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Scaffolds and Fluid Flow in Cardiac Tissue Engineering

Milica Radisic1 Chris Cannizzaro2 and Gordana Vunjak-Novakovic3

Abstract: To engineer cardiac tissue in vitro with prop-
erties approaching those of native tissue, it is necessary to
reproduce many of the conditions found in vivo. In par-
ticular, cell density must be sufficiently high to enable
contractility, which implies a three-dimensional culture
with a sufficient oxygen and nutrient supply. In this re-
view, hydrogels and scaffolds that support high cell den-
sities are examined followed by a discussion on the util-
ity of scaffold perfusion to satisfy high oxygen demand
of cardiomyocytes and an overview of new bioreactors
developed in our laboratory to accomplish this task more
simply.

1 Introduction:

Nearly 8 million people in the United States have suf-
fered from myocardial infarction, with 800,000 new
cases occurring each year (American Heart Association,
2004). Myocardial infarction results in massive cell
death in the infarct zone followed by pathological re-
modelling of the heart. The remodelling process involves
cardiac dilation, wall thinning and severe deterioration of
contractile function leading to congestive heart failure in
more than 500,000 patients in the U.S. each year (Amer-
ican Heart Association, 2002). Conventional therapies
are limited by the very limited ability of myocardium
to regenerate after injury (Soonpaa and Field, 1998) and
the shortage of organs available for transplantation. Cell
based therapies such as cell injection and tissue engi-
neering have been considered as novel treatment options
(Reinlib and Field, 2000). This review will focus on
some of the recent advances in cardiac tissue engineering
with focus on two distinct regulatory factors: biomaterial
scaffolds use as structural templates for cell attachment
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and tissue formation, and fluid flow in bioreactors uti-
lized to engineer cardiac tissue.

2 Scaffold based approaches

Small infarcts may be treated by cells alone, whereas
larger areas of damaged tissue may require excision
and replacement with a cardiac patch. The time post-
infarction is critical in the success of any regeneration
strategy. Upon myocardial infarction, a vigorous inflam-
matory response is elicited and dead cells are removed
by marrow-derived macrophages. Over the subsequent
period of time ranging from weeks to months, fibroblasts
and endothelial cells proliferate and form granulation tis-
sue that eventually transforms into a dense collagenous
scar. Formation of scar tissue severely reduces contrac-
tile function of the myocardium and leads to thinning and
dilation of the ventricle wall, further remodeling and ul-
timately to heart failure. The regeneration strategy thus
depends on the time post-infarction, i.e. new and old in-
farcts most likely cannot be treated using the same ap-
proach.

Cell injection strategies, will work best if applied shortly
after myocardial infraction (MI). Application of cells and
growth factors within a short period of time (hours to
days) after MI has a potential of directing the wound re-
pair process so that the minimum amount of scar tissue
is formed, the contractile function is maintained in the
border zone, and pathological remodelling is attenuated.
Tissue engineering strategies will likely work in the acute
phase as well, but they are probably more necessary after
scar has formed. Then larger areas of heart must be re-
placed or augmented and this is potentially where a scaf-
fold based approach may be most useful.

2.1 Cell-free cardiac patches

Patients with large transmural akinetic scars often bene-
fit from the endoventricular circular patch plasty known
as the Dor procedure (Di Donato et al., 1997; Dor et al.,
1989). In this procedure the scar tissue is excised and
the ventricle is closed using a circular Dacron (polyethy-
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lene terephtalate) patch lined with endocardium. In some
cases, however, the success of this procedure is tempo-
rary, thus motivating the need for viable tissue patches.
Another strategy to address pathological remodelling and
prevent heart failure is a CorCap cardiac support device,
an implant-grade Dacron mesh, that is wrapped around
the heart ventricle to prevent further dilatation and sup-
port contractile function. In clinical trials, it was demon-
strated that it results in improved quality of life, as well
as improved heart size and shape (Starling and Jessup,
2004).

2.2 Cell based cardiac patches

Approaches explored toward engineering a cell-based,
functional cardiac patch that could be used to repair
heart muscle utilized cell self-assembly, cells grown in
hydrogels, porous and fibrous scaffolds, cultivation of
thin films (sheets) of functionally coupled cells, and cells
grown on composite scaffolds.

2.3 Self-assembly

In cardiac tissue engineering approaches, most studies
suggest that some type of scaffold, ideally in form of
an inductive 3D matrix, is necessary to support assem-
bly of cardiac tissue in vitro. An important scaffold-free
approach includes stacking of confluent monolayers of
cardiomyocytes (Shimizu et al., 2002). Although car-
diac patches obtained in this way generate high active
pulling force, engineering patches that are more than 2-3
cell layer thick remain a problem. Most recently, 24 mm
long and 100 µm thick contractile cardiac organoids were
fabricated by self-organization of the cells (Baar et al.,
2005). Cardiomyocytes were cultivated on a PDMS sur-
face coated with laminin. As laminin degraded, the con-
fluent monolayer detached from the periphery of the sub-
strate, moving towards the center and wrapping around a
string placed in the center of the plate until a cylindrical
contractile organoid was formed.

The scaffold approaches can be divided into i) hydro-
gel approaches where cells are either encapsulated and
cultivated in vitro or injected directly into MI without
pre-culture and ii) porous and fibrous 3D scaffold ap-
proaches where scaffolds are seeded with cells and in
most cases cultivated in vitro prior to the utilization as
cardiac patches.

2.4 Hydrogels

The most important example of hydrogel based cardiac
tissue engineering includes the work of Eschenhagen and
colleagues. Cardiomyocytes were cast in growth factor
supplemented collagen gels and cultivated in the pres-
ence of cyclic mechanical stretch (Eschenhagen et al.,
1997; Fink et al., 2000; Zimmermann et al., 2002a; Zim-
mermann et al., 2000; Zimmermann et al., 2002b). The
main advantage of tissue constructs grown using this ap-
proach is that they generated higher active force com-
pared to tissues grown on porous or fibrous 3D scaffolds.
In addition, collagen and laminin are the main compo-
nents of the myocardial extracellular matrix, thus they
support cardiomyocyte attachment and elongation. How-
ever, the main challenge remains tailoring the shape and
dimensions of such tissues. One interesting approach to
address this issue is the use of extruded collagen type I
tubes (Yost et al., 2004).

A technique that can potentially combine the advantages
of hydrogels with ease in tailoring tissue shape and size
is inkjet printing. Cardiac constructs based on feline car-
diomyocytes were created by printing cells dispersed in
alginate and using calcium as a cross-linking agent. This
approach may be particularly useful for co-culture of var-
ious cell types (Tao et al., 2004) as it enables precise con-
trol over cell location in the tissue construct.

Hydrogels were utilized to provide structural stabil-
ity and deliver cells for regeneration of infarcted my-
ocardium without the preculture stage. Various cell types
were injected into myocardium using a biomaterial that
solidifies upon injection such as Matrigel (Kofidis et al.,
2004), fibrin glue (Christman et al., 2004a; Christman et
al., 2004b; Ryu et al., 2005) or self-assembled peptides
(Davis et al., 2005). In general, the studies report pre-
vention of ventricle dilatation and improvement of frac-
tional shortening and angiogenesis. Kofidis et al (Kofidis
et al., 2004), reported that injection of Matrigel or Ma-
trigel and ES cells into infarcted rat hearts resulted in
structural stabilization, prevented wall thinning and im-
proved fractional shortening. Chirsman et al (Christman
et al., 2004a; Christman et al., 2004b) demonstrated that
injection of skeletal myoblasts into myocardial infarcts
using fibrin glue increased cell localization within the in-
farct after five weeks, reduced infarct size and increased
vasularization of the scar without causing significant in-
flammatory response or foreign body reaction. Similarly,
Ryu Hee et al (Ryu et al., 2005) found that injection of
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bone marrow mononuclear cells into cryoinjured rat my-
ocardium using fibrin matrix increased the amount of vi-
able tissue and microvessel formation and reduced the
amount of fibrous tissue in comparison to the injection
of cells suspended in culture medium or culture medium
alone. Recently, it was demonstrated that a synthetic ma-
terial, self-assembling peptide hydrogel, can also be uti-
lized for cell injection into the myocardium (Davis et al.,
2005). Upon injection, the peptide formed a nano-fibrous
structure that promoted recruitment of endogenous cells
expressing endothelial markers, and supported survival
of injected cardiomyocytes.

2.5 Porous scaffolds

Three dimensional cardiac tissue constructs were suc-
cessfully cultivated in dishes using a variety of scaffolds
amongst which collagen sponges were the most com-
mon. In the pioneering approach of Li and colleagues,
fetal rat ventricular cardiac myocytes were expanded af-
ter isolation, inoculated into collagen sponges and culti-
vated in static dishes for up to 4 weeks (Li et al., 1999).
The cells proliferated with time in culture and expressed
multiple sarcomeres. Adult human ventricular cells were
used in a similar system, although they exhibited no pro-
liferation (Li et al., 2000). Fetal cardiac cells were also
cultivated on porous alginate scaffolds in static 96-well
plates. After 4 days in culture the cells formed sponta-
neously beating aggregates in the scaffold pores (Leor
et al., 2000). Cell seeding densities of the order of
108cells/cm3 were achieved in the alginate scaffolds us-
ing centrifugal forces during seeding (Dar et al., 2002).
Neonatal rat cardiomyocytes formed spontaneously con-
tracting constructs when inoculated in collagen sponges
within 36 hr after seeding (Kofidis et al., 2003) and main-
tained their activity for up to 12 weeks. The contractile
force increased upon addition of Ca2+ and epinephrine.

2.6 Fibrous scaffolds

In a classical tissue engineering approach, fibrous polyg-
lycolic acid (PGA) (Figure 1A) scaffolds were combined
with neonatal rat cardiomyocytes and cultivated in spin-
ner flasks and rotating vessels (Carrier et al., 1999). The
scaffold had 97% void volume and consisted of non-
woven PGA fibres, 14µm in diameter. An advantage of
this material is that the FDA already approves its use for
biodegradable sutures. Neonatal rat or embryonic chick
ventricular myocytes were seeded onto (PGA) scaffolds

in spinner flasks, by placing scaffolds into a well-mixed
cell suspension (magnetic stirring, 50rpm) (Carrier et al.,
1999).

Constructs were subsequently cultured either in mixed
flasks or in rotating bioreactor vessels. Mixing in the
spinner flasks (0, 50, or 90 rpm) had a significant ef-
fect on the construct metabolism and cellularity. Con-
structs cultivated in mixed flasks had significantly higher
cellularity index and metabolic activity compared to the
constructs cultivated in the static flasks. After 1 week
of culture, constructs made using neonatal rat heart cells
contained a peripheral tissue-like region (50-70µm thick)
in which cells stained positive for tropomyosin and or-
ganized in multiple layers in a 3-D configuration (Bur-
sac et al., 1999) (Figure 1A,B). Electrophysiological
studies conducted using a linear array of extracellular
electrodes showed that the peripheral layer of the con-
structs exhibited relatively homogeneous electrical prop-
erties and sustained macroscopically continuous impulse
propagation on a centimeter-size scale (Bursac et al.,
1999). Constructs based on the cardiomyocytes enriched
by preplating exhibited lower excitation threshold (ET),
higher conduction velocity, higher maximum capture rate
(MCR), and higher maximum and average amplitude.
Laminar flow conditions in rotating bioreactors further
improved the PGA based constructs. The cells in the
peripheral layer expressed tropomyosin and had spatial
distribution of connexin 43 comparable to that in neona-
tal rat ventricles. The expression levels of cardiac pro-
teins connexin-43, creatin kinase-MM and sarcomeric
myosin heavy chain were lower in rotating bioreactors
cultivated constructs compared to the neonatal rat ven-
tricle but higher than in the spinner flask cultivated con-
structs (Papadaki et al., 2001). It is important to note that
in both spinner flasks and rotating bioreactors the center
of the constructs was mostly acellular due to the diffu-
sional limitations of oxygen transport to the cells.

Recently, electrospun scaffolds (Figure 1C) have gained
significant attention as they enable control over structure
at sub-micron levels as well as control over mechanical
properties, both of which are important for cell attach-
ment and contractile function. Entcheva and colleagues
(Zong et al., 2005) used electrospinning to fabricate
oriented biodegradable non-woven poly(lactide) (PLA)
scaffolds. Neonatal rat cardiomyocytes cultivated on ori-
ented PLA matrices, had remarkably well developed con-
tractile apparatus (Figure 1D) and exhibited electrical
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Figure 1 : Representative scaffolds used in cardiac tissue engineering. A) Scanning electron micrograph of a non-
woven fibrous PGA scaffold used in a classical approach by Freed and colleagues. B) Immunohistochemical staining
for tropomyosin in constructs based on surface-hydrolyzed PGA seeded with neonatal rat cardiomyocytes and cul-
tivated in rotating vessels for one week (reproduced with permission from (Papadaki et al., 2001) Figure 1B ). C)
Scanning electron micrograph of a fibrous PLA scaffold obtained by electrospinning followed by uniaxial stretch-
ing (reproduced with permission from (Zong et al., 2005) Figure 1D) D) Neonatal rat cardyomyocytes cultured
on oriented PLA scaffolds exhibited well developed contractile apparatus (actin-green) (reproduced with permis-
sion from (Zong et al., 2005) Figure 6C). E) Thin PLGA films patterned with laminin using microcontact printing
(inset; 15µm laminin lanes spaced 20 µm apart) and seeded with neonatal rat cardiomyocytes (actin filaments-red,
nuclei-blue) (reproduced with permission from (McDevitt et al., 2002) Figure 1A) F) Immunohistochemical staining
illustrates elements of intercalated disks (N-cadherin-yellow, actin filaments-red). (reproduced with permission from
(McDevitt et al., 2002) Figure 3) G) Scanning electron micrograph of the knitted Hylonect fabric; arrow indicates
the direction cyclic stretch applied during culture (reproduced with permission from (Boublik et al., 2005) Figure
1A). (H) Cross-section of a construct sampled 2 h after cell seeding, showing the multifilament yarn (arrow) and
immunohistochemical staining for cardiac troponin I. Neonatal rat cardiomyocytes were inoculated into the scaffold
using fibrin (reproduced with permission from (Boublik et al., 2005) Figure 1B).
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activity.

2.7 Thin films

A significant step forward toward engineering a clin-
ically useful cardiac patch was the cultivation of car-
diomyocytes derived from embryonic stem cells on thin
polyurethane films. Cells exhibited cardiac markers (ac-
tinin) and were capable of synchronous macroscopic
contractions (Alperin, Zandstra and Woodhouse, 2005).
The orientation and cell phenotype could further be im-
proved by microcontact printing of extracellular matrix
components (e.g. laminin) as demonstrated for neona-
tal rat cardiomyocyte cultivated on thin polyurethane and
PLA films (Figure 1 E,F) (McDevitt et al., 2002; McDe-
vitt et al., 2003).

2.8 Combination approaches

To combine the benefits of the presence of naturally
occurring extracellular matrix (laminin) and the struc-
tural stability of porous scaffolds, neonatal rat cardiomy-
ocytes were inoculated into collagen sponges or syn-
thetic polyglycerol sebacate scaffolds (PGS) using Ma-
trigel (Radisic et al., in press). The main advantage of
collagen sponges is that it supports cell attachment and
differentiation. However, scaffolds tend to swell when
placed in culture medium, and thus creation of a paral-
lel channel array resembling a capillary network is dif-
ficult. For that purpose a novel biodegradable elastomer
(Wang et al., 2002) with high degree of flexibility was
used (Figure 2 I).

Freed and colleagues have recently reported that mechan-
ical stimulation of hybrid cardiac grafts based on knit-
ted hyaluronic acid based fabric and fibrin (Boublik et
al., 2005) (Figure 1G, H). The grafts exhibited mechan-
ical properties comparable to those of native neonatal
rat hearts. In a subcutaneous rat implantation model the
constructs exhibited the presence of cardiomyocytes and
blood vessel ingrowth after 3 weeks.

3 Bioreactors and conditioning

Efforts in the development of bioreactors for tissue en-
gineering of myocardium have focused on (a) providing
sufficient oxygen supply for the highly metabolically ac-
tive cardiomyocytes (Radisic et al., 2005a; Radisic et al.,
2003; Radisic et al., 2004b) and (b) providing appro-
priate physical stimuli necessary to reproduce complex

structure at various length scales (sub-cellular to tissue)
(Radisic et al., 2004a; Zimmermann et al., 2002b). In this
review we discuss medium perfusion as a tool to increase
the thickness of the viable tissue. The methods to im-
prove cell differentiation by physical stimulation (either
mechanical stimulation or electrical) have been reviewed
elsewhere.

Conventional culture vessels utilized for tissue engineer-
ing of the myocardium are static or mixed dishes, static
or mixed flasks, and rotating bioreactors. These vessels
offer three distinct flow conditions (static, turbulent, and
laminar) and therefore differ significantly in the rate of
oxygen supply to the surface of the tissue construct. Oxy-
gen transport is a key factor for myocardial tissue engi-
neering due to the high cell density and low tolerance of
cardiac myocytes to hypoxia. In all configurations, oxy-
gen is supplied only by diffusion from the surface to the
interior of the tissue construct, yielding ∼100 µm thick
surface layer of compact tissue capable of electrical sig-
nal propagation and an acelluar interior (Radisic et al.,
2005b).

3.1 Interstitial medium flow

In order to increase the thickness of viable tissue, dif-
fusional oxygen limitations have to be overcome dur-
ing both cell seeding and tissue cultivation (Figure 2A).
The technique of cell seeding that was specifically de-
veloped for cardiac tissue engineering involves (a) rapid
inoculation of cardiac cells into collagen sponges using
Matrigel R©as a cell delivery vehicle, and (b) transfer of
inoculated scaffolds into perfused cartridges with im-
mediate establishment of the interstitial flow of culture
medium through the seeded scaffolds. Forward-reverse
flow was used for the initial period of 1.5 – 4.5 h in order
to further increase the spatial uniformity of cell seeding
(Radisic Biotech Bioeng. 2003). Unidirectional flow of
culture medium was maintained for the duration of culti-
vation. In this system, cells were “locked” into the scaf-
fold during a short (10 min) gelation period, and supplied
with oxygen at all times during culture.

Constructs seeded in dishes had most cells located in the
∼100 µm thick layer at the top surface, and only a small
number of cells penetrated the entire construct depth,
while constructs seeded in perfusion had high and spa-
tially uniform cell density throughout the perfused con-
struct volume. Clearly, medium perfusion during seeding
was key for engineering thick constructs with high densi-
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ties of viable cells, presumably due to enhanced transport
of oxygen within the construct.

Throughout the cultivation, the number of live cells in
perfused constructs was significantly higher than in dish-
grown constructs. Importantly, the final cell viability in
perfused constructs (81.6 ± 3.7%) was not significantly
different than the viability of the freshly isolated cells
(83.8 ± 2.0) and it was markedly higher than the cell vi-
ability in dish-grown constructs (47.4 ± 7.8 %) (Radisic
et al., 2004b). Consistently, the molar ratio of lactate pro-
duced to glucose consumed (L/G) was ∼ 1 for perfused
constructs, indicating aerobic cell metabolism. In dishes,
L/G increased progressively from 1 to ∼ 2, indicating
a transition to anaerobic cell metabolism. Cell damage,
assessed by monitoring the activity of lactate dehydro-
genase (LDH) in culture medium, was at all time points
significantly lower in perfusion than in dish cultures.

Perfused constructs and native ventricles had more cells
in the S phase than in the G2/M phases, whereas the cells
from dish-grown constructs appeared unable to complete
the cell cycle and accumulated in the G2/M phase. Cells
expressing cardiac-specific differentiation markers (sar-
comeric α-actin, sarcomeric tropomyosin, cardiac tro-
ponin I, Figure 2A) were present throughout the perfused
constructs, and only within a ∼100 µm thick surface
layer in dish-grown constricts. Spontaneous contractions
were observed in some constructs early in culture, and
ceased after approximately 5 days of cultivation, indi-
cating the maturation of engineered tissue. In response
to electrical stimulation, perfused constructs contracted
synchronously, had lower excitation thresholds and re-
covered their baseline function levels following treat-
ment with a gap junction blocker; dish-grown constructs
exhibited arrhythmic contractile patterns and failed to re-
cover their baseline levels.

Although interstitial medium flow enabled engineering
of compact tissue that had physiologic density of viable
aerobically metabolizing cells, most cells were round and
mononucleated. This was likely due to the exposure of
cardiac myocytes to hydrodynamic shear, in contrast to
the native heart muscle where blood is confined within
the capillary bed and therefore not in direct contact with
cardiac myocytes. This motivated the design of scaffolds
with arrays of channels that provide a separate compart-
ment for medium flow.

3.2 Channelled scaffolds

To test the feasibility of using channelled scaffolds, car-
diac constructs were first engineered using a channelled
collagen sponge (UltrafoamTM, 1 cm in diameter x 3 mm
thick) seeded with neonatal cardiac myocytes and culti-
vated in perfusion at 0.5 ml/min for 10 days. The channel
maintained its initial diameter and was surrounded with
a 300 µm thick tissue layer. However, collagen is not op-
timal for cardiac tissue engineering due to its poor struc-
tural integrity. We thus explored the use of an elastomer,
poly(glycerol sebacate), PGS (Wang et al., 2002), pre-
treated with cardiac fibroblasts and seeded with neona-
tal rat heart cells (Figure 2B). After 3 days of culture,
cells on the scaffolds formed constructs that contracted
synchronously in response to electrical stimulation. The
scaffold pores remained open and the pressure drop mea-
sured across the construct was as low as 0.1 kPa/mm.

PGS is obtained by condensation of glycerol and se-
bacic acid, and formed by salt-leaching into a three-
dimensional network with a desired pore size (e.g., ∼100
µm), porosity (95%), and thickness (1 - 5 mm). The
cross-links and hydrogen bonds contribute to its unique
elastic properties. PGS degrades by hydrolysis of its es-
ter bond into glycerol (likely adsorbed in the body) and
sebacic acid (secreted by urine either directly or metabo-
lized into carboxylic acids). In vivo (5 weeks of subcuta-
neous implantation), PGS scaffold is biocompatible and
biodegradable (linear loss of the scaffold mass to ∼20%
of initial over 5 weeks of culture), such that its shape and
structural integrity were well maintained. The mechani-
cal properties of PGS resemble vulcanized rubber: PGS
is highly elastic and capable of up to 400% elongation
before it yields.

To mimic the capillary network, neonatal rat heart cells
were cultured on PGS scaffolds with a parallel array of
channels made using a laser cutting/engraving system
(Fig 2C) and perfused with culture medium. To mimic
oxygen supply by hemoglobin, culture medium was sup-
plemented by 5.4 vol%v/v PFC emulsion (OxygentTM,
kindly donated by Alliance Pharmaceuticals Corp. (San
Diego CA); constructs perfused with unsupplemented
culture medium served as controls. Constructs were sub-
jected to unidirectional medium flow at a flow rate of 0.1
ml/min provided by a multi-channel peristaltic pump (Is-
maTec, Switzerland) (Figure 2B).

As the medium flowed through the channel array, oxy-
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Figure 2 : Cardiac tissue engineering culture systems focus on achieving adequate oxygen supply for highly
metabolically active cells and providing appropriate physical cues that lead to differentiated phenotype A Direct
culture medium perfusion of constructs based on neonatal rat cardiomyocytes inoculated into collagen sponges
using Matrigel. Medium perfusion resulted in uniform cell distribution and maintenance of cell viability. Immuno-
histochemical staining illustrated corss-sectional distribution of cells expressing cardiac Troponin I. B Perfusion
loop, consisting of channeled biorubber scaffolds (7), perfusion cartridges (4), two debubbling syringes (5, 6) a
multi-channel peristaltic pump (1), a gas exchanger (2), and the reservoir bag (3) C Scanning electron micrograph
of a parallel channel array bored in the PGS scaffolds using CO2 laser/scanning engraving system. D Scanning
electron micrograph of neonatal rat heart cells seeded onto channeled PGS scaffolds using MatrigelTMand cultivated
in perfusion with 5.4 vol% perfluorocarbon emulsion supplemented culture medium. Scale bars: (C, left) 500 µm
(C,right) 200 µm µm and (D) 100 µm.
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gen was depleted from the aqueous phase of the culture
medium by diffusion into the construct space where it
was used for cell respiration. Depletion of oxygen in the
aqueous phase acted as a driving force for the diffusion
of dissolved oxygen from the PFC particles, thereby con-
tributing to the maintenance of higher oxygen concentra-
tions in the medium. Due to the small size of PFC parti-
cles, the passive diffusion of dissolved oxygen from the
PFC phase into the aqueous phase was very fast, and es-
timated not to be a rate-limiting step in this system. For
comparison, in un-supplemented culture medium, oxy-
gen was depleted faster since there is no oxygen carrier
phase that acts as a reservoir (Radisic et al., 2005a).

In PFC-supplemented medium, the decrease in the par-
tial pressure of oxygen in the aqueous phase was only
50% of that in control medium (28 mmHg vs. 45 mmHg
between the construct inlet and outlet at the flow rate of
0.1 ml/min). Consistently, constructs cultivated in the
presence of PFC had higher amounts of DNA, troponin I
and Cx-43, and significantly better contractile properties
as compared to control constructs. In both groups, cells
were present at the channel surfaces as well as within
constructs. Improved constructs properties were corre-
lated with the enhanced supply of oxygen to the cells
within constructs (Figure 2D).

3.3 Theoretical considerations of oxygen transport in
perfused cardiac constructs

A steady state mathematical model was developed to de-
scribe the oxygen concentration profiles within the chan-
nels of the tissue construct (Radisic et al., 2005a) as-
suming local equilibrium between the PFC and aqueous
phase at every point along the channel. It was demon-
strated that the internal diffusion as well as the oxygen
diffusion from the PFC droplet into the culture medium
was not rate limiting. The main modes of oxygen trans-
port in the channel lumen include convection in axial di-
rection and diffusion in the radial direction:

[1+(K −1)φ] · vz(r)
∂Ca

∂z

= De f f
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where K is partition coefficient, Vz ( r ) is velocity pro-
file, φ is the volume fraction of PFC, Ca is oxygen con-
centration in the aqueos phase, and De f f is effective dif-
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De f f = Da

(
1+3

(
γ−1
γ+2

)
φ
)

(2)

where, Da is the diffusivity of O2 in the aqueous phase,
Dp is the diffusivity of O2 in the PFC phase, γ = KDp/Da.
Combining these equations yields the following conser-
vation equation for the oxygen in the channel lumen:
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The simplified governing equation for oxygen distribu-
tion in the tissue space, where oxygen consumption is
assumed to follow Michaelis-Menten kinetics is:

0 = Dt

[
1
r

∂
∂r

(
r

∂Ct

∂r

)
+

∂2Ct

∂z2

]
− VmaxCt

Km +Ct
(4)

where Ct is the oxygen concentration in the tissue space,
Dt is diffusion coefficient in the tissue space, Vmax and
Km are Michealis-Mentent parameters. For the mea-
sured inlet and outlet oxygen concentration, the follow-
ing boundary conditions were used:

Ca(r,0) = Cin (5)

Ct(r,0) = Cin (6)

Ca(r,L) = Cout (7)

Ct(r,L) = Cout (8)

For predictions of oxygen concentration profiles at con-
ditions that were not obtained experimentally, the in-
let and outlet oxygen concentration were not measured.
Therefore, an alternative set of boundary conditions was
used. It was assumed that the culture medium entering
the perfusion cartridge was fully saturated with oxygen
and Ca(r,0) = Ct (r,0) = 222.5 µM. The axial variations in
the oxygen concentration cease to exist at the very short
distance from the outlet of the channel array. Therefore,

∂Ca/∂z(r,L) = 0 (9)

in the culture medium at the channel outlet. It was also
assumed that the culture medium at the outlet was well
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mixed, with no variations in the radial direction. There-
fore, mixing cup concentration of the culture medium at
the channel outlet was set to be boundary condition for
the concentration at the tissue space outlet.

Ct(r,L) =

RcR

0
Ca(r,L)vzrdr

RcR

0
vzrdr

(10)

The validity of the boundary conditions used for predic-
tions was confirmed by comparing the oxygen concentra-
tion measured at the outlet of the experimentally obtained
channeled tissue to the outlet values obtained using the
described boundary conditions in the channel array of
identical geometry, cell density and flow conditions.

Symmetry boundary condition was applied at the center-
line of the channel lumen:

∂Ca/∂r(0, z) = 0 (11)

The region supplied by each channel was approximated
by a cylinder. Since these cylindrical regions are equally
spaced a no flux boundary condition is applied at the
half distance between channel centers (Rt ), which is a
common assumption in the well-known Krogh cylinder
model.

∂Ct/∂r(Rt, z) = 0 (12)

Finally, the fluxes of oxygen and the concentrations have
to match at the interface between channel lumen and tis-
sue space yielding the remaining two boundary condi-
tions:

Da
∂Ca

∂r
(Rc, z) = Dt

∂Ct

∂r
(Rc, z) (13)

Ca(Rc, z) = Ct(Rc, z) (14)

The model was solved for various channel geometries,
flow rates and PFC emulsion volume fractions using the
finite element method and commercial software Femlab.
The results were expressed in terms of oxygen concen-
tration in the aqueous phase [µM].

Experimentally obtained parameters were initially inves-
tigated and oxygen concentration profiles were generated
for this system. The parameters included a channel di-
ameter of 330 µm and a wall-to-wall spacing of 370 µm,

perfused at an average linear velocity of 0.049 cm/s (0.1
mL/min bulk flow) and at 5.4 vol% of PFC emulsion.
The Vmax was set to 10.5gµM/s (for PFC supplemented)
and 8.8 µM/s (for pure culture medium) according to the
measured protein content and reported maximum oxy-
gen consumption per cell 27.6nmol/mg protein/min (Ya-
mada et al., 1985) Aqueous phase oxygen concentrations
at the inlet were comparable in the PFC-supplemented
and control constructs in the channel lumen, but were
lower in the tissue space in the PFC constructs, consistent
with the higher cell densities in these constructs. How-
ever, moving along the length of the construct, the oxy-
gen concentration in the lumen and tissue space of the
PFC-supplemented construct was observed to be higher
in comparison to the control construct, demonstrating the
benefit of PFC supplementation. The differences in oxy-
gen concentration in the tissue space were only evident
at small depths, however, and became negligible at larger
depths (Radisic et al., 2005a).

When the PFC concentration was varied (0, 3.2% and
6.4% v/v PFC) while maintaining the geometry and flow
rate (0.049 cm/s), an overall increase in the oxygen con-
centration was observed with increasing PFC concentra-
tion in both the lumen and tissue space for both cell den-
sities. However, even at the highest PFC concentration,
100 µm away from the lumen, the oxygen concentration
dropped several orders of magnitude for physiological
cell concentration of 108 cells/cm3 in the tissue space.

To address this issue, the geometry was optimized to a
more closely packed one with a 100 µm channel diame-
ter and 100 µm wall-to-wall spacing. As shown in Fig-
ure 3A, the oxygen concentration profile improved sig-
nificantly when the fraction of PFC was increased from
0% to 6.4% v/v, but it was also necessary to increase the
flow velocity from 0.049 cm/s to 0.135 cm/s to ensure all
parts of the tissue space were being supplied adequately
with oxygen. These flow rates had correspondingly nor-
mal wall shear stress values (∼1 dyne/cm2) that did not
exceed values known to lead to decreased cell viability
(Kretzmer and Schugerl, 1991; Stathopoulos and Hel-
lums, 1985). Both the “coarse” and the “fine” geome-
try were fully compatible with the transport properties of
blood (Radisic and Vunjak-Novakovic, 2005).

Analysis of the modeling parameters revealed that effec-
tive diffusivity of the medium was improved in the pres-
ence of PFC by up to 18% at the highest PFC fraction.
Also, convective transport was increased up to 123%.
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Figure 3 : A) Oxygen concentration profile in the channel array. A 100 µm channel diameter and 100 µm wall-
to-wall spacing was investigated in the model as an optimization to the in vitro parameters. The flow velocity was
also increased in the range of 0.049 cm/s to 0.135 cm/s. A remarkable improvement in oxygen concentration is seen
between (A) 0% PFC and (B) 6.4% PFC conditions. B) Overall effect of PFC emulsion on oxygen concentration
in the cardiac constructs. Volume average oxygen concentration, minimum oxygen concentration, and mixing cup
outlet concentration of oxygen in medium are shown as functions of PFC fraction (0, 3.2%, 6.4%). The contribution
of PFC to the effective diffusivity (white bars) is compared to the contribution of PFC to the convective transport
term (black bars), and the combination of both (grey bars). As shown, the effect of the PFC is dominated by its
contribution to convective transport of oxygen.

This was validated by looking at the contributions of
the diffusive and convective contributions of PFC sup-
plementation, alone and in combination, on volume aver-
aged tissue oxygen concentration, minimum tissue oxy-
gen concentration, and mixing cup culture medium oxy-
gen concentration at the outlet for zero order oxygen con-
sumption kinetics (18 µM/s). As shown in Figure 3B, a

significant increase is seen in all three parameters with
increasing PFC concentration. More strikingly, the ma-
jority of the effect is due to the convective contribution of
the PFC supplementation, with only a slight contribution
from diffusion.
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Figure 4 : Perfusion bioreactor for six press-fit scaffolds. A. CAD model of perfusion bioreactor for six press-fit
scaffolds; B. Cross-section view; C. Complete experimental setup showing perfusion loop and peristaltic pump.

3.4 Compatibility with flow properties of blood

For in vivo implantation, it is essential that the geometry
of the channelled cardiac constructs is compatible with
the transport properties of blood. A physiological drop
in the partial pressure of oxygen across tissues is from
95 mmHg in the arterial blood to 40 mmHg in venous
blood (Fournier, 1998, p. 91). If the patch is grafted
as an AV shunt, such that it connects to arterial blood at
the inlet and venous blood at the outlet, the physiolog-
ical difference in total oxygen concentration at the inlet
and outlet will be 8630 - 5874 = 2756 (µM). Assuming
that the patch has a physiologic density of cells metabo-
lizing at Vmax, the metabolic demand for oxygen for the
whole patch is 33µM/s. The calculated blood perfusion
rate necessary to keep the cells well oxygenated under
these conditions is 0.63 ml blood/cm3 tissue/min, a value
comparable to the reported baseline flow rates of blood
in the heart (0.7 blood/cm3 tissue/min, (Fournier, 1998,
p. 95)).

For an engineered construct that is 0.5 cm in diameter
and 0.5 cm thick, and contains an array of channels that

are 100 µm in diameter and spaced at 100 µm apart, the
model predicts a volumetric flow rate of blood of 1.9
10−6ml/s per channel. The wall shear stress in the chan-
nels of the tissue graft perfused with blood can be esti-
mated from the reduced average velocity (4Q/π (2Rc)3)
of the Casson fluid (Fournier, 1998, Eq. 3.21 ). The ob-
tained wall shear stress of 0.99 dyn/cm2 is high enough to
avoid anomalous flow properties of blood that may occur
at very low shear stresses, below the shear stress caus-
ing cell damage (1.6 dyn/cm2) and sufficient to prevent
spreading of leukocytes and pseudopode formation that
may increase flow resistance at low shear rates and medi-
ate inflammatory response (Moazzam et al., 1997). Also,
the reduced average velocity of blood flow in the chan-
nels (2.5 s−1) is greater than 1 s−1, indicating that aggre-
gation of red blood cells should not be expected. Finally,
the pressure drop across the construct under these condi-
tions (0.14 mm Hg) is considerably lower than that in the
capillary bed (17 mmHg, (Fournier, 1998, p. 71)), and
the total required blood flow was only 0.05 ml/min, indi-
cating that the graft would not significantly increase the



12 Copyright c© 2006 Tech Science Press FDMP, vol.2, no.1, pp.1-15, 2006

Scaffold

Top surface ofTop surface of

bioreactor wellbioreactor well

Continuous

perfusion

Top surface

Intermittent

perfusion

Top surface

AA BB

CC DD

EE FF

Figure 5 : Engineering of perfused tissue. A. Scaffolds seeded with Mesenchymal stem cells; B. Perfusion bioreactor
with seeded scaffolds; C. In situ imaging of scaffolds; D. Cell growth at scaffold periphery. E. Continuous scaffold
perfusion (0.01 cm/s). F. Intermittent scaffold perfusion (0.01 cm/s for 1 h/day).

peripheral resistance for blood flow.

3.5 New bioreactors for scaffold perfusion

Our initial system for scaffold perfusion (Figure 2B)
demonstrated the importance of mass transport in engi-
neering tissue with cell densities approaching that of na-
tive tissue. While effective, this system had several draw-
backs: complicated setup with only one scaffold per per-
fusion loop, bubble entrapment, no imaging capability,

etc. Our laboratory has since developed several bioreac-
tors to address these concerns. One such design arranges
the scaffolds in a radial pattern in what is essentially a
functionalized Petri dish (Figure 4A). The bioreactor has
the same dimensions as glass Petri dish, and makes use
of a removable Petri dish cover that allows easy access
to the scaffolds (Figure 4B). The bioreactor holds up to
40 ml of medium or approximately 7 ml of medium per
scaffold. In addition to serving as a medium reservoir,
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the space above the scaffolds serves as a gas exchanger
and bubble trap. Below each scaffold, channels direct
medium to a central hole, then down to a channel on the
reverse surface, and finally to an external Luer fitting. A
single perfusion loop transports medium to a peristaltic
pump and then back to the bioreactor (Figure 4C). Fi-
nite element modeling (FEMLAB) was used to design a
channel network with uniform velocity streamlines and a
distributed pressure drop across all six scaffolds (Figures
5A,B),

Sequential images from a typical experiment are shown
in Figure 5. The scaffolds were seeded external to the
bioreactor and the cells were allowed to attach for sev-
eral hours (Figure 5A). The scaffolds were then press-
fit into individual wells and medium added (Figure 5B).
The bioreactors were subsequently transferred to the in-
cubator and perfusion started. Due to its low-profile de-
sign, scaffolds can be directly observed in situ (Figure
5C). Without staining, imaging within the scaffold was
somewhat limited, though phase contrast alone was more
than adequate to follow cell proliferation at scaffold edge
(Figure 5D). Scaffolds continuously perfused at 0.01
cm/s over a three-week period exhibited a relatively ho-
mogeneous distribution of cells (Figure 5E), while in the
case of intermittent perfusion cells were largely confined
to the top layer of the scaffold (Figure 5F).
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