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ABSTRACT: Adult cardiomyocytes (CM) retain little capa-
city to regenerate, which motivates efforts to engineer heart
tissues that can emulate the functional and mechanical
properties of native myocardium. Although the effects of
matrix stiffness on individual CM have been explored, less
attention was devoted to studies at the monolayer and the
tissue level. The purpose of this study was to characterize the
influence of substrate mechanical stiffness on the heart cell
phenotype and functional properties. Neonatal rat heart
cells were seeded onto collagen-coated polyacrylamide
(PA) substrates with Young’s moduli of 3, 22, 50, and
144 kPa. Collagen-coated glass coverslips without PA repre-
sented surfaces with effectively ‘‘infinite’’ stiffness. The local
elastic modulus of native neonatal rat heart tissue was
measured to range from 4.0 to 11.4 kPa (mean value of
6.8 kPa) and for native adult rat heart tissue from 11.9 to
46.2 kPa (mean value of 25.6 kPa), motivating our choice of
the above PA gel stiffness. Overall, by 120 h of cultivation,
the lowest stiffness PA substrates (3 kPa) exhibited the
lowest excitation threshold (ET; 3.5� 0.3V/cm), increased
troponin I staining (52% positively stained area) but
reduced cell density, force of contraction (0.18� 0.1mN/
mm2), and cell elongation (aspect ratio¼ 1.3–1.4). Higher
stiffness (144 kPa) PA substrates exhibited reduced troponin
I staining (30% positively stained area), increased fibroblast
density (70% positively stained area), and poor electrical
excitability. Intermediate stiffness PA substrates of stiffness
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comparable to the native adult rat myocardium (22–50 kPa)
were found to be optimal for heart cell morphology and
function, with superior elongation (aspect ratio> 4.3), rea-
sonable ET (ranging from 3.95� 0.8 to 4.4� 0.7 V/cm), high
contractile force development (ranging from 0.52� 0.2
to 1.60� 0.6mN/mm2), and well-developed striations, all
consistent with a differentiated phenotype.
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Introduction

Myocardial infarction caused by ischemia is one of the
leading causes of mortality in the world. Adult heart tissue
retains little capacity for regeneration, which motivates
studies in cardiac tissue engineering. Though contractile
cardiomyocytes (CM) represent only approximately one-
third of the cells in the adult myocardium, they occupy 80–
90% of its volume and have no significant ability to
proliferate (Nag, 1980). The remaining two-third of cells are
non-myocytes such as endothelial cells (EC) and fibroblasts
(FB) which have a capacity to proliferate. Understanding
how a cell’s extracellular environment, and in particular
matrix stiffness, influences cell morphology and function
has important implications for the design of biomaterials for
cardiac tissue engineering. While influence of matrix
stiffness on individual CM has been well studied (Engler
et al., 2008; Jacot et al., 2008), less attention was devoted to
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the effects of the matrix stiffness at the monolayer and tissue
levels. Only few studies examined the influence of matrix
stiffness on the structure and function of engineered heart
tissues (EHTs; Engelmayr et al., 2008; Shapira-Schweitzer
and Seliktar, 2007). An ideal engineered tissue should
consist of multiple cell types (e.g., CM and FBs) as in the
native heart. Thus, elucidating the effects of the matrix
stiffness on the relative cell fractions in this heterogeneous
population is required.

Hydrogel substrates are commonly used to test the
influence of matrix stiffness on cell function (Drury and
Mooney, 2003; Pelham andWang, 1997; Peyton et al., 2006).
Synthetic polymers (e.g., polyacrylamide, PA) provide
control of the cell microenvironment and do not interfere
with microscopy as they are optically clear. Since they are
cell-repellent, they are modified with ligands whose density
can be varied independently of mechanical properties. Their
elastic modulus can be tuned by varying the cross-linker
concentration. PA gels, which consist of acrylamide
monomers cross-linked by bis-acrylamide, were first used
to demonstrate the effect of substrate stiffness on epithelial
cells and FB (Pelham and Wang, 1997).

The main objective of this study was to characterize the
influence of substrate stiffness on the morphology and
contractile properties of cell monolayers isolated from
neonatal rat hearts. The cells were seeded on collagen I
coated PA gels of stiffness varying from 3 to 144 kPa.
Collagen was chosen because it is highly expressed in the
extracellular matrix of native cardiac muscle tissue. We
evaluated a heterogeneous population consisting of both
CM and FB, since these mixed populations were found
to be beneficial for cardiac tissue engineering (Caspi
et al., 2007; Chiu et al., 2008; Iyer et al., 2008, 2009;
Levenberg et al., 2005; Naito et al., 2006; Radisic et al.,
2008a,b). We hypothesized that substrate stiffness compar-
able to that of the native myocardium would be conducive
to the differentiated phenotype of neonatal rat CM.
Knowledge of the substrate stiffness that supports differ-
entiated phenotype of heart cells may be useful in the
rational design of scaffolds and hydrogels for cardiac tissue
engineering.

Materials and Methods

Neonatal Rat CM Isolation

Primary CMs were harvested from neonatal rats according
to a protocol approved by the University of Toronto
Table I. Mechanical properties of PA hydrogels.

Composition

(%acrylamide/%bis-acrylamide)

Yo

(kPa; C

3%/0.1%

8%/0.2%

15%/0.3%

15%/1.2%
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Committee on Animal Care. The cells were isolated by serial
collagenase digestion and enriched slightly for CM by one
cycle of pre-plating as previously described (Chiu et al.,
2008; Iyer et al., 2008, 2009; Radisic et al., 2008a).
PA Substrate Fabrication, Collagen Functionalization,
and Characterization

The PA substrates were fabricated (Chen et al., in press)
between two glass slides using a protocol adapted from
Pelham and Wang (1997). Briefly, PA substrates of
increasing stiffness were obtained by varying the concentra-
tion of acrylamide (3.0–15%; BioRad, Mississauga, ON) and
bis-acrylamide (0.10–1.2%) in de-ionized water and 10mM
HEPES (Sigma, Oakville, ON; Table I) as described in detail
in the Supplemental Information. Upon photopolymeriza-
tion, the gels were incubated in 7mg/mL rat tail type I
collagen solution (BD, Mississauga, ON) at 48C overnight
followed by rinsing in phosphate buffered saline (PBS) and
UV sterilization for 20min. We have shown elsewhere that
the collagen coating concentration is independent of PA gel
stiffness (Chen et al., in press). Control glass cover slips were
similarly coated with collagen.

To determine elastic moduli and Poison’s ratios, fully
hydrated cylindrical PA specimens were subjected to 10%
static unconfined compressive strain with a ramp velocity of
1mm/s, and held to allow for stress relaxation until
equilibrium was reached (Chen, in press). The Young’s
moduli of the PA gels were calculated from the ratio of the
recorded stress at equilibrium and the applied strain. The
Poisson’s ratios were calculated as axial to radial strain, with
the radial strain determined by imaging lateral expansion of
the gels at equilibrium.

The gels were dehydrated in serial grades of ethanol (50%,
70%, and 100%), critical point dried, sputter coated with
gold and imaged using a Hitachi S-570 Scanning Electron
Microscope (SEM) as described by Iyer et al. (2008). To
reveal the PA pores, the gels were fractured, sputter coated
with gold, and imaged in the cross-section.
Cell Seeding

Prior to cell seeding, the PA gels were primed with 1mL of
cardiac culture medium for 24 h at 378C (5% CO2) to
remove residual cross-linker. The culture medium was
removed and each hydrogel was seeded with 15mL of cell
suspension (containing 1� 105 cells). The cells were
ung’s modulus

hen et al., in press) Poisson’s ratio

3.4� 0.5 0.33� 0.06

22.5� 9.5 0.30� 0.10

50.3� 4.6 0.37� 0.06

144.5� 6.6 0.44� 0.04



incubated at 378C (5% CO2) for 30min in 12-well plates,
followed by the addition of 1mL of culture medium. The
cells were cultivated for 120 h and their medium replaced
every 36 h. Cardiac medium was 88% high glucose
Dulbecco’s modified Eagle’s medium (DMEM), 10% fetal
bovine serum (FBS), 1% (1M) 4-(2-hydroxyethyl)-1-
piperazineethanesulfonic acid (HEPES) buffer, and 1%
penicillin–streptomyocin (100U/mL).
Functional Testing

The excitation threshold (ET, minimum electric field
strength for synchronous excitation at 1Hz) and maximum
capture rate (MCR, maximum sustained synchronous
beating rate, measured at 2� the ET) were measured at
120 h in response to electrical field stimulation as previously
described (Chiu et al., 2008; Iyer et al., 2008, 2009; Radisic
et al., 2004; Tandon et al., 2009) using 2ms square
monophasic pulses and voltage up to 10V/cm, above which
constructs were deemed to be non-contracting.
Contraction Force

CM contraction was characterized by measuring the
displacement of fluorescent beads physically embedded in
the gel by video fluorescence microscopy (Olympus Canada,
Markham, ON, Model IX81) at 120 h as described in detail
in Supplemental Information (n� 3). Videos were obtained
using QED ImagingTM In Vitro Software, version 3.1.0
(Media Cybernetics Inc., Bethesda, MD). Samples were
stimulated with square, monophasic 2ms pulses at an
electric field strength of 12 V/cm. This was sufficiently
higher than the ET of all samples to ensure synchronous
contractions in even the least contractile cells. To
approximate the relative stresses generated in the substrates
by CM contraction, the measured displacement fields were
used to prescribe displacements in a two-dimensional (2D)
plane stress finite element model representing the hydrogel
(Yang et al., 2006). The hydrogels were modeled as isotropic
and linear elastic with moduli and Poisson’s ratios
determined experimentally (Table I). The shear modulus,
G, for an isotropic elastic material is dependent on the
Young’s modulus, E, and Poisson’s ratio (G¼ E/2(1þ v)),
and therefore only two of these three parameters are
necessary to fully define the elastic behavior of the material.
The model was analyzed using ANSYS (Canonsburg, PA) to
estimate the resulting strain and stress distributions for
several cells per image. To eliminate modeling artifacts, only
mid-95th percentile stress and strain values were used to
characterize CM contraction.
Tissue Mechanical Testing

One neonatal (1- to 2-day old) and one adult Sprague–
Dawley rat heart were kept at 48C in Hank’s Balanced Salt
Solution (HBSS) without Mg2þ or Ca2þ until mechanical
testing could be performed (�1-h postmortem). Local tissue
mechanical properties were determined by micropipette
aspiration (MA) of the distal wall and left ventricle wall
(Aoki et al., 1997). The hearts were maintained mostly
submerged in PBS with Ca2þ and Mg2þ. The area just
around the test site was exposed to air during the test
(�10min) to aid visualization and re-hydrated between
tests. PBS-filled pipettes of 1.038mm ID (adult) and
0.58mm ID (neonatal) were used to apply pressure locally.
These diameters maintained a tissue thickness to pipette
diameter ratio>1 to ensure the mechanical properties of the
wall tissue were measured. Pipette placement was controlled
by a micromanipulator. Pressure was applied using a 5mL
syringe attached to a linear actuator, which applied �5 kPa
steps to a maximum applied pressure of 30–35 kPa. Images
were captured immediately after each step using a
stereoscope (Olympus S761, Markham, ON) connected to
a digital camera (Canon, Mississauga, ON), from which
aspiration lengths were measured at each pressure level. Five
spots on each heart were tested. No drying of the hearts was
observed during testing. The initial elastic modulus
(representative of the physiological range; Engelmayr
et al., 2008) was estimated using an analytical half-space
model that is commonly applied to analyze MA data (Theret
et al., 1988; see Supplemental Fig. 1).

Cell Phenotype and Viability

For viability and cell density evaluation at 120 h, live cells
were stained with carboxyfluorescein diacetate succinimidyl
ester (CFDA) and dead cells with propidium iodide (PI; Iyer
et al., 2008). Briefly, a solution of 10mM CFDA and 2.5mg/
mL PI in PBS was applied to the cells for 40min at 378C. For
immunostaining, cells were fixed in 4% paraformaldehyde
(PFA) for 1 h at room temperature and stained for cardiac
troponin I to identify CM and vimentin to identify non-
myocytes, according to protocols we have described (Brown
et al., 2008; Iyer et al., 2008; Radisic et al., 2008a). Primary
antibodies were polyclonal rabbit anti-cardiac troponin I
(Chemicon, Etobicoke, ON, 1:150) and Cy3-conjugated
mouse monoclonal anti-vimentin (Sigma, 1:50). Isotype
controls were rabbit IgG and mouse IgG1. The analysis of
cell length and aspect ratio (length/width) was performed
from immunostained images after 12 and 120 h as described
by Au et al. (2007), Radisic et al. (2008a), and Tandon et al.
(2009).

Statistical Analysis

Analyses were performed using one-way ANOVA and
SigmaStat software (SPSS, Chicago, IL) with P< 0.05
considered to be statistically significant.

RESULTS

Characterization of Native Heart and PA Hydrogels

The local elastic moduli of the neonatal rat heart tissue
ranged from 4.0 to 11.4 kPa (6.8� 2.8 kPa). Local moduli
Bhana et al.: Substrate Stiffness and Phenotype of Heart Cells 3
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for adult rat heart tissue ranged from 11.9 to 46.2 kPa
(25.6� 15.9 kPa; Supplemental Fig. 1). These results
motivated our choice of the PA gel moduli, which ranged
from 3 to 144 kPa (Chen et al., in press; Table I). The
Poisson’s ratio range we measured for PA gels was similar to
that used by others (e.g., n¼ 0.4, Yang et al., 2006; Table I).
SEM indicated that the top surface of all hydrogels was
smooth, regardless of the stiffness, resulting from the
hydrogel fabrication between two coverslips (Fig. 1A). All
hydrogels were coated with scattered collagen globules of
approximately equal density (Fig. 1A). The cross-sectional
images (Fig. 1B) indicated the presence of porous structure
in the gel interior, that was not directly accessible to the cells
seeded on the top smooth surface.
Contractile Properties of Heart Cells on PA
Hydrogel Substrates

Spontaneous contractions were observed on the 5th day of
cultivation on the 3, 22, and 50 kPa substrates. Sustained
spontaneous contraction was predominant on the 22 and
50 kPa substrates. Minimal to no spontaneous contraction
was observed on the 144 kPa and glass substrates. The ETs
showed an increasing trend with increasing stiffness, ranging
from 3.5� 0.3 V/cm for the 3 kPa constructs to 4.4� 0.7 V/
cm for the 50 kPa constructs (Fig. 2). Cells on the 50 kPa PA
hydrogel displayed an ET that was significantly higher than
that of the 3 kPa stiffness, but neither was significantly
different from the 22 kPa stiffness. The average MCR was
not significantly different between the three groups that
exhibited synchronous contractions. Cells on 144 kPa
stiffness PA hydrogels and glass substrates could not be
induced to beat synchronously with application of an
electric field of up to 10V/cm, although beating of some
individual cells was observed. As a result, no functional data
could be obtained for these groups.

For contraction force measurements, the cells were
stimulated at 12 V/cm, ensuring that beating was observed
in all groups including the 144 kPa group, for which isolated
cell clusters were beating (Fig. 3). Glass control substrates
were excluded from the analysis as no fluorescent beads
could be embedded. The mean displacement of the
fluorescent microspheres decreased with increasing stiffness
of the gels (Fig. 3A). The strain, accordingly, also decreased
with increasing stiffness (Fig. 3B), with the 3 kPa stiffness
gels displaying a larger strain than the 22 and 144 kPa groups
(P< 0.05). The contraction force per unit area exerted by
the cells (Fig. 3C) increased with increasing gel stiffness and
was significantly different amongst the groups (P< 0.05)
except 3 kPa versus 22 kPa, which exhibited no significant
difference.
Cell Viability and Density

Nomarked differences in cell viability were observed with an
increase in the PA gel stiffness (Supplemental Fig. 2). For the
4 Biotechnology and Bioengineering, Vol. xxx, No. xxx, 2010
3 and 144 kPa substrates, the viability increased from�60%
at 12 h to just over 80% at 120 h of cultivation (Fig. 4A). The
viability of cells seeded on glass alone decreased significantly
from�80% at 12 h to below 60% at 120 h (Fig. 4A). At 12-h
incubation, total cell density remained unchanged with
increasing stiffness. At 120 h, total cell density significantly
increased with increasing stiffness in all groups except the
3 kPa PA surfaces (Fig. 4B).
Immunostaining for Cell-Specific Markers

Since this work was intended at determining the hydrogel
stiffness most suitable for cardiac tissue engineering, the
heart cell isolate after one pre-plating step was used in all
experiments to ensure that effects of stiffness on both
myocytes and non-myocytes were being considered. The
cells appeared mostly spherical 12 h after seeding and they
elongated at 120 h (Supplemental Fig. 3). In order to
distinguish between CM and FB, double staining for
troponin I, a contractile protein of CM, and vimentin, an
intermediate filament of non-myocytes, was performed
(Fig. 5) with isotype controls confirming primary antibody
specificity (Supplemental Fig. 4). At the early time point,
12 h, a higher number of cells is observed in Supplemental
Figure 3 compared to Figure 5. The large number of round
cells in Supplemental Figure 3, may simply be settled rather
than truly attached cells. An aspect ratio (the ratio of cell
axial length to radial width) of �1 is expected for spherical
cells, as observed for all groups at 12 h (Fig. 6), while an
aspect ratio greater than 1 is expected for elongated cells.
After 120 h of cultivation, significant levels of FB elongation
were observed for 22, 50, and 144 kPa substrates (Fig. 6A and
C), while significant CM elongation was observed for 50 and
144 kPa substrates (Fig. 6B and D). Overall, the 50 kPa
substrate had the highest average length and aspect ratio in
all groups. Cells on the 3 kPa and glass substrates exhibited
minimal elongation after 120 h. Interestingly, at every time
point, for every group there were no significant differences
in the aspect ratio between FB and CM. The same was true
for the cell length measurements except for the glass
substrate after 120 h, where FB were longer than CM and
22 kPa substrate at 12 h, where CM were longer than FB.
Thus, average area covered by each cell type was used to
determine the relative presence of each cell type on the
surface.

At 12-h incubation, the percentage of area stained for
troponin I, increased with increasing PA stiffness, while
opposite trend was observed for vimentin staining (Fig. 7).
At 120-h incubation, the troponin I stained area showed a
decreasing trend with increasing PA stiffness (Fig. 7A), while
vimentin increased (Fig. 7B). A greater number of cells
exhibiting developed striations were present in the 22 kPa
(Fig. 8ii) and 50 kPa (Fig. 8iii) groups, compared to the
3 kPa (Fig. 8i), 144 kPa (Fig. 8iv) and glass (Fig. 8v) groups.
Although spread, CMwere circular instead of rod-shaped on
the glass substrates (Fig. 8), consistent with the aspect ratio



Figure 1. Scanning electron micrographs of PA hydrogels. A: The top view indicates smooth surfaces with scattered collagen droplets of approximately equal density.

Scale bar: 20mm. Inset: 1mm. B: Cross-sectional view indicates the presence of the pores in the hydrogel interior. Scale bar: 2mm.
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Figure 2. Construct contractile properties as a function of substrate stiffness.

A: The excitation threshold (ET) and maximum capture rate (MCR). The symbol

(�) denotes groups for which ET and MCR could not be measured due to cells not

responding to a stimulus of up to 10 V/cm. Horizontal bars denote statistically

significant differences at a P< 0.05 using one-way ANOVA.
measurement of �1.7. On hydrogel substrates, rod-shaped
CM were observed (Fig. 8). In Figure 8, cells of which only
the nuclei stain could be smooth muscle cells, present in the
native heart cell isolates at 3–4% after one pre-plating step
(Brown et al., 2008; Naito et al., 2006).
Figure 3. Contraction stress measurements of heart cells cultivated on PA

hydrogels. A: Mean displacement, (B) mean strain, and (C) contraction stress exerted

by cells on the PA gels were calculated by measuring the movement of fluorescent

microspheres embedded throughout the PA gels. Error bars denote standard devia-

tion. Statistical analysis performed using one-way ANOVA, P< 0.05 considered

statistically significant, n¼ 9. Due to the non-deformable nature of glass (�infinite

stiffness), readings are not shown for this group.
Discussion

The main purpose of this study was to determine the role
of substrate stiffness on the morphology and functional
properties of heart cells. The cells were slightly enriched for
CM by one pre-plating step and seeded at high density,
conditions commonly used in cardiac tissue engineering
(Radisic et al., 2003). Previous studies (Naito et al., 2006;
Radisic et al., 2008b) demonstrated that the population
consisting of FB and CM resulted in improved morpho-
logical and functional properties of the EHT in comparison
to the cells significantly enriched for CM.

Significant efforts have been made to improve the
morphological and functional properties of CM in mono-
layers and EHT through the design of substrates with
topographical cues (Au et al., 2007; Bursac et al., 2002) and
design of bioreactors for mechanical (Zimmermann et al.,
2002) or electrical stimulation (Radisic et al., 2004).
However, the effect of substrate stiffness remains largely
unstudied. Recently, Jacot et al. (2008) demonstrated that
substrate stiffness affected the functional maturation of
neonatal rat ventricular CM and that optimal sarcomere
structure was obtained for cells on 10 kPa substrates.
Neonatal rat CM cultured in three-dimensional (3D)
PEGylated fibrinogen gels were demonstrated to aggregate
and beat, forming a larger region of contraction on
compliant gels (8 Pa shear modulus) as compared to more
rigid gels (341 Pa shear modulus; Shapira-Schweitzer and
Seliktar, 2007).
6 Biotechnology and Bioengineering, Vol. xxx, No. xxx, 2010
The effect of substrate stiffness on proliferation and
phenotype of non-myoctyes (EC, FB, neutrophils, hepato-
cytes, chondrocytes) has been more extensively studied
(Pelham and Wang, 1997; Semler et al., 2000; Subramanian
and Lin, 2005; Yeung et al., 2005). EC and FB exhibited
reduced spreading, increased migration, and elevated



Figure 4. Cell viability and density at 12 and 120 h or cultivation. A: Cell viability

expressed as a percentage of live cells relative to the total cell count. B: Cell density.

Error bars denote standard deviation. Statistical analysis performed using one-way

ANOVA, P< 0.05 considered statistically different. The viability and density was

determined from two independent experiments. There were between three and four

samples per group, with three pictures per sample taken at 10�. All cells were

counted in each picture. On average, 1,800 cells were counted per group at 12 h and

4,100 cells per group at the 120 h time point.
lamellipodial protrusions on less stiff substrates (Lo et al.,
2000; Pelham and Wang, 1997). On rigid substrates, they
formed stable focal adhesions and generated greater traction
forces (Lo et al., 2000; Pelham andWang, 1997). The present
study characterizes the influence of substrate stiffness on the
development of differentiated phenotype and contractile
properties of heart cells cultivated on substrates with elastic
moduli of 3, 22, 50, 144 kPa and glass as a nearly infinite
stiffness substrate. All substrates were coated with the same
non-limiting amount of collagen I to ensure that the
presence of adhesive cues was identical amongst the groups
(Fig. 1). Thus, any observed changes in cell phenotype were
due to substrate stiffness. This approach has been used by
others (Jacot et al., 2008) to decouple the effects of ligand
density and substrate stiffness. The gels in this experiment
were �180mm thick. For gels prepared using the same
procedure, Engler et al. have shown thickness independence
down to 5mm, below which the traction forces generated by
the cells were influenced by the rigid glass beneath the gel
(Engler et al., 2004b).

In committed cells, regulation of differentiation is
dependent on the substrate stiffness, as demonstrated with
skeletal muscle cells (Engler et al., 2004a). Cells exhibit their
differentiated phenotype on substrates that match the
stiffness of their native ECM (Engler et al., 2004a, 2006).
Thus, we hypothesized that differentiated phenotype of
heart cells as measured by cell elongation, contraction, and
presence of cell-specific markers will be the most prominent
on substrates with stiffness comparable to that of the native
heart. The stiffness of the neonatal (4.0–11.4 kPa) and adult
rat myocardium (11.9–46.2 kPa) measured here were in a
reasonable agreement with previously reported values. The
stiffness of the adult rat myocardium was reported to be
�70 kPa (Boublik et al., 2005), while the stiffness of the adult
rat right ventricle was reported to be 54� 8 kPa in the
circumferential direction and 20� 4 kPa in the longitudinal
direction (Engelmayr et al., 2008). Adult rat left ventricle
was measured to have the stiffness of 18� 2 kPa by atomic
force microscopy (Berry et al., 2006).

We demonstrated that 3D cardiac constructs had an ET of
2.5 V and MCR of 5.8Hz (Radisic et al., 2004). A lower ET
and higher MCR are indicative of more complete electrical
and cellular connections between CM (Radisic et al., 2004).
The higher ET and lower MCR in this study (Fig. 2)
compared to cardiac constructs may in part be explained
by the 2D nature of the monolayers in the present study,
with fewer cell–cell connections in 2D compared to 3D
constructs. Force of contraction is influenced by the extent
to which cell–cell contacts are formed but substrate rigidity
may override this (Yeung et al., 2005). The displacement of
the fluorescent beads during CM contraction, stimulated by
identical voltages of 12 V/cm for all groups, decreased with
increasing gel stiffness (Fig. 3A). Conversely, the force of
contraction per unit area was directly proportional to the PA
gel stiffness (Fig. 3C), increasing with increasing gel stiffness.
This suggests that the force generation by CM can be
predictably influenced by the substratum on which they are
seeded. The reported displacement (Fig. 3A) includes both
the displacement of the beads relative to the PA gel and the
rigid body movement of the PA gel through the field of view.
The strains were calculated based on differences between
bead displacements, which eliminate rigid body movement.
Thus, although there may be no significant difference in
total displacements, there can be significant differences in
the calculated strains (Fig. 3B) and stresses (Fig. 3C), as was
the case here. The contraction stress is related to the stiffness
of the gel through the strain. Thus, the contraction force
trend over multiple gel types depends not only on the
individual gel stiffness but also the trend with which strains
change on different gels. It is possible that contraction force
may not increase proportionally with gel stiffness, depend-
ing on the relative strain response. However, in this case
we did observe that contraction force (Fig. 3C) was
proportional to gel stiffness (Fig. 3B).

In order to determine the substrate stiffness that yields
desirable functional properties in heart cells, electrical
excitability (Fig. 2), and contraction force data (Fig. 3) need
to be considered simultaneously. The cells on the 144 kPa PA
gels and the infinite stiffness glass substrates could be not
induced to contract synchronously using reasonable
voltages up to 10V/cm (Fig. 2). Thus, for the contraction
force measurement, the stimulation voltage was increased to
Bhana et al.: Substrate Stiffness and Phenotype of Heart Cells 7
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Figure 5. Immunostaining for troponin I (green) and vimentin (red) at 12 and 120 h incubation. Cell nuclei stained in DAPI (blue). A: 12-h incubation: (i) 3 kPa, (ii) 22 kPa,

(iii) 50 kPa, (iv) 144 kPa, (v) glass (infinite stiffness). B: 120-h incubation: (i) 3 kPa, (ii) 22 kPa, (iii) 50 kPa, (iv) 144 kPa, (v) glass (infinite stiffness). Images at 10� magnification using

fluorescence microscopy. Scale bar¼ 60mm. [Color figure can be seen in the online version of this article, available at www.interscience.wiley.com.]
12V/cm, to ensure that cells in all substrate groups were
contracting. To assess the contraction stress, the hydrogels
were analyzed around areas where synchronous and
rhythmical beating was observed. Since only CMs are
8 Biotechnology and Bioengineering, Vol. xxx, No. xxx, 2010
capable of synchronous and rhythmic contractions, these
areas must have contained CM. The poor electrical
excitability in the 144 kPa group is likely the result of FB
overgrowth and a low percentage of CM in this group



Figure 6. Elongation and aspect ratio of heart cells as a function of substrate stiffness measured from phase contrast images. A, B: Influence of substrate stiffness on

elongation (axial cell length) of (A) fibroblasts (vimentinþ) and (B) cardiomyocytes (cardiac troponin Iþ) as determined from immunostaining. C, D: Influence of substrate stiffness

on aspect ratio (ratio of axial cell length to radial length) of (C) fibroblasts (vimentinþ) and (D) cardiomyocytes (cardiac troponin Iþ) as determined from immunostaining. Error bars

denote standard deviation. Statistical analysis performed using one-way ANOVA, P< 0.05 considered significantly different. #Significantly lower than the same group at 120 h. The

measurements were determined from two independent experiments. There were three samples per group, with three pictures per sample taken at 10�. On average, 20 cells were

evaluated at 12 h and 33 cells at the 120 h time point per antibody, per group. [Color figure can be seen in the online version of this article, available at www.interscience.wiley.com.]
(Figs. 5 and 7) at the end of cultivation. Further studies are
required, where different percentages of CM and FB will be
seeded on the substrates of the identical stiffness to elucidate
how contraction force is affected by the cell ratio,
independent of the substrate stiffness.

Thus, the only group combining reasonable levels of
electrical excitability (Fig. 2) and high contraction force
(Fig. 3C) was the 50 kPa gel of stiffness consistent with the
native heart. In previous studies, a contraction force between
1 and 2mN/mm2 was reported in the EHT (Zimmermann
et al., 2002, 2006), whereas the contraction force for
papillary muscle can go up to 56mN/mm2 (Hasenfuss et al.,
1991). Thus, the values reported here (e.g., 1.60� 0.6mN/
mm2 for the 50 kPa substrate, Fig. 3C) are within the
physiological range and in agreement with previous
findings. The increase in the contraction force in 3–
50 kPa substrates (Fig. 3C) is consistent with the increase in
cell length and aspect ratio (Fig. 6) as well as the increase in
the number of cells exhibiting developed striations (Fig. 8).
However, the high contraction force on the 144 kPa
substrates is most likely influenced by the presence of a
larger number of FB in this group (Fig. 5Biv). It has been
demonstrated that stimulation of contraction in ventricular
CM co-cultured with myofibroblasts induces the rise of
intracellular Ca2þ in myofibroblasts (Chilton et al., 2007),
which may affect overall force generation.

The greatest degree of heart cell elongation at 50 kPa
stiffness (Figs. 5 and 6) increased the opportunity for cell–
cell contacts between the CM, which was critical for the
development of a synchronous contractions (Boublik et al.,
2005). A more compliant substrate (e.g., 3 kPa) may be
detrimental to CM elongation, since it would not provide
the resistance needed for CM to elongate by lamellipodial
protrusions. C2C12 myoblasts grown on substrates from
3 to 400 kPa, exhibited less cell spreading and focal adhesion
formation on soft films but formed elongated myotubes
with more developed striations on stiffer films (Ren et al.,
2008).

Consistent with our observations (Figs. 3B and 5B) others
have reported faster cell proliferation on stiffer substrates
(Kong et al., 2005; Loftis et al., 2003; Rowley and Mooney,
2002; Wang et al., 2000; Yip et al., 2007). Thus, on the
substrate of infinite stiffness such as glass, FB proliferation
was enhanced. This lead to the higher cell density and as a
result, to competition amongst the cells for the substrate
attachment sites as well as oxygen and nutrients. Thus, the
Bhana et al.: Substrate Stiffness and Phenotype of Heart Cells 9
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Figure 7. Influence of substrate stiffness on cell composition at 12 and 120 h of culture. A: Cardiac troponin I identifying cardiomyocytes. B: Vimentin identifying non-

myocytes, mostly fibroblasts. Expressed as a percentage of the area stained positive relative to the total stained area. Error bars denote standard deviation. Statistical analysis

performed using one-way ANOVA, P< 0.05 considered statistically different, n¼ 9.
cell viability was decreased on the glass substrate (Fig. 3A).
In addition, there may be some stiffness related effects that
decreased the cell viability on the glass substrate, since the
144 kPa substrate also exhibited a high cell density at the end
of cultivation Figure 3B, with a high FB percentage
(Figs. 5Biv and 7B) but it did not exhibit the decrease in
cell viability (Fig. 3A).

Taking into account that the composition of the heart cell
isolate after one pre-plating step is �64% CM and �36%
non-myocytes, the latter of which are mostly FB (Brown
et al., 2008; Murthy et al., 2006) it is possible to see that the
substrates of stiffness 50 and 144 kPa maintained this ratio
12 h after seeding (Fig. 7). At these surfaces, proliferation of
FB at later time points (120 h) may have contributed to the
increase in their relative percentage. Since after 12 h, there
10 Biotechnology and Bioengineering, Vol. xxx, No. xxx, 2010
were 44% CM (Fig. 7A) and 56% FB (Fig. 7B) attached to
the 3 kPa surface, we concluded that 3 kPa surfaces likely
promoted the initial adhesion of FBs. At the 120 h time point
in this group, there were 52% CM (Fig. 7A) and 48% FB
(Fig. 7B), with no significant differences to the percentages
at 12 h as indicated by statistical analysis. The highest
percentage of FB on the infinite stiffness glass substrate
(Fig. 5) is consistent with the well-described phenomenon of
FB overgrowth in monolayer culture (Boateng et al., 2003;
Haddad et al., 1988). In comparison, the 50 kPa substrate
had a high fraction of CM at the end of cultivation (Fig. 5).
Matrix stiffness may describe the discrepancies observed in
heart cell culture on tissue culture plastics versus culture
in hydrogels or scaffolds for cardiac tissue engineering.
When CM and FB were seeded into hydrogels (Naito et al.,



Figure 8. Selected images of immunostaining for troponin I (green) and vimentin (red) at 120-h incubation. Cell nuclei stained in DAPI (blue): (i) 3 kPa; (ii) 22 kPa; (iii) 50 kPa,

(iv) 144 kPa, and (v) glass (infinite stiffness). All images taken at 10� magnification, cropped and enlarged to enhance detail focusing on cardiomyocytes. Scale bars¼ 30mm.

Inset shows sarcomeres at a higher zoom level, scale bar¼ 30mm. [Color figure can be seen in the online version of this article, available at www.interscience.wiley.com.]
2006) or scaffolds (Radisic et al., 2008b) no FB overgrowth
was observed, which may in part be due to the more
physiological stiffness of these substrates in comparison to
the high stiffness of tissue culture plastics.
As scar tissue contains a high density of cardiac FBs, it is
less conducive to contraction (Katwa, 2003; Wu et al., 2006).
It was found that CM in cardiac FB-conditioned medium
exhibited marked hypertrophy, diminished contractile
Bhana et al.: Substrate Stiffness and Phenotype of Heart Cells 11
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capacity, and a distinct phenotype (LaFramboise et al.,
2007). Our results indicate that substrates stiffer than
50 kPa, should be avoided for cardiac tissue engineering due
to the enhanced FB proliferation and overgrowth (Fig. 7).
The poor electrical excitability seen at the highest PA
stiffness (144 kPa, Fig. 2) and fewer striations at 144 kPa
(Fig. 8) may partially be due to the higher percentage of FB
in this group. Due to the enhanced proliferation of FB on
stiffer substrates (144 kPa, Fig. 7), the CM may be in direct
competition with the FB for adhesion sites. As a result of a
reduced number of available adhesion sites, CM elongation
may be hampered. The isotropic nature of the PA gels does
not direct CM to elongate in a uniform direction. In future
studies, micropatterned surfaces of varying stiffness should
be explored to facilitate cell–cell junctions in a linear
orientation. Further studies are required to elucidate the
mechanisms governing stiffness-driven cytoskeletal rear-
rangement and the effect of substrate stiffness in 3D
environment.
Conclusion

Our results indicate that the stiffness of the extracellular
environment affects the phenotype and contractile proper-
ties of the heart cells. Overall, taking into account the
elongated cell phenotype, maintenance of CM/FB ratio,
ability to contract and develop force in response to electrical
field stimulation, and the proportion of cells with well-
defined sarcomeres and striations, our findings indicate that
substrates of stiffness �50 kPa are the most desirable for
cultivation of heart cells. This range is consistent with the
stiffness of the native rat heart. The results from this study
bring us a step closer to understanding how the mechanical
properties of the extracellular environment influence the
phenotype of CM and FB under conditions relevant for
cardiac tissue engineering. Thus, both the chemical and
mechanical properties of the ECM should be considered in
the design of scaffolds for cardiac tissue engineering.
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