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Abstract—Although image-based methods like MRI are
well-developed, numerical simulation can help to
understand human heart function. This function results from
a complex interplay of biochemistry, structural mechanics,
and blood flow. The complexity of the entire system often
causes one of the three parts to be neglected, which limits the
truth to reality of the reduced model. This paper focuses on
the interaction of myocardial stress distribution and ventric-
ular blood flow during diastole and systole in comparison to
a simulation of the same patient-specific geometry with a
given wall movement (Spiegel, Stromungsmechanischer Bei-
trag zur Planung von Herzoperationen, 2009). The orthotro-
pic constitutive law proposed by Holzapfel et al. (Philos.
Trans. R. Soc. Lond. Ser. A, 367:3445-3475, 2009) was
implemented in a finite element package to model the passive
behavior of the myocardium. Then, this law was modified for
contraction. Via the ALE method, the structural model was
coupled to a flow model which incorporates blood rheology
and the circulatory system (Oertel, Prandtl—Essentials of
Fluid Mechanics, 3rd edn, Springer Science + Business
Media, 2010; Oertel et al., Modelling the Human Cardiac
Fluid Mechanics, 3rd edn, Universitidtsverlag Karlsruhe,
2009). Comparison reveals a good quantitative and qualita-
tive agreement with respect to fluid flow. The motion of the
myocardium is consistent with physiological observations.
The calculated stresses and the distribution are within the
physiological range and appear to be reasonable. The
coupled model presented contains many features essential
to cardiac function. It is possible to calculate wall stresses as
well as the characteristic ventricular fluid flow. Based on the
simulations we derive two characteristics to assess the health
state quantitatively including solid and fluid mechanical
aspects.
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INTRODUCTION

Cardiovascular diseases are the most common cause
of death in industrialized countries. Besides the mor-
tality, economic losses due to expensive therapies like
surgery (Dor procedure, Batista procedure) are
important side effects. Hence, considerable research
efforts have been undertaken to understand the func-
tionality and interdependencies within the cardiovas-
cular system. Experimental in vivo studies would
perhaps be the most comprehensive approach to ob-
tain more detailed information. The lack of appropri-
ate measurement techniques and the danger for human
patients, however, often prevent these studies from
being applied in practice. Although many studies have
been carried out on animals like dogs or pigs, these
findings cannot generally be applied to humans.

For these reasons, increasing efforts have been dedi-
cated to analytical and numerical modeling of the car-
diovascular system in recent decades. In the early
beginnings, only a few specialized aspects or domains like
heart valves or structural mechanics of the myocardium
were modeled separately. First analytical representations
of the myocardium were based on thin- or thick-shell
assumptions. In the twentieth century, finite element
analysis allowed for the formulation of more complex
and realistic constitutive equations that also considered
anisotropy and inhomogeneity.”'*"'* Investigation of
cardiac blood flow required the description of the
endocardium as a function of time. This was achieved
using a given generic or MRI-based motion.'>%’

With increasing knowledge and computational pro-
gress, extension and combination of these domains were
possible. This led to the so-called fluid—structure inter-
action which captured the interaction between blood
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flow and muscle activity. The huge efforts in this area can
generally divided into approaches using ALE'>3?*3 or
immersed boundary method (IBM)***® for describing
the blood flow in the heart. Comprehensive overviews in
this field of research can be found in.>%-!11:26-28

The Karlsruhe Heart Model (KaHMo) is a patient-
specific modular framework for the investigation and
assessment of the human heart function. An extensive
summary about KaHMo can be found in.*>="** KaHMo
consists of three branches. KaHMo-MRI uses the given
wall motion as a boundary condition for the fluid
flow simulation.** The wall motion is reconstructed from
MRI data. Based on the simulation of the ventricular flow
of different healthy, pre and post-surgery patients, we
proposed a characteristic to assess the health status.
KaHMo-VAD simulates the interaction between the
ventricular assist devices and diseased hearts. One of the
main topics covered by KaHMo-VAD is blood damage
and thrombosis due to artificial shear fields.”> Within
KaHMo-FSI, the given wall motion is replaced by cou-
pling with a structural model of the heart wall. In a first
step, we developed a fiber continuum composite model
for the myocardium. The main idea of spatial splitting of
fiber and matrix follows the procedure of splitting the
strain energy potential for different directions."’

Although the fiber continuum composite model cor-
rectly reproduced the movement of the endocardium,
spatial stress distribution still needed improvement due
to the model assumptions. The aim of the study reported
here was to replace the fiber continuum composite
model by a more realistic material description. For this
purpose, a spatially varying system of orientations was
defined. To capture the passive orthotropic behavior
during the diastole, the strain energy function proposed
by Holzapfel et al.'> was implemented in the Abaqus
finite element package. For simulating the active con-
traction of the myocardium, we added one term and
modified several terms. For validation of the flow field, a
coupled simulation was performed and compared to a
reference simulation®* done with the given wall motion.
The simulations of a healthy heart covered six heart
beats. To guarantee that there is no influence of initial
conditions, only the last beat was considered. Based on
these simulations we derived a new characteristic called
modified non-dimensional pumping work to quantify
the health state of the human heart including fluid and
solid mechanical aspects.

METHODS

Mechanics and Coupling

The equations describing fluid flow are typically
solved in spatially fixed Eulerian coordinates. The

structural equations are formulated in a moving
Lagrangian frame. In the case of an elastic structure
surrounding a fluid domain or being embedded in it,
the fluid grid can be described to be deformable. To
take the deforming mesh into account, the equations of
conservation for the fluid have to be reformulated
using the Arbitrary Lagrangian—Eulerian formulation
of the Navier—Stokes and continuity equations.

Continuum Mechanics

The deformation gradient F is the material deriva-
tive of motion. Capital letter X denotes the position in
the reference configuration and the small letter x
describes the actual position. As a measure of strain,
the right Cauchy Green tensor C and the Green strain
tensor G are used. The large deformation of the heart
muscle requires a geometrical non-linear treatment.

o X G=3(C-1)

=F'F
X C

The shear stress within a fluid depends on the
symmetric part D of the velocity gradient L.

Governing Equations

The fluid equations modified for the deformable
mesh have to be valid for the endocardium as well as
for the atrium and every cell in between. Hence, the
velocity v is defined relative to a grid velocity v, which
has to fulfill the space conservation law>> and is cal-
culated from the moving boundary and the smoothing
mechanism (see “Solution Scheme” section). At the
endocardium, the grid is fixed to the heart wall and
moves with its velocity u in the direction of displace-
ment u. In this case, the nonlinear convective part of
the Navier—Stokes equations vanishes and the equation
is written using the Lagrangian frame. Due to the mesh
smoothing mechanism, the grid velocity decreases with
increasing distance from the moving wall.

Vv=0 p(%—k(v—vg)-Vv):af.

Stress Formulation

Blood as well as heart tissue can be assumed to be
incompressible. Because of the heart rate (58 beats per
minute) and the health state of the considered heart,
blood flow is modeled to be laminar. The Cauchy
stresses on the right hand side of the momentum
conservation law have to be related to the deformation
(in case of a solid) or strain rate (in case of a fluid) via a

constitutive law. The behavior of blood (p = 1055 %)

is pseudo-plastic, which means that the viscosity
decreases with increasing shear rate.
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or=— pl+2pD.

The effective viscosity of blood is a function of the
shear rate and described by the Carreau model. The
coefficients 4, n, yy and u.,, were fitted to experiments
by Liepsch et al.?!

n—1

Hefr=Hoo + (:uﬂ - Hoo)(l+()“y)2) ' .

The stresses in a structure consisting of a hyper-
elastic material can be formulated as a function of a
strain energy W. J is the determinant of the deforma-
tion gradient. For an incompressible material J = 1
holds.

1_0W

_ TpOW et
o= pI+JFaGF.

Coupling Technique

The use of the ALE method leads to a set of equa-
tions for the structure and the fluid. This set of equa-
tions can be solved either in one step for the fluid and
structure or separately for the fluid and solid. The
former approach is referred to as monolithic, while the
second one is called partitioned. The nonlinear material
responses of the fluid and solid in the heart need a
different and special treatment in the solution process
of the system matrices. Assembling of both matrices
prevents these treatments and may lead to slow or no
convergence. A partitioned approach allows for the use
of specialized solvers which can be changed and vali-
dated independently. In this case, it is also possible to
have different time step sizes for the fluid and the solid.
Due to these benefits, a partitioned procedure is chosen.

Coupling Condition

The fluid (index f) and structural (index s) domains
(see Figs. 3, 6) are separated from each other by the
endocardium (surface-coupled problem). Here, the
momentum is exchanged between the fluid and struc-
tural solver. The meshes of myocardium and blood are
not identical near the interface. For this reason, a flux
integral interpolation scheme was used for transferring
the momentum.® Due to the partitioned coupling
approach, the momentum conservation on the inter-
face is formulated with the help of the kinematic and
dynamic coupling condition. It says that the position x
of the interface area must be the same in the fluid and
the solid. Furthermore, the forces (per area) of the
fluid acting on the solid have to be equal to those of the
solid acting on the fluid.

Xs = Xf
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Solution Scheme

The solution scheme defines which and when
information is exchanged between the fluid and solid
solver. To account for the density ratio of blood and
soft tissue and the low stiffness with small strains, an
absolute implicit code coupling scheme was developed
recently by Krittian e al.'® which is used in this work.

In the beginning of the coupling process, nodes of
the finite element mesh on the interface were associated
with boundary cells of the fluid mesh. For this pur-
pose, a distance search was conducted. The association
was kept constant, because boundary cells are not re-
meshed during the simulation. The fluid solver calcu-
lated the wall stresses acting on the endocardium (Step
1). These wall stresses were integrated over the
appropriate boundary cell face area (flux interpola-
tion). The resulting forces—assumed to be in the cen-
ters of fluid cell faces—were interpolated at the
associated finite element nodes using linear shape
functions (Step 2). Due to the loads on the endocar-
dium, the finite element solver calculated mesh defor-
mation and stresses within the myocardium (Step 3).
The nodes of the fluid boundary cell faces were pro-
jected on the new position of the finite element endo-
cardium using a field interpolation technique in which
the new position of the fluid boundary cell face node
depends on the position of the surrounding finite ele-
ment nodes weighted with their distances (Step 4).
After the projection, the fluid mesh was smoothed
using a spring-based approach. The resulting dis-
placements of the fluid cell divided by the time step size
yielded grid velocity. The smoothing approach used
reduced the grid velocity with increasing distance from
the endocardium. After smoothing, the fluid solver
calculated a new solution for inner ventricular blood
flow and wall stresses (step 5). The success of coupling
was assessed by residuals of load, position, and cou-
pling energy. The load residual resulted from the dif-
ference in wall stresses (Steps 1 and 5). The position or
better displacement residual resulted from the projec-
tion (Step 4). The product of load and displacement
residual may be considered to be coupling energy.
Steps 1-5 were called coupling iteration and repre-
sented one time step. They were repeated with modified
positions and forces until the coupling residuals van-
ished. To ensure that dynamic and kinematic coupling
conditions were fulfilled, 5-10 coupling iterations were
performed per time step. For the stabilization of the
coupling process, a load relaxation mechanism with
dynamic relaxation parameter estimation was applied.
This means that during coupling iteration of one time
step only, several forces were transferred. The dynamic
parameter estimation can be done either by coupling
residual, inner iteration or Aitken extrapolation.
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Software Packages and Hardware

The KaHMo is based on commercial software with
extended functionality by user subroutines. For the
fluid flow, the Fluent FVM package (Ansys, Release 6)
is used. The behavior of the structure is calculated by
the FEM code Abaqus (Dassault, Release 6.9). Both
codes are coupled via MpCCI (Fraunhofer SCAI,
Release 3) which is able to perform an explicit coupling
by default. Details on the coupling procedure can be
found in.® All simulations were done on workstations
(AMD Phenom II X6 1100T @3,3 GHz, 16 GB
RAM).

Fluid and Solid Model
Left Ventricular Heart Model

To validate the material description for the active
and passive behavior of the myocardium, a fluid-
structure interaction simulation was carried out and
compared to a reference simulation with a given wall
motion. The endocardium, parts of the atrium, and
aorta were reconstructed from ECG-controlled MRI
data of the left ventricle of a healthy patient. Addi-
tionally, physiological data, such as blood pressure and
heart rate, were recorded. As the data were still
insufficient, the epicardium was added generically.
Segmented MRI data provided closed curves marking
the endocardium in horizontal layers. We calculated a
centroid of each closed curve. For each horizontal
layer, the curve was projected in radial direction to give
the position of the epicardium. Doing this, two aspects
had to be considered: The thickness of the myocardium
was to be within the physiological range (8—12 mm)
and the shape of the epicardium was to be sufficiently
smooth to reduce geometry-induced excessive stress.
The simulation process started at a point in time dur-
ing the fast filling phase, because this point was con-
sidered to be nearly load-free. Residual stresses in the
myocardium were not considered in this work.

Discretization and Numerics

The fluid volume was meshed with tetrahedral ele-
ments. The mesh within the left ventricle was refined
several times to ensure mesh independence. The final
mesh consisted of 500000 elements. The flow equations
were discretized using the second-order upwind scheme
in space and implicit first order in time. The time step
size was chosen to be Ar=0.001 s, so that a single
heart beat was captured with 1000 time steps. The
staggered SIMPLE algorithm was used for pressure
correction. The structural analysis was also carried out
using different mesh densities to guarantee mesh
independence. The final mesh consisted of 57,000 linear

tetrahedral elements. The myocardium was assumed to
be incompressible.

Local Direction Definition

Experimental studies of LeGrice er al.'”?® and

Dokos et al* revealed that the myocardium has
orthotropic properties. This means that the strain—
stress response of the heart muscle is different in three
distinguished planes. To consider this material behav-
ior, it is necessary to define distinct directions within
the heart wall. This can be done using two vectors for
the fiber direction f = (5, fy, f,) and the sheet direction
s = (Sx, Sy, 8,). The third direction—the sheet-normal
direction—results from the cross-product of f and s.
The vectors can be defined using a polar coordinate
system and three angles «, f and y. The angle 5 and the
radius r are used to describe the location of a mesh
vertex of the discretized myocardium in horizontal
layers (polar coordinate system)

S= COS(O‘)Sin(ﬁ‘f’ g) + sin(a)sin(y)cos (ﬁ+ g)

fy = cos(a)cos (ﬂ‘f' g) — sin(a)sin(y)sin <ﬁ+ g)

fz = cos(y)sin()
sy = cos(y)cos(p)

sx = cos(y)sin(f)
s, = sin(y).

The angle o describes the inclination of the fiber in
radial direction (Figs. 1, 2). If aequals 0, the fibers run
in concentric circles around the long axis of the heart,
so they lie in the horizontal layer. The definition of the
sheet direction from the base to apex of the heart needs
an additional parameter which has been chosen to be
the angle y. This angle characterizes the gradient of the
muscle sheet in radial direction. It is assumed that all
sheets start and end perpendicular to the endo- and
epicardium. Because of this assumption, y depends on

V4

A

FIGURE 1. Local direction definition.
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FIGURE 2. Transmural fiber direction.

the normal vectors of the endo- and epicardium. For
y = 0, the vector s points in radial direction starting
from the long axis and lies in the horizontal layer.

o=f(r) y=/f(nEnd, nEpi,T)

The functions « and y are assumed to be a fourth-
order and a linear function. The constants (exponents)
of these functions are fitted manually such that the
given motion of the heart known from MRI during the
filling phase is represented sufficiently (see ““Constitu-
tive Equation” section for details).*>

Constitutive Equation

Considering experimental studies of the structure
and mechanics of the human heart, Holzapfel er al.'?
provided a constitutive model for the passive ortho-
tropic stress response of the human heart during the
diastole in terms of an energy function. They decom-
posed the energy function into an isotropic and an
anisotropic part. To use this model for a complete
heart cycle, it was necessary to modify and expand this
equation for the systole condition. For this purpose,
we added an additional term Wggve.

W= Wpassive + Wactive = Wiso + Waniso + Wactive-

To fulfill the material objectivity requirement, Hol-
zapfel et al.'? expressed the energy function in terms of
invariants of the right Cauchy-Green tensor and the
vectors defining fiber and sheet direction. Further
information on the derivation of the constitutive model
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for the passive strain—stress response can be found in
Holzapfel ez al.'?

I, = tr(C) Iy =1 (Cf) Iys=s- (CS) I =1 - (CS)

The following equation was taken from Holzapfel
et al."* and partially modified to account for contraction
via the activation Akt(7) and the parameters d;. Goek-
tepe et al.'® used the experimental data of Dokos e al.*
to fit the constants starting with ¢ and 5. The muscle
fibers were arranged in layers connected by an elastic
network. The second term represents the stress caused
by an extension of the fibers. The third and fourth terms
incorporate the interaction of fiber and sheet direction.

w=Lexplb(I; — 3)] + 2“—[; (exp [bf(14f - 1)2} - 1)

2b
Ld(hs 1) -1
1+d;Akt(r)™

+& ex

2b, | &P
dfs bfs 2

T exp|l—8 (L — 1P| =1
2bfs< P Ak )] )

+ di Akt(2) I

The systole is initiated by an electrochemical excita-
tion starting from the sinu-atrial node. For studying the
interaction of blood flow and myocardial stress distri-
bution, we used an activation Akt(7) varying with time.
This function is equal to one at the end of the systole and
zero in the load-free states before and after the systole.
The fifth term of the equation denotes the contraction of
the heart. Depending on the activation, the strain energy
increases in the direction of the muscle fibers. The muscle
sheets rearrange during contraction.'” This will save
energy. Therefore, the cross directions are to result in
less resistance, which is represented by the modification
of the third and fourth terms. With increasing activa-
tion, these terms decrease. To omit the modification
results in non-physical high stresses. To leave these
terms out leads to a non-physical deformation behavior.
For the usage of the model, the parameters d;, i = 1,2, 3,
4, the orientation of fibers and sheets as well as the
functions o and y have to be determined. This was done
in two steps. The first one considers diastole, the second
one also systole.

Within the KaHMo-MRI framework, patient-spe-
cific MRI data of the time-dependent movement of the
endocardium are applied to the fluid flow simulation.
The time-dependent pressure variation (needed for
boundary condition) in the aorta and the pulmonary
vein during a heart cycle results from a circulatory
model validated against clinical data. At first, a cou-
pled simulation of the diastole using the validated
circulatory model was carried out.®' The functions «, y,
and the vectors f and s in the load-free state for each
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FEM mesh node of the myocardium were fitted such
that the time-varying pressure in the atrium and pul-
monary vein gives the right deformation of the heart.
For this purpose, the position of each myocardial mesh
node in the load-free state was exported from Abaqus
and imported into Matlab at the beginning of the sim-
ulation. In Matlab the coordinates were transformed
from cartesian into polar coordinates and then into
vectors f and s. The initial shapes for functions o and y
were taken from literature (Streeter et al.’*>°). After-
wards, the vectors for each mesh node were converted
back into Abaqus. To fit functions « and 7, the coupled
simulation of the diastole was repeated several times
until the determined inner ventricular pressure and
volume were in good agreement with KaHMo-MRI.
For this purpose, the slopes of volume and pressure of
two simulations were compared to each other. The
constants were slightly modified empirically until a good
agreement in volume change was achieved. A good
agreement in volume change leads to a good agreement
in inner ventricular pressure, because the dynamic
pressure part is strongly connected to the derivatives of
volume change. To avoid kinks in inner ventricular
pressure during the heart cycle, the volume change
should be smooth up to the second derivative.

The anatomical structure of the heart is the same in
the systole and diastole, such that o and y can be
assumed to be the same in both phases. Secondly, the
pressure boundary condition of the circulatory system
and the movement of the heart wall are used to fit the
parameters d; during a coupled simulation of the sys-
tole. The used constants of the strain energy function
are listed in Table 1. Some of the constants for the
passive behavior are slightly modified to better fit
strains between 0.4 and 0.5.

Boundary Conditions and Heart Valves

The heart is surrounded by the pericardium. The
pairing of epicardium and pericardium provides for
reduced friction during the large and fast deformation.
The present study, however, only considers the fluid—
structure interaction between myocardium and blood
flow. Momentum between fluid and solid is exchanged
at the inner ventricular wall. As the valve plane or the
vessels are not part of the interface, their positions are
fixed. In our simulation we use a two-dimensional
boundary condition on the valve plane. The boundary
condition can change as a function of either time or

pressure. We found that even if the pressure-driven
variant is more realistic, the effect on the ventricular
flow field is nearly negligible. The heart is the engine of
the circulatory system and, hence, closely connected to
it. We used mass flux-dependent pressure boundary
conditions at the inlets and outlets of the fluid domain.
The actual pressure was calculated during the simula-
tion with a 3-element Windkessel model. The param-
eters of the model were determined by the procedure
implemented by Perschall 2010.%

RESULTS

The success of the current modeling approach is
evaluated based on solid and fluid mechanics aspects.
To the knowledge of the authors, direct measurement
of in vivo stresses in the heart wall is still impossible. To
assess the structural model of the myocardium, we
compared coupled simulation to MRI data and phys-
iological observations. Due to the lack of experimental
data, the calculated stresses can be evaluated qualita-
tively only.

Myocardial Deformation and Stress Distribution

Figure 3 shows the volume change during one heart
cycle. The good agreement between the calculated in-
ner ventricular volume and the MRI data indicates a
correct time-dependent movement of the endocardium.
Information about the motion and shape of the epi-
cardium cannot be derived from our data.

During contraction and relaxation, the heart muscle
works in a physiological manner. During a systole, the
ventricle volume decreases. The ventricle shortens
along the long and short axis direction. The thickness
of the wall increases because of myocardial incom-
pressibility. Besides these motions, the implemented
constitutive model is able to capture the rotation
around the long axis. This rotation is due to torque
caused by the force of fibers and the radial distance
between the position of the fibers and the long axis.
The muscle fibers are embedded in sheets producing
resistance in the direction perpendicular to the fibers.
For this reason, the rotational motion of the heart
takes place nearly, but not exactly in fiber direction. In
the diastole the pressure difference between the left
atrium and ventricle leads to a rapid increase of the
ventricle volume. The heart grows in long axis and

TABLE 1. Constants of strain energy function.

a (kPa) b1 as (kPa) b (—)

as (kPa)  Bs(-)  As(kPa) b ()

di(kPa) (=) ()  di(-)

0.000496 7.209 0.015 20.417 0.0015

23.176 0.000662 9.466 1.05 1.1

100000 2
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Load-free End-diastolic End-systolic
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FIGURE 3. Myocardial stress distribution.

radial direction. As in the systole, the same mechanism
causes a rotation, but this time, in opposite direction.
The calculated motion of the left ventricle seems to be
physiological except for one limitation: For the cou-
pled simulation, our current numerical framework
requires a positional fixation at the basis of the heart.
In vivo, long axis shortening happens with an apex
nearly fixed and the valve plane doing a vertical mo-
tion. This so-called valve plane mechanism is known to
support the efficient pumping, but has not yet been
implemented. Figure 3 shows the calculated stress
distribution in the end systole and end diastole in dif-
ferent planes. During the simulation, the calculated
stresses are within the physiological range compared to
studies of the stress—strain behavior of single muscle
fibers excised specimen from the heart wall.*'" The
stresses in the diastole are lower than in the systole by
nearly one order of magnitude. The highest values are
encountered in the mid-wall region, which can be ex-
plained by a nearly radial orientation of the muscle
fibers. During the diastole, the motion of the myo-
cardium is caused by circulatory pressure. In the end
diastole, the wall stresses balance the pressure within
the ventricle. In the systole, the muscle fiber contracts
and the wall stresses increase, which leads to a pressure
increase in the ventricle. When the pressure in the left
ventricle exceeds that of the aorta, the aortic valve
opens and outflow starts. In the end-systolic state, the
left ventricle has its smallest volume and the stresses in
the heart wall are maximum. These stresses result
nearly solely from balancing the inner ventricular
pressure. The physiological observation of sheet rear-
rangement during systole reduces the work necessary
to contract. This is captured by means of the imple-
mented strain energy function. Due to positional
restriction at the heart basis, the activation function is
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blended in vertical direction to avoid non-physiologi-
cal stresses. The error caused by this blending can be
assumed to be negligible. On the one hand, the tissue
around the heart valve is stiff and will not be subject to
significant displacement. On the other hand, the cal-
culated motion of the heart is in good agreement with
MRI data.

Quantitative Assessment of Myocardial Function

The coupled simulation using the newly imple-
mented constitutive equation is compared to a simu-
lation with the given wall motion.** For comparison,
we use the stroke volume VS, the velocities through
valves, the calculated mean viscosity over one heart
cycle 7igr as well as Reynolds and Womersley numbers
as defined in Oertel er al.?**" The heart may be con-
sidered a discontinuously working pump. Hence, the
work done can be used as a criterion of the health
state. This work A, results from the pressure within the
ventricle and the inner ventricular volume as well as
from the acceleration of the blood. The latter can be
neglected, because it is relatively small in comparison
to the pressure work for the given heart rate. Addi-
tionally, the health state is quantified by the ejection
fraction EF and the residence time #gy. The former is
the ratio of stroke volume to end-diastolic volume. The
latter means the time until only 20% of the “old”
blood are still contained in the ventricle. Consequently,
the residence time is an indicator of effective mixing
and ejection of blood. This capability is strongly con-
nected to the shape of the ventricle and essential for
heart function. If blood is at rest (no shearing), it
agglomerates and may form a thrombus.

The objective of the KaHMo is to assess the current
health state (KaHMo-MRI) and estimate the success
of cardiac surgery (KaHMo-FSI). For this reason, it is
convenient to define a characteristic quantifying myo-
cardial function. In previous publications, a non-
dimensional pumping work O was defined and applied
to simulations with a given wall motion based on MRI
data.”>*” As wall motion was given and no model of
the heart wall exists, this characteristic only takes into
account fluid mechanics aspects. This time, we expand
the formulation to capture structural mechanics of the
myocardium. Based on dimensional analysis, the two
following equations are proposed:

0S1 _ A[@/st]zgzo 5 = 5'sys VS ]
,uszVS Ap
€

High values for the already proposed non-dimen-
sional pumping work O suggest a diseased state. Og; is
an expansion of O with the end-systolic mean stress in
the myocardium. If the thickness of the heart wall
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TABLE 2. Quantitative assessment of cardiac function.

KaHMo-MRI KaHMo-FSI

Stroke volume (ml) 1115 113.6
End-diastolic volume (ml) 178.8 180.0
End-systolic volume (ml) 67.4 66.4
Mean mitral velocity (m/s) 0.31 0.32
Mean aortic velocity (m/s) 0.78 0.81
Tieril9/(ms)] 4.8 4.7
Sys. Reynolds number (—) 3720 3920
Dia. Reynolds number (—) 1675 1744
Sys. Womersley number (—) 25.7 25.9
Dia. Womersley number (—) 29.1 29.3
Ejection fraction (%) 62.3 63.1
Ap (Nm) 1.6 1.7
o0 (S) 1.19 1.19
O (10%) 3.5 3.7
Os1 (10 - 1.2
Os5 (10°) - 9.2

decreases due to e.g., heart failure, the mean stress
increases. At the same time, the stroke volume will
decrease. The second equation Os, reflects the effi-
ciency of the heart. It is the ratio of work done by the
heart muscle and the energy increase in the blood.
Table 2 shows the calculated values for the parameters
mentioned. Figures 4 and 5 compare the volume
change and the pressure work for the different mod-
eling approaches. The simulations with a given
(KaHMo-MRI) and simulated (KaHMo-FSI) wall
motion are in good agreement. Apart from the values
for the previously proposed non-dimensional pumping
work, Table 1 also lists the values for Og; and Os,.
Wall movement based on time-resolved MRI data at
best allows for a fluid mechanics-based assessment of
the state of health. A structural model of the myo-
cardium offers the chance to predict the success of a
modification of the heart wall by surgery. The data
presented confirm that KaHMo-FSI is able to capture
the actual health state represented by O, which means
that the structural model (geometry, fiber orientation,
and strain energy function) is sufficiently accurate. A
“virtual surgery” on the structural model and a “‘real
surgery” in vivo are therefore supposed to produce
similar results. As the space- and time-dependent
excitation is not simulated, the computational effort is
reduced. This aspect is crucial to clinical practice.

Ventricular Blood Flow

Figure 6 compares the evolution of blood flow
within the left ventricle at four characteristic times
during one heart cycle. The streamlines are colored
according to the velocity magnitude and scaled to
maximum velocity. The pressure-driven mitral valve
opens when the myocardium is completely relaxed and

180
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FIGURE 4. Comparison of calculated and measured volume
changes during one heart cycle.
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FIGURE 5. Calculated pressure-volume curves during one
heart cycle.

the inner ventricular pressure falls below the pressure
of the atrium that initiates the diastole. Due to the high
inflow velocity caused by the large pressure difference,
a jet with the characteristic ring vortex forms (a). The
ring vortex is asymmetric. This can be explained by the
different distances between the jet and heart wall on
the left and on the right side. At the end of the early
filling phase, the pressure difference is small and less
blood flows into the ventricle (b). The ring vortex
moves towards the apex. Asymmetric growth leads to
an additional rotation and an effective mixing in the
region near the apex. Subsequently, the ring vortex
decays due to viscous effects (c¢). The small oscillations
at the end of the plateau phase just before contraction
of the atrium happen over 2-3 time steps and are
caused by the two-dimensional time-driven mitral
valve (Fig. 5). The inflow velocity is very small and the
pressures in the atrium and left ventricle are nearly
equal, which causes the mitral valve to close partly.
The change of boundary condition (the area where the
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FIGURE 6. Left ventricular blood flow.

flow is blocked) is due to an inexact discretization of
the mitral valve area. Additionally, the low ambient
pressure level and the partial opening may amplify
small fluctuations in pressure. These small oscillations
have a negligible effect on the overall behavior of the
heart. However, pressure-driven heart valves should be
used in the future, although a pressure-driven bound-
ary condition can lead to oscillations, too. In this case,
some damping must be introduced for stabilization.
The damping can—physically—be regarded as inertia
and stiffness of the mitral valve and muscle fibers.
After the ventricle reaches its end-diastolic volume,
contraction of the myocardium starts the systole (d).
While the inner ventricular flow structure and mixing
during the diastole are mainly affected by flow aspects,
such as pressure difference and vortex formation,
structural mechanics plays an important role for the
ejection of blood. During the early systole, dissipation
of vortices increases and blood is accelerated towards
the aortic valve. When the inner ventricular pressure
reaches atrial pressure, the mitral valve closes and the
heart continues with iso-volumetric contraction, which
means that pressure increases, while the volume re-
mains constant (see Fig. 5). When the pressure in the
left ventricle exceeds aortic pressure, the aortic valve
opens and ejection begins. Detailed analysis of cardiac
blood flow can be found in previous publications.”>*’
The calculated blood flow in Fig. 6 shows that
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KaHMo-FSI is able to capture characteristic phe-
nomena of cardiac blood flow.

DISCUSSION

In this paper we presented a patient-specific fluid—
structure interaction model of left ventricular blood
flow based on the ALE formulation. This advancement
is part of the KaHMo and, hence, referred to as
KaHMo-FSL.'"®'® The newly implemented structural
model of the myocardium considers the orthotropic
behavior of the human heart by using a local coordi-
nate system and is consistent with in vitro studies
reported in literature. The strain energy function by
Holzapfel er al.'> for passive behavior was partly re-
calibrated and newly modified to account for active
contraction. One advantage of the proposed modifi-
cation is the reduced computational expenditure. The
simulation of six heart beats takes approx. 640 h. The
fluid mechanics model accounts for non-Newtonian
fluid properties and the influence of pressure boundary
conditions on the circulatory system. The simulation
was compared to clinical data (volume), simulations
with a given motion of the endocardium (KaHMo-
MRI), and literature (stresses). KaHMo-FSI is able to
capture the measured volume change during one heart
cycle and is in good agreement with KaHMo-MRI in
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terms of quantitative and fluid flow aspects. The
myocardial stresses cannot be quantified (in vivo) due
to a lack of experimental data, but they are qualita-
tively reasonable for the systole and diastole compared
to literature (in vitro). In contrast to a simulation with
a given wall motion, fluid-structure interaction addi-
tionally allows for the prediction of the success of
surgery, as it captures the heart function in a physically
more accurate way.

The novelty of this paper is—besides the model
enhancements—the introduction of a new character-
istic to assess the state of health considering myocar-
dium and blood flow.

However, some other important mechanisms have
not yet been included, such as the Frank-Starling
mechanism, softening of scars due heart surgery, sim-
ulation of atrial contraction, and motion of the valve
plane to support filling and ejection. To assess the
overall heart function the right ventricle should also be
included.®®

Another interesting aspect is that many fluid-
structure interaction models of biomechanical systems
(heart, vessels) often assume a load- and stress-free
starting point for simulation by disregarding residual
stresses. Recently, Wang et al. pointed out that even if
residual stresses are less important to the myocardium
in the diastole, a change in transmural stress distribu-
tion can be observed.®’
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