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Abstract: Calcified aortic valve stenosis (CAVS) is caused by calcium buildup and tissue thickening
that impede the blood flow from left ventricle (LV) to aorta. In recent years, CAVS has become one
of the most common cardiovascular diseases. Therefore, it is necessary to study the mechanics of
aortic valve (AV) caused by calcification. In this paper, based on a previous idealized AV model, the
hybrid immersed boundary/finite element method (IB/FE) is used to study AV dynamics and hemody-
namic performance under normal and calcified conditions. The computational CAVS model is realized
by dividing the AV leaflets into a calcified region and a healthy region, and each is described by a
specific constitutive equation. Our results show that calcification can significantly affect AV dynam-
ics. For example, the elasticity and mobility of the leaflets decrease due to calcification, leading to a
smaller opening area with a high forward jet flow across the valve. The calcified valve also experi-
ences an increase in local stress and strain. The increased loading due to AV stenosis further leads to
a significant increase in left ventricular energy loss and transvalvular pressure gradients. The model
predicted hemodynamic parameters are in general consistent with the risk classification of AV stenosis
in the clinic. Therefore, mathematical models of AV with calcification have the potential to deepen
our understanding of AV stenosis-induced ventricular dysfunction and facilitate the development of
computational engineering-assisted medical diagnosis in AV related diseases.
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1. Introduction

The etiology of aortic valve (AV) stenosis can be classified as congenital, rheumatic and calcific, in
which calcification is the main and most common cause [1, 2]. In Western countries, calcified aortic
valve stenosis (CAVS) has become the third leading cardiovascular disease after coronary heart disease
and elderly hypertension [3]. Calcification increases with age and affects mainly the older, occurring
in 2–7% of people over age of 65 [4]. Once clinical symptoms appear, non-surgical treatment has a
poor prognosis with a 2-year survival rate of only 50%. Currently, the most common treatment is valve
replacement with a mechanical or biological valve [5, 6]. Furthermore, calcification is also a major
cause of the failure of bioprostheses [7]. Long-term follow-up studies have found that the incidence
of structural valve degeneration 15 years after implantation is 30% to 60%, which is partly caused by
calcification [8].

Calcification has been previously thought to be a passive process of calcium deposition on valve
over time [9]. However, recent studies have shown that it is the result of active regulation by multiple
factors such as inflammation and metabolism. Beginning with subclinical inflammation, it progresses
through stages of fibrosis and leaflet thickening, culminating in valve calcification [10]. Calcification
alters the geometry and material properties of the AV, resulting in reduced flexibility and opening area
that block the flow of blood from the left ventricle (LV) to the aorta. To supply the body with required
volume of oxygenated blood, the heart self-regulates pump function by increasing its contractility to
maintain the cardiac output.

Healthy AV has mechanical properties of anisotropy, nonlinearity, incompressibility and hypere-
lasticity. Since calcification is a dynamic growth process and is not evenly distributed on the leaflets,
which will change the material properties of the valve. AV calcification has been mathematically mod-
eled in various ways, such as by changing the parameters of its constitutive equation, or increasing the
thickness of the leaflets, or increasing the stiffness of calcified region. For example, Mutlu et al. [11]
used linear elastic material model to simulate calcification levels with different elastic moduli to study
complex regional flow in healthy and calcified AVs. Using the same calcification assumptions, Kivi
et al. [12] studied the hemodynamic effects of calcification on the aortic root and coronary arteries to
identify potential onset sites of coronary stenosis in a two-dimensional healthy AV model. Luraghi et
al. [13] reconstructed a 3D model of the aortic root and calcium deposits from CT images of patients,
numerical simulations were performed on 7 patients using the Lagrangian-Eulerian method. Halevi et
al. [14, 15] proposed a new method of reverse calcification process, which could reconstruct different
stages of calcification to study its effects on valve hemodynamics. Maleki et al. [16] introduced an
indicator (a parameter of the constitutive equation) whose value was varied to scale the overall elas-
tic response of the valve tissue according to the severity of Calcification. Assuming the calcification
process occurring in the high-strain region, Arzani et al. [17] developed a finite element model of the
calcification process where calcification was modelled by increasing the stiffness of the affected region.
To simulate the reduced mobility of leaflets due to calcification, Meschini et al. [18] immobilized parts
of the area close to the mitral valve(MV) root, and the calcification severity was determined by the
area of the calcification. Subsequently, different degrees of stenosis of AV were investigated using a
fluid-structure-electrophysiology approach and calcification was modelled in a similar way as in [19].

Finite Element (FE) method [20, 21], Arbitrary Lagrangian-Eulerian (ALE) method [22, 23], ficti-
tious domain (FD) method [24] and immersed boundary (IB) method [25–28] are widely used to deal
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with fluid-structure interaction (FSI) problems [29]. Because the IB method does not need to gen-
erate dynamic body-fitted meshes that greatly simplifies mesh generation, and thus is often used for
numerical simulation of large deformation elastic solids. Griffith and Luo [30] proposed the hybrid
finite difference/finite element immersed boundary (IB/FE) method based on the IB method, which
uses finite element discretization for immersed structures and finite difference discretization for in-
compressible Navier-Stokes equations. It can overcome one long-standing issue that the Euler grid is
twice as fine when the Lagrangian grid is required under the conventional IB method to prevent leak-
age of the fluid-structure interaction interface. Gao et al. [28] used this IB/FE framework to study a
personalized human mitral valve dynamics under physiological pressure loads and then extended it to
a coupled MV-LV model [31]. Hasan et al. [32] developed aortic root and ascending aorta models from
computed tomography angiography, and the results were consistent with clinical data. Recently, Cai
et al. [33,34] investigated the effect of different constitutive equations on the dynamics of AV and MV
using the same IB/FE modelling framework. Other applications of the IB/FE approach can be found
in [35–37].

In this paper, based on the assumption that calcification develops from the medial to the free end of
the aortic valve [38], regional-varied constitutive equations are adopted to study calcified and healthy
valves. The IB/FE method is used to simulate AV dynamics with fluid-structure interaction. Finally,
the AV dynamics and selected hemodynamic parameters are analyzed at different calcification severity.

2. Methods

2.1. Geometric model and constitutive laws of AV leaflets

In this study, the geometric model of healthy AV is adapted from our previous study [34], which
was constructed from a porcine pericardial valve with a leaflet thickness of 0.04 cm [39], shown in
Figure 1(a). The AV is mounted in a straight pipe that has a total length of 13 cm with inner radius of
1.3 cm and wall thickness of 0.15 cm.

Thubrikar et al. [38] have reported calcification patterns in surgically resected end-stage calcified
valves, showing calcium deposits in the cusps and commissures with a radial spread to the abdominal
region. The physiological anatomy reported by Otto et al. [40] also revealed that calcification develops
regularly from the cusps to the leaflet free edge. The same patterns have also reported in [41, 42].
In this study, we are not aiming to study patient-specific AV dynamics, but to focus on the effect
of calcification-induced stenosis on AV dynamics in an idealized AV model. Figure 1(b) shows a
schematic representation of different calcification burden studied in this study. In detail, each AV
leaflet is divided into a calcified region (the grey color) near the aortic root (cusp) and a healthy non-
calcified zone (the red color) towards the free edge. Note, the calcified region connects to the healthy
region directly without overlapping. The progression of calcification in each leaflet is characterized by
varying the size of the calcified zone. The initial site of calcification is defined at the regions with high
flexure that is the attachment of the cusps to the aortic wall [43]. We have designed three CAVS cases
according to the ratio of calcification area in relation to the total leaflet area, they are CAVS1: 20%,
CAVS2: 30%, and CAVS: 40%, see Figure 1(b). We also include a healthy AV case (HAV) with 0%
calcification for comparison.
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Figure 1. (a) The AV model mounted in a straight tube; (b) Schematic diagrams of different
calcification burden described by the ratio between the calcified area and the total leaflet area.

The constitutive equations, parameters, and fibre orientations of the AV leaflets are based on the
results from [34]. In specific, the constitutive function for the leaflets is

W1 = C10

(
eC01(I1−3) − 1

)
+

k1

2k2

[
ek2(I4−1)2

− 1
]
, (2.1)

in which C10, C01, k1, k2 are constitutive parameters, I1 = tr(FTF) with F the deformation gradient,
I4 = f0 · (FTFf0) with f0 the fibre direction in the reference state. Parameter values can be found in
Table 1. The calcification deposits is described by an incompressible Neo-Hookean model,

W2 =
α

2
(I1 − 3), (2.2)

where α is the shear modulus, D1 is the bulk modulus, J = det(F). Considering the Poisson’s ratio (ν) of
0.3 and the Young’s modulus (E) of 20 MPa for the calcification [11,12], then we have α = E/2(1+ν).
The first Piola-Kirchhoff stress tensors (P) for healthy leaflet and the calcification deposit are

PW1 = 2C10C01eC01(I1−3)F + 2k1(I4 − 1)ek2(I4−1)2
Ff0 ⊗ f0 − p0F

-T, (2.3)

PW2 = αF − p1F
−T , (2.4)

in which p0 and p1 are Lagrange multipliers to enforce incompressibility. Note both the healthy leaflets
and calcification are assumed to be incompressible in this study.

Table 1. Constitutive parameter values adapted from [34], and α is obtained from [11].

C10(kPa) C01 k1(kPa) k2 α (MPa)
1.21 7.99 24.23 57.62 7.69
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2.2. The IB/FE model

The IB/FE method [28, 30] uses finite element discretization for solids and finite difference dis-
cretization for fluids. In brief, let X = (X1, X2, X3) ∈ U ⊂ R3 denote Lagrangian material coordinates,
and let x = (x1, x2, x3) ∈ Ω ⊂ R3 represent Eulerian coordinates. The mutual conversion between
them is realized by the integral transformation of the Delta function δ(·), and χ(X, t) ∈ Ω denotes the
physical position of the structure point X at time t. The governing equations of the IB/FE system are

ρ

(
∂u
∂t

(x, t) + u (x, t) · ∇u (x, t)
)
= −∇p (x, t) + µ∇2u (x, t) + f (x, t) , (2.5)

∇ · u (x, t) = 0, (2.6)

f (x, t) =
∫
Ω

F (X, t) δ
(
x − χ (X, t)

)
dX, (2.7)

∂χ

∂t
(X, t) =

∫
Ω

u (x, t) δ
(
x − χ (X, t)

)
dx, (2.8)∫

U
F (X, t) · V (X) dX = −

∫
U
Pe(X, t):∇XV (X) dX, (2.9)

where ρ = 1.0 g/ml is blood density, µ = 4 cP is blood viscosity. Because the inner radius of the
aortic tube is 1.3 cm, the accumulation of red blood cells can be ignored in our model [44], thus in this
study, the blood is regarded as a Newtonian fluid, a widely adopted assumption when modelling blood
flow in large arteries [45]. The velocity field u(x, t) is in Eulerian form, p(x, t) is the Eulerian pressure
field, f(x, t) is the Eulerian elastic force density, and Pe is the first Piola-Kirchhoff stress tensor that
can be derived from selected strain energy functions, see Section 2.1 for details. Further details about
the IB/FE framework and its application in soft tissue can be found in [28, 30, 31] and its validation
in [46, 47].

2.3. The Windkessel model

For the healthy case HAV, a physiological LV pressure profile is applied to the inlet with a peak
value of 120 mmHg as shown in Figure 2. With increased calcification burden, the AV will impose
higher resistance for the transvalvular flow, thus a higher systolic pressure is used for CAVS cases. LV
pressure profiles for CAVS cases can also be found in Figure 2 which are based on literature reported
data [15]. In general, the higher the calcification burden, the higher the systolic LV pressure.

In the outlet, the aortic pressure is maintained at a range of 120/80 mmHg using a three-element
Windkessel model due to the Baroreflex mechanism [48]. In brief, the three-element Windkessel model
reads

C
dPWk

dt
+

PWk

Rp
= QAo, (2.10)

PAo = QAoRc + PWk, (2.11)

where Rc is the characteristic resistance, Rp represents the peripheral resistance and C is the arterial
compliance. PWK is the pressure stored in the Windkessel model. Details of the three-element Wind-
kessel model can be found in [26], and parameter values are listed in Table 2.

Mathematical Biosciences and Engineering Volume 19, Issue 12, 13172–13192.



13177

Figure 2. LV pressure profiles for all studied cases derived from literature reported data [15].

Table 2. Parameter values of the Windkessel model, adapted from [49].

RC (mmHg ml−1s) RP (mmHg ml−1s) C (ml mmHg−1)
0.033 0.79 1.75

3. Numerical implementation

The whole model is immersed in a fluid region of 8 cm × 8 cm × 13 cm that is discretized into a
regular 80 × 80 × 128 Cartesian grids. The grid size is the same as in our previous work for simulating
the mitral valve dynamics in a straight tube [28], in which a grid convergence study was performed.
Thus, in this study, we adopt a similar spatial spacing with ∆x1 = ∆x2 = 0.1 cm and ∆x3 = 0.1016 cm
as in [28]. Figure 3 shows the meshes of the aortic tube and the aortic valve used in this study. The
AV leaflet is meshed with very fine tetrahedral elements because of the very thin leaflet thickness
(0.04 cm), the outer tube covering the AV is meshed with a dense mesh while the remaining tube is
meshed with coarse hexahedral elements. Note the mesh density of the outer tube is not critical since
the outer tube is fixed throughout the simulation, and its mechanical deformation is not computed but
to prevent blood leakage across the tube wall. In sum, the solid region is subdivided into 196,028
elements. Prescribed LV pressure profiles (Figure 2) are used for each CAVS at the inlet (the LV side).
Meanwhile, the Windkessel model is used to provide the physiologically accurate aortic pressure in
the outlet. The whole aortic tube is fixed with zero displacements and the environmental flow outside
the aortic tube is free to flow with 0 pressure on all boundaries of the computational domain. Details
of the boundary conditions can also be found in [34].

We set the cardiac cycle to be 0.8 s and the time step size 5e-6 s following our previous study [28].
The very small time step is because of the explicit time-stepping scheme. Details of the spatial and
temporal discretization can be found in [28, 30]. The periodic convergence test has been carried out
in [34] using the HAV model, which has shown that this FSI AV model can reach periodic convergence
from the second period and the effective opening area, left ventricular energy loss, stress, and others
are all consistent with the reference data. Considering the computational time for one cardiac cycle

Mathematical Biosciences and Engineering Volume 19, Issue 12, 13172–13192.



13178

requires several days, thus in this study, only first two cardiac cycles are simulated and the results
from the second cycle are analyzed. The IB/FE AV model is implemented using the IBAMR software
infrastructure (https://github.com/IBAMR/IBAMR). In this study, the Cartesian computational domain
is further discretized with 2 nested grid levels with a refinement ratio of 4 between the two levels for
improved computational efficiency. Note the structural mesh is not refined during the simulation.

Figure 3. Meshes of the aortic tube (left) and the aortic valve (right) colored by its z-
coordinate.

4. The hemodynamic parameters

To evaluate valvular performance, the following hemodynamic parameters are introduced, including
the regurgitant fraction (RF), the mean transvalvular pressure gradient (TPG), the effective orifice area
(EOA), the performance index (PI), and the energy loss (EL) of the LV.

The regurgitant fraction (RF) reflects the volume ratio of the regurgitant blood into LV through AV.
It is defined as [50]

RF = (VR + VL)/VF , (4.1)

in which VF is the forward volume, VR is the regurgitant volume, and VL is the leakage volume.
The mean transvalvular pressure gradient (TPG) measures the potential energy loss. It is the average

pressure gradient across the AV in systole,

TPG =
1
T

∫
T
(PLV − PAO)dt, (4.2)

where PLV and PAO are the pressures at LV and aortic sides, and T is the systolic duration.
The effective orifice area (EOA) [50] is related to the degree of obstruction of blood flow,

EOA =
Qrms

51.6
√

T PG/ρ
, (4.3)

Qrms =

(
1
T

∫
T

Q(t)2dt
)1/2

, (4.4)

in which Q(t) is the flow rate, and Qrms represents the root mean square volumetric flow rate.
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Performance index (PI) [51] provides the normalized resistance of valve using a size-independent
method,

PI =
EOA
Asew
, (4.5)

in which Asew is the valve sewing ring area.
The energy loss of LV (EL) is calculated as [39]

EL = 0.1333
∫ t2

t1
∆p(t)Q(t)dt, (4.6)

in which t2-t1 denote the duration of one cardiac cycle, and ∆p = PAo − PLV.

5. Results

5.1. Displacement fields

Figure 4 shows the motion of the AV with different calcification degrees in the opening stage (t =
0.12 s, t = 0.18 s) and the closing stage (t = 0.36 s, t = 0.39 s, t = 0.47 s), respectively. It can be seen
that the displacements in the calcified area are small, which is in line with the severity of calcification.

Figure 4. Movements of AV leaflets at different time.
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With the progress of CAVS, the on-off state of AV has changed dramatically. In the initial stage, the
AV gradually opens and the HAV reaches a larger opening orifice than CAVS1, CAVS2, and CAVS3.
The three calcified valves all reach their maximum opening area when t = 0.18s. While the orifice
area decreased dramatically in calcified AV, from 3.55 cm2 in a healthy state to 1.41 cm2 in moderate
stenosis (CAVS3) at t = 0.18 s. Thus, during the opening phase, local stiffness of the valve due to
calcification results slow opening with a small orifice. In the closing period, at t = 0.36 s and t = 0.39
s, the opening of the HAV is still relatively large in the early stage of the closure period. However,
CAVS1, CAVS2, and CAVS3 have almost been closed, the average and maximum displacements are
reduced to half of HAV. When t = 0.47 s, all AVs are closed. The valve cusp of calcified cases does
not move much compared to the other areas due to the calcification, while the free edge of the valve
leaflet is still healthy, and thus it can open and close freely in all cases. For this reason, the maximum
displacement usually locates at the free edge, but decreases as the degree of calcification increases.
From Figure 4, we can expect that calcification can lead to a decrease in cardiac output and result in an
insufficient blood supply due to small opening orifice.

Table 3. Spatial average and maximum displacements at different time.

Average displacement (cm) Maximum displacement (cm)
Cases 0.18 s 0.36 s 0.39 s 0.47 s 0.18 s 0.36 s 0.39 s 0.47 s
HAV 0.041 0.031 0.023 0.017 0.994 1.016 1.037 0.246
CAVS1 0.026 0.014 0.015 0.015 0.952 0.881 0.179 0.224
CAVS2 0.021 0.013 0.013 0.014 0.788 0.359 0.182 0.233
CAVS3 0.018 0.012 0.011 0.013 0.685 0.239 0.132 0.222

It can be seen from Table 3 that the average and the maximum displacements decrease with the
increase of the calcification severity. In sum, calcification can have an adverse effect on the mobility
of the valve.

We further divide the cardiac cycle into the opening, fully-opened and closing phases. The opening
phase represents the duration of the AV from the beginning of opening to the fully opened state. Fully-
opened phases is the duration for which the maximum orifice area is maintained. The closing phase
represents the duration from pre-closed to fully-closed states. The opening time for the four cases is
similar that is around 0.1 s. While calcification can affect the duration of AV in the full-opened phase
as summarized in Table 4. During the fully-opened phase, the duration is reduced from 0.15 s in the
healthy case to 0.1 s in the calcified AVs. Therefore, the calcified valve not only has a small opening
orifice but also has a short duration of the fully-opened phase. In the closing phase, the duration of the
calcified valve is slightly longer than that of HAV, this increasing trend is consistent with [12].

Table 4. The duration of AV opening, fully-opened and closing phases.

Cases Fully-opened (s) Closing (s)
HAV 0.15 0.15
CAVS1 0.10 0.155
CAVS2 0.11 0.16
CAVS3 0.10 0.16
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5.2. Transvalvular flow fields

Figure 5 shows the velocity field across the AV at the opening phase (t = 0.12 s, t = 0.2 s) and the
closing phase (t = 0.3 s, t = 0.35 s, t = 0.41 s). In the opening phase, the pressure of the left ventricle
is higher than that on the aortic side, and the blood flows into the aortic side. Due to the different
calcification areas of the four models, the blood flow is also different. When t = 0.2 s, the AV is fully
opened. Because of the obstruction of valve opening in calcified AVs, different forward jets are formed,
and the maximum flow velocity gradually increases with increased calcification area. In particular, the
maximum flow velocity of CAVS3 exceeds 3 m/s. In the closing phase (t = 0.3 s), the blood enters into
the aorta with a more homogeneous velocity field compared to the calcified cases, in which the jets are
still maintained. At t = 0.41 s, the HAV shows clear regurgitant flow, and the volume is 5.05 mL, while
the calcified valves are completely closed at this time and no clear regurgitation flow can be seen.

Figure 5. The fluid velocity fields in different cases.

Figure 6 shows the velocity profiles at the location PA as defined in Figure 1. As the calcified area
increases, the peak velocity also increases from 2.27 m/s for HAV to 3.98 m/s for CAVS3. During the
closure period of the AV, the HAV shows larger velocity oscillations, while the amplitude decreases as
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the calcification area increases. Those oscillations correspond to the closure regurgitant flow.

Figure 6. The velocity profiles at the location PA defined in Figure 1.

Figure 7. Flow rates across the AV in one cardiac cycle without (a) and with (b) cardiomod-
ulation.

Figure 7(a) shows the flow rates through the AVs over a cardiac cycle without maintaining the aortic
pressure at 120/80 mmHg. It can be found that the peak flow rate gradually decreases from 571.34 to
302.82 mL/s with the increased calcified severity. The forward flow volume is reduced from 97.21 mL
for HAV to 69.66 mL for CAVS1, 61.23 mL for CAVS2, and 53.24 mL for CAVS3. During the closing
phase, the maximum regurgitant flow rate of HAV is 170.57 mL/s, much higher than those of calcified
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AV (around 50 mL/s). Figure 7(b) shows the flow rates through the AV when maintaining the aortic
pressure at 120/80 mmHg. It can be found that the flow of calcified AV is much closer to the flow rate
of HAV compared to Figure 7(a).

5.3. Strain and stress analysis

The fibre strain distributions of the AV in the fully-opened, pre-closed (the AV leaflets start to close),
and fully-closed states are shown in Figure 8. It can be observed that the strain distribution of the calci-
fication model is significantly different from that of HAV. In particular, CAVS2 and CAVS3 experience
a large squeezed region in the centre region of the valve, which is not present in HAV at t = 0.24 s
when the AV is fully opened. Meanwhile, it can be found that the strain forms a distinct boundary be-
tween calcified and healthy regions. Low strains are seen in the calcified regions, while high strains are
usually concentrated at this boundary. Arazani et al. [17] have suggested that a compliance mismatch
occurring in this region may lead to a local increase in strain, which leads to further calcium deposition
and propagation of calcification. The reduction in strain in the calcified region throughout the cardiac
cycle could be explained by calcium depositions that increase leaflet stiffness. At t = 0.48 s, the leaflet
strain reaches the largest. The peak strains in Figure 8 are consistent with the range reported in [14]
with the maximum magnitude greater than 0.1.

Figure 8. Fibre strain (unitless) distributions of AV in fully open (0.24 s), pre-closed (0.33 s)
and fully closed (0.48 s) phases.
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Figure 9 presents the fibre stress of the valve at 0.24 s and 0.48 s. As calcification develops, locations
of high mechanical stress appear and concentrate in commissures at the fully-opened state. When
severe calcification is present, it gradually extends to the base of the valve. The magnitude of the
stress in the belly region in the closing phase is much larger than the corresponding magnitude in
the opening phase. The high stress regions mostly concentrate in the non-calcified regions, while all
cases are experiencing very high fibre stresses at the closing phase. The distribution and magnitude of
stress of all cases are in general agreement with [52, 53] within a range of < 500 kPa. Thus, calcified
valves experience a local increase in stress and strain, which in turn promotes the further progression
of calcification.

Figure 9. Fibre stress distributions of AV in fully-opened (0.24 s) and fully-opened (0.48 s)
phases.

5.4. Hemodynamic performance

To analyze the effect of calcification on AV hemodynamic parameters, the results of VF , VR, VL, RF,
PI, EL, the maximum velocity, EOA and TPG are summarized in Tables 5 and 6. In general, VF ,VR,VL,
and RF values in CAVS are lower than those of HAV, while TPG and EL increase significantly with
increased calcification areas. EOA and PI are the most intuitive indices of the severity of calcification-
induced stenosis and are negatively correlated with calcification severity. Since the degree of stenosis
can be reflected by the maximum flow velocity, TPG, and EOA, we further include literature reported
values [15, 19, 54–58] in Table 6, based on which we could classify each CAVS case with a medical
grade of AV stenosis. It can be found that the results from our models agree well with the clinical
classification except that the maximum velocity is slightly higher than in vivo reference data.
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Table 5. The summary of hemodynamic parameters VF , VR, VL, RF, PI, and EL.

Cases VF (mL) VR (mL) VL (mL) RF (%) PI EL (mJ)
HAV 97.21 5.05 1.03 6.25 0.67 109.44
CAVS1 80.58 1.25 0.27 1.88 0.43 135.82
CAVS2 88.39 0.88 0.12 1.13 0.33 281.86
CAVS3 85.29 0.78 0.06 0.98 0.27 361.91

Table 6. Model predicted results compared to literature reported clinical data [15,19,54–58]
on the classification of AV stenosis including the maximum velocity, EOA and TPG.

Maximum velocity (m/s) EOA (cm2) TPG (mmHg)
in-vivo model in-vivo model in-vivo model

healthy < 2 2.27 3.9 ± 1.2 3.55 < 5 4.34
sclerosis < 2 2.77 3.9 ± 1.2 2.26 7.80
Mild stenosis 2–2.9 3.65 > 1.5 1.73 < 20 16.28
Moderate stenosis 3–3.9 3.98 1–1.5 1.41 20–39 22.79

6. Discussion

In this paper, by using the IB/FE method, we have studied AV dynamics with increased calcification.
The initial location of calcification is at the valve cusp and gradually spreads radially to the free edge.
One healthy model and three diseased models are constructed using the ratio of the area occupied
by calcification. Among them, the hyperelastic constitutive equation that best describes the valve
mechanical behaviour in previous studies [34] is used for healthy valves, and an isotropic Neo-Hookean
model is used for calcification. For fluid boundary conditions, different LV pressures are assigned for
each CAVS by maintaining the aortic pressure at 120/80 mmHg. A classic Winkessel model is further
used to provide the outlet boundary condition at the aortic side. Compared with the vascular tree
model [59], although the Windkessel cannot simulate the pulse wave transmission, it is simple and easy
to implement to provide an accurate physiological pressure for the outlet. The same practice can also
be seen in [15]. To assess the effect of calcification on AV performance, we analyzed AV displacement
fields, transvalvular flow fields, strain, stress and hemodynamic performance. Our results show that
calcification can a significant effect on the dynamics of AV.

As can be seen from Table 5, with the increase of calcification area, VF , VR, VL, and RF all show
a decreasing trend. VF of HAV is 97.21 mL that is higher than the values from calcified cases (about
80 mL). Calcified leaflets connected to the aortic wall result a decrease in the volume of blood which
returns from the aorta to the LV, while VR and VL decrease drastically with the increase of calcification
area, which is also reflected in Figures 4 and 5.

TPG is one of the important indicators to assess valve stenosis. In this study, TPG increases with
calcification from 4.34 mmHg in HAV to 22.79 mmHg in CAVS3, which is 5-fold higher than HAV.
Increased TPG can have an significant impact on valve performance and drive compensatory LV hy-
pertrophy to accommodate increased after-load [60]. A larger EOA corresponds to a smaller pressure
drop, resulting in less energy loss. With the development of calcification, the opening area in CAVS3
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decrease to less than half of the healthy state, which can also be seen from Figure 4. PI shows how well
the valve design utilizes its total installed area and is inversely proportional to the calcified area. As
can be seen from the Figure 5, the calcified valve results in a orifice diameter decreased from 2.2 cm for
HAV to 1.6 cm for CAVS1, and to 1.45 cm for CAVS2, and to 1.35 cm for CAVS3 as shown in Figure
5. The valve orifice ratios relative to HAV are 75, 61 and 43% of HAV, respectively. As discussed
previously, larger TPG usually corresponds to larger EL. The EL of HAV is 109.44 mJ, which is very
close to the reference value (129.03 mJ) reported in [50]. However, the EL of CAVS3 with moderate
stenosis is 361.91 mJ, which is much larger than HAV.

For the evaluation of various performance indicators of HAV, readers refer to our previous
study [34]. For CAVS1, the maximum velocity is 2.77 m/s, the opening area is 2.26 cm2, and the
transvalvular pressure difference is 7.80 mmHg, which is in line with the clinical diagnosis of sclerosis
as shown in Table 6. EOA and TPG of CAVS2 agree with the range of mild stenosis. For CAVS3, the
maximum velocity, TPG, and EOA are consistent with moderate stenosis. Therefore, the selected three
calcification models in this study represent typical clinical cases from sclerosis to mild stenosis and to
moderate stenosis.

Although the simulated results agree well the reported clinical data [15,19,54–58], limitations exist
in this study. For example, we have not considered the pattern of calcification, but assumed to be
uniformly distributed over the leaflets and follow a idealized growth pattern from the cusp to the free
edge. The thickness of the valve is not uniform but increases with age due to the deformation of
collagen fibres and calcium accumulation. For example, Weinberg et al. [61] studied AV aging from
20 to 80 years by including tissue flexibility degradation, thickening and calcification with aging. It
is challenging to calculate wall shear stress in our IB/FE based AV model because the fluid mesh and
the solid mesh are not body-fitted but overlapped. Thus future development in reconstructing accurate
wall shear stress from IB/FE predicted velocity filed is needed, for example by including a boundary
layer since wall shear stress is highly sensitive to the fluid mesh quality [62]. Furthermore, the blood
is considered to be Newtonian with laminar flow assumption, future studies shall also investigate how
non-Newtonian model affects AV dynamics, especially in stenotic AV when the turbulence is present
[63], the damage to blood cells [64], and the impact on calcification progression [17]. Last but not
the least, the constitutive model of calcification is simple without considering its complex structures,
a microstructure-informed biomechanical model of calcification will be needed for a patient-specific
simulation [65].

7. Conclusions

In this work, we have studied the effect of calcification on human aortic dynamics. By using the
IB/FE method, FSI simulations of AV dynamics are performed for healthy and three calcification
cases characterized by increased calcified area in the leaflets. Our results show that calcification can
significantly affect AV function and the selected calcified cases are able to describe the progression of
calcification. In specific, calcified AVs have smaller opening area and higher forward jet flow. The
higher the degree of calcification, the heavier the ventricular loading, resulting in a significant increase
in left ventricular energy loss and transvalvular pressure gradient. Moreover, calcified valves could
cause an increase in local stress and strain, which in turn promotes the development of calcification.
This further suggests that the presence of calcification could lead to a vicious circle and should be
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treated at the right time. The maximum velocity, EOA and TPG predicted by our models are in general
consistent with the clinical stenosis classification. It is expected that the IB/FE FSI simulated AV
model has the potential to deepen the understanding of AV stenosis-induced ventricular dysfunction
and facilitate the development of computational engineering-assisted medical diagnosis in AV-related
diseases.
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