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Abstract A set of multiscale simulations has been cre-
ated to examine the dynamic behavior of the human aortic
valve (AV) at the cell, tissue, and organ length scales. Each
model is fully three-dimensional and includes appropriate
nonlinear, anisotropic material models. The organ-scale
model is a dynamic fluid-structure interaction that predicts
the motion of the blood, cusps, and aortic root throughout
the full cycle of opening and closing. The tissue-scale
model simulates the behavior of the AV cusp tissue
including the sub-millimeter features of multiple layers and
undulated geometry. The cell-scale model predicts cellular
deformations of individual cells within the cusps. Each
simulation is verified against experimental data. The three
simulations are linked: deformations from the organ-scale
model are applied as boundary conditions to the tissue-
scale model, and the same is done between the tissue and
cell scales. This set of simulations is a major advance in the
study of the AV as it allows analysis of transient, three-
dimensional behavior of the AV over the range of length
scales from cell to organ.
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Introduction

Biological processes in both the healthy and diseased aortic
valve (AV) occur over a range of length scales. Cells
within the valve cusps, the valvular interstitial cells (VICs),
are understood to sense and respond to mechanical stimuli.
The VICs are subjected to transient deformations due to the
organ-scale motion of the valve opening and closing.
Currently, we understand that in healthy valves the tran-
sient deformations regulate appropriate matrix-maintaining
functions of the VICs (Taylor et al. 2003). In diseased
states, particularly in calcified valves, it is thought that
abnormal mechanical signals lead to VIC dysfunction (Otto
2002). Additionally, calcification of bioprosthetic valves is
believed to be a local effect of cusp deformation. As the
health and repair of heart valves is of great clinical
importance, significant research has been conducted to
examine the mechanical behavior of the AV at each length
scale.

The organ-scale motion of the AV has historically
attracted significant attention from experimental and the-
oretical groups. Over the past three decades, many methods
have been employed to monitor the motion of the AV. Its
small size and rapid motion make measurements chal-
lenging, but imaging technologies have recently
demonstrated the acquisition speed and resolution to dis-
cern valve motion (Baumert et al. 2005; Boehm et al.
2007). Earlier efforts have measured valve motion using
surgically attached linear transducers (Brewer et al. 1977)
and radio-opaque markers (Deck et al. 1988; Thubrikar
et al. 1980, 1986), stereophotogrammetry (Clark et al.
1974), and silicone casting (Cataloglu et al. 1976, 1977,
Gould et al. 1973).

A number of groups have used finite-element modeling
to simulate the motion of the AV. There are two main
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challenges in creating a finite-element simulation of a heart
valve. First, the leaflets undergo large displacements
through the blood, making remeshing of a fluid domain
difficult for a coupled fluid-structure interaction. While
fluid-structure interactions are generally approached using
the arbitrary Lagrange—Eulerian coupling scheme, we are
not aware of any work that successfully applies this method
to a three-dimensional (3D) valve simulation. The second
challenge in simulating valve motion is that the material is
anisotropic and nonlinear. Kim et al. (2006, 2007) have
modeled the valve motion with a specifically derived
material model, but without the fluid phase. De Hart et al.
(2003a, b, 2004) have implemented a fictitious domain
method for coupling the fluid and solid without remesh of
the fluid domain, and they have used this method to sim-
ulate the motion of the AV cusps with a fiber-supported
constitutive material model. The finite element package
LS-DYNA (LSTC, Livermore CA) includes the operator-
splitting method which similarly couples solid to fluid
without remeshing the fluid domain (Hallquist 2006). This
software has been used to perform fluid-structure interac-
tions of the AV, including the motion of the aortic root,
with an anisotropic linear elastic material model (Nicosia
et al. 2003) and to simulate the mitral valve with a user-
defined fibrous material model (Einstein et al. 2004, 2005).
A number of groups have simulated the valve solid without
fluid or under quasistatic conditions. Sun provides a full list
of such efforts (Sun et al. 2005).

A large body of research also exists in the measurement
and simulation of the mechanical properties of AV tissue.
The planar stress—strain behavior of complete tissue (Bil-
liar and Sacks 2000a; Clark et al. 1974; Rousseau et al.
1983) and individual layers (Sacks and Yoganathan 2007,
Vesely and Noseworthy 1991) have been measured as has
the flexural stiffness of the tissue (Gloeckner et al. 1999).
Merryman et al. (2006a) have measured the effect of cel-
lular contraction on the overall tissue material properties.
Various appropriate constitutive models have been for-
mulated (Billiar and Sacks 2000b; Holzapfel et al. 2000)
and implemented in solid and shell finite elements (Kim
et al. 2007; Sun and Sacks 2005; Weinberg and Kaazem-
pur-Mofrad 2005, 2006).

Modeling of cell-scale deformations in general is an
active area of research (Lim et al. 2006; Mofrad and
Kamm 2006), but investigations specific to the VICs are in
the preliminary stages. Merryman et al. have measured the
stiffness of VICs (Merryman et al. 2006b) and Huang et al.
have computed the deformation of VICs in valves sub-
jected to static pressure (Huang 2004).

While the mechanical behavior of the AV at the various
length scales is a subject of wide interest, and multiscale
analysis of other systems has been performed (Chandran
and Barocas 2007; Migliavacca et al. 2006), as of yet no
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effort has been made to cohesively bring together studies of
the AV over the range from cellular to organ length scales.
Understanding of all these processes will be greatly
enhanced by a cohesive framework for examining the
deformations of the AV at the various length scales. In this
paper, we introduce a system of reference configurations to
link the length scales. We describe finite-element simula-
tions of AV mechanics at the cell, tissue, and organ length
scales. Each simulation considers the transient, three-
dimensional case with appropriate material models and
geometry. The complete set of simulations enables
unprecedented analysis of the AV mechanical behavior
across the range of length scales needed to examine bio-
logical processes in the valve.

Methods
Multiscale Approach

Simulations were created to describe behaviors at the cell,
tissue, and organ length scales. One challenge in describing
AV mechanics is that the tissue goes through a wide range
of deformations and these deformations may be referred to
arange of reference configurations. Stella (Stella and Sacks
2007) and Billiar (Billiar and Sacks 2000b) have demon-
strated the large difference in results possible when
different reference configurations are assumed. In order to
coherently link our simulations, we have defined a set of
reference configurations. Our configuration definitions
extend those of Stella (Stella and Sacks 2007; Sacks and
Yoganathan 2007). These configurations are summarized
in Table 1. In Q,, the ventricularis and fibrosa are unat-
tached and stress-free. The layers are connected to form the
assembled tissue Q;. In Q,, the tissue is in position in a
valve to which no pressure has been applied. When the
valve is pressurized to its resting physiological state, the
tissue is in 3. We denote the time-varying state of the
tissue in the functioning valve as Q).

The leaflet tissue exhibits locking behavior, where the
stress needed to extend the tissue increases rapidly beyond
some point. We define the extensibility of the tissue to be
the stretch that can be applied to the tissue before the
Cauchy stress exceeds 200 KPa in the direction of appli-
cation. The extensibility of the leaflet tissue in each
reference configuration, in both the circumferential and
radial directions, can be determined from published
experiments. The measured extensibilities of individual
layers referred to €y are listed in Table 1 (Sacks and
Yoganathan 2007). Stella’s data show an increase in radial
extensibility for the fibrosa from Qg to Q;. This increase is
most likely due to the fibrosa being compacted into a
wrinkled shape. We include the wrinkling effect in our
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Table 1 Tissue reference

. Symbol Schematic
configurations

Description

Extensibilities

Q, Unattached layers Fibrosa: ic = 1.10, 1g = 1.40
Ventricularis: Ac = 1.20,
Ag = 1.90
Q, Assembled tissue Fibrosa: 1c = 1.10, A = 1.40
Ventricularis: 1c = 1.20,
igr = 1.70
Tissue: ¢ = 1.10, Az = 1.70
Q, Tissue in value with no external forces Tissue: Ac = 1.10, 1p = 1.25
applied
Qs J | Tissue in value with baseline pressure Tissue: 1c = 1.05, 1z = 1.20
applied
Q, Tissue in functioning value Tissue, mid-diastole: 1~ = 1.00,

Ar = 1.00

models, so we assume that the fibrosa material has the
same radial extensibility Q; as in €. The extensibilities of
the assembled tissue referred to Q; were estimated to be 1.7
in the radial direction and 1.2 in the circumferential
direction (Billiar and Sacks 2000a). The extensibilities
referred to the valve configuration €0, are determined by
assuming that the tissue reaches its locking stretches in
both directions in diastole. The stretches at diastole have
been measured (Cataloglu et al. 1977; Thubrikar 1990) to
be 1.25 in the radial direction and 1.1 in the circumferential
direction. The extensibilities referred to €3 are not known
a priori. For illustrative purposes, we assume that a small
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stretch (1.05) is applied to the tissue in both directions
between Q, and 3. The magnitude of the stretch occurring
between Q, and Q3 will be calculated in the organ-scale
simulation (see Section “Organ-level Simulation”).

Once the extensibilities are known, we can calculate the
stretches that are applied to the tissue between each con-
figuration. With those stretches, we can begin at any
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extensibility of completely load-free tissue (Billiar and
Sacks 2000a) with the observed extensibility of tissue in a
functioning valve (Cataloglu et al. 1977; Thubrikar 1990).
Thus, we are assuming that leaflet tissue, in an AV with no
external forces applied, has tension in the radial direction.
The stretch less than 1 in the radial direction for the fibrosa
represents the wrinkling of this layer when the fibrosa and
ventricularis are attached to each other.

We create our multiscale simulations within the frame-
work of these reference configurations. For each
simulation, a reference configuration is chosen and the
simulation geometry and constitutive models are referred
to that configuration. The simulations are listed in Table 2
with their length scales, reference configurations, and the
configurations that they span.

These simulations are interfaced by a simple one-way
coupling, passing data from the largest scale to the small-
est. First, the organ-level simulation is run. Element strains
output from the organ-level simulation are applied as
boundary conditions to the tissue-level simulation. Then
strains from the tissue-level simulation are passed similarly
to the cell-level simulations.

Organ-level Simulation

The organ-level simulation was performed in LS-DYNA.
This software was chosen because its operator-splitting
method for fluid-structure interaction has been demon-
strated to readily handle the motion of a solid through fluid
typical of heart valve function (Einstein et al. 2004; Nic-
osia et al. 2003). LS-DYNA is an explicit solver, which
means it may require excessive computation times in
modeling relatively low-speed physical systems such as the
AV. We address this issue in our formulation of the con-
stitutive model used to describe the cusp tissue mechanics.

To simulate the cusp mechanics, we have developed a
constitutive model that describes the bulk material behav-
ior and is particularly computationally efficient in explicit
finite element implementations. Like many tissue consti-
tutive models (Billiar and Sacks 2000b; Holzapfel et al.
2000; Humphrey 2003, Sun and Sacks 2005), ours treats
the tissue as an isotropic solid with embedded aligned
fibers. Instead of using a continuum model, though, we take

Table 2 Simulation scales and configurations

Simulation Feature Reference Configurations
size range configuration simulated
Cell-scale 2-50 u Q, Q-
Tissue-scale 50 pu—1 mm Q, Q,-Q,
Organ-scale 1 mm-3 cm Q, Q-
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Fig. 2 Single solid element with two perpendicular fiber families

a discrete approach. The solid mesh elements are modeled
with an isotropic material. One-dimensional cable elements
are then used to connect the nodes of the solid element. LS-
DYNA allows assignment of arbitrary stress—strain curves
to the cable elements, and fiber rotations follow nodal
displacements. A single element with this model is illus-
trated in Fig. 2. Red cylinders represent fibers of one
family and blue represent fibers of another family, per-
pendicular to the first.

Appropriate stress—strain curves and cross-sectional
areas must be chosen for each fiber. It is assumed that the
fibers contribute no stiffness in compression. There is some
flexibility in choosing the magnitude of the stresses and the
cross-sectional area of the fibers. If an element with fibers
along each edge is extended in a direction parallel to those
fibers, the stress contribution of the fibers to total element
response is

_ dopAr

e : 1
0= 4 m

where o/ is the stress in each fiber, A, is the cross-sectional
area of each fiber, and A, is the cross-sectional area of the
solid element. Thus, ¢, should have a value corresponding
to measured tissue properties and A, is determined by the
mesh density, but the ratio of 6to Ay can be arbitrary. This
property can be utilized to enhance the computation speed
when using the discrete fiber model in an explicit finite
element code. In the explicit method, the maximum
allowable time step is decreased as element stiffness is
increased. Because in our model the greatest stiffness is
found in the fibers, these will control the maximum time
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step. In a one-dimensional element the maximum

allowable time step is

_7./P
Alax L\/; , (2)

where L is the length of the element, p is the density of the
element, and E is the maximum material modulus
(Hallquist 2006). The stiffness of a nonlinear cable
element at a given strain ¢,

0o . 3)

E=—
O¢ =,

As such, a fiber can be defined with artificially high cross-
sectional areas Ay and corresponding artificially low stress
o The resulting element will have low stiffness E, and
thus allow large timesteps, while still giving the correct
overall element stress o,.

The discrete fiber model was implemented in LS-
DYNA. The constitutive model was constructed referring
to the tissue configuration ,. The isotropic solid was
modeled as a single-term Mooney-Rivlin with the value
C; = 2.0e4 chosen to fit bending data for the leaflet
(Gloeckner et al. 1999). The stress—strain curves in the
radial and circumferential direction measured experimen-
tally for configuration €, (Sacks and Yoganathan 2007)
were discretized and applied to the fiber elements. Curves
for . were fit to the data and curves for o, were calculated
using (Eq. 1) and a value of 1.0 e-3 m? for Ay. The aortic
root was assumed to be anisotropic and modeled with a
single-term  Mooney-Rivlin material. A  value of
C; = 1.0e5 was fit to experimental pressure-versus-dila-
tion data for the root (Lansac et al. 2002).

Fig. 3 (a) CAD geometry of
whole valve, (b) CAD
simulation geometry,

(c) meshed geometry

a)

Geometry of the AV was created in SolidWorks (Sol-
idWorks, Concord MA). Separate loft features were used to
represent the root and cusp. Dimensions were determined
from collected measurements of the gross geometry
(Thubrikar 1990) and varying cusp thicknesses (Grande-
Allen et al. 2001). Cusps were positioned in an unloaded
configuration that, according to observations of explanted
valves made in our lab, best represents the unloaded con-
figuration Q,. Figure 3a shows the 3D geometry of the
valve, with colors representing the separate loft features.
Perfect symmetry of the valve was assumed so that only
one-sixth of the valve needed to be considered for simu-
lation. Entry regions were added both to allow the root to
move freely while the portions of the wall at the inlet and
outlet remain fixed to the stationary fluid sources. The solid
domain consisting of valve, root, and entry regions was
embedded in a cylindrical fluid domain with source regions
representing fluid interface with the ventricle and aorta.
Figure 3b shows the simulation geometry with 1/6 sym-
metry, entry regions, and fluid. Parametric 8-node brick
meshes of both the solid and fluid domains were created in
TrueGrid (XYZ Scientific Applications, Inc., Livermore
CA). Figure 3c shows the meshed geometry.

Cable elements representing circumferential and radial
fiber families were overlaid on the solid mesh using Hy-
perMesh (Altair Engineering, Troy MI), following
observed fiber directions (Sacks et al. 1998). The fiber
families are illustrated in Fig. 4.

Fixities and boundary conditions were applied to the
mesh. Mirror conditions were applied to fluid and solid
nodes on the two symmetry planes. The unattached ends of
the entry regions were fixed while the nodes at the junction

2
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Fig. 4 One cusp, with (a)
experimentally measured fiber
orientation (Sacks et al. 1998)
and (b) discrete fibers overlaid
on the solid mesh. Red
represents circumferential fibers
and blue represents radial

Fig. 5 (a) Pressure versus time o
curves applied as model ,
boundary conditions, (b) 100+
Dilation of aortic valve base
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of the entry regions and the aortic root were constrained
from moving axially. Outer faces of the fluid domain were
not constrained.

Two cases were run in the organ-scale simulation, a
static and a fully dynamic case. In the static case, constant
pressures of 0, 1, 2, 4, 60, and 90 mmHg were applied at
the aortic inlet sequentially. A settling time of 0.3 s was
allowed at each pressure level. Pressure at the ventricular
inlet was kept at 0 mmHg and ventricular contraction was
not applied in the static case. In the dynamic case, mea-
sured time-varying pressures for the aorta and ventricle
(Thubrikar 1990) were applied as boundary conditions to
the fluid sources. The pressure values are plotted versus
time in Fig. 5a. Contraction of the ventricle was repre-
sented by applying an experimentally-derived (Lansac
et al. 2002) time-varying radial displacement to the base of
the AV. The applied dilation of the base is plotted in
Fig. 5b. In Fig. 5, the time from —0.3 < ¢ < 0 represents
the pressurization of the valve from configuration €, to Q5.
Configuration €, is any state where ¢ > 0. Systole occurs
for approximately O <r<0.25 and diastole for
0.3 <t < 1.0. All temporal plots in this paper are referred
to this timeframe.

Results of the organ-level simulation were processed in
HyperView (Altair Engineering, Troy MI). The model was
verified by comparing a number of behaviors in the solid
and fluid to experimental data. Element deformations were
tracked at three locations for mapping to the tissue-level
simulation. These three locations are illustrated in Fig. 6.
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Tissue-level Simulation

In the organ-level simulation, we use a greatly simplified
model of the cusp tissue. This simplified model gives the

Fig. 6 Locations to track deformations in the organ-scale simulation
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correct bulk behavior (bending and biaxial stiffness), but
does not predict local tissue deformations. To do so, we
developed a tissue model that incorporates all of the major
known features of the cusp tissue. These characteristics are:
the cusp has three distinct layers (the ventricularis,
spongiosa, and fibrosa), the fibrosa and ventricularis have
embedded families of aligned fibers, the fibrosa is highly
undulated, and the spongiosa is gel-like.

We created the tissue-level model in the ADINA
implicit finite-element software (ADINA R&D, Watertown
MA). Computational cost is not a concern so, unlike in the
organ-scale model, we can use continuum material models.
We consider the fibrous layers to be composed of an iso-
tropic exponential material with a family of embedded
exponential fibers running in the circumferential tissue
direction. Additionally, bending data (Gloeckner et al.
1999) show that the tissue has an initial modulus.

We model the isotropic exponential material with a
single-term Fung-like exponential (Fung 1993). The strain
energy function for this term is

Wexponential = Clm{exp [CZm(Il - 3)] - 1}1 (4)

where Ci,, and C,,, are constants that will be calculated
from experimental data and I; is the first strain invariant.
We provide an initial modulus with a single-term Mooney-
Rivlin, for which the strain energy function is

Winitiar = Cr(I1 — 3), (5)
where C; is a constant that will be calculated from

experimental data. The embedded fiber family is modeled
using the Holzapfel model (Holzapfel et al. 2000),

Wriber = % {CXP {sz(h - 3)2} - 1}7 (6)

where Cyand C,,are constants that will be calculated from
experimental data. The complete strain energy function for
a fibrous layer is a sum of the terms above,

W= Clm{exp [sz(11 — 3)] — 1} + C](I]_3)

+2Cg§f{exp [sz(lzt - 3)2} - 1}' (7)

Table 3 Tissue layers and properties in configurations Qg and Q,

We modeled the spongiosa with a single-term Mooney-
Rivlin strain energy function.

The fiber layers are described by five constants: C;, Cy,,,,
Com, Cips and Cyr. We calculate these values from experi-
mental data. Sensitive measurements of the tissue flexural
stiffness simply give the initial modulus. We assume that
the initial modulus is the same in the ventricularis and
fibrosa and that the stiffness of the spongiosa, which is
much more compliant (Vesely and Noseworthy 1991), is an
order of magnitude lower.

Constants of the exponential terms were determined
from biaxial stress—strain data for the individual layers
(Sacks and Yoganathan 2007). Two values were extracted
for both the radial and circumferential tissue directions. A
locking modulus E; is defined as the Young’s modulus in
the direction of interest when the tissue reaches full
extensibility in that direction. The extensibilities and
locking moduli in the circumferential and radial directions
are adequate to analytically solve for the four remaining
constants, Cj,, C,,, Cis and C,. The extensibilities,
moduli, and determined constants, are listed in Table 3.
We have calculated the constants referred both to config-
uration Qg and Q.

Geometry for the model of assembled tissue, configu-
ration Q,, was created in Solidworks. The dimensions are
based on measurements of tissue thickness (Sacks and
Yoganathan 2007; Vesely and Noseworthy 1991) and
observations of tissue cross-sections. Figure 7a shows a
micrograph cross-section of valve cusp tissue, and Fig. 7b,
the meshed CAD representation of this geometry. Material
properties from Table 3 were assigned to the appropriate
layers in configuration ;. Biaxial stress and bending
conditions were applied to the assembled tissue, and the
results were compared to experimental data (Billiar and
Sacks 2000a, Gloeckner et al. 1999). Each term in (Eq. 7)
is convex over a wide range of deformations, so the com-
plete equation was also expected to maintain convexity.
We examined convexity on the ventricularis and fibrosa
models by calculating the strain energy over a wide range
of biaxial conditions.

Extensibility Locking modulus
Layer Configuration Circumferential Radial Circumferential Radial C; Cim Com Cy Cy
[-] [-] [Pa] [Pa] [Pa] [Pa] [-] [Pa] [-]
Fibrosa Qo 1.1 14 2.6e7 1.1e7 2.0e4 0.95 1.4e3 0.04 24
Q, 1.1 14 2.6e7 1.1e7 2.0e4 0.95 1.4e3 0.04 24
Ventricularis Qo 1.2 1.9 1.6e7 5.0e6 2.0e4 2.5e-5 1.1e2 0.04 5.4
Q, 1.2 1.7 1.6e7 5.0e6 2.0e4 2.5e-5 1.1e2 0.05 5.7
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Fig. 7 (a) micrograph of AV a)
leaflet cross-section (Sung et al. :
1999), (b) meshed model of AV
leaflet, (¢) locations for
deformation tracking

We used the model of the multilayered tissue referred to
configuration Q; to map deformations from the organ-scale
model to the cell-scale model. First, a radial stretch is
applied to move the tissue from configuration Q; to Q,, its
position in the unpressurized valve. Then element strains
measured in the organ-level simulation, which covers
configurations Q, through €, were applied as time-varying
displacement boundary conditions to the tissue model.
Deformations at points within the ventricularis and fibrosa,
shown in Fig. 7c, were tracked and passed on to the cell-
level simulation. Point 1 is in an expected high-deforma-
tion region of the fibrosa, Point 2 is in an expected low-
deformation region of the fibrosa, and Point 3 is in the
ventricularis. Mapping was performed for both the static
and dynamic cases.

In addition to the model of the multilayered tissue, we
have modeled the assembly of the tissue (transition from
Q, to Q) with the observed preloading between fibrosa and
ventricularis (Vesely 1996; Vesely and Lozon 1993). A
model fibrosa with mechanical properties referred to €,
was compressed and a fibrosa stretched using the values
plotted in Table 3. While this model was not used in our
current multiscale approach, it does allow prediction of
deformations over the entire range from Qg to Q..

Cell-level Simulation

The cell-level simulation consists of a single cell sur-
rounded by matrix, either fibrosa or ventricularis.
Constitutive models for the matrix are the same as those for
the tissue-level model. The constitutive model for the cell
is a single-term Mooney-Rivlin with C; = 400 Pa (Huang
2004).

Geometry was created in ADINA (ADINAR&D,
Watertown MA). A sphere was created within cube and
then scaled in the three dimensions to give the cell an
ellipsoidal shape. According to experimental measure-
ments (Huang 2004), the major axes of this cell were
defined to be 10 um in the circumferential direction,
7.7 pm in the radial direction, and 4.3 pm in the transmural
direction. Three planes of symmetry were defined so that
the computation domain consists of 1/8th of the cell and
matrix. The simulation geometry is shown in Fig. 8.

@ Springer

Fig. 8 Meshed geometry for cell-scale simulation. Cell is colored red
and matrix is gray

Displacement boundary conditions were applied to the
outer faces of the matrix. These displacements were
defined to represent the element strains calculated in the
tissue-level simulation. Because the relevant experiments
(Huang 2004) start with the valve in a zero-pressure state,
we started our cell simulations in the unpressurized valve
configuration €,. Cell aspect ratio (CAR) was output from
the simulation. The model was verified by comparing
results of the static case to experimental CAR measure-
ments made under the same conditions (Huang 2004). Cell
aspect ratio was also computed for the dynamic case of
valve opening and closing.

Results
Organ-level Simulation

The discrete fiber constitutive model was found to be
adequate in predicting the bulk deformation behavior of the
tissue. Figure 9a shows the biaxial response of this model
and Fig. 9b shows the bending response. Because we are
not aware of any experimental data for tissue properties
referred to the assembled valve configuration Q,, we could
not construct this model to match a specific case. Note,
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Fig. 9 Discrete fiber model
predictions and experimental
results: (a) predicted biaxial
behavior and experimental data 250
for a lightly preloaded case
(Billiar and Sacks 2000a), (b)
predicted bending behavior and
the experimental data (Sacks
2001) to which the model was
fit
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however, in Fig. 9a the similarity between our model
predictions and the measurements made by Billiar referred
to a lightly preloaded configuration (Billiar and Sacks
2000a). This enforces the notion that the tissue exists in a
lightly preloaded state in the valve.

One second of physical time, representing either the full
static case or one dynamic cycle of valve opening and
closing, ran in approximately 3 h of computation time on a
workstation with 4 Xeon 5160 3.00 GHz processors. There
was no leakage in the fluid-structure interaction, and the
cusps coapted and sealed against flow. Figure 10a shows
the valve in various stages of the dynamic cycle.

For the dynamic case, theoretical predictions matched
experimental data in a number of measures. In the fluid
phase, the bulk flow rate through the valve closely corre-
sponded with experimental data (Nichols and O’Rourke
1998). Velocity profiles predicted at various times across

s

N

="
g
e

XXX,

the AV outlet are compared to experimental measurements
in Fig. 11. Theoretical and measured flow rates are plotted
versus time in Fig. 12. In the solid phase, predictions were
compared to experimental data for cusp edge and center
displacement, circumferential strain, radial strain, and root
motion (Thubrikar 1990). These results are plotted in
Fig. 13. In the fluid and solid phase, predictions display all
major trends with correct magnitudes when compared to
measured data. Error magnitudes are acceptable given
patient-to-patient variation, beat-to-beat variation, and
experimental errors inherent in measurement of the rapidly
moving in-vivo system.

Element stretches averaged over the locations illustrated
in Fig. 6 for the static case are shown in Fig. 14. Defor-
mations recorded in the dynamic case for location B shown
in Fig. 6 in the dynamic case are plotted versus time in
Fig. 15. Stretches for #< 0 represent the unknown
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Fig. 11 Predicted and

measured velocity profiles at a)
AV exit: (a) shows profiles
while the fluid is accelerating
flow and (b) during deceleration
=
£
2
S
1.5
b)
F
S
=
-1.5

stretches between reference configurations €, and €3 dis-
cussed in Section “Multi-Scale Approach”. The dominant
deformations were the tensile stretches in the radial and
circumferential directions and the bending in the radial
direction. In the tracked locations, shears in and out of the
plane of the tissue as well as bending in the circumferential
direction tended to be small and were not mapped to the
tissue-level model.

Tissue-level Simulation

All tissue-level simulations ran to convergence over a
range of strains larger than is expected to be seen
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physiologically. Contour plots of the strain-energy surfaces
for the fibrosa and ventricularis models are shown in
Fig. 16. For visualization of the wide variation in energies
of these exponential functions, we have plotted log(W).
Convexity was maintained in all tested cases. The
responses of the fibrosa and ventricularis model to biaxial
tension are plotted in Fig. 17. The predicted biaxial and
bending behaviors of the complete tissue model compared
to experimental (Gloeckner et al. 1999; Sacks and Yoga-
nathan 2007) are shown in Fig. 18. We note a discrepancy
in the experimental data for the circumferential direction
between the individual layers (Fig. 17) (Sacks and Yoga-
nathan 2007) and the assembled tissue (Fig. 18) (Billiar
and Sacks 2000a): the assembled tissue is more extensible
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Fig. 12 Predicted and measured flow rates through AV
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than the fibrosa in this direction. Hence, our model matches
the data for individual layers well and underestimates the
extensibility of the assembled tissue compared to this data
set. The smaller value of the extensibility is consistent with
stretches observed in the functioning valve (Cataloglu et al.
1976, 1977, Thubrikar et al. 1986).

Radial stretches due to assembly of the layers into a
complete tissue (deforming from Q, to ;) are shown in
Fig. 19. Deformation states for the tissue model subject to
strains measured in the organ-level model are shown at
various times in Fig. 10b. Stretch magnitudes predicted in
the static case are plotted in Fig. 20. Stretches recorded in
the tissue model for the dynamic case are plotted versus
time in Fig. 21.

Cell-level Simulation

All cell-level simulations ran to convergence. Deformation
states for selected locations at various times in the cycle are
illustrated in Fig. 10c. In Fig. 22, cellular aspect ratios
predicted for the static case are compared to measurements
(Huang 2004) made under static pressure. Values at points
1, 2, and 3 are plotted. The experimental data is an average
over the leaflet, so we have also plotted the average over
points 1, 2, and 3. The variation in CAR through the leaflet
thickness and with varying pressure is compared to
experimental data (Huang 2004) in Fig. 23. In both com-
parisons, the predictions closely match the experimental
data. In the dynamic case, we have computed the time-
varying aspect ratios for the three points tracked in the
tissue-scale simulation at the three locations tracked in the
organ-scale simulation for a total of 9 points. To give a
typical response, we have averaged together the cellular
aspect ratios for point 1 (see Fig. 7c.) of locations A, B,
and C (see Fig. 6). We have done the same for points 2 and
3. The results are plotted in Fig. 24.
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Fig. 13 Predicted and measured (Thubrikar 1990) motion of valve
leaflets: (a) circumferential leaflet stretch, (b) radial leaflet stretch, (c)
displacement of points at edge and middle of leaflet

Discussion
Organ-level Simulation

A number of assumptions were made to simplify analysis
of the valve motion. First, a 1/6 symmetry was assumed for
the valve. In reality, there is at least a difference between
the coronary and non-coronary sinuses and cusps. It has
been shown that the asymmetry does create different strain
states in leaflets of the same valve (Grande et al. 1998).
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Fig. 14 Element stretches predicted in static case
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Fig. 15 Element deformations predicted in dynamic case versus
time: (a) planar stretches, (b) curvature

However, these differences are small relative to the large
displacements and strains that take place in the valve. The
experiments to which we have compared our predictions
generally do not note a difference between leaflets (Thu-
brikar 1990), hence the effects of asymmetry are finer than
the current work can resolve. A coarse mesh was used,
particularly in the fluid phase, to decrease computation

@ Springer

time. Prediction of finer features of the fluid and shears
within thin boundary layers would require a significantly
refined mesh.

Equally important simplifications were made in the
choice of material model used. We assumed that both the
leaflet and wall materials are homogenous and that the
leaflet fiber directions can be represented simply by two
fiber families. Both the leaflet (Sacks et al. 1998) and wall
(Lansac et al. 2002) have been shown to be in inhomoge-
neous, and the leaflet fiber distribution varies throughout the
leaflet and changes as the tissue deforms (Sacks et al. 1998).
There does not currently exist, however, a complete map of
material properties to the valve geometry. For example, the
leaflet material properties have been accurately measured
in-vitro (Billiar and Sacks 2000a), but the effects of phys-
ical preloads and cellular contraction (Merryman et al.
2006a) in-vivo are undetermined. The discrete-fiber model
simulates the main features that we currently understand to
be important to the tissue bulk deformation.

Other simplifications include our smooth CAD repre-
sentation of a complex biological geometry, representation
of the ventricular contraction as a simple displacement
condition, and lack of tissue surrounding the aortic root.
The organ-scale model is clearly an idealization of the
physical case. Comparison of the model to experimental
data for both the fluid and solid domains shows that the
model capably represents the valve motion in both domains.

Tissue-level Simulation

The purpose of the tissue-level simulation is to translate
deformations from the organ scale to the cell scale. Since
the AV cusp tissue is multilayered and undulated, the tissue
model must also have those characteristics in order to
accurately predict the cell-level deformations. While the
bulk properties of the tissue have been widely reported, the
details of the interplay between layers and motion of the
undulations in the fibrosa as the tissue deforms are not
known. Our tissue model simulates the major bulk behav-
iors of each layer and of the complete tissue but the local
behaviors are, at this time, speculative. Experimental
investigation into the local deformations of the AV tissue
could be used to verify this work. Currently, the tissue
model accurately represents bulk tissue behavior and
approximates local behavior to the highest resolution pos-
sible given available knowledge.

Cell-level Simulation

Our model of the mechanics of VICs in the leaflets is highly
simplified. Both the matrix and cell are modeled as
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Fig. 16 Contour plots of log
(W) for continuum model
subjected to biaxial loading
conditions: (a) fibrosa model,
(b) ventricularis model

a) [ 400 b) E 15
I 12 B A : 12 B I| ;
S 115} {f {300 & 115} ' =
2 g
B 1 @ 1) 5
jE 105} 200 '% 105} A} 0
s g 2 1} LR 5
E 100 E \W) |
3 c.ssll 2 095t ol -10
o o J
09 09 .
1 15 2 1 15 2

radial stretch [-]

400
O fibresa cireumferential experimental

350 g ﬁbm:a ml_ia] eaq:e:mmal

300 i) fonlrlcul?alis ra.dlﬂl e'aqim'ln'mrltar
= 250 ——fibresa rad_ial |?redicted
% radial predicted
o200
g
-
© 150

100

50

0R
1 12 1.4 1.6 18 2
stretch [-]

Fig. 17 Predictions and experimental (Sacks and Yoganathan 2007)
data for biaxial tension of individual layers, referred to configuration

Q

Fig. 18 Continuum model
predictions for the assembled
tissue, referred to configuration
Q,, compared to experimental
results (Billiar and Sacks 2000a;
Gloeckner et al. 1999): (a)
biaxial, (b) bending

Fig. 19 Radial stretches due to
assembling layers into complete
tissue
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homogenous solids. Actually, the fibrous nature of the
matrix is evident at the cell scale and the cell has multiple
solid and fluid components. The features of the matrix and
cell have not been determined beyond what we have inclu-
ded in our model, though. Given the series of assumptions
made across the simulations, the predictive ability of the
cell-level simulation demonstrated in the static case is
remarkable. Our model predicts both the trend and magni-
tude of change in CAR with pressure as well as the variation
across the leaflet thickness. These results give a high degree
of confidence in the predictions for the dynamic case.

Conclusions

We have created three models for AV mechanics, one at
each of the cell, tissue, and organ length scales. The
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Fig. 20 Stretch magnitudes
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Fig. 21 Stretch magnitudes predicted by tissue-scale model versus
time at location B illustrated in Fig. 6 for the dynamic case
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Fig. 22 Predicted cellular aspect ratios compared to experimental
measurements (Huang 2004) for the static case

individual models capture the major known mechanical
aspects at their respective scales. We have demonstrated
that each model is numerically functional and satisfactorily
matches experimental data. Each model represents a sig-
nificantly simplified version of the physical AV, and they
all can be refined by coordinating with further experimental
work.
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Fig. 24 Predicted cellular aspect ratios for the dynamic case,
averaged over organ-scale locations A, B, and C

We have introduced a coherent set of reference config-
urations to link the three models so as to create one
multiscale simulation of the complete mechanics and
motion of the AV. We have verified our multiscale model
in the static case, which simulates a multiscale experiment
that has been previously performed. In this case, the input
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to the model is made at the organ scale (pressure boundary
conditions). Deformations pass through the length scales
and the output is observed at the cell scale (cell aspect
ratios). We have demonstrated the ability of our approach
to accurately handle the multiscale behavior in the static
case, providing confidence in the predictions for the
dynamic case.

Our multscale model has application in studying both
the healthy and diseased AV. In particular, the disease
calcific aortic stenosis has a multiscale mechanical
pathology. One of the causes of CAS is understood to be
abnormal tissue strains giving rise to abnormal VIC
responses, leading to calcification. This process can be
examined using the multiscale model we have presented.
The effect of the disease is a stiffening of the matrix
material, and our model can simulate stiffening at all three
length scales. We expect that multiscale simulation of the
AV will be a valuable tool to be used along side experi-
mental work to better understand AV health and disease.
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