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Due to the increasing number of heart valve diseases, there is an urgent clinical need for off-the-shelf
tissue engineered heart valves. While signiﬁcant progress has been made toward improving the design
and performance of both mechanical and tissue engineered heart valves (TEHVs), a human implantable,
functional, and viable TEHV has remained elusive. In animal studies so far, the implanted TEHVs have
failed to survive more than a few months after transplantation due to insufﬁcient mechanical properties.
Therefore, the success of future heart valve tissue engineering approaches depends on the ability of the
TEHV to mimic and maintain the functional and mechanical properties of the native heart valves.
However, aside from some tensile quasistatic data and ﬂexural or bending properties, detailed
mechanical properties such as dynamic fatigue, creep behavior, and viscoelastic properties of heart
valves are still poorly understood. The need for better understanding and more detailed characterization
of mechanical properties of tissue engineered, as well as native heart valve constructs is thus evident. In
the current review we aim to present an overview of the current understanding of the mechanical
properties of human and common animal model heart valves. The relevant data on both native and tissue
engineered heart valve constructs have been compiled and analyzed to help in deﬁning the target ranges
for mechanical properties of TEHV constructs, particularly for the aortic and the pulmonary valves. We
conclude with a summary of perspectives on the future work on better understanding of the mechanical
properties of TEHV constructs.
& 2013 Elsevier Ltd. All rights reserved.
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1. Introduction
Heart valve diseases are among the leading causes of death
(Simionescu et al., 2012). Each year more than 290,000 patients go
through valve replacement surgeries worldwide, and this number
is projected to reach 850,000 by the year 2050, as the average age
of the population increases (Loftin et al., 2011; Yacoub and
Takkenberg, 2005). While currently the preferred method of
treating heart valve patients is to repair the diseased valves,
in case of severe heart diseases a large number of valves cannot
n
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be repaired and therefore require replacement (Yacoub and
Takkenberg, 2005). There are two types of artiﬁcial heart valves
clinically available for replacement: mechanical and bioprosthetic
valves (Lim and Boughner, 1976). A major disadvantage of both
types is that they do not allow for somatic growth or remodeling
after implantation. This is a major drawback especially for children, whose valves must grow over time. Otherwise, as these
patients grow, they will require replacement with a larger size
valve every few years. Besides, mechanical valves are prone to
infection, inﬂammation and thrombosis, while bioprosthetic
valves experience calciﬁcation which has both a thickening and a
stiffening effect on the valve cusps, eventually leading to insufﬁcient valve closure and leakage (Sabbah et al., 1986). Tissue
engineering offers immense potential to generate the suitable
viable valve replacement method (Durst et al., 2011; Du et al.,
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2008; Flanagan and Pandit, 2003; Gauvin et al., 2011;
Khademhosseini et al., 2009; Vesely, 2005). The approach of tissue
engineering is to generate implantable tissues by encapsulating or
seeding cells in biodegradable scaffolds, culturing the cell seeded
constructs under appropriate environmental cues in bioreactors to
induce tissue formation, and implanting these pre-conditioned
constructs in vivo (Hasan et al., in press).
Tissue engineered implants are expected to gradually acquire
the structural and mechanical characteristics of the native tissues
through remodeling, repair, and growth upon implantation.
Hence, the tissue engineered constructs do not have to be exact
replicas of the native tissues at the time of implantation. In case of
heart valves, however, the ability of the engineered construct to
provide sufﬁcient mechanical function immediately upon implantation is crucial for the survival of the patient. Therefore, successful application of tissue engineering in the development of heart
valves will require that the tissues engineered constructs exhibit
and maintain the mechanical properties similar to those of native
valves (Driessen et al., 2007). However, because of the limited
availability of fresh heart valves and proper test conditions, there
have been a limited number of studies investigating the biomechanical properties of human aortic and pulmonary heart valves
(Balguid et al., 2007; Clark, 1973; Martin and Sun, 2012; Stradins
et al., 2004).
The current review is intended to present a comprehensive
summary of the experimental data on biomechanical properties of
human and animal native heart valves as well as those of the TEHV
constructs. We focus on the pulmonary and aortic heart valves as
these two types experience high mechanical stresses, and their
semilunar tri-leaﬂet structure, composition, size, and direction of
blood ﬂow (outward) from the heart are so similar that one of
them is often replaced by the other. The review also reveals the
inadequacy of available data for mechanical properties in the
literature and points toward the need for more experimental
investigation of dynamic mechanical properties of heart valve
constructs.

2. Structure and composition of aortic and pulmonary
heart valves
The tricuspid, pulmonary, mitral and aortic valves lie on a
common plane in the heart, termed as valvular basal plane as
shown in Fig. 1(ai). The tricuspid and mitral valves regulate the
inﬂow of blood to the right and left atrium respectively. The
pulmonary valve regulates the outward ﬂow from right ventricle
of the heart to the pulmonary artery while the aortic valve controls
the ﬂow to the aorta from the left ventricle. Blood ﬂows from the
aorta to the major arteries, small arteries, arterioles, capillaries,
venioles, and veins throughout the body, ﬁnally returning through
the tricuspid valve to the top right chamber of the heart. The aortic
and pulmonary valves possess similar structures. Both of them are
composed of three semilunar leaﬂets or cusps along with their
respective sinus complexes called valve roots. Figs. 1a(ii)–(iv)
present some native and tissue engineered porcine and human
pulmonary and aortic heart valves. The valve leaﬂets are composed of four main components, namely the hinge (also named as
the commissural region), the belly, the lannula with the noduli of
Arantii, and the coapting surface (Misfeld and Sievers, 2007). The
cross-sectional structure of the leaﬂets is a thin, ﬂexible, trilayered structure that can be divided into three sublayers, namely,
ﬁbrosa, spongiosa, and ventricularis (Cox, 2009) as shown in Fig. 1
(b) and (c).
Fibrosa, the thickest of the three layers, is primarily comprised
of a highly dense network of corrugated collagen type-I ﬁbers,
which are arranged mostly in longitudinal direction and to a lesser

degree in radial direction as well (Misfeld and Sievers, 2007). The
radial ﬁbers are much more crimped compared to the longitudinal
ones. The elastin in the ﬁbrosa forms a highly organized network
of ﬁlaments stretching radially from the central region to the line
of attachment of the leaﬂet. The walls of these tubes contain dense
elastin sheets, which surround the collagen ﬁber bundles. Elastin,
a highly elastic protein, stores energy during the loading of the
valve and releases it to the collagen during unloading, thus
allowing the valve to return to its resting position (Adham et al.,
1996; Isenberg et al., 2006). Spongiosa, the sandwiched middle
layer, consists of highly hydrated glycosaminoglycans (GAGs) and
proteoglycans (PGs) as well as some loosely arranged collagen and
elastin. It acts as a buffer zone between ﬁbrosa and ventricularis
and enables shearing between the two layers during loading and
unloading. It absorbs the load and transfers it to the elastic aortic
wall, resulting in minimum stress on the leaﬂet itself. Ventricularis, the thinnest of the three layers, consists of a collagen ﬁber
network and elastin sheets – becoming a ﬁbrous mesh at the
edges – longitudinally arranged as shown in Figs. 1(d) and (e). In
terms of functionality, the ﬁbrosa acts as the main load-bearing
layer, the spongiosa work as a cushion, lubricating the interface
between spongiosa and ventricularis layers, while the ventricularis
assists in reducing the large radial strains during the high blood
ﬂow over the valves when they are fully opened. The tri-layered
structure of the valves ensures the high tensile strength for
resisting the high transvalvular pressures and the low ﬂexural
stiffness as required for normal opening of the valve (Sacks et al.,
1998). All leaﬂet layers consist of a network of collagen and elastin
ﬁbers saturated with ﬂuids. The microstructural composition of
the heart valve tissue determines its non-linear stress–strain
characteristics. At very small initial strain, the wavy collagenous
and elastin ﬁbers can be stretched with relatively small forces,
whereas straight ﬁbers are much stiffer. This explains the dramatic
increase in stress required to stretch the tissue. Besides, water
comprises about 60–70% of the collagenous tissue by weight, and
the water molecules are tightly bound to the ﬁbrous network,
which makes the tissue almost incompressible. It is likely that the
water content contributes to viscous response of tissues. The
annulus of the heart valves consists of dense collagenous meshwork (Misfeld and Sievers, 2007) in which elastic and collagenous
ﬁbrils are present. The collagenous ﬁbers of the intermediate layer
are oriented radially (Misfeld and Sievers, 2007), as shown
schematically in Fig. 1(e).
The main cells present in heart valves include (i) the interstitial
cells and (ii) the endothelial cells. The valvular interstitial cells are
phenotypically of smooth muscle cells, cardiac muscle cells or the
ﬁbroblasts cell types (Brand et al., 2006), but they mostly exhibit
the characteristics of smooth muscle cells and myoﬁbroblast cells.
They are also responsible for the production of glycosaminoglycans (GAGs), which can retain water and are believed to be
responsible for the damping of mechanical forces and the viscoelastic properties of the valve (Sacks et al., 2009). The surface of the
leaﬂets is covered with a continuous layer of valvular endothelial
cells. The alignment of the endothelial cells is orthogonal, not
parallel, to the blood ﬂow. Some nerve cells are also present to
varying degrees in different valves (Flanagan and Pandit, 2003).

3. Physiological forces and biomechanics of heart valves
Enforcing and controlling a unidirectional blood ﬂow during
cardiac cycle is the primary function of heart valves. They are
considered as passive tissues directed by the inertial forces of the
blood ﬂow. The heart valves operate under a complex cyclic
tensile–shear–ﬂexural loading environment of tremendously high
mechanical demand with a cyclic loading of about 30 million times
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Fig. 1. Heart valve structure and composition: (a) structure of heart valves, (i) schematics of the 2D position of the four valves on valvular basal plane of heart where
P: pulmonary valve, AO: aortic valve, M: mitral valve, and T: tricuspid valve, (ii–iv) some native and tissue engineered heart valves: (ii) porcine pulmonary heart valve,
(iii) decellularized porcine aortic heart valve, and (iv) tissue engineered human heart valve. (b–e) Composition of the heart valves: (b) schematic of the cross section of an
aortic valve leaﬂet, (c) histology of the cross section of a valve leaﬂet showing the three main layers, ﬁbrosa, spongiosa and ventricularis, (d) schematic of the elastin and
collagen microstructure in different layers during systolic and diastolic cycles, and (e) arrangement of collagen ﬁbers as well as distribution of elastin and GAG's.
Figures adapted and reprinted from Butcher et al. (2011), Latremouille and Lintz (2005), McAlpine (1975), Misfeld and Sievers (2007), Sutherland et al. (2005), Carew et al.
(2003), and Vesely (1998), (2005), with permissions from the Royal Society of Chemistry and Elsevier Science.

Table 1
Transvalvular pressures for human and bovine heart valves. with permission from American physiological society.
Reprinted from Aldous et al. (2009)
Transvalvular pressure (mmHg)
Human

Bovine

Mitral valve

120

144

Aortic valve

80

92.4

Tricuspid valve

25

27.2

Pulmonary valve

10

11.9

a year (Butcher et al., 2011). During these cardiac cycles, the heart
pumps about 3–5 l of blood through the valves each minute
(Butcher et al., 2011), which results in a high blood velocity

Basis for bovine values (mmHg)

Reference

Systolic LV pressure¼ 150
Systolic LA pressure¼6
Diastolic atrial pressure¼ 92.4
Diastolic LV pressure¼ 0
Systolic RV pressure¼ 50.1
Systolic PA pressure¼ 32.2
Systolic RA pressure¼ 5
Diastolic PA pressure¼14.5
Diastolic RV pressure ¼2.6

Doyle et al. (1960)
Kuida et al. (1961)
Amory et al. (1992)
Doyle et al. (1960)
Amory et al. (1992)
Amory et al. (1992)
Reeves et al. (1962)
Amory et al. (1992)
Amory et al. (1992)

of 1.35 70.35 m/s through the aortic valve (Otto, 2001), and
physiological transvalvular pressures of 10 mmHg and 80 mmHg
for the pulmonary and aortic valve, respectively (Guyton, 1976).

1952

A. Hasan et al. / Journal of Biomechanics 47 (2014) 1949–1963

Table 1 shows the transvalvular pressures for human and bovine
valves (Engelmayr et al., 2005). While the accurate in vivo shear
stress and ﬂexure that the valves experience are still not precisely
known, estimated values of 10–80 dyne/cm2 for shear stress on
the aortic valve have been suggested (Weston et al., 1999). Some
studies have reported the peak shear stress values to be in the
range of 30–1500 dyne/cm2, where the higher values are correlated to the diseased states, e.g. degree of stenosis (Nandy and
Tarbell, 1987; Weston et al., 1999). The in vivo strain in the
circumferential direction for the aortic valve leaﬂet has been
calculated to be 10% and that in the radial direction has been
estimated to be 40% (Brewer et al., 1977; Missirlis and Armeniades,
1976; Thubrikar et al., 1980), while that of the aortic root is 5% in
both longitudinal and circumferential directions. The cusp extensibility in the radial and circumferential directions are Er ¼0.6–0.8
and Ec ¼ 0.2–0.3 where Er and Ec are the Lagrangian strain in the
radial and circumferential direction respectively (Lagrangian strain
is one of the types of strain).
The minimum (diastolic) pressure occurs toward the beginning
of the cardiac cycle when the ventricles are ﬁlled with blood while
the peak pressure is termed as systolic pressure and it occurs
toward the end of the cardiac cycle when the ventricles are
contracting. The majority of stresses and strains occur in aortic
valve leaﬂets in the diastolic cycle and during the early opening of
valve (Butcher et al., 2011). Assuming that valves get deformed by
the blood ﬂow through combined axial stretching and bending,
Thubrikar et al. (1980) used elementary beam mechanics theories
and calculated the total stresses in the leaﬂets in systole and
diastole to be 50 kPa and 500 kPa, respectively. Other studies
estimated the maximum physiological stress of the leaﬂet to be
between 200 and 400 kPa (Christie, 1992; Lee et al., 1984). The
elastic modulus in the radial and circumferential directions during
initial loading phase have been found to vary in the range of
2–10 kPa and 20–100 kPa respectively, while in the post-nonlinear-transition phase it is 1–2 MPa and 8–12 MPa in the radial
and circumferential direction respectively. The ultimate tensile
strength of the leaﬂets are 10 folds higher compared to the in vivo
maximum stresses, and are in the range from 2 to 4 MPa (LeesonDietrich et al., 1995). These values can be taken as the guidelines or
the targeted ranges for stresses and strains in designing implantable TEHVs, i.e. the material to be used in fabrication of a TEHV
should have sufﬁciently high ranges of mechanical properties to
function effectively at these ranges of stresses and deformations.

4. Mechanical properties of native and tissue engineered
HV constructs
Biomechanical characterizations of human native heart valves
are rare in literature due to the limited availability of fresh human
heart valves (Clark, 1973; Stradins et al., 2004). Few studies have so
far investigated the properties of human heart valves (Balguid
et al., 2007; Stradins et al., 2004), while a considerable number of
studies have been presented on properties of animal native heart
valves such as porcine (Anssari-Benam et al., 2011; Carew et al.,
2003; Christie and Barrattboyes, 1995; Gloeckner et al., 1999;
Lewinsohn et al., 2011; Merryman et al., 2006; Mirnajaﬁ et al.,
2006; Sauren et al., 1983; Stella et al., 2007; Stella and Sacks, 2007)
and ovine (Hoerstrup et al., 2000; Sodian et al., 2000a) heart
valves. Some studies (Mavrilas and Missirlis, 1991) investigated
both human and porcine heart valves. However, each of these
studies focused on certain speciﬁc mechanical properties. For
example, Balguid et al. (2007) tested nine cadaveric aortic valves
from healthy individuals (six females and three males, with a
mean age of 48.9 711.4 yr), as obtained from deceased patients
who had not suffered from aortic heart valve disease. The tissues

were stored at 4 1C and were tested at room temperature within
24 h of death. The focus of their investigation was the correlation
between biomechanical properties of the heart valve leaﬂets and
collagen-crosslinks. However, the tested mechanical properties
included only uniaxial tensile tests.
Stradins et al. (2004) studied 11 healthy cadaveric pulmonary
and aortic heart valves from donors between 20 and 50 years old.
The valves were maintained in standard physiological solution.
They reported only the uniaxial tensile stress–strain behavior too.
Another study performed by Mavrilas and Missirlis (1991),
reported the mechanical features of human aortic heart valve in
which ﬁve heart valves, one from female (death due to poisoning)
and four from males (death due to trafﬁc accidents) of age 15–
27 yr were tested. Similarly, other studies involving biomechanical
properties of animal native heart valves and TEHVs mostly focused
on investigation of uniaxial tensile mechanical properties. In this
review we, therefore, start our discussion with the tensile mechanical properties, which is followed by other mechanical properties
including ﬂexural, fatigue and viscoelastic properties.
4.1. Tensile properties
4.1.1. Uniaxial tensile properties
Uniaxial tensile testing is perhaps the most common means of
measuring the mechanical properties of heart valves (Grashow
et al., 2006b). Fig. 2(a) demonstrates a representative example of
stress–strain curve for soft tissues such as heart valve leaﬂets. In
Fig. 2(a), the tensile stress, s, is deﬁned as, s ¼F/A, where F is the
applied force and A is the area of cross section in the released
state. The tensile strain, ε, is deﬁned as, ε ¼ ΔL/L0, where ΔL is the
change in the length of the specimen, and L0 is its initial length.
The elastic modulus, also known as Young's modulus, is deﬁned by
the ratio of stress and strain, given as, E ¼s/ε.
Fig. 2(a) shows that the stress–strain behavior of soft biological
tissues such as a heart valve leaﬂet is highly non-linear. The
convention used in description of different mechanical properties
of soft tissues from a tensile stress–strain curve is also shown in
Fig. 2(a). The parameters EH, εo, and εtr shown in Fig. 2(a) are called
the high elastic modulus, zero-stress extrapolated strain and the
transition strain, respectively, and are introduced to facilitate the
comparison of the non-linear transition region of different samples (Mavrilas and Missirlis, 1991). The tensile stress–strain curve
can be split into a number of regions or phases whose characteristics might be associated with speciﬁc physiological functions.
The main phases of the curve are (i) low stress–low strain pre
transition linear elastic phase, which can be linked to the straightening of the crimped ﬁbers of collagen and the elongation of the
elastin ﬁbers, (ii) the highly non-linear transition phase that might
be related to the transfer of force from the elastin to the collagen
ﬁbers, (iii) a post-transition linear elastic region linked with
elongation of elastic and collagen ﬁbers, and (iv) a non-linear
region of decreasing stress where the elastin and collagen ﬁbers
rupture until complete tearing apart of the tissue.
4.1.1.1. Uniaxial tensile properties of native HV. A number of studies
exist in literature on the uniaxial tensile mechanical properties of
native aortic and pulmonary heart valves from humans and animal
models (Auger et al., 2013). A comparison of the moduli of
elasticity of different components of human aortic and
pulmonary valves is presented in Table 2 (Stradins et al., 2004).
The table shows that except sinuses of valsalva, all elements of
aortic valve are more elastic compared to those of pulmonary
valve. A collection of stress–strain curves in the circumferential
and radial directions for native aortic and pulmonary heart valves
is shown in Fig. 2(b) for human, porcine and ovine heart valves.
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Fig. 2. Uniaxial and biaxial tensile mechanical properties of heart valves: (a) a typical uniaxial tensile stress–strain curve for soft biological tissues such as human aortic and
pulmonary heart valve leaﬂets, (b) uniaxial tensile stress–strain curves for human and animal models native aortic and pulmonary valves in circumferential and radial
directions, (c) uniaxial tensile stress–strain curves for TEHV constructs, (d) strain rate sensitivity of uniaxial tensile stress–strain curve for human aortic valve (Mavrilas and
Missirlis, 1991). (e) Biaxial loading and unloading tension–stretch data for human aortic valve in the circumferential and radial directions.
Figures reprinted from Sacks et al. (2009) with permission from Elsevier Science.
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Table 2
Comparison of moduli of elasticity, E (MPa), of pulmonary and aortic valve elements (Stradins et al., 2004).

Pulmonary valve
Aortic valve

Commissures

Fibrous ring

Sinotubular junction

Sinuses

Reference

10.047 2.82
13.80 7 3.16
P ¼0.07

10.06 72.64
12.50 7 2.98
P40.2

5.85 7 1.62
7.417 2.34
P40.2

14.28 73.48
10.53 73.22
P¼ 0.12

Stradins et al. (2004)
Stradins et al. (2004)

Table 3
Uniaxial tensile mechanical properties: Young's modulus, ultimate tensile strength, and strain at maximum stress of tissue engineered and native heart valves (Balguid et al.,
2007; Sodian et al., 2000a).

Native circumferential
Native radial
Tissue engineered static
Tissue engineered dynamic
Unseeded PHO
Tissue engineered conduit wall (1 week in vivo)
Unseeded control of the conduit wall (5 weeks in vivo)
Tissue engineered conduit wall (5 weeks in vivo)
Tissue engineered conduit wall (17 weeks in vivo)
Native pulmonary artery
a

Young's modulus
(MPa)

Ultimate tensile
strength (MPa)

Straina A max (%)

References

15
2
3
6
0.705
1.325
1.279
0.487
0.140
0.040

2.6
0.4
0.7
0.9
0.732
0.967
0.955
0.838
0.648
0.385

22
30
33
25
61
10
9
88
101
91

Balguid et al. (2007)
Balguid et al. (2007)
Balguid et al. (2007)
Balguid et al. (2007)
Sodian et al. (2000a)
Sodian et al. (2000a)
Sodian et al. (2000a)
Sodian et al. (2000a)
Sodian et al. (2000a)
Sodian et al. (2000a)

Strain at ultimate tensile stress.

Table 4
Uniaxial tensile mechanical properties, average values of EH, εo, and εtr, of human and porcine heart valves (mavrials and missirlis).
εtr (%)

EH (MPa)

εo (%)

References

Circum

Radial

Circum

Radial

Circum

Radial

Human aortic valve
14.55 7 3.7
7.1
8.33
5.86
13.1

1.577 0.18
2.27
2.45
1.70
7.50

6.8 7 1.96
11
–
13
9

6.9 7 1.69
23.9
–
24
13

3.84 7 1.40
–
–
–
–

4.40 7 1.10
–
–
–
–

Mavrilas and Missirlis (1991)
Missirlis (1973)
Armeniades et al. (1973)
Clark (1973)
Yamada (1973)

Porcine aortic valve
7.78 71.7
9.26
3.35
28
6.6

1.28 7 0.34
2.28
1.09
1.33
–

16.8 76.5
39
33
6
8

11.60 7 3.10
51
58
12
–

10.80 7 5.0
–
–
–
–

7.50 7 2.40
–
–
–
–

Mavrilas and Missirlis (1991)
Tan and Holt, (1976)
Chong (1977)
Sauren et al. (1983)
Rousseau et al. (1983)

Young's modulus, ultimate tensile stress, and maximum strain
at failure are shown in Table 3 while the EH, εo, and εtr, are
summarized in Table 4. A large scatter in the literature data is
evident for the mechanical properties of native heart valves
(Fig. 2b, and Tables 3 and 4). While biological variability accounts
for the scatter of the data to some extent, experimental variations
are responsible for the rest. The experimental variations arise due
to a lack of pre-established standards and inconsistency in specimen preparation, test conditions and measuring parameters such
as strain rates, target loads, specimen size and dimensions.
Furthermore, inconsistency in the method of extraction of material
parameters from highly non-linear material testing data is another
reason for the large scattering (Karimi et al. 2008). A comparison
of the data from literature therefore require due attention.
It is also evident that the modulus of elasticity and ultimate
tensile stress of heart valve leaﬂets are higher in the circumferential direction than those in the radial direction (Fig. 2(b),
Tables 3 and 4). Thus, heart valves are inherently highly anisotropic in nature. Comparison between pulmonary and aortic valves
shows that although in a native environment pulmonary and
aortic valves experience different transvalvular pressures, the
mechanical properties of the two valves are comparable to each

other. This justiﬁes the success of clinical practice of substituting
aortic valves with the autograft pulmonary valves using the Ross
procedure (Chambers et al., 1997; Gerosa et al., 1994; Ross et al.,
1992; Stradins et al., 2004).
A signiﬁcant difference between human valves and those of
common animal models such as porcine, bovine, or ovine valves is
evident. The animal heart valves are much weaker compared to
human heart valves (Fig. 2, Tables 3 and 4). This is one of the
reasons that xenograft valve transplants in humans lack long-term
durability.
4.1.1.2. Uniaxial
tensile
properties
of
tissue-engineered
HV
constructs. Despite the extensive research on tissue engineering of
heart valves over the last few decades, there have been few studies in
which complete heart valve constructs have been fabricated. The
number of TEHV constructs that advanced to animal studies is even
more limited. Studies in which the mechanical properties of the TEHV
constructs have been investigated include those of Driessen et al.
(2007), Balguid et al. (2007), Engelmayr et al. (2005, 2006), Sodian
et al. (2000a) and Hoerstrup et al. (2000) (Fig. 2c).
Driessen et al. (2007) used a biodegradable scaffold of a polyglycolic acid (PGA) mesh with outer coating of polyhydroxybutyrate
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(P4HB) to produce a TEHV leaﬂet. Scaffolds, seeded with cells from
human vena saphena magna, were conditioned in a bioreactor with a
diastolic pulse duplicator. The leaﬂets were characterized in vitro, and
were tested for uniaxial tensile properties along the circumference
and radius. The observed properties were then introduced into a
computational model to further analyze the mechanics of TEHV.
Balguid et al. (2007) also used non-woven PGA scaffolds coated
with a thin P4HB and seeded them with human venous myoﬁbroblast cells to obtain heart valve constructs. Fibrin was used as a
cell carrier. One group of the samples were cultured under static
environment, while another group, after ﬁve days of static culturing, was subjected to dynamic straining for three weeks, at a
frequency of 1 Hz. Uniaxial tensile tests were performed on all
samples. The results showed that replicating the composition of
the extracellular matrix in TEHVs, such as mimicking the collagen
content of native heart valve, does not necessarily ensure sufﬁcient
mechanical properties. Rather, the nano- and microstructure of the
ECM, e.g. the density of collagen crosslinks per helix of collagen,
seemed to be more important. In addition, the dynamic preconditioning of the constructs resulted in higher elastic modulus
and tensile strength compared to static culturing.
The longest implantation study of TEHV so far has been
reported by Hoerstrup et al. (2000), Shinoka et al. (1996), and
Sodian et al. (2000a). The authors ﬁrst constructed a single valve
leaﬂet for replacement of pulmonary valve leaﬂet using PGA
mesh scaffold and autologous cells from a sheep. The tissue
engineered valve was then implanted into the very same animal
(Shinoka et al., 1996). The initial high stiffness of PGA, the poor
mechanical properties and the lack of seminal growth of the
implanted construct were observed as issues of concern. Hence
the authors in their subsequent work adopted polyhydroxyoctanoate (PHO) (Sodian et al., 2000b) scaffolds. They seeded the
scaffolds with autologous ovine carotid arterial cells and
implanted them into six lambs. Echocardiography data analysis
conﬁrmed no stenosis or thrombosis for up to 20 weeks. However, the slow degradation of the PHO, resulting in a prolonged
bioabsorption turned out to be of concern. The authors, next,
chose PGA mesh coated with a thin layer of P4HB for their
scaffold (Hoerstrup et al., 2000). Since P4HB offers higher initial
strength and ﬂexibility, due to its thermoelastic nature and
shorter biodegradation time, the PGA-P4HB composites offered
a good combination of porosity (from PGA) and mechanical
properties (from P4HB). The PGA-P4HB autologous tissue engineered valves were reported to function in vivo for up to ﬁve
months and resembled the heart valve structure, mechanics and
matrix compositions. The uniaxial tensile stress–strain curve for
human aortic valve was highly sensitive to the rate of deformation, i.e. the strain rate, in both radial and circumferential
directions (Fig. 2(d)), an indication of stress dissipation and
relaxation behavior at lower strain rates.
Thus a large number of studies report the uniaxial tensile
properties of both native heart valves and TEHV constructs.
However, as noted earlier the static uniaxial tensile tests are too
simplistic and do not represent the physiological loading conditions on heart valve leaﬂets in vivo. For better characterization,
dynamic biaxial and ﬂexural properties of leaﬂets are more
relevant as discussed below.

stretch loading–unloading data for a human aortic valve. The
leaﬂet responses in the circumferential and radial directions are
clearly distinctive (Fig. 2e). Collagen architecture of aortic and
pulmonary valves in its initial state is organized in the circumferential direction of the leaﬂet. The collagen ﬁbers lay-down pattern
deﬁnes the response to biaxial tension (Merryman et al., 2006). In
the initial stage of the test (small deformation), the collagen ﬁbers
are stretched circumferentially and exhibit a rapid rise in tensile
stress with a minor increase in strain. The leaﬂet response in the
radial direction takes place in two stages. In the ﬁrst stage, a toe
region exists where a small change in tensile stress causes a large
deformation. In the second stage the tensile stress rises steeply
until the tissue attains its ultimate extensibility. The toe region in
the initial stage can be explained by the fact that the valvular
leaﬂets do not have many aligned ﬁbers along their radial direction. The high compliance of the leaﬂet along its radial direction in
the ﬁrst stage of the tensile test allows leaﬂets to be stretched in
the diastolic cycle, while the circumferential stiffness is important
for supporting the high transvalvular pressure. Such anisotropic
properties of the valve leaﬂets are important for proper valve
functioning (Merryman et al., 2006).
The most commonly used biaxial tensile test of the valve
leaﬂets was described in detail in the papers of Grashow et al.
(2006a, 2006b), Stella and Sacks (2007). It was recommended that
during the tests, specimens should be immersed in PBS solution at
physiological temperature. The tensile loads were applied to the
specimen through sutures connected along the specimen edges.
The time dependent response of heart valve constructs is of
special interest. Stella and colleagues (Stella et al., 2007) studied
biaxial time-dependent tensile behavior of porcine aortic valve
leaﬂets. Their study included creep, strain rate and stress relaxation under planar bi-axial stretch from 0 to 60 N/m. The tension
versus stretch (force–displacement) relation was found to be
insensitive to the strain rate. While a low level of hysteresis
(17%) and a signiﬁcantly high level of stress-relaxation (  27.5%
in circumferential direction, 33.3% in radial direction) were
observed, the exhibited creep was negligible over 3 h. These
results contradict the earlier ﬁndings on ligaments and pericardium, all of which exhibited signiﬁcant creep. This indicates that
the relaxation and creep mechanisms in the heart valves are not
dependent on each other.
Sacks et al. (2009) developed a series of tests that enabled
micro-structural insights into the mentioned phenomenon. By
applying small angle X-ray scattering (SAXS) the authors probed
the dependence of mechanical properties of the tissues on the
kinematics of collagen ﬁbrils under biaxial stress. In creep tests
carried out for 60 min, both the tissue strain and ﬁbril D-period
strain remained constant. In case of stress relaxation the ﬁbril
D-period strain decreased rapidly in the ﬁrst 10 min of the 90 min
test. The authors concluded that the stress relaxation can be due to
an internal slipping mechanism, probably regulated by noncollagenous components, such as proteoglycans, whereas the lack
of creep in presence of stress relaxation suggested that no internal
slipping was present under constant loads (only under constant
external strains). However, the study was performed on mitral
valve leaﬂets as opposed to aortic or pulmonary valve. Investigations on time dependent biaxial properties of aortic and pulmonary valve might reveal similar or more useful insights.

4.1.2. Biaxial properties
While there are substantial data in literature on the uniaxial
tensile mechanical properties of heart valves, data on biaxial
tensile mechanical properties (Christie and Barrattboyes, 1995;
Grashow et al., 2006b; Martin et al., 2011; Sun et al., 2003),
especially time dependent biaxial data, is limited (Stella et al.,
2007; Stella and Sacks, 2007). Fig. 2(e) shows biaxial tension–

4.2. Flexural/bending properties
Flexure/bending (Figs. 3(a)–(c)) is a major deformation mode
for heart valve leaﬂets. Although uni-axial and biaxial tensile
experiments - conducted on excised strips of valve leaﬂets dominate documented studies (Anssari-Benam et al., 2011; Sacks
et al., 2009; Sacks and Yoganathan, 2007; Stella et al., 2010; Vesely,
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Fig. 3. The different testing methods for ﬂexural properties of aortic heart valve tissue, (a) three-point bending (Merryman et al., 2006a): the tissue is supported on two
beams and indented by a third beam, (b) cantilever bending (Mirnajaﬁ et al., 2006): the valve tissue remains connected to the aortic root (ﬁxed side) and a post is attached to
the free side which induces cantilever bending, (c) ﬂexural macro-indentation test (Ragaert et al., 2012): The leaﬂet is clamped over a round opening and indented with a ball
probe, (d) Flexural mechanical properties: M versus Δκ relations (Sacks et al., 2009).
Figures reprinted with permission from Elsevier Science.

1998; Vesely and Noseworthy, 1992; Wang et al., 2005; Weinberg
et al., 2010), these tests do not fully represent the physiological
deformation of the valves. The actual physiological deformation of
heart valves is largely a ﬂexural deformation. An added advantage
of using ﬂexural tests is the fact that they allow for the quantiﬁcation of strains at comparatively low stresses.
Flexural tests were ﬁrst conducted on heart valve leaﬂets in the
late 1980s (Vesely and Boughner, 1989) when the calciﬁcation of
glutaraldehyde-ﬁxed porcine prosthetic valves was attributed to
ﬂexural stresses (Sabbah et al., 1985, 1986), turning the bending
properties of leaﬂets into a clinically relevant topic. The ﬁrst ﬂexural
experiment (Vesely and Boughner, 1989) employed a modiﬁed form
of the three-point bending test method, in which the leaﬂet strips
were positioned vertically between two clamps that preloaded the
tissue to a ﬂattened state. By rotating the top clamp by 901 the tissue
strip was bent over a mandrel. The bending moment and ﬂexural
stiffness of the tissue were then calculated using simple beam
theory. The authors observed that the bending stiffness, Sn, increased
with the (tensile) stress applied by the upper clamp according to the
second-order polynomial relation Eq. (1), given by
Sn ¼ 100 þ 2:1s þ0:083s2

ð1Þ

where Sn is the bending stiffness, in nN m² unit, and s is the applied
stress in kPa. They also reported that the bending stiffness was only
slightly affected by the preload applied to the tissue. Furthermore, it
was observed that the neutral ﬁbers of the deformed tissue were not
located in the central plane of the cross section, but closer to the side
of the ﬁbrosa. Since a centrally located neutral plane is a prerequisite

for the application of simple beam theory, the authors suggested
that this theory did not apply to their experimental setup.
The ﬂexural test experiments performed on heart valve leaﬂets
can largely be classiﬁed into three categories: three-point bending
tests, cantilever bending tests and macro-indentation tests. Cantilever and three-point bending are typically conducted on excised
strips of tissue, while macro-indentation tests are performed on
the entire valve leaﬂet. A schematic overview of these three
ﬂexural test methods is shown in Figs. 3(a)–(c), and brief descriptions of these different tests are provided below. Unless indicated
otherwise, all research summarized in this section were conducted
on porcine aortic valve tissues and on samples extracted from the
belly region, the central tissue region, of the leaﬂets.

4.2.1. Three-point bending
A considerable volume of work on three-point bending properties of aortic valve leaﬂets has been reported by Sacks et al. One
example is the work conducted by Gloeckner et al. (1999), in
which the authors investigated the effects of fatigue on aortic
valve bending properties. The bending stiffness, EI, was obtained
using the linear beam theory, according to the formula
EI ¼

FL3
48ymax

ð2Þ

where F is the applied force, L is the span length between the two
supports, and ymax is the maximum depth of indentation. The
authors reported the experimental results in terms of a bending
stiffness index (BSI), meant to serve as a basis for comparison of
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bending stiffness among samples. A mean BSI of 4.0  104 N m²
was obtained in the circumferential direction, while a four times
lower mean BSI was obtained in the radial direction, both for
bending along the physiological direction of curvature. The BSI
value almost doubled for bending against curvature in the circumferential direction, while no signiﬁcant difference was noticed
in the radial direction. In terms of fatigue, the decrease of the BSI
for up to 200 million loading cycles was quantiﬁed. The results will
be discussed in the fatigue properties section. The observed
differences in the non-fatigued BSI value were attributed to the
complex structure of the valve tissue: the preferential orientation
of the collagen ﬁbers along the circumferential direction was
responsible for the higher BSI in this direction. Also, when bending
the leaﬂet against the natural curvature direction, the ﬁbrosa was
stretched and the ventricularis was compressed (opposed to the
bending in the curvature direction in which ﬁbrosa is compressed
and ventricularis is stretched). Being thicker and composed
primarily of dense collagen ﬁbers, the ﬁbrosa contributes the most
to circumferential bending properties and thus increases bending
stiffness in the adverse direction.
Based on Gloeckner's method, Engelmayr et al. (2003) developed a bioreactor speciﬁcally designed to subject TEHV to cyclic
(uni-directional or two-way) ﬂexure and included an evaluation of
scaffold bending stiffness for dynamic culture periods of up to ﬁve
weeks. For determining the effective stiffness of the tissue constructs, they introduced a method based on visual monitoring of
markers which represented the deformation of the samples. From
these, they calculated the applied moment M and the change in
curvature Δκ, which were plotted against each other. Through
regression, a linear relationship was determined between the two
and ﬁnally the effective stiffness was obtained from the slope of
this linear curve (Fig. 3(d)) using the Bernoulli–Euler moment–
curvature relationship (Frisch-Fay, 1962)
M ¼ Eef f I Δκ

ð3Þ

In Eq. (3), the slope EeffI is the ﬂexural rigidity of the sample, with
Eeff being the effective stiffness and I the second moment of inertia.
Dividing this slope by I yields the effective stiffness value of the
sample. By using the change in curvature, the authors effectively
worked around the problem that the tissue was not taut over the
supporting beams in a conventional three-point bending setup
(Vesely and Boughner, 1989), as can also be observed in Fig. 3(a).
The incubation of (unseeded) non-woven polymeric mesh
scaffolds under dynamic ﬂexure conditions led to a substantial
decrease in effective stiffness for these scaffolds, while the loss of
stiffness was signiﬁcantly less severe for statically cultured scaffolds. In a follow-up study (Engelmayr et al., 2005), the scaffolds
were seeded with ovine smooth muscle cells (SMC), which led to
increased stiffness after three weeks of culture, as the cellular
component could contribute to the overall scaffold stiffness. It
could also be shown that the ﬂexing of the scaffolds during
incubation led to a 63% increase in developed collagen compared
to the static group.
Using the same three-point bending method, Merryman et al.
(2006) investigated the effect of aortic valve interstitial cell (AVIC)
contraction on the ﬂexural stiffness. They performed the bending
test on valve leaﬂets after eliciting a cellular contraction, and after
inhibiting cellular contraction. Effective stiffness values of 150–
200 kPa were reported, with an overall independence of stiffness
from bending direction and ﬂexural angle. It was also found that
the mechanical contribution of the AVIC to the bending stiffness
was largely negligible.
Furthermore, the three-point bending test method ﬁrst developed by Gloeckner has been used for the evaluation of porcine
heart valve prosthetics (Mirnajaﬁ et al., 2006) as well as pericardial
porcine heterografts for valve leaﬂets (Mirnajaﬁ et al., 2005).
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However, these results are considered beyond the scope of this
review.
4.2.2. Cantilever bending
Cantilever bending is physiologically relevant to the local deformation near the commissural region of the leaﬂet, which contrary to the belly region - is connected to the aortic root and
is in contact with other leaﬂets. Its attachment to the aortic root
may be abstracted to the ﬁxed end of a simple beam under
cantilever bending. Mirnajaﬁ et al. (2006) adapted Gloeckner's
device (Gloeckner et al., 1999) to cantilever bending test as shown
in Fig. 3(b). Once again based on simple beam theory, the effective
stiffness was determined as a function of the ﬂexural angle ϕ, for
angles between 221 and 401. A linear E  ϕ relation was established
for bending both along and against the physiological direction. For
the sake of comparison, an instantaneous Eeff was chosen at
ϕ ¼301, This Eeff was found to be about one third of the value for
the belly region, previously determined by Merryman et al. (2006),
when bending along the physiological direction. Contrary to earlier results for bending of the belly region, the stiffness in the
commissural region was found to be signiﬁcantly sensitive to the
direction of the bending: it was roughly 50% stiffer when bent
against the physiological direction.
4.2.3. Macro-indentation
In ﬂexural macro-indentation tests, the excised valve tissue is
clamped over a round opening and indented with a ball probe,
resulting in a load versus depth of indentation curve. The major
difference with respect to three-point bending tests is that the
ﬂexural response of the entire leaﬂet is tested, as opposed to cutout strips, whose behavior is dependent on the direction in which
they are cut. Although the entire valve leaﬂets are used, it is the
ﬂexural behavior of the belly region that is evaluated, as the
commissural region remains inside the clamped part.
The macro-indentation tests of aortic valve tissue were ﬁrst
reported by Narine et al. (2006), who investigated the effects of
cryopreservation on decellularized porcine valves meant for
prosthetic use. The authors reported that while cryopreservation
did not signiﬁcantly affect the maximum stress at failure of the
leaﬂet, it did increase the strain at failure. The authors recalculated the obtained load indentation curves to determine stress–
strain equivalents. From the depth of indentation, the contact
surface area between ball probe and leaﬂet were calculated
geometrically, which was used to convert the measured load to
stress. Likewise, the strain was obtained by comparing the
contact surface area to the circular opening in the plate. Using
this method, the principles of uni-axial tensile straining was
applied to a case of ﬂexural loading. As such, these results should
be interpreted with care. Narine et al. (2006) investigated only
the ultimate properties of the valve leaﬂets, reporting on stress
and strain at break. While these may yield useful information,
they reveal little of the functional behavior of the valve, more
speciﬁcally an indication of ﬂexural stiffness in the lower stress
regions.
A new series of experiments was recently conducted by Ragaert
et al. (2012). A schematic for their test method is shown in Fig. 3(c).
In order to consider the strain hardening of the tissue by previous
loading, the leaﬂets were preloaded twice before the relevant tissue
properties were determined. The properties include: the maximum
load – the maximum applicable load on the cusp (ML) [N], extension
at break – indentation depth prior to rupture (EXT) [mm], and the
stiffness parameter – the linear slope of the load–indentation curve
(ST) [N/mm] which is a measure of the tissue stiffness. ML and EXT
present the characteristics of the cusps, while ST gives information
about the physiological properties of the tissue. Although not a
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value for Eeff [N/mm²] as was calculated from the three-point
bending tests described above, ST [N/mm] is nonetheless a functional parameter describing the tissue's ﬂexural response to an
applied load. The reported values (mean7st. dev.) for these properties were EXT¼3.0770.68 mm, ML¼15.0874.29 N and ST¼
8.9771.17 N/mm. In the experiments, it was also found that the
coronary position of the leaﬂet is irrelevant to their ﬂexural properties. Recently, nano-indentation-based methods have been applied
for characterization of various advanced materials, such as metal
foams (Kim et al., 2005). These methods also have strong potential
in the study of heart valve biomechanics.
Thus the different types of ﬂexural tests including the three
point bending, cantilever bending and macro-indentation tests
provide complementary insights about the performance of TEHV
constructs, and a combination of these tests would be more useful
in understanding the ﬂexural performance of the TEHV constructs
compared to a single test.

4.3. Viscoelastic properties of heart valves
There have been very few investigations on the viscoelastic
properties of the heart valves. Although rheological studies are
widely used in a range of scientiﬁc and engineering ﬁelds, the
tissue engineering literature has made little use of rheological or
viscoelastic properties. As mentioned above, the viscoelastic properties of leaﬂets signiﬁcantly differ depending on the leaﬂet
direction similar to tensile and ﬂexural properties. The mechanical
properties of the valve leaﬂet are strongly anisotropic due to the
fact that their ﬁbers are aligned. All valve leaﬂets are stiffer in the
circumferential direction in comparison to the radial direction
(Weinberg and Mofrad, 2005).
As valve leaﬂets are made of viscoelastic material, their stress–
strain characteristics are strain rate dependent. Also, even though
the stress relaxation and creep phenomena are present, the creep
is not signiﬁcant, Fig. 4(a) and (b) (Stella et al., 2007). Hysteresis is

Fig. 4. Illustration of the viscoelastic response of a valve leaﬂet: (a) relaxation and (b) creep experiment (Stella et al., 2007), (c, d) hysteresis and recoverability of the aortic
valve tissue (Anssari-Benam et al., 2011), (e) illustration of the effects of preconditioning of porcine aortic valve on stress–strain characteristic (Martin and Sun, 2012).
Figures adapted and reprinted with permission from Elsevier Science.
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observed during the cyclic loading, but recoverability is limited to
given number of cycles.
A multitude of constitutive models have been proposed for the
heart valve tissue. Most of them describe the strain rate and time
dependence of the valve material, like the Kelvin–Voigt (AnssariBenam et al., 2011) model of viscoelasticity, however the most
popular approach is to use the quasilinear viscoelastic model (QLV)
proposed by Fung (1972). The QLV is the most widely used
approach in biomechanics of soft tissues and is useful in describing
the viscoelastic behavior of biological materials such as ligament,
tendon, cartilage and skin. In the QLV model the stress is
represented by Eqs. (4) and (5), separating elastic response and
relaxation function (Xu and Lu, 2011) as follows:
Z t
sðtÞ ¼
Gðt  τ; εÞε_ ðτÞ dτ
ð4Þ
0

εðtÞ ¼

Z
0

t

_ τ Þ dτ
Jðt  τ; sÞsð

ð5Þ

where τ is a dummy variable and t is the time; s is the stress, ε is
the strain, G is the creep modulus function and J is the relaxation
modulus function. In case of quasilinear tissue response, the
functions G and J can again be divided into two parts, one that
depends on strain and the other that depends on time given by
GðtÞ ¼ gðtÞse ðεÞ

ð6Þ

Jðt; sÞ ¼ jðtÞεe ðsÞ

ð7Þ

where g and j are functions of creep and relaxation. The parameter
s represents the response shown instantaneously, whereas ξ is the
elastic strain response.
It was shown that preconditioning of the specimen at a
sufﬁciently large number of loading and unloading cycles results
in signiﬁcant decrease of strain rate dependence, such that the
viscous effect disappears, but the material remains non-linearly
elastic. The behavior of such preconditioned material could be
appropriately described using the hyper elastic model (Figs. 4
(c) and (d)) (Martin et al., 2011).
The hyper elastic material model is based on the fact that the
energy density function W depends on the strain state. Stress s can
be obtained from (Martin and Sun, 2012)
s ¼

∂W
∂ε

ð8Þ

and Mofrad, 2005) expressed by
W ¼

1.0

0.8

0.6

0.4

0.2

C Q
ðe 1Þ
2

ð9Þ

where c is ﬁxed and Q is a function of the strain state, given by
Q ¼ A1 E211 þ A2 E222 þ 2A3 E11 E22 þ A4 E212 þ 2A5 E11 E12 þ 2A6 E22 E12
ð10Þ
where c and Ai are the material parameters, whereas Exy are the
terms of Green strain. Thus it is evident that aside from some
mathematical modeling, experimental investigations of the viscoelastic properties have remained largely un-addressed. The indepth understanding of the viscoelastic properties particularly the
stress relaxation, hysteresis etc. can help in designing more
durable TEHV constructs, as well as in gaining useful insights into
pathology of stenosis, calciﬁcation and other valvular diseases.
4.4. Fatigue properties
Mechanical fatigue plays an important role in valvular mechanics,
both in healthy and pathological conditions. The continuous repetitive
cyclic stress from the complex combination of stretching, ﬂexure and
shear may cause delamination of the layered leaﬂet structure through
ﬂexion, which may then lead to calciﬁcation and further delamination,
and ﬁnally failure of the valve leaﬂets (Gloeckner et al., 1999).
Accelerated durability tests can be used to induce fatigue in various
loading modes on native valves and TEHV constructs to understand
their effects on the structure and on long term mechanical properties.
However, hardly any data can be found in literature on the fatigue
behavior of heart valves except that of Gloeckner et al. (1999) where
the authors investigated the effects of mechanical fatigue on the three
point bending properties of porcine bioprosthetic heart valves. The
valves were fatigued to 0, 50, 100 and 200 million cycles of ﬂexural
stress with and against the curvature direction of the valve leaﬂets.
Linear beam theory was also applied. The result, as shown in Fig. 5,
revealed that as the number of cycles increased, the bending stiffness
of valve leaﬂets decreased signiﬁcantly, both in the radial and
circumferential directions. The decrease of bending stiffness index
against the curvature direction was largest, namely 80% lower after
200 million cycles compared to a valve that had not been exposed to
ﬂexural stress.
As the valve leaﬂets in vivo experience about 30 million
loading–unloading cycles per year, it is expected that the bending
stiffness and other mechanical properties of TEHV constructs
would deteriorate over time after implantation. This change in
mechanical properties must be taken into account in designing
implantable TEHV constructs. However, the quantitative effect of

Normalized Bending Stiffness Index

Normalized Bending Stiffness Index

One of the most popular energy density functions used for
capturing the non-linear behavior of soft tissues is the Fung-type
strain energy density function (Martin and Sun, 2012; Weinberg
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Fig. 5. Effect of fatigue on bending stiffness of heart valves.
Adapted from Gloeckner et al. (1999) with permission from Elsevier Science.
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fatigue on the uniaxial and biaxial tensile, ﬂexural and viscoelastic
properties of valve leaﬂets have remained largely unknown. It is
imperative that future studies should pay due attention to the
in vitro characterization of the effect of fatigue on important
mechanical properties of TEHV constructs prior to investigation
of in vivo performance in animals. This can signiﬁcantly reduce the
costs and increase the chance of success in achieving the goal of an
implantable TEHV construct.

counterpart. This result shows that computational modeling can
be helpful in understanding the mechanotransduction of heart
valves in both healthy and pathogenic states. In addition, simulation results from these models can also help in achieving optimum
design of TEHV constructs through iterative studies of structure to
mechanical properties relationship for different materials.

6. Summary and future directions
5. Computational models of heart valve mechanics
Computational models have been developed to aid in understanding the mechanics of healthy and diseased heart valves.
While much work has been devoted to developing constitutive
equations to describe the mechanics of heart valve tissues
(Holzapfel et al., 2000; Weinberg and Kaazempur-Mofrad, 2006;
Weinberg and Mofrad, 2005), some groups have developed functional models of heart valves as well (Sun and Sacks, 2005; Weiler
et al., 2011; Weinberg and Kaazempur Mofrad, 2007a). Given the
multiscale nature of valve biomechanics, linking the scales of cells,
tissues and organs, and ultimately to molecular scales, full understanding of the disease mechanisms and processes would necessitate multiscale models that can seamlessly span and link these
disparate scales (Weinberg and Kaazempur Mofrad, 2007b). As a
ﬁrst step in this direction, researchers have developed multiscale
models for calciﬁcation driven aortic stenosis of both the tricuspid
and bicuspid valves (Weinberg and Kaazempur Mofrad, 2008).
Aortic valve consists of three cusps and surrounding tissues;
however some patients have aortic valves with two cusps or
leaﬂets since birth. The bicuspid valves suffer from the calciﬁc
aortic stenosis (CAS) more often than tricuspid valves. Normally, in
healthy valves, the cusps are thin and pliable. In CAS, calciﬁed
nodes may spread all over the cusps. Currently it is not known
whether the increase in the risk of CAS is due to the difference in
geometries of the valves, or is due to the factors that produce the
geometric differences. Weinberg et al. implemented multiscale models of aortic valve and isolated the effect of individual parameters on the mechanics of valves at different scales
(Weinberg and Kaazempur Mofrad, 2008). Additionally, the bicuspid and tricuspid valves were modeled considering the scales at
the organ, tissue and cell level. Their models were dynamic, 3-D,
and considered detailed constitutive behavior. The simulations
showed the expected organ level difference between the bicuspid
and tricuspid valves. Also, the bicuspid valve demonstrated higher
ﬂexure in the solid phase and stronger jet formation in the ﬂuid
phase compared to the tricuspid data. From these data it can be
inferred that the higher rate of calciﬁcation in bicuspid valves
compared to tricuspid valves are not merely due to the geometric
differences (Weinberg and Kaazempur Mofrad, 2008). A combination of computational and experimental studies will be ideal to
further understand the mechanotransduction mechanisms of
valvular diseases, such as calciﬁc aortic stenosis (KaazempurMofrad et al. 2005). A recent study (Weinberg et al., 2010)
reported that the phenotypes induced in vitro to the valvular
endothelial cells exposed to the hemodynamic microenvironment
of the two sides of the aortic valve are distinct from each other.
Understanding the effect of local hemodynamics on the valvular
pathogenesis is of high research interest. Researchers have
designed speciﬁc hemodynamic environment for valve surfaces
to perform more illustrative studies. Different waveforms of shear
stress, mimicking those from the in vivo stresses on the ventricular
and aortic sides have been extracted from computational models
and applied to the in vitro cultured human endothelial cells. Cells
experiencing shear waves of the ventricle side exhibited an antiinﬂammatory endothelial cell phenotype as opposed to the aortic

A detailed understanding of both the quasi-static and dynamic
mechanical properties and the structure–mechanical response
relationships of human and animal heart valves is essential to
enable the generation of TEHVs and to treat diseased heart valves.
However, the inadequacy of data on biomechanical properties of
heart valves in the literature is evident. The lack of proper
mechanical properties data is still an obstacle for achieving
successful design and fabrication of implantable fully functional
tissue engineered heart valves with long term durability. Particularly, there has been little work performed on the dynamic
biomechanical properties such as fatigue, ﬂexural, and viscoelastic
properties of heart valves. The need for more extensive investigations of the biomechanical properties of heart valves is thus
inevitable. While the unavailability of fresh human heart valves
is an obstacle in obtaining extensive biomechanical data of
heart valves, a combined experimental/computational modeling
approach can provide extensive insights into structure–biomechanical response relationships from a small number of heart valve
samples. Speciﬁcally, extensive parametric studies using computational models that have been validated against simple experimental test data will be helpful in design and development of
functional TEHV constructs. Deﬁning the most relevant biomechanial properties crucial for the success of functional and implantable TEHV constructs, as well as straightforward experiments in
which these properties can be determined are important factors
that deserve more attention in future work. Similarly, the appropriate ranges of the scaffold and tissue construct properties
required for acceptable functionality limits are also among important factors deserving attention.
Once the critical design criteria and required ranges for
various static and dynamic mechanical properties of heart valves
are established, designing suitable biomaterials and tissue engineering methods for achieving the desired ranges of properties
will be necessary. An overview of common approaches used for
tissue engineering of heart valves is depicted in Fig. 6 (modiﬁed
from Loftin et al., 2011). In brief, scaffolds prepared from various
natural or synthetic biomaterials are seeded with various cell
types such as endothelial progenitor cells (EPCs), vascular
endothelial cells (VECs), smooth muscle cells (SMCs), messenchymal stem cells (MSCs), adipose-derived stem cells, amniotic
ﬂuid-derived stem cells etc. The cell-seeded constructs can be
conditioned in vitro using various growth factors, signaling
molecules, and/or mechanical stimulations such as shear ﬂow
and strain (in suitable bioreactors) for tissue formation and
improvement of mechanical and hemodynamic properties. The
tissue engineered constructs after preconditioning are implanted
in animal models and evaluated for in vivo structural, mechanical
and biological performances including thrombo-resistance,
in situ tissue remodeling, integration of the construct with the
native tissues, deterioration of mechanical properties with time
etc. After optimization of the constructs in animal models, the
next logical step will be to conduct clinical trials of the constructs in human subjects. Ensuring sufﬁcient mechanical properties in the TEHV will be important prior to clinical trials, and in
order to do so, future research in this ﬁeld should focus not only
on designing new biomaterials with improved mechanical
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Fig. 6. Common approaches for tissue engineering of heart valves. Scaffolds prepared from various natural or synthetic biomaterials are seeded with desired cell types. The
cell seeded constructs are conditioned in vitro using various chemical and mechanical cues for tissue formation and improvement of mechanical and hemodynamic
properties. The preconditioned engineered tissue constructs are evaluated in animal models. After optimization of the constructs in animal models, the intended step is to
implant the constructs in human subjects.
Figure modiﬁed and reprinted from Loftin et al. (2011), with permission from Springer Science.

properties but also on designing improved bioreactors for better
preconditioning of the TEHV constructs.
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