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Abstract
Bone is the second most transplanted tissue after blood and the need for bone graft
materials continues to rise at an average annual growth rate of over 18%. An engineered
bone substitute consisting of a bone-like extracellular matrix deposited on the internal pores
of a resorbable biomaterial scaffold is postulated to stimulate normal bone remodeling when
implanted in vivo.

Part one of this engineering strategy, the deposition of bone-like

extracellular matrix, can be achieved by the directed differentiation of progenitor cells such
as bone marrow stromal cells (BMSCs). Part two of the engineering strategy, the biomaterial
scaffold, can be fabricated with the appropriate mechanical properties using a synthetic
polymer system with tunable properties like polyurethanes. Finally, BMSCs seeded within
the biomaterial scaffold can be cultured in a perfusion flow bioreactor to stimulate
osteoblastic differentiation and the deposition of bioactive factors. Using the three-part
engineering strategy described, I hypothesize that the extracellular matrix produced by
BMSCs can be modulated by two stimuli: the stiffness of the scaffold and perfusion flow.
First, I propose that culturing BMSCs on polyurethane scaffolds with increasing stiffness will
increase markers of osteoblastic differentiation.

Secondly, I suggest that mechanically

stimulating BMSCs with novel perfusion strategies will also increase markers of osteoblastic
differentiation.
In aim 1, a family of segmented degradable poly(esterurethane urea)s (PEUURs)
were synthesized. The modulus of the PEUUR materials was systematically increased from
0.18 to 0.80 MPa by systematically increasing the molecular weight of the poly(εcaprolactone) (PCL) soft segment from 1425 to 2700 Da. BMSCs were cultured on both
rigid polymer films and on porous foam scaffolds to dissociate the effect of variation in
polymer chemistry from the effect of scaffold modulus on cell phenotype. These studies
demonstrated changes in osteoblastic differentiation as measured by prostaglandin E2
production, alkaline phosphatase activity (ALP) activity, and osteopontin gene expression.

However, the increased levels of these phenotypic markers on the PCL 2700 material could
not be attributed to scaffold chemistry or modulus. Instead, the differences may be related to
polymer crystallinity or surface topography.
In aim 2, novel dynamic perfusion strategies were used to investigate the influence of
frequency on osteoblastic differentiation. BMSCs were seeded on porous foam scaffolds and
exposed to both steady perfusion and pulsatile perfusion at 0.017, 0.050, and 0.083 Hz
frequencies. The data presented here demonstrated that while some markers of osteoblastic
phenotype such as ALP activity are enhanced by 0.05 Hz pulsatile flow over continuous
flow, they are insensitive to frequency at low frequencies. Therefore, future studies will
continue to investigate the effect of a larger range of frequencies.
Additionally, fluid flow has also been shown to stimulate the deposition of bioactive
factors such as BMP-2 and VEGF-A, and these growth factors are known to significantly
enhance healing in bone defect models. Therefore, we plan to investigate the effect of
dynamic flow strategies on the deposition of these bioactive factors. We propose that an
engineered bone graft material containing a bone-like extracellular matrix and producing
these growth factors will show more rapid formation of bone when implanted in vivo.
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Chapter 1: Introduction
1.1

Significance
Approximately half of the more 3 million musculoskeletal procedures performed

annually in the US involve bone grafting [1]. In fact, the worldwide market for bone
replacement and repair strategies in 2006 was estimated to be more than $2.3 billion and is
projected to double by 2010 [2]. The growth of the market is fueled by several factors,
including aging of the population, physiological problems associated with the increased
incidence of obesity, and the emergence of new and minimally invasive procedures. Bone
grafts are often used for spinal fusions, for filling defects following removal of bone tumors,
or for the treatment of congenital diseases [3].
The four qualities that a bone graft should exhibit include: (1) osteointegration, the
ability to promote union with the surface of the bone with no intervening fibrous layer; (2)
osteoconduction, the ability to support the growth of bone over its surface; (3)
osteoinduction, the ability to promote the differentiation of adult stem cells from surrounding
tissue into an osteoblastic phenotype; and (4) osteogenesis, the ability to form new bone from
osteoblasts present in the graft [4]. Autologous bone grafts (autografts) are currently the only
graft material that exhibit all four of these desired characteristics.
Autologous cancellous bone and, to a lesser extent, cortical bone, harvested from the
iliac crest, scapula, fibula, or rib, is currently the surgical “gold standard” for bone graft
material. Cortical bone, also known as compact bone, makes up about 80% of the skeleton
and is only 10% porous. Cancellous (or trabecular or spongy) bone is 50-90% porous,
making its modulus of elasticity and ultimate strength much less than that of cortical bone
[5]. Cortical bone can be used in bone graft procedures to provide structural support to a
defect site, but is less osteogenic than cancellous bone. Cancellous bone contains more cells
and is more metabolically active than cortical bone, allowing for faster healing and
incorporation into surrounding bone [6].

However, autologous bone, both cortical and

cancellous, is available in limited supply and its explantation incurs additional costs and
risks, including additional surgical time, risk of infection, increased morbidity and weakened
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bone at the donor site, and chronic pain at the donor site [7]. Additionally, reports indicate
that up to 15% of patients with an iliac graft harvest have persisting pain at the harvest site
for more than 3 months [4, 8].
The most commonly used alternative to autograft is allogenic bone graft (allograft),
typically obtained from a cadaver. Allografts have all of the characteristics of an ideal bone
graft with the exception of osteogenesis because the cells in allografts are eliminated to
reduce risk of immune response and disease transfer. The greatest advantage of allograft
material is the increased availability of donor material and avoidance of donor site morbidity.
However, it does still carry the risk of viral disease transfer despite sterilization and
screening. Also, the processing associated with sterilizing allografts, namely freezing and
irradiation, affects the structural strength and the biochemical properties of the graft [3, 6].
In fact, because of processing conditions, allograft materials have a higher incidence of
delayed union, fatigue fractures, and resorption of the graft material than autografts [7].
Therefore, the processing and preservation methods must strike a critical balance between
being stringent enough to inactivate viruses, but not too stringent so as to negatively alter the
biochemical and biomechanical properties of the tissue.
Currently autografts and allografts are used in 75% of bone grafting procedures;
however, the rapidly rising demand for material, coupled with the inherent limitations of
autografts and allografts, has led to increased use of alternative materials [2]. Consequently,
orthobiologics, biologically based products for hard and soft tissue regeneration, is the fastest
growing sector of the global orthopaedic market [1]. Substitutes to autograft and allograft
vary widely in terms of composition and mechanism of action and include materials such as
ceramics, metals, synthetic polymers, natural structural proteins, and demineralized bone
matrix. Unfortunately, most of these substitute materials have one thing in common: they
only possess two of the four characteristics of an ideal graft material (osteoconduction and
osteointegration). Therefore, new graft materials must be developed. The next generation of
bone graft substitutes must possess the increased availability of synthetic materials in
addition to the osteoinductive and osteogenic potential of autograft materials. The field of
tissue engineering seeks to address this need using an interdisciplinary approach that
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combines aspects of medicine, biology, material science, and engineering fields of research.
However, before a suitable bone tissue replacement can be engineered, the biology of bone
must be better understood.
1.2

Bone Biology
Bone is a highly organized structure comprised of a central marrow cavity surrounded

by cancellous bone which in turn is surrounded by dense cortical bone. Osteons (Figure 1.1)
are the basic organizational unit of cortical bone. The center of each osteon is the haversian
canal which encloses blood vessels, lymphatic vessels, and sometimes nerves. Surrounding
each haversian canal are the osteocyte-containing lamellae. Osteocytes are non-dividing,
mature bone cells and the most abundant cell type found in bone.

Osteocytes extend

processes through small canals called canaliculi which radiate outward from the haversian
canal and link osteocytes to adjacent cells. These linkages, mediated by gap junctions, are
thought to allow osteocytes to communicate. The canaliculi also allow for nutrient transport
since diffusion through mineralized bone matrix is very difficult.

Figure 1.1: Organization of cortical bone [9] [fair use]

Bone tissue is comprised of two main components: bone extracellular matrix and
bone cells. Bone extracellular matrix is comprised of both organic and inorganic components
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and constitutes more than 90% of tissue volume [10]. The organic components of the
extracellular matrix consist largely of type-I collagen fibrils and non-collagenous proteins
such as osteopontin and osteocalcin. (Osteopontin also is found in plasma and a variety of
organs suggesting that this molecule acts as both a structural molecule, as in the case of bone
matrix, and as a cytokine.) Within the bone extracellular matrix, osteopontin is known to
promote cell attachment through covalent binding with fibronectin and type I collagen [11].
Osteocalcin is a bone-specific protein that is synthesized by mature osteoblasts at the onset of
matrix mineralization. Osteocalcin contains three residues of γ-carboxyglutamic acid (Gla),
a calcium-binding amino acid, and is believed to interact with hydroxyapatite through its Gla
residues [11].

Both osteopontin and osteocalcin have an affinity for calcium and may

facilitate the nucleation of calcium phosphate during mineralization [11].
The inorganic components of the extracellular matrix consist of calcium, carbonate,
and phosphate ions, which are arranged in a crystalline-like structure. This structure gives
bone its compressive strength and also serves as an ion reservoir. Matrix mineralization
occurs in a two step process: nucleation of calcium phosphate crystals, followed by crystal
growth [5]. Non-collagenous proteins have high affinities for calcium and can be nucleation
points for crystallization. After nucleation, amorphous calcium phosphate is deposited and
eventually converted to hydroxyapatite.
Bone tissue houses three main cell types: osteoblasts, osteoclasts, and osteocytes.
The three types of bone cells are responsible for formation, resorption, and the maintenance
bone tissue respectively. The primary function of osteoblasts is synthesizing and secreting
organic extracellular matrix molecules such as type I collagen. Osteoblasts also synthesize a
variety of growth factors including transforming growth factor-β (TGF-β) and bone
morphogenic proteins (BMPs) that can aid in both the recruitment and differentiation of stem
cells [10]. TGF-β1 is a multifunctional cytokine that can acts to regulate cell growth,
stimulate matrix production, and induce vascular endothelial growth factor (VEGF), a growth
factor associated with the formation of blood vessels during bone development. BMPs are a
member of the TGF-β superfamily and have been shown to be osteoinductive and mediators
of fracture repair. Recombinant forms of BMP-2 and BMP-7 have been developed and are
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used clinically in conjunction with bone grafting materials and for enhancing fixation of
metal orthopaedic implants. With both metal implants and other bone grafting materials,
BMPs initiate endochondral bone formation where mesenchymal stem cells lay down a
cartilaginous matrix which is subsequently resorbed and replaced with bone [11].

As

osteoblasts produce collagen matrix they become separated, less metabolically active, and
they gradually lose the ability to produce matrix. When matrix is no longer actively being
formed, the osteoblasts become embedded within the extracellular matrix and become
osteocytes.
Osteoclasts originate from hematopoietic precursor cells are responsible for bone
resorption [12]. These multinuclear cells attach to the surface of bone and lower the pH of
the extracellular environment from 7 to 4. The acidity dissolves the mineral component of
the extracellular matrix while proteases released from the osteoclasts degrade the organic
components of the matrix. In this manner osteoclasts form cavities in the bone matrix to
allow for new bone formation by osteoblasts [10].
Osteocytes are responsible for the maintenance of bone. The osteocytes have long
processes that extend through the canaliculi and connect to other osteocytes. Through this
cellular network, osteocytes can coordinate bone formation and resorption. As previously
described, the canaliculi are filled with interstitial fluid to allow for nutrient transport. When
bone undergoes deformation the fluid in the canaliculi flows causing shear stresses and
streaming potentials to which the osteocytes sense and respond [5].
1.3

Mechanotransduction
The natural process of bone remodeling is the first indication that bone is

mechanosensitive. For example, decreased mechanical loading from prolonged bed rest or
exposure to the microgravity of outer space leads to decreased bone mass, while increased
loading due to weight gain or exercise results in increased bone mass. Because of the variety
of mechanical events that a bone cell experiences, theories about the nature of the receptors
for mechanical force have also widely varied. Compressive forces applied on bone during
movement cause not only direct strain to the cells but changes in hydrostatic pressure, fluid-
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flow induced shear stress, and electrical potentials. Each of these phenomena may be sensed
by the osteocytes.
The four primary theories about how mechanosensing occurs involve (1) stretch
activated ion channels; (2) integrins; (3) deformation of the cytoskeleton; and (4) connexins
[13, 14].

With stretch activated ion channels, strain of the cellular membrane due to

macroscopic phenomena such as hydrodynamic shear stress in canaliculi causes Ca2+
channels to open.

The influx of Ca2+ ions activates intracellular enzymes such as

phospholipase C and protein kinase C while also causing membrane depolarization leading to
the opening of voltage-gated channels and further ion entry [13]. Furthermore it has been
shown that intracellular calcium is a critical second messenger molecule because when its
mobilization is blocked during mechanical stimulation, the mechanically regulated changes
in gene expression (COX-2, c-fos, and OPN) do not occur [15, 16].
Integrins are cell surface receptors that are activated when their binding partners (i.e.
fibronectin, collagen, or osteopontin) in the extracellular matrix are deformed. Interestingly,
studies have shown that integrin-mediated signaling of mechanical stimulation also involves
release of calcium and that 1 Hz cyclic stress has been shown to be more effective at
increasing calcium transients than 0.1 Hz or continuous stimulation in response to small
mechanical forces (2 x 10-10 N) [17]. Additionally, osteoblasts and bone marrow stromal
cells display different trends in calcium transients in response to mechanical stress.
Osteoblasts exhibit single or oscillating intracellular calcium transients while bone marrow
stromal cells demonstrate only a single calcium transients peak. This difference perhaps
indicates significant differences in the transmission of signal with progression of
differentiation [13]. Integrins also play a role in mechanotransduction by transmitting forces
to the cytoskeleton.
As the cytoskeleton is deformed, it provides more sites for the formation of focal
adhesions, which act as mechanical linkages to the extracellular matrix, and consequently
increasing activation of focal adhesion kinase (FAK). FAK is believed to mediate adhesionstimulated effects and plays an important role in the response of cells (i.e. migration) to the
stiffness of their substrates [18]. At the cellular scale, cells anchor to and pull on their
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surroundings.

Actin filaments link focal adhesions and transmit strains through the

cytoskeleton. The cell then responds to the resistance of the substrate by adjusting its
adhesions and cytoskeleton organization [19]. It has been shown that ablation of FAK
impairs the ability of cells to reorient and migrate in response to gradients in substrate
compliance [18].
Finally, connexins are proteins that span the cell membrane.

They form

hemichannels that interact with similar hemichannels on adjacent cells allowing exchange of
small molecules. Intercellular communication through connexins allows cells to transmit
information about their mechanical environment to each other. This transmission allows a
“sensing” cell to elicit changes in cells removed from the site of mechanical loading.
Mechanical stimulation has also been shown to increase the expression of connexins both in
vitro and in vivo. As cells become better connected to each other in response to mechanical
stimulation they can transmit more information, acting as a positive feedback loop.
Knockdown of connexins with connexins antisense results in inhibition of the release of the
signaling molecule, prostaglandin E2 (PGE2), in the presence of shearing fluid flow [14].
The intercellular communication made possible by connexins may help explain how
osteocytes communicate with osteoblasts and osteoclasts in bone remodeling.
Stimulation of mechanosensors by fluid flow result in intracellular events such as
increases in intracellular calcium release [15], synthesis and release of nitric oxide and PGE2
[20-22], and activation of mitogen-activated protein kinases (MAPKs) (Figure 1.2) [16, 23].
Extracellular regulated kinase (ERK) is a MAPK that has been shown to be activated by
PGE2 [24] which in turn has been shown to be synthesized in response to cytoplasmic
calcium release [25]. ERK and c-jun kinase (JNK) activate the c-Fos and c-Jun subunits of
AP-1 respectively [26, 27]. AP-1 is a transcription factor that binds to the promoter region
upstream of several bone-related genes including collagen type I, alkaline phosphatase,
osteopontin, and osteocalcin [28].
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Figure 1.2: Mechanistic model of perfusion-induced expression of osteoblastic genes.

In reality, all of the theories outlined above are probably involved in
mechanotransduction as cells sense mechanical events through multiple pathways. With a
working understanding of bone biology and how bone cells sense their mechanical
environment, a strategy for engineering a suitable bone graft substitute can be formed.
1.4

Tissue Engineering Strategy
The broad tissue engineering paradigm for creating bone tissue in vitro involves the

use of cells, a biodegradable scaffold, and pharmaceutics either in combination or alone. The
cells are the prime component of the paradigm and are the means by which new tissue is
formed in vitro. The scaffold serves as both a space filler and a delivery vehicle for the cells
and/or pharmaceutics. Since most primary organ cells are anchorage dependent, they cannot
form new tissue on their own. Instead they need the biomaterial scaffold to provide a surface
to attach to and serve as a template for guiding tissue regeneration [29]. The pharmaceutical
agents used in the tissue engineering paradigm range from antibiotics to bioactive molecules
such as growth factors; and their main function is to facilitate healing.
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An engineered bone tissue consisting of a bone-like extracellular matrix deposited on
the internal pores of a resorbable biomaterial scaffold is postulated to stimulate integration,
vascular infiltration, and normal bone remodeling when implanted in vivo [29, 30]. Our
approach for engineering a suitable bone graft material incorporates both cells and a
biomaterial scaffold. However, instead of additional bioactive molecules, we plan to utilize
the cells intrinsic ability to produce a bioactive extracellular matrix.

Several in vitro

conditioning techniques can be employed to facilitate the deposition of a bioactive matrix.
For example, mechanical stimulation has been shown to aid in the development of tissue by
organizing and stimulating the deposition of a bone-like extracellular matrix containing the
growth factors necessary to stimulate native tissue integration and remodeling. Therefore,
our tissue engineering approach also includes a bioreactor that supplies nutrients and applies
mechanical stimulation to the cells [31, 32]. Our strategy also includes the addition of
osteogenic supplements during ex vivo development of the engineered bone tissue. These
osteogenic factors include ascorbic acid, β-glycerophosphate, and dexamethasone. Ascorbic
acid induces collagen synthesis and deposition. β-glycerophosphate provides a source of
inorganic phosphate for mineralization. And dexamethasone, a synthetic glucocorticoid,
promotes bone nodule formation [10].
1.5

Osteoprogenitor Cells
Appropriate cells for our tissue engineering strategy must be highly proliferative and

capable of producing the necessary extracellular matrix. Immortalized cell lines, such as the
neonatal mouse MC3T3-E1 cell line, were developed by researchers to meet these needs.
They can divide indefinitely and are known to display patterns of gene expression that
resemble those of primary bone cells [33]. Primary cells are cells obtained and isolated
directly from animal or human tissue. While cell lines can have features in common with
primary osteogenic cells and can serve as reproducible models for studying osteoblastic
function, primary cells are preferred because they are more representative of cells in vivo and
are therefore more clinically relevant.
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Primary osteoblasts can be very effective in depositing mineralized bone-like
extracellular matrix, but have only limited capacity for proliferation, and are difficult to
isolate due to their encasement within mature mineralized bone [34, 35]. An alternative
strategy for obtaining large numbers of osteoblasts is to expand them from osteoprogenitor
cells. Osteoprogenitor cells are immature, highly proliferative cells that can be obtained
from a number of tissue types. Both osteoblasts and osteocytes originate from a population
of mesenchymal stem cells (MSCs). MSCs are adult stem cells that can differentiate into a
variety of skeletal tissue types (bone, cartilage, ligament/tendon, etc) and therefore represent
a potential osteoprogenitor cell source for bone tissue engineering applications.

1.5.1

Cell Source
Researchers have shown that MSCs may be isolated from many sources including

(but not limited to) blood, umbilical cord and placenta, amniotic fluid, skeletal muscle, and
adipose tissue [36-41]. When MSCs are derived from the bone marrow they are commonly
referred to as bone marrow stromal cells (BMSCs). Bone marrow remains the preferred cell
source for bone engineering applications because the BMCSs predominantly differentiate
into an osteoblastic phenotype [42-44]. Friedenstein et al. were first to isolate BMSCs and
chronicle their multilineage differentiation potential in 1966 [45].

Since Friedenstein’s

discovery many researchers have described the ability of BMSCs to differentiate into
different cell types found in skeletal tissues including fibroblasts, osteoblasts, chondrocytes,
adipocytes and stroma, the connective tissue that houses the undifferentiated cells [45-49].
In addition to their multipotency, BMSCs have enormous capacity for self-replication. It has
been reported that billions of BMSCs may be derived from marrow aspirates as small as 1
mL [50].

1.5.2

Osteoblastic Differentiation
Osteoblastic differentiation of BMSCs in vitro is marked by three phases:

proliferation, extracellular matrix maturation, and extracellular matrix mineralization [51].
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including metals and alloys such as titanium, ceramic materials such as bioactive glass and
hydroxyapatite [54-57], natural polymers including both proteins such as collagen, fibrin, and
silk, and polysaccharides such as starch, alginate, chitosan/chitin, and hyaluronic acid
derivatives [58-63], and synthetic polymers ranging from aliphatic polyesters (ex. PLA,
PGA, and PCL) to polyhydroxylalkanoates (ex. PHB, PHBV, and PHO) to polyurethanes
[64-66]. While titanium and ceramic materials have high mechanical strength, they have
slow degradation rates or are not degradable (like titanium) and they are not inherently
osteoinductive [67]. In contrast, much of the interest in natural polymeric materials stems
from their inherent biocompatibility and, as in the case of collagen, the desire to mimic the
extracellular matrix found in bone. In general, these materials lack mechanical strength of
the same order of magnitude as that of natural bone [68]. The main benefit of synthetic
polymers is that through careful control of the synthesis process, they can be tailored to
exhibit desired mechanical and physical properties such as elastic modulus and degradation
rate.

1.6.1

Polyurethanes
Polyurethanes are a class of synthetic polymer most commonly used for making

blood contacting devices such as heart valves or vascular grafts [69]. Other applications
include cardiovascular applications such as catheters and pacemaker leads, hemodialysis
applications such as membranes and tubing, and tissue replacement/augmentation such as
breast implants, synthetic bile ducts, wound healing materials, and facial reconstructions [69,
70].
Most polyurethanes are composed of alternating soft polyol segments and hard
urethane segments. The most common synthesis method for these segmented polyurethanes
is a two-step method where a diisocyanate and a macrodiol (1-5 kDa) are reacted first to form
a prepolymer and then the prepolymer is chain extended with a short diamine or diol (< 1
kDa) [71].
Biocompatibility is of utmost importance in selection of polyurethane components
and their degradation products. For example, commercial polyurethanes synthesized from
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methylene bid diphenylisocyanate (MDI) may not be suitable for biomedical application
where degradation of the polyurethane is desired because the degradation products have been
shown to be carcinogenic and mutagenic. However, lysine ethyl ester diisocyanate (LDI)
and 1,4-diisocyanatobutane (BDI) have been shown to be biocompatible alternatives to MDI
[66, 72, 73].
Polyurethane biomaterials are an attractive means to examine the effect of scaffold
mechanical properties on osteoblastic differentiation of BMSCs because the mechanical
properties of segmented polyurethanes can be “tuned” to a desired range through careful
choice of macrodiol, diisocyanate, and chain-extender and by controlling factors such as hard
and soft segment contents [71, 74-76]. Recently it has been reported for several cell types
that substrate compliance has a significant effect on behavior such as cell migration,
morphology, and differentiation [19, 77-82]. Initial findings with pre-osteoblastic MC3T3E1 cells on crosslinked hydrogels indicate that ALP activity levels as well as expression of
osteocalcin and bone sialoprotein mRNA increase when grown on stiffer substrates [78, 79].
However, the effect of scaffold compliance has not been investigated in three dimensional
scaffold architectures. To accomplish this, scaffolds with similar porosities and pore sizes
must be fabricated from polymers with increasing stiffness.

1.6.2

Scaffold fabrication
Fabrication of scaffolds suitable for bone tissue engineering purposes should allow

for high porosity and pore interconnectivity to allow for transport of nutrients and oxygen
and the ingrowth of tissue. Several different documented schemes exist for producing porous
scaffolds including solvent casting/particulate leaching, thermally induced phase separation
(TIPS), CO2 foaming, and microsphere sintering. Combinations of techniques such as phase
separation/particulate leaching or CO2 foaming/particulate leaching have also been
investigated.
In solvent casting/particulate leaching techniques a high concentration of particles are
mixed with a polymer solution and the solvent is allowed to evaporate. Once the particulates
have been removed the resulting structure is a system of interconnected pores. Porosity and
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therefore mechanical properties depends on the size and amount of particulates used. Many
different particulates (e.g. paraffin spheres, sugar crystals, gelatin, lipid molecules) have been
incorporated in these processing techniques [83-86]. Salt (NaCl) crystals are among the most
common porogens used in particulate leaching techniques. NaCl leaching schemes have been
shown to result in larger pore sizes and increased interconnectivity over processing schemes
that do not involve porogen leaching [87].
In TIPS a polymer solution is cooled to induce the formation of two phases: a
polymer-rich phase and a polymer-lean phase [88]. The solvent is then removed by solvent
extraction or sublimation to form pores. However, pore shape and size is reported to be
irregular and commonly less than 10 microns in diameter [89]. The small pore diameter
likely limits the infiltration of tissue into the scaffold, thus limiting the usefulness of normal
phase separation techniques for producing scaffolds suitable for bone tissue engineering
applications. Gong et al. devised a coarsening protocol for a TIPS procedure that results in
pore diameters ranging from a few microns to approximately 300 μm [90]. In addition to the
network of macropores, many micropores were observed in the walls of the large pores and
less than 100% interconnectivity was measured indicating the existence of isolated pores.
This is unfavorable because cells cannot infiltrate isolated pores.
High pressure gas foaming techniques have also been employed to produce porous
foam scaffolds. Polymer particles are tightly packed and then exposed to high pressure CO2
which acts like a solvent to make the polymer fluid. As the gas pressure is reduced to
ambient pressure the CO2 expands to create pores [91]. This technique is advantageous in
that it avoids the use of expensive and/or toxic organic solvents, which can affect cell
viability, and high temperatures, which can undermine polymer properties. However, CO2
foaming techniques typically result in a closed pore structure with only 10-30%
interconnectivity [92]. In addition a solid “skin” of polymer has been observed surrounding
the scaffold matrix [93, 94].
Microsphere sintering avoids the limitations of TIPS and CO2 foaming.

The

technique involves thermally fusing microspheres of polymer together inside a mold [95].
The average pore diameter is controlled by controlling the size of the microspheres. The
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resultant interconnectivity of the scaffold is 100%; however, the porosity of the scaffold is
significantly lower with the microsphere sintering technique (30-40%) compared to other
fabrication techniques (80-95%) [96]. Due to its lower porosity, microsphere sintering yields
a scaffold with higher mechanical strength but lower void volume available for tissue
ingrowth.
Rapid prototyping (RP) techniques involve the construction of complex 3D scaffolds
using a computer-aided design (CAD) data set. These techniques build complex scaffolds
one layer at a time to achieve 3D architectures with completely interconnected pores [87, 97,
98]. Because the scaffolds produced with these techniques are very precise, the ability to
exactly reproduce them is increased over other scaffold fabrication techniques. One of these
RP techniques uses fibers extruded through a nozzle to construct the 3D architecture.
However, because the fiber size (and therefore the pore size) is determined by the diameter of
the nozzle used to extrude the polymer, this technique is limited by the resolution of available
nozzles. In addition, the filaments are frequently smaller than the nozzle diameter and can be
hard to control due to variations in polymer melt rheology and the dispening speed of the
melt [97]. The porosities of the resulting scaffolds, ranging from 65 – 72%, are slightly
lower than those achieved via compression molding/particulate leaching techniques but much
higher than seen with the microsphere sintering techniques. Another RP technique uses
deflected laser beams (infrared laser or CO2 laser) to selectively scan over a powder surface
and heat the powder particles to melting temperature, effectively sintering the particles
together and forming a solid [87, 99]. Then a new layer of powder is deposited on top of the
sintered layer and the process repeats itself. However, the dimension of the structures used
to construct the scaffold are limited by the laser-beam diameter, roughly 400 microns, and
the powder particle size limits [87]. In addition, loose powder can become trapped in the
scaffolds [87].
1.7

Perfusion Bioreactor
The role of the bioreactor in our tissue engineering strategy is to facilitate the

development of large tissue substitutes in vitro. Perfusion bioreactors both supply oxygen
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and nutrients to the cells seeded within the biomaterial scaffold, and also expose the cells to
physical stimuli in the form of shear stress. Both the increased chemotransport and the
applied mechanical stimulation have been shown to facilitate proliferation and differentiation
of BMSCs.
Convective transport of oxygen and nutrients is vital for maintenance of cell viability
in large 3D scaffolds. Under static conditions, cell viability drops significantly at a distance
greater than 1 mm from the surface into the scaffold [100]. Perfusion bioreactors have been
shown to solve this problem and maintain a more uniform cell distribution in porous
scaffolds [100-102]. Data also suggests that mineralization is limited to the surface of the
scaffold, with a maximum penetration depth of roughly 250 microns from the surface [103].
Cells cultured under perfusion conditions are not only more evenly distributed within
scaffolds, but also produce more mature bone-like ECM as evidenced by increased levels of
ALP and OC [54, 100, 102]. One explanation for the increased expression of osteoblastic
markers is that the mechanical shear stress imparted on the cells by fluid flow stimulates
osteoblastic differentiation. The benefits of both increased chemotransport and mechanical
stimulation have caused continuous perfusion flow strategies to be adopted by many
researchers [101, 104-109].
Perfusion strategies in vitro seek to emulate the primary source of physiologic fluid
shear stress, interstitial fluid flow. In vivo, interstitial fluid flow is driven by two sources: the
pressure differential of the circulatory system and external loading.

As the bone is

compressed the fluid is forced out of the areas of high compressive strain and then returns
when the compressive force is removed [14]. This suggests that dynamic flow conditions are
more physiologically relevant than continuous shearing flow.

1.7.1

Dynamic Flow
Osteoblastic cells in monolayer culture have been shown to respond differently to

dynamic flow conditions such as oscillatory flow or pulsatile flow than to steady flow.
Studies show that cells respond to oscillatory and pulsatile flow with increased VEGF-A
gene expression, prostaglandin (PGE2) production, OPN gene expression, and activation of
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mitogen-activated protein kinases (ERK and p38) relative to steady flow [16, 109-111].
PGE2 production and MAPK activity have both been linked to increased proliferation and
osteoblastic differentiation [112-115]. One explanation for increased response to dynamic
flow regimes over steady flow is that steady flow does not stimulate the cells as efficiently
because the mechanotransductive signaling pathways involves a refractory period, the
amount of time it takes the cell be ready for a second stimulus once it returns to its resting
state following an initial stimulation [116].

Several studies show that pulsatile flow

frequency enhances cell response in a frequency dependent manner although some of the
data and subsequent interpretations conflict with each other.

Jacobs et al. measured

intracellular calcium transients and showed an increase with pulsatile flow over oscillatory
flow; however, with both pulsatile and oscillatory flow as frequency increased from 0.5 Hz to
2 Hz, calcium transients decreased [110]. In contrast, both Mullander et al. and Nauman et
al. found that cell response, NO release and PGE2 synthesis, increased with increasing
frequency [117, 118].
As evidence presented in this chapter clearly show, many different external factors
such as soluble factors (e.g. glucocorticoids, growth factors, etc), intercellular contact
through connexins, integrin mediated adhesion to the biomaterial substrate, and physical
stimulation (i.e. perfusion) affect the osteoblastic differentiation of BMSCs (Figure 1.3).
Two specific stimuli, the biomaterial substrate and physical stimulation, are the focus of this
project.
Soluble
Factors

Physical
Simulation

Biomaterial
Substrate

Intercellular
Contact

Figure 1.4: Stimuli acting on an osteoprogenitor cell
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1.8

Experimental Plan
The over arching goal of this research is to develop an attractive alternative to current

bone graft materials using a combination of MSCs, degradable biomaterial scaffolds, and
perfusion culture. The central hypothesis of this project is that both substrate compliance and
physical stimulation affect bone formation in vitro. In turn, modulating the osteoblastic
differentiation and secretion of growth factors is anticipated to affect the rate of bone healing
in vivo. The objective of this proposed research is to evaluate the capacity of two stimuli to
modulate the differentiation and secretion of bioactive factors by bone marrow stromal cells
(BMSCs): 1) the stiffness of the scaffold and 2) perfusion flow culture.

1.8.1

Aim 1
The goal of the first two studies was to determine the effect of scaffold compliance on

the level of osteoblastic differentiation and other bioactive factors. To accomplish this, a
family of segmented poly(esterurethane urea) (PEUUR) elastomers were synthesized with
varying PCL contents to systematically vary the modulus. Polymer films were seeded with
BMSCs and cultured under osteogenic conditions for up to 21 days. Cell proliferation, ALP
activity, OPN and OC expression were found to be similar among PEUURs and comparable
to poly(D,L-lactic-co-glycolic acid) (PLGA). This study demonstrated the suitability of this
family of PEUURs for determining the effect of biomaterial modulus on bone tissue
development.
In the second study the PEUUR elastomers were processed into porous foam
scaffolds via a compression molding/particulate leaching technique. BMSCs were seeded
into the porous scaffolds and cultured under osteogenic conditions for up to 21 days. Cell
proliferation, levels of PGE2, ALP activity, OPN and VEGF were all significantly different
on the PCL 2700 material compared to the PLGA control and the other PEUUR materials.
These effects cannot be attributed to differences in material modulus but may be an effect of
crystallinity. Therefore, in future studies, the effects of modulus and crystallinity must be decoupled to more fully investigate the effect of scaffold mechanical properties on osteoblastic
differentiation.
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1.8.2

Aim 2
The goal of the third study was to determine the effect of frequency of pulsatile

perfusion on the development of a bone-like extracellular matrix. To accomplish this, our
existing perfusion apparatus was modified with the addition of a micro-processor controlled
actuator that can be programmed to alter the pressure drop across the flow system at different
frequencies. BMSCs were seeded into porous PLGA foam scaffolds and cultured under
osteogenic conditions and exposed to 4 different flow conditions, continuous flow and
pulsatile flow (0.083 Hz, 0.05 Hz, and 0.017 Hz).

All flow conditions were compared to

statically cultured (no flow) control scaffolds grown in 12-well culture plates.

Cell

proliferation was decreased in the pulsatile conditions compared to the no flow and
continuous flow controls. ALP activity was significantly increased with the application of
0.05 Hz pulsatile flow compared to the no flow and continuous flow controls although all
flow conditions enhanced ALP activity, OPN gene expression, and OPN protein
accumulation. Pulsatile flow clearly induces osteoblastic differentiation at least as well as
continuous perfusion and enhances ALP activity above continuous flow. However, a larger
range of frequencies must be investigated in the future to discern whether frequency
modulates osteoblastic differentiation.
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Abstract
Segmented polyurethanes have been used extensively in implantable medical devices,

but their tunable mechanical properties make them attractive for examining the effect of
biomaterial modulus on engineered musculoskeletal tissue development. In this study, a
family of segmented degradable poly(esterurethane urea)s (PEUURs) were synthesized from
1,4-diisocyanatobutane, a poly(e-caprolactone) (PCL) macrodiol soft segment and a
tyramine-1,4-diisocyanatobutane-tyramine chain extender. By systematically increasing the
PCL macrodiol molecular weight from 1100 to 2700 Da, the storage modulus, crystallinity
and melting point of the PCL segment were systematically varied. In particular, the melting
temperature, Tm, increased from 21 to 61°C and the storage modulus at 37°C increased from
52 to 278 MPa with increasing PCL macrodiol molecular weight, suggesting that the
crystallinity of the PCL macrodiol contributed significantly to the mechanical properties of
the polymers. Bone marrow stromal cells were cultured on rigid polymer films under
osteogenic conditions for up to 21 days. Cell density, alkaline phosphatase activity, and
osteopontin and osteocalcin expression were similar among PEUURs and comparable to
poly(D,L-lactic-co-glycolic acid). This study demonstrates the suitability of this family of
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PEUURs for tissue engineering applications, and establishes a foundation for determining the
effect of biomaterial modulus on bone tissue development.
2.2

Introduction
A primary limitation with allogeneic and synthetic materials as replacements for bone

tissue function is that they eventually undergo mechanical failure. Tissue engineered bone is
envisioned to circumvent this limitation by being degradable and – like autologous bone graft
– capable of stimulating the natural tissue remodeling process [29, 30]. Consequently, a
variety of approaches have been undertaken that combine resorbable biomaterial scaffolds,
bioactive factors and osteoprogenitor cells to produce engineered tissues that are capable of
stimulating integration, vascular infiltration and tissue remodeling. Within this family of
strategies, the biomaterial scaffold acts as a mechanically robust substratum to support
osteoprogenitor cell adhesion, proliferation and differentiation. Importantly, evidence with
skeletal muscle suggests that the modulus of the scaffold is critical for achievement of the
target phenotype [19]. However, the effect of the mechanical properties of the biomaterial on
bone tissue development has not been addressed.
Segmented polyurethanes are an ideal class of materials with which to characterize
the effect of mechanical properties on tissue development.

These polymers often are

prepared via a two-step process that involves reacting a diisocyanate with a 1–5 kDa
macrodiol to form an isocyanate-terminated prepolymer, and then chain-extending this
prepolymer with a short-chain (<1 kDa) diamine or diol.

By careful selection of the

diisocyanate, chain extender and macrodiol components, a broad range of physical properties
can be achieved. In general, polyurethanes are biocompatible and have been used in a
variety of biomedical applications, including ligament and meniscus reconstruction [119,
120], blood-contacting materials [121-123], infusion pumps [124], heart valves [125],
insulators for pacemaker leads [126], and nerve guidance channels [127]. For tissue
engineering applications a degradable polymer is desirable, and can be achieved by
incorporating labile ester linkages into the polymer backbone [128, 129]. Biodegradation to
non-cytotoxic components may be promoted by the use of lysine ethyl ester diisocyanate
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(LDI)

[130]

or

1,4-diisocyanatobutane

(BDI)

[131]

in

place

of

methylene

bisdiphenylisocyanate (MDI), which has been suggested to degrade into carcinogenic and
mutagenic compounds [132].
In this study, a family of degradable poly(esterurethane urea)s (PEUURs) were
formed by reacting BDI with poly(ε-caprolactone) (PCL) macrodiols followed by chainextension of the prepolymer with a tyramine (TyA).BDI.TyA adduct [72]. In the solid state –
or service window – the resultant polymer is expected to microphase separate into a soft,
PCL-rich phase stabilized by van der Waals forces and a hard, BDI- and TyA-containing
phase stabilized by hydrogen bonds. For this study, the molecular weight of the PCL
macrodiol was varied from 1100 to 2700 Da to produce a family of chemically similar
polymers with hard segment contents of 20–40 wt.%.

Increasing the PCL macrodiol

molecular weight is also expected to increase the crystallinity of the soft segment. The
resultant polymers were characterized by dynamic mechanical analysis (DMA), differential
scanning calorimetry (DSC), wide-angle X-ray scattering (WAXS), and contact angle
goniometry to determine how the physical properties of these PEUURs depend on the hard
segment content.
To verify that these PEUURs are suitable for testing our hypothesis that bone tissue
development is sensitive to biomaterial scaffold modulus, cell culture studies were performed
on rigid polymer films. Bone marrow stromal cells (BMSCs) – a clinically attractive
progenitor cell type [42] – were cultured under osteogenic conditions to verify that the
polyurethanes support proliferation and osteoblastic differentiation, and to determine if cell
behavior is sensitive to subtle differences in the chemistry of the PEUURs. Cell density,
alkaline phosphatase (ALP) activity, and expression of osteopontin (OPN) and osteocalcin
(OCN) were measured.
2.3

Materials and Methods

2.3.1

Materials
All chemicals, including BDI, TyA, ε-caprolactone, poly(ε-caprolactone) diol (PCL

diol, average molecular weight 2000 Da), 1,4-butanediol (BDO), diethyl ether and dibutyltin
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dilaurate (DBTDL), were obtained from Sigma–Aldrich (St. Louis, MO) unless otherwise
specified. Anhydrous (<50 ppm water) dimethyl formamide (DMF) was obtained from
Acros Organics (Morris Plains, NJ). All chemical reagents were used as received except for
PCL2000 and butanediol, which were dried for 24 h at 80°C under vacuum (10 mm Hg), and
ε-caprolactone, which was dried over anhydrous MgSO4 prior to use.

All cell culture

materials were obtained from Fisher Scientific (Pittsburgh, PA) unless otherwise specified.

2.3.2 Synthesis of segmented poly(esterurethane urea) PEUUR elastomers
2.3.2.1 Chain extender synthesis
The diurea diol chain extender TyA.BDI.TyA (Figure 2.1) was synthesized from TyA
and BDI as described previously [72]. Briefly, tyramine was dissolved in DMF and placed in
a round-bottom reaction flask, and the resultant solution was stirred with a magnetic stirring
apparatus and heated to 50°C. The air space of the vessel was purged with argon, the
diisocyanate added slowly and the vessel then purged again with argon. The reaction
proceeded at 50°C with no catalyst for 24 h and the solids content in the reactor was
controlled at 10 wt.%.

Complete conversion of diisocyanate was verified by the

disappearance of the NCO peak (2250–2270 cm-1) in the IR spectrum. The TyA.BDI.TyA
chain extender was precipitated using diethyl ether and dried in a vacuum oven for 24 h at
80°C and 10 mm Hg absolute pressure to yield a fine powder. Because the reactivity of the
amine is 1000–2000 times higher than that of phenol at 25°C [124], the 2:1 adduct is the sole
reaction product in the absence of catalyst [72].
NH2
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Figure 2.1: Synthesis scheme for forming TyA.BDI.TyA chain extender.
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2.3.2.2 Polyester macrodiol synthesis
Three PCL macrodiols (1100, 1425 and 2700 Da) were synthesized from a BDO
initiator and ε-caprolactone monomer using previously published techniques [133]. The
molecular weight was controlled by varying the ratio of monomer to initiator. Briefly, the
appropriate amounts of dried BDO, dried ε-caprolactone and stannous octoate catalyst (1000
ppm) were mixed in a 100 ml flask and heated under an argon atmosphere with mechanical
stirring to 135°C. After a reaction time of 24 h, the mixture was removed from the oil bath.
Nuclear magnetic resonance (NMR) spectroscopy was performed with a Bruker 300 MHz
NMR (Bruker-Biospin, Billerica, MA) to verify the structure of the PCL macrodiol using
deuterated dichloromethane as the solvent.

2.3.2.3 Prepolymer synthesis
Anhydrous DMF was charged to a round-bottom flask fitted with a condenser. BDI
was added to the flask, which was then immersed in an oil bath at 70°C, purged with argon,
and stirred with a Teflon blade stirrer turned by an electric motor. A solution of dried PCL
macrodiol – synthesized with a molecular weight of 1100, 1425 or 2700 Da or purchased
with a molecular weight of 2000 Da – was charged into the reactor by means of an addition
funnel. The NCO:OH equivalent ratio of the prepolymer was equal to 2.0:1.0. (Note that the
NCO:OH equivalent ratio is equal to the BDI:PCL macrodiol molar ratio because the BDI
and PCL macrodiol each has a functionality of two.) The prepolymer content in the reactor
was controlled at 6 wt.%. DBTDL was added to the flask at 1000 ppm and the reaction was
allowed to proceed for 24 h. The reaction scheme is summarized in Figure 2.2a.
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Figure 2.2: Synthesis scheme for forming segmented poly(esterurethane urea) elastomers. (a) Formation of
PCL diisocyanate prepolymer. (b) Formation of PEUU by chain extending prepolymer.

2.3.2.4 Segmented PEUUR elastomer synthesis
A solution of chain extender in DMF was prepared at 50°C and added to the
prepolymer in the reaction vessel. The NCO:OH equivalent ratio of the polyurethane was
controlled at 1.03:1.0 and the polymer concentration was 3–6 wt.%. DBTDL was added to a
concentration of 1000 ppm. The reaction was allowed to proceed at 70°C for 4 days. The
polymer was then precipitated in diethyl ether and dried in a vacuum oven for 24 h at 80°C
under 10 mm Hg vacuum. The reaction scheme is summarized in Figure 2.2b. The hard
segment content was calculated from the reaction stoichiometry as the weight fraction of BDI
and chain extender in the polymer.

2.3.3

Characterization of segmented PEUUR elastomers

2.3.3.1 Composition and molecular weight
NMR spectroscopy was performed using deuterated dimethylsulfoxide as the solvent
to verify the structure of the chain extender and polymers. Number- and weight- average
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molecular weight of the polymers were measured by gel permeation chromatography (GPC)
with a Waters Alliance GPC 2000 (Waters Corporation, Milford, MA) using DMF as the
continuous phase, toluene as an internal standard and monodispersed polystyrene as the
calibration standard.

2.3.3.2 Solvent-casting of PEUUR films
For the polymers synthesized from 1100, 1425 and 2000 weight-averaged molecular
weight (Mw) PCL macrodiols, 3.0 wt.% solutions were prepared by dissolving the polymer
in DMF at 60°C until the solution turned clear. A 2.1 wt.% solution was prepared for the
PEUUR synthesized from 2700 Mw PCL. (This was the concentration at which the solution
became clear.) The polymer solutions were then filtered and poured into teflon casting
dishes. Films were dried at 30 kPa absolute pressure and 60°C for 4 days, then annealed for
24 h at 80°C (above the Tm for all of the PEUURs). The resultant films were analyzed by
DSC, DMA and WAXS.

2.3.3.3 Differential scanning calorimetry
Experiments were conducted on a Seiko DSC 220C (Seiko Instruments, Japan) with
an attached auto-cooler for precise temperature control. Solvent-cast samples (10–12.5 mg)
were heated in a nitrogen atmosphere from -100 to 180°C at 20°C min-1, held at 180°C for 5
min and then cooled to -100°C at 20°C min-1. Samples were held at -100°C for 5 min and
then heated again to 180°C at 20°C min-1.

2.3.3.4 Thermal DMA
DMA was performed on a Seiko DMS 210 tensile module with an attached autocooler for precise temperature control. Rectangular samples measuring 10 mm in length,
approximately 0.5 mm in thickness and 6.3–6.7 mm in width were cut from annealed films.
In a nitrogen atmosphere films were cooled to -100°C and then uniaxially deformed in the
linear viscoelastic region in tension mode at 1 Hz oscillating frequency. Temperature was
increased from -100 to 180°C at a rate of 2°C min-1.
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2.3.3.5 Wide-angle X-ray scattering
Photographic flat wide-angle X-ray scattering studies were performed using a Philips
PW 1720 X-ray diffractometer (Phillips Electronics, Eindhoven, The Netherlands) emitting
Cu Kα radiation with a wavelength of 1.54 Å operating at 40 kV and 20 mA. The sample to
film distance was set at 47.3 mm for all samples. Direct exposures were made using Kodak
Biomax MS film in an evacuated sample chamber. X-ray exposures lasted 30 min.

2.3.4

Cell Culture

2.3.4.1 Substrate preparation
PEUUR films – for cell culture studies and contact angle measurements – were
prepared by spin-coating polymer solutions from DMF followed by annealing in order to
achieve polymer morphologies similar to the cast films. Briefly, 18 mm diameter coverslips
were sonicated in ethanol for 10 min and dried [134]. Next, 270 µl volumes of 3 wt.%
PEUUR in DMF were deposited onto the coverslips and then spun at 2500 rpm for 30 s using
a Model 1-EC101D-R485 spin-coater (Headway Research, Garland,TX) under ambient
conditions. Control films were prepared by spin-coating 3 wt.% solutions of 75/25 poly(D,Llactic-co-glycolic acid) (PLGA; Lactel Biodegradable Polymers, Birmingham, AL) in
dichloromethane under the same conditions. PEUUR films were dried in a vacuum oven at
60°C for 72 h and then annealed at 80°C for 24 h. Advancing contact angles for spin-coated
films were measured with a Rame´–Hart goniometer (Mountain Lakes, NJ).

For each

PEUUR, contact angles were measured using 3 µl drops of deionized water at four different
locations on each of three films, as previously described [134]. For cell culture studies,
substrates were placed in 12-well culture plates, sterilized under ultraviolet light for 12 h and
incubated with 2 µg ml-1 human fibronectin (Sigma) in phosphate buffered saline (PBS) for 1
h prior to cell seeding.
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2.3.4.2 BMSC culture
BMSCs were cultured from bone marrow explants taken from the tibias and femurs
of 125–150 g male Sprague–Dawley rats (Harlan, Dublin, VA) in accordance with the
Animal Care Committee at Virginia Tech [135, 136]. Explants were dispersed in growth
medium (α-MEM (Invitrogen, Gaithersburg, MD), 10% fetal bovine serum (Gemini,
Calabasas, CA) and 1% antibiotic/antimycotic (Invitrogen)), and expanded for 14 days with
medium changes every 3 or 4 days. After 14 days of primary expansion, cells were rinsed
twice with PBS, lifted with trypsin/EDTA (Invitrogen) and seeded at 105 cells per well
(corresponding to 6.7 x 104 cells per coverslip). On the following day, denoted as day 1, the
medium was replaced with 2 ml differentiation medium (growth medium containing 0.13
mM ascorbate-2- phosphate, 2 mM β-glycerophosphate and 10 nM dexamethasone). Culture
medium was changed every 3 or 4 days and cell layers were collected for analysis at days 7,
14, and 21.

2.3.4.3 Cell number and ALP activity
Cell number was determined at days 7 and 14 by fluorometric measurement of total
DNA using Hoechst 33258 dye [103, 137]. ALP activity of cell layers was determined at day
14 using a commercially available kit (Biotron Diagnostics, Hemet, CA). Enzyme activity,
defined as the rate of conversion of p-nitrophenol phosphate to p-nitrophenol, was
determined colorimetrically and normalized by cell number [137].

2.3.4.4 OPN synthesis
Accumulation of OPN in cell layers was determined at day 14 by western blot
analysis using rabbit anti-rat OPN antibody (Assay Designs, Ann Arbor, MI) followed by
horseradish peroxidase (HRP)-conjugated goat antirabbit antibody (Zymed, San Francisco,
CA) and visualized by chemiluminescence [135]. Band densities were determined using
Scion Image (Scion Corporation), and normalized by band densities for HRP-conjugated
glyceraldehyde-3-phosphate dehydrogenase (GAPDH; Santa Cruz Biotechnology, Santa
Cruz, CA).
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2.3.4.5 mRNA expression
RNA was isolated from cell layers using the RNeasy mini kit (Qiagen, Valencia, CA)
according to the manufacturer’s instructions. Next, 1 lg of RNA was reverse transcribed to
cDNA using the Superscript kit (Invitrogen, Carlsbad, CA) with random hexamers as
primers. Real time PCR amplification was performed using an ABI 7300 sequence detection
system (Applied Biosciences, Foster, CA), SYBR green Master Mix (Applied Biosciences)
and specific primers for β-actin (βA), OPN and OCN (Integrated Technologies, Coralville,
IA) with previously published sequences [135]. Quantification of OPN and OCN gene
expression was performed using the 2-ΔΔCt method, with βA as the internal reference [138].

2.3.4.6 Statistics
Data were analyzed using a one-way analysis of variance and a 95% confidence
criterion to test for differences between treatment groups. An asterisk denotes statistically
significant differences between materials.
2.4

Results

2.4.1

Synthesis and characterization of segmented PEUUR elastomers
GPC analysis of the polymers indicated number-average and weight-average

molecular weights of 25–36 and 36–64 kDa, respectively, and polydispersity indices of 1.3–
1.8, which are typical for segmented polyurethanes (Table 2.1).
Table 2.1
Physical characteristics of PEUURs
PCL Mn
HS
Tg
Tm
Mn
Mw
Θ
(Da)
(wt.%)
(°C)
(°C)
(kDa)
(kDa)
(°)
2700
20
-55
61
35.4
47.0
74 ± 3
2000
26
-52
42
36.4
64.4
83 ± 2
1425
35
-52
34
25.1
36.1
79 ± 5
1100
39
-52
21
34.8
53.3
78 ± 4
The theoretical hard segment content, HS, was predicted from the molecular weight of hard and soft segments.
The glass transition temperature, Tg, and melting point, Tm, were determined from DSC curves. Number and
weight-average molecular weights, Mn and Mw, respectively, were determined by GPC. Static contact angles, θ,
were determined on spin-coated polymer films.
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DSC was performed to characterize the melting temperature and the relative crystallinity of
the PCL microphase (Figure 2.3). Comparison of the first heating curves (Figure 3a, solid
lines) reveal a systematic increase in Tm from 21 to 61°C with increasing PCL macrodiol
molecular weight, as expected.

In addition, the size of the endothermic peak also

systematically increased, suggesting an increase in crystallinity of the PCL phase with
increasing soft segment content. This increase in crystallinity with PCL segment molecular
weight is also supported by systematic increases in the size of the exothermic crystallization
peak in the cooling curves (Figure 2.3b) and the melting peak for the second heating curves
(Figure 2.3a, dashed lines).

(a)

(b)
PCL2700

PCL2700

PCL2000

PCL2000
PCL1425
PCL1100

PCL1425
PCL1100
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0

50
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Figure 2.3: DSC analysis of polyurethanes: (a) heating curves; (b) cooling curve. Solid lines and dashed lines
correspond to the first and second heating curves, respectively, of annealed polymer samples. A cooling curve
was acquired between the first and second heating curves. Curves are offset vertically to permit visual
comparison.

Further, the sharper and more intense WAXS pattern for the 2700 Mw PCL relative to the
1100 Mw PCL also indicates an increase in PEUUR crystallinity with increasing macrodiol
molecular weight (Figure 2.4).
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(a)

(b)

Figure 2.4: WAXS images of PEUURs synthesized from: (a) 100 Mw PCL and (b) 2700 Mw
PCL.

DMA was performed on each material in order to monitor changes in the storage
modulus (E') and tan δ with temperature (Figure 2.5). A decrease in E' between -75 and 50°C was observed as the material was heated through the glass transition temperature (Tg).
The value for Tg was reported as the location of the primary peak in tan δ curve, which fell in
the range of -55 to -50°C (Table 2.1) and is comparable to that of pure PCL (-63°C) [133]. A
sharper decrease in E' was observed in the temperature range of 0–60°C, and corresponds to
melting of the PCL phase. The melting transitions in the DMA curves are consistent with the
melting peaks observed by DSC (Figure 2.3a), and the Tm decreases with decreasing PCL
segment molecular weight. High molecular weight PCL has a melting temperature of 63°C,
but melting point depression has been reported with decreasing PCL molecular weight [133].
The DMA curves also reveal that E' increases systematically with PCL segment molecular
weight below T, but decreases with increasing PCL segment molecular weight above Tm.
This suggests that the high storage modulus observed at physiologic temperature (37°C) is
primarily related to the crystallinity of the PCL segment. At this temperature storage moduli
of 52, 49, 110 and 278 MPa were determined for PCL segments of 1100, 1425, 2000, and
2700, respectively (Table 2.1). Above the Tm for the PEUURs, tan δ remains relatively low,
indicating that the polymer is not completely melted, and E' increases systematically with
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hard segment content, suggesting that the storage modulus is dependent on microphaseseparated hard domains.
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Figure 2.5: DMA analysis of polyurethanes: (a) storage modulus; (b) tan δ.

Measurements of advancing contact angles on spincoated PEUUR films show a small
but systematic increase in angle with PCL macrodiol Mw from 1100 to 2000 (Table 2.1),
consistent with an increase in the content of the hydrophobic soft segment. However, the
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increase in advancing contact angle with PCL macrodiol Mw could also be a consequence of
increasing surface roughness [139]. In contrast, the PEUUR with the highest PCL macrodiol
Mw demonstrated the lowest contact angle, which suggests that microphase separation and
crystallization of PCL segments may partition the hydrophilic TyA.BDI.TyA segments to the
surface. By comparison, spin-coated PLGA (control) films exhibited an advancing contact
angle of 74 ± 2, which is very similar to the PEUUR synthesized from 2700 Mw PCL.

2.4.2

BMSC proliferation and differentiation on PEUUR films
BMSCs were seeded onto fibronectin-coated PEUUR films and cultured under

osteogenic conditions. They were collected at days 7 and 14 to assay for cell number and
ALP activity, and at days 14 and 21 to assay for OPN and OCN expression. Cell number
increased from 7 to 14 days on all surfaces, indicating that the PEUURs support cell adhesion
and proliferation (Figure 2.6), but cell numbers were not statistically different between
PEUURs and the PLGA control.
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Day 7

Day 14

Figure 2.6: Cell number on PEUUR films at 7 and 14 days. PLGA
films were used as a reference. Data are mean ± standard error for n
= 4 samples.
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Figure 2.7: ALP activity of BMSCs on PEUUR films at 14 days.
PLGA films were used as a reference. Data are mean ± standard
error for n = 4 samples. Activity per cell was determined by
normalizing activity per cell layer by cell number.

Analysis of OPN accumulation into cell layers – as determined by Western blot
analysis at day 14 – indicated that OPN was statistically lower on the PEUUR containing
PCL 2700 (Figure 2.8).
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Figure 2.8: OPN protein content of BMSC cell layers on PEUUR films at 14 days. (a) OPN protein bands
visualized by chemiluminescence. (b) Density of OPN bands normalized by GAPDH band density. PLGA
films were used as a reference. Data are mean ± standard error for n = 8 samples. An asterisk denotes
statistically different level of protein content with respect to PLGA (p < 0.05).
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However, OPN mRNA expression by PCR at days 14 and 21 indicated no statistically
significant differences between the polymers (Figure 2.9). Likewise, analysis of OCN,
another osteoblastic marker, indicated no differences between the polymers (Figure 2.9b).
Together, these data suggest that the PEUURs support osteoblastic differentiation to the same
extent as PLGA. However, analysis of OCN synthesis and mineral deposition – definitive
markers of osteoblastic maturation – are necessary to demonstrate differentiation.
2.0

Relative Osteopontin mRNA Expression

(a)

1.5

PLGA
PCL 1100
PCL 1425
PCL 2000
PCL 2700

1.0

0.5

0.0
Day 14

Day 21

5

Relative Osteocalcin mRNA Expression

(b)

4

PLGA
PCL 1100
PCL 1425
PCL 2000
PCL 2700

3

2

1

0
Day 14

Day 21

Figure 2.9: (a) OPN and (b) OCN mRNA expression of
BMSCs on PEUUR films at 14 and 21 days. Expression was
normalized to PLGA films at day 14. Data are mean ±
standard error for n = 4 samples.
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2.5

Discussion
In this study a family of segmented PEUURs was synthesized using PCL macrodiols

and a novel TyA.BDI.TyA chain extender. By systematically varying the molecular weight
of the PCL segment, the storage modulus, the soft segment Tm and the degree of crystallinity
were systematically varied. In particular, the modulus at 37°C increased from 49 to 278 MPa
with increasing PCL macrodiol Mw. Cell culture studies using BMSCs showed that all
PEUURs supported cell viability, proliferation and osteoblastic differentiation.
One of the underlying motivations for this study was the development of segmented
polyurethanes that degrade to non-toxic decomposition products.

Polyurethanes and

polyureas synthesized from aromatic diisocyanates, such as MDI, exhibit microphaseseparated morphologies, ordered hard domains and useful mechanical properties [122]. In
recent studies, polyureas synthesized from MDI, a diamine chain extender, and a PCL530
soft segment have been reported to degrade to non-cytotoxic decomposition products in vivo
[119, 140, 141]. However, other studies have suggested that polyurethanes based on such
aromatic polyisocyanates degrade in vivo to carcinogenic and mutagenic compounds [142144]. Therefore, due to the potentially cytotoxic degradation products associated with MDI,
we and others have sought to synthesize biodegradable segmented PEUUR elastomers from
aliphatic polyisocyanates such as hexamethylene diisocyanate (HDI), BDI and LDI [72, 129,
131] [73, 145-150].

To date, segmented PEUUR elastomers incorporating a PCL soft

segment and aliphatic diisocyanates have been synthesized from a variety of chain extenders,
including an adduct of BDO and BDI [73, 131, 145], putrescine (BDA) [129, 146, 151],
lysine

ethyl

ester

(Lys)

[129],

and

an

adduct

of

phenylalanine

(Phe)

and

cyclohexanedimethanol [147, 148, 150]. In a previous study, we described the synthesis and
characterization of a segmented PEUUR elastomer incorporating a hard segment comprising
an adduct of tyramine and BDI [72].

This chain extender was designed with specific

structural features to promote ordering of microphase-separated hard domains, including
phenyl groups to induce p bond stacking and urea groups to establish bidentate hydrogen
bonding [122].
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However, thermal phase transitions of the hard segment – definitive evidence of
microphase separation – were not detected by DSC (Figure 2.3) in this study. We conjecture
that the phase transitions for the hard segment lie above the decomposition temperature,
which is consistent with observations for polyureas [122, 152]. However, we note two
indirect signs of phase separation of the hard segment. First, at temperatures greater than the
Tm of the PCL segment the materials have moduli ranging from 10 to 40 MPa (Figure 2.5),
the moduli increase with increasing hard segment content and tan δ is relatively low. In the
absence of hard segment ordering, the materials would be anticipated to have mechanical
properties resembling a polymer melt (e.g. a storage modulus several orders of magnitude
lower).
Second, for microphase-separated materials, each phase exhibits its own Tg. For
phase-mixed systems, the value of Tg is related to the Tg of the individual components by the
Fox equation [153]:
1

1

2

1

2

where subscripts 1 and 2 represent the individual segments, and Mi represents the mass
fraction of segment i. Thus, a systematic shift in Tg with soft segment content would be
consistent with the existence of a phase mixed system. However, the Tg for the PCL segment
is similar to that for pure PCL (-63°C [133]) and does not vary with PCL content (Table 2.2),
suggesting that the system is microphase-separated.
The thermal and mechanical properties of a broad variety of segmented PEUUR
elastomers, which incorporate a PCL soft segment, are summarized in Table 2.2. We note
that materials previously formed from a 2000 Mw PCL macrodiol exhibit glass transition
temperatures ranging from -51 to -54°C, which is quite close to the value of -52°C measured
in this study. However, materials incorporating a 1250 Mw PCL soft segment are reported to
exhibit Tg values in the range from -34 to -40°C, suggesting a greater degree of phase mixing
in these materials relative to the 2000 Mw PCL materials. It is interesting to note that the
PEUURs in this study formed from 1100 and 1425 Mw PCL exhibited Tg values of -52°C.
These data imply that the extent of microphase separation is not as sensitive to PCL
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molecular weight when tyramine-based hard segments are employed. In particular, we
conjecture that the relatively large and hydrophilic TyA.BDI.TyA chain extender used in this
study may drive microphase separation even when the PCL Mw is relatively low.
Table 2.2
Glass transition temperatures, melting temperatures, and Young’s modulus reported for
PCL-based segmented PEUUR elastomers
Polymer
Tg
Tm
Modulus
(°C)

(°C)

(MPa)

BDI/BDA/PCL1250 [146]

-37

A

54

BDI/BDA/PCL2000 [146]

-53

40

78

BDI/Lys/PCL1250 [146]

-40

A

14

BDI/Lys/PCL2000 [146]

-54

45

38

LDI/Phe/PCL530 [148]

-6

A

6.6

LDI/Phe/PCL1250 [148]

-34

43

54

LDI/Phe/PCL2000 [148]

-52

45

82

BDI/BDA/PCL2000 [145]

-57

20

52

HDI/BDA/PCL2000 [145]

-51

22

38

LDI/BDA/PCL2000 [145]

-52

41

40

BDI/BDO.BDI.BDO/PCL2000 [131]

-54

18

70

An ‘A’ denotes amorphous polymers that did not exhibit a PCL melting temperature.

All four of the tyramine-based materials exhibit melting transitions ranging from 21
to 61°C (see Table 2.1), associated with the melting of the PCL diol soft segment. As
predicted by the theory of melting point depression [153], the melting temperature decreases
with decreasing PCL molecular weight. The 2000 Mw PCL PEUUR examined in this study
had a Tm of 42°C, which falls within the narrow range of values (40–45°C) reported for other
2000 Mw PCL PEUUR elastomers (Table 2.2). In contrast, PEUURs synthesized from lower
Mw PCL exhibit a broad range of properties: LDI/Phe/PCL1250 material melts at 43°C [148],
while the BDI/BDA/PCL1250 and BDI/Lys/PCL1250 materials are amorphous [146].
Although, we did not examine a material with 1250 Mw PCL, we note that our material
formed from 1425 and 1100 Mw PCL fall within this range of properties, with melting
temperatures of 34 and 21°C, respectively.
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The storage moduli (at 37°C) of the materials prepared from 1100, 1425 and 2000 Mw
PCL were in the range from 49 to 110 MPa, which is comparable to the values of Young’s
modulus ranging from 14 to 82 MPa reported for other PCL-based segmented PEUUR
elastomers (Table 2.2).

The significantly higher modulus of the 2700 Mw PCL based

PEUUR (278 MPa) is attributed to the higher crystallinity of this PCL soft segment. At
37°C, the soft segment of this material is substantially below its melting temperature (61°C)
and therefore semi-crystalline. This observation is also supported by the WAXS data. The
significant change in the modulus observed over the temperaturerange of 20–60°C implies
that over this temperature range the mechanical properties are dominated by the PCL soft
segment.
Concurrent with the physical analysis of the PEUURs, biochemical analysis of BMSC
was undertaken to verify biocompatibility of the polymers and to determine how systematic
changes in soft segment content altered proliferation and development of the osteoblastic
phenotype.

It has been demonstrated that proliferation and phenotypic behavior of

osteoblasts is sensitive to both interfacial chemistry and surface roughness. Gross changes in
the chemistry at the biomaterial interface have been shown to alter surface hydrophilicity,
protein adsorption curves and adsorbed protein conformation [154, 155], and these factors
likely act in concert to alter cell morphology, adhesion, proliferation and mineralization [156,
157]. Concurrently, surface roughness, which can be introduced by annealing of polymer
blends has been shown to affect cell morphology, cell density and alkaline phosphatase
activity [139, 158]. Contact angle measurements (Table 2.1), which are sensitive to surface
hydrophobicity, roughness and chemical heterogeneity, indicated only modest differences in
the interfacial properties of the annealed polymer films. Although such differences may have
influenced OPN deposition (Figure 2.8), we note that cell proliferation, as well as other
biochemical markers of osteoblastic differentiation, were not affected.
This research project establishes that a series of segmented PEUURs can be
synthesized from PCL (soft) and TyA.BDI.TyA (hard) segments, exhibit a broad range of
storage moduli at 37°C, and support proliferation and osteoblastic differentiation of bone
marrow stromal cells. Our next step will be to use these PEUURs to form porous foam
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scaffolds with similar architectures but differing compressive moduli. Because, we have
shown here that BMSC density, ALP activity and mRNA expression of OPN and OCN are
insensitive to variations in PEUUR hard segment content, we will use these foam scaffolds to
determine how BMSC properties vary with scaffold modulus.
2.6

Conclusions
A series of poly(esterurethane urea)s were synthesizedfrom TyA.BDI.TyA and PCL

macrodiols of molecular weights ranging from 1100 to 2700 with hard segment contents of
20–40 wt.%. DMA showed the materials had storage moduli ranging from 49 to 278 MPa at
37°C, and DSC and WAXS showed that storage modulus correlated with crystallinity of the
soft (PCL) phase. BMSCs cultured on the different films exhibited similar cell densities,
ALP activities, and mRNA expression of OCN and OPN to conventional PLGA, indicating
the suitability of these materials for bone tissue engineering applications.
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3.1

Abstract
Tunable physical properties make segmented polyurethanes an ideal platform for

examining the effects of scaffold modulus on engineered tissue development. In this study, a
family of poly(esterurethane urea)s (PEUURs) were synthesized with a poly(ε-caprolactone)
(PCL) soft segment. By systematically varying the molecular weight of the PCL segment
from 1425 to 2700 Da, the crystallinity and compressive modulus of the scaffolds was
systematically increased. Polymers were processed into scaffolds with similar porosities and
pore diameters. When bone marrow stromal cells were cultured in these scaffolds, cell
number decreased with increasing PEUUR stiffness while prostaglandin E2 (PGE2)
production and alkaline phosphatase (ALP) activity were similar on all scaffold materials
except the PCL 2700 where they were highly elevated. Osteopontin, osteocalcin, bone
morphogenetic protein-2, and vascular endothelial growth factor gene expression were all
similar among the PEUURs. The increases in PGE2 production and ALP activity cannot be
attributed to changes in scaffold modulus but may be due to varying crystallinity.
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3.2

Introduction
An engineered bone tissue consisting of a bone-like extracellular matrix (ECM)

deposited on the internal pores of a resorbable biomaterial is postulated to stimulate
integration, infiltration, and bone remodeling when implanted in vivo. Bone marrow stromal
cells (BMSCs) may be an important ingredient in this strategy because with the appropriate
cues from the cellular microenvironment, BMSCs have been shown to synthesize the
necessary bone-like ECM in vitro. Numerous aspects of the microenvironment (e.g. growth
factors, mechanical stimulus, and biomaterial substrates) are being actively investigated.
One particularly important factor that has not previously been evaluated is the effect of the
mechanical properties of the biomaterial scaffold on bone-like tissue development.
Substrate properties, including chemistry, roughness, and compliance, have a
significant effect on osteoblast behavior, and therefore may play a role in the development of
an engineered bone tissue. Surface chemistry, in regards to the capacity of a material to
adsorb ECM proteins, regulates cell adhesion [159]. For example, cell adhesion has been
shown to be greater on hydrophilic surfaces relative to hydrophobic surfaces [159].
Osteoblasts on hydrophobic surfaces exhibit low cell attachment efficiency and require a
longer induction period prior to entering the exponential growth phase [160]. Additionally
studies on well defined model surfaces have shown that terminal amine (NH2) and carboxylic
acid (COOH) groups result in greater cell adhesion than methyl (CH3) terminated surfaces
[161].
Surface roughness or topography of a material surface also influences cell behavior.
For example, well-ordered topographies such as oriented fibers or grooves dictate the
orientation and spread of adherent cells through a phenomenon known as contact guidance
[162, 163]. Additionally, random topographies, such as acid-etched or sand-blasted surfaces,
have been shown to decrease osteoblast proliferation while increasing phenotypic markers of
osteoblastic maturation such as alkaline phosphatase (ALP) activity and osteocalcin. The
size of topographical features has also been examined and features as small as 0.2 µm have
been shown to have a positive effect on osteoblastic phenotype [164-166].
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Substrate compliance may be a critical facet of cell microenvironment that
contributes to achieving an intended phenotype [167]. Engler et al. tested the influence of
substrate elasticity on osteoblastic differentiation of human mesenchymal stem cells (MSCs)
and found that MSCs expressed increased levels of bone ECM proteins such as osteocalcin
and osteopontin on the stiffest substrates [167]. Similarly, the pre-osteoblastic cell line,
MC3T3-E1 cells, has shown increased alkaline phosphatase activity, mRNA expression of
osteocalcin, and mineralization with increasing stiffness [168, 169]. Although these results
clearly indicate that substrate mechanics influence cell growth and bone tissue development,
studies to investigate the effects of substrate stiffness on cell behavior have largely been
carried out in soft 2D gel systems, such as polyacrylamide, where the degree of crosslinking
can be used to modulate the mechanical properties. Model systems such as the 2D gel
systems are useful for gaining insights about what aspects of the surface characteristics are
most influential; however, the gel systems are many orders of magnitude softer than
mineralized bone tissue and for the creation of engineered bone tissue grafts, 3D
architectures must employed. Therefore, additional studies involving 3D porous scaffolds
made of stiffer materials are necessary to determine how the mechanical properties of a
biomaterial scaffold may be tuned to achieve engineered bone tissue.
The goal of this study is to determine the effects of scaffold modulus on the
osteoblastic differentiation of BMSCs. Segmented polyurethanes are a class of synthetic
polymer composed of alternating soft polyol segments and hard urethane segments. The
synthesis method is a two-step process where a macrodiol and an excess of diisocyanate are
reacted first to form a prepolymer. The prepolymer is then chain-extended with a short
diamine or diol. Segmented polyurethanes are an excellent model system for probing the
effect of scaffold mechanical properties on cell behavior because the two-step synthesis
process makes tuning mechanical properties to a desired range very easy through careful
choice or macrodiol, diisocyanate, and chain-extender [71, 74-76].
To isolate the contribution of substrate chemistry, a family of poly(esterurethane
urea) (PEUUR) elastomers were previously synthesized, spun onto glass coverslips, and the
proliferation and differentiation of BMSCs was evaluated. Cell density, alkaline phosphatase
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activity (ALP), and osteopontin and osteocalcin gene expression were similar among
PEUURs and comparable to poly(D,L-lactic-co-glycolic acid) (PLGA) [170].

For the

purposes of this study, the PEUUR elastomers were fabricated into porous foams by solvent
casting/particulate leaching to achieve a series of scaffolds with similar architectures but
different moduli to isolate and characterize the effect of biomaterial modulus. The porosity,
pore size distribution, crystallinity, and compressive modulus of the polymer scaffolds were
determined. Finally, BMSCs were cultured on porous PEUUR foams under osteoblastic
conditions to determine if cell behavior is sensitive to differences in modulus and
crystallinity of the PEUURs.

Cell density, prostaglandin E2 (PGE2) production, ALP

activity, and gene expression were measured to determine the effect of PEUUR modulus on
osteoblastic differentiation.
3.3

Materials and Methods

3.3.1

Materials
All chemicals were obtained from Sigma-Aldrich (St. Louis, MO) and all cell culture

materials were obtained from Fisher Scientific (Pittsburgh, PA) unless otherwise specified.

3.3.2

Scaffold fabrication
Poly (esterurethane urea) (PEUUR) elastomers with varying PCL molecular weights

(1425, 2000, and 2700 Da) were synthesized using a tyramine-1,4-diisocyanatobutanetyramine (TyA.BDI.TyA) chain extender and poly(ε-caprolactone) microdiol as previously
described [170]. Dynamic mechanical analysis indicated moduli of 39, 119, and 278 MPa
for PCL segments of 1425, 2000, and 2700 Da respectively [170]. Next, PEUUR elastomers
were formed into foam scaffolds using an established solvent casting/particulate leaching
method [100]. Approximately 5% (w/v) PEUUR solutions in DMF were prepared and cast
over NaCl crystals (sieved 300-500 µm). The DMF was evaporated to create a 15 wt%
PEUUR/85 wt% NaCl composite, which was cut into small 3-5 mm pieces and loaded into a
cylindrical teflon-lined mold (12.7 mm internal diameter). The mold was then heated with a
band heater to 140°C and compressed axially under 1.2 MPa of pressure for 10 min. The
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composite material was dried in an oven for 72 h at 60°C, and then annealed under vacuum at
80°C for 24 h. The composite material was then cut into 2.5 mm thick discs for cell seeding
and 25 mm rods for mechanical testing. The NaCl particulates were leached out of the discs
by immersion in deionized water for 72 h and the resulting porous foams were then soaked in
ethanol for 48 h to remove any residual DMF before being dried and stored in a desiccator.
Control scaffolds for these studies were prepared from 75:25 poly(D,L-lactic-coglycolic acid) (PLGA; Lactel Biodegradable Polymers, Birmingham, AL) as previously
published [100]. Briefly, approximately 5% solutions of PLGA in dichloromethane cast over
NaCl crystals sieved 300-500 μm at a ratio of 15 wt% PLGA/85 wt% NaCl. PLGA scaffolds
were heated to 100°C for 30 min under 1.2 MPa of pressure. The material was cut into 2.5
mm discs for cell studies and 25 mm rods for mechanical testing with a low speed diamond
wheel saw (South Bay Technology, San Clemente, CA) and leached for 72 h in deionized
water to remove the NaCl particulates. The resulting foams were dried and stored in a
desiccator until sterilization by γ-irradiation. Scaffolds were incubated in a 2 µg/mL solution
of fibronectin (Invitrogen) for one hour prior to seeding.

3.3.3

Scaffold characterization
Porosity and pore size distribution were measured using a mercury intrusion

porosimeter (Autopore III; Micromeritics Instrument Corp., Norcross, GA).

Mercury

intrusion porosimetry was conducted for 3 samples of approximately 0.1 g of each PEUUR
with a mercury-filling pressure of 0.16 psi, a maximum intrusion pressure of 500 psi. Pore
sizes were calculated from intrusion data by assuming a mercury contact angle of 137
degrees.
The pore shape, interconnectivity, and surface roughness were visually inspected for
differences in topography by scanning electron microscopy (SEM). Briefly, porous scaffolds
were mounted and sputtercoated with a 5 nm thick layer of palladium as previously described
[171]. Images were captured at 100, 2K, and 20K × magnification using a LEO 1550 Field
Emission SEM (Carl Zeiss SMT, Thornwood, NY).
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The compressive moduli of PEUUR scaffolds were measured using 25 mm thick
rods, cut to allow for a 2:1 length to diameter ratio. All foams were soaked in phosphate
buffered saline (PBS) overnight prior to compressive testing. Foams were tested wet at 37°C
with a hydraulic MTS 810 material testing system (MTS Systems Corporation, Eden Prairie,
MN) and compressed with a crosshead speed of 1.0 mm/min. Each sample was compressed
to approximately 10% strain and then released at the same rate. The compressive modulus
was measured as the slope of the linear elastic region of deformation for n = 3 samples per
polymer.
Degradation of the PEUURs was measured after determination of the compressive
modulus. Samples were dried, cut into pieces averaging approximately 30 mg, weighed, and
re-wet in PBS. Foam pieces were incubated in PBS at 37ºC for up to 6 months with 3 pieces
removed every 2 weeks. Each piece was dried completely and re-weighed to determine the
fraction of foam remaining.

In addition, both number- and weight- average molecular

weights were determined by gel permeation chromatography (GPC) with a Waters Alliance
GPC 2000 (Waters Corporation, Milford, MA) using DMF as the continuous phase, toluene
as an internal standard, and monodispersed polystyrene as the calibration standard.
Differential scanning calorimety (DSC) was performed to evaluate the level of
crystallinity of the processed PEUUR scaffolds. DSC analysis was conducted on a Q2000
(TA Instruments, New Castle, DE). Porous foam samples (3.5 – 5.7 mg) were heated in a
nitrogen atmosphere from slightly below room temperature (20°C) to 120°C at 10°C min-1,
held at 120°C for 2 min, and then cooled to -50°C at 10°C min-1. Foams were not cooled
prior to the first heating curve so that the crystallinity calculated was from the scaffold
fabrication process and not induced by the DSC analysis.

3.3.4

Bone marrow stromal cell culture
BMSCs were developed from bone marrow explants harvested from the tibias and

femurs of 125 – 150 g male Sprague-Dawley rats (Harlan, Dublin, VA) in accordance with
the Institutional Animal Care and Use Committee at Virginia Tech [135, 136]. Briefly,
explants were dispersed in growth medium (α-MEM (Invitrogen, Carlsbad, CA)
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supplemented with 10% fetal bovine serum (Gemini, Calabasas, CA) and 1%
antibiotic/antimycotic (Invitrogen) and expanded for approximately 10 days with medium
changes every 3 or 4 days. After 10 days the cells were rinsed twice with PBS, lifted with
trypsin/EDTA (Invitrogen), split 1:2, and defined as passage 1. After the cells reached
approximately 90% confluence the passaging process was repeated twice until the cells were
approximately 90% confluent at passage 3. At this point cells were lifted and suspended in
growth medium at a density of 2 × 106 cells/mL. Cells were seeded into scaffolds were
seeded by dropwise addition of approximately 1 mL of cell suspension to each scaffold.
(Here, the estimated void volume of the scaffolds is only 300 μL; however, the excess
volume of cell suspension has been shown to provide uniform seeding [100].) The seeded
scaffolds were placed into 12 well plates and allowed to sit in the sterile cabinet for 1 hour to
permit cell attachment prior to the addition of 2 mL growth media and placement into the
CO2 incubator.

On the following day, denoted as day 0, growth medium was replaced with

osteogenic differentiation medium (growth medium supplemented with 0.13 mM ascorbate2-phosphate, 2 mM β-glycerophosphate, and 10 nM dexamethasone). Thereafter, the culture
medium was changed twice weekly.
Scaffolds as well as samples of conditioned culture medium were collected at days 14
and 21. Scaffolds were rinsed twice with PBS, cut into quarters and weighed. To facilitate
the extraction of cellular materials, scaffolds were frozen in liquid nitrogen before being
crushed and homogenized in the appropriate collection buffer for analysis of cell number,
ALP activity, and gene expression.

3.3.5

Cell number
Cell number was determined after 14 and 21 days using PicoGreen reagent

(Invitrogen). Two quarters of each sample were collected in 1 mL TE buffer (10 mM TrisHCl, 1 mM EDTA, pH 7.5) and sonicated on ice for 10 min to release the DNA. DNA
standards of 0.016 to 1 μg/mL were prepared in TE buffer according to manufacturer’s
instructions. A volume of 100 μL of samples and standards were added to a 96-well plate in
duplicate. PicoGreen reagent was diluted 1:200 in TE buffer and then 100 μL of the diluted
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PicoGreen reagent was added to each well. Fluorescence was measured with a SpectraMax
fluorescent plate reader (Molecular Devices, Sunnyvale, CA) using excitation and emission
frequencies of 488 and 525 nm, respectively, and a linear standard curve was plotted
correlating fluorescence to μg/mL DNA. Cell number was calculated from the standard
curve using a constant of 8.1 pg DNA/cell and normalized by the mass of the scaffold. This
constant was experimentally determined with a series of BMSC suspensions with known
concentrations.

3.3.6

Prostaglandin E2 production
Accumulation of prostaglandin E2 (PGE2) in conditioned medium was determined at

days 14 and 21 by an enzyme immunometric assay (EIA) kit (Assay Designs, Ann Arbor,
MI) according to the manufacturer’s instructions. The PGE2 ELISA kit is a competitive
immunoassay that uses a monoclonal antibody to bind the PGE2 in samples of conditioned
medium. Absorption at a wavelength 405 nm was measured with a Labsystems Multiskan
RC ELISA plate reader (Labsystems, Frankfurt, Germany).

All measurements were

performed in duplicate and protein content was calculated from curves generated using
standards provided with the kits.

3.3.7

ALP activity
After 14 and 21 days of osteoblastic culture, ALP activity was determined using a

commercially available kit (Biotron Diagnostics, Hemet, CA). Scaffold quarters for analysis
of ALP activity were homogenized in 500 µL TGT solution (50 mM Trizma HCL, 100 mM
glycine, 0.1 % Triton X100, pH 10.5) containing 1% protease inhibitors (aprotinin, bestatin,
leupeptin, E-64, and pepstatin A).

A volume of 100 µL of homogenized sample was

combined with 500 µL ALP reagent and incubated at 37°C for 15 minutes as previously
described [137]. After 15 minutes the reaction was stopped with 500 µL of 0.3 M NaOH and
the absorbance of the reaction mixture was measured at 405 nm using a Spectronic Genesys
5 spectrophotometer (Spectronic Analytical Instruments, Leeds, UK).
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defined as the rate of conversion of p-nitrophenol phosphate to p-nitrophenol, was calculated
and normalized by the mass of the scaffold and then by cell number to yield activity per cell.

3.3.8

mRNA expression
Expression of mRNA for osteopontin (OPN), osteocalcin (OC), vascular endothelial

growth factor A (VEGF-A), and bone morphogenic protein 2 (BMP-2) was determined by
quantitative RT-PCR as described previously [170]. Briefly, RNA was isolated from the
samples using the RNeasy mini kit (Qiagen, Valencia, CA) according to manufacturer’s
instructions. Next, 9 μL of isolated RNA was reverse transcribed to cDNA using the
Superscript kit (Invitrogen) and random hexamers as primers. Quantitative RT-PCR was
performed using an ABI 7300 sequence detection system (Applied Biosciences, Foster, CA),
SYBR green master mix (Applied Biosciences), and specific primers for β-actin (βA), OPN,
OC, and BMP-2 (Integrated Technologies, Coralville, IA) [135, 172]. A primer pair for
detection of VEGF-A was designed using Primer Express software (ABI) and the NCBI
database (Accession number: NM_031836) where the forward and reverse primers are GCT
GCA CCC ACG ACA GAA and GGC AAT AGC TGC GCT GGT A respectively. The 2ΔΔCt

method was used to quantify the gene expression of OPN, OC, BMP-2, and VEGF-A

using βA as the internal reference [138].

3.3.9

Statistics
Data were analyzed using a student’s paired t-test and a 95% confidence criterion to

test for differences between polymer groups. All data is presented as mean ± standard error
of the mean (SEM) and an asterisk denotes a statistically significant difference between a
PEUUR group and the PLGA control.
3.4

Results

3.4.1

Physical characterization of PEUUR foams
PEUUR elastomers were processed into porous foam scaffolds as previously

described and visual inspection indicated similar pore architectures for the four different
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scaffolds (Figure 3.1). The jaggedness of the pore edges is probably due to the process of
cutting the scaffolds to fit on the SEM mounts. The holes inside the pores indicate a high
level of pore interconnectivity.

a

c

b

d

Figure 3.1: SEM images of scaffolds at 100x magnification (a) PCL 1425, (b) PCL 2000, (c) PCL 2700, and
(d) PLGA

In addition, SEM analysis of the pore surfaces at higher magnification (Figure 3.2) did not
reveal any obvious differences in surface topography between the PEUURs. The PLGA
control was imaged at a lower magnification due to the high energy beam causing cracking
and destruction of the sample.
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a
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Figure 3.2: SEM images of pore surfaces within foam scaffolds at 20Kx magnification (a) PCL 1425, (b) PCL
2000, (c) PCL 2700, and (d) PLGA (2Kx magnification).

Mercury intrusion porosimetry analysis of the PEUUR foams confirmed that the PEUUR
foams have similar porosities and average pore sizes ranging from 78% to 86% and from 63
to 78 μm in diameter respectively (Table 3.1). The porosities and pore sizes of the PEUUR
foams are comparable to the porosity of 78.8% and pore size of 70 μm previously reported
for PLGA [100]. Contact angle (θ), a measure of surface hydrophilicity and to some extent
surface roughness, was measured on spin-coated coverslips and previously published [170].
The PCL 2700 material has a slightly lower contact angle than the other two PEUUR
materials, indicating minor differences in the wettability of the PCL 2700 material and could
be affected by small differences in surface roughness.
Compressive testing, performed under physiologically relevant conditions (at 37°C
and in saline solution), indicated that the compressive moduli of the PEUUR foams
systematically increase from 0.18 MPa to 0.80 MPa with increasing PCL content (Table 3.1).
These moduli – for hydrated 80% porous PEUUR foams – is two and a half orders of
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magnitude lower than the moduli of dry cast films, differences that are attributable to the
addition of water and the porous architecture of the scaffolds. [170]. However, both dry and
wet PEUUR materials exhibit a similar trend of increasing modulus with increasing PCL
content. By comparison, the PLGA controls were found to have a compressive modulus of
6.33 MPa.

Table 3.1
Properties of PEUUR foams. Percent porosity and average pore size were determined by mercury porosimetry.
Compressive modulus was determined from stress strain curves.

Polymer
PCL 1425
PCL 2000
PCL 2700
PLGA

θ
(°)

Porosity
(%)

79 ± 5
83 ± 2
74 ± 3

78.8 ± 3.8
86.0 ± 2.4
77.6 ± 3.1
78.8 *

Average
Pore Size
(µm)
77.6 ± 11.6
70.2 ± 7.0
63.2 ± 0.5
70 *

Modulus
(MPa)
0.18 ± 0.07
0.38 ± 0.11
0.80 ± 0.40
6.33 ± 2.88

Degree
Crystallinity
(%)
16.0
25.2
45.3

DSC analysis of processed polyurethane foams (Figure 3.3) revealed systematic
increases in the degree of crystallinity with increasing PCL content. Degree of crystallinity
was calculated from the size of the endothermic melting peak (Figure 3.3a) and summarized
in Table 3.1:
∆
%

%
∆
%

Our calculations are supported by the systematic increases observed in the size of the
exothermic crystallization peak in the cooling curves (Figure 3.3b).
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Figure 3.3: DSC analysis of processed PEUUR foams, (a) first heating
curve and (b) cooling curve. Curves are offset vertically to permit
visual comparison.

Degradation of the foams was characterized by both percent mass loss and change in
molecular weight with time. Measurement of dry weight of PCL 1425, 2000, and 2700
indicated that they lost approximately 20%, 21%, and 40%, respectively, of their total mass
over at 24 week time period (Figure 3.4a). Change in molecular weight with time was
measured by gel permeation chromatography (GPC).

GPC analysis shows the loss of

weight-average molecular weight as a function of time for PEUUR foams (Figure 3.4b).
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GPC analysis indicated that PCL 1425, PCL 2000, and PCL 2700 lost approximately 30%,
39%, and 29% of their molecular weight, respectively, over a 24 week time period showing
that degradation rates are relatively similar between PEUURs.
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Figure 3.4: Degradation profile of PEUURs reported as weightaverage molecular weight determined by GPC analysis. The lines
are intended to lead the eye.
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3.4.2

BMSC proliferation and differentiation on PEUUR foams
The cell numbers at days 14 and 21 indicated proliferation of cells from an estimated

initial seeding density of 6×105 (Figure 3.5). A trend among the PEUUR scaffolds was noted
in which one with the lowest PCL exhibited the highest cell density whereas the one with the
highest PCL content had the lowest cell density. Cell number in the PLGA scaffold was
similar to that in the PEUUR with the intermediate PCL content. Finally, increases in cell
density were not observed from 14 to 21 days on any polymer. Based on calculations of
surface area within the scaffold, cells were not confluent, indicating that the cells were not
contact inhibited but rather made the transition from the proliferation phase to differentiation.

Cell Number (Cells/g scaffold)

3x10

6

*

*
2x10

6

1x10

6

PCL 1425
PCL 2000
PCL 2700
PLGA

*

0
Day 14

Day 21

Figure 3.5: Cell number in PEUUR porous foams at 14 and 21 days. Data are mean ± SEM for
n = 6 samples. The dashed line indicates the seeding density (approximately 6 x 105 cells). An
asterisk denotes a significant difference with respect to PLGA at the same time point (p<0.05).

PGE2 is a stress-related lipid hormone synthesized from arachidonic acid by the
cyclooxygenase (COX) enzymes. PGE2 is elevated when cells are cultured on rough surfaces
[164, 165, 173]. Increases in PGE2 synthesis have also been linked to increases in alkaline
phosphatase activity and bone formation [114]. Analysis of levels of PGE2 (Figure 3.6)
indicated a statistically significant increase in the level of production of PGE2 by BMSCs on
the PCL 2700 scaffolds.
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Figure 3.6: PGE2 concentration in conditioned media at 14 and 21 days.
Data are mean ± SEM for n = 6 samples. An asterisk denotes a significant
difference with respect to PLGA at the same time point (p<0.05).

Analysis of ALP activity indicated very similar enzyme levels (on a per cell basis) for
the PCL 1425, PCL 2000, and PLGA scaffolds at days 14 and 21 (Figure 3.7) despite
significant differences in cell number. However, ALP activity in the PCL 2700 foams was
significantly elevated compared to all other experimental groups at both time points.
-7

ALP Activity (μmol/cell-min)

6.0x10

*

PCL 1425
PCL 2000
PCL 2700
PLGA

*

-7

4.0x10

-7

2.0x10

0.0
Day 14

Day 21

Figure 3.7: ALP activity of BMSCs in PEUUR foam scaffolds at 14 and 21
days. Data are mean ± SEM for n = 6 samples. An asterisk denotes a
significant difference with respect to PLGA at the same time point (p<0.05).
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Analysis of gene expression by quantitative RT-PCR showed that differences
between materials were not statistically significant for all genes at all time points (Figure
3.8), although OPN expression appears elevated for BMSCs in PCL 2700 scaffolds. Higher
levels of BMP-2 and OC at day 14 suggest BMSCs differentiate a little faster on softer
surfaces. Expression of these genes did not change significantly from day 14 to day 21.

4.0

4.0

(b)
Relative OC Expression

Relative OPN Expression

(a)
3.0

2.0

1.0

0.0

Day 14

*

2.0

1.0

0.0

Day 21

4.0

Day 14

Day 21

4.0

*

3.0

2.0

1.0

0.0

Day 14

Day 21

PCL 1425
PCL 2000
PCL 2700
PLGA

(d)
Relative VEGF-A Expression

(c)
Relative BMP-2 Expression

3.0

3.0

2.0

1.0

0.0

Day 14

Day 21

Figure 3.8: (a) OPN mRNA expression, (b) OC mRNA expression, (c) BMP-2 mRNA expression, and (d)
VEGF-A mRNA expression of BMSCs in PEUUR foams at 14 and 21 days. β-Actin was used as the
housekeeping gene and data are normalized to PLGA foams at day 14. Data are ± SEM for n = 6 samples.
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3.5

Discussion
The goal of this study was to determine the effect of scaffold modulus on the

osteoblastic differentiation of BMSCs. A family of PEUURs with different mechanical
properties were synthesized and formed into scaffolds with similar architectures.

The

porosity, surface texture, compressive modulus, crystallinity, and degradation rate of the
PEUUR foams were all evaluated in order to characterize the effect of modulus and
crystallinity on cell behavior. Porosities, average pore size, and degradation rates of the
PEUUR foams were determined to be similar for PCL contents. Compressive modulus and
crystallinity were shown to increase systematically with increasing PCL content as expected.
The PCL 2700 material supported significantly fewer cells compared to the PLGA control
while PGE2 secretion and ALP activity were significantly elevated on the PCL 2700 material
compared to all other experimental groups. Finally, gene expression was not significantly
different for any gene on any PEUUR compared to the PLGA controls. While the mRNA
expression profiles of VEGF-A and OPN showed no significant difference between the PCL
2700 and the other materials, the profiles exhibited the same trends as ALP activity and
PGE2.
Previous investigations into the effect of substrate mechanical properties on the
osteogenic potential of preosteoblasts (MC3T3-E1s) or MSCs were conducted on hydrogels
such as polyacrylamide, or poly(ethylene glycol) (PEG). Stiffness of the stubstrate was
controlled by manipulating the degree of crosslinking. This processing technique resulted in
very low modulus substrates. The polyacrylamide substrates ranged in modulus from 0.1 –
39 kPa [167, 169] and the PEG substrate ranged from 14 – 424 kPa [168]. In comparison,
our materials have moduli ranging from 1 to 3 orders of magnitude greater. On the stiffer
PEG substrates ALP activity was increased as stiffness increased. These results are in
agreement with our results in PEUUR foams. Similarly, on both PEG and polyacrylamide
substrates, late markers of osteoblastic differentiation including OPN and OC were
upregulated as substrate stiffness was increased [77, 78]. However, our OC and OPN results
show no trend with regard to PEUUR scaffold stiffness. Only Engler et al. has investigated
the effect of scaffold modulus on the osteogenic growth factor BMP-2 and similarly to our
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results, Engler and colleagues found no trend in BMP-2 expression due to substrate stiffness
[77].
The differences between PCL 2700 and the other materials cannot be attributed to
differences in scaffold stiffness because while PLGA is stiffer than the PEUURs, the PLGA
scaffolds did not prove to be more osteoinductive than the PCL 1425 and PCL 2000
materials. PLGA is stiffer than the PEUUR materials, but it is also amorphous, suggesting
that the differences in cellular response on the PCL 2700 materials may be due to variations
in crystallinity rather than modulus. Recently, the effect of crystallinity on osteoblasts was
studied using four different graphitic and carbonaceous matrices. Czarnecki et al. found that
the number of cells adhered to the carbon substrate decreased as crystallinity of the material
increased [174].

Our results are in excellent agreement with the results published by

Czarnecki because our cell number was significantly less on our most crystalline PEUUR
material, the PCL 2700.
Changes in crystallinity can also affect surface properties, including interfacial
chemistry and surface roughness. These surface properties have been shown to alter the
proliferation and phenotypic behavior of osteoblasts.

Variations in chemistry at the

biomaterial interface can alter surface hydrophilicity, protein adsorption, and conformation of
adsorbed protein [154, 175]. Surface roughness, generated by annealing of polymer blends,
has been shown to affect osteoblast morphology, cell density, and ALP activity [139, 158].
Recent evidence with human mesenchymal stem cells shows an inverse correlation between
surface roughness and cell number but a positive correlation between roughness and ALP
activity [176]. In principle, effects of surface chemistry and topography can be varied
independently; however, in practice the separation is difficult to achieve and it is even more
difficult to prove that these two parameters are indeed independent.

Contact angle

measurements are sensitive to surface hydrophobicity, surface roughness, and heterogeneity
of the surface chemistry. Previous results, summarized in Table 3.1, indicate a modest
difference in contact angle between the PCL 2700 material and the other PEUUR materials.
While SEM images (Figure 3.2) do not reveal differences in surface topography within the
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pores of the PEUUR scaffolds, differences in surface roughness of less than 1 µm have been
shown to increase PGE2 production [164].
PGE2 production, ALP activity, and OPN gene expression data suggests cells are
responding to differences in surface roughness.

These early markers predict increased

mineral deposition. For these studies mineral deposition could not be measured because the
alizarin red s stain for calcium was non-specifically absorbed into scaffold, staining the
whole scaffold red
Biodegradation of our materials is theorized to progress by hydrolysis of ester
linkages yielding α-hydroxy acid by-products and urethane and urea fragments [177].
Hydrolytic scission of the molecular chains starts on contact with water as reflected by an
initial drop in molecular weight. However, the chains are not small enough to diffuse out as
oligomers so significant mass reductions are not observed initially. Additionally, there may
be different rates of degradation for the crystalline and amorphous phases, resulting in
residues of crystals. These crystals are undesirable because they may cause foreign body
reactions analogous to ultrahigh molecular weight polyethylene wear particles in total joints
[178].
3.6

Conclusions
A series of poly(esterurethane urea)s were processed into porous foam scaffolds with

varying mechanical properties and the capacity of each material to induce osteoblastic
differentiation of bone marrow stromal cells was measured. BMSCs exhibited increased
ALP activity and PGE2 synthesis on the PCL 2700 material compared with the less stiff, less
crystalline PEUURs. While gene expression was not significantly affected, analysis of BMP2 and OC gene expression at day 14 suggests that BMSCs differentiate faster on softer
surfaces.
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Chapter 4: Effect of pulse frequency on the proliferation and osteogenic
differentiation of bone marrow stromal cells seeded in porous scaffolds and cultured in
a perfusion bioreactor
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4.1

Abstract
Engineered bone substitutes are an attractive alternative to autologous bone grafts.

However, strategies are needed to facilitate the development of engineered bone graft
substitutes in vitro.

Perfusion bioreactors have been investigated as a component of

engineered bone strategies because they both supply oxygen and nutrients (needed to expand
cells) and apply an osteoblastic stimulus in the form of fluid shear stress (needed to
differentiate the cells). In addition to steady flow cultures, evidence with planar cell cultures
has shown that dynamic flow regimens elicit an enhanced osteoblastic response over steady
flow regimens. However, dynamic perfusion strategies have only been investigated in short
term cultures (<48 hours) and have not yet been testing in clinically relevant scaffold
architectures. The objective of this research is to investigate whether pulsatile flow patterns
enhance osteogenic differentiation of bone marrow stromal cells seeded in porous scaffolds
over a continuous flow pattern. To accomplish this bone marrow stromal cells were seeded
in porous poly(lactic-co-glycolic acid) scaffolds, and cultured for 15 days. No flow and
continuous flow control conditions were compared to 3 frequencies of pulsatile flow: 0.083,
0.050, and .018 Hz. Scaffolds were analyzed for markers of osteoblastic differentiation as
indicated by levels of alkaline phosphatase activity and the bone extracellular matrix
proteins, osteopontin and osteocalcin. Our results indicate that pulsatile flow suppresses cell
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number while all flow conditions enhanced alkaline phosphatase activity and osteopontin
expression. Additionally, these markers are preferentially enhanced by 0.05 Hz pulsatile
flow over continuous flow. However, no trends were observed in expression of markers of
osteoblastic differentiation with respect to flow frequency.

These results indicate that

dynamic perfusion may be a useful component of the engineered bone tissue strategy, and the
effect of pulsatile frequency warrants further investigation.
4.2

Introduction
An engineered bone tissue consisting of a bone-like extracellular matrix deposited on

the internal pores of a resorbable biomaterial scaffold is postulated to stimulate integration,
vascular infiltration, and normal bone remodeling when implanted in vivo. Bone marrow
stromal cells (BMSCs) have the potential to synthesize the necessary bone-like matrix under
the appropriate conditions, and consequently the identification of osteogenic stimuli is of
great importance. One such osteogenic stimulus is hydrodynamic shear stress that is exerted
on cells under perfusion culture.
Perfusion culture is important for maintenance of cell viability in large scaffolds.
Perfusion supplies oxygen and nutrients to cells in the interior of scaffolds and beyond the
limits of diffusive transport. Under static conditions, cell viability drops significantly at a
distance greater than 1 mm from the surface of the scaffold [100]. Perfusion bioreactors have
been shown to mitigate this problem and maintain a more uniform cell distribution in porous
scaffolds [100-102].
Fluid flow has been shown to induce signaling molecules associated with osteoblastic
gene regulation including prostaglandin E2 (PGE2), nitric oxide (NO), cyclooxygenase 2
(COX-2), and mRNA expression of transforming growth factor β1 (TGF-β1) via stretch and
voltage-activated calcium ion channels [113, 179, 180]. In addition, steady perfusion has
been shown to enhance later markers of osteoblastic phenotype including alkaline
phosphatase (ALP) activity, synthesis of type I collagen, and synthesis of the noncollagenous extracellular matrix proteins, osteopontin (OPN)) and osteocalcin (OC) [54, 100,
102, 106, 181].
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Model studies involving osteoblastic cells in monolayer cultures have shown that
dynamic flow conditions such as oscillatory or pulsatile flow enhance mRNA expression of
OPN and vascular endothelial growth factor (VEGF-A), synthesis of prostaglandin (PGE2),
and activation of mitogen-activated protein kinases (ERK and p38) [16, 109, 110, 182]. In
addition, several studies have reported that cell response to pulsatile flow is frequencydependent [110, 117, 118]. Jacobs et al. measured intracellular calcium release in response
to both oscillatory and pulsatile flow at three different frequencies, 0.5, 1, and 2 Hz. They
reported that pulsatile flow resulted in greater calcium transients than oscillatory flow and
that the response dropped off as the frequency of dynamic flow increased [110]. A lack of
consensus exists in the literature about the effect of dynamic flow frequency on PGE2
synthesis. Nauman et al. reported that PGE2 production increased with increasing frequency
while Mullander et al. reported no change in PGE2 with respect to frequency although
Mullander did report an increase in NO release as frequency increased from 1 to 9 Hz [117,
118].
Only two studies examining the effect of dynamic flow regimens on cells seeded in
3D porous scaffolds were found in the literature. However, these experiments both focused
on early time points, 0-48 h, and early osteoblastic signaling molecules, PGE2 and COX-2
[109, 183]. In addition, neither of the investigations of dynamic flow involving 3D cultures
have examined the effect of frequency. Therefore, based on the aforementioned results
reported by Jacobs et al., pulsatile flow at low frequencies was selected as the appropriate
flow strategy for examining the effect of dynamic perfusion. Specifically, our objective is to
examine the effect of frequency on the level of later markers of osteogenic differentiation,
ALP activity and gene expression of non-collagenous bone matrix proteins, of BMSCs
seeded in porous foam scaffolds.
To test the effect of pulsatile flow on osteogenic differentiation we have cultured
BMSCs in 75/25 poly(D,L-lactic-co-glycolic acid) (PLGA) foam scaffolds. PLGA is a well
characterized material used for many biomedical applications. The cells seeded within the
PLGA scaffolds were subjected to pulsatile flow at frequencies of 0.083, 0.050, and 0.018
Hz. These frequencies were chosen based both on evidence that lower frequencies have
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produced increased cellular response and on the limitations of our current flow system [110].
Control scaffolds were kept under static conditions and under continuous perfusion
conditions. Proliferation of BMSCs and levels of ALP activity, osteopontin and osteocalcin
mRNA expression, and accumulated OPN protein were measured in addition to the early
osteoblastic signaling molecule, PGE2.
4.3

Materials and Methods

4.3.1

Materials
All chemicals were obtained from Sigma-Aldrich (St. Louis, MO) and all cell culture

materials were obtained from Fisher Scientific (Pittsburgh, PA) unless otherwise specified.

4.3.2

Scaffold fabrication
Scaffolds for these studies were prepared from PLGA (Lactel Biodegradable

Polymers, Birmingham, AL) using an established solvent casting/particulate leaching method
[100]. Briefly, approximately 10% (w/v) PLGA solutions in dichloromethane were cast over
NaCl crystals (sieved 300-500 µm) at a ratio of 15 wt% PLGA/85 wt% NaCl. The
PLGA/NaCl composite was loaded into a cylindrical teflon-lined mold (12.7 mm internal
diameter) and heated to 100°C for 30 min under 1.2 MPa of pressure. The composite
material was cut into 2.5 mm discs for cell studies and 25 mm rods for mechanical testing
with a low speed diamond wheel saw (South Bay Technology, San Clemente, CA) and
leached for 48 h in deionized water to remove the NaCl particulates. The resulting foams
were dried, press-fit into acrylic cassettes, and sterilized by gamma irradiation. The acrylic
cassettes allows for easy insertion and removal of the scaffold from the perfusion bioreactor.
Prior to seeding, the scaffolds were immersed in 70% ethanol and a vacuum was
drawn to release air bubbles trapped within the pores of the scaffolds. Mechanical agitation
to further facilitate the escape of air bubbles was applied and the ethanol was removed. The
scaffolds were rinsed three times with phosphate buffered saline (PBS) and the foams were
soaked in PBS overnight to remove any additional ethanol. Scaffolds were incubated in a 2
µg/mL solution of fibronectin (Invitrogen) for one hour prior to cell seeding.
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4.3.3

Bone marrow stromal cell culture
BMSCs were developed from bone marrow explants harvested from the tibias and

femurs of 125 – 150 g male Sprague-Dawley rats (Harlan, Dublin, VA) in accordance with
the Institutional Animal Care and Use Committee at Virginia Tech [135, 136]. Briefly,
explants were dispersed in growth medium (α-MEM (Invitrogen, Carlsbad, CA)
supplemented with 10% fetal bovine serum (Gemini, Calabasas, CA) and 1%
antibiotic/antimycotic (Invitrogen) and expanded for approximately 10 days with medium
changes every 3 or 4 days.
After 10 days the cells were rinsed twice with PBS, lifted with trypsin/
ethylenediaminetetraacetic acid (EDTA) (Invitrogen), split 1:2, and defined as passage 1.
After the cells reached approximately 90% confluence the passaging process was repeated
until the cells were approximately 90% confluent at passage 3 or 4. Cells were then lifted
and suspended in growth medium at a density of 2 × 106 cells/mL. Cells were seeded by
dropwise addition of approximately 750 - 1000 μL of cell suspension to each scaffold.
(Here, the estimated void volume of the scaffolds is only 300 μL based on the porosity and
size of the scaffold; however, the excess volume of cell suspension has been shown to
provide uniform seeding [100].) The seeded scaffolds were placed into 12 well plates and
allowed to sit in the sterile cabinet for 1 hour to permit cell attachment prior to the addition of
2 mL growth media and placement into the CO2 incubator.

4.3.4

Perfusion bioreactor
Cellularized scaffolds were incubated in growth medium overnight to allow for

further cell attachment.

On the following day, denoted as day 0, the acrylic inserts

containing cellularized scaffolds were placed into the perfusion bioreactor chambers. An
acrylic block containing 6 perfusion chambers with scaffolds was then connected to medium
reservoirs (one reservoir per experimental group), peristaltic pump (Cole Parmer, Vernon
Hills, IL) and a flow meter as previously described (Figure 4.1a) [100, 184]. Pinch valves
were used to regulate flow rate and a programmable microprocessor-driven actuator was used

K.D. Kavlock

Effect of pulse frequency

65

To be submitted as Kavlock, K.D. and Goldstein, A.S. to Tissue Engineering.

to create pulses, square wave flow patterns of varying frequencies (0.083, 0.050, and 0.018
Hz, Figure 4.1b).
Microprocessorcontrolled actuator
37 °C,
Humidified
incubator

(a)

pinch
valves

pump/
reservoir
loop

flow
meter

Flow
Chamber

wavelength =
12, 20, or 60 seconds

pulse flow rate 6.1 mL/min

flow rate

(b)

continuous flow rate 3.9 mL/min
base flow rate 3.1 mL/min
time

Figure 4.1: (a) Schematic of perfusion flow system, and (b)
pulsatile flow pattern.

The base flow rate was 3.1 mL/min and periods of high flow rate, 6.1 mL/min, were
superimposed on top of the base flow to create the pulsatile flow patterns. The continuous
flow experimental group (no pulses) was maintained at a flow rate of 3.9 mL/min so that the
time average flow rate of all experimental conditions was the same. Static controls were
prepared identically but maintained in 12 well culture plates with 2 mL of medium per well.
Growth medium was replaced with osteogenic differentiation medium (growth
medium supplemented with 25mM HEPES, 2 mM β-glycerophosphate, 0.13 mM ascorbate2-phosphate and 10nM dexamethasone). The total volume of osteoblastic differentiation
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medium in the flow system was 60 mL and half of this volume was changed every 3 days.
The bioreactor was operated within a 5% CO2 incubator at 37°C. Samples of conditioned
media were collected at the time of each media change. Scaffolds were collected for analysis
after 15 days of perfusion. The scaffolds were removed from the flow system, rinsed twice
with PBS, cut into quarters and weighed. To facilitate the extraction of cellular materials, the
scaffolds were frozen in liquid nitrogen before being crushed in the appropriate collection
buffer for analysis of cell number, ALP activity, and osteoblastic gene expression.

4.3.5

Cell number
Cell number was determined at day 15 using PicoGreen reagent (Invitrogen). One

quarter of each sample was crushed and collected in 300 µL digestion buffer containing
proteinase K. The DNA was isolated and recovered using a phenol chloroform extraction
process and the DNA was resuspended 0.5 mL TE buffer (10 mM Tris-HCl, 1 mM EDTA,
pH 7.5). DNA standards of 0.016 to 1 μg/mL were prepared in TE buffer according to
manufacturer’s instructions. A volume of 100 μL of samples and standards were added to a
96-well plate in duplicate. PicoGreen reagent was diluted 1:200 in TE buffer and then 100
μL of the diluted PicoGreen reagent was added to each well. Fluorescence was measured
with a SpectraMax fluorescent plate reader (Molecular Devices, Sunnyvale, CA) using
excitation and emission frequencies of 488 and 525 nm, respectively, and a linear standard
curve was plotted correlating fluorescence to μg/mL DNA. Cell number was calculated from
the standard curve using a constant of 8.1 pg DNA/cell and normalized by the mass of the
scaffold. This constant was experimentally determined with a series of BMSC suspensions
with known concentrations.

4.3.6

ALP activity
After 15 days of flow, ALP activity was determined using a commercially available

kit (Biotron Diagnostics, Hemet, CA). Scaffold quarters for analysis of ALP activity were
homogenized in 500 µL TGT solution (50 mM Trizma HCL, 100 mM glycine, 0.1 % Triton
X100, pH 10.5) containing 1% protease inhibitors (aprotinin, bestatin, leupeptin, E-64, and
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pepstatin A). A volume of 100 µL of homogenized sample was combined with 500 µL ALP
reagent and incubated at 37°C for 15 minutes as previously described [137]. After 15
minutes the reaction was stopped with 500 µL of 0.3 M NaOH and the absorbance of the
reaction mixture was measured at 405 nm using a Spectronic Genesys 5 spectrophotometer
(Spectronic Analytical Instruments, Leeds, UK). Enzyme activity, defined as the rate of
conversion of p-nitrophenol phosphate to p-nitrophenol, was calculated and normalized by
the mass of the scaffold and then by cell number to yield activity per cell.

4.3.7

mRNA expression
Expression of mRNA for osteopontin and osteocalcin was determined after 15 days of

flow by quantitative RT-PCR as described previously [170]. Briefly, RNA was isolated from
the samples using the RNeasy mini kit (Qiagen, Valencia, CA) according to manufacturer’s
instructions. Next, 200 ng or 9 μL of isolated RNA was reverse transcribed to cDNA using
the Superscript kit (Invitrogen) and random hexamers as primers. Quantitative RT-PCR was
performed using an ABI 7300 sequence detection system (Applied Biosciences, Foster, CA),
SYBR green master mix (Applied Biosciences), and specific primers for β-actin (βA), OPN,
and OC (Integrated Technologies, Coralville, IA) [135]. The 2-ΔΔCt method was used to
quantify the gene expression of OPN and OC using βA as the internal reference [138].

4.3.8

OPN and PGE2 content
Accumulation of OPN protein and prostaglandin E2 (PGE2) in conditioned medium

was determined at the time of each media change by enzyme immunometric assay (EIA) kits
(Assay Designs, Ann Arbor, MI) according to the manufacturer’s instructions. The OPN
ELISA kit is a “sandwich” assay; it uses a polyclonal antibody immobilized on a plate to
bind the OPN. The PGE2 ELISA kit is a competitive immunoassay that uses a monoclonal
antibody to bind the PGE2 in samples of conditioned medium. Absorption at a wavelength
450 nm and 405 nm for the OPN and PGE2 ELISAs respectively, was measured with a
Labsystems Multiskan RC ELISA plate reader (Labsystems, Frankfurt, Germany). OPN and
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PGE2 protein content was calculated from curves generated using the standards provided
with the kits.

4.3.9

Statistics
Data were analyzed using a student’s paired t-test and a 95% confidence criterion to

test for differences between polymer groups. All data is presented as mean ± standard error
of the mean (SEM). An asterisk denotes a statistically significant difference between a flow
condition and the no flow control while a pound sign indicates a statistically significant
difference between a pulsatile flow condition and the continuous flow control.
4.4

Results
The primary goal of this study was to determine the effect of pulsatile perfusion

compared to continuous perfusion on the proliferation and osteoblastic differentiation of
BMSCs. A secondary goal of this study was to determine if the response of the BMSCs to
pulsatile flow was modulated by the frequency of pulsatile flow. To accomplish these goals,
frequencies of 0.017, 0.050, and 0.083 Hz were tested and the continuous flow control was
set to the time-average flow rate so that any effect of shear stress magnitude would be
equalized. A set of scaffolds were also maintained under static conditions to provide a noflow control.
To determine the effect of pulsatile flow on the proliferation of BMSCs, cell number
was calculated from the total DNA quantified in each scaffold after 15 days of culture.
Based on estimates of void volume, the initial seeding density of these scaffolds was
approximately 600,000 cells per scaffold.

However, since the figure represents the

combination of three individual experiments, the data is normalized the no flow control of
the respective experiment. Figure 4.2 indicates that cell number was reduced in all pulsatile
flow conditions compared to the no flow control.
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No Flow
Continuous
.017 Hz
.05 Hz
.083 Hz
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1.0

0.5

0.0

Day 15

Figure 4.2: Cell number in porous PLGA foams at 15 days, normalized
to the no flow control. Data are mean ± SEM for n = 6 to 9 samples.

The effect of pulsatile flow on the osteoblastic differentiation of BMSCs was
determined by analyzing ALP activity and gene expression. ALP activity at day 15 was
calculated on a per cell basis and then normalized to the no flow control of the respective
individual experiment. Analysis revealed that all flow conditions enhance ALP activity over
the no flow control.

The middle frequency pulsatile flow conditions, 0.050 Hz, also

enhanced ALP activity over the continuous flow control (Figure 4.3).
15

ALP Activity

12

9

6

No Flow
Continuous
.017 Hz
.05 Hz
.083 Hz

#

*
*

*
*

3

0

Day 15

Figure 4.3: ALP activity per cell of BMSCs seeded in PLGA scaffolds at day 15,
normalized to the no flow control. Data are mean ± SEM for n = 6 to 9 samples. An
asterisk denotes a significant difference from the no flow control while a pound sign
denotes a significant different with respect to the continuous flow control (p<0.05).
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Analysis of OPN and OC gene expression by quantitative RT-PCR indicates that all flow
conditions significantly upregulated OPN expression compared to the no flow control (Figure
4.4a). Similar to ALP activity, OPN expression is most enhanced with the 0.05 Hz pulsatile
condition. However, OC expression appeared to be down-regulated for all flow conditions
compared to the no flow control (Figure 4.4b), and no statistically significant difference
exists between any of the experimental conditions.
25

OPN mRNA Expression

(a)
20

15

*

OC mRNA Expression

*
*
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0

(b)
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No Flow
Continuous
.017 Hz
.05 Hz
.083 Hz

Day 15
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1.0

0.5

0.0

Day 15

Figure 4.4: (a) OPN mRNA expression and (b) OC mRNA expression of BMSCs
in PLGA foams at 15 days. βA was used as the housekeeping gene and data are
normalized to the no flow control. Data are mean ± SEM for n = 6 to 9 samples.
An asterisk denotes a significant difference with respect to the no flow control.
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PGE2 production was measured with samples of conditioned media collected at the
time of each media change. PGE2 (Figure 4.5) increased in all groups and leveled out after
approximately 6 days. All flow conditions were elevated over the no flow control and the
slowest frequency pulsatile flow condition had the highest overall PGE2 production. The
differences between the flow conditions and the no flow control were significant at every
time point.
35
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Figure 4.5: PGE2 concentration per scaffold at 0, 3, 6, 9, 12, and 15
days. Data are normalized by the no flow control at day 0 and plotted
as mean ± SEM for n = 3 experiments.

Finally, samples of conditioned media were collected from the flow system and
statically cultured constructs at the time of each media change were analyzed for the
accumulation of OPN protein over time by ELISA (Figure 4.6). OPN protein accumulation
increased most quickly in the two pulsatile flow conditions with highest frequency, 0.050 and
0.083 Hz. All flow regimens significantly enhanced the synthesis of OPN protein over the
no flow control at every time point except day 0.

Additionally, at day 3 the OPN

accumulation was statistically higher in the 0.05 Hz pulsatile flow condition over the
continuous flow control. This result suggests that BMSCs differentiate a more quickly when
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exposed to the 0.05 Hz frequency flow condition compared to continuous flow. By 15 days
the level of OPN protein accumulation mirrors that of mRNA expression, with the 0.05 Hz

OPN protein accumulation per scaffold

and 0.083 Hz frequency conditions resulting in the most OPN accumulation.
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Figure 4.6: OPN protein accumulation per scaffold at 0, 3, 6, 9, 12, and
15 days. Data are normalized by the no flow control at day 0 and plotted
as mean ± SEM for n = 3 experiments.

4.5

Discussion
Perfusion bioreactors are widely acknowledged to aid in maintenance of cell viability

and to enhance the formation of bone-like extracellular matrix in large scaffolds; however,
previous studies have been limited to continuous flow regimens.

Recent work involving

dynamic flow regimens shows that dynamic flow regimens may be more effective at eliciting
a cellular response than continuous flow regimens; however these studies have all been
performed in planar culture. The overall goal of this study was twofold: to determine if
pulsatile flow enhances the proliferation and differentiation of BMSCs compared to
continuous perfusion, and how these responses are modulated by frequency in 3D culture.
BMSCs were cultured in PLGA porous foam scaffolds under static conditions,
continuous perfusion, or pulsatile flow with frequencies of 0.017, 0.050, or 0.083 Hz. After
15 days the scaffolds were collected and analyzed for cell number, ALP activity, and mRNA
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expression of the non-collagenous bone matrix proteins OPN and OC. While pulsatile flow
surpressed BMSC proliferation, the highest frequency pulsatile conditions had a significant
stimulatory effect on markers of osteoblastic differentiation including ALP activity and OPN
mRNA expression. Conditioned media, taken at the time of each media change and analyzed
for OPN protein accumulation, was also shown to contain increased amounts of OPN protein
in the highest frequency pulsatile flow conditions. This is in contrast to the synthesis of
PGE2 which was highest with the no flow and lowest frequency pulsatile flow conditions.
Cell number was shown to be reduced with the application of pulsatile flow and it is
possible that the cells are detaching under these flow conditions. It has been previously
theorized that cells detach under flow conditions, causing a systematic decrease in cell
number with increasing duration of flow [135, 185]. Additionally, cell number has been
shown to be lower with dynamic flow conditions compared to both steady flow and static
conditions [186]. The low cell numbers under pulsatile flow conditions observed both in this
experiment and in previously published works could perhaps be due to areas of instability in
the flow field where recirculation or separation of flow occurs.
Our data is consistent with previously published studies showing that markers of
osteogenic differentiation such as ALP activity, OPN expression, and synthesis of OPN
protein are enhanced by perfusion flow over no flow controls [106, 107, 187, 188].
Unfortunately, we saw no trends in the expression of osteogenic markers with respect to
frequency. This is in contrast to previously published studies in 2D model systems increases
in calcium transients as frequency decreased and increases in PGE2 production as frequency
increased [110, 117, 118].

Future work in this area will investigate a larger range of

frequencies.
Several bone related growth factors associated with bone formation and healing in
vivo – such as transforming growth factor-β1 (TGF-β1), fibroblast growth factor-2 (FGF-2),
VEGF and BMP-2 – have recently been enhanced in vitro by continuous perfusion flow [61].
We hypothesize that enhanced osteogenic differentiation observed in this study may be a
consequence of increased deposition of BMPs and VEGF because flow also stimulates
deposition of these bioactive factors.
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enhanced in response to dynamic flow in planar culture [182].

Therefore, we plan to

investigate the effect of dynamic flow strategies on the deposition of these bioactive factors.
4.6

Conclusions
Overall, this research shows that osteogenic differentiation is enhanced by both

steady and pulsed perfusion flow. However, cell proliferation is unaffected by steady flow
but inhibited by pulsed flow. ALP activity and OPN content appear specifically enhanced by
pulsed flow over continuous flow which indicates that dynamic perfusion may be a useful
component of the engineered bone tissue strategy and warrants further investigation. Future
investigations will involve a larger range of frequencies and will also measure levels of
bioactive factors such as BMPs and VEGF, growth factors shown to be enhanced by fluid
shear stress and stimulate healing of bone defects in vivo.
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Chapter 5: Conclusions and future work
5.1

Conclusions
The overall goal of this work was to investigate the effect of mechanical environment

on the osteoblastic differentiation of bone marrow stromal cells for bone tissue engineering
applications. Two studies were conducted to investigate the effect of scaffold compliance on
the osteoblastic differentiation of BMSCs.

In the first study a family of segmented

poly(esterurethane urea)s were synthesized from 1,4-diisocyanatobutane, a poly(εcaprolactone) soft segment, and a TyA.BDI.TyA chain extender. Segmented polyurethanes
make an attractive system for studying the effect of biomaterial modulus because they have
tunable mechanical properties. By systematically increasing the PCL molecular weight from
1100 kDa to 2700 kDa, the melting temperature of the materials increased from 21 to 61°C,
the storage modulus increased from 52 to 278 MPa, and the crystallinity of the materials
increased. In Chapter 2 the PEUURs were spun onto glass coverslips and seeded with
BMSCs to see if there were any effects of varying chemistry on osteoblastic differentiation.
Cell density, ALP activity, and OPN and OC gene expression were similar on all the surfaces
indicating that variations in surface chemistry did not impact the osteoblastic differentiation
of BMSCs to any appreciable degree. This study demonstrated that the PEUURs were
biocompatible and suitable for isolating the effect of scaffold modulus.
The second study (Chapter 3) involved fabricating the PEUURs into porous foam
scaffolds via a compression molding/particulate leaching technique. The scaffolds were
analyzed for compressive modulus and crystallinity. As PCL content increased, the scaffold
modulus increased from 0.18 to 0.80 MPa and the degree of crystallinity increased from 16
to 45%.

PEUUR scaffolds were seeded with BMSCs and compared to PLGA scaffolds

which are stiffer but amorphous. Cell number decreased as PCL increased, while PGE2 and
ALP activity were significantly increased on only the PCL 2700 material. Additionally,
OPN and VEGF-A gene expression showed similar trends to ALP activity. However, OC
and BMP-2 gene expression levels were higher at day 14 on the softer substrates suggesting
that BMSCs differentiate faster on softer materials. Differences due to surface chemistry
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were effectively eliminated with our experiment seeding BMSCs on 2D PEUUR films.
However, while the effects of surface chemistry and topography can be varied independently
in theory; in practice the separation is difficult to achieve. The differences between the PCL
2700 material and the other two PEUUR materials are likely due to differences in
crystallinity and nano-scale topographical features rather than modulus.
The third study (Chapter 4) focused on the effect of dynamic fluid flow as an
osteogenic stimulus. A microprocessor-drive actuator was incorporated into the perfusion
flow system and programmed to deliver pulsatile flow at 3 different frequencies: 0.083 Hz,
0.05 Hz, and 0.017 Hz. The pulsatile flow conditions were compared to a continuous flow
control and a no flow control. All three pulsatile flow conditions resulted in lower (but not
statistically significant) cell densities. All flow conditions stimulated ALP activity, OPN
gene expression, and OPN protein accumulation above the no flow control. Additionally, the
middle frequency pulsatile flow conditions, 0.05 Hz, enhanced ALP activity above even the
continuous flow control. This study confirmed that dynamic flow stimulates expression of
osteoblastic differentiation and demonstrated that dynamic flow may be an attractive means
to further enhance osteoblastic differentiation in vitro over continuous perfusion.
5.2

Future work
The overall goal of this work is to produce an engineered tissue capable of

stimulating healing in vivo. Natural extensions of the work presented in Chapter 4 would
involve 1) analysis of important growth factors, such as bone morphogenic proteins, in
response to dynamic perfusion strategies; 2) utilization of a broader range of pulse
frequencies closer to physiological range; and 3) investigation of the effect of pulse
magnitude once an optimal pulse frequency has been determined.
The third study of this dissertation (Chapter 4) was designed to investigate the effect
of low frequencies of pulsatile flow on the osteoblastic differentiation of BMSCs and it
successfully demonstrated that pulsatile flow enhances some markers of osteoblastic
differentiation over continuous flow. However, the third study does not incorporate analysis
of other important markers like bone morphogenic proteins (i.e. BMP-2, 4, and 7) that might
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enhance the healing of bone defects in vivo better than a scaffold containing a more mature
osteogenic ECM. The first future study will be a time course experiment to determine the
optimal time point for evaluation evaluate the level of BMPs and other beneficial growth
factors such as VEGF-A. These experiments are already underway and preliminary data
(Figure 5.1) show that early time points (<7 days) or late time pints (>17 days) are optimal
for examining the expression of BMP-2 and VEGF-A as they are up-regulated.

6

BMP-2 mRNA Expression

(a)
No Flow
Perfusion
4

2

0

Day 7

Day 10

Day 17

Day 10

Day 17

25

VEGF-A mRNA Expression

(b)
20

15

10

5

0

Day 7

Figure 5.1: Analysis of (a) BMP-2 mRNA expression and (b) VEGF-A
mRNA expression during a time course study of continuous flow
versus no flow. Data mean ± SEM for n = 3 samples.
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The goal of the second future study proposed will be further investigate the effect of
frequency of pulsatile flow using a broader range of frequencies that are more
physiologically relevant, 0.50 Hz to 2 Hz. Previous studies in planar culture suggest that
lower frequencies are more beneficial to bone development because they are more effective
at inducing calcium transients.

However, this pattern might not be repeated with 3D

perfusion flow and so these frequencies should be repeated with cells seeded in a scaffold
architecture.

Initial results of a 0.5 Hz frequency oscillation (Figure 5.2) show that

oscillatory flow at a frequency of 0.5 Hz induces not only OPN gene expression but that of
BMP-2 as well.

3

8

(a)

(b)

No Flow
Continuous
0.5 Hz

BMP-2 mRNA Expression

OPN mRNA Expression

4

2

1

0

Day 4

6

4

2

0

Day 4

Figure 5.2: Analysis of (a) OPN gene expression and (b) BMP-2 gene expression after 4 days of perfusion
flow. Data are mean ± SEM for n = 3 samples.

The third proposed study would evaluate the magnitude of pulses required to
stimulate osteoblastic differentiation or an increase in growth factors. The effect of shear
stress magnitude has been under debate as conflicting data has been reported. Sikavitsas and
colleagues decoupled the main two effects of perfusion flow (increased chemotransport and
applied shear stress) by systematically varying the viscosity of the culture medium at a
constant flow rate [108]. By changing the viscosity of the medium, Sikavitsas et al. were
able to change the magnitude of shear stress without significantly affecting convective mass
transport rates. Their results indicated that matrix mineralization, but not ALP activity, is
sensitive to shear stress magnitude [108]. However, another study found that while ALP
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activity and OPN are sensitive to perfusion flow, they are insensitive to flow rate indicating
that shear stress magnitude had no effect on osteoblastic differentiation [181].
Ultimately scaffolds seeded with BMSCs and cultured under optimal conditions
(duration of flow, pulse frequency, and pulse magnitude) can be tested for healing critical
sized bone defects in an animal model. BMSCs can be seeded foam scaffolds, cultured in the
perfusion bioreactor, and then implanted into a rat critical sized femoral defect (>6mm). The
amount of bone growth in the defect site can be quantified throughout the healing process by
µCT.

After the animals are sacrificed, the implants can be collected and analyzed to

quantitatively determine the extent of new bone growth and vascularization within the defect.
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Appendix A: Basic Stamp Program to Control Pulsatile Flow
'==================================================================
' File .... Quad_VALVE-control.BS2
' version .... 0.9
' Purpose .... VALVEs Controller
' Author .... riley chan (Copyright 2005, All Rights Reserved)
' Started .... riley, August 2005
' Updated ....
' modified .... 6/12/06
' pulses 3/12 (valve 1), 5/20 (valve 2), 15/60 (valve 3)
'==================================================================
'-----<USER'S PARAMETERS ENTRY>-------------------------------------------------------------' ......... MINUTE = 5
' Time of VALVE FLOW, in minutes
'-----</USER'S PARAMETERS ENTRY>------------------------------------------------------------'-----<NOTES>---------------------------------------------------------------------------------------------' program written for Goldstein.
' PAUSE = about 1 millisecond, 1 to 65535 counts
'-----</NOTES>--------------------------------------------------------------------------------------------'-----<APPENDs>-----------------------------------------------------------------------------------------'-----</APPENDs>----------------------------------------------------------------------------------------'-----<Program Description>-----------------------------------------------------------------------------' Program to control FOUR (4) SOLENOID VALVES to switch ON and OFF as defined by a
' Time_Base, "MINUTE", as defined above. The four VALVEs are switched in a 1-2-4-8
' sequence.
' A switch is used to START and STOP the control sequence. Restart is effected by the
' RESET switch.
' PAUSE 1000 command is used establish a 1 SECOND interval which is counted by 60,
' [ FOR-NEXT ] to get a one (1) MINUTE basis. The SECOND interval is also used to drive
' a HeartBeat LED display, connected to PIN 11.
' The 1-2-4-8 interval is generated by four (4) "A = A + 1" loops counting in 1, 2, 4, 8 reset
' rates, respectively. At the end of the count rates, the OUTPUT pins associated with a
' VALVE is TOGGLED.
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' A switch, connected to PIN 9, is used to START/STOP the sequence using the BUTTON
' command.
' -----</Program Description>---------------------------------------------------------------------------' -----<Block Diagram>------------------------------------------------------------------------------------

'-----</Block Diagram>-----------------------------------------------------------------------------------'-----<BS2 PIN assignment>-----------------------------------------------------------------------------DIRL = %1111000000000000
' pin 0
' pin 1 --- Valve 1
' pin 2 --- Valve 2
' pin 3 --- Valve 3
' pin 4 --- Valve 4
' pin 5
' pin 6
' pin 7
' pin 8
' pin 9
' pin 10
' pin 11
' pin 12
' pin 13
' pin 14
' pin 15
'-----</BS2 PIN assignment>-----------------------------------------------------------------------------
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'-----<Variables>-------------------------------------------------------------------------------------------btnCHK VAR Byte ' workspace for BUTTON check, active LOW
SECONDs VAR Byte ' seconds basis
MINUTE VAR Byte ' establish minutes
V_Time VAR Byte ' PERIOD of VALVE switching set by user
V_1 VAR Byte ' counter Variable
V_2 VAR Byte
V_3 VAR Byte
V_4 VAR Byte
cyclic VAR Byte
'-----</Variables>------------------------------------------------------------------------------------------'-----<Initialization>---------------------------------------------------------------------------------------Initialize:
btnCHK = 0
V_1 = 0
V_2 = 0
V_3 = 0
V_4 = 0
'HIGH 1 'valves off
HIGH 2
HIGH 3
HIGH 4
'LOW 1 ' reset VALVES to close
'LOW 2
'LOW 3
'LOW 4
'-----</Initialization>--------------------------------------------------------------------------------------'-----<Program Code>-------------------------------------------------------------------------------------'-----<START switch>------------------------------------------------------------------------------------waitLoop:
' BUTTON 9, 0, 255, 250, btnCHK, 0, noPress 'goto noPress if PIN9 is LOW
'-----</START switch>-----------------------------------------------------------------------------------Main:
'-----<TERMINATE switch>----------------------------------------------------------------------------' BUTTON 9, 0, 255, 250, btnCHK, 0, control 'goto terminate if PIN9 is LOW
' GOTO stopProc
control:
'-----</TERMINATE switch>---------------------------------------------------------------------------'-----<Program START>-----------------------------------------------------------------------------------
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DEBUG CLS ' clear display SerialPort
'-----<LOOPing>-------------------------------------------------------------------------------------------DO
'-----<VALVE Control>----------------------------------------------------------------------------------cyclic = cyclic + 1
IF cyclic = 9 THEN
LOW 4 'valve 1 'valve opens
ELSEIF cyclic = 12 THEN
HIGH 4
ELSEIF cyclic = 15 THEN
LOW 2
ELSEIF cyclic = 20 THEN
HIGH 2
ELSEIF cyclic = 21 THEN
LOW 4
ELSEIF cyclic = 24 THEN
HIGH 4
ELSEIF cyclic = 33 THEN
LOW 4
ELSEIF cyclic = 35 THEN
LOW 2
ELSEIF cyclic = 36 THEN
HIGH 4
ELSEIF cyclic = 40 THEN
HIGH 2
ELSEIF cyclic = 44 THEN
LOW 4
ELSEIF cyclic = 45 THEN
LOW 3
ELSEIF cyclic = 47 THEN
HIGH 4
ELSEIF cyclic = 55 THEN
LOW 2
ELSEIF cyclic = 57 THEN
LOW 4
ELSEIF cyclic = 60 THEN
cyclic = 1
HIGH 4
HIGH 2
HIGH 3
ENDIF
'-----</VALVE Control>----------------------------------------------------------------------------------
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'-----<Print to SERIAL Port>----------------------------------------------------------------------------DEBUG CRSRXY, 0 ,5, "status of valves --- (4, 3, 2, 1) : ", BIN IN4, BIN IN3, BIN IN2,
BIN IN1
'-----</Print to SERIAL Port>---------------------------------------------------------------------------'-----<Establish Time BASE in 10 seconds>-----------------------------------------------------------FOR V_Time = 1 TO 1 ' establish VALVE Period basis
PAUSE 1000 ' establish seconds basis ( 1000 )
NEXT
'-----</Establish Time BASE in 10 seconds>----------------------------------------------------------LOOP
'-----</LOOPing>------------------------------------------------------------------------------------------'-----</Program START>---------------------------------------------------------------------------------'-----<reset VALVES and END>------------------------------------------------------------------------stopProc:
terminate:
' reset VALVES to close
'HIGH 1
'valves open
HIGH 2
HIGH 3
HIGH 4
'-----</reset VALVES and END>-----------------------------------------------------------------------END
' end program
'-----</Program Code>------------------------------------------------------------------------------------noPress:
GOTO waitLoop
END
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