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A B S T R A C T

Patients with severe aortic stenosis could regain the proper hemodynamic performance and cardiovascular
output by restoring the diseased aortic valve with an artificial heart valve replacement. However, given the
uniqueness of each patient, the hemodynamic improvements after an aortic valve replacement could vary. The
biomechanical and hemodynamical parameters can be influenced by some major factors including the patient's
blood pressure and hematocrit. Therefore, the objective of this study is to analyze the hemodynamics and valve
mechanics of a bileaflet mechanical heart valve and investigate the hemorheological characteristics under the
change of hematocrit. The fully coupled fluid-structure interaction (FSI) approach was used to model the he-
modynamics and valve dynamics. Particle image velocimetry (PIV) experiments were conducted with in vitro
benchtop model using ViVitro Pulse Duplicator to verify and validate the FSI models. The current numerical
analysis revealed the hematocrit influenced the shear stress distributions over a cardiac cycle. The structural
stresses in the mechanical valve were also affected by the distributions of the shear stress in the blood flow.
Parameter dependencies found in the current study indicate that the hematocrit is influential when conducting
patient-specific modelling of prosthetic heart valves.

1. Introduction

Heart valve stenosis is a disease associated with the narrowing of a
heart valve, which leads to the decrease in valve orifice area and might
potentially lead to fatal complications. Subjected to the highest me-
chanical loads, most disorders of the heart initiate within the left ven-
tricle, which is regulated by the mitral and the aortic valves influencing
the inflow and the outflow conditions, respectively [1]. The most
commonly affected heart valves in a diseased heart are the mitral and
the aortic valves responsible for 34% and 44% of morbidity, respec-
tively [2,3]. Based on the recent American Heart Association and
American College of Cardiology guideline for managing patients with
heart valve disease, the mechanical heart valve is considered for pa-
tients under 50 years old without the constraints of receiving antic-
oagulation [4]. The decision for a mechanical or bioprosthetic valve for
patients between 50 and 70 years old would be patient-depended due to
the devices’ own disadvantages [4,5].

Computational fluid dynamics (CFD) that utilizes the concepts of

fluid-structure interactions (FSI) has been used for the investigations of
cardiovascular diseases including those related to aneurysms and heart
valves [6–9]. While CFD study can be used to study bileaflet mechanical
heart valve (BMHV) with prescribed particle image velocimetry (PIV)-
measured leaflet motion [10] and localized flow features in a patient-
specific aorta [11], the FSI method can provide further analysis in the
simulation of heart valve where the blood flow would influence leaflet
motion and vice versa. Early FSI works related to the current study
include a 2D hemodynamic investigation of an artificial heart valve
with subaortic stenosis [12], an FSI model using a 2D dynamic mesh
with experimental validation [13], a 3D FSI BMHV simulation over a
range of Reynolds numbers [14], as well as 3D symmetric BMHV ana-
lysis [15]. Recent BMHV modelling in 3D using FSI method was
achieved by several groups including the integration of anatomical
ascending aorta [16], assessing thrombosis potential with shear stress
[17], and the assessment of BMHV hemodynamics [18,19]. Ad-
ditionally, an FSI study focusing on BMHV's implant angle suggested
angle dependency on the blood flow [20], and the use of the lattice-
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Boltzmann method could provide detail hemodynamic analysis [8,21].
The accuracy of the FSI method in a 3D BMHV simulation was validated
by Guivier-Curien et al., where their Fluent FSI simulation was com-
pared with PIV measurements [22].

The effects of the non-Newtonian behaviour of the blood on BMHVs
have also been investigated. Recently, De Vita et al. presented an FSI
simulation with BMHV focusing on hemolysis using the Carreau-Yasuda
model [23]. They concluded that the prediction of hemolysis would be
depended on the fluid model. Additionally, Hanafizadeh et al. in-
vestigated flow in coronary arteries during diastole with an aorta
geometry derived from patient medical images using CFD with a focus
on the influence of the non-Newtonian model on the wall shear stress
and the near-hinge microflow [24]. Doost et al. conducted a CFD-based
evaluation of the left ventricular flow using patient-specific geometry
with multiple rheological models, including Newtonian, Carreau,
Casson Cross, Power Law, and K-L model, and concluded that the usage
of the non-Newtonian models would significantly affect the results of
the CFD analysis [25]. Current FDA (Food and Drug Administration)
guideline on CFD simulations for a medical device does not specify the
requirement for the hemorheological model; however, incorporate a
more realistic non-Newtonian rheological model in the analysis could
provide a better prediction in medical device evaluation [26].

To consider the blood's non-Newtonian behaviour in cardiovascular
modelling, the Carreau model was most frequently used in the literature
[23–25]. A comparative CFD study using different non-Newtonian
models on a 3D healthy volunteer aorta from a computerized tomo-
graphy scan concluded that the Newtonian model underestimated the
wall shear stress with a noticeable difference from the Cross model
[27]. However, when considering patient-specific modelling, the Car-
reau model could not be easily adapted, as the rheological parameters
used in the model do not have direct clinical counterparts. The Que-
mada model [28], on the other hand, has an additional parameter that
uses the hematocrit to determine the behaviour of the blood. Marcin-
kowska-Gapińska et al. conducted a rheological investigation on post-
infarction patients under Aspirin and free of anticoagulants [29]. Their
data were fitted with three non-Newtonian models (Casson, Ree-Eyring,
and Quemada) and concluded that the Quemada model was the most
suitable [29]. The Quemada model has also been implemented to study
the hemodynamics of abdominal aortic aneurysm [30,31] and diseased
thoracic aorta [32].

There are several important issues remained unresolved even
though BMHV has been investigated during the past two decades. A
strong connection between the investigation of BMHV evaluation and
patient management is still required. The use of the hematocrit as a
patient-specific parameter in modelling blood for medical devices could
be the first step for closing the gap. Although one's hematocrit would
temporally increase during exercise due to the decrease in plasma vo-
lume, the elevated hematocrit recovered after 30min of resting [33].
Therefore, the objective of the current study is to analyze the hemo-
dynamics of a bileaflet mechanical heart valve (BMHV) and investigate
the hemorheological characteristics due to the change in hematocrit
using a fully coupled FSI approach.

2. Methodology

2.1. Experimental system

To validate the numerical model, phase-resolved velocity mea-
surements under physiologically relevant test conditions were con-
ducted. A commercially available, 23mm BMHV with a tissue annulus
diameter/internal diameter (TAD/ID) of 18.5mm (Fig. 1), was used as
the test model. Fig. 2 shows the schematics of the experimental appa-
ratus that allowed investigation of the heart valve in the aortic con-
figuration. The pulsatile flow was generated using a ViVitro pulse du-
plicator, which is a heart model designed for assessing the performance
and function of prosthetic heart valves under simulated cardiac

conditions. The pulse duplicator was powered by a piston-in-cylinder
pump driven by a motor connected to the ViViTest data acquisition and
control unit that controlled the pump. This setup allowed for the gen-
eration of various ventricular pressure waveforms and beat rates while
generating physiological pressures and flow regimes in the vicinity of
the valve.

To simulate the physiological flow conditions, an acrylic test
chamber, that represented a simplified model of the ascending section
of a human aorta, was fabricated. This experimental set up allowed
visualization of the flow upstream and downstream of the heart valve in
the aortic position. The geometry and the dimensions of the acrylic
chamber are shown in Fig. 3. The internal cavity of the test chamber
also included sinuses of Valsalva, so that cusp dynamics can be simu-
lated.

Experiments were conducted at nominal conditions in accordance
with ISO 5840–2:2015 [34], at a simulated heart rate of 70 beats/min
(BPM) that corresponds to a cardiac cycle with a period T=860ms, the
target cardiac output of 5.5 l/min, the mean aortic pressure of
100mmHg. The duration of the systolic phase was approximately 35%
of the cardiac cycle period. The tests were conducted at a temperature
of 37 °C. The working fluid, in the current experiment, was a mixture of
glycerin and water in the ratio of 40:60 that had a dynamic viscosity of
3mPa s and a specific gravity of 1.1 at 37 °C.

Optical distortions introduced by the curvature of certain elements
of the test chamber were corrected in post-processing with the help of
Davis 8.1.3 software (LaVision Inc.). A square grid with a mesh element
size of 1mm was positioned in the plane of interest of the test section
that contained the working fluid. An image of the grid was subsequently
subjected to a polynomial calibration fit that addressed both spherical
and cylindrical distortions. The areas of remaining local distortion were
removed by an algorithmic mask, and the velocity vectors in these areas
were interpolated using available neighbouring data points.

Fig. 1. Schematic of bileaflet valve (left A) and the orientation of the valve (right
B) with respect to the left coronary artery (LCA), the right coronary artery
(RCA) and the noncoronary cusp (NCC) (Note that the PIV Data Acquisition
Plane is shown with dashed lines).

Fig. 2. Schematic illustrating DPIV test set-up used in the current experiment
(Image courtesy of ViVitro Labs Inc.).
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2.2. Time-resolved PIV

The technique of time-resolved PIV was implemented to collect flow
velocity data in the vicinity of the bileaflet valve, which is shown in
Fig. 1. Among the advantages of the PIV technique is its non-intru-
siveness and capability of delivering data with high spatial and tem-
poral resolution. The PIV system included an Nd:YLF dual cavity laser
(power output of 22.5 mJ/pulse at 1 kHz, wavelength of 527 nm).

The flow was seeded with silver-coated hollow glass spheres with a
mean diameter of 14 μm and specific gravity of 1.3, relative to water,
which acted as flow tracers. The Stokes number of the tracer particles
was equal to 0.7× 10−3, which indicated that the particles were suf-
ficiently small to accurately follow the flow [35]. The images of the
tracers were recorded using a Photron Complementary Metal Oxide
Semiconductor (CMOS) camera with a sensor that consisted of
1024×1024 pixels, which was oriented parallel to the data acquisition
plane shown in Fig. 1. The physical resolution of the flow images was
equal to 17 μm/pixel, with the size of the tracer particles of 2 pixels.
The field of view of the camera corresponded to the area of
70mm×30mm, which extended 1.5D upstream and 3D downstream
of the valve. The origin (X= 0mm, Y=0mm) corresponded to the
center of the outflow area of the gasket holding the valve.

Images were collected in the central plane, which is defined in Fig. 1
and in the double-frame double-exposure mode, where for each pair of
consecutive frames acquired by the camera, the pulse from the first
laser cavity provided illumination for the first frame in the pair, and the
pulse from the second laser cavity illuminated the second frame. This
data acquisition regime resulted in the sampling rate (of the cross-
correlated image pairs) of 100 Hz and the time interval between the
frames in a pair of 500 μsec. The PIV data was acquired at five re-
presentative phases of the cardiac cycle, indicated by black circles in
Fig. 4. These phases correspond to the opening acceleration phase (t/
T= 0.05), the peak systolic phase (t/T= 0.13), the closing phase (t/
T= 0.29), and the leakage phase (t/T= 0.69). Here t denotes time and

T=860ms is the period of the simulated cardiac cycle.
The collected images were processed by the Davis 8.1.3 software

using a multipass cross-correlation algorithm. The initial pass involved
64 pixels× 64 pixels interrogation windows with a 50% overlap be-
tween the adjacent windows in both X- and Y-directions. The final pass
involved 16 pixels× 16 pixels interrogation windows with a 50%
overlap in both directions. The resulting spacing of the velocity vectors
was equal to 8 pixels× 8 pixels, which corresponded to the resolution
of 7 vectors/mm in the physical flow domain. The typical error in the
calculated particle displacement for PIV correlation algorithms of this
kind is of the order of 0.1 pixels [36,37]. There were also measurement
artifacts near wall boundary resulting in decrease experimental mea-
surement certainties. The sources of error could potentially result from
insufficient treatment in data collection near the wall [39] or a bigger
seeding particle sized used in the current study [40]. Based on the
16× 16 pixel window used for correlation, a conservative estimate of
5% error excluding the wall in true displacement can be assumed [38].
Therefore, the data near the wall boundary was excluded during nu-
merical model validation.

2.3. Governing equations

The blood flow was modelled by the incompressible Navier-Stokes
equations with the equations for fluid continuity (Eq (1)) and mo-
mentum conservation (Eq (2)) shown below. Flow is assumed to be
within the laminar regime as the Reynolds number for the current study
is less than the critical Reynolds number under oscillatory flow based
on the criterion by Ohmi and Iguchi [41]. The laminar flow assump-
tions also agree with various studies in the analysis of BMHV [16–18].
Additionally, the blood flow is assumed to be incompressible with
negligible gravitational force. The interactions between blood flow and
valve leaflet were computed with the coupling equation (Eq (3)).
Cauchy stress tensor, σ, was calculated based on the pressure and the
viscous terms from the momentum equations from Navier-Stokes. Fi-
nally, the von Mises stress used to evaluate the leaflet stress is calcu-
lated based on Eq (4).

∇⋅ =V 0 (1)

= ∇⋅ − +V I τρD
Dt

P( ), (2)

⋅ = − + ⋅σ I τn P n( ) (3)

Fig. 3. Acrylic test chamber with geometrical specifications (dimensions in
mm).

Fig. 4. Variation of the flow rate as a function of time during a typical cardiac
cycle (black circles correspond to the phases of the cardiac cycle, at which PIV
data were obtained).
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where V is the fluid velocity, ρ is the fluid density, P is the pressure, I is
the identity tensor, τ is the viscous stress tensor, n is the unit normal
vector, and σvM is the von Mises stress.

The Quemada model was used to account for the non-Newtonian
shear thinning behaviour of the blood's viscosity under the change of
the hematocrit, as shown in Eq (5) [28].
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where the μplasma is the viscosity of blood plasma, Htc is the hematocrit,
k0 and k∞ are the maximum volume fraction at zero and infinite shear
rates, γ̇ is the shear rate, and γ̇c is the critical shear rate for erythrocytes
agglomeration.

The rheological parameters (μplasma, γ̇c, k0, and k∞) were taken from
the study conducted by Marcinkowska-Gapińska et al. for the blood
rheology measured at body temperature for a patient without antic-
oagulation intake for a week prior to the measurements [29]. Although
these parameters could also be influenced by the hematocrit [42], the
four rheological parameters were kept constant for current study with
μplasma, γ̇c, k0, and k∞ equal to 1.28mPa s, 4.2 s−1, 4.01, and 1.77, re-
spectively [29]. Based on Eq (4), the shear rate-dependent Quemada
viscosity for a wide range of shear rates is plotted in Fig. 5. To visualize
better the shear thinning behaviour at high shear rates, the hollow lines
on the right-hand side of Fig. 5 represent the viscosity above 100 s−1

with the magnitude in Pa-s labeled on the right vertical axis, as in-
dicated by the black arrow. The degree of shear thinning changes
dramatically for shear rates below 10 s−1, where a higher hematocrit
resulted in a significantly increase in viscosity at a lower shear rate
region.

2.4. Computational method

The current numerical models were constructed using COMSOL
Multiphysics (V5.2a, Stockholm, Sweden) with parallel sparse direct
solver MUMPS (MUltifrontal Massively Parallel Sparse direct Solver).
The numerical setup was inherited from the experiment, including the
geometrical specifications of the acrylic chamber and the applied
physiological pressures. The fully-coupled, 2-way FSI models were built
based on the approach from our previous study [43,44], where ALE
method was used to calculate the displacement of the valve leaflet
under physiological blood pressure. A computational model

representing the benchtop experimental setup was built to validate the
numerical method with the same geometrical and material properties.
The BMHV had a diameter of 23mm, a leaflet thickness of 0.78mm, a
length of 10.27mm and a free rotation angle ranging from 25° to 85°.
The valve leaflets were assumed to be isotropic linear elastic with
Young's modulus of 30 GPa, Poisson's ratio of 0.3, and a density of
2116 kg/m3, similar to the study by Choi and Kim [18]. The compu-
tational domain is shown in Fig. 6. At the inlet and the outlet bound-
aries, the physiological pressure profiles were applied as same as in the
experimental setup, as shown in Fig. 7. To account for the solution
instability due to initial conditions, a total of 8.6 s (ten cardiac cycles)
of the diastolic pressure was applied. The fluid-structure interface was
specified along with the BMHV surface. The free rotation condition was
applied independently to the four valve hinges with angular constraints
at 25° to 85°± 0.001°. To avoid reaching solution singularity and be-
cause of the variations in geometrical scales, the butterfly hinges of an
actual BMHV were simplified as simple pin hinges without fluid flow in
between. The effect of these geometrical simplifications on the hemo-
dynamics and valve leaflets stress distributions was assumed to be
minimal.

The computation for the fluid and structure domain was fully cou-
pled with a relative error less than 1e-3. Mesh convergence study was
conducted to verify that the solutions were independent of the dis-
cretization of the computational domain. Both tetrahedral and brick
types of mesh elements were used to account for a computational
boundary and maximize computational efficiency. The average blood
flow velocity magnitude along the centreline of the computational
domain was analyzed for the first ten cardiac cycles. A convergence was
concluded when the difference between the velocities was within 2%
for all the time instances throughout the cardiac cycle. Temporal con-
vergence was confirmed at the seventh cardiac cycle.

Fig. 5. Viscosity predicted by the Quemada model as a function of shear rate for
different hematocrits (hollow lines refer to viscosity value after 100 s−1 using a
secondary axis on the right).

Fig. 6. Computational domain corresponding to the experimental geometry.

Fig. 7. Physiological blood pressure profiles for the ventricular (inlet) and
aortic (outlet) boundary.
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3. Results

3.1. PIV experiments

In this section, the overall flow characteristics of the BMHV are il-
lustrated at five representative phases of the cardiac cycle, and patterns
of ensemble-averaged velocity and viscous shear stress are discussed.

In Fig. 8, one can see that as the two leaflets were forced open by
incoming accelerating flow, a typical triple orifice jet configuration was
created. The peak velocities for the left, the central, and the right jets in
the plots of Fig. 8 were 0.88m/s, 0.77m/s, and 0.89m/s, respectively,
at t/T= 0.05, which corresponds to the flow acceleration phase. Each
of the peripheral orifice jets was characterized by two shear layers: the

outer shear layer that was separated from the valve housing and the
inner shear layer that originated from the tip of the leaflet. The or-
ientation of the peripheral jets with respect to the central axis of the
model of the aorta was strongly influenced by the opening angle of the
valve leaflets, which was equal to 71° with respect to the horizontal
axis. During the acceleration phase, the developing peripheral jets were
inclined towards the aortic sinuses. The velocity patterns indicate that
the outer shear layers extended into the sinuses. At the phase corre-
sponding to the maximum forward flow through the valve (t/T= 0.13),
the velocity magnitude in the peripheral jets reached 1.3m/s at
Y=20mm. The opening angle at this phase was 87° with respect to the
horizontal axis.

During the flow deceleration phase, at t/T= 0.22, the valve's

Fig. 8. Experimental velocity vector fields and contours of viscous shear stress (dPa) at several instances during the systolic phase of the cardiac cycle for the case of
the bileaflet valve.
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opening angle decreased to 84° which lead to the decrease of maximum
velocity in the peripheral jets to 0.4 m/s. At the same time the central
jet structure disappeared, as the closing valve leaflets restricted the
available flow area in the center of the valve. A well-defined re-
circulation zone was formed near the centerline of the aorta, between
the two peripheral jets and immediately downstream of the aortic si-
nuses. These flow patterns are in agreement with the flow structure
reported in Ref. [10].

During the closing phase, at t/T=0.29, two recirculation zones
were observed on the aortic root side of the valve. The orientation of
the recirculation zones was highly influenced by the presence of the
leaflets and it was directed towards the valve along the centerline of the
aorta, and away from the valve along the aortic walls. On the ventricle
side of the valve, regurgitation jets were observed. The jets originated
from the small gap between the closing leaflets (eventually completely
closed). During the diastole phase, at t/T=0.69, BMHV exhibited flow
regurgitation, or leakage, which manifested as jets of fluid directed into
the ventricle. In particular, two regurgitation jets were produced by the
openings around the hinges of the leaflets. The jets were oriented
outwards from the centerline of the valve and had the characteristic
velocity magnitude of 0.2m/s. BMHV was intentionally designed to
produce strong regurgitant jets through its hinges in order to avoid the
potential formation of thrombi in and around the hinges [45].

3.2. Numerical results

To validate the FSI model with the PIV experiment, the flow velocity
along the PIV data acquisition plane was analyzed. Both the numerical
and the experimental models were under the same operating conditions
including the matching geometry and Newtonian fluid properties. The
locations for validating the blood flow velocities were chosen to be
within the aortic sinus at the widest cross-section downstream from the
BMHV. These locations corresponded to be approximately at 9mm,
12mm and 15mm downstream, measured from the base of BMHV. The
velocity profiles at the validating locations were plotted at peak systole

of 8.75s and end systole of 8.80s for the comparison between the nu-
merical and the experimental models, as shown in Fig. 9. The overall
difference in flow velocity distributions at three locations and two time-
steps was 6.1%, ranging between −6.5% (8.80s, 9 mm) to 16.2%
(8.75s, 15mm). The absolute difference between the six instances
evaluated was 14.6%. Due to the influence of optical distortion from the
acrylic chamber, the PIV accuracy for near-wall measurements was
reduced; therefore, the velocity distributions were validated slightly
away from the acrylic wall approximately 3mm from each side. The
inaccuracy and uncertainties from the measurement arose mainly from
the optical artifacts and occurred near the wall. The measurement could
have been improved by refining the interrogation area similar to the
work by Nguyen et al. [39]. Additional qualitative validations against
literature published PIV measurements were therefore conducted in
order to provide further support to the existing numerical model. The
simulated peak systolic flow distributions within the aortic sinus close
to the wall were in qualitative agreement with previous study con-
ducted by Li et al. [40]. Furthermore, the leaflet dynamics was in close
agreement with the simulated results by Choi and Kim with similar
leaflet opening durations and leaflet rebound characteristics [18]. It
was therefore concluded that our 3D FSI model was an overall re-
presentation of the experimental setup with qualitative validation from
literature for flow near the wall boundary.

3.2.1. BMHV hemodynamics
The velocity contours at the central cross-section of the BMHV for

the cases with 35% Htc., 40% Htc. and 44% Htc under systolic and
diastolic conditions are shown in Fig. 10(a)-(f). The results at the peak
of systolic phase (Fig. 10(a),(c),(e)) and the end of the diastolic phase
(Fig. 10(b),(d),(f)) were presented for each hematocrit value. In gen-
eral, all three scenarios yielded similar velocity distributions both in
velocity magnitude and direction. The inclusion of non-Newtonian
modelling showed minor variations in the distributions of the vortices
within the aortic sinus at systole and behind the valve leaflet at diastole
due to the blood's shear-thinning behaviour. Additionally, the

Fig. 9. Velocity profile validation at 9mm downstream from BMHV at peak systolic phase with the dotted and the solid line representing the experimental data and
the numerical result, respectively (the long dash lines represented the locations 3mm away from the wall).
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Fig. 10. Computed velocity vector fields and contours of velocity magnitude at the central cross-sectional plane for peak systole and end diastole under different
hematocrit conditions.
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numerical models retained additional flow features such as re-
circulatory flow, or the washout characteristics, within the aortic sinus
at the systolic phase and behind the valve leaflet at the diastolic phase.
Both flow recirculation at systole and diastole were not visible in the
experimental result due to the PIV field of view obstruction by the valve
housing.

The BMHV generated the distinctive three-jet flow when the valve
fully opened. The velocity profiles (Fig. 11) indicated similarity for all
three scenarios at 9mm downstream or the location where experi-
mental validation was conducted. Blood was ejected through BMHV
with a maximum ejection velocity of 1.4m/s at the sides while the
recirculatory blood within aortic sinus had a reversed velocity just
under 0.3 m/s for all cases.

Additionally, the 3D velocity vectors downstream the BMHV were
plotted (Fig. 12) to present the spatial velocity distributions. While the
2D contours in Fig. 10 clearly mapped the distribution of the velocity
jet, additional detail was revealed regarding the spatial orientation of
the semilunar blood flow jets from the two sides of BMHV and the el-
liptical central jet. Flow recirculation due to the expansion of the aortic
sinus was also observed at systole (Fig. 12(a),(c),(e)). At diastole
(Fig. 12(b),(d),(f)), reversed leakage jets passed through the inter-
valvular space of BMHV. The leaks were more from the sides than at the
center of BMHV, represented by the higher leakage velocity. The in-
stantaneous leakage velocity magnitude reached 4m/s at the tip of the
valve leaflet while the flow velocity slowly diminishing to approxi-
mately 1m/s near the inlet boundary. Note that in both Figs. 10 and 13,
the colour legend for blood flow velocity was intentionally capped at
1.6 m/s to better visualize the velocity distribution. Overall, the he-
matocrit did not influence the region with high flow velocity sig-
nificantly, but there were differences in the recirculation regions with
lower flow velocity. The flow distributions around the valve leaflets and
vortices generations within the aortic sinus were similar to the PIV
measurements discussed in Fig. 8.

3.2.2. Shear stress distribution
The maximum shear stress magnitude was analyzed and plotted in

Fig. 13 for the simulated cardiac cycle. The maximum shear stress
magnitudes from one cardiac cycle were computed as 1766 dPa,
1935 dPa, and 2698 dPa for 35%, 40%, and 44% Htc. respectively.
During the systolic phase, when BMHV fully opened, the maximum
magnitude of the shear stress ranged approximately between 60 dPa
and 500 dPa. However, during the diastolic phase, when BMHV fully
closed with reversed leakage flow, the maximum shear stress reached
approximately 2700 dPa for the case with 44% Htc. All three scenarios

had similar shear stress distribution in time, yet, maximum shear
stresses were significantly lower for the hematocrit of 35% and 40%
during the diastolic phase after valve closure.

For the individual component of the shear stress, all three shear
stress component, XY, XZ, and YZ, were plotted in Fig. 14 for peak
systole and Fig. 15 for end diastole. Again, the results for all three cases,
35% Htc. ((a)-(c)), 40% Htc. ((d)-(f)), 44% Htc. ((g)-(i)), were pre-
sented. The spatial distributions of shear stress were similar across all
considered cases. During the systolic phase (Fig. 14), the shear stress in
the XY direction ((a),(d),(g)) concentrated near the tip of valve leaflet
while the shear stress in the XZ direction ((b),(e),(h)) concentrated
around BMHV housing. The shear stress in the YZ direction ((c),(f),(i))
concentrated along the valve leaflet surface and BMHV housing. Fo-
cusing on the case where hematocrit was 35%, the shear stress in all
three components were significantly less than the 44% Htc. case.

On the other hand, the shear stress distribution for the 40% Htc.
case was similar, but with smaller magnitude than the 44% Htc. case.
The shear stress results at diastole (Fig. 15) revealed that all three shear
stress components concentrated at the leaflet tips and the valve
housing. Similar to the systolic phase, the shear stress distributions
were similar between the 40% Htc. and the 44% Htc. case with high
shear stress less concentrated for the 35% Htc. case. Note again that in
both Figs. 14 and 16, the colour legend for shear stress was in-
tentionally capped at 50 dPa to visualize the shear stress distribution.

3.2.3. Valve leaflet dynamics
The motion for both BMHV's leaflets was plotted in Fig. 16(a) and

(b) over one cardiac cycle. All three hematocrit cases predicted similar
opening period, approximately 200ms on average, during systolic
phase; however, not all the cases had the same leaflet motions during
the opening period. We define the opening period to be the time be-
tween the time when the leaflet first reached the maximum opening and
the time when leaflet first closed. Specifically, the 40% Htc. case
maintained maximum opening throughout the whole systolic phase
whereas the 35% Htc. case started the closure immediately after the
maximum opening at peak systole was reached. The 44% Htc. model
had leaflet 2 (Fig. 16(b)) maintained at maximum opening while leaflet
1 (Fig. 16 (a)) showed slight instability in maintaining valve opening.
The 3D views of valve leaflet revealed a concentrated distribution of the
leaflet stress near valve leaflet hinges at valve closure (Fig. 12(b),(d),
(f)). Additionally, the maximum Von Mises stress experienced by the
leaflets under all cases were below 90MPa at the time of leaflet closure,
which can be seen in Fig. 10(b),(d),(f) under the cross-sectional plane.
This confirmed the durability of a BMHV and its unlikeliness to fail due
to simple mechanical stress.

4. Discussion

Since the value of the hematocrit is a readily accessible parameter
from a blood test result during clinical evaluations, the integration of
the Quemada model into the current FSI analysis on BMHV provided
additional insights. Given that the Quemada model is a phenomen-
ological model that characterizes the overall viscosity-shear rate re-
lationship of a system with concentrated disperse particles, whole
human blood rheological behaviour could be accounted for based on
the hematocrits. The rheological parameters used in the Quemada
model could vary over a wide range of hematocrit values; therefore, the
current study only considers a narrow but normal range of hematocrits.
By analyzing three hematocrit values within the normal range, the in-
fluences in the change of hematocrit due to physiological factors can be
mapped. We observed an overall decrease in maximum shear stress
with the decrease in hematocrit; however, the decrease in shear stress
was not linear with respect to the decrease in hematocrit due to the
difference in the degree of shear thinning for each hematocrit value.
Although the general velocity distribution remained similar between
each hematocrit case, the localized recirculatory flow within aortic

Fig. 11. Peak Systolic velocity profiles at 9 mm downstream away from BMHV
with different hematocrit of 35%, 40%, and 44%.
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sinus near the wall had large variations when the hematocrit changed
from 35% to 44% Htc. The detail comparisons between the cases with
different hematocrit for each of the key physical parameter analyzed in
the current study were summarized in Table 1.

4.1. The effect of hematocrit on BMHV hemodynamics

The maximum peak velocities were similar for all the cases; how-
ever, there were recirculatory/washout flow variations within the
aortic sinus. Since the influence of shear rate on the blood's viscosity is

Fig. 12. 3D velocity vector plots downstream BMHV at peak systole and end diastole under different hematocrit conditions.
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greater at low shear rate regime while the value of viscosity reaches a
plateau at a shear rate of 100 s−1 and above, it is not a surprise that the
difference in the hemodynamics would be found around the aortic
sinus, where flow recirculation occurred. In our earlier work involving
the characterization of the rheological properties of whole human
blood, we observed a clear increase in the degree of the shear thinning
of the blood's viscosity due to the increase of the hematocrit [46]. The
viscosity could increase by approximately 32% at a low shear rate if the
hematocrit was increased from 43% to 48%. Given that the fluid shear-
thinning characteristics would affect the size of vortices generated as
well as form secondary asymmetric flow [47], it would be important to
consider the effect of these changes in rheological parameters in pa-
tient-specific hemodynamics modelling such as heart valves as the
changes were not linear with respect with the change of hematocrit.

The maximum shear stress difference between the 35% Htc. case to
the others were 9.5% (40% Htc.) and 52.7% (44% Htc.) as the result of
a nonlinear change in the degree of shear thinning across the hemato-
crit values. Time-averaged shear stress (TASS) magnitudes had a similar
value between 35% Htc. and 40% Htc. with a minor increase of 5.4%;
however, there was a significant increase of 42.8% in TASS between
35% and 44% Htc. This result suggested that there was a greater in-
fluence from the 44% Htc. hemorheological model in TASS predictions.
Since the difference in the viscosities at high shear rates was small and
that the degree of shear thinning was increased nonlinearly at a low
shear rate, our results suggested the importance of considering the
hematocrit-depended rheology with performing hemodynamics eva-
luation in cardiovascular disease. Additionally, Fig. 13 identified in-
stances where the maximum shear stress went above 1500 dPa for all
models. Using a simple estimate for critical shear stress of 1500 dPa to
evaluate cell damage [48], the current analysis would suggest blood cell
damages due to BMHV regardless the value of hematocrit; therefore,
anticoagulant would most likely be necessary for all cases. This result
agreed with common practice for patients receiving an aortic valve
replacement with a BMHV [49]. Given the wide variation in blood-
induced shear stress across the three hematocrit values studied, which
are considered as normal values, the patient's hematocrit might have
significantly more importance during patient management.

4.2. The effect of hematocrit on BMHV leaflet motions

In general, the leaflet dynamics predicted in the current study were
in good agreement with previous investigations [12,18]. However, due
to the change in the hematocrit, the motion of BMHV leaflet was af-
fected by these changes as shown in Figs. 16 and 17. There were

variations in the valve opening phase for both valve leaflets given that
the valve opened on averaged for 220ms (35% Htc.), 217ms (40%
Htc.), and 193ms (44% Htc.). Although the leaflet motions for 35%
Htc. and 40% Htc. had a similar performance for both leaflets, the 44%
Htc. case had an asymmetric leaflet dynamic resulting in 24.4% re-
duction in opening duration for one of its leaflets. The first leaflet for
the 44% Htc. case had similar opening and closing time to the other
hematocrit cases; however, the second leaflet for the 44% Htc. case
reached the maximum opening at a later stage with a similar closing
time (Fig. 17). This result indicated that the 44% Htc. case had the
shortest opening period on average while the 35% Htc. case had in-
complete leaflet openings (Fig. 16).

As the motion of the leaflet was simulated based on the forces ex-
erted from fluid flow, these variations in the data set support the need
to differentiate modelling properties, as intuitive as hemorheological
profiles under different hematocrit, in order to conduct patient-specific
simulation and diagnostic more carefully. The asymmetrical leaflet
motions and the difference in valve opening duration due to the change
of hematocrits further echoes the conclusion by Ternik that the change
in the shear thinning behaviour of the fluid could result in flow
asymmetry [47]. Additionally, severer leaflet rebounds were found
during valve closure (Fig. 17(b)) with a rebound of 1.4° (44% Htc.)
follow by the 0.8° (35% Htc.), and 0.1° (40% Htc.). These variations in
leaflet motion due to the change in hematocrit, or the rheological be-
haviour of blood, warrant future investigations.

Finally, there were also some noticeable differences in Von Mises
stress that the leaflets experienced. Similar to the maximum shear stress
magnitude evaluated earlier, the 35% Htc. case had the lowest max-
imum Von Mises stress of 72.9MPa evaluated but the 40% Htc. case
had the highest value of 88.0MPa, followed by 85.5MPa (44% Htc.).
The time-averaged difference in Von Mises stress was also calculated to
be 11.7% (40% Htc.) and 17.3% (44% Htc.) with respect to the 35%
Htc. baseline. Although there were differences in structure stress under
current FSI investigation in BMHV, these differences in stress evalua-
tion will be more influential for modelling involving biological tissue
since the maximum stress in current BMHV would less likely cause
simple mechanical failure given the small stress magnitude.

4.3. Study limitations

There are several study limitation and assumptions that would need
to be addressed. Although the BMHV's leaflets were modelled with
linear elastic material and their motions were predicted by FSI cou-
pling, the arterial wall was assumed to be rigid without blood vessel
compliance. The rigid arterial wall assumption was made not only be-
cause of the PIV experimental validations but also served as a study
control to isolate the influence of hematocrit in the analysis. Arterial
wall compliance would be added as a future extension of the current
study for investigating the significance of blood's shear thinning beha-
viour around the aortic valve. Additionally, since the current simulation
was validated using similar validation procedure by the FDA with the
use of Newtonian fluid for both the PIV experiment and the simulation
[50], the verification of the non-Newtonian simulations could be fur-
ther conducted experimentally using a shear-thinning blood analog that
contains Xanthan gum [51]. Additionally, the hinges in our modelled
BMHV were geometrically simplified without applied friction, this
simplification was made because the microflow near the leaflet hinges
as well as the hinge structural integrity was not the focus in the current
study. Finally, the resolution artifact near wall from the PIV prevented
accurate near-wall velocity measurements. It is planned to decrease the
influence of the artifact by enhancing near-wall treatment as well as
decrease seeding particle diameter.

5. Conclusion

We have constructed FSI models for simulating the hemodynamics

Fig. 13. Maximum shear stress magnitude within the computational domain
with a different hematocrit of 35%, 40%, and 44%.
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of BMHV with experimental validations using PIV measurements ex-
cluding the near wall measurement. The measurement near the test
chamber wall had some noticeable uncertainties, due to optical artifact
and seeding particle size. Therefore, we had to qualitatively verify our
simulated results with literature published experimental results. Three
models were built with the integration of the shear thinning Quemada

model, which contained hematocrit as the controlling parameter. The
fully-coupled FSI approach used in the current study successfully pre-
dicted the hemodynamics and leaflet motion of a BMHV. The inclusion
of hematocrit as an additional modelling parameter could provide
customized and personalized clinical assessments. The shear stress
distribution, on the other hand, had a significant decrease with the

Fig. 14. 3D shear stress distribution in dPa (dyne/cm2) at peak systolic phase for 35% Htc. (a, b, c), 40% Htc. (d, e, f), and 44% Htc. (g, h, i).
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decrease in hematocrit. Our results suggested that the distributions of
high shear stress during systole were around the valve leaflet surface
and housing while during diastole were around the valve housing and
the tips of the valve leaflet. Finally, the motion of valve leaflet was
affected by the change in hematocrit with the most unstable opening for
the lowest hematocrit at 35%. It was found that there was a hematocrit
dependence on the hemodynamics of BMHV; therefore, it is important

and critical to consider the impact of hematocrit when conducting pa-
tient-specific modelling.
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