growth
factors on surfaces without a spacer arm. For example, Choi et al. and Cho et al. utilized
EDC/NHS chemistries to immobilize epidermal growth factor and nerve growth factor
respectively on electrospun micro-fibers for enhancement of cell differentiation toward a dermal
or neuronal lineage [30, 31]. Alternatively, longer spacer-arms such as maleimide linkers and
PEG can be utilized to tether growth factors at the end of long chains to surfaces [300, 301].
These spacer-arms have been utilized previously for the incorporation of adhesive peptide chains
onto material surfaces to modulate the attachment of cells. An increase in length of the spacerarms has been associated with improved cell function due to lower steric inhibition and greater
ligand mobility that allows better binding to integrins [302, 303]. Additionally, the tethering of
growth factors on these spacer-arms has shown promise to enhance bioactivity due to
preservation of the protein confirmation [304, 305]. Finally, tethering may preserve the
bioactivity of the growth factor better than absorption on the surfaces [306].
A variety of different growth factors and morphogens have potential in directing
development of the ligament phenotype including FGF-2, transforming growth factor-β (TGF-β),
insulin-like growth factor (IGF), and epidermal growth factor (EGF) [307, 308], along with
GDF-5, 6, 7 (BMP 14, 13, 12) [74]. Administration of GDF-5 into the site of a rat MCL injury
by Tashiro et al. improved the mechanical strength of the ligament and increased collagen fibril
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bundles sizes compared to untreated injuries [76]. In vitro, Park et al. exposed rat adiposederived MSCs to GDF-5 concentrations ranging from 0 to 1000 ng/mL [309]. Improved
proliferation, glycosaminoglycan deposition, and expression of decorin was noted at 10 ng/mL
GDF-5, while 100 ng/mL GDF-5 increased expression of ligament markers scleraxis,
tenomodulin, and tenascin-C. Similarly, Saiga et al. incorporated FGF-2 and GDF-5 into
hydrogels to repair rabbit tendon defects [310]. The resulting tissue resembled the defined
collagen microstructure and cellular distribution of native tendon. Additionally, the expression of
collagen 1α1 was elevated and the expression of collagen 3α1 was suppressed, which may be
indicative of the development of a tendon/ligament phenotype. FGF-2 and GDF-5 may be
suitable for incorporation into a scaffold for ligament tissue engineering.
In this study, a co-axial electrospinning set-up was utilized to generate micro-fiber
networks that possessed a chitosan sheath phase onto which FGF-2 and GDF-5 could be
incorporated through conjugation or absorption. These functionalized micro-fibers were
encapsulated in a collagen hydrogel containing MSCs and the expression of ligamentous markers
were measured after 7 days of culture.

7.3. Methods
7.3.1. Coaxial Electrospinning
Core-shell

PEUR/PCL-chitosan

fiber

meshes

were

electrospun

by

co-axial

electrospinning as previously described [211]. Briefly, a custom co-axial electrospinning needle
was fabricated by drilling a hole in the side of a 14 gauge blunt tipped needle and inserting a 20
gauge blunt tipped needle positioned concentrically. The shell phase was prepared from the
combination of a 1.5% chitosan solution in 3% acetic acid and 10% DMSO with 1.5 wt% PEO in
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3% acetic acid and 10% DMSO at a ratio of 70/30. This solution was subsequently electrospun
through the 14 gauge needle. For the core phase, an 11% w/w PEUR/PCL (75/25) solution in
hexafluoroisopropanol (HFIP) was electrospun from the 20 gauge needle. Co-axial fibers were
electrospun at 15 kV, with a 15 cm throw distance, and flow rate of both components of 0.5
mL/hr for 5 minutes onto a rapidly rotating mandrel (1500 rpm) to generate thin aligned PCLchitosan core-shell micro-fibers.
Prior to electrospinning, the mandrel was covered with long, narrow PDMS strips,
arranged axially, and spaced 1 cm apart using silicone medical adhesive type A. These PDMS
strips permitted transfer of thin meshes from the mandrel to plastic coverslips. After adhesion to
these plastic coverslips with silicone medical adhesive, the coverslips were transferred to the
bottom of 24 well plates and adhered with the silicone adhesive.

electrospinning microfibers with a chitosan
sheath ...
Ω

ela
sto

... enables
bioconjugation
of morphogens

Figure 7.1: PEUR/PCL-Chitosan micro-fibers were deposited using a co-axial
electrospinning technique to fabricate fibers with a chitosan sheath to facilitate functionalization
with growth factors through conjugation or absorption.
7.3.2. Conjugation/Absorbance to Micro-fibers
A mixture of FGF-2 and GDF-5 was conjugated or absorbed to the surfaces of the microfibers. Briefly for conjugation, a solution of 1.44 mg/mL EDC and 0.17 mg/mL NHS was
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dissolved in 0.1 M 2-(N-morpholino) ethanesulfonic acid (MES) buffer and pH adjusted to 5.5. 1
mL of this solution was added to each micro-fiber/chitosan fiber network within a 24 well plate
and incubated for 15 minutes to activate the surface. The activation solution was then removed
and a mixture of FGF-2 (50 ng/mL) and GDF-5 (500 ng/mL) in a 0.1% BSA/PBS solution was
added to each well and incubated for 2 hours at room temperature to permit surface conjugation.
Growth factors were physisorbed to either chitosan or chitosan-heparin micro-fibers for
up to 2 hours. Chitosan-heparin micro-fibers were prepared by incubating co-axial PEUR/PCLchitosan fibers with a 0.1% heparin (Porcine, 171 units/mg. Sigma Aldrich) solution for 1 hour.
After surface preparation, a mixture of FGF-2 (500 ng/mL) and GDF-5 (500 ng/mL) was
physisorbed to the micro-fiber through a 2 hour incubation under mild agitation.

Figure 7.2: PEUR/PCL-Chitosan micro-fibers were functionalized with FGF-2 and
GDF-5 through surface conjugation, or absorption to affinity binding (heparin-coated) chitosan
micro-fibers. Control groups included simple absorption onto chitosan fibers, and growth factorless heparin-coated and chitosan surfaces.
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7.3.3. Micro-Fiber/Collagen Composite Assembly
Composites were prepared by casting 5 mg/mL collagen gels around functionalized
PEUR/PCL-chitosan sparse fiber networks (Figure 7.3). Briefly, 15 mg/mL collagen stock
solution was diluted in a neutralizing buffer to generate working solutions of 5 mg/mL [290].
The collagen solution (without cells) was pipetted into the space between the suspended sparse
fiber meshes and the glass slide and permitted to gel at 37 °C. Next, 50 µL of the collagen
solution with 8×105 cells/mL was pipetted on top the sparse fiber meshes to a density of 4×104
cells per sample, and allowed to gel. After gelation, composites were cultured in growth media at
37 °C in a humidified 5% CO2 incubator for the duration of the study. Samples were collected
after 7 days for measurement of gene expression through PCR.

Figure 7.3: Composite fabrication. a) Diagram of the structure: (i) aligned electrospun
mesh, (ii) collagen gel, (iii) cell-seeded collagen gel, (iv) PDMS strip. b) Image of three
composites on a glass microscope slide. Fibers are aligned from one PDMS strip to the other.
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7.3.4. RNA Isolation and Polymerase Chain Reaction
Micro-fiber/collagen composites were collected at days 7, placed in 500 µL of Trizol
(Life Technologies), and stored at -80 °C until use. Samples were then thawed, mixed with 100
µL of chloroform (Sigma Aldrich), and thoroughly vortexed to digest the scaffold. After
vortexing, the samples were centrifuged at 12,000×g for 15 minutes to separate the aqueous and
organic layers. The aqueous layers were retained for RNA isolation.
Total RNA was isolated from the aqueous phase using the RNeasy Mini Kit (Qiagen,
Germantown, MD) according to the manufacturer’s protocol. Briefly, the aqueous phase was
combined with an equal volume of 70% ethanol, and the mixture was vortexed and transferred to
RNeasy silica spin columns. After centrifugation the RNA was bonded to the spin column filter,
washed with the provided buffers, and dried. RNase-free water was added to the spin column to
elute the RNA by centrifugation. The resulting eluent was subsequently quantified using QuantiT RiboGreen® kit (Life Technologies) according to manufacturer’s protocol. Briefly, the eluent
was diluted 1:50 in TE buffer (10 mM Tris HCl and 1 mM EDTA) to a final volume of 100 µL
and mixed with an equal volume of Quant-iT RicoGreen reagent (1:200 dilution in TE buffer)
and the fluorescence measured with a SpectraMax M2 plate reader (Molecular Devices,
Sunnyvale, CA) at excitation of 500 nm and emission of 525 nm. Fluorescence values were
converted to RNA concentrations using a standard curve generated using a series of ribosomal
RNA stock solutions.
Equal amounts of RNA was then reverse transcribed to cDNA using a Superscript® II
Reverse Transcriptase kit (Life Technologies) according to manufacturer’s protocol. Briefly,
approximately 5 ng of total RNA was reversed transcribed using random hexamers as primers
through incubation at 42 °C for 50 min followed by incubation for 10 min at 70 °C for
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inactivation. PCR was then performed using an ABI 7300 Real Time PCR System (Applied
Biosystems, Foster City, CA), rat-specific primers, and Power Sybr®Green Master Mix (Life
Technologies). Specific targets included scleraxis, collagen 1α1, and tenomodulin (Table 7.1).
Relative gene expression was determined using the comparative threshold cycle (ΔΔCt) method
[291] with glyceraldehyde-3-phosphate dehydrogenase (GAPDH) as the housekeeping gene and
the no growth factor, chitosan fiber group as the normalizer. Individual data were transformed by
the formula 2-ΔΔCt and plotted as the mean ± the standard deviation.
Table 7.1: Primers for PCR
Gene

Forward Sequence

Reverse Sequence

GAPDH

5`-TCTGCTCCTCCCTGTTCT-3`

5`-CGACCTTCACCATCTTGTCTATGA-3`

Scleraxis

5`-TCTGCCTCAGCAACCAGAGAAAT-3`

5`-ACTCTTCAGTGGCTTCCACCTTCA-3`

Tenomodulin

5`-CCCACAAGTGAAGGTGGAGAA-3`

5`-AACAGTAACCTCTCTCATCCAGCAT-3`

Collagen 1α1

5`-GAGGGCGAGTGCTGCCT-3`

5`-GGTCCCTCGACTCCTATGACTTC-3`

7.3.5. Statistical Analysis
Statistical significance was determined using a one-way ANOVA and a Tukey–Kramer
post-hoc test (OriginPro 8.1, Origin Lab Corporation, Northampton, MA). A p-value of less than
0.05 was considered statistically significant. Studies were performed with a sample size of n=4.

7.4. Results
Core-sheath PEUR/PCL-chitosan micro-fibers were fabricated using a co-axial
electrospinning technique. These micro-fibers were functionalized with growth factors through
chemical conjugation, absorption to affinity binding (heparin-coated) fibers or pure chitosan
fibers (Figure 7.2). Functionalized and non-functionalized fibers (heparin-coated or chitosan
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without growth factors) were assembled into sparse-fiber/collagen composites (Figure 7.3).
These micro-fibers were encapsulated within a collagen hydrogel containing MSCs and cultured
for 7 days. Expression of ligamentous markers scleraxis, tenomodulin, and collagen 1α1 were
elevated in composites that contained conjugated micro-fibers (Figure 7.4). Groups that
contained micro-fibers with absorbed growth factors (whether onto heparin-coated or chitosan
fibers) exhibited no difference compared to the controls without growth factors.

Figure 7.4: Expression of scleraxis, tenomodulin, and collagen 1α1 by MSCs after 7
days of culture, * designates significance (p<0.05)
7.5. Discussion
This study sought to determine whether growth factor presentation through either surface
conjugation or affinity binding onto heparin-coated surfaces could influence MSC differentiation
within sparse-fiber/collagen composites. FGF-2 and GDF-5 were either conjugated, affinity
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bonded, or physisorbed to the surfaces of the fibers (Figure 7.2). After 7 days of culture within a
collagen hydrogel, the expression of scleraxis, tenomodulin, and collagen 1α1 was enhanced on
the fibers that contained conjugated growth factors. Affinity binding and physisorption of
proteins to surfaces did not induce any change in the expression of relevant markers compared to
the controls without growth factors (Figure 7.4).
The results of this study indicated that response of MSCs to the incorporated growth
factor may be dependent on the mode of growth factor incorporation and presentation. In this
study, simple absorption of the FGF-2 and GDF-5 to the chitosan surfaces of the unmodified
micro-fibers did not elicit a response from cells. This lack of response was perhaps due to this
denaturation of the proteins, poor surface absorption, or the rapid dissolution of the growth
factor. It is well known that the process of protein absorption onto surfaces can result in the
unfolding of the tertiary and quaternary protein structures [311, 312]. While this unfolding is not
catastrophic to the function of large structural extracellular matrix proteins such as collagen,
laminin, and fibronectin, it can be detrimental to the functionality of growth factors and
morphogens. A study by Budiraharjo et al. demonstrated that only 16% and 21% of initially
absorbed BMP-2 and FGF-2 remained on chitosan films after 3 weeks of incubation compared to
the retention of over 80% of covalently linked growth factor [299]. Similarly, Park et al. showed
a rapid drop (400 ng/cm2 to 100 ng/cm2) in BMP-2 concentration (and corresponding drop in
osteogenic activity) on chitosan surfaces that absorbed versus covalently conjugated BMP-2
[313]. Simple absorption may not be sufficient the retention of growth factor for a long-term
presentation to the cells.
Growth factors in vivo closely associate with the extracellular matrix [314] through
sequestering by macromolecules such as heparin and heparin sulfates that bind and stabilize
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growth factors [315]. This association is important and may play a role in the formation of stable
dimers that bind to the cell surface receptors [316, 317]. In this study, the incorporation of FGF-2
and GDF-5 onto heparin-coated micro-fibers did not induce any enhancement in the expression
of ligament markers (Figure 7.4). In contrast, others have reported better retention and
presentation of growth factors when absorbed onto heparin-conjugated surfaces [318-320]. In
our study, FGF-2 or GDF-5 absorbed onto heparin-coated surfaces did not have a biological
effect. This may be due to poor association of the heparin with our chitosan fibers. Unlike,
similar studies, we did not conjugate heparin to the fiber surfaces but rather absorbed it. It may
be necessary incorporate the heparin at higher densities and more permanently through covalent
conjugation to enhance FGF-2 and GDF-5 retention and influence MSC behavior.
Finally, conjugation of FGF-2 and GDF-5 to the fiber surfaces using EDC/NHS was
shown to have a biological effect. The enhanced expression of scleraxis, collagen 1α1, and
tenomodulin by MSCs is consistent with other groups who showed enhancement of
differentiation in response to conjugated growth factors [303, 321-323]. In our study, EDC/NHS
chemistry was utilized to conjugate the growth factors directly to the chitosan (no spacer-arm).
Alternatives to this EDC/NHS conjugation include the use of spacer-arms such as PEG, SMCC,
and other maleimide ester linkers [303, 321-323]. Other studies have indicated that the length of
the spacer arm may directly influence cell response to tethered proteins and ligands due to
increased mobility and less steric inhibition [303, 323]. Additionally, the tethering of the growth
factors onto customized spacer-arms may allow the presentation of the growth factor in a
confirmation that can bind the cell surface receptors [304]. Both FGF-2 [324, 325] and GDF-5
[326] form dimers for binding to their respective cell receptors. Therefore, presentation of
proteins in the correct conformation may be key for bioactivity.
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While these preliminary results show promise for this approach, additional studies are
necessary to further understand the system and the role that the presentation modality has on
MSC differentiation. The characterization of growth factor surface concentrations is necessary to
determine incorporation efficiency and growth factor retention. Additionally, covalent
conjugation can be conducted with space-arms that may present the growth factor in a
confirmation that can bind cell surface receptors and impart bioactivity.

7.6. Conclusions
Chemical conjugation of FGF-2 and GDF-5 to the fiber surfaces enhanced the expression
of the ligamentous markers scleraxis, tenomodulin, and collagen 1α1. While absorption to the
surface whether on chitosan or heparin-coated fibers did not have an effect. Future work is
needed to determine the concentrations of growth factors on the surfaces and the rates of
desorption.
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Chapter 8: Summary and Future Recommendations
8.1. Summary of Results
The objective of this work was to develop techniques for the fabrication of large
cellularized micro-fiber/hydrogel composites that could support the development of a ligament.
To accomplish this, a set of complementary approaches were developed to 1) improve
cellularization of micro-fiber/hydrogel composites, 2) assemble thin micro-fiber networks into
thicker scaffolds with size and shape suitable for ligament, and 3) incorporate stimuli to guide
mesenchymal stem cells (MSCs) toward a ligament fibroblast phenotype. Ultimately, these
approaches could be combined to assemble biomaterial scaffolds that support the proliferation
and differentiation of MSCs that synthesize an organized extracellular matrix (ECM) to
recapitulate native ligament mechanics.
Cellularization of the micro-fiber networks and subsequent processing into cylindrical
scaffolds were common objectives through-out this work. In Chapter 3 cellularization of microfiber networks was accomplished by electrospraying, while the assembly of cylindrical scaffolds
involved rolling and cross-linking with an injected PEG hydrogel network. Mechanical
characterization of these composites – prepared with either polyurethane (PEUR) or poly-(D,L,
lactic-co-glycolic acid) (PLGA) fibers – revealed that the PEUR-based materials exhibited
minimal plastic deformation and creep compared to the PLGA-based composites under cyclic
loading. However, distribution and the viability of MSCs deposited in these micro-fiber networks
was poor. We postulated that the high micro-fiber density and non-degradable hydrogel may
prevent MSC proliferation and migration by physically restricting cell mobility.
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Chapter 4 focused on the cellularization and assembly of micro-fiber/collagen composites
for ligament tissue application. Micro-fiber/collagen composites were generated and cellularized
through co-electrospinning/electrospraying, In particular, a collagen and MSC solution was
electrosprayed to incorporate cells within an electrospun micro-fiber network. Cellularized
micro-fiber/collagen composites fabricated from solutions of 0-7 mg/mL collagen were cultured
for up to 8 days. At day 1, cells were spread within the micro-fiber/collagen composites.
However by day 4, differences between composites were noted. In the composites with low
collagen content (0-3 mg/mL) cells were absent, while cells in composites with higher collagen
contents (5-7 mg/mL) were elongated in parallel to the direction of strain. By day 8, cell viability
in all composites was poor. Surviving MSCs appeared to be on the surface of the composite and
not within the micro-fiber network. This decrease in viability may be due to the consolidation or
degradation of the collagen gel by the MSCs. Nevertheless, these studies indicate that a minimal
amount of collagen is necessary to permit MSC spreading within the micro-fiber networks.
In Chapter 5, two different approaches for fabricating cylindrical scaffolds were
evaluated. Micro-fiber/collagen composites were generated through two different approaches, 1)
concurrent electrospinning/electrospraying, and 2) encapsulation of a thin micro-fiber layer
within a collagen hydrogel. In the first approach, composites generated by coelectrospinning/electrospraying were rolled and subsequently bonded with additional collagen
hydrogel. For this approach, the compositions of the cylindrical composites were varied by
adjusting the flow rates of collagen solution from 0 to 8 mL/hr. Both minimum and maximum
flow rates for micro-fiber/collagen composite generation were apparent. At too low of a flow rate
(2 mL/hr and below), the collagen content was insufficient to completely fill the pores of the
micro-fiber networks and increase diameter or water weight. While at rates above 6 mL/hr, the
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collagen incorporation was uneven and excess solution dripped off of the rotating mandrel. This
co-electrospinning/electrospraying technique achieved of a maximum collagen content of 15%
and a maximum water weight of 90%. The micro-fiber layers within these coelectrospun/electrosprayed composites were upwards of 50-100 µm thick.

In the second

approach, a thin layer (~5-10 fibers thick) of aligned electrospun PEUR fibers was deposited,
encapsulated in a collagen gel and rolled into cylindrical composites. These sparse-fiber
composites were nearly 75% by weight collagen and 99% by weight water. Confocal imaging
revealed the presence of sparse fiber layers separated by approximately 200 µm thick collagen
layers. While cell viability studies were not performed, we postulate that these microfiber/collagen composites may not restrict MSC proliferation and migration.
In Chapters 6 and 7 simple model platforms were developed to understand how microfibers could provide cues to guide MSC differentiation toward a ligament phenotype. In Chapter
6, the elastic modulus of the aligned fiber network was tailored to possess stiffnesses from 5.6
MPa to 31 MPa. MSCs within the composites containing the softest fibers (5.6 MPa) were
elongated and oriented to the underlying network after 14 days of culture. While in materials
containing the stiffer fibers (31 MPa), the cells were more polygonal and non-oriented with the
underlying fibers. Additionally MSCs within the softest (5.6 MPa) composites exhibited greater
expression of scleraxis and α-smooth muscle actin compared to the stiffest (31 MPa) fibers.
Together, these findings suggest that softer micro-fibers may be more conducive to ligament
differentiation of MSCs. In the second study, growth factors and morphogens were incorporated
on micro-fiber surfaces by covalent tethering and physisorption. Micro-fibers were fabricated
through a co-axial electrospinning technique to possess a chitosan sheath coating. Fibroblast
growth factor-2 (FGF-2) and growth and differentiation factor-5 (GDF-5) were physisorbed or
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chemical conjugated to the chitosan surfaces or physisorbed to heparin-coated chitosan fibers.
MSC expression of collagen I, scleraxis, and tenomodulin was enhanced in composites that
contained chemically conjugated FGF-2 and GDF-5 compared to those that contained
physisorbed growth factors. Thus, the mode of presentation of the bioactive factors may be
important design consideration for the fabrication of composites.

8.2. Recommendations for Future Work
The model sparse-fiber/collagen composites described in this document (Chapter 6 and
7) are a unique platform to study the differentiation of MSCs in response to cues imparted by
micro-fibers. These sparse micro-fibers can provide the relevant contact guidance, mechanical,
and chemical cues that can guide cell behavior and differentiation within a broader collagen
medium otherwise lacking lineage specific stimuli. An understanding of how MSC
differentiation can be guided is necessary prior to composite assembly into anatomically sized
composites for ligament replacement. The sparse-fiber/collagen composite platform can be
utilized 1) to generate bioactive gradients to guide tissue formation of graded tissues, 2) to
impart mechanical stimulation to guide MSC differentiation, and 3) to examine macrophage
responses and to modulate macrophage polarity.

8.2.1. Gradient Generation
Gradients composed of cell phenotype, ECM composition and organization, and
mechanical properties exist throughout the body including the bone-to-ligament interface [327].
Additionally, morphogenetic gradients are key in the embryonic development of structures such
as the joints [328-330]. It has become apparent that the development of scaffolds that present
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multifaceted cues to guide the development of gradients of cell phenotype, extracellular matrix,
and mechanics may be necessary for the integration of a tissue engineered ligament with the
surrounding bone.
The presentation of a continuous gradient of relevant cues and stimuli within a
scaffolding material [331, 332] may lead to the formation of a gradient that consists of a highly
aligned collagen network that progresses through a fibrocartilage composition toward a
mineralized bone matrix [333]. Other studies have demonstrated the formation of both abrupt
[334] and gradual [335] depth-wise gradients through the conjugation of growth factors or
peptide sequences. These gradients have been incorporated into scaffolding materials to guide
formation of striated tissues or cell infiltration into a scaffold. However, length-wise gradients
may be more relevant for the engineering of the bone-to-ligament interface. For example, lengthwise gradients in mineral content [269] and fiber orientations [129] have been previously
incorporated in a scaffold to guide the formation of a gradient over several centimeters.
The fabrication of sparse-fiber/collagen composites containing gradients of micro-fiber
orientations, or conjugated morphogenetic factors such as BMP-2, GDF-5, and FGF-2 could
support the generation of a ligament-to-bone transition. Two sets of studies are proposed to
generate gradients for guidance of the formation of a phenotypical and ECM gradient. The first
set of studies seeks to fabricate gradients in fiber orientation to guide MSC organization. Microfiber networks that contain a gradient in fiber orientations will be fabricated through the layering
of micro-fiber networks with gradually increasing alignments or through the electrospinning onto
a dual drum mandrel to generate materials with length-wise changes in orientation [129]. Cell
organization and morphology will be analyzed through confocal microscopy and histological
staining to visualize changes in cell orientation and shape over the length of the gradient.
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Immunohistological staining and western blotting of collagen I and other ECM proteins will be
performed to visualize and quantify ECM organization and composition.
Conversely, the incorporation of a gradient in growth factors on the micro-fiber
component may guide cell differentiation across the material. Growth factor gradients may be
incorporated across the length of a micro-fiber network through the use of micro-fluidic mixer
that can generate a gradient [336]. For the generation of a bone-to-ligament interface, as FGF-2,
GDF-5, and BMP-2 may be incorporated in distinct regions across the micro-fiber network.
Growth factors can be incorporated through different modalities such as association with
heparin, direct conjugation, or conjugation through a spacer-arm. These functionalized microfibers can be incorporated within a collagen gel and whether distance bone, cartilage, and
ligament regions can be generated will be analyzed through PCR and immunohistological
staining.
Ultimately, the gradients in micro-fiber orientation can be combined with these gradients
in growth factors to provide multifaceted stimuli to the MSCs. Understanding how gradients can
guide cell behavior within these model systems is necessary prior to translations into larger
scaffolding materials suitable for in vivo implantation as total ligament replacements.

8.2.2. Mechanical Stimulation
Mechanical preconditioning can be utilized to increase the strength of scaffolds and
accelerate tissue development prior to in vivo application by enhancing ECM deposition and
cellular differentiation toward a target phenotype [337, 338]. Collagen hydrogels have been
previously mechanically preconditioned prior to implantation as scaffolding materials for
ligament tissue repair [20, 21]. This mechanical stimulation can induce the reorganization of the
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collagen network and strengthens the material [174, 339]. Micro-fibers in these composites may
be able to provide contact guidance to the cells to supplement mechanical stimulation.
Additionally, exogenous growth factors have been shown to further enhance of cell
differentiation and ultimate tissue formation [340, 341]. The sensitivity of cells to mechanical
stimulation may be increased when the culture medium is supplemented with growth factors
[295, 342].
A first set of studies will be performed to determine 1) whether micro-fiber/collagen
composites under mechanical stimulation resist compaction and support greater cell numbers
compared to collagen gels alone, and 2) whether inclusion of growth factors on the micro-fibers
enhances the differentiation of MSCs under mechanical stimulation. MSCs within the sparsefiber/collagen composites will be subjected to applied cyclic loading regimens (0.25 Hz, 4%, 8
hours per day) for up to a week. Cellular alignment, proliferation, and mRNA expression of
collagen I, scleraxis, tenomodulin, decorin, tenascin-c will be analyzed and compared to nonstimulated and non-fiber controls. Additionally, ECM deposition and organization and
mechanical strength of the scaffolds will be characterized and compared to non-stimulated, nonfiber, and acellular controls.
For the second set of studies, growth factors will be either covalently conjugated or
adsorbed to the micro-fibers (co-axial polyurethane/chitosan) to determine whether the modality
of growth factor incorporation can influence MSC response under mechanical stimulation. The
growth factors FGF-2 and GDF-5 will be conjugated to the surface or absorbed to heparin-coated
micro-fibers. These micro-fiber/collagen composites containing functionalized micro-fibers will
be mechanical stimulated under a cyclic regimen (0.25% Hz, 4% strain, and 8 hours per day).
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Whether the growth factors enhance cellular differentiation, ECM deposition, and mechanical
strength will be analyzed through PCR, western blotting, and immunohistological staining.

8.2.3. Macrophage Co-culture
Newly emerging paradigms emphasize the role of the immune system in the regeneration
of and engineering of scaffolds for tissue-engineering [343]. Infiltrating macrophages can play
either an inflammatory or regenerative role based on their polarities. A comparison of 14
different commercially available biological surgical meshes revealed the correlation of a greater
ratio of M2:M1 macrophages with better clinical outcomes [344]. These M2 macrophages may
be involved in the degradation and remodeling of ECM-based scaffolds in vivo [345]. More
favorable in vivo outcomes may occur through providing stimuli to induce the phenotype of
infiltrating macrophages toward a regenerative M2 phenotype rather than an inflammatory M1
phenotype [346]. Additionally, MSC populations have been shown to direct macrophage polarity
toward an M2 phenotype [347].
Understanding the response of macrophages to these micro-fiber/collagen composites is
important for the prediction of in vivo outcomes. Two sets of studies are proposed to investigate
this, 1) the incorporation of M0 macrophages within the micro-fiber/collagen composites to
determine their polarization in response to the sparse fibers, 2) determine whether the inclusion
of MSCs within these composites can enhance the regenerative phenotype and suppress the
inflammatory phenotype of the macrophages.
Previous research has shown the sensitivity of macrophage polarity to scaffold
topographical features. For example, both the fiber diameter and size of the pores of electrospun
networks can influence macrophage polarization. In vitro studies reveal macrophage polarization
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toward the regenerative M2 phenotype on larger diameter micro-fibers and networks with greater
porosity [348, 349]. The importance for macrophages to infiltrate the materials is demonstrated
by in vivo studies that indicate smaller fibrous capsule formation when a mesh is implanted
versus a film [350]. Additionally modulation of macrophage morphology can influence their
polarity [351]. The first set of studies will incorporate macrophages into sparse-fiber/collagen
composites to assess macrophage response to the presence of the sparse-fibers in a broader
collagen medium. The characteristics (e.g. orientations, diameters, mechanical properties) of the
sparse-fibers will be varied, to influence macrophage polarity.
The second set of studies will determine whether MSCs cultured within the sparsefiber/collagen platform can guide macrophage polarity toward a regenerative phenotype.
Additionally, whether macrophage co-culture with MSCs can enhance ligament differentiation
and tissue formation will be analyzed. Macrophages will be incorporated within these sparsefiber/collagen composites through either incorporation during assembly to generate MSCmacrophage co-cultures or through the inclusion of macrophages onto the composite surface
after MSC culture to stimulate infiltration in an in vivo environment. Polarization of
macrophages toward a M2 regenerative phenotype rather than an inflammatory M1 phenotype
will be determined through the expression of the M1 markers, tumor necrosis factor-α and
monocyte chemoattractant protein-1; and the M2 markers, interleukin-10, and arginase-3 [352354]. Whether macrophage enhanced tissue remodeling will be determined by collagen turnover
through measurement of soluble collagen [355] and immunohistological imaging of ECM
proteins.
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8.3. Closing Remarks
Traditionally electrospun micro-fiber networks possess high fiber densities and contain
small pores that cannot support cell infiltration and the formation of thick tissues (Figure 8.1a).
In contrast, collagen hydrogels can support unrestricted cell infiltration and proliferation
however the material lack cues that can guide cell organization (Figure 8.1b). The incorporation
of a space-filling collagen hydrogel within a micro-fiber network can reduce micro-fiber density
and impart cues provided by the micro-fibers on the cells that can guide differentiation and tissue
formation (Figure 8.1c). The generation of composites with a minimal micro-fiber component
may be necessary to provide sufficient space for cells to proliferate, differentiate, and deposit an
organized extracellular matrix.

Figure 8.1: (a) Traditionally electrospun micro-fiber network, (b) cells in a collagen
network, (c) cells in a sparse-fiber/collagen composite being influenced by the micro-fiber
component
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