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Abstract of the Dissertation
Numerical modeling of blood flow in prosthetic heart valves and
cardiovascular pathologies
by
Yared Alemu
Doctor of Philosophy
in
Biomedical Engineering
Stony Brook University
2010
Despite the many advances in our understanding of cardiovascular
diseases and how to diagnose and treat them, they are still the leading cause of
death and disability in the Western World. Onset and progression of these
diseases is due to interplay between pathologic flow conditions and vessel
remodeling altering vessel geometries and composition. Advances in numerical
simulation techniques and improvements in computational power have opened
new avenues to investigate challenging pathological flow problems that underlie
and characterize cardiovascular diseases.
Mechanical heart valves (MHV) represent pathologic flow conditions
common in cardiovascular prosthetic devices. Those result in platelet damage
leading to thrombus formation and thromboembolism, which are major
impediments to these devices. Numerical simulations were conducted to study
platelet damage resulting by pathological flow patterns. The simulations included
unsteady Reynolds averaged Navier Stoke (URANUS) and highly resolved direct
numerical simulations (DNS) formulations. The thrombogenic potential of
different MHV designs was evaluated from the sum of the product of stress and
exposure time, determining platelet stress accumulation. Platelet cumulative
damage due to repeated passages through the valve was also studied.
Vulnerable plaques (VP) and abdominal aortic aneurysms (AAA) are
examples of cardiovascular diseases that are driven by pathologic vessel
geometries and compositions and compromised hemodynamics. Blood vessel
iii

integrity disruption and rupture in these diseases can lead to stroke, heart attack,
and death. Numerical studies of their rupture risk was based on incorporating
anisotropic vessel tissue material properties, and inclusion of calcification and
intraluminal thrombus in patient specific geometries extracted from clinical
imaging modalities, using fluid structure interaction (FSI) simulations to examine
risk of rupture due to the contribution stresses and vessel tissue deformation.
Advanced numerical tools that were developed and employed to study the
conditions present in pathological blood vessels and in flows through prosthetic
heart valves PHV are presented. These studies tackle highly complex
cardiovascular disease processes using sophisticated engineering tools, adding
to our understanding of biomechanical problems characterized by the interaction
of blood flow with cardiovascular devices and pathological vessel geometries.
This can aid optimizing the design of future cardiovascular devices and to
augment clinical diagnostics of cardiovascular pathologies.
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Introduction
Cardiovascular diseases are one of the leading causes of death in the
industrialized world. These diseases can be broadly categorized into pathological
flow conditions affecting blood and others affecting pathological blood vessel
geometries, with strong interplay between the blood and vessel geometry.
The studies presented in the dissertation focus on blood flow in the aortic
heart valve, coronary artery and the abdominal aorta. Numerical simulation tools
were used to explore pathological flow conditions present in prosthetic heart
valve and the interaction of blood flow with pathological vessel components in the
coronary artery and abdominal aorta.
Numerical simulations of pathologic blood flow through mechanical heart
valve were designed to study the resulting platelet stress damage. These studies
employed highly resolved computational domains to simulate conditions in
mechanical heart valves. Stresses experienced by large population of platelets
were used in evaluating valve performance. Platelet stress damage on individual
platelets due their repeated passage through the valve geometry was also
calculated.
Fluid structure interaction simulations were used to study the risk of
rupture from the contribution of flow to vessel tissue deformation and stresses.
These studies were conducted to assess the rupture risk of vulnerable plaques
and abdominal aortic aneurysms. These incorporated anisotropic vessel tissue
properties, calcification and intraluminal thrombus in patient specific geometries
extracted from clinical imaging modalities.
Cardiovascular pathologies that are driven by pathological blood flow
conditions were addressed in the dissertation according to the following specific
aims, addressed in subsections A and B of section III:
Specific Aim: Development of numerical model to quantify flow induced platelet
damage, based on the results of numerical simulation.
Specific Aim: Numerical modeling of vulnerable plaque and abdominal aortic
aneurysms in order to assess their risk of rupture.
1

The tools used and developed for these studies can aid in optimizing the
design of future cardiovascular devices and to augment clinical diagnostics of
cardiovascular pathologies.

2

I. Background and Significance
A. Mechanical heart valves (MHV)
Mechanical heart valve implants are one of the options used to treat
complications caused by heart valve diseases. These diseases result in
pathologic blood pressure and flow rates. These pathologic flow conditions, if not
treated, can lead to further complications and death. Some of these diseases that
require mechanical heart valve implants are aortic stenosis, aortic insufficiency,
drug-induced valve disease and aortic valve sclerosis [1-2].
In severe cases, mechanical heart valves are used to treat these
conditions. About 100,000 patients in the US receive mechanical heart valves
(MHV) per year [3]. Since their introduction in the 1950s, MHV models have gone
through many design changes. The first implanted prosthetic valve was a ball
and cage design developed in 1951 which was placed in descending aorta of
patients with aortic insufficiency [4]. Following the ball and cage design, other
valves were developed to overcome its limitations. These limitations tend to
distort the dimensions of the ball, critical valve component, reducing valve
performance [5]. These efforts led to the development of nontilting disk valves
(1962 – 1973), tilting Disk valves (1963 – 1977), bileaflet valves (1963 – 1976),
tissue and polymeric valves (1960s) [4, 6].
As mentioned earlier, the limitations of the ball and cage design were one
of the motivations that led to the search for alternative heart valve designs.
Materials used in the ball and cage valve were susceptible to ball damage,
cracks and to being “imbibed/filled” lipid resulting in dimensional distortions [4].
Later valve designs attempted to address these problems by modifying valve
configurations and through the utilization of biocompatible materials [7]. Pyrolite
carbon, standard material used in constructing MHVs from 1969 onward, was
originally developed as a seal on nuclear fuel rods in the 1960s. It is composed
of carbon and various ceramics which provides the hardness and biocompatibility
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found suitable for MHVs [4-5]. Even with these improvements some problems
first encountered in the ball and cage design still persist.
Main problem associated with mechanical heart valves is their
thrombogenicity. By utilizing biocompatible materials and geometry optimized for
hemodynamic performance, current generation of mechanical heart valves are
great improvement over their predecessors [5, 8]. However, elevated risk of
thrombogenic potential is still the major persistent problem in mechanical heart
valves [9]. To overcome this problem, patients receiving mechanical heart valve
implants are placed on lifelong anticoagulant medication. While this regimen
does not eliminate the risk of thrombogenic complications, it results in increased
risk of uncontrolled bleeding [1, 10].
This thrombogenic complication is due to the action of activated platelets
that initiate the clot formation process as the result of flow conditions through
MHV. Although the focus of this work is platelet activation due to mechanical
stresses, biochemical factors are also known to result in platelet activation [11].
From constant stress experiments, the relation between stress and exposure
time that results in hemolysis and in platelet activation has been well established
and is referred to as the Hellums criterion [12]. However, under physiological flow
conditions including flow through MHVs, platelets are exposed to varying stress
levels and prediction based on constant shear stress assumption may not be
applicable [13-14]. For blood flow MHV, the contribution of the Reynolds
averaged turbulent stresses, based on the fluctuating component of velocity, may
become significant in platelet activation and aggregation [15]. In addition to
turbulence, repeated passage through the valve expose blood constituents to
cyclic loading which may result in additional cell damage that will precipitate
activation [16-17].
The blood coagulation process involves platelet activation and can be
initiated by various mechanical or chemical factors. In the case of blood flow
through MHV, the non–physiologic flow conditions have been shown to be
responsible in activating platelets in the absence of chemical agonists [18].
These non–physiologic flow conditions that can result in platelet activation
4

include adverse pressure gradients, flow separation, and vortex formation known
to be present in pathologic flow conditions [19].
When platelets experience these flow conditions, they activate and
change their morphology to extend pseudopodia [20]. After activation, they start
adhering to surfaces and aggregate promoted by agonists secreted from their α–
granules [21-22] and by fibrinogen that binds to the platelet surface via GPIIb/IIIa
[23]. Thrombin is generated when factor Xa is combined with cofactor Va on the
surfaces of activated platelets expressing anionic phospholipids [24]. The
resulting prothrombinase complex cleaves the soluble fibrinogen into insoluble
fibrin- the clot material that may lead to thromboembolic complications.
Various components involved in platelet activation and their participation
in thrombus formation process are described above. This process of platelet
activation can be initiated by stresses generated by flow through MHVs.
Measured turbulent stresses in MHV leakage flow [25] indicated that turbulent
eddies have similar dimensions as platelets which can result in platelet activation
[26]. Platelets activate at shear stress value of 100–300 dyn/cm2 [27-28]. These
flow patterns can stimulate the coagulation cascade and initiate thrombosis [11,
25, 29]. Activated platelets with long residence time in these flow regions may
aggregate, leading to free emboli formation [29].
The previous paragraph shows flow stresses contribute to platelet
activation. However, the level of stress that may lead to platelet activation has
not been settled. Because measuring the stresses experienced by an individual
platelet within a bulk flow conditions is a challenging task. In this work, the flow
results from the numerical simulations are used to determine the experiences of
individual platelets that transverse the different regions of the valve.
3D simulations show the effects of transient flow past MHV and the wake
dynamics [30-33]. However, these simulations use laminar flow assumption
which negates the presence of turbulence and its contribution thrombogenic
potential of MHV. Consideration of turbulent stresses is essential because these
may exceed laminar stresses at certain phases of the cardiac waveform and are
critical in activating the hemostatic system [13].
5

Over the years numerical simulations have been used in several
investigations to understand the various features of flow through mechanical
heart valves. The earliest studies were conducted in 2D ideal MHV geometries.
With advances in computational power and algorithms, consideration of realistic
3D MHV geometries with moving boundary conditions is now possible. Current
numerical studies are performed on valves in realistic aortic root geometry as
well as in experimental test geometries. As mentioned earlier, flow in MHV is
dynamic

involving

various

complex

phenomenon

including

intermittent

turbulence. In addition to incorporating geometrical intricacies of the valve,
calculations have been conducted using laminar and Reynolds averaged
turbulence model descriptions of the flow. Valvular flows are dominated by
intermittent turbulence in the transition range rendering most turbulence models
(which are based on isotropic turbulence assumption) incapable of describing the
flow [34]. Continuing advances in computational power and algorithm have made
it possible to perform large eddy simulations that capture the larger turbulent
eddies and direct numerical simulation (DNS) attempting to capture the smallest
turbulence eddies. Current studies focus their attention on DNS of the valve
region trying to capture the small scale flow near the valve geometry, while other
studies model the rotational motion of the leaflet during cardiac cycle [35-36].
During the cardiac cycle, these valves open and close requiring moving
boundaries for complete numerical representation. This requires innovative ways
to account for leaflet motion, the moving part of the valve, throughout the cycle.
Investigators have used overset mesh [37-38] (interpolating between mesh
attached to the leaflet and background mesh for the valve geometry), level set
method [39] (fixed mesh with scheme to capture the evolving leaflet-fluid
interface), and body fitted mesh requiring incremental remeshing dictated by
leaflet motion [35, 40-41]. All of the above techniques can be uncoupled or
coupled FSI simulations. Coupling relates to the ability of the leaflet motion, the
solid structure, to influence the fluid flow that caused its motion [35, 40, 42]. Pregenerating intermediate leaflet positions has also been used [43].
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From these studies clearer picture of the flow conditions present in the
valve throughout the cardiac cycle has emerged. For the forward flow phase of
bileaflet valves, three main jets and complex vortices were observed downstream
of the leaflet [33, 37, 44-45]. During the regurgitant flow phase, jet flows at the
various gaps (valve-housing and b-datum gap) were observed [25, 46]. In the
case of flow through bileaflet valves, three main jets were observed [19, 33, 44].
In addition to flow conditions, the corresponding leaflet motion is shown to have
flutter when leaflet are fully open and experiences slight rebound during closing
[43, 47-48]. These results into the flow conditions and leaflet motion have been
correlated with numerous experimental observations [19, 35, 49-50].
Numerical studies of flow through MHV can be used to quantify the
amount of flow induced blood damage. As presented earlier, no-physiologic flow
stresses are present in MHV flows which can induce damage on blood
components. These works can be divided into two, quantifying the stresses
experienced by red blood cells (RBC) and platelets, quantifying platelet damage
that may lead to RBC and platelet damage. Stress accumulation studies used
linear and power law product of stress and exposure time to determine platelet
stress accumulation [16]. Estimation of platelet damage is the focus of this work
which attempts to relate the stresses and exposure time to the resulting platelet
damage.
In addition to numerical simulations of flow through MHV, there have been
various mathematical models to describe damage to blood components. Many
investigators have looked into Red Blood Cells (RBC) damage (hemolysis) as
compared to the focus of this work which is platelet damage (activation).
Mathematical correlations were developed between hemoglobin release due to
hemolysis, shear stress and exposure time [51-52]. Based on percent release of
dehydrogenase (LDH), similar models were also developed for platelet activation
[51]. These models satisfy certain experimental observations have been shown
to underestimate cell damage [52-53].
In physiological flow conditions, blood is exposed to varying stress levels
which differ from these ideal cases of constant stress [52-53]. The magnitude
7

stress accumulation, the combined effect of the fluctuating stresses present in
physiological flows and exposure time, which results in platelet activation is not
known. In addition, platelet activation needs to consider the role of turbulence
that may be significant in blood flows through devices [54]. Additional parameter
that needs to be considered is the contribution of repeated passes that may
result in platelet damage [34, 55].

B. Vulnerable Plaques (VP) and Abdominal Aortic Aneurysms
(AAA)
Atherosclerotic cardiovascular diseases are major cause of death in
developed countries resulting in half million deaths per year in the US alone [5661]. Atherosclerotic lesions may develop in different parts of the arterial network.
These lesions are deposits of fat and cellular debris below the intimal layer of the
blood vessel which may result in constricting blood flow through the vessel. In the
cases that are considered below, the lesions may rupture to release their content
into blood stream (in VP) to cause stroke or the vessel wall may fail resulting in
blood loss (in AAA).
Vulnerable plaque. One of the blood vessels susceptible to the development of
atherosclerotic lesions is the coronary artery. These lesions contain fat and
cellular debris below the intimal layer which may rupture releasing the content
into the blood stream resulting in clot that may lead to stroke and even death.
Plaques with less than 70% constriction do not present symptoms but make up
90% of the ruptured plaques that result in death [62]. These are vulnerable
plaques which are at higher risk of rupture, mildly restricted vessels with larger
necrotic core and greater concentration of macrophages [59, 62-72].
The initiation and development of atherosclerotic lesions is related to
endothelial dysfunction. Participating chemical factors involved in this process
include, smoking, high blood concentration of low density lipoproteins (LDL) and
diabetes. Mechanical factors, that disrupt blood flow conditions, indicate sites
susceptible to the development of atherosclerotic lesions [73]. These sites are
near the arterial branch points of the carotid artery sinus, coronary artery,
8

abdominal aorta and superficial femoral arteries [74-75]. Of these numerous sites
susceptible to the development of atherosclerotic lesions, this document will
concentrate in numerical study of the conditions present in the coronary artery
and abdominal aorta.
In coronary artery favorable chemical and mechanical factors initiate
endothelial dysfunction which results in the permeability of endothelium to
lipoproteins, leukocytes, and other inflammatory mediators [71-72, 76-79].
Activated endothelial cells also recruit monocytes and T lymphocytes to the
vessel wall [80]. T lymphocytes and lipoproteins migrate from blood to within the
intima stimulate the expression of monocyte receptors for absorbing oxidized
lipoproteins [77-79, 81]. After absorbing modified lipoproteins, macrophages
transform into lipid–filled foam cells [81].
Endothelial dysfunction also initiates smooth muscle cell (SMC)
proliferation in the intima and extracellular matrix remodeling [73, 77-79, 81-84].
Chemotactic and growth factors promote SMC migration and proliferation and
result in increased leukocyte recruitment [85-86]. Cytokines and growth factors
promote the formation of fibrous cap, composed of SMCs and collagen matrix to
encapsulate a lipid core [87].
The lipid core (plaque) is a collection of extracellular lipid pools,
inflammatory cells, SMCs, and connective tissue elements [88]. This region,
found below the endothelium, contains crystalline cholesterol and cholesterol
esters, phospholipids, collagen and cellular debris [85-86, 89-90]. It is rich with
thrombogenic factors that can initiate both intrinsic and extrinsic platelet
coagulation pathways [91]. Necrotic region can also contain osteocytes, bone
cells, which can result in the calcification of atherosclerotic plaque cap.
Deposition of macromolecules, proliferation of SMC and lipid core
changes the blood vessel geometry altering the flow conditions and the fluid
shear stress experienced by the endothelium. One function of the endothelium is
to maintain shear stress in the acceptable physiologic range (10-70 dynes/cm2)
[75, 92]. This is done by constricting or dilating vessel diameter to accommodate
short–term shear stress changes [75]. If the change persists, the vessel wall
9

undergoes permanent positive or negative remodeling. Positive remodeling
attempts to reduce the shear stress by increasing blood flow cross–sectional
area, while negative remodeling constricts the vessel to increase shear stress
[61, 63, 81, 93].
Vulnerable

plaque

patients

are

typically

asymptomatic

and

the

composition of the plaque plays a role in the vulnerability of the vessel. The
weakened state of the vessel in combination of pathologic remodeling and cyclic
strain can result in rupture [68]. Risk of rupture assessment can be made using
numerical simulation describing vulnerable plaque with detailed material and
geometrical description of the pathologic vessel wall composition and flow
conditions.
In particular the role of vessel wall components and composition that
needs further investigation is the role of calcifications and anisotropy of the
vessel wall. Vulnerable plaques are known to contain calcification but their role is
still not well understood. Simulations have shown larger calcification to contribute
to plaque stability [60, 94-95]. However, other studies have shown correlation
between presence of calcification and increased rupture risk. While real vessel
tissue is anisotropic material giving it preferred direction of stretch, most of these
studies employed isotropic materials [96-97].
Mathematical models have been used over the years by various
investigators to determine the risk of rupture, mechanical failure of the coronary
artery, due to this disease condition. These studies of vulnerable plaques
attempted to identify regions of high stress that may be susceptible to rupture.
Rupture is predicted to occur at sites where the stresses are higher than vessel
wall material yield strength [98-100].
Vulnerable plaque rupture is a complex problem involving the interaction
of pathologic blood flow with vessel wall deformations. Plaque rupture is due to
the stresses produced in the vessel wall from the combination of shear and
hydrostatic stresses imparted from blood. To generate deformation in the vessel
wall, investigators initially used constant and cyclic pressurization [68, 101-102].
These were presided by uncoupled and coupled fluid structure interaction (FSI)
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simulations.

Coupled FSI simulations relate fluid flow with solid deformation

which feedback to influence fluid flow. Current FSI simulations use physiologic
boundary conditions including cardiac waveform describing blood flow and
pressure, cyclic vessel bending [103].
Blood vessel has multicomponent construction with material property
specific to each component. Pathologic vessel conditions result in altered wall
composition with weakened vessel wall and the presence of ILT and
calcifications. Simulations into evaluate risk of rupture need to consider the
contribution of these components. Most of the simulations conducted in 2D
geometries contain various layers of the vessel wall and lipid core [55, 113].
Additional material properties can be found from numerical studies performed in
3D geometries describing the vessel components [49, 114, 115].
From these studies, regions of high stress that may be susceptible to
plaque rupture, regions of fluctuating wall shear stress and recirculation zones
were observed.
Abdominal Aortic Aneurysms. In the abdominal aorta, atherosclerosis is one of
the many factors involved in the initiation and development of AAA. Rather than a
single cause initiating AAA disease process it results from combination of
various factors including atherosclerosis, infections, genetic disposition, smoking,
and hemodynamic flow conditions [104-114].
Varying degrees of AAA is present in 9% of humans over the age of 65
[115]. In the developed countries, it is the 10th cause of death of white men over
65 and a burden on the health care system [116-117]. It is the 13th cause of
death in the US in which 65% of the patients die of AAA rupture complications
[116].
If conditions favorable to the development AAA are present, the disease
process results in dilation and permanent remodeling of the abdominal aortic
wall. These changes are mainly due to connective tissue degradation of the
vessel wall. This destructive remodeling of elastic media results in the depletion
of medial smooth muscle cells, destruction of elastin and collagen. The

11

destruction of these members weakens the elastic property of the vessel wall and
may contribute to AAA rupture [118-119].
As stated earlier, atherosclerosis, infections, genetic disposition, smoking,
and hemodynamic flow conditions are responsible for the initiation of AAA [104114]. In addition to those listed above, inflammation and age are known to be
involved [109, 114]. Inflammation, one of the factors marking the initiation of AAA
disease process, can result from mechanical and biochemical factors.
Transmural inflammation leads to destructive remodeling of the elastic media and
the depletion of medial smooth muscle cells (SMCs) [120-121]. The development
of this disease results in reduced smooth muscle cell density of the abdominal
aorta [122]. Age is another factor involved in the initiation of AAA in which age
related degradation of elastin and collagen reduces aortic wall tensile strength
[123]. Fragmentation of the elastic fibers continues throughout the time of the
aneurysm growth until rupture [124-125].
Smooth muscle cells from the media and fibroblasts from adventitia, with
inflammatory cells from blood, add to the continued degradation elastin and
collagen components of the vessel [118-119, 126]. Degradation of structural
media proteins leading to aneurysmal dilation is facilitated by matrix proteases
(MMP 2 and MMP 9) [127-129].
Prior to rupture, AAA patients rarely exhibit symptoms. Physicians are
alerted to the presence of AAA during diagnosis of high risk patients or in the
rare cases when AAA related symptoms are present. Risk factors for the
development of AAA were presented earlier. In some cases the presence of AAA
may present symptoms of back or abdominal pain as a result of pressure on
surrounding tissues.
The anterolateral and posterolateral side are the main locations of AAA
susceptible to rupture. Rupture in the anterolateral side, facing away from the
spine, is fatal about 97% of the time. Rupture in the posterolateral side, facing
the spine, has lower mortality by offering temporary reseal preventing major
blood loss due to initial rupture but may soon be followed by larger rupture [130].
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Current treatment techniques for AAA are focused in the prevention
rupture, the mechanical failure of the abdominal aorta. Treatment for AAA
patients may require surgical intervention in form of open surgery or using
endovascular techniques. Open surgery in which vascular graft, knitted synthetic
textile sealed with collagen or albumin, is placed inside the distended wall,
providing structural support, may be preferred for younger patients at low
operative risk [131]. Endovascular technique is developed to provide less
traumatic alternative open surgery in which vascular graft is placed across the
aneurysm using stents to fix it to the normal aortic and iliac walls.
The size of the aneurysm (5.5 cm in men and 5 cm in women) and growth
rate greater than 1cm/year are the criterion used to justify surgical intervention.
Fitness of the patient to survive surgery is another determinant due to the
associated risk of complications that may not be well tolerated by some patients.
Physicians place small aneurysm (4.0–5.5 cm) patients on regular scans to see
growth rate and size to warrant intervention. However, small diameter aneurysms
can and do rupture [132-134]. About 10–24% of the ruptured aneurysms are
about 5 cm in maximum diameter [105, 134]. Female patients with smaller
aneurysms (<5.5 cm) are at higher risk of rupture than men [135-136].
In

the

atherosclerotic

cardiovascular

diseases

described

above,

mechanical failure in the form of vessel wall rupture is the final stage. Vulnerable
plaque patients are typically asymptomatic and the composition of the plaque
plays a role in the vulnerability of the vessel. Physicians intervene in AAA
patients at high risk of rupture based on their aortic vessel diameter.
Vessels at higher risk of rupture may be identified from the numerical
simulation results. This may aid physicians in estimating risk and to identify
patients that may benefit from intervention. It is able to identify the contribution of
the various components of vessel wall and regions of high stress that may
rupture. These numerical models need to incorporate patient specific geometries
and realistic material properties. The interaction between blood and the vessel
wall need to be considered to account for the generated stresses that result from
flow and pressure.
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Numerical models have been used in the past by various investigators to
determine risk of rupture, the mechanical failure, of abdominal aorta. Rupture is
occurs at locations of high stress where the stresses exceed the vessel wall
material strength [99-100]. Past AAA numerical studies attempted to identify
these regions that may be susceptible to rupture based on ideal or patient
specific 3D geometries using single material representation of the aortic wall
[137-139]. Other studies include the intraluminal thrombus (ILT) as additional
component of the aortic wall. Most of these AAA simulations are fluid structure
interaction (FSI) studies using physiological waveforms. AAA tissue is anisotropic
material that contains calcifications, which are not considered in most numerical
studies.
Patient specific geometries of ruptured AAAs were used to identify rupture
location from numerical simulation results [140]. Other investigators used
numerical simulation coupled with patient specific data to develop rupture
potential index (RPI) [99]. The abdominal aorta, similar to other aortic vessels, is
constructed from anisotropic multi layered material and in pathologic condition
under consideration; ILT and calcifications are additionally present. Ultimately
numerical tools are used to determine the stresses present in the vessel wall
closely related to blood flow conditions. For this reason various studies have
used FSI methodology in their studies. Simulations using coupled or uncoupled
solver formulations describing the relation between vessel deformation and the
flow conditions have been used in these FSI studies.

II. Research Design and Methods
A. MHV simulations
Flow through mechanical heart valve is complex problem that requires
three

dimensional

considerations

for

satisfactory

description.

In

these

geometries, symmetry plane along the flow axis is present. However twodimensional description is not sufficient because flow near the hinge region is
markedly different from the conditions in the mid plane. Employing the symmetry
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plane to consider the problem based on half domain of valve geometry is also not
appropriate because turbulence, present in some flow phases, is random
phenomenon affected by symmetry boundary conditions [38].
For these reasons, most of the work presented is based on simulations
conducted in 3D geometries. Flow through MHV combines characteristics of
internal pipe flow with flow around immersed plate conducive for flow separations
and generation various vortex structures in the vicinity of the valve. Aortic root
and section ventricle wall included in the numerical geometry can be considered
pipe wall with leaflet as immersed plates. To reduce the influence of the imposed
boundary conditions affecting near valve flow conditions, sufficient entrance and
exit lengths (~10 diameters) were provided.
Laminar and turbulent flow assumptions were used to simulate flow
through MHVs. Turbulent simulations were conducted using two equation k-ω
turbulence model. This model was well suited for intermittent turbulence present
at low Re values. Fluid was considered two-phase fluid with fluid carrier phase
and dispersed spherical solid particles representing platelets [44]. Blood can
exhibit non-Newtonian behavior at low strain rates which was also considered in
some of these simulations.
Blood properties at 37°C with a density of ρ = 1.056 g/cm3 and dynamic
viscosity of µ = 0.035 g/cm–s were used. For non-Newtonian studies, the
following strain dependent viscosity description in Equation (1) where it can be
approximated to have µ = 3.5 cPoise at elevated shear levels (∂U/∂y > 100s-1)
was used.
( B −1)

⎛ ∂U ⎞
⎟⎟
µ = A⎜⎜
+C
⎝ ∂y ⎠
A = 2.6314 × 10− 2 , B = 0.47234, C = 3.117316 × 10− 3

(1)

This is a time dependent problem with inlet velocity corresponding to
cardiac waveform. Valve leaflet open and close depending on the pressure
gradients at the different phases of the cycle. However for these studies, the
deceleration phase to about 300ms from peak systole was considered before the
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onset of leaflet motion. At the outlet, downstream of the leaflet, zero gauge
pressure boundary condition was used.
Particles, representing platelets, were injected upstream of the leaflet and
moved in response to the flow conditions experienced by each individual platelet.
To account for the influence of turbulence on particle trajectory, random
fluctuations were included computing particle paths [141].
GAMBIT (ANSYS, Inc.) was used for constructing MHV geometry and
mesh generation. FIDAP (ANSYS, Inc.), finite element solver, was used in some
of the earlier simulations. Fluent (ANSYS, Inc.), finite volume solver was used in
the rest of the simulations. The following are equations used to simulate twophase fluid flow through the MHV geometries. Equations for describing fluid flow,
turbulence, two-phase flow, stress and damage accumulation calculations are
presented.
Conservation of mass (Continuity)

∂ρ
+ div ρ V = 0
∂t

(2)

Blood is an incompressible fluid and thus the above general equation is
rewritten as the following.

div V = 0

(3)

Conservation of Momentum (Navier–Stokes equations)

ρ

∂
DV
= ρ g − ∇p +
∂j
Dt

⎡ ⎛ ∂v ∂v j ⎞
⎤
⎢ µ ⎜⎜ i +
⎟⎟ + δ ij λ div V ⎥ + F
⎢⎣ ⎝ ∂x j ∂xi ⎠
⎥⎦

(4)

Gravity and other body forces were neglected. So the above can be
rewritten in the following form.
⎛ ∂v ∂v j ⎞
DV
= −∇p + ∇µ ( ∇V ) = −∇p + ∇τ ij′ , where τ ij′ = ⎜ i +
⎜ ∂x j ∂xi ⎟⎟
Dt
⎝
⎠
ρ = density, V = velocity vector, µ = viscosity,
p = pressure, τ ′ = stress tensor, v = velocity

ρ

(5)

Reynolds average formulation. The presence of turbulence accounted for
using Reynolds average formulation of N-S equations. Vector and scalar
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quantities in these equations and were decomposed into mean and fluctuating
terms, as shown in Equation (6).

ui = ui + ui′

(6)

The Reynolds average formulation results in generating additional terms in
the momentum equations. After inclusion of turbulence, turbulent stresses terms
are present in the momentum equations.

ρ

⎛ ∂v ∂v ⎞
DV
= −∇p + ∇τ ij , where τ ij = ⎜ i + j ⎟+ ρ ui′ u′j
⎜ ∂x j ∂xi ⎟ Turbulent
Dt
⎝
⎠

(7)

Laminar

The presence of the turbulent stress terms in Navier–Stokes equations
results in closure problem, more unknowns than the available number of
equations. There are various techniques to tackle this closure problem from zero
equation turbulent models to LES [142-143]. In these studies two-equation
Wilcox k–ω turbulent model Equation (8) is used for its ability to handle
intermittent turbulent flows present in MHV flows [144]. The two additional
equations presented below in Equations (9) and (10) are for turbulent kinetic
energy, k, and the specific dissipation rate, ω, Boussinesq hypothesis Equation
(14) [142-143].
Wilcox k–ω turbulent model

⎛ ∂vi ∂v j ⎞ 2 ⎛
∂u ⎞
ρk
+
+ ρ k + µt k ⎟ δ ij , where µt = α *
⎜ ∂x j ∂xi ⎟⎟ 3 ⎜
ω
∂xk ⎠
⎝
⎝
⎠

ρ ui′ u′j = µt ⎜

(8)

∂
∂
∂ ⎛
∂k
( ρ k ) + ( ρ kui ) = ⎜⎜ Γ k ρ
∂t
∂xi
∂xi ⎝
∂x j

⎞
⎟⎟ + Gk − Yk + S k
⎠

(9)

∂
∂
∂ ⎛
∂k
( ρω ) + ( ρωui ) = ⎜⎜ Γω ρ
∂t
∂xi
∂xi ⎝
∂x j

⎞
⎟⎟ + Gω − Yω + Sω
⎠

(10)

Two–phase fluid flow. The following formulation in Equation (11) describes
platelet motion and the interaction between fluid and solid phases. It was
assumed that platelets are spherical particles with diameter of 6µm.
du p
dt

= FD ( u − u p ) +

gx ( ρ p − ρ )

ρp

+ Fx , momentum for particles
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(11)

where: FD =

ρd p up − u
18µ CD Re
and Re =
2
ρ pd p 24
µ

(12)

Stress calculation. For specific particle paths, values of viscosity, turbulent
viscosity, turbulent kinetic energy and components of mean velocity gradient
were extracted from the flow results. These values were used to calculate the
stress tensor with the corresponding exposure time to obtain the amount of
stress accumulation along a particular path line. Components of the stress tensor
were condensed into a scalar stress value based on the formulation presented
below [34]. Stress accumulation was calculated for selected particle paths from
the values the mean flow and turbulent stresses. For the turbulent stresses,
Boussinesq approximation, described in Equation (14) was used.

⎛ ∂vi ∂v j ⎞
+
+ ρ ui′ u ′j
⎜ ∂x j ∂xi ⎟⎟ Turbulent
⎝
⎠

τ ij = ⎜

(13)

Laminar

⎛ ∂vi

τ ij = ⎜
⎜

⎝ ∂x j

+

⎛ ∂v ∂v j ⎞
∂v j ⎞ 2
⎟⎟− ρ kδ ij − µt ⎜⎜ i +
⎟⎟
∂xi ⎠ 3
⎝ ∂x j ∂xi ⎠

(14)

Laminar

σ=

1
3

2
τ 112 + τ 222 + τ 332 −τ 11τ 22 −τ 11τ 33 −τ 22τ 33 + (τ 12
+τ 223 +τ 213)

(15)

Linear product of stress and exposure time in the form outlined in
Equation (16) was used in some of the studies.
tmax

∑σ
i = t0

i

× ∆t

(16)

In addition to the above stress accumulation formulation used until section
A.4. Formulation which includes the stress rate was used for analyzing results in
section A.5.
texp

SA = σ × texp =

∫

t0

texp

σ ( t )dt +

∫

N

N

i =1

i =1

t σ ( t )dt ≈ ∑ σ i × ∆t + ∑ ti × σ i − σ i −1

t0

(17)

Boundary conditions. Physiological cardiac velocity waveform was applied
at the inlet. The simulation was conducted for the deceleration phase of the
cardiac cycle until 300ms from peak systole [29]. No–slip boundary condition was
18

imposed at all solid boundaries which includes the vessel walls and the leaflet
surfaces. At the outlet, zero gauge pressure was imposed.
Stress accumulation distribution (Bulk measure of stress accumulation).
Stress accumulation for each platelet calculated using Equations (16) or (17).
The final stress accumulation value of each platelet was used to construct the
stress accumulation distribution specific to a valve geometry. Differences in
stress accumulation distribution were used to compare different valve
geometries.
Damage accumulation. The relation between stress, exposure time, and
platelet damage can be described in a damage rate equation. In this formulation,
the damage has values between 0 and 1 [145].

⎛ σ (t ) ⎞
1
D ( t ) = ⎜
⎟
k
⎝ σ 0 ⎠ ⎡⎣1 − D ( t ) ⎤⎦

(18)

⎛ σ (t ) ⎞
dt
D ( t ) = D ( t0 ) + ∫ ⎜
⎟
k
t0
⎝ σ 0 ⎠ ⎡⎣1 − D ( t ) ⎤⎦

(19)

r

r

t

The above transcendental equation requires prior knowledge of the stress
and damage accumulation behavior to determine the relation between stress and
platelet damage. The stress values are obtained from numerical simulation and
vary in time and location for each individual platelet.
Model constants, k and r, were adjusted to give desired behavior of
damage rate equation that will produce appropriate damage accumulation
behavior. Platelet damage accumulation model needs to capture platelet damage
behavior observed in experiment, which is comprised of initial lag, constant
accumulation, and refractory phases of tapering off approaching full activation.
For this behavior k needs have negative value while there is less restriction
imposed on the model constant r [44]. The discretized form of the damage
accumulation model used in this work is presented below.

⎛ σ ( ti ) ⎞
∆t
D ( t ) = D ( ti −1 ) + ⎜
, i = 1, 2, ..., max
⎟
k
⎝ σ 0 ⎠ ⎣⎡1 − D ( ti −1 ) ⎦⎤
r
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(20)

Damage accumulation behavior for ideal cases where the stress is
monotonously increasing, decreasing or is kept constant is given in Figure 1.
These plots show platelets with initial damage (D0) of 0 and 0.5. In these plots
the k and r values of the damage accumulation function were fixed at -1 and 5
respectively. In this methodology it was assumed platelets to have “perfect
memory”, meaning that damage is additive and there is no recovery process.

A

B

C
Figure 1 Damage accumulation from stress that is monotonously increasing (A),
decreasing (B) and constant (C) [44]
Damage model described in Equation (20) was designed to quantify
platelet damage due to mechanical stresses generated by fluid flow. As
mentioned in the background, platelet activation can be initiated through
biochemical or mechanical stimuli. The focus of this work is platelet activation
due to flow stresses. Figure 2 shows platelet activation resulting in shape change
due to flow stresses [146]. This releases various factors from the platelet that
convert prothrombin into thrombin [147]. Thrombin in turn converts soluble
fibrignen into fibrin, clot material [148]. It also feeds back to activate additional
platelet [148]. The platelet coagulation cascade, describing these steps of
activation and aggregation is outlined in Figure 2.
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Figure 2 part of the platelet coagulation cascade
Damage model described in this section, does not include mechanism to
account for change platelet morphology that occurs during activation. It also
lacks mechanism to account for platelet aggregation that follows activation.
Future improvements to the damage model will incorporate these features.
Incorporating these steps of the coagulation cascade into the damage
model requires user defined subroutines for computing damage accumulation for
each platelet at each time point of the simulation. Additional user defined
subroutines can account for platelet activation which results in shape change
thus changing particle drag coefficient and diameter in Equation (12) ultimately
leading to aggregation, by writing subroutine to describe particle-particle
interaction.
This damage model predicts platelet specific damage based on the
conditions along each particle trajectory. The number of particles simulating
platelets was at much lower concentration than physiologic concentration. In
whole blood platelet concentration is 2×105 platelets/µL [149], which would mean
about 1.6×1010 platelets in the numerical geometries. The numerical solver
allows up to 12% of the volume (about 5×1011 particles) to be taken up by
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discrete particles, which is more than required to represent physiologic platelet
concentration. However due to our limited computational resources, maximum
number of particles seeded in the simulations could not exceed 4×105.
To overcome this limitation, bootstrapping approach was used to increase
platelet population during post processing. This is data resampling scheme used
to test the predictions based on small seeded particle population can
extrapolated to conditions present in physiologic concentration. Both open source
software package (“R” package http://www.r-project.org/) from Bell Laboratories
and Matlab (The MathWorks, Inc.) were used for this scheme. The results
indicate population above 2×103 was sufficient to represent conditions in
physiologic MHV flows [150]. As mentioned earlier 4×105 particles were seeded
for these simulations.
This damage model includes the term (D0) to account for past platelet
damage. This term lumps damage due to platelet age and stresses experienced
in the past. Platelets stay about a week in normal circulation and new are
produced from progenitor megakaryocyte cells to replace old platelet [149]. With
age platelets lose their hemostatic effectiveness [151].
For this study, we assume platelet age in circulation to have normal
distribution, with few young and few old platelets. The model assumes older
platelet can be damaged to reach full activation, quicker than younger platelet for
same stress exposure, in line with experimental observation [152].
Information regarding platelet age can be incorporated into the current
damage model by assigning random values (between 0 and 1) for (D0). In section
A.2, value of 0 and 0.5 was assigned for particle trajectory that takes platelet
through same path during repeated passes. In addition to changing value of (D0),
random particle trajectory can be assigned during each repeated passes for
closer approximation of realistic particle pass over many cycles.

B. VP and AAA simulations
Risk of rupture analysis in vulnerable plaque and AAA requires
consideration of the conditions in the solid and fluid domains. This requires
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geometrical descriptions and the interaction between these domains. The
geometries can be either idealized, as in some of the VP and AAA studies that
will be presented, or constructed from patient specific medical images.
For patient specific geometries, lines delineating the various vessel
components identified from the medical images with consult and guidance of
physicians. These patient specific geometries were obtained with an approved
protocol of the Stony Brook University Institutional Review Boards (IRB)
Committees on Research Involving Human Subjects. Informed consent was
obtained retrospectively.
Spatial coordinates from these images were used to construct the
simulation geometries. Image reconstruction of patient specific AAA geometry is
described in the following section.
AAA image reconstruction. There are two routes taken to convert patient specific
CT scans to numerical geometries. The medical images were obtained either as
raw CT data or composed into 3D images (MMS Inc, NH, USA) which are used
by physicians to view the AAA, composition and measure dimensions of the
aneurysm.
For the raw CT images, Mimics (Materialise, Leuven, Belgium) was used
in image reconstruction tool were used and for the MMS composed images, in
house code used to convert to acceptable format. The MMS format contains
surface coordinate of the ILT, calcifications and blood flow domains in finite
element format.
Surface coordinates of the various components of AAA in these composite
images are in finite element mesh format. These coordinates were converted into
discretized geometry (GAMBIT and ADINA) using in–house C and Matlab codes
[153]. The AAA patient geometries created contain fluid and solid domains
consisting of healthy vessel tissue, ILT and calcification, part of the solid domain.
The AAA vessel wall was assigned a uniform 2mm thickness. In Figure 3 the
image reconstruction approach is presented.
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MR, CT data / IVUS imaging

Reconstruction tools

Current state-of-the-art approach

ImageJ, Insight SNAP, MMS

Grid Generation
Gambit, ADINA

Computational Fluid-Structure
Dynamics and Deformations
Commercial solvers (ADINA)

Quantitative analysis of pathological
AAA & VP
• Understanding of AAA & VP dynamics
• Predict causes of pathological conditions
• Estimate the risk of rupture

Figure 3 Image reconstruction flowchart
The vessel wall constituents considered in these studies include, the
healthy vessel tissue, intraluminal thrombus (ILT), calcification and lumen.
Constructing geometries containing every anatomical detail of these geometries
is challenging. For this reason, simplifications were made regarding the number
of calcifications, size and locations of ILT and small vessel branching from the
main geometry of interest. The focus of these simulations is evaluating the risk of
rupture and for this purpose the simulation is restricted regions in the vicinity of
the aneurysmal dilation.
Identical finite element formulation was used for solving coupled fluid flow
and solid deformations in VP and AAA. For the fluid domain, Newtonian fluid
properties were used to describe blood at 37°C with a density of ρ = 1.056 g/cm3
and dynamic viscosity of µ = 0.035 g/cm–s. The strain energy density function
used to describe the hyperelastic vessel wall material is presented in Equations
(24) - (26). Material property constants are presented in Table 1.
A commercial finite-element based software ADINA (ADINA R&D Inc.,
MA) was used for performing the FSI analysis. This tool strongly couples solid
deformations result from fluid stresses transmitted through the fluid–structure
interface. Due to this solid–fluid coupling, solid wall deformation in turn changes
the flow domain resulting in changing conditions in the flow field.

 + CU
 + KU = R
MU

(21)

M , C and K , represent mass, damping and stiffness matrices. R is the
 , U
 and U are the vectors of acceleration,
vector for externally applied loads. U
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velocity and displacement vectors of the structural domain. For the fluid domain,
the momentum and continuity equations are presented below.
∇⋅V = 0

(22)

⎛ ∂V
⎞
+ ( V − Vg ) ⋅∇V ⎟ + ∇p = µ∇ 2 V
⎝ ∂t
⎠

ρ⎜

(23)

V and Vg represent the fluid velocity and local grid velocity vectors used
for the Arbitrary Lagrangian Eulerian (ALE) moving mesh approach. Static
pressure p , time t , density ρ and viscosity µ are the other terms in the
momentum equation.
The strain energy density functions describing the anisotropic material
behavior of the vessel are shown below in Equations (24) - (26).

W = Wisotropic + Wanisotropic

(24)

Wisotropic = C1 ( I1 − 3) + C2 ( I 2 − 3) + D1e( I1 −3) − 1

(25)

I1 and I 2 are the first and second invariants of the Cauchy–Green
deformation tensor ( Cij = 2ε ij + δ ij , where ε ij and δ ij =Kronecker delta). C1 , C2 , D1
and C2 are material constants.

Wanisotropic =

{

}

k1
2
2
exp ⎡ k2 ( J 4 − 1) ⎤ + exp ⎡ k2 ( J 6 − 1) ⎤ − 2
⎣
⎦
⎣
⎦
2k 2

(26)

J 4 and J 6 are the forth and sixths invariants of the Cauchy–Green
deformation tensor. k1 and k2 are material constants. Anisotropic property arises
due to fiber orientation information contained within J 4 and J 6 invariants.
Orthotropic material was used to represent the vessel wall. This model
describes fiber-reinforced hyperelastic material to represent vessel wall and its
collagen component. Real vessel tissue has preferential stretch direction which
was approximated using the orthotropic material model. Formulation and model
constants for orthotropic vessel wall description are presented below.
Material
C1 [Pa] C3 [Pa] D1 [Pa]
D2
k1 [Pa]
k2
aao abo
Anisotropic
8,888 164,900 48.7
53.46
1,886
94.75 50 2650
Wall
Table 1 Material properties for the fibrous wall used in the FSI simulations
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Boundary and initial conditions. For these FSI simulations, appropriate boundary
condition is needed for both the solid and fluid domains. For the solid domain,
inlet and outlets are set to remain static for the case of AAA while the outlet may
have some restrictions for the case of VP. For the fluid domain, inlet velocity and
outlet pressure is applied. The geometry is pressurized to physiological pressure.
For some of the VP simulations, initial pre stretching is performed. The
interaction between the fluid and solid domains is through the stresses and
displacements at the common fluid-solid surfaces.
Wall strength and Rupture Potential Index. Clinical and geometric rapture
predictors were lamped to calculate local vessel wall strength.

(

)

Strength = 71.9 − 37.9 ILT1/ 2 − 0.81 −15.6( NORD − 2.46) − 21.3 HIST +19.3 SEX .

(27)

Where ILT is local ILT thickness in cm, NORD local diameter normalized to the
non-aneurysmal aortic diameter, estimated from the patient’s age and sex [154],
HIST is family history (½ with history, -½ without history) and SEX is patient’s
gender (½ male, - ½ female). Some of these parameters (family history, gender,
AAA size) were from patient specific medical data while others were measured
from the medical images.
Based on local stress values, rupture potential index (RPI) was calculated
as the ratio of local stress and local wall strength.

Local wall Stress obtained from FSI [ N / cm 2 ]
RPI =
Local wall Strength [ N / cm 2 ]

( 28)

III. Numerical studies of blood flow in cardiovascular
pathologies
Validation study of the numerical methodology – a case study
of platelet activation in stenotic coronary arteries
Numerical simulation techniques can be used to investigate pathological
flow problems that underlie cardiovascular diseases. These predictions from
numerical simulations need to be validated through flow visualization techniques.
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The aim of this validation study was to determine flow conditions in
idealized geometry of stenotic coronary artery and quantify the stresses platelet
experience in this geometry from simulation and visualization results. This was
performed by comparing the stress along similar particle trajectories extracted
from the simulation and visualization studies. Validation of the stress
accumulation and the corresponding platelet activation was done by comparing
against in-vitro platelet activation measurements.
Numerical simulation of flow through ideal eccentric stenosis 3D geometry
with 84% constriction was conducted [155]. Flow equations can accommodate
the presence of intermittent turbulence and spherical particles used to represent
platelets. The flow results were used to study platelet stress accumulation that
results from the presence of stenosis.
Results of computational fluid dynamics (CFD) simulations were
compared against Digital Particle Image Velocimetry (DPIV) and against Platelet
Activation State (PAS) measurements performed by others in our group. DPIV
and PAS studies were used to validate the capability of numerical simulation of
flow induced platelet stress accumulation.
Result Various cross sections showing the axial velocity vectors obtained
from the numerical simulations are presented in Figure 4. From these figures
parabolic profile upstream of the stenosis becoming fully developed turbulent jet
at the apex of the stenosis can be seen to relaminarize downstream of the
stenosis. Complex 3D trajectories presented in Figure 4 show the affect of
turbulence on platelet paths by stochastic particle tracking model representing
turbulent platelet trajectory. Platelets experience the highest stresses are at
location of maximum constriction and for short duration.
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Figure 4 Axial velocity vectors and trajectories for flow through stenosis [155]
Platelets trapped in recirculation zones experience longer durations of low
shear stress. Mid plane velocity vectors and shear rate contour maps are
presented in Figure 5 showing in blue the recirculation zone and in red
accelerated jet flow and regions of elevated stresses. Values of velocity range
between -0.20 to 2.00 m/s and shear rate values are between 0–7500 s-1. High
shear stress regions are near the wall and at the interface between recirculation
zone and the jet.
The difference in magnitude of the CFD and DPIV results is due to the
dimensional differences between the two. Keeping dynamic similarity enabled the
comparison of simulation results and experimental measurements. The DPIV
model was 5 times larger, resulting with velocity and shear rate values 5 and 25
times smaller.
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Figure 5 Velocity magnitude and shear rate contour maps comparing the CFD
and DPIV results [155]
Discussion This study shows the contribution of mechanical factors of
flow dynamics involved in platelet activation. Results of stress accumulation
along pertinent trajectories from numerical simulation were compared against
flow visualization and using PAS assay measurements in recirculation flow loop.
In this study, shed vortices and flow reattachment were observed in regions
similar to past numerical and experimental observations [156].
Both the CFD and DPIV measurements used similar trajectories to
calculate platelet activation level. This study demonstrates the viability of CFD to
use flow condition information to compute the resulting platelet activation in
complex 3D geometries. It also shows the advantages CFD over current
capabilities DPIV systems. CFD can provide much higher temporal resolution
than DPIV measurements which have resolution limited by the camera frame
rate.
Dynamic similarity was maintained between the geometries used in the
numerical and experimental studies. Rigidity of the model was one difference
between the numerical and experimental geometries. While compliant material
was used in the DPIV study, the CFD model was perfectly rigid. This produced
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negligible difference in flow conditions. The numerical study used non-Newtonian
fluid behaviors while Newtonian fluid was used for the DPIV. Non-Newtonian
behavior is known to dominate at low strain rates and is negligible in most flow
phases.
These studies are in line with previous studies which show stenosed
coronary arteries to cause significant platelet activation, depend on both shear
stress and exposure time [18]. While the CFD/DPIV considers single passages
through the stenosis geometries, the PAS recirculation results were conducted
over 30 min of repeated platelet exposure to the stenosed region. Even though
the recirculation results were based on repeated passage, the same trend
predicted by the CFD/DPIV was found in–vitro, in which the symmetric activated
more than eccentric stenosis geometry.
Numerical simulation of flow through idealized stenosis geometry was
used to validate the capability of numerical simulation to generate realistic
particle trajectories as seen in the DPIV measurements. Computed stress
accumulation values were correlated against PAS platelet studies. These
validation studies demonstrate the capability of numerical simulations to identify
individual platelet trajectories and compute the stress accumulation, which is
shown to correlate with platelet damage.
This platelet activation estimate can be used in the design of various
cardiovascular prosthetic devices, and/or studying pathological flow conditions
involving disturbed flows. Several approaches are available for combining
exposure time and shear stress which are used to estimate activation level of
formed elements in blood [16]. The development of platelet damage/activation
accumulation models which accounts for exposure time and shear stress will be
explored in section A.2. In the following section (A.1), stress exposure time and
the resulting platelet activation is used to compare two valve geometries.
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A. 2–D mono/bileaflet valves, 3–D bileaflet and development of
platelet damage model, stress accumulation distribution,
valve design optimization
To study the relation between geometry and flow stresses affecting platelets,
numerical simulations were conducted in geometries that generate pathologic
flow conditions. In these numerical studies, spherical particles were used to
represent platelets. Flow results were compared with flow visualization and In–
vitro platelet activation measurements.
The studies presented below are: (i) comparison platelet stress
accumulation in monoleaflet and bileaflet MHV geometries, (ii) platelet stress
accumulation and the development of a platelet damage model for flow through
3D MHV geometry (iii) development of stress accumulation distribution to
evaluate valve performance, and (iv) design optimization study based on stress
accumulation distribution.

A.1

Comparison of mono and bileaflet mechanical heart valves
Numerical simulations of blood flow through monoleaflet and bileaflet

MHVs were conducted to study the resulting flow induced platelet activation by
these valve geometries [157]. The valve geometries for the numerical simulations
were based on St. Jude bileaflet and monoleaflet valve from Bjork–Shiley. These
calculations were conducted in 2D valve geometries with non–Newtonian fluid
representing blood experiencing intermittent turbulence. Particles, representing
platelets, were seeded upstream of the leaflet in these geometries and relevant
values for stress accumulation calculation extracted. The results obtained from
the numerical predictions compared to experimental Platelet Activation State
(PAS) measurements performed by others for bileaflet and monoleaflet valves
[157].
Result Velocity vector field through the bileaflet MHV 198 ms after peak
systole (Figure 6) shows flow separation leading to decreased flow area between
leaflets resulting in stronger turbulent jets. The maximum velocity for this
geometry at this phase was 134 cm/s. At later times (approaching 300ms), the
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shed vortices subside because inlet velocity decreases depriving shed vortices of
energy.

Figure 6 Velocity vectors for bileaflet and monoleaflet MHV and shear stress
histories for various paths in the mono and bileaflet valves [157]
The numerical study compared the stress accumulation for flow through
bileaflet and monoleaflet MHVs and compare with experimental results. Level of
platelet activation observed in the Carbomedics bileaflet and a Bjork–Shiley
monoleaflet MHVs is presented in Figure 7. The rates of activation values were
8.11×104 min-1 for the bileaflet and 3.14×104 min-1 for the monoleaflet valve
[157]. The numerical models included misaligned valve implantation with 15° off
the major blood flow axis. The experimental study also included misalignment
different from one in the numerical study.
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Figure 7 Level of platelet activation observed in the Carbomedics bileaflet and a
Bjork–Shiley monoleaflet MHVs [157]
Geometry differences of monoleaflet and bileaflet MHVs generate different
flow patterns. In the monoleaflet MHV, rapid deceleration of the blood flow and
shed vortices appear at the earlier phase of the flow. Stronger wake of shed
vortices persist longer (198ms) in the bileaflet than the monoleaflet. Because the
shed vortices appear at different times, same time points cannot be used for
comparison. In the monoleaflet geometry the shed vortices appear 20 ms after
peak systole. Bjork–Shiley monoleaflet MHV generates vortices around the
leaflet due to its geometry with shorter wake form two or three vortices were shed
behind the leaflet. In the monoleaflet geometry, the imposed misalignment of the
valve housing with respect to the flow axis improves the leaflet alignment with the
flow, reducing the valve's effect. Of these two geometries, the monoleaflet results
in higher velocity (167 cm/s) than the bileaflet MHV. Unlike the bileaflet MHV, the
velocity jets through the monoleaflet decay at faster rate to the bileaflet.
Platelet stress accumulation was calculated on selected trajectories out of
the large number of particles seeded upstream of the valve leaflet(s). These
selected trajectories of interest include, high stress region near the leaflet(s) and
in the low shear region of the core flow. Stress accumulation was calculated for
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these selected trajectories. For trajectories close to the leaflet, the maximum
values of particle stress accumulation are 20 dyne-s/cm2 and 5 dyne-s/cm2 for
the bileaflet and monoleaflet MHVs respectively. These values show the stress
accumulation to be lower in the monoleaflet as compared to the bileaflet. Similar
values of stress accumulation were obtained in core flow region of the bileaflet as
in the high stress region of the monoleaflet valve Figure 6.
Discussion This work, in a well-controlled in vitro system, shows platelet
activation to be dependent on the valve geometry. The experimental study was
able to measure flow induced platelet activation but was not equipped to identify
regions of high stress and length of exposure time that led to platelet activation.
In the numerical simulation, particle stress accumulation was calculated for flow
through valves implanted in physiologic geometries.
The experimental setup does not identify individual platelet trajectories
and their specific stress accumulation values.
Unlike the experimental measurement, the numerical simulation can
identify specific trajectories of interest for particle stress accumulation calculation
at any position in the flow field. In the numerical studies, two valves implanted in
physiological geometries that include left ventricle and aorta was used to
simulate the in vivo flow patterns after implantation. The numerical results due to
valve

geometry

differences

were

compared

against

the

experimental

measurements.
Good

correlation

between

2D

turbulent

simulations

and

DPIV

measurements in a wake of a bileaflet MHV was found in past study [158].
Geometric differences between the monoleaflet and bileaflet MHVs produced
shed vortices at different time points after peak systole. Peak activities that occur
at different time points where used to compare the two geometries (198 ms for
the bileaflet and 20 ms for the monoleaflet MHV). In the bileaflet valve, flow
separation followed by a wake of shed vortices decreased the orifice area
between the valve leaflets facilitating conditions for stronger turbulent jet flow
compared to the monoleaflet valve as shown in Figure 6.
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Turbulent energy from the largest eddies cascades to smaller eddies until
dissipated by the smallest eddies at the Kolmogorov scale. The smallest eddies
dissipate energy to blood formed elements [159]. If the dimensions of the
Kolmogorov scales are in the cellular range, turbulent stresses can activate or
damage blood cells. Dimensions of the smallest eddy from CFD was

( ε)

3
µk ≈ V

1

4

= 4.66 µ m , which is about the size of platelets (4 µm) leading platelet

damage [26] by imparting higher strain energy to platelet membranes making
them more susceptible to stress induced activation [159].
Higher shear stresses present in the bileaflet valve are more favorable for
platelet activation. The monoleaflet valve provides larger flow area and better
alignment of the leaflet with the major flow axis resulting in smaller flow
separation above the leaflet. The wake near trailing edge of the monoleaflet was
shorter and produced smaller region of high shear stress.
A mild misalignment 15° was included in the numerical geometry to
account for the difficulty to place the valve in the optimal alignment during
surgery. This produces stronger jet due to the narrower cross–section available
for forward flow producing wide wake and shed vortices in bileaflet MHV.
Particles that pass near the valve leaflet experience higher stresses and may
soon after get trapped within the shed vortices in the valve's wake, Figure 6.
These types of paths result in rapid increase in the shear stress value up to 20
dyne-s/cm2 over a short span during just a single passage (distance along the
trajectory of 4 cm). The equivalent trajectory in the monoleaflet MHV results in
stress accumulation value of about 5 dyne–s/cm2 for 8 cm along the trajectory.
Lower shear stress values are found in the core region of the two valves.
There is a difference in shear-stress histories of the two geometries with the
bileaflet producing five times higher values than the monoleaflet. In addition to
elevated shear stresses, the rapid acceleration–deceleration exposes platelets to
deformation stresses [13].
The experimental study includes all phase of flow through the valve.
However, the numerical study was conducted for fully open position of the valve
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with no regurgitant flow, no leaflet closure, and without considering the flow in the
hinge regions. Simulation considered the deceleration phase, the first 300ms
after systole, when there is no leaflet motion. In this phase, shed vortices are
generated resulting in increased platelet aggregation potential, source of
thromboemboli. This phase results in rapid stress accumulation due to the
combination of stress and longer residence time for particles trapped in the
recirculation zones. Shed vortices and elevated stresses present during this
phase are hypothesized to be the source of cerebrovascular microemboli
associated with MHVs.
This study showed stress accumulation to be a viable tool in assessing the
thrombogenicity of MHV design. In the following section, its use in evaluating 3D
MHV geometry which includes physiologic near valve regions is presented. The
development of platelet damage model which is used to explore the relation
between stress and the resulting damage is also detailed.

A.2

A damage accumulation model for platelets
In this numerical simulation study of blood flow through 3D MHV

geometry, blood was considered to be two–phase, non–Newtonian fluid
experiencing intermittent turbulence [44]. The 3D valve geometry is based on the
St. Jude bileaflet design implanted in the aortic position with slight misalignment.
Flow results were used in the development of new damage accumulation model,
to quantify the damage that results from flow stresses.
The CFD study was done to understand the flow conditions through
physiologic MHV geometry and determine stress induced platelet damage.
Transient and turbulent flow calculation was conducted for two–phase non–
Newtonian fluid with spherical solid particles (6 µm) representing platelets.
Particle path calculation considers the influence of intermittent turbulence known
to be present during parts of the cardiac cycle.
Turbulent and mean flow stress values were extracted for pertinent
particle paths. These values were used to calculate platelet stress accumulation
and the resulting damage accumulation. Platelet damage accumulation was
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calculated based on a new damage model that accounts past damage history,
outlined in Equation (20).
Results Flow field. The following cross–sections are chosen to illustrate
some important features of the complex time dependent 3D flow field Figure 8.
Flow results show the presence of a complex flow field with flow separation,
present above both leaflet, can clearly be seen above the lower leaflet. Three
strong jets are present above, in between and below the leaflets. The presented
cross–sections also show the presence of recirculation zones above and below
the leaflet and in the expansion downstream of the valve housing. Blood from the
sides of the leaflet gets entrained towards the center in establishing counter
rotating spiral vortices. This can be clearly seen from the particle path plot Figure
8.

Figure 8 Orthogonal planes along the flow axis and cross sectional cut showing
velocity vectors near the leaflet flow field showing spiral-helical flow patterns
which can also be seen from pathlines near the lower leaflet [44]
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Stress accumulation. As mentioned earlier, this two–phase flow simulation
included solid particles to represent platelets. Some pertinent particle paths that
go through recirculation zones, in strong jets and spiral vortices were chosen for
stress and damage accumulation calculations. Plots of four representative
particle paths and their corresponding stress accumulations are presented in
Figure 9. The highest values stress accumulation was obtained for particle paths

Damage Accumulation

Stress Accumulation [dyne-sec/cm2]

in the recirculation zones or in the spiral vortices.

Distance [cm]

Time [sec]

Figure 9 Stress accumulation (left) and damage accumulation for selected
platelet paths in high and low stress flow regions near the valve leaflet [44]
Damage accumulation. From the particle paths used in stress accumulation
calculation two were selected to be used to determine the resulting damage
accumulation. The selected paths are in the recirculation zone and in the region
between the valves with the highest and lowest stress accumulation values
respectively. To assess the damage model behavior, three cases of initial
damage value (D(t0) = 0, 0.25, 0.5) were imposed on these particle paths. The
damage accumulation plot shows platelets that complete 18 repeated passes
through the valve region Figure 9. For this case of repeated passes, the final
damage value calculated during one pass is used as the initial damage value of
the subsequent pass. The plot show paths with high stress accumulation also
have high damage accumulation.
Discussion Flow field. The model used in this study incorporates slight
misalignment of the implanted valve geometry. This misalignment establishes a
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low pressure region above the leaflet that result in flow separation and counter
rotating spiral vortices. Counter rotating spiral vortices generated between the
MHV leaflets entrain fluid towards the center [30]. These flow structures result in
decreased flow area resulting in strong jets, high velocity gradient and high shear
stresses which contribute to platelet stress damage. As mentioned earlier the
particles were initially placed upstream of the valve leaflet. Most of them are
ejected away from the high stress regions. However, some have much longer
residence time, being trapped in recirculation zones or spiral vortices.
Stress accumulation. The presence of various recirculation zones
increases the chance of being trapped in regions with long residence times and
result in higher stress accumulation values. This is evident from the particle paths
that result in the highest and lowest stress accumulation values which are in the
spiral vortices and core flow regions respectively. From the stress accumulation
plots the two paths that have the highest and lowest values of stress
accumulation were selected for damage accumulation calculation.
Damage accumulation. The path in the low stress region which has low
stress accumulation also has slower damage accumulation rate. Stress is time
dependent and along the particle path can hold different values. The small
“wiggles” of the damage accumulation curve are manifestation of stress value
fluctuations along particular path line. Similar behavior was observed by others in
which the hemolysis accumulation curve has the imprint of the imposed
sinusoidal stress [51].
This and the preceding section used information extracted from individual
platelet trajectories to calculate stress and damage accumulation specific to
individual paths. These showed the relation between flow stresses and the
resulting stress and damage accumulation specific to individual platelet
trajectories.
In the following sections, stress accumulation methodology was expanded
to bulk stress accumulation distribution of population of platelets. This may
identify the overall valve performance due to design specific geometrical features
based on stress accumulation distribution. It also can be used in design
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optimization of MHV geometries and in the evaluation of other blood recirculating
devices.
In the following section, platelet stress accumulation distribution is used to
study the influence of valve geometry to dictate flow induced stresses in idealized
2D mechanical heart valves (MHV). The capability of stress accumulation
distribution to identify design differences was demonstrated for simulations
conducted in realistic 3D valve geometries.

A.3

Stress accumulation distribution for whole valve evaluation –
2D validation studies
Idealized, 2D mechanical heart valve geometries based on ball and cage,

monoleaflet and bileaflet valves were used to investigate the capabilities of the
stress accumulation distribution to identify design differences. Statistical
distribution of flow induced stress accumulation for population of platelet
trajectories

is

defined

as

the

stress

accumulation

distribution.

Stress

accumulation distribution from these valves was compared against control, flow
through straight tube. Except near the vicinity of the valve mechanisms, these
geometries have identical mesh upstream and downstream of the valves.
Identical boundary conditions were imposed and identical number of particles,
simulating platelets, were seeded upstream of the valves. Time dependent
simulation with constant inlet velocity was conducted for two-phase fluid
representing blood [44, 155, 157].
Flow stresses and trajectories for each particle were extracted from the
simulation. Stress accumulation for each particle is calculated using Equation
(16). Statistical stress accumulation distributions plots were used to evaluate
performance of the different valve geometries. This may be used to identify
differences in the valve geometries from stress accumulation distribution.
Results The ball and cage design was observed to have the highest
velocities of the three valve designs followed by the bileaflet and then
monoleaflet valves. Maximum velocity values were 2.5m/s for ball and cage,
1.8m/s for bileaflet and 1.6m/s for monoleaflet. All these were higher than what
was observed in the control geometry. In addition to producing the highest
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velocities, the ball and cage design also has the largest flow separation region
followed by the bileaflet geometry. The monoleaflet valve produced the smallest
flow separation, Figure 10.

Figure 10 Velocity contour plots in various simplified 2D MHV geometries
The ball and cage valve geometry had the highest velocities and also
produced the highest mean value of platelet stress accumulation. Similarly, the
bileaflet has higher stress accumulation values than the monoleaflet geometry.
These values were higher than the stress accumulation produced by the control
geometry. Graphical representation of the stress accumulation distributions are
presented in Figure 11.
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Figure 11 Stress accumulation distribution in 2D valve geometries
Discussion Velocity magnitude contour plots for valve geometries
considered in this study, shown in Figure 10, reveal flow conditions and regions
of high stress generated by valve geometry. Flow conditions were specific to the
individual valve geometry. This was reflected in the stress accumulation
distribution of the valve.
These simulations used stress accumulation distribution as bulk measure
of valve performance, demonstrating its potential use for virtual valve design
evaluations. The results were in line with past numerical and experimental
studies from our group which used selected individual platelet trajectories to
show lower amount of platelet stress exposure in monoleaflet than bileaflet valve
[157].
In these validation studies, constant inlet velocity was imposed for flows
through simplified 2D geometries. Results show the differences that arise in
stress accumulation distribution due to geometrical features. Complex flows due
to 3D valve features and the acceleration-deceleration phases of the cardiac
cycles were absent in these simplified geometries. While blood is non-Newtonian
multi-component fluid, two phase Newtonian representation of blood was used.
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This was sufficient for the focus of this work, which is the relation between valve
geometry and the flow stresses platelet experience.
In this section, the valves with markedly different geometrical features
were evaluated based on their stress accumulation distribution. The possibility of
this methodology to identify minor changes present in realistic MHV geometries
is explored in the next section.

A.4

Comparison of two MHV designs using stress accumulation
distribution – 3D simulations
The ability of platelet stress accumulation distribution to identify

geometrical differences was demonstrated above in 2D geometries. In this
section, stress accumulation distribution was used to compare the performance
of 3D bileaflet MHV geometries from St. Jude and ATS medical. The main
difference between the two valves is the design of their hinge region [7, 40].
Simulations were conducted for the open and closed positions for these
two valve geometries. During the forward flow phase, the valves are in the open
position and are in the closed position during the regurgitant flow phase. Identical
boundary conditions, appropriate for each flow phase, were used for both valve
geometries. Two-phase fluid representing blood was used in this study.
These geometries were discretized into large number of finite volume cells
(>5 million), with large number of particles (>10,000) representing platelets.
Scalar stress values were extracted for all particle trajectories to compute the
stress accumulation distribution. These distributions were used to compare the
performance of the valves.
Results Simulation results for the valves in the open position show higher
velocities to be present in the ATS geometry, Figure 12. In the open position,
both geometries show the presence of counter rotating vortices in slightly
different locations near the hinge regions. Flow separations were shown to be
present in both geometries (Figure 12).
Closed position results show stronger jet in the b-datum (gap between
closed leaflets) in the ATS geometry and in the gap between the leaflet and
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housing in the SJM design. Flow downstream of the leaflets resembles jet flow.
Recirculation was present in these geometries, Figure 13.
Particle path data and flow conditions along each particle trajectory were
extracted to calculate platelet stress accumulation. The statistical stress
accumulation distribution is presented in Figure 14 and Figure 15 for forward and
regurgitant flow phases respectively.

Figure 12 Velocity vectors and contour plots showing flow separations and
counter rotating vortices in SJM and ATS valves

Figure 13 Velocity contour plots showing velocity jets downstream of the leaflet
for the SJM and ATS valve geometries
Simulations were conducted for actual leaflet sizes. Measurements for the
various components of these valves are presented in Table 2.
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SJM
21.0
0.180

ATS
20.8
0.038

Valve inner diameter [mm]
Gap clearance between hinge and leaflet [mm]
Gap clearance, closed position, leaflet and
0.173
0.127
housing [mm]
0.074
0.253
B-Datum gap [mm]
Table 2 Dimensional parameters describing the SJM and ATS valve geometries

Figure 14 Comparison of stress accumulation distribution for ATS and SJM valve
during forward flow phase

Figure 15 Stress accumulation distribution for the SJM (red) and ATS (blue)
valves during regurgitant flow phase
Discussion Platelet stress accumulation distribution values for the flow
phase under consideration show SJM to perform better than the ATS design
during forward flow phase, Figure 14. In the regurgitant flow phase, the stress
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accumulation distributions indicate ATS to offer performance advantage Figure
15. These plots show the strengths of the two valve designs.
During forward flow phase, higher velocities are present for flow through
the ATS geometry, which will generate higher flow stresses. The resulting higher
mean stress accumulation value during forward flow phase is due to these
stresses. During the regurgitant flow phase, jets are present at the leaflet –
housing gap of the SJM and the leaflet – leaflet gap (b-datum) of the ATS. These
surface area offered by the ATS and SJM
Stress accumulation distributions arising from geometrical features of two
valve designs were investigated. Simulations were conducted for valves placed
in straight tube which may underestimate conditions due to physiologic nearvalve regions and possible valve misalignment [33, 44]. The study neglected the
disturbances that may arise due to leaflet motion and associated transient effects
for the open and closed valve positions. Non-Newtonian blood properties, shown
to amplify recirculation zones, were not considered in these studies.
Previous work from our group has shown SJM design to offers slightly
better performance in the forward flow phase while ATS valve to have
performance during regurgitant flow phase [150]. This improved performance
may be due to the geometrical features of the SJM design which
“shields/deflects” platelets from the hinge region during forward flow phase.
Performance advantage of the ATS design during regurgitant flow may be due to
its larger b-datum gap and shorter exposure time.
Geometries dictate the flow conditions in these valve geometries, reflected
in the stresses experienced by platelets. This will be explored further in the
following sections by varying aspects of the ATS valve geometry. Statistical
distribution of platelet stress accumulation was used as a global performance
measure of two valve geometries. Valve geometrical features such as hinge
regions, specific to the valve, can be singled out to assess the resulting stress
accumulation distribution. These studies are intended to demonstrate the use of
stress accumulation distribution in performing parametric evaluation of changes
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to the various valve geometrical features and the corresponding valve
performance.

A.5

Identifying changes due to valve opening angle, hinge region
and other valve features – stress accumulation distribution
studies
In the previous section, the ability of platelet stress accumulation

distribution to identify differences stemming from the designs of SJM and ATS
valves was demonstrated. This was in agreement with previous study by our
group [150]. ATS valve geometry was observed to have larger population of
platelets near the hinge region than the SJM. Using this methodology, valve
features, such as hinge regions can be singled out to assess region specific
stress accumulation distribution. This can be useful for performing parametric
studies of possible design changes to improve thrombogenic performance of the
mechanical valve.
In this section, total of eight design changes of the ATS valve geometry
were considered, three cases of hinge region modification, three cases dealing
with gap clearance and two cases considering changes in valve opening angle.
In all these cases 3 µm spherical particles representing platelets were seeded
upstream. For each particle, flow stresses were extracted and used to construct
the stress accumulation distribution for each design change. The results were
compared against original ATS design opened to its maximum opening angle
which was used as a control. Simulation results for all the design changes were
correlated to our experimental Platelet Activation State (PAS) assay studies.
Design changes to ATS valve geometry. These design changes were
used the ATS valve geometry, which is currently on the market and available for
implantation. Goal of these studies was to explore small modifications of the
current ATS design that improve thrombogenic performance.
These simulations were conducted for the forward flow phase until 300ms
from peak systole (deceleration phase). Blood was represented as two-phase
Newtonian fluid. For all cases, distance between leaflet and the plane from which
the particles were released was identical. This was intended to eliminate
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variations due seeding locations that may affect platelet stress accumulation.
These geometries were discretized using 5-8 million finite volume cells
containing 15,000 – 30,000 particles.
The various design changes considered in this study are presented below.
Before describing these changes, the original non-modified ATS valve geometry
is presented in Figure 16. The ATS geometry uses open pivot configuration
which has open and closed leaflet stops, protruding into the flow field.

Open pivot
Hinge
Open leaflet
stop
Closed leaflet
stop

Figure 16 Original ATS geometry and features of the valve
Changes in leaflet-housing gap clearance. In the original ATS valve geometry,
the gap clearance, distance between the leaflet and housing, near the hinge
region is 38 µm. Studies considering changing the leaflet – housing gaps were
conducted for the SJM valve [160]. In our study, this distance was increased to
130 and 250 µm to identify the contribution of gap clearance to the flow stresses
experienced by platelets (Figure 17).
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Valve
housing

Hinge gap
clearance

Leaflet

Figure 17 Valve-housing gap clearance. In this study three different gap
clearance distances were considered (38, 130 and 250 µm)
Changes in valve opening angle. Platelet stress accumulation distribution
resulting from changing the maximum opening angle for the ATS bileaflet valve
was considered. According to the valve manufacturer, the maximum opening
angle for the ATS valve is 85° which is greater than the experimentally measured
value of 80° [7, 150, 161]. To investigate the role of maximum opening angle on
stress accumulation distribution, two valve cases with maximum opening angles
of 80° and 85° (original) were considered. Particle paths near the hinges, within
region of interest (ROI), were chosen for comparing the performance of these
two geometries.

Forward flow direction
800
850

50 difference

Figure 18 Maximum valve opening angle of ATS valve (80° and 85°)
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In the previous sections, considering changes in gap clearance and valve
opening angle maintain the general ATS valve geometry. The following sections
deal with cases where material was added or removed from the valve housing.
Hinge region modifications
1. Channel below the closed leaflet stops. Some of the material was removed
from the valve housing in the regions below the closed leaflet stops, Figure 19.
These form streamlined channels intended to increase the flow area near the
hinge regions reducing flow stresses. It also increases the flow cross-sectional
area that may reduce the valve maximum velocity.

ATS Hinge region modifications

Figure 19 Modified channel below the leaflet stops
2. Diverter case 1: Diverters were added to the valve housing near the closed
leaflet stops upstream of the leaflet, Figure 20. These additions protrude into the
flow field and extend farther back from the original valve housing shielding the
hinge region flow coming upstream of the leaflet. This may reduce the number of
platelets heading to the hinge regions. Additionally, it may redirect some of the
flow away from these regions.
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Original ATS valve

Diverter case 1

Figure 20 Diverter case 1
3. Diverter case 2: Streamlined leading edge sections were added to the valve
housing upstream of the leaflet, Figure 21. This can be considered as design
evolution of the Diverter case 1. This may facilitate in the formation of flow
separation upstream of the hinge regions reducing the stresses for platelets that
travel near the hinge regions.

Original ATS valve

Diverter case 2

Figure 21 Diverter case 2
Results The velocity contour plots, the stress accumulation distributions
and the experimental outcome due to design changes are presented in Figure 22
to Figure 25. These show regions of flow separation and recirculation zones
during forward flow for the different designs. The figures also show the flow
conditions which play a major role in stress accumulation of each platelet.
Changes in leaflet-housing gap clearance. Simulations were performed for 3
hinge gap clearances: 38 µm (control), 130 µm, and 250 µm (Figure 17). Stress
accumulation was determined for all particle trajectories in the hinge region of
interest (ROI).

The stress accumulation distribution of these geometries is

presented in Figure 22. These show a shift in the mean stress accumulation to
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lower values as the gap clearance increases. Total stress accumulation for the
250 µm gap clearance (9.8 dyne s cm-2) was lower than the 38 µm (14.97 dyne s
cm-2) and 130 µm (9.98 dyne s cm-2) clearances (p < 0.01).

Furthermore,

stronger jets are observed in the smallest gap clearance, with shed vortices and
complex flows present near the leaflet tip (Figure 22).

Figure 22 Stress accumulation probability densities of the three gap clearances
and non parametric statistics. While not significant, total stress accumulation for
the 250 µm gap clearance is lower than the 38 and 130 µm clearances
Changes in valve opening angle. Higher velocity magnitude, flow separations
and stronger jets were found in the 80o opening angle (Figure 23). The 80o valve
also produced larger flow separation, larger counter rotating vortices and
stronger jets. The 80o ATS geometry consequently produced higher mean values
of platelet stress accumulation distribution than 85o opening angle (Figure 24).

52

Figure 23 Velocity contour plots for 80° and 85° opening angles of ATS valve

ATS – 850 angle
ATS – 800 angle

Figure 24 Stress accumulation distribution for 80° and 85° opening angles of ATS
valve
Hinge region modifications. The hinge regions were farther investigated using
three ATS geometry modifications. As mentioned earlier, material was removed
for the first geometry consideration and for the next two cases diverters were
added on the upstream side to reduce and redirect flow from the hinge regions.
The results show shift in the stress accumulation distribution to lower values with
the diverter case 2 offering the lowest of the three changes, Figure 25.
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Figure 25 Stress accumulation distribution for hinge region modifications (based
on Equation (16) formulation)
Discussion The stress accumulation distribution (Figure 22, Figure 24
and Figure 25), represents the flow conditions experienced by population of
platelets dictated by geometry. Correlation of the stress accumulation distribution
with PAS studies, describes the thrombogenic performance of the valve.
Changes in the flow conditions stemming from the opening angle affect
the stress accumulation distribution, Figure 24. The failure of valve to open to the
manufacturer specified maximum opening angle results in larger flow separation
above the leaflet. Larger flow separation accelerates the flow due to reduced
cross sectional flow area. Reduction in cross sectional area produces higher
velocity gradients and higher stresses. This exposes particles to higher stresses
thus moving the platelet stress accumulation distribution to higher mean value.
Gap clearance studies show the contribution of the hinge regions to impart
high stress to platelets. It also shows the impact of these regions to the overall
performance as evident from the results. Stress accumulation distribution
presented here is not statistically significant but it shows the general trend
observed dictated by the leaflet – housing gap. The smaller gap clearance may
generate stronger jets increasing the platelet residence time in the counter
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rotating vortices thus producing higher stress accumulation values. This trend
was observed by others for SJM valve which shows arbitrary increase in gap
clearance does not guarantee improved performance, indicating the existence of
optimum gap clearance [160].
In the first design change case when material was removed from the
stops, the flow area near these regions was increased reducing the flow
stresses. This change was shown to benefit valve performance in reducing the
stresses platelet experience. The second design change was able to divert flow
and particles away from the high stress hinge regions. This helped to reduce the
stresses platelet experience, as seen in stress accumulation distribution (Figure
25). Due to this change, the number of particles that pass through the hinge
region, velocity and velocity gradient in these regions were reduced. The third
design change created regions of flow separation near these hinge regions,
reducing the stress accumulation for platelets navigating these regions.
Statistical comparison of the three proposed design changes and the
control case also confirm that diverter case 2 provides the best solution for
optimizing the ATS design (non-parametric ANOVA was performed for the
statistical comparison).
These cases show the capability of stress accumulation distribution to
identify differences that arise due to minor geometrical changes. They are
presented as examples to guide valve designers to virtually evaluate changes for
improved valve performance.
These studies into geometrical changes of the ATS valve geometry were
focused on the forward flow phase. The disturbances that may arise due to
leaflet motion and associated transient effects, absent in these simulations, may
add to stress that platelet experience. Other phases of the cardiac cycle also
contribute to the stresses experienced by platelet. During forward flow phase, the
possibility of stress induced platelet damage that may lead to thromboembolic
complications is high [29].
Even though the simulation was based on laminar flow assumptions, the
large mesh density employed (5-8 millions finite volume cells) approaches that
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required for direct numerical simulations (DNS). Additionally, these studies were
for valves placed in straight tube without physiologic features such as the sinus
regions that increase geometrical complications. Realistic near-valve regions and
valve misalignment may amplify the differences observed in this study [33, 44,
157]. Physiologic, non-Newtonian blood properties, shown to amplify recirculation
zones thus increase stress exposure time, were also neglected.

Summary of numerical studies into flow induced platelet stress and
damage accumulation
Numerical simulations of flow through mechanical heart valve have
previously been performed by others. These studies used simulation results as
qualitative tool to study flow filed, pressure and shear stress distribution. Work
outlined in this dissertation goes beyond these qualitative measures to quantify
the thrombogenic potential of such devices in order to be able to optimize their
performance. To achieve that, stresses that act upon individual platelet and the
resulting shear induced platelet stress accumulation that can lead to activation
was computed along multiple trajectories within the flow field. Geometries that
produced highest stress accumulation had longer platelet residence time,
resulting in higher stress accumulation values and these results agree with invitro PAS measurements performed by others in the group.
Hellums criterion, based on constant stress exposure has been the
standard for determining the value of stress accumulation that results in platelet
activation. However this criterion does not depict the conditions platelet
experience in physiologic flow conditions. In the work of this dissertation a
platelet damage model was developed to describe damage due to repeated
passes an individual platelet may complete thorough high stress regions and
account for its past damage.
In this dissertation, valve performance was evaluated based on stresses
experienced by large number of platelet seeded in the flow domain. For these
studies, highly resolved numerical meshes were constructed and were seeded
with large number of particles, representing platelets. The capability of stress
accumulation distribution was demonstrated to distinguish differences between
56

realistic valve geometries. Stress accumulation distribution as virtual design tool
was demonstrated by performing design changes on specific valve geometry.
These studies used the flow conditions generated by flow domain
geometries to determine the flow stresses. This was to determine the flow
induced stresses platelet experience. Stress accumulation, stress and exposure
time, which may lead to activation. Platelet damage model was developed to
determine the relation between flow induced stresses and the possible platelet
activation. Geometry of the flow domain determines the resulting flow stresses
and damage platelet experience. The relation between geometry and flow
induced stress accumulation can be exploited to develop methodology for MHV
optimization.
The last group of studies use stress accumulation distribution, flow
induced stress accumulation on platelet population, to evaluate valve
performance. Flow stresses experienced by platelet population, is related to
valve design and with its distinctive geometry. Stress accumulation distribution
can be used to evaluate the contribution of various design changes. Design
changes presented in the above studies, focused on the hinge regions of the
ATS valve and the open and closed valve leaflet stops.

•

Numerical simulations and DPIV measurements correlated with PAS
measurements to show geometries generating higher stress accumulation
also higher platelet activation.

•

Numerical simulation and PAS measurements show longer residence time,
observed in bileaflet valves, to produce higher stress accumulation than
monoleaflet design.

•

3D simulations showed platelet trajectories with higher stress accumulation
also produced higher platelet damage.

•

Simulations conducted in 2D valve geometries show correlation between
higher velocity gradients which result in higher flow stresses and higher mean
value of stress accumulation distribution.

•

Stress accumulation distribution was shown to identify design differences
between realistic 3D valve geometries.
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•

Slight change in the maximum opening angle of a valve effects flow induced
stresses and was expressed in the stress accumulation distribution.

•

Stress accumulation distribution can be used as parametric design tool to
numerically evaluate numerous changes in the geometrical features of valve
design.

•

Increasing the flow area, in general, seems to reduce the stresses platelet
experience, further evidence for using numerical tools to improve valve
design.
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B. Numerical studies of conditions present pathologic blood
vessels (Vulnerable plaque and AAA)
Pathological blood flow conditions that arise from geometrical features
expose platelets to high stresses and may result in thromboembolism. This was
demonstrated in the previous sections for pathological flows through MHVs.
Pathological flow conditions also contribute in altering the vessel wall stresses. In
diseased blood vessels, this will be amplified and may result in blood vessel
rupture.
The following studies use fluid structure interaction (FSI) simulations in
idealized and patient specific geometries to study the rupture risk in vulnerable
plaques (VP) and abdominal aortic aneurysms (AAA). Contribution from vessel
wall material composition, material properties, and geometrical features to the
stresses present in the vessel wall was explored. (i) Vulnerable plaque rupture
risk due to the presence of micro–calcification in the fibrous cap (ii) Inclusion of
anisotropic material property and the resulting wall stresses in assessing AAA
rupture risk (iii) Parametric study into the correlation of iliac bifurcation and AAA
vessel wall stresses (iv) Identification of rupture locations in ruptured AAA
geometry.

B.1

The role of calcification in vulnerable plaques
The role of microcalcification in affecting stresses in ideal vulnerable

plaque geometries varying levels of constriction was studied [162]. Streamlined
3D eccentric stenotic geometries were constructed to study the stresses present
in severe and mild stenosis cases, with 80% and 34% constrictions respectively.
For each of these cases, models with and without calcification were constructed
to study their contribution to the overall stress present in the vessel wall. In
addition to calcification spot, these geometries were composed of healthy vessel
tissue, lipid core and fluid domain Figure 26.
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Figure 26 Mildly stenotic ideal vessel geometry identifying vessel wall, lipid core
and calcification with their dimensions and imposed inlet velocity waveform
Results The peak velocity and stress values for the vulnerable plaque
geometries correspond to the peak value of the inlet velocity waveform. Figure
27 shows the velocity and stress values in the transverse cross–sections of the
fluid domain with recirculation zone distal to constricted region. The presence of
microcalcification in the solid domain does not seem to affect the flow field.

Figure 27 Velocity and stress values in the transverse cross–sections of the fluid
domain[162]
On the other hand the solid domain results were sensitive to the presence
of microcalcification in the fibrous cap. Figure 28 and Figure 29 show transverse
cross sections for the mildly stenotic vessel. These depict stress and strain fields
present in the solid domain at peak flow. The plane for the axial cross section is
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through the central plane (x = 0 cm). The stress results present in these figures
are Von–Misses stress, scalar value (magnitude) of the stress tensor [162].

Figure 28 Peak stresses in the mildly stenotic vessel transverse cross section
showing the high stresses present at the calcification–fibrous cap interface
The presence of calcification produces different responses in regions
upstream and downstream of the constricted zone. The higher values of stress
and strain near the calcification propagate upstream while downstream no
difference was observed between the models with and without calcification.
Similar trend was observed the strain distribution Figure 29.

Figure 29 Transverse cross sections of the mildly stenotic vessels without and
with calcification showing the peak strains
For models containing calcification spot, the maximum stress values were
obtained at peak flow at the calcification–fibrous cap interface. The maximum
stress values for the severe and mild stenosis cases respectively were 11.480
kPa and 2.871 kPa. The maximum principal stretches were 1.283 and 1.051 for
the severe and mild stenosis cases respectively. For the geometries that contain
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calcification spot, higher stress values (30.549 kPa and 5.561 kPa severe and
mild stenosis cases respectively) were obtained.
At the calcification–fibrous cap interface, the highest values of stress were
obtained which are about three times of the cases without calcification. From the
region of high stress near the calcification, stress propagates upstream towards
the plaque shoulder, and circumferentially. For the geometries without
calcification spot, the maximum principal stretches were 1.410 and 1.164 for the
severe and mild stenosis cases respectively.
Discussion While their role in plaque rupture is not well understood,
atherosclerotic lesions are known to commonly contain calcification. When large
pieces of calcification are present in the plaque seem to have stabilizing affect
[89, 94]. Other studies have shown the presence of calcification to increase
plaque vulnerability [95, 163]. A new hypothesis asserts vulnerable plaque
rupture to be the result of stress–induced debonding of microcalcification from
the surrounding tissue [95].
This theoretical model predicted two fold stress increase as the result of
calcified macrophages or an iron deposits in the high stress region may cause
plaque rupture if cap thickness is <65 µm, which is in close agreement of cap
instability criterion [164].
In this study, 3D FSI analysis of vulnerable plaque with microcalcification
was performed to obtain the stresses present within the wall of the vulnerable
plaque. It shows inclusion calcification to increase stresses. This may lead to
increased plaque vulnerability.
Predictions made by these simulations indicate stress concentration to be
at calcification–vessel wall interface; this is in agreement with the new hypothesis
for vulnerable plaque rupture due to stress–induced debonding. However the
geometry used in the analytical solution by Vengrenyuk et al. was a thin planar
material under unidirectional tension compared to the 3D geometry experiencing
various stresses [95].
In the following sections, fluid structure interaction simulations were used
to study stresses present in the abdominal aortic aneurysm vessel wall. The
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relation between vessel wall stresses and anisotropic vessel wall material
properties is the focus.

B.2

Risk of rupture in abdominal aortic aneurysm based on
isotropic and anisotropic vessel wall models
Anisotropic vessel wall material properties of abdominal aortic aneurysms

were studied using FSI tools to determine their role in AAA risk of rupture based
on stress distribution [153]. Orthotropic material properties which have preferred
direction of stretching, similar to aortic tissue, were used to describe the AAA
tissue. The orthotropic material model constants were obtained from published
material properties data for AAA determined from bi-axial tests [165].
Results Figure 30 shows the velocity vector fields in patients A and B
present 0.2 seconds after peak. During the deceleration phase, the flow
destabilizes resulting in formation of several recirculation zones which contribute
for the increased intraluminal pressure. The peak stress values and stress values
averaged over all solid elements are presented Table 3 for both patients.
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Figure 30 Velocity vectors for patient A and B geometries showing recirculation
zones and Von Misses stress as a function of time averaged over the entire wall
of patient A for anisotropic and isotropic cases [153]
For patient A, plot of Von Misses stress as a function of time averaged
over the entire wall is presented in Figure 30. In the isotropic model, the
maximum and minimum stress values were 395.2 kPa and 235.0 kPa
respectively. In the anisotropic model, the maximum and minimum stress values
were 414.3 kPa and 217.0 kPa respectively. The maximum average stress
values for isotropic and anisotropic models were 111.8KPa and 116.6 kPa,
resulting in 4% change. The respective minimums for these two material models
were 69.0 kPa and 62 kPa.
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In patient B, the isotropic model had maximum and minimum stress values
of 879.5 kPa and 533.3 kPa respectively. And for the anisotropic model, the
maximum and minimum stress values were 1536.5 kPa and 951.1 kPa
respectively. The maximum average stress values for isotropic and anisotropic
models were 78.9 KPa and 272.1 kPa, resulting in 71% change. The minimums
for these two material models were 47.3 kPa and 166.4 kPa. Figure 31 shows
Von Misses stresses distribution for patient A and B geometries when isotropic
and anisotropic material models were employed.

Figure 31 Stress distributions from isotropic and anisotropic simulations for
patient A and B geometries [153]
Discussion Two patient specific abdominal aortic aneurysm geometries
were reconstructed from clinical images to study the interaction of blood flow and
resulting aortic wall stresses that may result in rupture. In this study, the wall
stresses resulting from isotropic and anisotropic material models were compared.
In the past, AAA numerical modeling studies used isotropic hyperelastic models
[138-140, 166-167]. However, data from biaxial stretching of AAA describes wall
tissue to be anisotropic [165]. Based on experimental data, orthotropic
formulation [96] of anisotropic material model was employed and compared the
predictions of isotropic model.
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Lack of information about vessel wall thickness was limitation of this work.
As the result, uniform vessel wall thickness of 2mm was constructed around
patient specific AAA geometries. In addition to this the current geometry does not
include calcification (this will be addressed in section B.4).
Regions of low pressure resulted in flow separations leading to the
formation of various recirculation zones, present in both AAA geometries. These
non–physiologic flow conditions are absent in healthy abdominal aortas. Growth
and progression of the AAA may correlate with flow patterns by facilitating
regions that promote the formation and growth of ILT.
The locations of high and low stresses in the AAA wall were identical for
both material models. However, the values for peak stress and the range of
average stresses were higher for the anisotropic material model. Using isotropic
material model gave lower value for the peak stresses present in the AAA
geometry underestimating the risk of rupture.
The AAA geometry displacement, movement of AAA mid region, for the
anisotropic model was twice that of the isotropic model. The trends of stresses
and displacements, observed in patient A, were similar to those of patient B as
shown in Table 3.
Isotropic wall material

Anisotropic wall material

Patient A

Patient B

Patient A

Patient B

Peak σmax

395.2

249.7

414.3

272.1

Peak σmin

235.0

151.3

217.0

166.4

Ave σmax

111.8

78.9

116.6

75.6

Ave σmin

69.0

47.3

62.0

44.6

Table 3 Maximum, minimum and average stresses present in patient A and B
geometries [153]
The above sections demonstrate the role of material properties,
calcification in VP and anisotropic vessel wall in AAA, to the stresses present in
these pathological blood vessels. In the following section, FSI was used to study
the role iliac bifurcation and neck angels to the generated stresses.
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B.3

Parametric studies, iliac bifurcation and neck angles
Various AAA geometrical features from 26 reconstructed patient specific

medical images (MMS software) were measured. Measured AAA features were
the iliac angles, aneurysmal bending angle, tortuosity, diameters and AAA
lengths. The iliac bifurcation angles were measured as the lateral bifurcation and
the anterior-posterior bifurcation angle with respect to the sagittal plane. AAA
was measured at the region of maximum dilation for these 25 patients.
Mean AAA diameter for these patients was 38.37mm ±7.99mm with
values ranging from 28.1mm to 58.9mm. The average length was 80.74 mm
±24.43mm with values ranging between 35.4mm and 128.3mm. Other measured
values are presented in Table 4.
Anterior
Angulation
Lateral
bifurcation
bifurcation
measurements
angle
angle
(n=26)
Mean (degrees)
41.7
42.5
SD (degrees)
± 9.7
± 21.8
Table 4 Patient specific AAA measured parameters

Aortic bending
angle
40.1
± 16.3

Stresses generated due to these variations in the neck and iliac bifurcation
angles were studied based on idealized AAA geometries constructed of single
material with uniform 2mm wall thickness. These geometries have maximum
diameter of 5cm (4.8 inner, 5.2 outer). The bifurcation angles range from φ=30°
to φ=150° with constant length of 12.5cm from the neck to the base of the
bifurcation. AAA neck angle between θ=0° to θ=40° were considered (Figure 32).
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Figure 32 Idealized AAA geometry showing parameters of interest
Results Fluid flow results of these fluid structure interaction simulations
show the presence of recirculation near the neck of the aneurysm. As neck angle
varies from the straight the two recirculation zones combine to one larger
recirculation. The aneurysmal region had uniform pressure distribution while
there was pressure drop starting near the bifurcation and extending to the legs.
If the whole solid domain was under consideration, increase iliac angle
shows increase in the maximum stress value. If the focus was restricted to the
region of aneurysmal dilation, two local minima were observed for iliac angle of
60o and 120o (Figure 33). Patient specific measurements show the average iliac
angle to be 42.50 ±21.80, within the range of 60o iliac angle. Similarly, there was
increase in the value of stress with increasing neck angle.
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Figure 33 Vessel wall stresses due to iliac and neck angle variations in idealized
AAA geometries
Discussion The focus of this work was to understand the relation
between angular variations and the resulting aneurysmal wall stresses. The
problem was simplified by using idealized AAA geometries that restrict angular
variations into coronal plane, neglecting tortuosity and variations in neck-tobifurcation length present in patient specific geometries. In addition to
geometrical simplifications, vessel wall was composed of single material of
constant thickness. The results demonstrated geometrical variations and vessel
wall stresses involved in AAA rupture vulnerability.
Change in iliac bifurcation and neck angle may be physiological
remodeling mechanisms attempting to reduce stresses in the aneurysmal
geometry. These results, though based on ideal geometries, may be indicative of
additional parameters used in evaluating rupture risk of AAA. In addition to size
and growth rate, geometrical features specific to each patient, may need
consideration prior to surgical intervention.
In the following section, the relation between calcification and vessel wall
stresses was explored in patient specific AAA geometries.
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B.4

The role of calcification in AAA
Patient specific AAA geometries were used to study the contribution of

calcification to the stresses present in the aneurysm. In this FSI simulation
material properties for healthy tissue, ILT and calcification were used for the solid
domain and blood properties were used to represent the fluid. Physiologic
pressure and velocity waveforms were applied at the inlet and outlet of the AAA
geometry. Location and magnitude of maximum stress identified from this FSI
simulation was used to investigate the role of calcification in AAA rupture risk.
As mentioned earlier, the objective was to find the relation between
calcification that could be present in various regions of the aneurysm and the
generated stresses. For this purpose, representative cases for calcification
located in the healthy tissue and another embedded in ILT were chosen. For the
geometry without calcification, material property of the surrounding tissue was
ascribed to the volume occupied by calcification.
Results The presence of calcification in the stiffer thinner vessel wall
elevated the stresses (Figure 34). However calcification present in the softer ILT
resulted in minimal increase of the maximum stress [168].
Flow entering the aneurysm decelerates resulting in regions of flow
separation and recirculation at different phases of the flow. Pressure throughout
the aneurysmal dilation was almost uniform with higher pressures present in the
iliac bifurcations.
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Calcification

Calcification in the ILT

max stress = ~0.48 MPa
Peak WT = ~14 N/cm

No Calcification in the ILT

max stress = ~0.5 MPa
Peak WT = ~11 N/cm

Calcification
Calcification in the Wall

No Calcification in the Wall

max stress = ~0.65 MPa (30%)

max stress = ~0.5 MPa

Figure 34 Stress distribution in vessels with (left) and without calcification (right)
Discussion Interactions between numerous calcified pieces that could be
present and the stress propagation that may result were not considered. While
patient specific AAA geometries often contain many calcified pieces, attempting
to construct model with all pieces can be challenging. The propensity of
calcification to elevate stresses depends on the thickness and stiffness of the
surrounding tissue. If present in the thinner healthy tissue, it produces higher
stresses than when located in the ILT. This is indication for the role of AAA
vessel wall composition and its role in the stresses present in the aneurysm. It
may be another parameter that needs to be considered in assessing AAA risk of
rupture.
The relation between high stress regions and location of rupture is
explored in the next section. These simulations are based on ruptured patient
specific AAA geometries.

B.5

Ruptured AAA geometry
Patient specific CT scans of contained ruptures were used to construct the

abdominal aortic aneurysm geometries used in this study. Anisotropic tissue
material, intraluminal thrombus (ILT) and wall calcification (Ca) materials were
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used to represent the vessel wall. FSI simulations were used to identify possible
location of rupture based on the generated peak stresses. These were compared
with actual rupture locations and peak stresses that have been reported to cause
rupture. In addition to identifying location and magnitude of high stresses, ratio of
the local wall stress and its estimated strength was used to calculate Rupture
Potential Index (RPI).
Locations of ILT and calcification are shown in Figure 35. These are
reconstructed fusiform aneurysm geometries.

A

B

Figure 35 (A) rAAA 1 structure showing the ruptured area below the left vessel at
the iliac bifurcation, (B) rAAA 2 rupture superior to the ILT along the widening
inlet of the aneurysmal bulge. Lumen shown in red, skeletal bone structure in
white, calcifications, green, and intraluminal thrombus (ILT) in blue and the outer
wall is in yellow surrounding the lumen, ILT and calcifications.
Results The results presented in Figure 36 show the flow patterns 0.15
sec after peak systole when discernable flow patterns are present. At peak
systole, the normal aortas have maximum velocity values of vN1 = 0.36 m/s and
vN2 = 0.37 m/s. At diastole, the velocities drop to vN1 = 0.03 m/s and vN2 = 0.023
m/s. Simulation results show no visible recirculation zones for normal subject 1
during diastole and distinct recirculation zone for normal subject 2 due to slight
widening of the lumen superior to the iliac bifurcation.
In the ruptured geometries, peak velocities were vrAAA1 = 0.04 m/s and
vrAAA2 = 0.07 m/s in the aneurysmal area. For these geometries velocity at the
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neck of the neck of the aneurysms were 0.36 m/s and 0.34 m/s. These values
were obtained at peak systole. During diastole, large diffuse recirculation zones
were present in both geometries. Velocity during diastole was vrAAA1 = 0.015 m/s
and vrAAA2 = 0.023 m/s.
During peak systole, wall shear stress (WSS) distribution show the
ruptured geometries to have lower values (WSSrAAA1 = 0.3 Pa, WSSrAAA2 = 0.27
Pa) compared to normal aortas (peak values WSSrN1 = 1.87 Pa, WSSrN2 2.4 Pa).
Regions close to aneurysmal necks and superior to the ILT, the WSS values
were high throughout the cardiac cycle.
Results for isotropic and anisotropic simulation results are presented in
Table 5 and Figure 36 B and C. Von-Mises stresses were used to represent
isotropic simulation results. For the anisotropic cases, principal axis (p1) stresses
were used. These showed the trend of increasing wall stresses with the
progression of the disease.
Normal aorta isotropic simulations generated maximum von Mises stress
values of 0.35 MPa and 0.44 MPa. Ruptured AAA geometries produced higher
stresses, with maximum von Mises stresses of σvM rAA1 = 1.09 MPa and σvM rAA2 =
2.1 MPa.
Subject
N1

Max
diam.
(cm)
1.63

Peak wall stress
(Isotropic, von Mises,
MPa)
0.35

0.44
0.50 wILT
n-rAAA 4.60
-- wILT & 1 Ca
1.09 wILT
rAAA 1 7.10
1.23 wILT & 3 Ca
2.10 wILT
rAAA 2 4.90
2.16 wILT & plaque Ca
Table 5 von Mises and principal axis, p1, stresses
aortas.
N2

1.80

Peak wall stress
(anisotropic, p1 stress,
MPa)
0.37

RPI
--

0.54
-0.65 wILT
-0.70 wILT & 1 Ca
1.37 wILT
0.8
1.54 wILT & 3 Ca
2.17 wILT
0.9
2.18 wILT & plaque Ca
for the normal and pathological

The anisotropic simulations follow similar trend as the isotropic studies
with principal axis stresses p1 value significantly increasing from normal to
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pathological cases. Normal subjects have maximum values of p1N1 = 0.37 MPa
and p1N2 = 0.54. For ruptured AAA cases, maximum values were p1rAAA1 = 1.37
MPa and p1rAAA2 = 2.17 MPa.
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Figure 36 (A) Velocity vector fields 0.15 sec after peak systole. (B) Von Mises
stress for the isotropic material model (C) Principal axis stress, p1 for the
anisotropic material model.
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For the first ruptured AAA geometry, the highest stresses were along the
actual rupture line Figure 37. The FSI simulation identified the location of rupture
and another close to the aneurysm neck. The other location of high stress,
identified from the simulation results, could be possible of secondary rupture.
However, anisotropic peak stress values 1.37 MPa that occur at peak systole
were prominent in the rupture area.

location of rupture

Figure 37 Maximum stress and its correlation with location of rupture
The simulation predicted regions of elevated stresses along the actual
rupture line which coincided with calcification spot locations Figure 37 (left inset).
Calcified spots considered in the study can be categorized into two groups. Small
calcified pieces, maximum diameter less than 4.0 mm, present near rupture
locations were the first group. The second group was for large plaque-like
calcified regions.
In the non-ruptured AAA geometry, calcification embedded in the wall,
distal to the ILT location, increased the local stress by 36.8% for the anisotropic
case [168]. In the first rAAA, three calcification spots near the rupture location
also increased the peak stresses by 12.8% for the isotropic case and by 12.4%
for the anisotropic case. The plaque-like calcifications reduced the local wall
stresses near the calcification by 21% for both material models. Summary of
results into the effect of calcification are presented in Table 5.
Geometrical features and patient specific data were used to map the wall
strength for geometries considered in the study Figure 38. For rAAA1, the values
were from 50 to 109.2 N/cm2 and from 68.7 to 131.6 N/cm2 for rAAA2. Based on
76

local stress values, rupture potential index (RPI) was calculated as the ratio of
local stress and local wall strength Figure 38. Values for RPI for both ruptured
geometries were close to unity, indicating high risk of rupture. RPI values are
presented in Table 5 show maximum values of RPIrAAA1= 0.8 and RPIrAAA2 = 0.95,
with at least one of the high RPI value regions coinciding with the actual location
of rupture.

Figure 38 Wall strength estimation for the ruptured AAA and evaluation of the
rupture potential index (RPI).
Discussion The ruptured geometries can be considered advanced
disease state of the AAA condition. At this state, multiple high stress regions
were present. Based on FSI results, locations of highest stresses identified
potential to rupture sites. The peak stress at peak systole, 0.305 sec from the
start of the cardiac cycle, was prominent in the actual rupture location.
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From the medical images, multiple calcified pieces were known to be
present in these geometries. Calcifications embedded near the rupture location
appear to elevate the risk of rupture by creating stress concentrations. The large
calcified pieces had the opposite effect by stiffening the wall to the local stresses.
Anisotropic simulations produced higher stresses than isotropic material
representation Table 5, in agreement to our previous studies [153] and studies by
other groups [140]. ILT appeared to have provided a cushioning effect, reducing
the local stresses.
The ultimate goal of these studies is to quantify AAA risk of rupture by
determining whether the wall actually fails. This requires weighing the local wall
stress against the local wall strength. While the stresses can be extracted from
the simulation, obtaining material strength requires indirect estimate of
biomechanical and clinical parameters and patient specific medical history.
RPI [169], used in this study, was an attempt towards achieving this goal.
Reduction in wall strength, compromising the integrity of the aneurism at the
aneurysmal bulge was seen from the strength map of the aortic wall Figure 38.
For both ruptured geometries, location of maximum RPI coincided with actual
rupture location (indicated by a dashed line). Higher RPI value or 0.95 was
obtained for the smaller, 4.9 cm, ruptured aneurysm than the larger 7.1 cm
geometry with RPI value of 0.8. This was indicative for augmenting the criterion
for surgical intervention solely based on the size of the aneurysm. This was in
agreement with the fact that smaller aneurysms known to rupture and some
larger ones could remain intact. It might aid to improve our understanding of AAA
disease progression and improve our ability to quantify rupture risk.
These simulations were conducted assuming uniform wall thickness which
may distort of the stress values and their distribution. The anisotropic material
properties, based on specimen obtained either post mortem or during surgical
procedures, were not specific to the patients considered in this study. This study
only considers the mechanical stresses present in the aneurysmal geometry and
did not consider the physiological and biochemical mechanisms involved in AAA
wall degradation.
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Results from these simulations show more than one region of elevated
stress. These high stress regions and stress gradient, the distribution of stress
near these regions, may indicate regions with higher rupture potential. However,
understanding the relation between stress gradient and rupture will require
detailed analysis the magnitude and location that produces elevated rupture
potential.
The highest stresses were not at observed location of rupture. Additional
mechanism such as local weakening of the vessel wall due to depleted of
stiffening fibers (smooth muscle cells, elastin and collagen [118-119]) may also
need to be considered. The presence of calcification as shown previously
elevates the stresses. Interaction between many calcified regions and the stress
propagation that may result was not considered.
Based on biomechanical considerations were shown to produce predictive
capability that could improve the evaluation of AAA patients. This can spare
patients from risky surgical interventions, which are currently based on size of the
aneurysm. The patient specific evaluation of rupture risk, presented in this study
uses FSI to evaluate the stresses within the aneurysmal wall due to the
interaction of AAA geometry, hemodynamics, and the mechanical response of
the aneurysmal wall.

Summary of VP and AAA numerical studies in ideal and patient
specific geometries into the role of vessel wall material property and
geometry
Numerical simulations have previously been used by others study
conditions present in vulnerable plaque (VP) and abdominal aortic aneurysms
(AAA). Most of these studies were based on either static pressurization or fluid
flow studies. The studies presented in this dissertation, are all fully coupled fluid
structure interaction (FSI) simulations that account for the interaction of fluid flow
and vessel wall deformations, similar to conditions present in the physiologic
conditions.
The presented vulnerable plaque simulations explore the role of micro
calcification in altering the stresses present in the fibrous cap. These FSI studies
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show the propagation of stresses near micro calcification and its contribution
elevating its VP rupture risk.
Realistic blood vessel tissue is known to be anisotropic having preferred
direction of stretching. In this dissertation anisotropic vessel wall properties,
derived from published data, were used. While anisotropic and isotropic
simulations identified similar high stress regions, the results show isotropic
simulations to underpredict these stresses.
Most of these studies were based on patient specific AAA geometries that
include the various vessel wall components of AAA. One study presented in this
dissertation is parametric consideration of the role of iliac bifurcation and neck
angle in idealized AAA geometry. These show geometrical features, in addition to
aneurysmal diameter has a part in elevating stresses present in the vessel.
Past AAA numerical simulations identify possible locations of rupture from
high stress present in the vessel. Some of these studies are for larger diameter
AAAs at later stages of the disease process.
Numerical simulation performed at various stages of the disease process
may add to our understanding into the role of mechanical stresses in the growth
of aneurysms. The last group of studies presented in this dissertation considers
conditions present in normal abdominal aorta and ruptured AAA geometries. For
ruptured geometries rupture potential index (RPI), developed by others, that
accounts for patient specific risk factors were used to augment the simulation
result in assessing their risk of rupture.
The above groups of studies were based on the interaction of blood flow
and solid vessel wall deformations to determine the stresses generated in the
vessel wall. Physicians may be able to use the magnitude and location of high
stress regions, offered by numerical simulation, to assess risk of rupture
vulnerable plaque and abdominal aortic aneurysms. Pathological vessel wall
conditions of vulnerable plaque and abdominal aortic aneurysm remodel the
vessel geometry and alter the vessel wall composition. Both VP and AAA may
contain calcifications and ILT. The presence of these components with the vessel
wall remodeling alters the geometry and thus the flow conditions.
80

In FSI simulations, wall shear stress and pressure is transmitted to
generate stresses and deformation of the solid domain. Stresses that develop in
these geometries are from the contribution of vessel geometry and vessel wall
material property. Realistic representation of blood vessel material property
needs to consider collagen fibers and their role in generating preferred direction
of stretch.
In addition to material properties, the role of geometry was studied.
Parametric numerical simulations were used to study the contribution of iliac
bifurcation and neck angle to the stresses generated in the vessel wall.
Lastly, the ability of numerical simulation to identify rupture location,
location of material failure, was considered in reconstructed geometries of
ruptured AAA. Patient specific parameters, AAA geometry and vessel wall
stresses were used to construct rupture potential index.

•

Presences of micro calcification in vulnerable plaques amplify the stresses in
the fibrous cap and contribute to elevating rupture risk.

•

Anisotropic material property produced higher stresses than isotropic material
description of abdominal aortic aneurysm.

•

Simulations conducted in ideal AAA geometries show correlation between
iliac angle and vessel wall stress.

•

Certain bifurcation angles minimize the vessel wall stresses which may
reduce the vessel wall stresses and risk of rupture.

•

The thinner and stiffer healthy vessel wall tissue was more sensitive to
presence of calcification than ILT tissue.

•

Location of AAA rupture was identified as one of the regions of high stress,
indicating a correlation between high stress region and location of rupture.
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IV. Conclusion
Advanced numerical tools were developed and employed to investigate
challenging

pathological

cardiovascular

diseases.

flow

problems

These

tools

that

underlie

were

used

and
for

characterize
representative

cardiovascular disease conditions present in blood vessels and flow conditions
present in cardiovascular devices. Conditions present in AAA and VP were used
to represent pathological blood vessels and prosthetic heart valves (PHV)
representing pathological flow conditions. The results from these simulations and
the subsequent post processing techniques can aid optimizing the design of
future

cardiovascular

devices

and

to

cardiovascular pathologies.
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Appendix A – Procedures for injection of particles and
extraction of particle data from Fluent Discrete Phase
simulations
Creating injections for Discrete Phase Modeling (DPM)
1. Create injection plane
Surface →Plane
Define location of injection plane

2. Create injection
Define → Injections
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Click on Create
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Under Injection Type select surface and choose the surface where
particles are injected
Under Material select water-liquid
Under Point Properties define particle diameter, injection start and end
times
Note: If conducting turbulent simulation, the following steps are also needed
Click the Turbulent Dispersion tab
Click on Discrete Random Walk Model under Stochastic Tracking
section

3. Define discrete phase model
Define → Models → Discrete Phase
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Check Interaction with Continuous Phase
Go to Parallel tab and check Workpile Algorithm in Shared Memory
Options
Note: at the start of the simulation, check if the Workpile Algorithm in
Shared Memory Options is still selected.
Extracting stress information
4. Incorporate “function5.txt.scm” file into .cas file
Open Fluent and the .cas file
Go to Define → Custom Field Functions
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Click on Manage

Click on Load to load function5.txt.scm
File function5.txt.scm, used to calculate the laminar, turbulent and total
stress values for each particle.
Note: There is no need to modify this file.
The total stress tensor includes both the mean and the turbulent stresses
components:
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⎛ ∂u i

τ ij = µ ⎜⎜

⎝ ∂x j

+

∂u j ⎞
⎟ − ρ u i' u 'j
∂xi ⎟⎠

τ ij − stress tensor, µ − viscosity
∂u i
− mean velocity gradient, ρ − density
∂x j
u i' u 'j − turbulent/Reynlods stress

Boussinesq approximation was substituted for the Reynolds stress component of
the total stress tensor accordingly:

⎛ ∂ui

τ ij ≈ µ ⎜⎜

⎝ ∂x j

+

⎛
∂u j ⎞ 2
∂u
⎟ + ρ kδ ij − µ t ⎜ ∂ui + j
⎜ ∂x
∂xi ⎟⎠ 3
⎝ j ∂xi

⎞
⎟
⎟
⎠

k − turbulent kinetic energy

µ t − turbulent viscosity
The following two components of the tensor are given to show the general form
of all tensor components.

⎛ ∂u1 ∂u1 ⎞ 2
⎛ ∂u ∂u ⎞
⎟⎟ + ρ k − µ t ⎜⎜ 1 + 1 ⎟⎟
+
⎝ ∂x1 ∂x1 ⎠ 3
⎝ ∂x1 ∂x1 ⎠
⎛ ∂u ⎞ 2
⎛ ∂u ⎞
= 2µ ⎜⎜ 1 ⎟⎟ + ρ k − 2µ t ⎜⎜ 1 ⎟⎟
⎝ ∂x1 ⎠ 3
⎝ ∂x1 ⎠

τ 11 ≈ µ ⎜⎜

⎛ ∂u ∂u ⎞
⎛ ∂u1 ∂u 2 ⎞
⎟⎟ − µ t ⎜⎜ 1 + 2 ⎟⎟
+
⎝ ∂x2 ∂x1 ⎠
⎝ ∂x2 ∂x1 ⎠

τ 12 ≈ µ ⎜⎜

The values of viscosity, turbulent viscosity, turbulent kinetic energy and
components of mean velocity gradient were extracted accordingly for pertinent
platelet trajectories in which the stress accumulation was computed.
Components of the stress tensor were then rendered into a scalar stress value
based on the formulation outlined by J. Apel et al. (Artif Organs 2001;25:341–7)

100

σ=

1
3

τ 112 + τ 222 + τ 332 − τ 11τ 22 − τ 22τ 33 −τ 11τ 33 + 3(τ 122 + τ 232 + τ 132 )

σ − scalar stress
5. Create journal files – similar to macro script (stress, position)
Two journal files, one for position and another for stress, are required for stress
accumulation calculation. These journals are “constructed” using the following
methods. The procedures outlined below are for unsteady (transient) simulations.
Stress journal construction
Load the .cas file in, and one of the data files.
Start journal file
Go to File → Write → Start Journal
Go to Display → Particle Tracks
Under the Color by option choose type of stress (laminar, turb, total) interested
in extracting
In the Release from injections, highlight injection of interest
Under Options, check the XY Plot, and click on Display
Under Options, check the Write to File, and click on Write
Write the file (name should be in the form “stress_%t.dat”), the “%t” will be
replaced by the current data file number
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Go to File → Write → Stop Journal
Open the journal file in text/vi editor and remove the last line dealing with the
“stop journal” statement.
exit from fluent
Position journal construction
Load the .cas file in, and one of the data files.
Start journal file
Go to File → Write → Start Journal
Go to Display → Particle Tracks
Under the Color by option choose Particle Variables and Particle ID
from the lower drop down menu
In the Release from injections, highlight injection of interest
Choose Summary from the Report Type section
From the Report to section, choose File
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Click on Write to write the file
Note: the file name is “file.part” and set by Fluent and cannot be modified

Go to File → Write → Stop Journal
Open the journal file in text/vi editor and remove the last line dealing with the
“stop journal” statement.
exit from fluent
6. To (load “anim1.scm”) file in Fluent
Open the .cas file, then in the console type (load “anim1.scm”)
Type (auto-animate “data_file_name” start end
“journal_file_name”)
data_file_name is the common repeating part of the data files
journal_file_name is the name of the macro-type script
start = start time number
end = end time number
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File “anim1.scm”, this is animator file which is used to open and close the
transient data files.
CODE

COMMENT

;;
;; Function to read (last-first) data files named
;;
;; base000first.dat.gz
;; base000......dat.ga
;; base0000last.dat.gz
;;
;; where first last are integers, base is a string
and journal-file-name
;; is a journal file to create an image for
animation from the data file
;;
(define (auto-animate base first last journalfile-name)
(if (<= first last)
(begin
; Create index (string) padded with zeros

← adjust the “pad-

(define padded-index (pad-zeros (number->string

zeros” based on the

first) 4))

data file names

; Create data file string name
(define name (string-append (string-append
(string-append base) padded-index) ".dat.gz"))
; Read data file
(read-data name)
; Read animation journal file
(ti-read-journal journal-file-name)

← adjust the “auto; Recursively call function...
(auto-animate base (+ first 20) last journal-filename)
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animate base” based
on the increment data

files.

)
(begin
(display "Auto-animate is done.")
)
)
)

For stress data extraction, run the animator and journal file as described above.
For the position data extraction, it is bit more involved and requires constant
watch by the user.
Note: The file name for the extracted position information is “file.part” and this
needs to be changed to some other name by the user every time it is created. If
not, the file will be overwritten, data lost, and animator will issue error messages.
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