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1. Introduction

Stem cells are becoming an important component of approaches
for regenerative medicine, especially within the rapidly expand-
ing field of tissue engineering. Tissue engineering aims to
develop biologically inspired 3D constructs that integrate with
native tissue and/or stimulate the body’s innate repair mechan-
isms to regenerate damaged tissue and restore function.[1] Due
to an aging population and demand for a higher quality of
life, the emergence of tissue engineering as a solution to repair a
multitude of tissues is evident. Within the tissue-engineering
paradigm, the selection of the appropriate cells, materials, and
biological molecules will ultimately determine success or
failure. With their ability to proliferate, self-renew, and dif-
ferentiate, stem cells are becoming a promising cell source for
these applications.

The successful incorporation of stem cells into tissue
engineering strategies is contingent upon a thorough knowledge
of factors influencing stem cell behavior. Uncommitted stem
cells in the developing embryo, for example, are subjected to
regional differences in their microenvironments, which result
in the formation of every tissue in the human body. Through an
understanding of the cues that drive stem cell fate decisions,
it may be possible to incorporate these cues into the design of
future 3D microenvironments to optimize and facilitate tissue
repair and regeneration. These cues include soluble/immobilized
factors, chemical and physical signals from the extracellular
matrix (ECM), cell morphology, and external stresses. Further-

more, it is not only the simple presence
of these cues that is crucial to a stem cell’s
response, but also their spatial and temporal
context. Due to the complex nature of
stem cell fate decisions and the constant
‘‘crosstalk’’ among different signals, it is
necessary to design 3D microenvironments
that consider the interplay of these diverse
cues.

Biomaterials design is expanding with
new material syntheses and processing
techniques to enhance the complexity of
3D environments in order to direct stem
cell lineage commitment.[2,3] These materi-
als can be utilized as cell delivery vehicles,
scaffolds for cell adhesion, surfaces for cell

culture, and a source of soluble/immobilized factors, among
others. Microenvironments can be designed to feature an intense
signal to drive differentiation, or a myriad of signals that address
the biologically relevant sequence of events leading to lineage
commitment (Fig. 1). An understanding of materials science and
chemical syntheses allows for the creation of biomaterials that
can manipulate stem cells for specific tissue engineering
applications. Much of this work has focused on mesenchymal
stem cells (MSCs), possibly due to the ease of culture and
widespread applicability in regenerative medicine, yet this
technology is widely applicable to numerous stem cell types.
This progress report will focus on general concepts of using
materials to control stem cells, as well as provide examples of
recent advances within this rapidly expanding field.
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Figure 1. The stem cell microenvironment. Material control can be exerted
at many levels through adhesion, cell factor binding, material degradation
and mechanics, and cell morphology to manipulate stem cell interactions
and fate.
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Advances in our understanding of stem cell interactions with their

environment are leading to the development of new materials-based

approaches to control stem cell behavior toward cellular culture and tissue

regeneration applications. Materials can provide cues based on chemistry,

mechanics, structure, and molecule delivery that control stem cell fate

decisions and matrix formation. These approaches are helping to advance

clinical translation of a range of stem cell types through better expansion

techniques and scaffolding for use in tissue engineering approaches for the

regeneration of many tissues. With this in mind, this progress report covers

basic concepts and recent advances in the use of materials for manipulating

stem cells.
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2. Biomaterial Structure and Chemistry as
Differentiation Cues

The use of biomaterials as scaffolds is a fundamental and
important component of tissue engineering since these materials
serve as templates for tissue formation and are engineered
depending on the tissue of interest. These scaffolds not only
provide mechanical and 3D structural support for cells, but can
also provide cues to induce tissue repair. The structure,
morphology, degradation and presentation of bioactive sites are
all important parameters in material design for these applications
and may signal the differentiation of stem cells.

2.1. Structures of Biomaterials for 3D Cellular Environments

Biomaterial scaffolds take on a variety of structures based on their
material composition and processing to form 3D environments
for cell delivery or invasion. These materials consist of natural
polymers such as collagen, hyaluronic acid (HA), fibrin, or
alginate, or synthetic polymers such as polyethylene glycol (PEG),
dextran, or polyvinyl alcohol and can be formed into hydrogels,
fibrous structures, and macroporous scaffolds.[4,5] Figure 2
illustrates examples of the formation and structure of each of
these scaffold types. The biomaterial structure controls how a cell
interacts with the material and is important in stem cell fate
decisions since the presentation of cues and cellular morphology
are dependent on this structure.

2.1.1. Hydrogels

Hydrogels are comprised of insoluble networks of crosslinked
polymers with high water contents (>90%).[6] Hydrogels with the
ability to encapsulate stem cells have been used for applications
such as cartilage[7,8] and cardiac[9,10] tissue regeneration. In

order to achieve tissue formation, stem cells must either be
encapsulated within or recruited to the hydrogel. Cells can be
encapsulated in hydrogels through various means including
self-assembly, ionic crosslinking, and radical polymerizations.[11]

For example, the water-soluble photoinitiator I2959 (Irgacure,
2-hydroxy-1-[4-(hydroxyethoxy)phenyl]-2-methyl-1-propanone)
can be used to initiate crosslinking upon exposure to UV light
with materials containing acrylate or methacrylate groups.[5,12] It
is important to note that potential side effects to UV light should
be thoroughly assessed, particularly with stem cells that may be
susceptible to damage. Hydrogels are advantageous for cell
encapsulation due to the high water content and diversity in
chemistry and properties that can be obtained. It is important to
consider the viability of stem cells during the encapsulation
process and with culture, including the diffusion of nutrients and
wastes to and from the cells. Hydrogels are dependent on factors
such as the charge and chemistry of the polymer and crosslinking
density. Additionally, interpenetrating networks (IPNs) can be
used to further alter hydrogel properties by combining properties
of each polymer.[13] One class of hydrogels that is gaining interest
for stem cell encapsulation is HA based gels. HA is a natural
polymer that was initially used as an implantable biomaterial to
study wound healing and biocompatibility in order to monitor
vascularization, inflammatory responses, and matrix secre-
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Figure 2. Scaffold fabrication and morphology. A) Polymers with reactive
groups are crosslinked to form a highly swollen hydrogel network.
B) Porous network formation through a poragen leaching process.
C) Polymer electrospinning where an electric field causes a charged
polymer solution to travel from a syringe to a grounded surface leaving
distinct nano/micrometer-sized fibers.
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tion.[14,15] While HA does not possess any inherent crosslinking
ability, chemical modification allows for crosslinking.[16,17]

2.1.2. Fibrous Scaffolds

Although hydrogels provide a highly controlled 3D microenvir-
onment for cells, the nature of this scaffold does not entirely
mimic the structure of native ECM. In particular, the crosslinked
polymer network does not possess a fibrillar architecture that is
prevalent in ECM components such as collagen and fibrin.[18,19]

One common method to create scaffolds with a fibrous mor-
phology is the process of electrospinning. This method involves
extruding a charged polymer solution through a blunt needle,
which is attracted to a grounded material due to a large potential
difference.[18] Electrospinning has been used to produce fibrous
scaffolds from a wide range of polymers with diverse properties,
both synthetic and natural, for a range of tissue applications.[20]

Another attractive feature is that the fibers can be aligned by
spinning on a rotating mandrel to produce anisotropy in both
the bulk physical properties and in cellular morphology and
matrix production.[21,22] However, one of the limitations of this
technique is the potentially poor cell infiltration into the scaffold,
either when seeded or when implanted. As demonstrated by
Baker et al.,[23] it is possible to combine multiple polymer jets and
a rotating mandrel to create electrospun scaffolds that have
desired anisotropic mechanical properties, as well as enhanced
MSC infiltration (due to removal of ‘‘sacrificial fibers’’). In
general, the diversity in materials that can be obtained with
fibrous morphologies and the potential advantages of the
structure makes these scaffolds useful for controlling stem cells.

2.1.3. Macroporous Scaffolds

One of the most widely used biomaterial structures for tissue
engineering involves macroporous scaffolds, which can form
interconnected porous networks that allow for cellular infiltration
and tissue formation. These scaffolds are often formed with
leachable components (such as salt crystals or microspheres)
around which the desired polymer forms a scaffold.[24] Upon
removal of the leachable components, a 3D structure can be
obtained with varying parameters such as pore size, porosity, and
interconnectivity. Linnes et al.[25] created a macroporous scaffold
based on fibrinogen using sintered PMMA microspheres, which
allowed for a highly porous, interconnected 3D microenviron-
ment that upon addition of thrombin or genipin significantly
increased in stability and mechanics. In another study, poly-
(e-caprolactone) scaffolds (formed using a gas foaming techni-
que) with varied pore size and interconnectivity were created to
monitor osteogenesis of dura mater stem cells.[26] In the case of
large pore sizes, cells may interpret the environment as 2D;
however, themacrostructure of the scaffold allows for the creation
of a 3D tissue as cells synthesize and interact with secretedmatrix.

2.2. Chemical Signals in Biomaterials

Stem cells may interact with biomaterials through surface
receptors such as integrins and cell adhesion molecules.[27]

The selection of a biomaterial must take into consideration the
inherent cell adhesivity of a material (e.g., in the case of natural
materials) or the ability to confer additional biofunctionality in

order to elicit a particular response from stem cells. Adhesion
may be desirable or undesirable depending on the desired
differentiation path and native cell environment. There are a wide
range of techniques to control adhesion, including altering the
hydrophobicity of a material to influence protein adsorption or by
tethering proteins or their analogs directly to a material. Beyond
adhesion, other chemical cues may be included to manipulate
stem cell interactions and differentiation, either directly or
indirectly by controlling protein interactions.

2.2.1. Cell Adhesion Motifs

A simple and common technique in many tissue engineering
strategies is to incorporate analogs of native ECM components into
scaffolds in order to control stem cell interactions. The fibronectin
binding domain arginine–glycine–aspartic acid (RGD) has been
widely used to promote binding sites for avb3 integrins in app-
lications such as osteogenesis and chondrogenesis.[28,29] The
effects of RGD concentration and its spatial organization have
been investigated and determined to be regulators of stem cell
morphology, proliferation, and differentiation.[30] While RGD is
used as a ‘‘default’’ binding site for biomaterials, efforts have been
made to investigate the contextual presentation of RGD within
fibronectin and its effect on stem cell behavior. Martino et al.[31]

demonstrated that the presentation of certain fibronectin domains,
including RGD and its synergy sequence PHSRN, can signifi-
cantly affect MSC spreading and proliferation. Additionally, other
sequences are being investigated for cell specific differentiation
such as laminin-derived IKVAV and YIGSR.[32]

2.2.2. Chemistry of Biomaterials

More indirect approaches (e.g., controlling hydrophobicity) toward
addressing cell recognition of biomaterials have produced interest-
ing results. For example, by altering the hydrophobicity of a
surface, the formation and differentiation potential of embryonic
stem cells (ESCs) within embryoid bodies (EBs) could be tuned to
promote desirable EB size and composition.[33] In another study,
Benoit et al.[34] altered the microenvironment by introducing
different small molecules such as phosphates, carboxylic acids,
and aliphatic chains (very hydrophobic). The presence of these
molecules led to increased MSC expression of bone, cartilage, and
fat associated markers of differentiation, respectively.

It is often difficult to predict how a stem cell will respond to its
environmental cues and thus methods have been developed to
rapidly screen biomaterials and stem cell interactions.[35–37] The
use of a combinatorial library of biomaterials formed from
different acrylate and methacrylate monomers proved to be useful
for identifying environments suitable for uniform ESC differ-
entiation into epithelial cells.[38] Figure 3 shows one example of
a screening of the influence of material chemistry on ESC
differentiation. Further combinatorial studies were performed on
MSCs, neural stem cells (NSCs), and primary articular chon-
drocytes using monomers with varied degradation, hydrophobi-
city, molecular weight, and crosslinking.[39] Thismethod allows for
determination of ideal microenvironments for stem cell differ-
entiation and can also be coupled with other induction factors
(as discussed later) to screen thousands of possible scenarios for
controlling stem cell behavior.[40] Rapid screening techniques are
useful in that they can identify unique environments that cannot
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be predicted based on material structure and chemistry. The
materials in these studies are also inexpensive and much easier to
synthesize than scaffolds possessing complex chemistries and cell
recognition sites.[41–43] These studies indicate that biomaterial
design does not need to exactly mimic native tissue, but rather
possess the fundamental characteristics that promote desired stem
cell behavior.

2.2.3. Natural and Synthetic Biomaterials

Amajor advantage of using naturally derived materials is that they
possess desired cell recognition sites to control cellular behavior
such as adhesion and degradation. For example, fibrin hydrogels
consist of polymerized fibrinogen, which possessesmultiple direct
binding sites, as well as sites that bind growth factors, fibronectin,
HA, and von Willebrand factor.[19] The addition of thrombin to
fibrinogen allows for the formation of fibrin hydrogels consisting
of nanometer scaled fibers that can be recognized by cells. Early
studies using dorsal root ganglia demonstrated the effects of
varied fibrin network formation on neurite extension by adding
biorecognition molecules and factor XIII, which participates in
covalent crosslinking.[44] PEGylated fibrinogen has been used by
several groups in order to utilize the stem cell recognition of

fibrinogen while also allowing for more control and variation of
network degradation and mechanics.[25,45,46] Another route for
creating desirable 3D microenvironments for stem cells is to
harness the potential regenerative properties of stem cell-derived
biomaterials. Nair et al.[47,48] developed a biomaterial from
acellularized EBs using Triton-X/DNAse treatments to remove
cellular components while maintaining the ECM components
such as collagen IV, laminin, and fibronectin. EBs induced toward
a specific lineage and subsequently acellularized could create a
stem cell-derived biomaterial with desired morphogenic cues for
a given tissue engineering application.

HA is another naturally occurring material (i.e., polysacchar-
ide) consisting of repeating disaccharide units and has been
implicated in many stem cell fate decisions.[49] Extensive work by
Shu et al.[14,50] has involved chemically modifying HA to confer
additional cell recognition, degradability, and crosslinking ability.
The presence of hydroxyl and carboxyl groups allows for chemical
modification of the HA backbone with methods such as
carbodiimide chemistry. Another useful modification of HA
(and other hydroxyl containing polymers) is the addition of
methacrylates or acrylates, which allows for radical polymeriza-
tion.[16] Significant work has been performed using photocros-
slinkable HA hydrogels for stem cell encapsulation, specifically
involving cartilage tissue engineering.[7,51]

While natural materials provide inherent instructive cues for
stem cells, limitations of these materials include a possible
immune response, potential loss of biological activity during
processing, and insufficientmechanical properties. Inmany cases,
synthetic materials are used as ‘‘blank slates’’ that can be modified
to confer biofunctionality and promote stem cell differentiation.
One of the most common synthetic materials used as a backbone
for hydrogel systems is PEG. Due to its hydrophilicity and ease of
modification, highly swollen hydrogels can be formed that also
contain cell recognition sites.[52] For example, PEG coupled to
poly(L-Lysine) promotes greater neural progenitor survival and
differentiation tomature neural phenotypes than unmodified PEG
hydrogels.[53] This is potentially due to the charged amino side
chains present in lysine, which allow for cell adhesion and survival
and can also provide sites for further chemical modification. A
recent study demonstrated the temporally controlled presentation
of cell binding using PEG hydrogels coupled with a matrix
metalloproteinase (MMP)-cleavable RGD peptide.[54] The motiva-
tion behind this study was that initiation of chondrogenesis is
dependent on fibronectin, but persistence of this binding inhibits
long-term chondrogenesis.[55,56] The incorporation of an MMP-13
cleavable linker resulted in increased glycosaminoglycan produc-
tion, as well as a greater percentage of collagen II positive cells
compared to undifferentiated MSCs.

2.3. Scaffold Degradation

While biomaterials may consist of either natural or synthetic
materials, it is generally accepted that they serve as a temporary
scaffold and, as new tissue is formed, they should degrade.
Therefore, it is necessary to design materials that degrade over a
timescale that corresponds with a given application (i.e.,
formation of mature, functional tissue). Structurally, scaffold
degradation allows for cellular infiltration, as well as ECM

Figure 3. Investigating stem cell and material interactions with polymer
arrays. Top: Human ESCs cultured on a polymer in the presence of RA for
6 days and then stained for cytokeratin 7 (green), vimentin (red), and nuclei
(blue). Bottom: Three examples of polymers highlighted from above array.
Reproduced with permission from [38]. Copyright 2004, Nature Publishing
Group.
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synthesis and distribution. The ideal degradation profile, in terms
of tissue mechanical properties, may be a decrease in scaffold
mechanical properties over time, with the concurrent synthesis of
ECM by cells.[1] While this may be oversimplified, it is important
to address biodegradability of biomaterials when designing a
scaffold. Beyond structural importance, scaffold degradation also
controls temporal properties, including the presentation of
chemical and mechanical cues at different times in development
and regeneration.

Cell-mediated degradation is best evidenced by naturally
occurring MMP degradation of ECM components such as
collagen. In more synthetic materials, MMP-sensitive sequences
can be incorporated as crosslinkers, which degrade once the
encapsulated or migrating cells begin to secrete MMPs.[57–59]

These sequences are typically used to promote degradation of the
biomaterial as the cells begin to secrete matrix components and
remodel their surroundings. Stem cells secrete specific MMPs
that correlate with their lineage commitment (e.g., MMP-3 for
ESC cardiogenesis, MMP-9 for NSC commitment, and MMP-13
for chondrogenesis).[54,60,61] Scaffolds possessing MMP-1 sensi-
tive sites promoted greater cell infiltration and matrix deposition
than scaffolds without these sites when implanted in a cranial
defect.[58] Therefore, biomaterials have been designed to
incorporate these sequences in order to allow for cell spread-
ing/infiltration and matrix remodeling.[54,58,62] Importantly, the
ability to remodel and spread in matrices may be a signal in
controlling differentiation and lineage commitment in stem cells,
both through cell–cell interactions and morphological cues.

Hydrolysis represents another major route for scaffold
degradation that can be utilized to facilitate tissue formation or
alter scaffold properties with time. By incorporating hydrolytically
degradable units into a scaffold or by altering the amount of a
given degradable unit, a desired degradation profile can be
achieved. For example, although cells can secrete hyaluronidases,
which have the ability to degrade HA, this degradation does not
occur on a time scale that promotes adequate matrix deposition in
covalently crosslinked HA gels. Hydrolytically degradable lactic
acid (LA) units can be incorporated into theHA backbone in order
to allow for a controlled degradation rate and increased matrix
production.[63] Additionally, LA groups have also been incorpo-
rated into non-degradable PEG hydrogels in order to facilitate
scaffold degradation and promote neural precursor differentia-
tion into neurons and glial cells.[64] In another PEG system, the
step growth polymerization of dithiothreitol (DTT) and PEG
diacrylate (PEGDA) formed acrylate terminated PEG-DTT with a
range of molecular weights. Varying the extent of polymerization
allowed for different molecular weights, which resulted in varied
degradation and swelling properties. MSC morphology and
viability were found to be dependent on network degradability as
cells encapsulated in more degradable gels were more viable and
spread.[65]

3. Controlled Presentation and Delivery of
Differentiation Factors

In standard stem cell cultures, growth factors are simply added to
culture media to induce a differentiation program. Significant
advances have beenmade in understanding how these factors can

control stem cell fates in controlled in vitro cultures.[66]While this
method of simply adding a cocktail of factors to cells can be quite
powerful, it is typically not possible for implantable materials and
does not account for desirable spatial presentation. Thus, efforts
are beingmade to control the spatial and temporal presentation of
these factors in order to mimic the native tissue development.
From amaterials perspective, differentiation factors can be added
directly to the medium for in vitro cultures (including with
bioreactors), physically entrapped or sequestered within a
scaffold, or encapsulated in micro/nanoparticles for controlled
release.

3.1. Soluble Factor Delivery

The ability to easily manipulate and control the addition of soluble
factors to culture medium makes this approach the most well
characterized effector of stem cell differentiation. In combination
with the morphology of clusters of cells (e.g., 2D surface for
osteogenesis, 3D pellets for chondrogenesis), much is known
about stem cell differentiation using standard tissue culture
approaches. These factors not only participate in the commitment
of cells, but also the decision of cells to remain quiescent or
undifferentiated. For example, Leukemia inhibitory factor (LIF) is
commonly employed to prevent ESCs from differentiating and
is added to ESC cultures in order to allow them to proliferate
without spontaneously differentiating.[67] Typically, the goal with
biomaterials is to aid in stem cell differentiation; however, there is
also interest in materials that prevent differentiation for use as
substrates in cell culture.

The addition of growth factors to cultures (either added to cul-
ture media or via material delivery) can act in synergy with other
tissue engineering strategies to optimize stem cell differentiation
and tissue formation. For example, bone morphogenic protein-2
(BMP-2) has been incorporated into HA hydrogels along with
MSCs to promote osteogenesis, as noted by increased osteocalcin
and CD31 expression compared to controls without BMP-2.[17]

The TGF-b family of proteins are well documented chondrogenic
factors and are typically added to scaffolds in combination with
encapsulated stem cells.[7,68] However, it is not only the addition
of this growth factor that is crucial to chondrogenesis, but also the
temporal presentation. Long term exposure to TGF-b2 resulted in
greater GAG and collagen II production and an upregulation in
Sox-9 when compared to MSCs with shorter exposure time.[69] As
mentioned previously, high throughput screening can also be a
useful tool for determining which factors are regulators of stem
cell fate so that they can be incorporated into tissue engineering
applications.[40,70]

3.2. Immobilized Factors

Similar to coupling cell adhesion motifs to scaffolds, differentia-
tion factors can be specifically immobilized on a biomaterial
surface to elicit a desired response. This is a common theme in
nature as stem cell niches contain covalently and non-covalently
bound factors that maintain the cell’s undifferentiated state. Stem
cell factor (SCF) and LIFaremembrane-bound cytokines found in
niches that support undifferentiated stem cells.[32] LIF can be
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added to inhibit ESC differentiation, but the immobilization of
LIF can also affect ESC commitment.[71] LIF immobilized to a
non-woven polyester fabric (NWPF) using carbodiimide chem-
istry was shown to support a greater percentage of undiffer-
entiated ESC colonies when compared to the NWPF only groups.
The immobilized LIF was shown to be bound in its active form
and had a similar effect (in terms of pluripotency maintenance) to
adding soluble LIF to the culture medium. Another study
immobilized both LIF and SCF in order to observe the threshold
behavior of certain factors on stem cell maintenance.[72]

Additionally, growth factors such as TGF-b1 have been
immobilized on surfaces to promote chondrogenesis of MSCs
rather than simply adding it to the culture.[73,74]

While the ability to covalently tether factors to biomaterials has
shown great promise, another technique involves a more
biomimetic approach by which growth factors are sequestered
using non-covalent means. Heparin is a sulfated proteoglycan
that has the ability to bind and sequester growth factors and thus
slow their release while maintaining their biological activity.
Specifically, heparin can bind TGF-b proteins and influence stem
cell differentiation into chondrocytes, which has been demon-
strated using poly(N-isopropylacrylamide-co-acrylic acid) thermo-
responsive hydrogels.[75] In this system, MSCs in gels containing
heparin-bound TGF-b3 had significantly greater upregulation of
chondrogenic markers of differentiation, specifically collagen II,
Sox-9, and aggrecan. However, the applicability of this system
depends specifically on the binding affinity of the protein to
heparin. A similar strategy was used with a porous PLGA scaffold
in which both dexamethasone and heparin-bound TGF-b1 were
incorporated and its chondrogenic potential evaluated using
MSCs.[76] Heparin-binding has also been utilized in electrospin-
ning applications so that cells not only experience the desired
fibrous morphology and adhesive properties of the electrospun
material, but also the added effect of immobilized factors. Casper
et al.[77] covalently linked both heparin and perlecan (another
sulfated proteoglycan associated with mesenchymal tissues) to
collagen and gelatin electrospun scaffolds using EDC/NHS
carbodiimide chemistry. Using fibroblast growth factor-2 (FGF-2)
as their model growth factor, they demonstrated that both heparin
and perlecan effectively bound FGF-2, but perlecan displayed
better binding at lower concentrations. FGF-2 is secreted by
osteoblastic cells and is present in the early stages of bone repair
and its biological activity is significantly enhanced by heparan
sulfate binding. This method could prove useful in bone
regeneration applications along with the inclusion of other
heparan sulfate binding proteins such as BMP-2 and platelet-
derived growth factor (PDGF).

3.3. Encapsulated Delivery Vehicles

Another means to control the presentation of differentiation
factors to the stem cell microenvironment is through the use of
biodegradable delivery vehicles. These vehicles can take the form
of polymeric microparticles as well as the scaffold itself, which
can be tailored to release encapsulated factors. Release is
controlled through both diffusion and degradation, and thus
material design is essential for released molecule presentation to
stem cells.

3.3.1. Controlled Release from Scaffolds

A direct method to release differentiation factors to the stem cell
microenvironment is through encapsulation within the 3D
scaffold. As biodegradability is a desired property of biomaterials,
many researchers have utilized this degradation to not only allow
for remodeling of the microenvironment and ECM synthesis, but
to also allow for local delivery of factors to aid in stem cell
commitment and tissue repair.

Due to their highly swollen state, hydrogels are able to rapidly
deliver factors to surrounding tissue or to encapsulated cells
within the hydrogel. Cardiogenesis can be affected by controlled
release of basic FGF (bFGF) from gelatin hydrogels with or
without cardiosphere derived cells (CDCs) or MSCs.[78] bFGF
release significantly enhanced vascularization, as well as myo-
cardial perfusion and contractility. While coupling the delivery of
bFGFwith CDCs resulted in greater myocardiocyte differentiation
and engraftment than bFGF treatment alone, MSCs did not
exhibit the same additive effects of combined growth factor and
cell transplantation on recovery of myocardial function. In order to
promote greater chondrogenesis of MSCs encapsulated in
hydrogels, TGF-b3 has been encapsulated during the hydrogel
formation process in order to locally deliver the factor for in vivo
and in vitro tissue formation.[7,79] In one example, MSCs were
encapsulated inmethacrylatedHA (to allow for photocrosslinking)
and either polymerized in situ with TGF-b3 or pre-cultured for
2 weeks in growth medium containing TGF-b3 and subsequently
implanted subcutaneously.[7] Pre-cultured constructs exhibited
higher collagen II, aggrecan, and chondroitin sulfate expression
compared to constructs encapsulated with TGF-b3 and negative
controls without growth factor. These results emphasize the
importance of sustained release of a factor to stem cells in order to
elicit the desired differentiation and tissue formation response.
One approach to control release from hydrogels is by modifying
the degradation rate of the network structure. Using a PEG
dimethacrylate system incorporating hydrolytically degradable
lactide units into the PEG backbone, Benoit et al.[80] demonstrated
a highly regulated delivery of fluvastatin, which stimulates BMP-2
production and osteogenic differentiation. The release rate and
dose were controlled by adjusting the lactide repeat unit length and
initial fluvastatin concentration, respectively. The incorporation of
controlled release into this network resulted in increased ALP,
collagen I, and BMP-2 production by encapsulated human MSCs.

3.3.2. Controlled Delivery Using Particles

Both micro- and nanoparticles have received considerable
attention in applications such as cancer therapeutics and bio-
medical imaging modalities, but are also useful for the delivery of
molecules to stem cells.[81,82] Since stem cells undergoing lineage
commitment require a specific spatio-temporal presentation of
factors, efforts have been made to incorporate these particles into
biomaterials for controlled release rates. It is also important to
consider the activity of the encapsulated factor upon release, which
is dependent upon the process for encapsulation.

Microparticles can also be utilized without a biomaterial
scaffold in order to control the stem cell microenvironment.
Micro- and nanoparticles have been injected with and without
stem cells into injury sites to promote both neurogenesis and
chondrogenesis.[83,84] Using a water-in-oil-in-water (W/O/W)
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emulsion technique, ciliary neurotrophic factor and brain-derived
neurotrophic factor were encapsulated in poly(lactic-co-glycolic
acid) (PLGA) microspheres to allow for sustained release and aid
in regeneration of central nervous tissue and retinal tissue,
respectively. By coating larger O/W PLGA microspheres
encapsulating one factor (dexamethasone, DEXA) with smaller
W/O/W emulsion microspheres encapsulating another factor
(dehydroepiandrosterone, DHEA), the release of multiple factors
is possible.[85] The negative charges of the carboxyl on PLGA
microspheres containing DHEA are electrostatically attracted to
the positive charge of poly(ethyleneimine) incorporated into the
DEXA-loaded microspheres. This minimally invasive injection of
microspheres and stem cells could prove to be advantageous as
the cells form cartilage tissue around the microspheres and then
fill in the voids once they degrade.

Microspheres can also be utilized in ESC differentiation to
allow for more control over the 3D microenvironment within
EBs. EBs consist of an aggregate of pluripotent stem cells that
possess the ability to differentiate into all the germ layers
(endoderm, mesoderm, ectoderm). However, within this
aggregate, the microenvironment varies by location due initially
to cell–cell contact and diffusional constraints and later by local
matrix and paracrine factor secretion.[86] Efforts have been
made to influence the aggregation of ESCs into EBs in order to
create more uniform EB populations, but significant improve-
ments are needed in order to exercise more control over
differentiation within these aggregates.[87,88] Encapsulation of
differentiation factors into microspheres and incorporating
them into differentiating EBs could allow for more control over
the ESCmicroenvironment. Carpenedo et al.[89] demonstrated a
highly controlled method of incorporating retinoic-acid (RA)
loaded PLGAmicrospheres into EBs. Rotary suspension culture
was used to allow for uniform EB formation and to facilitate the
microsphere incorporation. Compared to normal EBs and EBs
incorporating unloaded microspheres, EBs containing
RA-loaded microspheres exhibited a very homogeneous and
organized structure. Furthermore, EBs incorporating
RA-loaded microspheres exhibited a completely different
structure than EBs exposed to soluble RA. Figure 4 illustrates
these morphological differences in EBs exposed to different
microenvironments as microsphere-mediated delivery of RA
led to an increase in endoderm/epiblast organization as
compared to the non-cystic unorganized EBs exposed to
soluble RA. The desired cellular morphology, whether it is
uniform or heterogeneous, of the EBs is dependent on the
application. This method of locally delivering factors within a
differentiating EB bypasses the limitations associated with
soluble delivery as it has been shown that a dense shell
containing collagen I, tight cell–cell junctions, and basement
membrane hinder diffusive transport.[90]

Angiogenesis is a critical process with the formation of many
tissue types because it allows for adequate nutrient supply and
integration with native tissue. In tissue engineering applications,
it is necessary to not only stimulate the differentiation of stem
cells into the specialized tissue cell of interest, but to also allow for
formation of vasculature in the tissue.[91] Two growth factors
intimately involved in the process of vascularization are vascular
endothelial growth factor (VEGF) and PDGF. However, it is not
only the presence of these two factors that influences angiogen-

esis, but also their temporal presentation. VEGF is responsible for
the initiation of angiogenesis and involves endothelial cell
activation and proliferation while PDGF is required after VEGF
activation in order to allow for blood vessel maturation through
recruitment of smooth muscle cells. Richardson et al.[92]

developed a dual growth factor release system in which VEGF
is encapsulated in the porous PLGA scaffold and PDGF is
encapsulated in PLGA microspheres dispersed throughout the
scaffold. Based on release kinetics, they demonstrated an initial
rapid release of VEGF and a delayed release of PDGF, which
contributed to greater maturation of vessels as evidenced by
a-smooth muscle actin compared to VEGF or PDGF factor
addition only. In a similar system, BMP-2 and BMP-7 loaded into
PLGA microspheres at different concentrations (and thus
different release rates) was investigated as a system for bone
tissue regeneration.[93] The sequential delivery of BMP-2 and
BMP-7 in porous PLGA scaffolds resulted in enhanced
osteogenic differentiation of MSCs as evidenced by cell
proliferation and alkaline phosphatase (ALP) activity.

While PLGAmicroparticles have received themost attention as
delivery vehicles for stem cell applications, other notable
microencapsulating carriers exist. Naturally derived materials
such as alginate, chitosan, and gelatin have been used to
encapsulate factors based on their biocompatibility and ability to
crosslink by ionic and chemical means.[94–96] Based on a given
application, the release kinetics can be tailored by altering the
polymer composition, method of formation and encapsulation,
and post-formation processing (such as coating or complexing
with other materials).

Figure 4. Microsphere molecule delivery. Hematoxylin–Eosin staining of
EBs in A) untreated, B) unloaded incorporated microspheres, C) soluble
retinoic acid delivery, D) retinoic acid loaded incorporated microsphere
groups, indicating that controlled and local RA delivery controls the
morphology of EBs. Reproduced with permission from [89]. Copyright
2009, Elsevier.
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4. Material Control of Cell Morphology

Fully differentiated cells take on a variety of well-recognized
shapes both in vivo and during in vitro culture ranging from
striated, contractile myoblasts to spherical chondrocytes, to highly
branched neurons. While there has been considerable research
concerning the adoption of specific cell morphologies as a result
of differentiation, the concept of cell morphology as an effector of
differentiation, and not simply a consequence, has only recently
received significant attention.

4.1. Cell Adhesion Regulates Morphology

The importance of cell adhesion to materials not only involves the
general support of cells and signal transduction (as mentioned
in previous sections), but can also dictate cellular morphology.
For instance, the effects of integrin binding and cytoskeletal
organization on cell morphology and chondrogenesis were
investigated using RGD-coupled agarose and alginate gels.[29,56]

Increased RGD concentrations in alginate gels resulted in a
diminished expression of chondrogenic genes and deposition of
collagen II and proteoglycans by encapsulated MSCs. Further-
more, soluble RGD peptide addition helped recover the
chondrogenic potential since it competed with bound ligands
in the gel.[56] In a follow up study, RGD coupled agarose gels were
used to investigate the effect of morphology and cytoskeletal
organization on MSC chondrogenesis.[29] Increased cell spread-
ing and differences in cytoskeleton arrangement were observed
in gels with higher RGD concentrations. The addition of a potent
inhibitor of actin polymerization (cytochalasin D) prevented the
inhibitory effects of RGD on chondrogenesis, which reinforces
the concept that integrin binding and coupling with the
cytoskeleton can play a pivotal role in MSC differentiation.

The distribution of cell bindingmolecules also influences stem
cell morphology and lineage commitment. Specifically, the
formation of focal adhesion complexes has been well documented
to involve integrin clustering and inside–out coupling with the
actin cytoskeleton.[97,98] Comisar et al.[30] studied the effects of
different ligand presentations on pre-osteoblast morphology
and osteogenic differentiation. RGD was covalently coupled to
alginate gels using carbodiimide chemistry and the degree of
substitution was varied to create alginate chains with a range
of peptide modifications. By changing the ratio of modified to
unmodified alginate for different degrees of substitution, they
were able to control the total bulk RGD density, as well as the
spacing of adhesive ‘‘islands.’’ Cell morphology and osteogenic
differentiation were found to be dependent on ligand spacing,
while proliferation was found to be dependent on bulk RGD
density. Lower ligand spacing favored focal adhesion formation
and cell spreading, while higher spacing resulted in greater
osteocalcin expression. The effects of bulk RGD on proliferation
were shown to be biphasic, as an increase in RGD led to a
maximal proliferation rate beyond which any increase in RGD
density resulted in diminished proliferation.

The organization of a stem cell’s cytoskeleton as a result of
its microenvironment can also have a pronounced effect on
lineage specification. Non-muscle myosins (NMMs) have been
implicated in the regulation of cell morphology and NMMIIs

are particularly implicated in stem cell morphological pro-
cesses.[99–101] Myoblast alignment and striation, which are
crucial to its contractility, are a result of the cell’s adhesion
and surrounding microenvironment. Specifically, the roles of
NMMIIA and NMMIIB include involvement in the formation
of myoblast bipolar morphology and prevention of over-
elongating differentiating myotubes, respectively.[102] The impor-
tance of polarization is also evident as neurons exhibit a
preferential directionality that is required for their functionality.
Aligned fibrous scaffolds and micropatterned surfaces have been
used to direct neural progenitor cells to adopt the appropriate cell
morphologies due to either fiber morphology or the presence of
desired adhesion molecules.[103] The addition of gelatin to PCL
electrospun fibers resulted in enhanced neurite outgrowth and
alignment of NSCs (C17.2 cells) in the direction of the
electrospun fibers. The presence of alignment in collagen and
collagen/carbon nanotube structures also resulted in preferential
ectoderm differentiation of ESCs compared to non-aligned
gelatin scaffolds, which showed differentiation into all three
germ layers.[104] The synergy between adhesion and neural
progenitor alignment was also demonstrated using a co-culture of
hippocampal progenitor cells (HPCs) and astrocytes in the
presence of patterned laminin substrates.[105] The NSC niche
involves specific cell–cell and cell–matrix contact and this study
demonstrated that the presence of both factors (i.e., alignment
and cellular interactions) influenced progenitor morphology and
resulted in greater expression of a neural marker of differentia-
tion (b3-tubulin). Similar results were found in a study involving
MSCs differentiating into cardiac muscle cells.[106] Co-culture of
these predifferentiated cells on aligned substrates with cardio-
myocytes resulted in greater electrical conduction and upregula-
tion of cardiogenic markers of differentiation compared to
co-cultures on isotropic substrates. While adhesion to specific
molecules can initiate a differentiation program, the presentation
of these adhesion sites allows for proper coupling of cell
morphological and signal transduction pathways.

4.2. Control of Cell Shape Directs Differentiation

The physical control of stem cell binding and morphology results
in profound effects on stem cell behavior, including differentia-
tion. Controlling materials through crosslinking, feature sizes,
and topography represent various means to influence cell
morphology, and thus differentiation.

4.2.1. Extent and Type of Crosslinking Controls Cell Morphology

Within a 3D scaffold such as a hydrogel, the ability of a cell to
spread and adopt a specific morphology can be influenced by the
crosslinking density, which is either static or dynamic using
non-degradable or degradable components, respectively. PEG
hydrogels have been modified by several groups with varied
crosslinking (e.g., length of crosslinker or incorporation of IPNs)
and to incorporate hydrolytic and cell-sensitive degradation to
modulate stem cell spreading.[107–109] As stated above, the mesh
size can be used to control features such as ECM distribution by
encapsulated stem cells. As an additional example, MSCs
encapsulated in degradable PEG-co-cyclic acetal gels exhibited
different morphologies based on the crosslinking density. For
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example, gels that were more swollen promoted a more spindled
morphology than highly crosslinked gels.[110] Cell viability was
high in all formulations and cell morphology was directly
correlated to crosslinking density as cells were more spread in
less crosslinked networks.

Network degradation plays a temporal role in both the
restriction of cell morphology and ECM synthesis of stem cells.
Biomaterials provide initial adhesion and mechanical cues that
influence cell morphology and signal transduction and the
subsequent commitment and formation of tissue is contingent
upon proper material degradation. HA hydrogels have been
developed that not only influence stem cell fate decisions, but
have controlled degradation to enhance ECM distribution.[63] For
instance, a comparison of two non-degradable hydrogel networks
(methacrylated HA and PEG diacrylate) indicated that where
MSCs are maintained in a spherical shape, other factors such as
cell recognition sites (such as CD44 receptor binding to HA) and
growth factors (such as TGF-b3) can control differentiation.[7]

Further modifications to HA to control cell morphology have
included incorporating MMP-sensitive cleavage sites, which
allow for MSC spreading compared to the rounded morphology
found in non-degradable crosslinked gels.[111] In a system
involving vinyl-terminated 4-arm PEG, the inclusion of
MMP-degradable sites allowed for spreading and the adoption
of a smooth muscle cell phenotype for MSCs.[112] In this gel, both
MSCs and SMCs acquired a spindled, elongated shape that
influenced cytoskeletal organization and adoption of the desired
smooth muscle cell phenotype. It is expected that these same
trends of crosslinking and degradation are important for all types
of stem cells, yet this area has focused primarily on MSCs.

4.2.2. Differentiation Effects of Feature Sizes

Cell morphology can also be controlled by the size of features on a
2D substrate or the size of individual components of a scaffold.
The growth and differentiation of EBs in microwells of defined
size has provided definitive evidence of how feature size
influences stem cell fate decisions.[113] Compared to traditional
suspension culture, EBs cultured in PEG-coated wells of different
diameters showed remarkably lower levels of variability in terms
of SSEA-1 and a-fetoprotein expression. EB size homogeneity is
crucial for applications in which other material effects on stem
cell differentiation are being studied, in order to eliminate
unaccountable variability.[33,86,87,89,114] The restriction of cell
spreading on functionalized surfaces has also produced inter-
esting results concerning stem cell differentiation. MSCs
cultured on fibronectin-coated islands of various sizes resulted
in commitment of cells to adipocytes on smaller islands and
osteoblasts on larger islands.[115] Surfaces with varying degrees of
hydrophobicity and terminal end groups were also studied to
determine how EB size and morphology affect ESC differentia-
tion (similar to the microwell study).[33] After separating EB
populations based on size, it was discovered that intermediate-
sized EBs (100–300mm) showed the highest viability, lowest
apoptotic rate, and highest differentiation potential.

Stem cells grown on fibrous scaffolds have also shown
differentiation dependent behavior in terms of the fiber
chemistry, size, and alignment. For example, MSCs grown on
electrospun aligned PCL scaffolds showed preferential differ-

entiation to a chondrogenic lineage on nanoscale versus
microscale fibers.[116] While cells aligned in the direction of
the fibers for both nano- and microscale scaffolds, the nanofibers
(�500 nm diameter) promoted higher GAG and mRNA expres-
sion of collagen II and aggrecan. Similar results were observed in
the case of NSCs grown on poly(L-LA) (PLLA) electrospun
fibers.[117]Again, while fiber diameter did not influence the extent
of alignment, NSCs were found to have a higher level of
differentiation on nanofibers compared to microfibers based on
neurofilament expression and neurite outgrowth. Since native
ECM components possess features on the order of nanometers,
these findings emphasize the importance of biomimicry when
developing scaffolds for stem cell differentiation. Electrospinning
allows for a great degree of control over fiber chemistry through
choice of polymer, fiber size through changes in polymer
concentration, and fiber alignment through design of the
electrospinning apparatus.[20]

4.2.3. Topography Influences Differentiation

Electrospun fibers represent onemeans by which scaffold features
can be designed in order to influence stem cell spreading and
adhesion. In the same study that found that nanoscale fibers
promoted chondrogenic differentiation ofMSCs, it was also found
that chondrogenic differentiation was enhanced on nanofibers
over porous PCL scaffolds.[116] Similar to fibers of controlled
diameter, several studies have been performed to investigate the
influence of micropatterned ridges or grooves on stem cells. For
example, patterned grooves 300nm deep were formed with
varying widths (10, 25, and 100mm) and the osteogenic effects on
MSCs were compared.[118] Based on gene microarray analysis,
MSCs grown on 100mm grooves showed significant upregulation
in genes associated with skeletal development compared to other
groove sizes. In another study, the effects of topography were
found to have a greater influence on MSC neurogenesis than a
potent neurogenic soluble factor RA.[119] Nanoscale grooves
showed greater enhancement in MSC neural differentiation
compared to smooth or microscale groove substrates. This also
provides interesting insight into the concept of transdifferentia-
tion of stem cells, particularly MSCs transdifferentiating into
neuronal cells as evidenced by increased b3-tubulin, MAP2, and
glial fibrillary acidic protein expression. It should be noted that the
concept of transdifferentiation of MSCs into neurons is
controversial and work still needs to be performed in this area.

Beyond fibers and grooves, surface roughness has also been
shown to regulate stem cell behavior. MSCs on PLGA scaffolds
treated with an alkalizing agent to incorporate surface roughness
resulted in upregulation of ALP, bone sialoprotein, osteocalcin,
and VEGF during the initial stages of MC3T3 pre-osteoblast
culture compared to non-treated PLGA scaffolds.[120] In another
study, MSCs grown on He-irradiated PCL showed an increase in
ALP activity and collagen production compared to non-irradiated
and tissue culture polystyrene (TCPS) controls.[121] The irradia-
tion resulted in a ‘‘smoothening’’ of the PCL material and, most
importantly, no change in surface energy that could affect protein
adsorption, thus confirming the effect surface topography has on
stem cell differentiation. While these studies show conflicting
results, they demonstrate a clear dependence of stem cell
differentiation on surface topography.
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4.3. Patterned Stem Cell Morphology

The ability to spatially control stem cell spreading and subsequent
fate decisions is of great importance in tissue engineering
applications due to the heterogeneous nature of tissues.
Specialized zonal architecture in cartilage, cardiac muscle fiber
arrangement, and the varied degrees of vascularity represent
critical hierarchical organizations within tissues that provide their
unique functions.[122–124] Patterning of biomaterials can be
achieved by spatially controlling the physical restraints surround-
ing a cell or by patterning adhesion molecules in order to control
stem cell spreading.

One of the most prevalent methods of patterning 3D
microenvironments is through the use of photopolymerization.
The ability to spatially control the location, intensity, and duration
of light allows for high pattern fidelity and extensive processing
capabilities.[5] Complex hydrogel features can be produced by
an additive-polymerization process in which a crosslinked
PEG network is immersed in a solution of non-crosslinked
PEGDA and subsequently exposed to UV light.[125] The use of a
photomask restricts light (and consequently, crosslinking) to
certain regions. In another additive polymerization process,
PEGDA combined with amino-functionalized PEG allowed for
multi-layered assemblies of gels that resembled microvascular
networks through multiple photopolymerization steps.[126]

Another means to spatially control cell morphology is through
the combination of sequential crosslinking steps that occur by
distinct methods. This has been demonstrated by groups using
HA as the base network, which is first crosslinked with chemical
crosslinks (e.g., Michael addition) and then exposed to UV light in
order to crosslink remaining methacrylate or acrylate functional
groups.[127] Khetan et al.[62] demonstrated with acrylated HA
hydrogels that MSC spreading can be patterned
based on the type of crosslinking in specific
regions. Using an MMP-degradable and thiol-
terminated crosslinker, a fraction of available
acrylates were consumed during the initial
Michael addition crosslinking step. Exposing
one half of the gel to UV light effectively
restricted cell spreading in these dual cross-
linked regions and allowed MSCs in non-
exposed regions to thoroughly spread (Fig. 5).
In vasculature and nervous tissue, the main-
tenance of organized cell spreading is of critical
importance and the ability to photopattern and
control cell morphology in distinct regions
could prove useful for these applications.

Patterning of cell adhesion sites can also
serve to control cell morphology and stem cell
differentiation within a 3D scaffold. The ability
of multi-photon confocal microscopy to focus
light in a specific plane (and certain regions
within this plane) provides the technology
to photopattern adhesive molecules within a
hydrogel network.[128] Similar to the additive
polymerization methods, a solution of acrylated
PEG-coupled RGD peptide was allowed to
equilibrate within a PEGDA network. By
programming the region of interest and depth

of the feature, channels of RGD adhesion sites were conferred
within the PEG hydrogel. Cell spreading was restricted in regions
not exposed to UV light and the coupling of RGD to exposed
regions (in the form of channels) allowed for spreading and
migration of cells from a fibrin cluster encapsulated within
the gel. This method could be used to spatially control cell
spreading and promote infiltration of recruited stem cells and
vasculature.

5. Matrix Mechanics Direct Stem Cell
Differentiation

Considerable evidence exists for cell mechanosensitivity, primar-
ily in systems where cells experience external stresses, such as
shear and tension, which results in changes in protein expression
and, in some cases, differentiation.[129,130] Recently, the inherent
mechanical properties of a material have received considerable
attention with regards to controlling stem cell behavior. The
stiffness of a material is governed by the structure and
composition of the network components, extent of crosslinking
(both physical and covalent), and the organization of the network
(whether it is anisotropic or part of an IPN).

5.1. Cell Mechanosensitivity

Native tissues range widely in composition (ECM components)
and mechanics (0.1–1 kPa in neural tissue to on the order of GPa
for fully mineralized bone tissue).[100,131] When adhesion-
dependent cells are grown on materials of varying mechanics,
depending on the cell type, there are noticeable differences in

Figure 5. Controlling stem cell spreading. Sequential crosslinking of HA hydrogels containing
adhesive (orange symbols) and MMP-degradable (green rectangles) sites. Encapsulated MSCs
are able to remodel the matrix after the addition crosslinking (left), but not after the radical
polymerization (right). This technique allows for spatial patterning of cellular spreading when
light is used for the secondary radical polymerization step.
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terms of cell morphology and gene expression. Initial insight into
the possibility of mechanics influencing stem-cell fate decisions
can be gained by observing the native tissue mechanics. Muscle
tissue exhibits a stiffness of �10 kPa and myoblasts cultured on
polyacrylamide gels of varying mechanics showed optimal
alignment and striation on substrates that mimicked this
mechanical environment.[132] Furthermore, when myoblasts
were cultured in multiple layers, cells exposed to the soft
environment (on top of other myoblasts) differentiated into
multi-nucleated, aligned myotubes more readily than those in
contact with the rigid glass substrate in the bottom layer.
Hepatocytes and neural cells exhibit similar stiffness-dependent
behavior as the hepatocytes aggregate and neurons extend
neurites (both indicative of their associated phenotypes) on more
compliant (less stiff) matrices.[133] The consequences of aberrant
tissue mechanics are apparent in situations such as myocardial
infarction and liver disease, in which the stiffening of tissues
results in changes in cell morphology and loss of tissue
function.[100] Therefore, the mechanics of the tissue of interest
should be accounted for when designing a material for tissue
regeneration.

5.2. Controlling Stem Cells with Material Mechanics

The ability of stem cells to sense their 3D microenvironmental
mechanics is not fully understood, although there are several
well-documented factors involved in mechanosensing and
mechanotransduction. Specifically, the coupling of cell adhesion
molecules (such as integrins) to the cytoskeleton and the
formation of focal adhesion complexes is highly dependent on
matrix stiffness in both differentiated and undifferentiated
cells.[134,135] The interplay of adhesion ligands and stiffness
was investigated in one study to determine possible synergistic
effects of the two factors onMSCdifferentiation.[134]MSCs grown
on substrates containing collagen I, collagen IV, fibronectin, or
laminin with varying stiffness were investigated for their
myogenic and osteogenic potential. Osteogenesis was regulated
by both stiffness and ligand type, as MSCs showed the highest
upregulation in Runx2 (a transcription factor in osteoblasts) in
the stiffest polyacrylamide gels containing collagen I (a major
component of native bone tissue). Myogenesis, while not as
stiffness dependent as osteogenesis, required a threshold
stiffness (>9 kPa) before sufficient cell spreading and upregula-
tion inMyoD1 occurred. NMMhas also been implicated as part of
the mechanosensing machinery. Adhesion to the matrix is
governed by integrins, and coupling with the actin cytoskeleton
allows the cell to form a direct link with its microenvironment,
which can then be sensed through intracellular tension governed
by myosin II motors. The addition of blebbistatin, a potent
inhibitor of NMMII, resulted in a significant reduction in
elasticity of developing zebrafish embryos and disruption of stem
cell differentiation.[136]Different isoforms of NMMII also showed
varied expression at different stiffnesses, but one isoform
(NMMIIA) showed little variation among different stiffnesses,
possibly suggesting its ubiquitous role in mechanosensing.

The effect of stiffness on stem cell differentiation is best
exemplified by Engler et al.[137] in which polyacrylamide gels of
varying stiffness and constant collagen I concentration were used

to examine MSC behavior. Figure 6 illustrates the striking
expression profiles for cells grown on gels with elasticity
matching the native tissue elasticity. Cells grown on soft
(0.1–1 kPa), intermediate (11 kPa), and stiff (34 kPa, similar to
non-mineralized bone) gels differentiated to neurogenic, myo-
genic, and osteogenic lineages, respectively. Addition of
blebbistatin to cultures effectively inhibited this mechanosensing
by disrupting the actin cytoskeleton and intracellular tension.
This lineage commitment was found to depend solely on the
elasticity of the substrate since the cells were exposed to a
constant collagen density and cultured in growth medium
without differentiation factors.

The effects of mechanics on NSCs were examined using a
semi-IPN network of polyacrylamide and PEG.[138] The addition
of PEG to the network allows for modulation of mechanics (due to
PEG hydrophilicity) without contributing to the biofunctionality
of the material, as the RGD concentration was kept constant.
NSCs cultured on these semi-IPNs showed differentiation
profiles that correlated well with native tissue (i.e., neurons
formed on softer substrates and astrocytes formed on stiffer
substrates). This observed differentiation behavior is consistent
with other studies in which primary neurons and astrocytes were
cultured on gels of various moduli.[139,140]

Local mechanical control of stem cell microenvironments can
also be accomplished by patterning colonies of cells. In MSC
aggregates grown on patterned cell adhesive surfaces, patterns of
differentiation were observed that corresponded with local strains

Figure 6. Matrix mechanics dictates MSC differentiation. MSCs grown on
polyacrylamide gels of three stiffnesses (0.1–1 kPa, 8–17 kPa, and
25–40 kPa) expressed differentiation markers characteristic of cells found
in tissues exhibiting similar stiffnesses. b3-tubulin indicates presence of
neurogenic cytoskeletal filaments, myogenic differentiation factor 1
(MyoD1) a myogenic transcription factor, and core binding factor alpha
1 (CBFA1) an osteogenic transcription factor. Reproduced with permission
from [137]. Copyright 2006.
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experienced by cells.[141] In rounded aggregates, a radial pattern of
differentiation was observed where cells in the center were
committed to an adipogenic lineage and cells in the periphery
were driven to an osteogenic lineage (Fig. 7). Furthermore, in
more complex geometries, field strains experienced by cells
resulted in patterned differentiation behavior, where cells in
softer regions were driven to adipogenesis versus stiffer regions
where cells were driven to osteogenesis. In this same study, MSCs
exhibited a differentiation pattern similar to that of long bones
(i.e., osteogenic zones on the outside and an inner adipogenic
zone) when cultured in 3D tubular collagen hydrogels. The use of
a constitutively active Rho-kinase gene (involved in cytoskeletal
tension) resulted in a thicker osteogenic outer zone due to an
increase in tractional forces and local mechanics.

Pre-osteoblasts exposed to soft and stiff RGD-functionalized
PEG gels expressed higher levels of MAPK activation and
osteocalcin secretion on stiffer gels.[142] Activation of MAPK
(through phosphorylation) has been associated with focal
adhesions and further downstream activation of Runx2, which
regulates osteocalcin and ALP expression. RhoA is another
molecule involved in the generation of intracellular tension, and
is influenced by matrix mechanics in both differentiated and
undifferentiated cells. RhoA expression can be controlled by
altering the cell morphology, as well as the stiffness of the
substrate.[115,143] Changes in RhoA expression in MSCs seeded
on soft and stiff polyacrylamide gels resulted in different Ca2þ

oscillations.[144] MSC Ca2þ oscillations are controlled by ROCK, a
downstream effector molecule of RhoA, and therefore can be
modulated by the mechanics of the substrate. Cells such as
pancreatic acinar cells and cardiomyocytes demonstrate sponta-
neous Ca2þ oscillations, and applications involving these tissues
would likely benefit from the use of materials with tunable
mechanics to direct stem cell differentiation.

Hydrogels with controlled mechanics have also been used to
investigate the differences in mechanosensitivity of various cell
types. Cells can possess varied degrees of mechanosensitivity,
from highly sensitive cells (fibroblasts) to highly insensitive cells
(neutrophils).[145] Interestingly, stem cells alter their mechan-
osensitivity based on their level of commitment or ‘‘differentia-
tion stage.’’ A clonally derived bone marrow stem cell line (D1),
able to differentiate to adipo-, chondro-, and osteogenic lineages,
and a more committed pre-osteoblast cell line were cultured in
the presence of RGD-coupled alginate gels with varied mechanics
(20, 60, 110 kPa) by changing the amount of Ca2þ.[146] The
pre-osteoblasts showed higher mechanosensitivity (as evidenced
by cell proliferation) than the undifferentiated D1 cell line.
However, when the D1 cells were pre-differentiated to a
pre-osteoblast-like state, their mechanosensitivity increased
dramatically and was nearly identical to the MC3T3 cells. This
change in mechanosensitivity may be attributed to different
integrin expression patterns of the uncommitted and more
committed pre-osteoblast cells. This could also explain the
observed difference in mechanosensitivity for MSCs undergoing
myogenesis and osteogenesis differentiation.[134]

6. Conclusions

In order to effectively control stem cell differentiation, many
aspects of the microenvironment must be considered including
soluble factor presentation, matrix mechanics and chemistry, and
topography. Because cells in the body are exposed to highly
evolved, complex environments, biomaterials that provide these
cues cannot be passive or static, but should be instructive and
dynamic. If a material is to be used to direct stem cell lineage
commitment, it is important to consider the desired spatial and
temporal context of specific cues. While many of the methods
to control stem cell differentiation can be utilized individually,
it is the incorporation of material control over many aspects
of the 3D microenvironment that will be necessary to create
fully functional tissue equivalents, particularly with complex
multi-cellular tissues.

Figure 7. Patterned organization of differentiating MSC aggregates. Fat
droplets (red) and ALP (blue) activity were localized to specific regions
corresponding to traction forces and geometry: square (A), rectangle (B),
ellipse (C), half-ellipse (D), offset annulus (E), elliptical annulus (F), and
sinusoidal bands (G, H) after 14 days. Red arrows indicate adipogenesis at
concave edges, and blue arrows indicate osteogenesis at convex edges.
Scale bars¼ 250mm. Reproduced with permission from [141]. Copyright
2008, Alpha Med Press.
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