
Optimizing Blended Collagen-Fibrin Hydrogels for Cardiac Tissue
Engineering with Human iPSC-derived Cardiomyocytes
Nicholas J. Kaiser, Rajeev J. Kant, Alicia J. Minor, and Kareen L.K. Coulombe*

Center for Biomedical Engineering, Brown University, Providence, Rhode Island 02912, United States

*S Supporting Information

ABSTRACT: Natural polymer hydrogels are used ubiquitously as scaffold materials for cardiac tissue engineering as well as for
soft tissue engineering more broadly because of FDA approval, minimal immunogenicity, and well-defined physiological
clearance pathways. However, the relationships between natural polymer hydrogels and resident cell populations in directing the
development of engineered tissues are poorly defined. This interaction is of particular concern for tissues prepared with iPSC-
derived cell populations, in which population purity and batch-to-batch variability become additional critical factors to consider.
Herein, the design space for a blended fibrin and collagen scaffold is characterized for applications in creating engineered
myocardium with human iPSC-derived cardiomyocytes. Stiffness values of the acellular hydrogel formulations approach those of
native myocardium in compression, but deviate significantly in tension when compared to rat myocardium in both transverse
and longitudinal fiber orientations. A response surface methodology approach to understanding the relationship between
collagen concentration, fibrin concentration, seeding density, and cardiac purity found a statistically significant predictive model
across three repeated studies that confirms that all of these factors contribute to tissue compaction. In these constructs,
increased fibrin concentration and seeding density were each associated with increased compaction, while increased collagen
concentration was associated with decreased compaction. Both the lowest (24.4% cTnT+) and highest (60.2% cTnT+)
cardiomyocyte purities evaluated were associated with decreased compaction, whereas the greatest compaction was predicted to
occur in constructs prepared with a 40−50% cTnT+ population. Constructs prepared with purified cardiomyocytes (≥75.5%
cTnT+) compacted and formed syncytia well, although increased fibrin concentration in these groups was associated with
decreased compaction, a reversal of the trend observed in unpurified cardiomyocytes. This study demonstrates an analytical
approach to understanding cell−scaffold interactions in engineered tissues and provides a foundation for the development of
more sophisticated and customized scaffold platforms for human cardiac tissue engineering.
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1. INTRODUCTION

Over the past decade, the field of tissue engineering has
witnessed increased focus on scaffold materials used to create
engineered tissues, due to both improved understanding of the
substantial role that substrates can play in cell development
and function, as well as advances in material technologies in
terms of customization, cost, and accessibility. Recent studies
have shown that substrate material properties alone can
significantly alter cell phenotype, growth rate, and differ-
entiation pathway.1−3 As a result, substrate and scaffold
properties such as stiffness, remodeling rate, and ligand density
have expanded material selection considerations well beyond
simple biologic inertness. Concurrently, fabrication techniques

such as electrospinning, wet spinning, salt leeching, and 3D
printing with biocompatible polymers have necessitated the
development of scaffold materials with both complex and
extremely diverse properties and geometries, allowing for
increased control over these very same variables.4−7

However, these great strides in identifying, categorizing, and
manipulating cell−material interactions have not been
matched with a comparable understanding of the mechanisms
of cell−dense engineered tissue formation. Attempts to define
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the role of substrate parameters in cell or tissue function have
typically been singular in their approach, evaluating the
influence of a single variable on tissue function, which
oversimplifies the interconnected parameter space of engi-
neered tissues.8−10 As a result, predictive tissue scaffold models
have been limited in their scope.11−13 Many of these
characterization studies focus on responses exclusively at the
cellular level and employ analytical formats and materials
unsuitable for direct translation to tissue scale application.
Although more sophisticated statistical approaches are
increasingly used to address other challenges related to tissue
engineering, such as the optimization of stem cell differ-
entiation,14,15 biomaterial fabrication,16 and imaging proto-
cols,17 these same methods have not been applied to hydrogel-
based cardiac tissues. This has led to the identification of tissue
scaffold compositions for specific cell populations primarily
through trial-and-error, and limited data has been published to
justify the selected components.
Within the cardiac tissue engineering niche, there are diverse

and evolving approaches to producing engineered myocar-
dium. Once common to the field, poorly defined additives and
supplements derived from basement membrane, such as
Matrigel and Geltrex, are being eliminated because of an
emphasis on reproducibility and translation. Although both
natural and synthetic polymer scaffolds are often used, simple
hydrogels are often favored because of their ease-of-use and the
ability to seed a high number of cells in a small volume, relative
to other scaffold modalities such as premade scaffolds seeded
later with cells. Natural polymers have a high density of cell
binding sites, relatively high rate of remodeling by resident
cells with nontoxic byproducts, and off-the-shelf availability.
However, they are typically lacking in mechanical stiffness and
strength that can be achieved with synthetic materials. Both
collagen hydrogels with concentrations ranging from 0.5 to 1.5
mg/mL18−23 and fibrin hydrogels with concentrations ranging
from 2.0 to 4.0 mg/mL24−26 have been used frequently as
cardiac tissue scaffolds, but there is no evidence in the
literature of these two hydrogels used in blends.
Collagen I is the predominant structural protein in the

human body, as well as in native myocardium. Characterized
by the triple helical molecular structure typical of all collagens,
collagen I self-assembles into fibrils composed of interleaved
individual molecules, which are further organized into collagen
fibers of varying diameters in native tissue. In tissues exposed
to high mechanical stresses, such as tendons, ligaments, and
muscle, these fibrils and fibers are oriented parallel to the
stresses, maximizing their tensile mechanical contributions. In
the myocardium, collagen fibers are the primary component of
the endomysium, forming the long channels that surround the
cardiac muscle bundles and contributing to the anisotropy of
native myocardium. Although most collagen hydrogel scaffolds
are initially unorganized, it has been demonstrated that
organization can be imparted over time via stresses applied
by resident cells.30

Fibrin is a critical component of the wound healing cascade,
wherein it provides vital, temporary structural reinforcement
and stability to blood clots for hemostasis before degrading via
fibrinolysis as the vessel wall is repaired and new extracellular
matrix (ECM) deposited. In vivo, fibrin can be completely
degraded just hours after polymerization.31,32 Fibrin can also
rapidly degrade in vitro due to plasmin and nonplasmin
proteases present in cell media and produced by resident cells.
When fibrin is used as a scaffold component it is typically used

with a fibrinolysis inhibitor, such as aprotinin or aminocaproic
acid, to increase fibrin persistence. Fibrin has great utility as a
tissue scaffold because of its potential for rapid polymerization
when exposed to thrombin (on the order of seconds to
minutes) and due to its ability to be prepared at much greater
concentrations than collagen (up to ∼100 mg/mL compared
to ∼10 mg/mL), which facilitates its use in forming tissue
constructs and allows it to contribute substantially to construct
mechanical properties.
Beyond scaffold composition, engineered cardiac tissues also

differ significantly from each other in their initial cell
population and seeding density. It is well-accepted that there
are functional differences between native cardiomyocytes and
those derived from stem cells, but there can also be significant
variability based on factors such as source animal species and
age, passage number, purity, differentiation protocol, and even
differentiation batch.33−35 Because of the low growth rate of
mature cardiomyocytes (from ≤1% in adult native cardiomyo-
cytes36 to 2.7% in 6 week old human embryonic stem cell
derived cardiomyocytes37,38) the initial seeding density of
cardiomyocytes in the fabrication of engineered myocardium is
also a major factor in driving cell-scaffold interactions and
tissue formation. Seeding density values from the literature
range widely from 2.5 to 17 million cells/mL.21−23,25 For all of
these reasons, there is unlikely to be a single engineered
myocardium scaffold that yields desired results with all cell
types and seeding densities, but rather a spectrum of scaffold
parameter sets that can be tuned to compliment a given cell
population.
Herein, we present an innovative approach to characterizing

the impact of both cell population and scaffold composition on
engineered myocardium formation and function. We believe
that employing a multifactor design of experiments approach,
entirely in a 3D format, will yield a more complete
understanding of the ways in which cells and scaffolds interact
to form functional engineered tissues. It is our aim that this
study will serve as a foundation for the development of more
sophisticated and highly functional engineered cardiac tissues
in the future.

2. MATERIALS AND METHODS
2.1. Fabrication of PDMS Tissue Molds. Custom polydime-

thylsiloxane (PDMS) molds with rectangular troughs 3 mm wide and
either 9 mm or 17 mm long were used to prepare cellularized and
acellular hydrogels, respectively, for tensile mechanics and compaction
characterization. Circular molds 5 mm in diameter were fabricated for
acellular compression mechanics. All molds were fabricated using a
previously described technique utilizing laser cut acrylic master
molds.39,40 Briefly, negative acrylic master molds were designed in
Adobe Illustrator (Adobe System Inc., San Jose, CA) and then
fabricated on a ULS 6.75 model laser cutter equipped with a 75 W
laser. Sylgard 184 (Dow Corning, Midland, MI) PDMS was prepared
according to the manufacturer’s specifications (10:1 base:curing
agent) and cast over the etched surface of the master mold. Molds
were cured overnight in a 60 °C oven, autoclaved, and then
positioned at the bottom of the wells of an untreated polystyrene six
well plate. No adhesive was necessary to hold the molds in place in
the wells for the new PDMS molds, likely due to the hydrophobicity
of both the PDMS and polystyrene surfaces.

2.2. Cardiac Differentiation and Lactate Purification.
Cardiomyocytes were differentiated from human induced pluripotent
stem cells (hiPSCs; Gibco human episomal iPSCs or GCaMP6 WTC
hiPSCs from The Gladstone Institutes) using chemically defined
conditions and small molecule modulation of the Wnt signaling
pathway as previously described.23,39 Briefly, hiPSCs cultured on
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vitronectin (Gibco)-coated 10 cm polystyrene tissue culture plates
were treated with 6 μM Chiron 99021 (Tocris), a glycogen synthase
kinase 3 (GSK3) inhibitor at day 0, followed by 5 μM IWP2 (Tocris),
a Wnt inhibitor at day 3. Cardiac phenotype, demonstrated by beating
behavior, is typically first observed between day 10 and day 14.
Cardiomyocytes differentiated from hiPSCs were used for the
fabrication of cellularized constructs between differentiation day 14
and 18, unless designated for lactate purification. Cardiomyocytes
designated for lactate purification were harvested on day 15 and
replated to new culture vessels coated with Matrigel on day 15 in
RPMI 1640 medium with B27 supplement (RPMI+B27; Gibco).
These cells were deprived of media change from day 16 to 19 and
were fed with lactate media (DMEM without glucose, L-glutamine,
phenol red, sodium pyruvate and sodium bicarbonate (D-5030,
Sigma) + 4 mM L-glutamine, 1X Non-Essential Amino Acids, and 4
mM lactate, pH 7.4) on day 20 and day 22. Lactate purified cells were
fed with RPMI+B27 on day 24 and then harvested to seed tissues on
day 26. Cardiac purity was measured via flow cytometry analysis on
every batch of cells used for the preparation of cellularized constructs.
Purity was defined by the percentage of cardiac troponin T (cTnT)
positive cells.
2.3. Preparation of Collagen and Fibrin Hydrogels Seeded

with hiPSC-Derived Cardiomyocytes. Detailed methods for
preparing collagen and fibrin hydrogel constructs seeded with
cardiomyocytes have been described previously.39,40 Briefly, prior to
cellularized construct preparation, custom molds were prepared for
tissue culture by placing autoclaved PDMS molds at the bottom of the
wells of an untreated six-well plate and treating with oxygen plasma to
reduce the hydrophobicity of the PDMS surface.
Blended collagen I and fibrin hydrogels seeded with cardiomyo-

cytes were prepared by combining neutralized collagen, fibrinogen,
thrombin, and cell precursor mixtures immediately prior to casting.
The collagen precursor mix was prepared by neutralizing a 4.0 mg/
mL rat collagen I commercial stock solution (Advanced Biomatrix,
San Diego, CA) with 1 M sodium hydroxide to a pH of 7.4,
supplementing with 10× RPMI 1640 medium, and further diluting
with DI water to achieve 1X RPMI, as well as the targeted collagen
concentration (ranging from 0.8 to 1.6 mg/mL) in the casting mix.
The fibrinogen precursor mix was prepared by diluting a 100 mg/mL
bovine fibrinogen stock solution in construct media (RPMI+B27,
supplemented with bovine aprotinin to achieve 50 U/mL aprotinin)
as well as the targeted fibrinogen concentration (ranging from 0 to 20
mg/mL) in the casting mix. Finally, the cell precursor mix was
prepared by resuspending harvested cardiomyocytes in RPMI+B27 to
achieve the desired seeding density (9, 12, or 15 million cells/mL) in
the casting mix. The collagen precursor mix, cell precursor mix, and
cast mix were all kept on ice prior to casting. In the case of the
fractional factorial methodology studies, the precursor mixes were
combined in the wells of a chilled, untreated, 96-well plate to
accommodate the large number of unique formulations. Thrombin
was added immediately prior to casting. Specific formulations for the
fractional factorial and response surface methodology studies were
preferentially chosen based on which would lend the greatest amount
of statistical information to the respective models.41,42 Constructs
were stimulated at 1 Hz (section 2.4) during culture at 37 °C and 5%
CO2, fed with construct media every 48 h, and supplemented with 50
U/mL aprotinin every day between feeds to mitigate fibrinolysis.
2.4. Electrical Stimulation of Hydrogels Seeded with hiPSC-

Derived Cardiomyocytes. All cellularized constructs were stimu-
lated for the duration of the culture period using a C-Pace EP system
with six-well C-dish electrode assembly lids (IonOptix). This system
is composed of stimulator lids with pairs of carbon electrodes for each
well of a six well plate. Carbon electrodes extend into the culture
medium and are positioned on opposite sides of the engineered
tissues. A ribbon cable connects the stimulator lid to the stimulator
bank outside of the incubator. Constructs were field stimulated with a
1 Hz, 10.0 V, 4.0 ms duration bipolar pulse train for the full culture
period.
2.5. Preparation of Acellular Collagen and Fibrin Hydro-

gels. Acellular hydrogels were prepared using the same methodology

as the cellularized constructs with the cell precursor mix and construct
media replaced by PBS. Additionally, rather than treating the PDMS
surface with oxygen plasma prior to casting, the troughs of the PDMS
molds were lightly coated with canola oil to facilitate hydrogel release.

2.6. Mechanical Characterization of Hydrogels and Con-
structs. 2.6.1. Acellular Hydrogels. Acellular blended collagen and
fibrin hydrogels were evaluated in both compression and tension.
Compression testing was performed on 5 mm diameter hydrogel discs
cast 1.88 ± 0.06 mm thick, prepared using custom PDMS molds.
Hydrogels were allowed to polymerize for one hour at either 4 or 37
°C, and were then incubated for either 1 or 72 h at 37 °C in PBS in
the dark. Sample thickness was measured with a micrometer
immediately prior to testing. All compression testing was performed
unconfined, between two flat platens, with a 1 kN load cell, at a
constant strain rate of 1 mm/min (Instron E1000) until the limit of
the load cell was reached. Compressive Young’s modulus was
determined from a near-linear portion of the stress−strain curve in
the physiological range, usually between 0 and 5% strain, and is
referred to as compressive stiffness throughout.

A subset of the acellular hydrogel formulations tested in
compression, chosen to span the range of compressive stiffness values
observed, were selected for further evaluation under tension. Acellular
tensile samples were cast in custom 3 mm × 17 mm PDMS troughs,
1.29 ± 0.05 mm thick, with 0.5 mm diameter posts at either end.
Samples were allowed to polymerize for one hour at 37 °C and then
incubated further for either 1 or 72 h of incubation at 37 °C. Prior to
testing, samples were cut in half crosswise and thicknesses were
measured with a micrometer while widths and lengths were measured
with calipers. Each half of the construct was tested under tension on a
micromechanical system (Aurora Scientific) equipped with a 5 mN
load cell in a bath of PBS at 37 °C. All samples were tested at a
constant strain rate of 1 mm/min until failure. Tensile Young’s
modulus was determined from the linear region of the stress−strain
curve, usually between 15 and 25% strain, and is referred to tensile
stiffness throughout.

2.6.2. Cellularized Constructs. Both active and passive tensile
mechanical properties were analyzed for beating cellularized cardiac
tissue constructs. Cellularized constructs were prepared in custom
PDMS molds with troughs 3 mm (W) × 9 mm (L), with 0.5 mm
diameter posts at either end of the troughs. Constructs were
mechanically evaluated after 6 days of culture at 37 °C with 1 Hz
stimulation. Uniformity of beating was visually assessed and assigned a
score of 0 for no beating, 1 for localized regional beating, or 2 for
uniform beating throughout tissue. After mounting the tissue on the
mechanical setup and immediately prior to testing, bright field optical
microscopy images were collected (Olympus SZ40) for later image
analysis to determine initial sample dimensions. Both active and
passive mechanical testing was performed in a 37 °C bath of Tyrode’s
solution (1.8 mM CaCl2, 1.0 mM MgCl2, 5.4 mM KCl, 140 mM
NaCl, 0.33 mM NaH2PO4, 10 mM HEPES, 5 mM Glucose). Resting
tension was set to 10% above slack length. Active mechanical testing
was performed by measuring construct contraction force at strains of
5, 10, 15, 20, 25, and 30%, held for 120 s at each length to allow for
stress relaxation and electrically stimulated at 1 Hz during the final 20
s of each step to capture twitch contractions. Peak active stress is
calculated at 0.3 strain, normalized for cross-sectional area. The rate of
force or calcium rise is reported as upstroke velocity, Vup (in units of
stress/time or normalized calcium amplitude/time, respectively).
Passive testing uses eight precondition cycles at a rate of 1 mm/min
to 10% strain followed by pull-to-break at the same rate until sample
failure. Young’s modulus was determined from the linear region of the
stress−strain curve, usually between 15 and 25% strain.

2.7. Mechanical Analysis of Native Rat Myocardium. Passive
mechanical properties were analyzed for samples of native rat
myocardium. All animal procedures were conducted in accordance
with the U.S. NIH Policy on Humane Care and Use of Laboratory
Animals and the Brown University Institutional Animal Care and Use
Committee (IACUC protocol No. 1310000025). Immediately after
harvest, whole rat hearts were washed, ventricles opened to expose the
endocardium, and stored in Tyrodes solution with a protease inhibitor

ACS Biomaterials Science & Engineering Article

DOI: 10.1021/acsbiomaterials.8b01112
ACS Biomater. Sci. Eng. 2019, 5, 887−899

889

http://dx.doi.org/10.1021/acsbiomaterials.8b01112


cocktail at 4 °C. Tissue samples were dissected and analyzed within 6
h. Compression samples were collected as discs with sharp dissection
via a 5 mm biopsy punch through the full thickness of the left
ventricular myocardial layer. Compression testing was performed
unconfined, between two flat platens, with a 1 kN load cell, at a
constant strain rate of 1 mm/min until the limit of the load cell was
reached. Young’s modulus was determined from the linear portion of
the stress−strain curve, usually between 0 and 5% strain. Tensile
samples were collected as strips approximately 2 mm × 10 mm via
sharp dissection with microsurgical spring scissors from the epicardial
layer (∼1/4 wall thickness). Special care was taken to collect tensile
samples with a long axis either parallel to the circumferential
epicardial muscle fibers (referred to as longitudinal samples) or
perpendicular to these muscle fibers (referred to as transverse
samples, refer to Figure S1 for further clarification). Tensile testing
was performed in a 37 °C bath of Tyrode’s solution with eight
preconditioning cycles at a rate of 1 mm/min to 10% strain followed
by pull-to-break at the same rate until sample failure. Young’s

modulus was determined from the linear region of the stress−strain
curve, usually between 15 and 25% strain.

2.8. Construct Compaction Assay. Construct compaction was
evaluated through a nondestructive, longitudinal imaging assay.
Cellularized tissues cast in custom PDMS troughs 3 mm × 9 mm
were prepared in six-well plates as described above. Constructs were
imaged via bright field optical microscopy at 4, 24, 48, 72, 96, and 120
h time points. Images were then analyzed in ImageJ (Schneider,
2012) to determine visible two-dimensional construct areas.

2.9. Immunofluoresence Staining and Sarcomere Length
Analysis. Immunostaining was performed as previously described.23

Briefly, cellular constructs were fixed immediately after mechanical
testing in 4% paraformaldehyde (MilliporeSigma) for 10 min then
processed into frozen blocks with OCT and sectioned into 5 μm
slices. Sections underwent antigen retrieval with a proteinase K digest
(10 μg/mL; Roche) for 5 min at 37 °C prior to staining for
sarcomeric alpha-actinin (α-actinin), connexin 43 (Cx43), and cell
nuclei (DAPI). Images were taken with an Olympus FV3000
Confocal Microscope and processed using ImageJ. Sarcomere length

Table 1. Composition of Engineered Cardiac Tissue Constructs Reported in the Literature

research group hydrogel composition protein concentration cell type (s) seeding density (cells/mL)

Black25 fibrin 3.3 mg/mL neonatal rat CM 4.9 × 106

Coulombe23 collagen I 1.25−1.5 mg/mL hiPSC-CM 17 × 106

Eschenhagen18,19 collagen I and Matrigel 0.56−0.89 mg/mL neonatal rat CM 1.1 × 106 to 11 × 106

Murry20 collagen I and Geltrex 1.25 mg/mL hESC/iPSC-CM 20 × 106

Radisic27,28 Davol ultrafoam + Matrigel 7.5 mg/mL neonatal rat CM + C2C12 67 × 106 to 123 × 106

Tranquillo24 fibrin 2−4 mg/mL hiPSC-CM 3 × 106 to 5 × 106

Vunjak-Novakovic29 porous PGS coated with laminin N/A, solid neonatal rat CM 146 × 106

Zimmerman21 collagen I 0.8−1.2 mg/mL hiPSC-CM or neonatal rat/mouse 2.5 × 106 to 3 × 106

Figure 1. Unconfined compression of acellular blended hydrogels and native rat myocardium. (A) Unconfined compression testing apparatus with
hydrogel disc on platen. (B) Unconfined compressive Young’s modulus of hydrogel formulations shown from least to most stiff, with the
formulation and processing parameters for each gel defined in the table below. Red boxes indicate low factor levels and green boxes indicate high
factor levels. The blue line indicates the mean unconfined compressive Young’s modulus of adult rat myocardium tested under the same conditions.
(C, D) Representative unconfined compressive stress−strain plots for rat myocardium and Gel 16 from 0 to 30% and 0 to 5% strain, respectively.
(E−G) Interaction plots for the influence of polymerization temperature, time in culture, and fibrin concentration on hydrogel stiffness. Black
symbols and lines represent the low polymerization temperature (4 °C), whereas red symbols and lines represent high polymerization temperature
(37 °C). Blue lines represent mean compressive stiffness of adult rat myocardium.

ACS Biomaterials Science & Engineering Article

DOI: 10.1021/acsbiomaterials.8b01112
ACS Biomater. Sci. Eng. 2019, 5, 887−899

890

http://pubs.acs.org/doi/suppl/10.1021/acsbiomaterials.8b01112/suppl_file/ab8b01112_si_001.pdf
http://dx.doi.org/10.1021/acsbiomaterials.8b01112


was analyzed by taking the average distance between the midpoint of
continuous sarcomeres for regions with a minimum of 3 visible bands
aligned with the major axis of the construct.
2.10. Statistical Analysis. All statistical analyses were performed

in Prism 7 (GraphPad Inc., San Diego, CA). For comparison between
two groups, Student’s t tests were used. For comparisons of more than
two groups, one way analysis of variance (ANOVA) with multiple
comparisons and Tukey’s posthoc test was used. Error bars represent
standard error of the mean unless otherwise noted. Group differences
were considered statistically significant for p-values <0.05.

3.0. RESULTS

3.1. Collagen and Fibrin Modulate Acellular Con-
struct Stiffness. Investigation of acellular blended hydrogel
compressive mechanical properties was performed via a two-
level fractional factorial approach to assess how these natural
matrix proteins interact in the absence of cellular remodeling.
A total of five hydrogel formulations and processing
parameters were considered, namely collagen concentration,
fibrin concentration, aprotinin concentration, polymerization
temperature, and time in culture. Two levels were evaluated for
each factor, referred to as “low” and “high” for convenience.
Low and high factor levels were chosen based on the lower and
upper bounds of tolerances necessary for cell viability,
historical data from our lab,23,39 and values previously reported
in the literature21,22,25−27,43 (Table 1). Higher levels of
collagen and fibrin were chosen to emulate the density of
ECM in compacted engineered tissues for analysis of acellular
samples. The fractional factorial approach leverages linear
regression statistics to reduce the number of trials that must be
conducted to quantify the impact of each factor on a response,
at the cost of the ability to isolate high order interactions from
the system. According to the sparsity-of-effects principle, such
interactions are rare and are unlikely to have a significant effect
on a response of interest.41 Sixteen individual hydrogel
formulations were defined as combinations of these high and
low levels for each factor and tested in compression (Figure
1B).
Unconfined compressive Young’s modulus values ranged

from 0.50 ± 0.22 to 3.73 ± 0.91 kPa across all formulations,
spanning the mean value measured for native rat myocardium
(2.67 ± 0.61 kPa, Figure 1B). Both hydrogels and native
myocardium stress/strain curves demonstrated strain-stiffening
phenomena typical of natural polymers and native tissue. High
levels of both time in culture and polymerization temperature
were associated with increased hydrogel compressive stiffness

(green squares in table of Figure 1B), and were found to be
significant factors (p < 0.05) in the fractional factorial analysis
(see Table S4). Collagen concentration and aprotinin
concentration had no significant impact on blended hydrogel
compressive stiffness. The stiffest gel, number 16, showed good
agreement with the nonlinear toe region of native rat
myocardium (Figure 1C), particularly in the physiological
range of strain (Figure 1D). Interestingly, high fibrin
concentration also significantly increased hydrogel stiffness,
but the increase was only apparent after 72 h of incubation in
PBS in the dark (Figure 1E−H). Although the fibrin and
thrombin concentrations were sufficient to induce polymer-
ization within 5−10 min, well before the start of testing, it is
possible that additional cross-links or molecular interactions
(including fibrin−fibrin or fibrin-collagen interactions) devel-
oped during the extended incubation, which altered the
compressive mechanical properties associated with initial fibrin
concentration.
Native myocardium experiences both compressive and

tensile forces in vivo,44 and for this reason, tensile testing
was done on a subset of four formulations, spanning the range
of measured compressive stiffness values and containing high
(2 mg/mL) collagen. For comparison, rat cardiac tissue
samples were characterized in both long and transverse fiber
directions (see details in Methods, section 2.7) due to the
anisotropic architecture of native myocardium.
Tensile stiffness ranged from 0.28 ± 0.04 to 3.48 ± 0.33 kPa,

which was well-below the tensile stiffness values found for
native rat myocardium (30.80 ± 2.71 kPa in the long fiber
direction and 16.58 ± 1.85 kPa in the transverse fiber
direction, Figure 2B-D). These stiffness values and the
anisotropic ratio of approximately 2:1 are similar to values
reported in the literature.45,46 Again, both the hydrogels and
native myocardium stress/strain curves demonstrated
the strain-stiffening phenomenon. Gels with low fibrin
concentrations had lower stiffness values versus those with
high fibrin concentrations at one hour (blue bars, Figure 2B).
However, tensile stiffness of both of the low fibrin
concentration gels increased after 72 h of culture, while there
was no significant change in tensile stiffness of the other groups
with culture time. This may indicate that collagen assembly
enabled increased tensile stiffness at 72 h in gels with low fibrin
(purple bars in gels 2 and 8, Figure 2B), and that either
increased fibrin presence interfered with collagen fibril
formation or there was no additive benefit of high fibrin to

Figure 2. Tensile analysis of acellular blended hydrogels and native rat myocardium. (A) Micromechanics setup consisting of a 37 °C PBS bath
with platinum electrodes, lever arm of rapid stepper motor (right), and 5 mN load cell (left) used for mechanical analysis. (B) Young’s modulus for
hydrogel formulations (n = 3 for all groups) for 1 h (blue) and 72 h (purple) samples (n = 3, *P < 0.05). (C) Representative stress/strain curves for
longitudinal (Long., orange) and transverse (Trans., teal) fiber native rat myocardium samples. Note distinct toe regions under 20% strain. (D)
Mean adult rat myocardial stiffness data collected from samples prepared with long and transverse fiber orientations collected from two adult rats (n
= 5, *P < 0.05).

ACS Biomaterials Science & Engineering Article

DOI: 10.1021/acsbiomaterials.8b01112
ACS Biomater. Sci. Eng. 2019, 5, 887−899

891

http://pubs.acs.org/doi/suppl/10.1021/acsbiomaterials.8b01112/suppl_file/ab8b01112_si_001.pdf
http://dx.doi.org/10.1021/acsbiomaterials.8b01112


tensile stiffness at 72 h in gels with high fibrin (purple bars in
gels 10 and 16, Figure 2B), limiting the tensile stiffness of the
material.
3.2. Tissue Formulation Influences Compaction.

Analysis of the acellular blended hydrogels indicated that
fibrin concentration was the most direct method of
manipulating blended hydrogel tensile and compressive
stiffnesses, with time in culture and collagen concentration
playing lesser roles. Knowing that cellular adhesions to the
matrix proteins would significantly remodel the tissue with
time, we hypothesized that an optimum tissue formulation
could be defined by testing a wider range of fibrin
concentrations without changing other parameters using
hiPSC-derived cardiomyocytes. However, when cellularized
constructs were prepared with fibrin concentrations ranging
from 5 to 20 mg/mL in the presence of 2 mg/mL collagen,
constructs failed to compact and resume a beating phenotype
two of the three times the experiment was repeated (Figure
S2A). Flow cytometry analysis of cardiac purity based on cTnT
protein expression revealed differences in construct diameter
for cardiac purities ranging from 13 to 77% cTnT+, suggesting
purity plays an important role in tissue development by
modulating tissue compaction. Considering that tissue
compaction, a process through which resident cells adhere to
and remodel the surrounding matrix, is a necessary precursor
to functional cardiac tissue formation, a pilot study was
conducted to evaluate the role of collagen concentration and
seeding density on tissue compaction (Figure S2B). This study
had 49.7% cTnT+ cells and used a narrowed range of collagen,
from 0.8 to 1.2 mg/mL, based on what is prevalent in the
literature (see Table 1) and what has worked successfully for
our lab in the past.23,39 This pilot study showed that higher cell
density (pink lines) and lower collagen concentration (lighter
colors) enabled the greatest compaction (i.e., smallest
construct diameter; Figure S2). Together, these experiments
with cellularized constructs suggest that collagen concen-
tration, fibrin concentration, seeding density, and cell purity all
impact construct compaction, and therefore merit inclusion as
factors in a broader set of cell-based experiments.
To evaluate tissue formation, we chose a response surface

methodology (RSM) approach to assess the impact of each
factor and two-level factor interactions on tissue compaction
rather than using an empirical approach that would require a
higher number of test groups. Collagen concentration, fibrin
concentration, and seeding density were each considered as
factors, each with three evenly spaced levels, in each iteration
of the compaction assay experiment. Low, medium, and high
levels for each factor were selected based on values from the
literature (Table 1) and informed by the acellular mechanics
and pilot compaction studies (see Table 2). By traditional
methods, this selection of factors and levels would have
required the evaluation of 27 groups in triplicate, for a total of
81 constructs.

Instead, specific formulations to test were selected based on
a standard three factor, three level Box-Behnken design.41 This
design format prescribed 13 construct formulations, each of
which was prepared in triplicate in each run of the experiment.
Additionally, one center point group was repeated across each
of the two six-well plates used for each experiment as a control
to assess and minimize variability between plates, for a total of
42 constructs in each run of the experiment with a single batch
of hiPSC-derived cardiomyocytes (Figure 3).
To incorporate cardiomyocyte purity as a fourth factor, the

full experiment was repeated three times with discrete batches
of hiPSC-derived cardiomyocytes. Flow cytometry samples
collected during harvest were used to assign a cardiomyocyte
purity to each run. Data collected across three of these runs
with purities of 24.4, 30.2, and 60.2% was successfully
incorporated into a single significant predictive model, with a
nonsignificant lack-of-fit to the collected data (Figure 4).
Figure 4 is a discrete representation of the continuous model

generated from the data collected in this experiment. Each of
the nine contour plots represents the model’s prediction of
visible construct area in mm2 (a metric of compaction) for a
given cardiac purity value (major y-axis) and fibrin
concentration (major x-axis) after 72 h in culture, at which
point compaction had stabilized. Within each contour plot,
construct area values specific to a given collagen concentration
(minor y-axis) and seeding density (minor x-axis) can be
found. Blue areas represent small visible construct areas,
associated with high degrees of compaction, whereas red areas
represent high visible construct areas, associated with low
degrees of compaction. A complete numeric representation of
this and all other presented models can be found in the
Supporting Information.
Increased fibrin concentration and initial seeding density

were both associated with increased construct compaction,
while increased collagen concentration was associated with
decreased compaction. Cardiac purity was the predominant
factor influencing construct compaction and our data shows
nuances not yet reported in cardiac tissue engineering. The
least compaction was observed with the lowest cardiomyocyte
purity (24.4%), suggesting that cardiomyocyte-ECM adhesions
are crucial for hydrogel remodeling and tissue compaction.
Interestingly, the highest cardiomyocyte purity (60.2%) was
associated with moderate compaction that increased with
increasing fibrin concentration to a minimum area of about 5
mm2. The greatest compaction was predicted to occur with
cardiomyocyte purities ranging from 40 to 50%, also
demonstrating reduced area to a minimum of about 4 mm2

with increasing fibrin concentration (Figure S4).
While these experiments identified construct formulations

that consistently yielded high degrees of compaction, only two
formulations produced uniformly beating constructs across all
three of the trials (Figure 4) and therefore predictive models
for functional mechanics such as contractility were not
generated from these experiments. We hypothesized that
disruption of the cardiac electrical syncytium was occurring
due to the noncardiomyocyte cell population in spite of high
levels of compaction. Thus, we repeated this experiment a
fourth time with lactate purified cardiomyocytes having 75.5%
cTnT+ cells (Figure 5A).

3.3. Robust Compaction and Beating is Associated
with Increased Stiffness and Force Production. Passive
and active mechanical characteristics were quantified in
constructs containing lactate purified cardiomyocytes where

Table 2. Factors and Levels Considered in Each Run of the
Compaction Assay

low medium high

collagen (mg/mL) 0.8 1.2 1.6
fibrin (mg/mL) 0 4 8
seeding density (1 × 106/mL) 9 12 15
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Figure 3. Compaction assay schematic for a single hiPSC-CM batch. (A) One batch of hiPSC-CMs is harvested, a FACs sample is collected, and
the remaining cells are incorporated into one of 13 sample groups dictated by the Box-Behnken design. Construct suspensions are each used to cast
three 35 μL constructs in 3 × 9 mm PDMS wells (the center point Group 5 was repeated as 5−1 and 5−2 to account for variability between
plates). (B) Throughout culture, samples were imaged at time points 4−120 h (left row labels) to monitor compaction. (C) Visible construct 2D
area was measured via image analysis software as a metric of construct compaction. These results were used to build a response surface model
(RSM) for compaction at each time point. Results from multiple experiments and hiPSC-CM batches were used to build a predictive model
incorporating hiPSC-CM purity as a factor.

Figure 4. Contour plots describing predicted construct compaction after 72 h of culture. Data is organized by cardiac purity (major y-axis), fibrin
concentration (major x-axis), collagen concentration (minor y-axes), and seeding density (minor x-axes) for unpurified cardiomyocytes. Contour
labels and colors indicate the predicted construct two-dimensional area in mm2 (white boxed labels) after 72 h of culture. Red dots and adjacent
numbers indicate the number of empirical data replicates for a corresponding factor set, in positions prescribed by the Box-Behnken design. Red
dashed circles indicate contractile groups.
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functional cardiac tissues emerged in 9 of 13 groups (Figure
S3). In addition to compaction, predictive models were
generated for Young’s modulus and peak twitch force (Figure
5B,C).
Surprisingly, although compaction was dominated by fibrin

concentration, high concentrations of fibrin reduced compac-
tion with lactate purified cardiomyocytes, which is the opposite
effect of fibrin to that observed in unpurified cardiomyocyte
constructs. While again increased seeding density was
associated with increased compaction and increased collagen
concentration was associated with decreased compaction, their
effects were small (Figure S3, Table S9). Further, data using
the lactate purified cardiomyocytes could not be incorporated
into a single predictive model with data from the unpurified
cardiomyocyte experiments due to a statistically significant lack
of fit (p < 0.0001). This result indicates that a quadratic or
lower order model could not be found to describe the
compaction response of both purified and unpurified
cardiomyocytes, which we discuss below.
Predictive modeling for tensile Young’s modulus of cardiac

tissue constructs associates increased stiffness with increasing
collagen concentration and cell number but decreased fibrin
concentration. Tensile stiffness of this hydrogel engineered
tissue system evaluated empirically approached values of native
rat myocardium (15−30 kPa; Figures 2D and Figure S4) in the
0 mg/mL fibrin, 1.2 mg/mL collagen, and 15 × 106 cells/mL
group, where Young’s modulus was 21.79 ± 3.23 kPa (Group
11; Table S1, Figure S5D), approximated by the model as 16
kPa. Further, three other groups approached the lower limit of
the physiological range of stiffness (Figure S5), suggesting an
open landscape for mimicking the native myocardium stiffness.
Active twitch contractions at 1 Hz (equivalent to 60 beats

per minute, a resting human heart rate) has a physiological
positive force-length response 6 days after tissue formation
(Figure S6). Predictive modeling for peak twitch stress (i.e.,
force normalized to cross-sectional area) associates high peak
twitch forces with increased seeding densities and decreased
fibrin concentrations (as with Young’s modulus) but also with

decreased collagen concentration (which is the opposite of the
Young’s modulus data and predictions; Figure 5B, C). The
greatest peak twitch stress observed experimentally at 30%
stretch beyond resting length is 0.54 ± 0.14 kPa in constructs
produced with 0 mg/mL fibrin, 1.2 mg/mL collagen, and 15 ×
106 cells/mL (Group 11), which is the same group as peak
stiffness. However, peak twitch stress as high as 0.84 kPa is
predicted for constructs with lower (0.8 mg/mL) collagen
concentration. Peak twitch stress varies between groups as
much as 5-fold (Table 3) demonstrating that matrix
composition alone greatly influences not just tissue remodeling
(compaction) but also cellular functional phenotype. The
contraction upstroke velocity, Vup, is faster with higher peak
stress but similar between groups when Vup is normalized by
peak stress, suggesting that crossbridge binding and force
generation kinetics are not altered in the different tissue
groups. The twitch duration, measured by the time (in ms)
from peak stress to 50 and 90% relaxation (T50 and T90,
respectively) and controlled by calcium handling dynamics and
thin filament deactivation, shows little change between groups,
suggesting little to no dependence of twitch relaxation on force
amplitude. This force data suggests that the ECM composition
at tissue casting impacts the early (day 6) amplitude of force
generation in engineered cardiac tissue with little impact on
cardiomyocyte functional maturation.

3.4. Force Production Follows Calcium Kinetics. To
directly evaluate calcium transient kinetics in engineered
cardiac tissues prepared using the conditions described, tissues
were prepared with cardiomyocytes differentiated from an
hiPSC line genetically engineered to express a calcium
indicator, GCaMP6 (GCaMP-CMs). The conditions associ-
ated with groups 11 and 4 were chosen for further evaluation
based on the significant differences observed in force
production (Tables 3, S3). Additionally, a new group was
added (referred to as Group “Predicted”) based on the model’s
prediction of conditions that would maximize force production
(15e6 cells/mL in 0.8 mg/mL collagen only). All groups were
cultured under the conditions previously described for 6 days

Figure 5. Response surface plots for cardiac tissue constructs prepared from purified hiPSC-derived cardiomyocytes (15 × 106 cells/mL) at day 6.
(A) Visible construct area as measured via the medium-throughput compaction assay. See Figure S3 for an alternative representation of this data.
(B) Tensile stiffness under a constant strain rate of 10% strain/min. (C) Force generation normalized by cross-sectional area at 1 Hz electrical
stimulation. Red and pink dots represent data points above and below (respectively) those predicted by the model.

Table 3. Lactate Purified Twitch Mechanics at 1 Hz for Select Groupsa

group peak active stress (kPa) Young’s modulus (kPa) Vup (mN/mm2/s) T50 (ms) T90 (ms)

1 0.49 ± 0.13 8.29 ± 0.025 2.29 ± 0.71 180 ± 11.1 318 ± 15.0
4 0.11 ± 0.05 13.03 ± 1.19 0.59 ± 0.30 124 ± 16.0 238 ± 11.4
7 0.18 ± 0.08 18.92 ± 1.02 1.18 ± 0.55 129 ± 24.7 237 ± 40.0
11 0.54 ± 0.14* 21.79 ± 3.26 2.94 ± 0.68* 156 ± 6.35 279 ± 3.48*

aVup, upstroke velocity; T50 and T90, time to 50% and 90% relaxation, respectively. See Figure S6 for more information. n = 3 for all groups. *
indicates p < 0.05 versus group 4.
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and evaluated for cellular morphology (Figure 6A−C) and
function (Figure 6D−F, Table S3). All groups formed syncytia
and were visibly beating uniformly when evaluated on day 6.
No differences are observed in alpha-actinin-positive cardio-
myocyte content (cell number or size), alignment, and
sarcomere length (data not shown). Connexin 43 shows no
change in expression level or distribution of gap junctions
(Figure 6A−C, insets), suggesting that force amplitude was not
primarily altered by cardiomyocyte or myofilament content,
alignment, or electrical connectivity at this relatively early time
point after tissue formation.
Active mechanical measurements are made with simulta-

neous fluorescent video collection to capture calcium
transients from the GCaMP signal (Figure 6D−F). As
expected, faster upstroke velocity, Vup, is required to reach
higher peak stress in group 11 (Tables 3, Figure S3). However,
significant differences in upstroke velocity of force disappear
when Vup is normalized for stress amplitude (i.e., normalized
by the number of crossbridges, since force is proportional to
crossbridge number). These normalized force upstroke kinetics
are similar to calcium kinetics (namely, calcium Vup is not
significantly different between groups 4 and 11; Table S3).
These data suggest no change in calcium release kinetics due to
ECM conditions of engineered tissues; however, calcium
amplitude was not measured and could explain force amplitude
differences. No differences in twitch duration (T50, T90)
suggest that calcium sequestration kinetics are not significantly
impacted by ECM composition.
Within 72 h of casting, all but one of the six replicates

prepared for the Predicted group (GP) failed due to necking
and breaking, suggesting that the mechanical properties of the

compacted hydrogel are insufficient to withstand the cell-
generated tissue tension.47 The single surviving sample from
the Predicted group produced the greatest peak contraction
force, validating the model and supporting a critical role for
collagen density in maintaining tissue integrity during early
tissue formation. However, the model cannot account for an
imbalance of cell tension and ECM strength during remodeling
that causes breaking, so empirical evaluation must be
completed.

4. DISCUSSION

The study presented herein sought to understand the
relationship between blended collagen and fibrin hydrogels
and resident human iPSC-derived cardiomyocyte populations
for the purpose of creating engineered cardiac tissues. Utilizing
a response surface methodology to evaluate the impact and
interactions of these factors, the results clearly demonstrate
that scaffold protein composition and cell population both play
critical roles in engineered cardiac tissue development, as
measured by compaction, tissue stiffness, and active force
production.
In the field of cardiac tissue engineering, the debate

concerning what the optimal scaffold is ensues. How to define
“optimum” will depend upon the desired outcome of the study,
be it in vitro disease modeling or in vivo heart repair. Our
study evaluated acellular and cellular constructs to assess how
scaffold composition impacts stiffness (Young’s modulus),
hydrogel compaction, and contractile force generation using
the two most common natural polymer matrices, namely type
1 collagen and fibrin. Knowing that the stiffness of the
environment impacts cellular phenotype,9 acellular compres-

Figure 6. Histological analysis and simultaneous force/calcium transient analysis of cardiac tissue constructs prepared from GCaMP-CMs at day 6.
(A−C) Frozen sections of tissue constructs prepared under group 4 conditions (G4, 9e6 cells/mL in 1.2 mg/mL collagen only), group 11
conditions (G11,15e6 cells/mL in 1.2 mg/mL collagen only), and the conditions predicted to lead to the highest force production by the model
(GP, 15e6 cells/mL in 0.8 mg/mL collagen only). Immunofluorescence of tissue sections show α-actinin (red) labeled cardiomyocytes aligned with
the tissue main axis (double-headed arrows), connexin 43 (green), and DAPI (cyan). Insets highlight striated cardiomyocytes and punctate
connexin 43-positive gap junctions. (D−F) Force (top) and calcium transient (bottom) traces from representative contractions are generated from
fluorescent video capture of GCaMP signal for each of the three groups (corresponding to A−C) at 15% strain and 1 Hz.
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sive and tensile mechanics (Figures 1 and 2) demonstrated
that the concentrations of collagen and fibrin dominated the
time-dependent stiffness response. In cellular constructs, we
found that (1) purity of the input hiPSC-derived cardiomyo-
cyte population drives the success of tissue formation into a
uniformly beating cardiac tissue and (2) trade-offs must be
made between maximizing tensile stiffness (to match values
from native adult myocardium) and maximizing contraction
force. The range of acellular blended collagen and fibrin
hydrogel formulations considered in this study approximated
the compressive stiffness of native rat myocardium, but
deviated significantly (P < 0.0001) from the tensile stiffness
of native rat myocardial tissue in both longitudinal (30.80 ±
2.71 kPa) and transverse (16.58 ± 1.85 kPa) fiber orientations.
However, tensile stiffness values of two groups of cellularized
cardiac constructs (18.92 ± 1.02 kPa and 21.79 ± 3.26 kPa)
approached the tensile stiffness values of native adult
myocardium. Remodeling by resident cells and associated
stresses resulting from isometric compaction (due to the
custom-designed tissue molds39,40) increase scaffold protein
density and provide alignment cues, which are both likely
responsible for the increased tensile stiffness values in cellular
constructs. It is important to note that the predictive model
generated in this study associated increased initial collagen
concentration with both increased tensile stiffness and
decreased peak active twitch stress (Figure 5). Therefore,
while high collagen concentrations yield constructs with
passive mechanics that approximate those of native myocar-
dium, lower collagen concentrations yield constructs with
improved active contractile mechanics (Figures 2 and 5). A
potential explanation for this trade-off of stiffness versus
contractile force amplitude is that the hiPSC-derived
cardiomyocytes are relatively immature at the 6-day evaluation
time point used in this study, having structure and contractility
akin to fetal tissue,38,48,49 and thus may function best in a
stiffness environment that more closely matches that of the
fetal heart (12 ± 4 kPa).50

The experiment design employed in this study aimed to
identify a role for fibrin in a blended hydrogel system that was
driven by the hypothesis that the stiffness provided by fibrin
would improve cellular remodeling, tissue stiffness, and
contractility upon tissue formation and prior to cellular
maturation. An important consideration for scaffold composi-
tion is that prior experiments in our lab and others47 have
demonstrated that sufficiently low scaffold protein concen-
trations and high seeding densities can lead to construct
compaction to the point of extreme necking, breaking, and
construct failure. Studies by other groups that use only fibrin as
a scaffold material utilize an inhibitor of fibrinolysis (like
aprotinin or aminocaproic acid) to inhibit fibrin degradation,
presumably to enable tissue formation, prevent breaking, and
allow sufficient time for cellular deposition of matrix.25,26 Thus,
although this study did not assess fibrin-only constructs, we
show that compaction of blended hydrogel constructs is aided
by fibrin in these experimental conditions (Figure 4),
potentially due to its ease of degradation and remodeling by
the resident cell population, which is useful in many tissue
engineering applications. Aprotinin was chosen as a fibrinolytic
inhibitor for this study due to its widespread use in the field of
cardiac tissue engineering.32,51,52 Aprotinin is known to inhibit
several serine proteases including plasmin, trypsin, and
chymotrypsin.53 Conversely, other fibrinolytic inhibitors such
as aminocaproic acid54 and tranexamic acid55 are believed to

influence a narrower set of proteases, which may be suited for
mechanistic study of fibrin remodeling in engineered tissues.
The iterative DOE approach is a powerful tool for assessing

the influence of scaffold composition on tissue formation and
function, and our results clearly show modulation of the
engineered tissue by both scaffold properties and cell
population, specifically cell purity and seeding density, though
likely also cell type, cell line, and species. Therefore, for the
purpose of optimizing construct formulation for generating
compact contractile human cardiac tissue with hiPSC-derived
cardiomyocytes, our study demonstrates that a low collagen
concentration (0.8 mg/mL) and high cardiomyocyte purity are
required.
Using unpurified cardiomyocytes (25−60% cTnT-positive),

increasing fibrin concentration and cell seeding density were
found to increase tissue compaction, while increased collagen
concentration was found to decrease compaction (Figure 4).
This model predicts the greatest compaction occurs with a
moderate cardiomyocyte purity (40−50%); however, this
group did not correlate with uniform beating, which is visual
evidence of a syncytium throughout the tissue. Only 60% pure
cardiomyocytes with no fibrin demonstrated uniform beating
in all three tissue samples (Figure 4, circled data points),
suggesting a strong role for cardiac purity in predicting a
functional cardiac tissue. This result may guide quality control
parameters for cardiac tissue engineering. Importantly, the
impact and influence of collagen and fibrin scaffold parameters
on tissue formation, as measured by tissue compaction,
changed as a result of higher cardiac purities, which was
achieved through either efficient directed differentiation or
with post-differentiation lactate-based metabolic purification.
The inversion of fibrin’s effect on tissue compaction and the
fact that constructs prepared with low versus high purity
cardiomyocytes could not be described by a single response
surface model suggest that hiPSC-derived cardiomyocytes
alone are effective in binding collagen and compacting the
hydrogel to form functional cardiac tissue. The lactate
purification protocol used in this study requires 11 days of
treatment beyond the 14−15 day protocol required for
cardiomyocyte differentiation. As a result, the population of
lactate purified cells was substantially older than the unpurified
cell groups (26 days vs 14−18 days). However, these older
cells performed well in collagen-only engineered tissues when
purity was high, resulting in peak twitch forces of 0.54 ± 0.14
mN/mm2 (Figure 5). Constructs prepared with high-purity,
unpurified cardiomyocytes (84.6% cTnT+) responded similarly
to collagen hydrogel scaffolds with and without fibrin (Figure
S7). How the age of cardiomyocytes entering tissues impacts
tissue formation remains an open issue; a recent study by
Vunjak-Novakovic and colleagues strongly supports using
younger cardiomyocytes (10−12 days differentiation in 12
mg/mL fibrin hydrogel scaffold) to take advantage of their
cellular plasticity as they adapt to the 3D environment and
mature in the engineered tissue,51 but this approach
compromises control over the input cell population and
primarily it is purity. As we observed with high purity
cardiomyocytes, contractility was greatly modulated by scaffold
composition, emphasizing the importance of well-defined
scaffold compositions in forming functional tissues with
reproducibility.
Fully defined culture conditions (without serum or

Matrigel) are used in this study to minimize unknown and
variable protein constituents and are being adopted in a
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number of tissue engineering studies utilizing hiPSC-derived
cells for future clinical applications. Indeed, the engineered
cardiac tissues prepared in this study are cultured under
defined conditions similar to those optimized by Zimmermann
and colleagues.56 In agreement with their study, which used
fibroblast doping to modulate cardiomyocyte content of
engineered tissues to be 40−75% cardiomyocytes, we show
that peak construct compaction occurs with constructs
composed of 40−50% cTnT+ cardiomyocytes. We also show
a consistently increased force amplitude with low collagen and
no fibrin across batches of high purity cardiomyocytes (with
and without lactate purification and from Gibco or GCaMP
hiPSC lines), suggesting that low collagen is a critically
important design parameter in the context of defined culture
conditions that enables functional tissue formation despite
variation in hiPSC-cardiomyocyte populations. Force gener-
ation kinetics followed the kinetics of the calcium transient, but
were not different between groups when normalized by force
amplitude, suggesting that differences in peak force were not
due to alterations in calcium or force kinetics. Possible
explanations for the differences in contractile force amplitude
are the amplitude of the calcium release (not measured) or
force transduction pathways through the cytoskeleton and
ECM. Future work may elucidate these mechanisms and their
relationship to “maturation” through longer culture periods, in
addition to fibroblast supplementation and different biophys-
ical culture conditions (e.g., Tiburcy et al. uses additional
stretching of the tissue after compaction and stiff posts for
maintenance or “maturation” culture). Here, we demonstrate
that uniformly contracting tissues with good force generation
are formed with an optimum, defined matrix composition by
day 6, prior to maturation culture, while accounting for varying
input cardiomyocyte populations.
The noncardiomyocyte hiPSC-derived cell population is

largely dismissed as a “fibroblast-like” cell type, but
heterogeneous cell and matrix interactions do impact
engineered tissue formation. Construct compaction peaked at
approximately 45% purity for all fibrin concentrations,
suggesting that neither hiPSC-derived cardiomyocytes nor
the noncardiac cells dominate the compaction response, but
that cardiac tissue remodeling relies on a balance of
heterogeneous cell interactions. Cardiac fibroblasts are
primarily responsible for matrix remodeling in native
myocardial tissue57,58 and show plasticity in their number
and phenotype during aging and disease, such as postmyo-
cardial infarction when they become “activated” to a more
contractile and synthetic phenotype.59,60 Although the non-
cardiac population in these studies was 3.0−43.6% positive for
alpha-smooth muscle actin (αSMA; a classic marker of
activated, contractile fibroblasts61,62) they were not efficient
at compacting matrix (as may be expected for fibroblasts)
when they made up ∼75% of the cell population, suggesting
that they may also have an immature or poorly defined
phenotype. It is clear that under these in vitro conditions,
cardiomyocytes play a prominent role in tissue remodeling and
that heterogeneous interactions with fibroblasts and scaffold
composition modulate cardiomyocyte-driven compaction and
contractility. Although prior studies have suggested that human
cardiomyocytes contribute to the process of matrix deposition
and remodeling,63 to the best of our knowledge, this is the first
study to demonstrate and quantify the network of interactions
between cells and matrix components influencing the ability of

hiPSC-derived cardiomyocytes to form and remodel engi-
neered tissue.

5. CONCLUSIONS
Engineered cardiac tissue development is dictated by a
complex relationship between scaffold composition, cell
density, and cell purity. In collagen and fibrin hydrogel
scaffolds seeded with unpurified hiPSC-derived cardiomyo-
cytes, the greatest tissue compaction was predicted to occur
with a relatively high concentration of fibrin (8 mg/mL), low
concentration of collagen (0.8 mg/mL), high seeding density
(15 × 106 cells/mL), and moderate cardiomyocyte purity
(40−50%). However, beating tissues appeared only in pure
collagen groups with higher cardiac purity (≥60%), and at 6
days after tissue formation peak contractile force was 0.54 ±
0.14 mN/mm2 with 15 × 106 cardiomyocytes/mL in 1.2 mg/
mL collagen. These results provide robust methods for creating
highly functional human iPSC-derived cardiac tissues for many
translational applications, and emphasize the importance of
matching scaffold composition to cell population to form
tissues with optimal efficiency and function.
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