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Abstract

A computational fluid dynamics (CFD) methodology is developed to assess the
hydrodynamic and hemodynamic performance of a positive displacement left ventricular assist device (LVAD). The pulsatile behavior of the device is developed
by implementing valve and piston models to simulate the dynamic effects of valve
closure and chamber compression. High fidelity unstructured meshes along with an
implicit-LES (Large Eddy Simulation) approach to turbulence are used to model
the transitional to low Reynolds number turbulent flows. Grid, time step, and
piston modeling studies are performed to evaluate the computational methodology. The thrombosis susceptibility potential (TSP) is developed to gain insight
into the device hemodynamic performance and elucidate regions of consistently
low wall shear as potential deposition sites. The area- and time-integrated TSP
value allowed a quantitative comparison as a means of ranking device performance.
A scaling analysis is performed to study the effects of geometric scale on thrombus
deposition. Several design variants are analyzed and validated against in vitro PIV
data by comparing velocity and wall shear stress measurements. Finally, various
mechanical valve types and valve orientations are assessed.
The computational results compare well against in vitro measurements, demonstrating similar mitral jet and chamber rotational patterns within the device.
These comparisons give confidence that CFD adequately predicts the device flow
field, including aspects which are not easily measured experimentally, in particular
the device wall shear. A scaling analysis demonstrated which device geometric
and flow field parameters are important for device scaling. The CFD results show
that maintaining Reynolds and Strouhal number when geometrically scaling from
the 70 cc to the 50 cc device results in a less thrombogenic chamber flow. Design
comparisons indicate that the addition of a curved front face to the chamber design
increases the TSP of the modified device. Finally, the use of Bjork-Shiley monostrut valves in the mitral port yields increased wall washing within the device.
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Chapter

1

Introduction
Mechanical heart replacement represents a promising therapeutic option for patients suffering from advanced stage heart failure. The causes of heart failure can
range from birth defects, to infection, to chronic cardiovascular disease. Cardiovascular disease includes high blood pressure, coronary heart disease, stroke, heart
failure, and congenital cardiovascular defects. Cardiovascular disease accounts for
more deaths today than the next four leading causes of death combined and results
in a death in America every thirty seconds [1]. Since 1900, cardiovascular disease
has been the number one killer in the United States every year but 1918 [1]. In
2003, cardiovascular disease was the underlying cause of 1 in every 2.7 deaths in
the United States [1].
Annually, about 800,000 new cases of heart disease are diagnosed [2]. Heart
disease can affect the heart valves, the arteries leading to the heart, the ability of
the heart to pump an adequate amount of blood, or the overall ability of the heart
to function properly. Less extreme cases of heart disease can often be treated with
a combination of drug therapy or minor surgery; however, severe cases will possibly require replacement of the failing heart. Ideally a compatible human heart
would be implanted in place of the diseased heart. However, this is problematic,
as estimates have suggested that as many as 50,000 Americans could use a new
heart at any given time; whereas in a typical year the number of hearts available for
transplantation is on the order of 2,500 [2]. The mean waiting time for heart transplantation was 37.6 days in 1989, exceeded 100 days in 1992, and was prolonged to
304 days in 1998 [3]. Beginning as early as the 1960s, artificial mechanical hearts
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have been designed and tested in an effort to alleviate this shortcoming.
Over the past thirty years the death rate from all cardiovascular diseases has
decreased substantially. The major exception to this trend has been the rapid increase in deaths due to congestive heart failure. Congestive heart failure accounted
for approximately 10,000 deaths in 1970 and increased to nearly 50,000 deaths in
2002, with another 200,000 deaths related to the condition [4]. Congestive heart
failure is a chronic disorder that develops over time, characterized by the inability
of the heart to pump enough blood to adequately support the body; and does not
necessarily suggest that the heart has entirely stopped working [4]. In the United
States about five million people are living with heart failure [1, 5], with 550,000
people diagnosed each year at a cost ranging from 10 billion to 40 billion dollars [5].
Half of the patients diagnosed with congestive heart failure will not survive past
five years [4, 5].
The magnitude of the congestive heart failure problem is expected to continue
to grow for several reasons. First, as more cardiac patients are able to survive and
live longer with their disease, their opportunity to develop congestive heart failure
increases. And second, future growth in the elderly population will likely result in
increasing numbers of persons with this condition, regardless of trends in coronary
disease morbidity and mortality [6].
The long wait times of the transplant list, combined with the high mortality of
congestive heart failure, means that many patients will not survive until a donor
heart becomes available. High mortality was the driving factor behind the concept
of using a mechanical heart assist device as a “bridge-to-transplant”. “Ventricular
assist devices are used to support a failing heart in patients awaiting a donor for
heart transplantation who might not otherwise survive until a donor became available” [2]. In 1994, the Food and Drug Administration (FDA) approved pneumatically driven left ventricular assist devices (LVADs) as a bridge-to-transplantation.
Self contained, electric devices were approved for this purpose in 1998 [5]. The
use of heart assist devices as a “bridge-to-transplant” expanded their scope of use,
lending considerable impetus to continued research. Experience has shown that
approximately sixty percent of patients survive to cardiac transplantation, and
ninety percent of those are successfully discharged when a ventricular assist device
is used as a “bridge-to-transplant” [2, 3, 7, 8].
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Mechanical cardiac assist devices can be divided into two main categories, total
artificial hearts and ventricular assist devices (VADs) . Total artificial hearts are
meant to replace the entire heart, providing pumping for both the right and left
ventricle. Ventricular assist devices are typically used to augment the left ventricle,
which performs about eighty percent of the heart’s work. Typically, when a VAD
is used, the heart will not be removed from the patient and the mechanical device
will be implanted in the abdomen and connected to the natural ventricle. For cases
when right ventricle support is also necessary, a second device could potentially
be implanted and connected to the right ventricle. “Recently it has been realized
that more diseased natural hearts would recover if the diseased heart is given rest
for at least one year through the utilization of blood pumps. If we allow a diseased
natural heart to remain, it could provide a means to recovery, and the patient is
not totally device dependent” [7]. Heart function recovery has been reported to
be as high as thirty percent or as low five percent, with no clear indicators as to
which cases can be expected to recover [3].
A study entitled the Randomized Evaluation of Mechanical Assistance for the
Treatment of Congestive Heart Failure (REMATCH) study, conducted throughout the late 1990’s, compared the survival rate of patients with mechanical heart
assistance against a group of patients that received drug therapy [5]. The study
group concluded that the “use of a left ventricular assist device in patients with
advanced heart failure resulted in a clinically meaningful survival benefit and improved quality of life. A LVAD is an acceptable alternative therapy in selected
patients who are not candidates for cardiac transplantation” [5]. Once the benefits
of mechanical heart assist devices were established, the goal for researchers shifted
to developing a fully implantable, long-term heart assist device that would allow
the recipient to lead a normal life and return to the work force.
Despite the promise of mechanical heart assistance, there remain several serious
issues with the devices necessitating further research and development. Multiple
organ failure, right ventricular failure, hemolysis, thromboembolic incidents (such
as stroke), bleeding due to anticoagulation, infections, and sepsis remain major
hurdles in the development of a long term implantable device, and are the primary
causes of death in patients receiving mechanical circulatory support [9]. Approximately thirty percent of patients suffer from multi-organ failure, primarily induced
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by poor portal circulation for the liver [7]. Undesirable flow field features and nonbiological blood contacting surfaces can damage the integrity of the blood cells,
leading to the formation of clots (thrombosis) or the destruction of red blood cells
(hemolysis). As is the case with recipients of mechanical heart valve replacements,
most mechanical blood pump patients will receive anticoagulation therapy for the
duration of their life, increasing their susceptibility to bleeding. Despite anticoagulation therapy, thromboembolic complication rates of thirty percent are commonly
reported [10]. The incidence of the various complications increases when the duration of mechanical support exceeds one hundred days [3].

1.1

Physiology of the Human Heart

Before studying a mechanical heart assist device, it is first important to develop an
understanding of the physiological operation of the natural heart. The human heart
is a double pump consisting of four chambers (figure 1.1): the right and left atrium
and the right and left ventricle. The atriums function as collection chambers, while
the ventricles provide the pumping; the majority of which is provided by the left
ventricle. The heart contains four valves (tricuspid, pulmonary, mitral, and aortic),
which maintain the uni-directional flow of the blood throughout the heart and
body. The tricuspid valve separates the right atrium from the right ventricle. The
mitral valve performs the same function between the left atrium and left ventricle.
The pulmonary and aortic valves are located at the right and left ventricle exits
respectively.
The path of blood through the various chambers of the heart is as follows. The
right atrium receives oxygen poor blood from the body. The right ventricle then
pumps the blood received from the right atrium to the lungs via the pulmonary
artery. The oxygen rich blood from the lungs is collected in the left atrium and
subsequently pumped, by the left ventricle, through the aortic arch to the entire
body.
The cardiac cycle can be divided into four parts: the diastolic phase, the isovolumetric contraction phase, the systolic phase, and the iso-volumetric relaxation
phase [12]. A pressure-volume diagram provides a useful visualization tool for the
idealized cardiac cycle (figure 1.2), and is described as follows in context of the left
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Figure 1.1. Schematic of the human heart [11].

ventricle. During diastole, the left ventricle relaxes with the mitral valve open to
allow filling from the left atrium (part a). This ventricular filling is characterized by
a large increase in ventricular volume at a relatively constant ventricular pressure.
The mitral valve then closes and the ventricle begins to contract. The beginning
of this contraction is iso-volumetric as it occurs while both the mitral and aortic
valves are closed (part b). During this phase the volume of blood in the ventricle
is unchanged and the increased tension in the heart wall rapidly increases the
pressure within the ventricle. Once the ventricular pressure reaches a sufficiently
high value, the aortic valve opens and blood is ejected from the heart into the aorta.
This process is known as systole (part c) and is characterized by a large decrease
in ventricle volume along with a moderate variation in ventricle pressure. Finally,
both valves close and an iso-volumetric relaxation occurs (part d) terminating when
the ventricular pressure reaches a sufficiently low value, due to reduced tension in
the heart muscle, opening the mitral valve and repeating the cycle.
Figure 1.3 plots the time history for pressure, flow rate, and chamber volume for
a typical heart with a beat rate of 75 beats per minute (BPM). The pressure plot
shows the left atrial, left ventricle, and aortic pressures. The atrial pressure fluctuates moderately between 0 mmHg and 20 mmHg. Larger fluctuations are observed
in the aortic pressure, which fluctuates between 80 mmHg and 120 mmHg. The
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Figure 1.2. Pressure-Volume diagram describing the function of the human left ventricle [13].

ventricular pressure exhibits the largest variations, spanning the distance between
the atrial and aortic pressures. The mitral valve closes and opens approximately
when the ventricular pressure matches the atrial pressure. Likewise, the aortic
valve opens and closes when the ventricular pressure closely matches the aortic
pressure. Aortic valve closure is further aided by vortices that develop downstream
of the valve during systolic deceleration [12, 14]. The valve behavior results in the
pulsatile nature of the blood flow observed in figure 1.3.
The heart ejects blood in pulses, however the flow remains relatively constant
downstream of the first tract of the arterial tree [15]. This phenomenon is due
to the Windkessel effect. The Windkessel effect is the result of arterial compliance, particularly in the aortic arch. If the arteries were rigid, the pulsatile nature
of blood flow would be maintained throughout the body. However, arterial compliance along with high aortic pressure causes an expansion of the aorta during
systole. During diastole, the tension in the aortic walls contracts the aorta, yielding a reduced but continuous blood flow to the body, despite the aortic valve
being closed and no blood flow leaving the heart. The compliance of the aortic
walls modifies the pressure history seen downstream of the aortic valve, influencing
valve closure.
A typical resting heart rate can vary between sixty and one hundred beats per
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Figure 1.3. Plot of time history of typical left ventricular pressure, flow rate and
chamber volume [9].

minute and deliver about five to six liters per minute of blood from each ventricle.
During exercise the heart rate can approach two hundred beats per minute.
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1.2

Heart Assist Device Design and Analysis

Before a ventricular assist device is approved for clinical trial in patients, it must
first undergo an extensive period of design and testing. The design process is
complicated by the combined concern for both hydraulic and hematologic aspects
of the device. “The hydraulic design ensures that the pump delivers appropriate
flow rates against a given pressure head; the hematologic design aims at minimizing
the blood damage in the pump” [16]. It is widely hypothesized that blood damage
is due both to shear stress and flow stagnation. However, the exact mechanisms
of blood damage are not well understood, complicating the design process.
There are three primary methods for evaluating a heart assist device: in vivo experiments, in vitro experiments, and computational fluid dynamic (CFD) analysis.
Each of these methods has distinct advantages and disadvantages. Experimental
studies can be expensive, labor-intensive, and restrictive to geometrical variation.
Computational analysis, while being cheaper and more flexible regarding geometric
variation, has yet to reach an adequate level of maturity to allow computational
results to completely substitute for experimental results. A recent FDA workshop
concluded that CFD and in vitro experiments should be part of the preclinical
testing used to obtain approval to start a clinical trial [17]. Similarly, in vivo
testing is appropriate to obtain data on how the device functions within a foreign
host [17]. Each of the analysis techniques will now be briefly discussed.

1.2.1

In Vivo Experiments

In vivo refers to the testing of a device in a living subject. In vivo investigations fall
into two categories: animal trials and the statistical observation of human trials.
Animal trials are intended to closely mimic the conditions that would pervade in
a human subject. The LVAD can be explanted at the conclusion of an animal
trial and examined for areas of thrombus deposition. Also, upon sacrificing the
animal, the internal organs can be examined for evidence of thrombus embolization.
Clinical trials primarily yield information on the recoverability and survivability
of patients with a particular heart assist device. Before beginning human trials
the device must undergo rigorous animal testing. In vivo studies are extremely
expensive and subject to a degree of variability due to the physiological differences
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between subjects. Also, in vivo trials yield little information on the characteristics
of the flow field through the device, as detailed flow measurements are impractical
in a live subject. Relating in vivo observations to the device fluid dynamics requires
a second method to provide flow field details, under similar operating conditions.

1.2.2

In Vitro Experiments

In vitro experiments take place in the traditional laboratory testing environment.
Typically, the device is inserted into some variation of a mock circulatory pump
loop and detailed flow field measurements are obtained. Due to difficulties associated with using blood in such an environment (loss of optical access, blood
coagulation, etc.) a blood analog fluid is typically substituted. Therefore, in vitro
experiments usually do not yield any direct information on blood damage or thrombus deposition, though regions of in vivo thrombus deposition can be examined
using in vitro techniques. Blood damage testing is possible under careful in vitro
test conditions at the expense of optical flow field measurements.
An optically accessible in vitro setup permits detailed flow field measurements
using particle image velocimetry (PIV), laser Doppler velocimetry (LDV), laser
Doppler anemometry (LDA), or other laser measurement techniques. These techniques can be used to non-obtrusively obtain the velocity field within the device. Each method has inherent advantages and disadvantages; for example, PIV
encounters difficulties with near wall measurements, potentially reducing the accuracy and practicality of wall shear stress estimations, though high-resolution
PIV has matured in this regard [18, 19]. A second disadvantage is that PIV and
LDV typically neglect the third component of velocity traversing the measurement
plane. Three-dimensional PIV and LDV are possible, but are more expensive than
two-dimensional measurements.

1.2.3

Computational Fluid Dynamic Analysis

Advancements in computer hardware and software have enabled computational
fluid dynamics to today become an integral component of the design process in
many fields including turbomachinery. The analysis of many rotary pumps is simplified by applying a quasi-steady approach. Often it is reasonable to ignore the
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complicated relative motions occurring within these devices and solve the problem
in a piecewise fashion. The rotation of the turbomachine can then be included by
simply adding the centrifugal and Coriolis terms into the fluid dynamic momentum
equations, eliminating the need for a time consuming and potentially complicated
unsteady analysis. This documented experience greatly increases the confidence
in the CFD results of rotating type devices. The same type of analysis methods
can be applied to axial and centrifugal blood pumps, which make up a portion of
available heart assist devices. CFD has only recently begun to reach its potential
for biological applications, including heart assist devices. This is due to the additional complexities inherent to biological systems such as: compliant surfaces,
blood acting as the working fluid, and the complexity of the systems.
Positive displacement pumps cannot be adequately represented with a simplified, quasi-steady analysis. Certain isolated portions of the cardiac cycle can be
analyzed using a steady analysis; however, the operation of a positive displacement
pump is inherently unsteady. The movement of a pusher plate varies the pump
chamber volume, resulting in a pulsed flow. Positive displacement pumps contain
valves that regulate the direction of flow through the pump. The valve opening and
closing phases are coupled to the piston motion and its influence on the chamber
pressure.
The analysis of a positive displacement LVAD is complicated by relative motion
between components, wall compliance, pulsatile flow, transitional or low-Reynolds
number turbulent flow, and non-Newtonian blood rheology. The pulsatile nature
of the blood flow combined with the relative motion of components gives rise to
a complex, highly unsteady, often transitional to low-Reynolds number turbulent
flow. This flow is characterized by regions of flow reversal, three-dimensional separation, and vortex shedding [20]. Most previous CFD studies were limited to
steady flows, which is a valid assumption only when analyzing certain isolated
phases of the pump cycle [21]. Other investigations assumed a steady and/or
two-dimensional flow, with the effects of turbulence largely being ignored and the
grid density being fairly coarse. A fully coupled fluid-structure interaction (FSI)
analysis of the moving valve leaflets and chamber pusher plate is needed to fully
reproduce all aspects of device function.
Computational fluid dynamics provides researchers with detailed, three-dimen-
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sional flow-field data. CFD computations provide parameters such as wall-shear
stress, local shear stress, and particle residence time; all important for hematological considerations and not readily obtainable using experimental measurement
techniques. Hose [22] stated that the most important fluid dynamic phenomena
occur in the immediate vicinity of the valves and rings where experimental measurements are difficult. Continued research is necessary to develop computational
tools and models to a level adequate for CFD to reach its full potential. Specifically
in the areas of fluid-structure interactions, complex grid motion techniques, nonNewtonian modeling, and transitional flow simulation, CFD must rely on numerical
techniques that can handle the geometric complexities with sufficient spatial and
temporal resolution to accurately capture the hemodynamically relevant scales of
motion [20]. A CFD analysis of a positive displacement pump must also be capable of handling moving bodies, blood damage rheology, and transitional flows.
Though CFD is just now beginning to reach a level of maturity where design-cycle
analysis of a positive displacement pump is possible, the exponential growth of
computing power will allow many of the modeling obstacles to be overcome in the
not so distant future.

1.3

Pump Performance

Heart assist devices are mechanical pumps that function to augment or replace
the natural heart. Centrifugal, axial, and positive displacement pumps are all
currently used as heart assist devices. Centrifugal and axial pumps provide a
continuous flow rate to the body; whereas a positive displacement pump (PDP)
reproducing the natural heart’s behavior by providing a pulsatile flow to the body.
A positive displacement pump is the focus of the current research.
Figure 1.4 shows pump performance and system curves, describing the operation, of a typical axial or centrifugal pump. The pump curve shows that as the
flow rate is increased, the pressure head against which the pump can provide the
desired flow decreases. The system curve shows that as the flow rate increases,
the systemic resistance increases, resulting in increased pressure losses through the
system. The operating point of a rotary pump is determined by the intersection
of the pump and system curves.
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Figure 1.4. Pump and system curve for a rotary pump.

The pump performance curves for a positive displacement pump differ substantially from a rotary pump, as shown in figure 1.5. The positive displacement
pump curve is a series of vertical lines, implying that flow rate is independent of
pressure head. The system curve (systemic resistance) is again a function of flow
rate, since system resistance is largely independent of the pumping mechanism.
Further insight can be gained into the shape of the positive displacement pump
curve by looking more closely at the operation of a positive displacement pump.

Figure 1.5. Pump and system curve for a positive displacement pump.

Positive displacement pumps produce a flow of fluid to which the downstream
system produces a flow resistance, thereby a pressure rise is generated at the discharge of the pump [23]. The flow rate through a positive displacement pump is
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determined solely by stroke volume and stroke rate and is independent of the systemic resistance. The pump curves are vertical in figure 1.5 because the pump will
provide the same flow rate, when operating at the same conditions, at most system
resistances. Unlike a rotary pump, a positive displacement pump can provide the
desired flow against any pressure head, so long as the pump is not mechanically
compromised. When pumping against an excessively high pressure, the pump seals
may fail and/or the motor driving the piston may no longer provide adequate force
to drive the flow, at which point the flow rate will drop rapidly. However, barring
this type of catastrophic failure the flow will be unaffected by the system resistance
and the pump curves will remain vertical lines.

1.4

Penn State Left Ventricular Assist Device

The 70 cc pneumatic Penn State University LVAD received FDA approval for
bridge-to-transplant use in 1985 [24]. Since this time the device has been implanted into more than 250 patients worldwide, with a success ratio of over ninety
percent [25]. A completely implantable version of the 70 cc LVAD, dubbed the
“LionHeart”, has also since been developed. This device removed the external
leads present in the pneumatic device, and relied on an electrically driven pusher
plate to achieve the compression, in place of the previous pneumatic compression.
The 70 cc LVAD was developed for use in a patient population exceeding a
body weight of 70 kilograms, restricting use in many women, smaller men, and
children [26]. Scaled-down devices have been prone to thrombus formation during animal testing [25, 27]. It has been hypothesized that the increased level of
thrombosis is related to changes in the flow field when scaling from the 70 cc to
the 50 cc device. Low fluid shear stresses and high residence times are traits that
are believed to influence thrombus formation and deposition within artificial blood
pumps [25, 28, 29, 30, 31, 32]. In addition, high fluid shear, turbulence, and regurgitant jets near the mechanical heart valves can cause blood element activation
and damage, initiating the clotting cascade [33, 34].
The 70 cc pump has performed well hemodynamically with the explanted device from animals and patients generally being free of thrombus. Several fluid
dynamic factors are believed to contribute to the pump’s satisfactory hemody-
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namic performance including: wall-shear stresses high enough during the cycle
to promote wall-washing, low turbulent stresses within the chamber [35], and no
regions of flow stagnation [29]. A single wall-washing recirculation was observed
during diastole, which served to deter thrombus formation and deposition. This
rotational pattern was dependent on both the sac motion and inlet port jet formed
during early diastole [18, 19, 36, 37]. Dye injection showed that washout occurred
within one or two beats, indicating no regions of sustained flow stagnation within
the 70 cc device.
The 70 cc device has been scaled for applications involving smaller adults,
children, and infants. Several related programs are ongoing at the Pennsylvania
State University. One program is working to develop a 15 cc device for pediatric
applications. A second program is developing a fully implantable, electric 50 cc
device for small adults and children. These scaled down versions have generally
been plagued by varying levels of thrombus formation and deposition [38].
The 15 cc pump displayed consistent thrombus deposition on the front surface
of the device chamber nearest the ports. Experiments again showed a single vortex during diastole, with no visible flow stagnation. However, the chamber wall
shear stresses and Reynolds stresses, measured using LDV, were much lower than
observed in the 70 cc chamber [25]. It is believed that the reduction of wall shear
stress increased surface thrombus adhesion [25].
Hochareon et al. performed a series of PIV studies on the 50 cc device [18,
19, 36, 37]. The authors observed regions of low shear rate and flow stasis corresponding to areas of in vivo thrombus formation. It was postulated that platelets,
having been activated by the high shear stresses found in the vicinity of the mitral
valve, deposit in areas of the chamber that do not receive adequate wall-washing,
i.e., regions of low wall shear or flow stagnation.
The work presented herein is part of a larger program aimed at developing new
methods for the analysis and design of small blood pumps focusing in particular
on continuation of the work on the 50 cc device. A CFD component was added
to the scope of the previous work, along with additional design modifications and
experimental testing.
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1.5

Pump Scaling

Pump scaling is achieved by fixing a group of relevant non-dimensional parameters
and maintaining their values at various pump sizes. The non-dimensional terms
can be developed using the Buckingham-Pi theorem, where the flow rate for the
incompressible flow is written as a function of controlling parameters. For the case
of a positive displacement pump the important fluid dynamic parameters that
govern the flow field are: beat rate, fluid properties, geometric length scales, and
the ratio of chamber filling time to total cycle time (diastolic ratio).
The major geometric features of the 70 cc LVAD are described by the dimensions di , Dp , do , L, and h (figure 1.6), as identified by Bachmann [25]. The
chamber is described by Dp , L, and h, which are the piston diameter (for this
case very close in size to the chamber diameter), stroke length, and chamber fully
compressed thickness respectively. The inlet port diameter is described by di and
the outlet port diameter by do . Geometric scaling dictates that the ratio of these
dimensions be preserved. For the 15 cc and 50 cc devices, the chamber parameters
are geometrically similar to the 70 cc device; however, di and do are restricted in
size due to physiological constraints, which for the smaller LVADs resulted in the
inlet and outlet ports being significantly reduced in diameter [25].

Figure 1.6. Schematic showing major dimensions of the Penn State LVAD. The arrows
illustrate the principal flow direction.
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The functional relationship for scaling of this class of positive displacement
pump is written as follows:
Q = f (di , Dp , do , L, h, N, ρ, µ, R)

(1.1)

where Q is the flow rate, N is the beat rate frequency, ρ and µ are the fluid density
and dynamic viscosity, and R is the ratio of diastolic time (τd ) to cycle time (τ ),
with the cycle time equal to the inverse of the beat rate giving R = τd · N . Since
the flow rate is independent of head rise in a positive displacement pump, the head
rise does not appear in the functional relation for flow rate.
Seven non-dimensional Π groups can be formed from the above functional relationship. This gives the flow coefficient CQ , the Reynolds number Re, four geometric aspect ratios Dp /di , Dp /do , L/di , and h/di , and the already non-dimensional
term R.
CQ =

Q
N d3i

(1.2)

Re =

ρN d2i
µ

(1.3)

For a geometrically similar pump the functional relationship of the flow rate then
takes the following non-dimensional form:
CQ = f (Re, R).

(1.4)

For a rotary pump a head coefficient would be included in the above relationship
in place of the diastolic ratio.
The non-dimensional flow coefficient and Reynolds number developed above
(equation 1.2 and 1.3) can be rewritten, as defined by Bachmann [25] and Deutsch
[38], as a Strouhal number (St) and a Reynolds number. Bachmann defined the
Strouhal number as a velocity scale (U), multiplied by a time scale (T), divided by
a length scale (L). The Reynolds number was defined as a velocity scale, multiplied
by a length scale, divided by the fluid viscosity. For an arbitrary diastolic ratio
the Strouhal number and Reynolds number become:
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(1.5)

(1.6)

Where SV is the chamber stroke volume equal to the stroke length times the
piston surface area. The length scale was chosen by Bachmann as the mitral
port diameter. The time scale was chosen as the diastolic time (τd = R/N ). The
characteristic velocity was determined by dividing the time averaged flow rate over
the diastolic portion of the cycle by the mitral port area, U = 4 Q/ (πd2i · R). The
flow rate (Q) was taken as the stroke volume times the beat rate. For a fifty percent
diastolic ratio, St and Re reduce to the equations quoted by Bachmann [25] and
Deutsch [38].
Previous attempts to apply geometric scaling between the 70 cc and 50 cc
devices have been met with limited success [25, 37, 39]. In vivo observations have
shown that the smaller scaled pumps have suffered from high levels of thrombus
deposition, attributed to regions of inadequate wall shear stress [25, 27]. The
pump scaling was limited by practical design considerations, such as: the size of
commercially available valves, human physiological constraints, and the limited
range of beat rates, owing to the constraint that the device was intended to match
the physiological beat rate range of the native heart.
Gharib et al. [40] performed a study on 73 normal, healthy subjects ranging
in age from 5 days to 84 years. Gharib found that the Strouhal number ranged
from 4 to 7 for a broad range of heart sizes. Table 1.1 shows the typical Reynolds
number and Strouhal number for the three size variants of the PSU LVAD. The
large increase in Strouhal number for the 15 cc device is a result of under-sizing
the inlet port [25, 38].
The primary questions of the scaling analysis are, what flow field characteristics must be preserved to retain the anti-thrombogenic nature of the 70 cc device
in a scaled down model and can a simple, global, non-dimensional parameter be
developed to allow the pump to maintain equivalent wall shear when scaled? In
vivo, in vitro, and computational studies have all contributed to the understanding
of the fluid dynamics of the scaled devices. It is important to the development of
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Table 1.1. Observed peak Reynolds and Strouhal numbers for the various PSU
LVADS [38].

Pump Size

Reynolds Number

Strouhal Number

2482
1054
1567

8.3
4.5
45.3

70 cc
50 cc
15 cc

a small positive displacement blood pump that the rules of scaling be determined
such that the favorable hemodynamics of the 70 cc device can be maintained without degradation of the overall hydraulic performance. In particular, the smaller
pump should maintain the wall shear levels observed in the 70 cc device.
The preceding, scaling analysis neglected several important aspects of the 50 cc
LVAD design. First, the non-dimensional analysis only included the effects of
the flow pulse developed by the piston motion by citing the diastolic ratio as a
controlling parameter. The shape of the piston waveform, including the piston
velocity, acceleration, and subsequent derivatives of the piston motion may also to
play a large role in the development of the chamber flow and shear stresses.
Second, the scaling analysis categorized the device in terms of global variables.
Due to the pulsatile nature of the device it is highly likely that the instantaneous
flow parameters are important parameters determining the thrombogenic behavior
of the device.
A third and final limitation of the previous scaling analysis is that the blood
damage measures were not included. Since the focus was to maintain the antithrombogenic behavior of the larger device, the scaling analysis should develop an
equation relating blood damage to the flow field.

1.6

Objectives

This work applies a physically relevant CFD model to study the complex problem
of a piston driven, positive displacement ventricular assist device. The four specific
objectives of this research are:
1. Develop and validate a CFD method to model a positive displacement LVAD,
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2. Utilize high performance computing, implicit-LES, time-accurate CFD, and
high fidelity unstructured meshes to perform leading edge CFD simulations,
3. Advance understanding of flow physics and hemodynamics occurring within
the device, and
4. More tightly couple CFD into the positive displacement LVAD design methodology.
The first objective is to develop a CFD method to model a positive displacement LVAD. CFD has the potential to model a particular problem in a multitude
of ways. For the CFD results to correspond to the in vivo and in vitro observations, it is important that the analysis be physiologically representative of the
device. This required developing a model to adequately capture both the piston
and valve effects, allowing the pulsatility of the device to be established by their
combined effects. This model is then validated against in vitro PIV data, featuring
comparisons between both the velocity fields and the hemodynamically important
strain rate fields.
The second objective is to utilize high performance computing, implicit-LES,
time-accurate CFD, and high fidelity unstructured meshes to perform leading edge
CFD simulations. In this manner the problem is solved using the current state of
the art computational modeling technologies.
The third objective is to advance the understanding of the flow physics and
hemodynamics occurring within the device. The flow fields, computed by CFD,
are used to predict the hemodynamic performance of the pump. The focus is primarily on improving the understanding of device wall shear and estimating the
effects of the fluid dynamics on the device thrombus deposition. Blood cellular damage is thought to be a function of the fluid shear stress. Several models
appear in the literature which attempt to estimate blood damage based on the
fluid dynamics. To estimate thrombus deposition, a unique parameter called the
thrombosis susceptibility potential is developed and applied, thereby allowing direct comparison between estimated thrombus deposition for differing geometries
and operating conditions.
The final objective is to more tightly couple CFD into the positive displacement LVAD design methodology. This will be done by invoking the validated CFD
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methodology to study design variants, operating conditions, and geometric scale,
with the desire of positively influencing design changes. Once validated, computations can be used to quickly and cheaply evaluate design variations and provide
qualitative and quantitative data, yielding a systematic approach to design modification. This work provides a framework for better integrating a validated CFD
methodology into the design process of a positive displacement LVAD.
The CFD results are used to augment and expand the knowledge obtained in the
experiments. A non-dimensional scaling analysis along with the CFD computations
are used to further the understanding of device scaling. The CFD provides a basis
for understanding the scaling laws governing a positive displacement ventricular
assist device. Of particular interest is maintaining the excellent hemodynamics of
the 70 cc device at the 50 cc scale. It is postulated that blood damage closely
corresponds to the fluid dynamics of a device. Therefore, it can be hypothesized
that maintaining the proper fluid dynamic properties when scaling should also
maintain the hemodynamic performance.
This thesis is divided into several parts. Chapters 1 and 2 give an overview of
the relevant background information, with Chapter 1 presenting an overview of the
problem and Chapter 2 presenting a detailed literature survey of the most relevant
previous work. Chapter 3 explains the approach that is being taken in the computational modeling. Chapters 4-6 present a summary of the results obtained in
pursuing the objectives. Chapter 4 focuses on computational model development
and validation by comparing the CFD results against in vitro PIV measurements.
Chapter 5 uses CFD to gain further insight into positive displacement LVAD scaling. Chapter 6 focuses on bringing CFD more tightly into the design process of a
positive displacement LVAD. Finally, Chapter 7 presents the conclusions and areas
of future work.

Chapter

2

Background
A literature survey on the subject of artificial mechanical heart assist devices provided a large pool of prior experience in areas relevant to the current work. Computational and experimental investigations have been performed in the areas of
pulsatile flows, mechanical heart valves (MHV), pulsatile and non-pulsatile ventricular assist devices, and blood damage models. Most of the computational
expertise has been developed over the last decade, and the sophistication of the
computational analyzes has grown with computational power. To the best of this
author’s knowledge, to date, no computational study has successfully integrated
all aspects of a positive displacement heart assist device into the computational
analysis, without introducing significant simplifications. Ideally, the computations
would incorporate a fully coupled, fluid-structure interaction analysis of the valve
and chamber motion. The analysis should account for the low levels of turbulence
present at the transitional Reynolds numbers found in physiological blood flows.
An adequately resolved grid would contain a few million grid points at a minimum,
to tens of millions of grid points for enhanced resolution. Finally, non-Newtonian
blood rheology should be incorporated. This level of analysis detail appears to
be right at the cutting edge of current computational capabilities. Researchers in
the literature approach such a detailed analysis only when looking at small portions of the device (such as MHV closure), where the system is greatly reduced
in size, thereby reducing the number of grid points needed and the overall system
complexity.
Many of the computational studies found in the literature were highly sim-
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plified, assuming a two-dimensional, laminar flow and computed using relatively
coarse meshes. The following sections highlight the current state of research in
pulsatile flow, turbulence modeling, mechanical heart valves, dynamic VADs, PDP
VADs, blood damage modeling, and non-Newtonian modeling. Both experimental
and computational studies are included in this survey.

2.1

Pulsatile Flow Studies

An understanding of incompressible pulsatile flow physics is important when studying the circulatory system. A pulsed internal flow behaves differently than a steady
internal flow. For a pulsed flow in a rigid tube, the shape of the flow profile is dependent on the frequency of the pulse. At low frequency, the pulsed flow behaves in
a quasi-steady manner, where the instantaneous flow profiles resemble the equivalent steady Poiseuille profiles. At higher frequencies, physiologically observed in
blood flows, the flow profile behavior depends on distance from the wall. The low
momentum fluid near the wall is influenced by the changing pressure gradient more
significantly than the higher momentum core flow, resulting in a flow profile which
differs from the typical steady profile shape. During the deceleration phase, the
velocity near the wall decreases quickly, and in fact can become negative despite
an overall positive mass flux through the pipe. During the acceleration phase, the
velocity near the wall increases rapidly, resulting in a flatter profile than would
otherwise be observed [41].
Pulsatile blood flows are often studied in one of two contexts, arterial stenosis
or the human aortic arch. Chatham performed a study on arterial stenosis using
a Hybrid RANS-LES CFD model [42]. A theoretically derived, fully developed
pulse was applied as an inflow condition to the analysis and the arterial walls were
assumed rigid. The results were compared against experimental data as a means of
validating the results. Chatham found that during a single flow pulse alternating
patterns of eddies formed on the chamber upper and lower walls and the high
velocity central jet formed a wave-like pattern. The eddies were weakened during
the deceleration phase of the pulse and were eventually washed out of the domain
by subsequent pulses.
Penrose investigated the compliance of arterial walls by coupling CFD and
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Finite Element Analysis (FEA) solvers [43]. At each time step, the CFD grid was
modified to reflect the new wall location predicted by the FEA model. Three cases
were modeled, the first was a pulse through a flexible tube, the second was a 2D
model of a moving flap, and the third was the motion of a bi-leaflet heart valve.
The pulse was found to propagate at a finite speed owing to the elasticity of the
walls; whereas for a rigid tube the pulse would propagate at an infinite speed due
to fluid incompressibility, and mass flux would be equal at each end of the tube.
Shahcheraghi used overset meshes to study the flow through the human aortic
arch and its three major branches [44]. A slug inflow was applied at the inlet to the
aorta and scaled by a physiological pulse waveform, resulting in a peak Reynolds
number of 2,500. The 3D meshes were relatively coarse, containing between 100,000
and 150,000 grid points. A time periodic solution was obtained by the fifth pulse
cycle. A passive fluid tracer was numerically incorporated to track the unsteady
flow.

2.2

Turbulence Modeling

Physiological Reynolds numbers occurring within an LVAD can range from laminar
regime flows to peak Reynolds numbers on the order of 10,000. For a pipe flow the
transitional Reynolds number is approximately 2,300. Thus, one could expect the
blood flow through the larger arteries, natural left ventricle, or heart assist device
to encompass the laminar-turbulent transition region. The turbulence levels within
a PDP VAD should be further enhanced by the unsteady shedding from the mitral
valve occluder, chaotic flow field occurring within the VAD chamber, expansion of
the flow from the mitral port into the chamber, and the large decelerations inherent
to the pulsatile flow. Studies have shown that the sudden expansion of the flow as
it enters the main chamber of a PDP LVAD can cause transient turbulence at a
Reynolds number as low as 750 [30]. The flow through the mechanical heart valves
are often characterized by turbulent jets, particularly during regurgitation. Using
LDA Baldwin [35] measured peak Reynolds normal stresses of 11,000 dyn/cm2
and peak Reynolds shear stresses of 5,500 dyn/cm2 through the aortic valve of the
70 cc Penn State LVAD. Based on these observations it would be reasonable to
assume that turbulence would likely occur within a mechanical LVAD.
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There are several levels of turbulence modeling available for implementation
in a CFD code. Figure 2.1 plots the turbulent kinetic energy (TKE) spectrum
φuu versus wave number κ (inverse of eddy length scale). The levels of directly
resolved eddies for RANS, DES, LES, and DNS are also shown. The simplest level
of modeling is the statistically averaged RANS models. The various RANS models do not directly solve for any scales of turbulence, instead all of the turbulent
fluctuations are modeled using statistical averages. RANS models are typically
developed assuming isotropic flow and using simple, steady experimental observations (e.g., flow over a flat plate) and are of questionable applicability to separated,
unsteady flows at low Reynolds numbers. A few RANS models are modified for
application to low Reynolds number turbulent flows, however the flow pulsatility
and transitional nature of the flow largely limit the utility of RANS modeling in a
PDP LVAD.
Several studies found in the literature chose to model the turbulence in a physiological blood flow via a RANS model. A few authors chose to use variations of the
k- RANS model [45, 46]. A common model found in the literature for physiological flows [47, 48, 49, 50] was the low Reynolds number (Re < 10, 000) k-ω model
developed by Wilcox [51]. Younis [52] added an intermittency-like parameter to
the Wilcox model, modifying the predicted turbulence levels when the Reynolds
numbers fell below the value needed to sustain turbulence. The intermittency parameter was found to improve performance over physiologically relevant Reynolds
numbers.
The majority of RANS models were developed from experimental data taken
from steady, high Reynolds number flows. The RANS models are based on Boussinesq’s linear stress strain relationship which assumes the flow is in local equilibrium. This assumption, while valid for simple, steady flows, is generally not valid in
time dependent flows [52]. These models are therefore of questionable applicability
to pulsatile and transitional physiological flows.
Higher fidelity in turbulent flow can be achieved using Detached Eddy Simulation (DES) and Large Eddy Simulation (LES). These methods are related in that
they directly solve for a portion of the geometrically dependent large turbulent
eddies (small wave numbers), which contain the majority of the turbulent energy.
The range of the eddies resolved computationally is a function of the grid spacing
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and time step. As the grid spacing and time step are reduced the range of resolvable scales is increased, however, doing so substantially increases the computational
effort.
The DES method attempts to combine the best aspects of RANS and LES
methodologies, in an attempt to overcome the difficulties associated with standard
LES models, particularly in the near wall region [53]. For DES the effects of the
sub-grid turbulence is modeled using a TKE transport equation. DES models
replace the RANS wall distance function with a modified distance function, which
is dependent on grid spacing. At low grid resolutions the DES model reduces to
a RANS model; whereas, at high grid resolutions DES behaves similar to LES.
DES modeling is most applicable to high Reynolds number, massively separated
flows. A limitation of DES occurs in what is known as the gray region, where the
model transitions for RANS to LES and the grid is too coarse to support turbulent
production but too fine for RANS.
The LES method directly solves the large energy containing eddies. The LES
subgrid-scale model represents the effects of the inertial range on the resolved
scales. A common example of a subgrid-scale model is the Smagorinsky model.
It has been argued that the numerical dissipation inherent to all CFD codes can
function as an ad-hoc LES subgrid-scale model. This method is referred to as
implicit-LES and can be implemented simply by not applying a turbulence model
to a turbulent flow simulation, with adequate spatial resolution to capture some
range of turbulent structures. No evidence of either DES or LES having been
applied to the analysis of a LVAD has been found in the literature.
The highest fidelity solutions would be obtained using Direct Numerical Simulation (DNS). DNS directly solves for all turbulent fluctuations down to the smallest
dissipative scales of turbulence, known as the Kolmogorov scales. The grid and
time step must be refined enough to support the smallest turbulent eddies occurring within the flow field, severely limiting the practicality of DNS. Examples of
DNS simulations are found in the literature for only the simplest of geometries.
Many of the CFD investigations of heart valves and VADs did not incorporate a
turbulence model into the analysis and instead relied on a direct solution method [9,
12, 14, 54]. Avrahami [9, 54] chose to solve the Navier-Stokes equations directly
without the use of a turbulence model, in a fashion similar to implicit-LES. The
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Figure 2.1. Turbulent energy spectrum showing the scales which various levels of
turbulence modeling directly resolve.

grids used for Avrahami’s simulations were very coarse with no attempt at near
wall resolution, similar to a mesh which would be used to solve a laminar flow
field. This simulation technique was chosen due to the higher grid requirements
of turbulence modeling, particularly in the near wall region, and the difficulty in
finding an appropriate model for the low Reynolds number, pulsing, internal flow
turbulence [9].
Both the DNS and implicit-LES methods solve the Navier-Stokes equations
directly without any additional turbulence modeling, the primary difference is the
level of grid resolution. At the low Reynolds numbers observed in these physiological flows, it can be expected that the turbulent spectrum would be quite small and
a significant portion of the energy containing turbulent eddies would be resolved
with a reasonable amount of grid refinement. Based on the questionable applicability of the available turbulence models for transitional flow and the uncertainty
in defining the local Reynolds number in complex LVAD geometries, making it
difficult to predict if the flow is laminar, transitional, or turbulent; an implicitLES approach to turbulence appears to be a logical modeling approach for a PDP
LVAD and is employed in this thesis.
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2.3

Mechanical Heart Valve Studies

Mechanical heart valves are an essential component of a positive displacement
heart assist device. The MHVs serve the same function as the biological valves in
the natural heart, which is to properly direct the flow through the heart. There
have been more than one million MHVs implanted worldwide, the majority of
which have been implanted into the natural heart to replace a diseased valve [55].
Several types of artificial heart valves are available for implantation and are shown
in figure 2.2. The most common types are the ball-in-cage valve, tilting disk
valve (mono-strut), bi-leaflet valve, and bio-prosthetic valve. Bio-prosthetic valves
are natural devices obtained from animal or human subjects; durability with bioprosthetics has been a major concern [12]. MHVs have been found to be susceptible
to various blood damage phenomena, i.e., hemolysis and thrombosis. The majority
of MHV patients are required to undergo lifelong anticoagulation therapy as a
means to reduce harmful clot formation [55].
A typical MHV permits a small amount of flow leakage when the valve is fully
closed. This retrograde flow passes between the valve occluder and housing. The
valve opening process occurs very quickly; experimental results showed that a St.
Jude Medical 29 mm bi-leaflet MHV exhibited an opening time of approximately
50 ms, which is approximately five percent of the total beat cycle [21]. At closure
the valve rebounds from the valve stop, resulting in a short burst of retrograde
flow before the valve fully closes and a small amount of leakage flow occurs.

(a)

(b)

(c)

(d)

Figure 2.2. Various mechanical heart valves, (a) ball-in-cage valve, (b) tilting disk
(mono-strut) valve, (c) bi-leaflet valve, and (d) bio-prosthetic valve [12, 56].

Numerous investigations were found in the literature, performing both computational and experimental studies of MHVs. The valves were analyzed both as
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an isolated system and in the context of a larger system, such as a heart assist
device. The computational study of MHVs is complicated by the unsteady dynamics occurring as the valve opens and closes. The valve motion is based on a
balance of forces acting upon the occluder, and is driven by the LVAD chamber
volume displacement. Ideally, a CFD analysis would implement a fluid-structure
interaction routine so that the valve position would be computed based on the
forces, instead of being specified a priori. At a minimum, when the valve is part of
a larger system, the valve closure must be modeled, so that the flow is negligible
through the closed valve. The valve motion can be difficult to model using CFD;
examples in the literature have modeled unsteady valve closure by using dynamic
meshes among other modeling techniques.
The flow field through MHVs can develop several features derogatory to the
local hemodynamic performance, such as vortex shedding, cavitation, and locally
elevated shear stresses. The unsteady valve motion can induce vortex shedding
from the leaflets and the closure and rebound process can result in cavitation and
high fluid stresses. Cavitation can develop through water hammer, squeeze flow,
regurgitant jets, and vortices, all of which can occur during valve closure [55]. Cavitation and high shear stresses occurring during MHV closure have been implicated
as a potential source of hemolysis and platelet activation.

2.3.1

Experimental Studies of Mechanical Heart Valves

Several in vitro investigations studying mechanical heart valve closure were available in the literature. Most of the detailed MHV studies focused exclusively on
the valve, neglecting the left ventricle or LVAD. Lee investigated the causes of
cavitation on a Medtronic Hall tilting disk valve in the mitral position during a
single closing event [57]. The author concluded that there were several sources of
pressure reduction occurring at valve closure including: high frequency pressure
fluctuations, flow deceleration due to the sudden stoppage of the valve occluder,
vortex generation at the occluder tip, streamline contraction along the narrow
passage of valve clearance, and fluid squeezing between the occluder tip and valve
housing.
Makhijani [58] investigated squeeze-flow which occurred during the final stages
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of MHV closure. Experimental methods along with 2D and 3D computations were
used to study the phenomena. Parametric studies were carried out to investigate
the influence of valve mounting compliance, contact region geometry, and fluid
viscosity. The computations were constrained to the end stages of valve closure,
with the valve modeled as a flat plate undergoing a translational motion.
Yin [48] performed both experimental and computational analyses of the CarboMedics bi-leaflet (CM) and Bjork-Shiley mono-strut (BSM) valves mounted in an
LVAD. Platelets were circulated through the in vitro device under a pulsatile flow.
The experiments showed a higher level of platelet activation in the bi-leaflet valve
than the mono-strut valve. The corresponding CFD study performed a 2D simulation of the near valve region (neglecting the LVAD geometry) using approximately
90,000 grid points. The simulations were unsteady, non-Newtonian, and employed
the Wilcox k-ω turbulence model. To estimate the platelet shear stress history,
the cumulative effects of shear stress and exposure time were computed using a
Lagrangian particle tracking approach similar to that of a two-phase particulate
model, further details on blood damage modeling will be given in section 2.6.
Manning [55] placed a 29 mm Bjork-Shiley mono-strut tilting disk valve into a
“single shot” chamber in an effort to simulate the closure dynamics of the mitral
valve. A vortex was shown to occur along the major orifice during the closing cycle.
This vortex was strengthened during rebound and was identified as a potential
source of cavitation.

2.3.2

Computational Studies of Mechanical Heart Valves

The detailed computational analysis of a MHV requires a computational methodology that can account for pulsatile flow, valve motion, and low Reynolds number
turbulent or transitional flow. According to Ge [59] a full 3D simulation of a single
MHV might require on the order of 107 computational nodes.
The primary computational modeling issue was resolving the valve motion.
Fixing the valve for the entire cycle would be an approximation, as an analysis
with a fixed valve is valid only for certain phases of the cycle (such as the forward flow phase). There were several methods, found in the literature, used to
analyze dynamic valve motion. These methods included deforming meshes, mesh
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regeneration, Chimera overset grids, the marker and cell method, immersed boundaries, and the fictitious domain method. The mesh motion could be specified a
priori or could be extended in complexity to a one degree of freedom (1-DOF),
fluid-structure interaction analysis using the above mentioned methods.
Several authors choose to neglect the complexity of the valve motion either by
analyzing a small portion of the cardiac cycle or by applying the pulse as a flow
boundary condition and fixing the valve in the opened position. Bluestein [47]
conducted a numerical simulation of turbulent flow through a bi-leaflet MHV using
the Wilcox k-ω turbulence model, which was primarily intended for simulating low
Reynolds number internal flows. The 2D analysis contained approximately 40,000
grid points, with the valves gridded as fully opened and fixed in that position for the
duration of the analysis. The pulsatile nature of the flow was obtained by applying
a physiological wave form as a scaling factor for a slug inflow. The valve occluders
revealed vortex shedding during the deceleration phase of the inflow pulse. Particle
paths elucidated that the fluid elements exposed to the high stresses around the
occluders were subsequently entrapped within the shed vortices. This entrapment
of the fluid elements previously exposed to high shear stresses was identified as a
potential source of clot formation.
Kelly [60] modeled the 3D unsteady flow through a fully opened bi-leaflet valve
in a cylindrical duct. The analysis fixed the valve in the fully opened position,
justified based on the opening and closing process occurring quickly in comparison
to the total cycle time. The flow was computed only for the accelerating phase of
the forward flow, thereby neglecting the flow regimes where the valve would not be
fully opened. A laminar flow assumption was made based on the premise that the
stabilizing effect of the accelerating fluid would act to damp turbulence. The fluid
was assumed to be Newtonian, since during the forward flow phase the inertial
forces would dominate in comparison to the viscous forces.
Grigioni [61] also investigated the forward flow phase through a stationary, fully
opened bi-leaflet valve. Two 3D analyses of the aortic valve were performed, the
first with a straight tube downstream of the valve and the second with a realistic
model of the Valsalva sinuses immediately downstream of the valve.
Wang [62] performed a steady analysis on the flow through the fully opened
bi-leaflet hinge socket. The lack of washout effects observed in the hinge socket
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during valve closure was identified as a potential source of blood clotting.
Yin [48] performed an unsteady analysis of both the Bjork-Shiley mono-strut
and Carbo-Medics bi-leaflet valves in an anatomically correct aortic implantation
position. The valve was modeled as fully opened and a time varying inflow boundary condition was applied. The flow pulse began at peak systole and simulated the
first 300 ms of the deceleration phase of the aortic flow. The 2D simulations contained 89,000 grid points. Turbulence was modeled using the Wilkox k-ω model.
Finally, the blood was treated as viscoelastic, though the details of the viscoelastic
model were omitted. The shear stresses were found to be markedly higher in the
bi-leaflet valve.
The deforming mesh method is the most basic method of modeling valve motion. The interior mesh, away from the solid walls, is deformed as the valve occluder
rotates, while the basic grid topology remains unchanged. The application of this
method is limited because the grid deformation can result in poor or unusable
meshes for large valve rotations.
Hsu [63] applied a deforming mesh routine using an unstructured mesh to
simulate the closing process of a mono-strut valve. The occluder movement was
found to induce much stronger vorticity in the flow field than found in a stationary
occluder simulation, at a similar opening angle. The computations were limited
to a small portion of the closing cycle, beginning from the fully opened position,
to maintain the quality of the deforming mesh. The valve opening angle was
defined such that at a 90 degree angle the valve was aligned with the flow and at
a 0 degree angle the valve was fully closed. Results were presented for the fully
opened occluder angle (75 degree opening angle), and two positions during the
closing motion (65 and 55 degree opening angles).
The mesh regeneration method is similar to the deforming mesh method as
the interior mesh is also deformed as relative motion occurs. However, to better maintain mesh quality both the volume and the surface grids are periodically
regenerated, thereby adjusting the basic grid topology and reducing the grid distortion.
Avrahami [64] used a 2D moving mesh approach, with periodic remeshing, to
investigate the effect of vortex shedding on cavitation. The simulations were computed over the entire cardiac cycle and the full motion of the valves was resolved.
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To decrease the likelihood of cavitation, it was concluded that regurgitation and
generation of tip vortices should be minimized.
Cheng [65] applied the Arbitrary Lagrangian-Eulerian (ALE) method to the
study of the motion of a bi-leaflet mitral valve. A fluid-structure algorithm was
used to simulate a single closing event. To allow full occluder rotation while limiting grid distortion, grids for twelve intermediate occluder locations were pregenerated and stored along with grids for the fully opened and fully closed locations.
The computational mesh was deformed using the ALE method. Once the valve
reached the position of the next pregenerated mesh, the computational meshes
were swapped. The 3D mesh applied symmetry planes, solving one quarter of the
flow field using approximately 200,000 grid points. The flow in the CFD study was
assumed to be laminar and Newtonian.
The Chimera overset method uses independent overset meshes, where the valve
occluder mesh is moving while the background mesh remains stationary. Information passes between the two meshes through interpolation of overlapping cells.
Complex valve motion, geometrical complexities, tight gap spacing, and abutting
surfaces can complicate overset mesh generation, resulting in an excessive number of grid points being needed to maintain the required level of mesh overlap
throughout the entire range of valve motion. Kiris [66] applied overset methods in
his study of an LVAD, with the overset meshes used to model valve motion.
The marker and cell method “turns off” the points in the mesh falling within
the solid surface of the valve occluder and applies a solid boundary condition at
the surfaces of the off cells. A cartesian mesh is built and the valve is approximated on this cartesian mesh. The marker and cell method can result in a jagged
representation of the valve occluder, particularly in coarse regions of the mesh and
produce inadequate wall resolution.
Shi [21] applied the marker and cell method using an artificial compressibility
CFD solver, to a pulsatile flow with a rotating valve contained within a pipe. The
unstructured mesh contained 120,000 nodes and 700,000 tetrahedral cells, with
a symmetry plane dividing the geometry in half. The time step was chosen so
that 1,667 time steps were computed per cycle, with 400 sub-iterations used to
converge the algorithm at each time step. The methodology of the marker and cell
method was applied as follows: (1) a background mesh was generated for the pipe,
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(2) at each time step, the occluder opening angle was determined by balancing
the pressure and viscous forces (1-DOF analysis), (3) the mesh nodes enclosed
by the occluder were marked as solid, (4) the mesh marked as solid was used as
an approximation to the occluder surface, (5) the mesh nodes connected to the
approximated occluder surface were treated as a moving boundary, (6) velocity
and pressure values were assigned to the nodes on the moving boundary and,
lastly (7) the solution was updated and repeated. Shi assumed that the flow was
laminar, which he stressed may result in an under-prediction of wall shear stress.
The laminar assumption was used, owing to a claimed lack of adequate turbulence
models. The simulations showed that the opening process lasted approximately 44
ms, which compared well to experiments.
The immersed boundary method applies body forces to regions of a mesh,
yielding the effects of a solid body. This method is typically performed on a
relatively coarse, uniform background mesh which lacks adequate wall resolution,
since the body in question is not explicitly gridded. The immersed boundary
method will be described in greater detail in section 2.5.2.
The fictitious domain method couples a fluid mesh with a structural mesh,
arbitrarily moving through the fluid. The effect of the fluid flow is imparted onto
the structural mesh and the effects of the solid body are imparted onto the flow
field in a two-way coupled fashion. In the fictitious domain formulation the stress
exerted by the solid body on the fluid is treated as a locally acting body force
in the Navier-Stokes equations. Examples of the implementation of the fictitious
domain method will be discussed in subsequent sections in the context of LVAD
analyses.
Most of the valve simulations found in the literature contained similar limitations. Several of the studies ignored the dynamics of the valve motion, choosing
instead to analyze a limited portion of the flow cycle. Others assumed that the geometry and the flow field were two-dimensional. Most of the simulations assumed
that the flow field was Newtonian and laminar. Further methods and applications
of valve modeling are discussed in section 2.5.2, where the analyses were applied
to a larger LVAD system as opposed to an isolated valve.
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2.4

Dynamic Ventricular Assist Devices

Dynamic ventricular assist devices include axial, centrifugal, mixed flow, Tesla
pumps, etc. These devices serve to assist the natural heart by sharing the workload. Computational simulation of dynamic devices can typically be simplified to
a steady analysis, due to the lack of pulsatile flow and complex valve and piston
motions. The technology needed for a CFD study of a dynamic VAD has previously been developed and validated for aerospace, naval, nuclear reactor, and
industrial applications. Today CFD is well ingrained into the design process of
rotating machinery. Many of the computational efforts for dynamic VADs found
in the literature were focused on extending the scope of the CFD analysis via the
development of blood damage models, particularly hemolysis models.
Since the advent of the first heart assist device, there has been debate on
the necessity of providing pulsatile flow to the body. It has been argued that,
when a continuous flow device is used to assist the natural heart, the beating
of the patient’s heart should maintain the pulsatile nature of the flow [7]. It is
also argued that arterial compliance serves to dampen flow pulsatility after the
first few branches of the arterial tree. The counter-argument is that non-pulsatile
blood pumps produce relative velocities that are five times higher than found
in positive displacement pumps [67] and have failed to show a reduced rate of
thrombus formation or embolization [68]. To provide the required pressure head,
rotary blood pumps often operate in the range of 20,000 to 30,000 rpm. This
high speed of rotation can potentially induce high levels of shear stress in the gaps
between the rotating impeller and stationary housing.
Rotary pumps are smaller and less complex than their PDP counterparts. Dynamic pumps usually contain only one moving part and do not require valves or
chamber liners. Centrifugal blood pumps were found to have a short exposure time
to high shear rates, as opposed to pulsatile pumps where the blood was exposed
to significantly lower shear rates for a considerably longer duration [67].
As early as 1979 Nose et al. demonstrated that animals undergoing non-pulsed
cardiac assistance did not exhibit any abnormal physiology if twenty percent higher
flow rates were provided by the device [7]. The experiments kept five animals alive
for up to 99 days with non-pulsatile heart assistance.

35
Sezai performed an evaluation of circulation within major organs during pulsatile and non-pulsatile circulation [69]. Pulsatile circulation was found to produce
superior circulation in the kidney and liver as well as superior microcirculation on
the cell level. The author also stated that little is know about the effects of pulsatile
flow on the brain.
In 1988, Wampler [70] developed a miniature axial blood pump that could be
passed through the femoral artery into the left ventricle chamber. Olsen et al. [71]
took the concept of a rotary pump one step further by researching a blood pump
containing a magnetically suspended impeller. Additionally, Monties [72] developed a rotary pump based on the Wankle engine principle, which has maintained
sheep in vivo for durations greater than two years.
Today the debate continues over the role of pulsatile flow in heart assistance.
The scope of use for non-pulsatile devices appears to be limited to assist devices
where the natural heart remains in place to regulate the blood flow; whereas total
artificial hearts appear restricted to pulsatile devices.

2.5

Positive Displacement Ventricular Assist Devices

The computational analysis of a positive displacement VAD is more complex than
the analysis of either an isolated mechanical valve or a dynamic VAD. A positive
displacement pump contains several components influencing the hemodynamics
of the device, such as: mitral and aortic valves, chamber volume displacement,
and non-physiological blood contacting surfaces. Several experimental and computational studies of VADs were found in the literature. The following sections
summarize the experimental results obtained on the variations of the Penn State
LVAD (70 cc, 50 cc, and 15 cc) and computational methodologies used to analyze
a complete positive displacement pumping cycle.

2.5.1

Experimental Analysis of the Penn State LVAD

Detailed experimental results are available for the 70 cc, 50 cc, and the 15 cc
versions of the Penn State LVAD. The general observation of these devices has
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been that while the 70 cc device has performed well, the smaller, scaled versions
suffered from unsatisfactorily high levels of thromboembolism.
In vitro experiments were conducted in a mock circulatory pump loop, which
was laid out as follows [73]. The time periodic, blood chamber expansion and
contraction was driven by a single sided piston pusher plate. The natural atrial
and aortic compliance were simulated using piston-type compliance chambers. The
systemic resistance was simulated by a parallel plate resistor located downstream
of the aortic compliance chamber. Finally, the preload to the LVAD chamber was
controlled by a reservoir located between the systemic resistance and the atrial
compliance.
Laser measurement techniques were used to obtain noninvasive, instantaneous,
spatially resolved velocity measurements. The measurements required optical accessibility to the test fluid, necessitating that the in vitro device be modified from
the implantable, in vivo device. An optically accessible in vitro model, shown
in figure 2.3, was designed to mimic the in vivo LVAD fluid dynamics. The in
vitro test chamber was machined from Plexiglas and the pusher plate was covered
with a non-transparent polyurethane diaphragm. The portion of the model made
from Plexiglas moved very little in the in vivo model, therefore the rigidity of the
Plexiglas was not considered to be an issue. The measurements required that, to
reduce image distortion, the index of refraction of the test fluid equal that of the
Plexiglas; therefore blood was not used as the working fluid, instead a blood analog
fluid was required, matching the properties of blood and the refractive index of
the test section. Mixtures containing light mineral oil, glycerin, or sodium iodide
were commonly used in testing. These blood analog fluids were mixed such that
they demonstrated either Newtonian or, with the addition of viscoelastic polymers,
non-Newtonian behaviors.
Hochareon [18, 19, 36, 37] used conventional PIV to determine wall strain
rates within twenty percent uncertainty. This was done by focusing on important
regions along the walls and choosing the interrogation region to be as small as
possible to maximize the PIV resolution. Hochareon’s second technique increased
the resolution, to capture smaller flow structures, using particle tracking velocimetry (PTV) and a particle tracking algorithm, resulting in wall shear uncertainties
of ten percent. However, this method was limited by the increased experimen-
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tal and computational post-processing effort. Despite advancements, the accuracy
of wall shear stress prediction remain problematic for experimental measurement
techniques.

Figure 2.3. 50 cc in vitro LVAD model [18]. The piston pushes against the diaphragm
and the front edge of the model is rigid Plexiglas. The fluid filled region is yellow.

2.5.1.1

70 cc LVAD

Baldwin [35] performed LDA measurements of the velocities and Reynolds stresses
occurring within the 70 cc LVAD. Inherent to the turbulence measurements performed was that the beat-to-beat variations could not be separated, thereby appearing as a ”pseudo turbulence” [38]. The experiments were performed at 75 BPM
giving a mean flow rate of 5.25 LPM with peak mitral and aortic flow rates between 15-20 LPM and 20-25 LPM respectively. The 70 cc device contained 27 mm
and 25 mm BSM valves in the mitral and aortic ports respectively. A peak chamber velocity of 1.2 m/s was observed during early diastole and a peak velocity of
1.9 m/s was observed in the aortic port during early systole.
The chamber Reynolds stresses were found to be relatively low throughout
the flow cycle. The normal Reynolds stress did not exceed 1,000 dyn/cm2 and
the shear Reynolds stress did not exceed 500 dyn/cm2 . The highest Reynolds
stresses were produced by the valve minor orifice regurgitant jets. These stresses
were 11,000 dyn/cm2 for the normal component and 5,500 dyn/cm2 for the shear
component.
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The peak wall stresses within the chamber were between 300-500 dyn/cm2 (on
the order of 10,000 s−1 strain rate). The chamber was also found to have no
location of stagnant flow over the entire cycle. These observations led Baldwin to
speculate that thrombus deposition should be suppressed within the device.
Finally, Baldwin estimated the Kolmogorov turbulent length scale for both the
forward and the regurgitant flow. His estimates were 52 µm for the forward flow
and 6 µm for the regurgitant flow. The length scale for the regurgitant flow was
on the order of blood cellular dimensions suggesting that the regurgitant flow was
likely to be more damaging to the cells [35].
Hochareon et al. performed in vitro investigations on both the 70 cc and
50 cc LVAD. They studied experimental measurement techniques for determining
wall shear stress using PIV, while simultaneously mapping the flow field occurring
within the device.
Observations of the 70 cc LVAD have shown that the polyurethane diaphragm
does not open in a uniform manner. Experiments by Hochareon, studied the effects
of diaphragm motion on the fluid dynamics of the 70 cc LVAD [18, 19, 36, 37]. The
first case controlled the diaphragm motion by gluing the diaphragm to the piston,
thereby forcing the diaphragm to remain attached. The second case removed the
diaphragm motion constraint while mimicking the remaining conditions of case
one.
Figure 2.4 shows images of the in vitro diastolic diaphragm opening sequence [18].
The diaphragm was found to detach from the piston surface during diastole under
most operating conditions. The diaphragm was observed to open in a wave like
pattern with opening first occurring in the bottom part of the chamber. The top
part of the chamber did not fully open until the last twenty percent of diastole.
A close correlation was found between the diaphragm opening pattern and the
structure of the flow within the chamber. The vortex flow pattern is affected by
the non-uniform opening, potentially affecting the hematological performance of
the pump.
The case where the diaphragm motion was unconstrained yielded the expected
plateau in the inflow waveform and the magnitude of the peak outflow was larger
than the peak inflow (figure 2.5a). At the start of diastole, a small vortex was
formed in the open volume at the bottom of the sac. As the diastolic phase contin-
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Figure 2.4. 70 cc LVAD chamber diastolic opening pattern when the diaphragm is not
constrained to move with the piston [18]. The flow enters at the top of the images.

ued the vortex center moved upwards and the vortex became larger as the upper
portions of the chamber began to open. At the end of diastole, the vortex filled
nearly the entire chamber. A significant amount of small scale motion was observed, which was not present when the diaphragm motion was constrained to the
piston. The author associated this small scale motion with increased dissipation,
resulting in a less efficient filling.
The case with the attached diaphragm did not exhibit the physiological plateau
phase in the inflow waveform that is typically observed in animal experiments.
In addition, the inflow peak flow rate was comparable to the outflow peak (figure 2.5b), whereas in vivo observations had the inflow peak being appreciatively
lower than the outflow peak (approximately 20 L/min outflow peak compared to
10 to 15 L/min inflow peak). It was suggested that the atypically high inflow was
due to a negative pressure gradient generated by the piston pulling the diaphragm,
increasing the rate of chamber volume expansion. The uniform diaphragm motion
resulted in a single vortex motion throughout diastole, which may serve to prevent
clot formation by improving wall washing. The observed differences in the aortic
flow between the constrained and unconstrained cases were minor, since during
systole the liner remained coincident to the piston.
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(a)

(b)

Figure 2.5. 70 cc mitral (dashed line) and aortic (solid line) port flow waveforms for
(a) unconstrained diaphragm and (b) glued diaphragm case [18].

2.5.1.2

50 cc LVAD

The 50 cc device contained a 23 and a 21 mm Bjork-Shiley mono-strut valve in the
mitral and aortic ports, respectively. The LVAD chamber was 18.8 mm thick and
the piston had a diameter of 63.5 mm. The in vitro experiments by Hochareon used
a piston stroke length of 19.4 mm, giving a stroke volume of 62.93 cc. The stroke
length was greater than the chamber thickness, indicating that the chamber was
being overfilled at the experimental conditions. The beat rate was set to 75 BPM,
yielding a time averaged flow rate of 4.72 L/min [18, 19, 36, 37].
The diaphragm opening pattern was found to have a strong impact on the
fluid dynamics occurring with the 70 cc chamber. Hochareon observed that in the
50 cc LVAD, the sac also opened non-uniformly, in a pattern reminiscent of the
70 cc device. High shear zones were observed along the mitral and aortic ports,
where the highest velocities of 1.5 to 2.0 m/s were observed. The side walls of the
chamber at the 6 and 12 o’clock positions were characterized by low shear rates,
which combined with sufficiently long exposure times could result in thrombus
deposition. In vivo observations have shown evidence of clot formation along the
bottom surface [18].
Kreider studied the effects of mitral valve orientation on the flow field within
the 50 cc LVAD [39]. Experiments were performed in the mock circulatory pump
loop, with the mitral valve at 0, 15, 30, and 45 degree orientations. At a zero degree
orientation the valve pivot axis was perpendicular to the piston face and directed
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flow toward the chamber mitral port side wall. PIV measurements were taken at
planes parallel to the piston, located between 3 and 8 mm from the stationary front
face, opposite the piston. Mitral valve orientation was found to influence the inlet
jet formed during diastole. The most intense and longest duration wall washing
was found to occur at a mitral valve orientation of 45 degrees, where the flow was
directed between the mitral port side wall and the stationary front wall.
2.5.1.3

15 cc LVAD

Bachmann performed an in vitro analysis of the Penn State 15 cc pneumatic pediatric LVAD [25]. The pediatric device was a scaled down version of the 70 cc
LVAD, however, the diameters of the inlet and outlet ports failed to retain geometric similarity [74]. The inlet port was undersized relative to the geometric similar
design resulting in a large increase in Strouhal number relative to the 70 cc device.
In vivo experiments demonstrated severe thrombosis, leading to complications in
the test animals.
Bachmann obtained laser Doppler velocimetry measurements of the 15 cc LVAD
in mock circulatory pump loop experiments. Wall shear stresses were estimated
from the LDV data at the measurement plane parallel and closest to the stationary
wall of the chamber. Both Newtonian and non-Newtonian blood analog fluids were
used in the experiments. The LDV results showed a reduction in wall shear stress
and turbulence levels in comparison to those previously observed in the 70 cc
device, increasing the clotting potential of the 15 cc device. The majority of the
LVAD was found to have a wall shear rate below 400 s−1 for the Newtonian fluid
and 265 s−1 for the non-Newtonian fluid [25]. These values were considered to be
below the critical shear rate for thrombus deposition.

2.5.2

Computational Methods for PDP VAD Analysis

Computational technology has developed to the point where a CFD analysis can
provide useful information about a positive displacement VAD. However, the desire
to obtain results within a reasonable time frame generally means that some level
of modeling will be employed. At the very least, the computational analysis of
a positive displacement pump system requires some means of “shutting off” the
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flow through a closed valve and modeling the effects of the chamber compression.
This section will discuss the current state of the art for computational modeling of
positive displacement LVADs. These models include immersed boundary methods,
moving grids, and viscosity closure models.
One of the first methods to compute the full motion of either the natural or
artificial heart was developed by Peskin et al. [75, 76, 77]. Peskin’s method, called
the immersed boundary (IB) method, was originally developed to study the flow
around heart valves. This method has since evolved into a general method to
compute fluid-structure interaction problems [78]. Biological flow fields involve
the interaction of elastic tissue with viscous, incompressible fluid which is well
suited to the IB method.
The IB method makes use of a uniform Cartesian mesh, with no attempt being
made to define the geometry using the mesh. The entire domain is then treated as
part of the fluid, with the elastic surfaces being represented by body forces applied
to the Cartesian mesh. The goal of the IB method is to model the forces, such that
the effects of the elastic walls are present in the flow field (e.g., no slip condition,
zero flux through wall, etc.). Later modifications to the method by Goldstein [79]
focused on the extension of the method to rigid walls.
The IB method has been applied to a wide range of bio-fluid dynamic applications. These include blood flow in the natural heart, fluid dynamics of the inner
ear, aquatic animal locomotion, and flow in collapsible tubes [80]. The representation of the surfaces by a force field grants the method flexibility for computing
dynamic fluid-structure interaction problems, even for cases where the motion is
not known in advance.
The early analyses with the IB method used a viscosity that is 25 times greater
than the physiological viscosity, thereby reducing the Reynolds number by the
same factor. This was primarily a limitation of computational capability, since the
higher Reynolds number would require a finer mesh near the boundaries. More
recently, simulations have been performed using a physiologically realistic Reynolds
numbers of 1,000 [81].
There are several limitations to the immersed boundary method which can
influence the quality of the results. Later work by Peskin increased the order of
accuracy up to second order in both space and time, reducing the concern that
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solver discretization accuracy was a limitation [78]. However, accuracy of the
solution still remains a concern, primarily because the flow is solved on a uniform
Cartesian mesh, on which mesh refinement can become expensive. The near wall
region is not resolved on the uniform mesh in an adequate manner. Also, since
the surface locations are solved rather than prescribed, it is difficult to cluster grid
points near the wall a priori. A mesh refinement algorithm, which provides local
mesh refinement, has been discussed as a potential solution [80].
Other limitations of the method are that the numerical formulation precludes
the handling of variable viscosity [78]. Also, no examples were found in the literature where a turbulence model was combined with the IB method. In one
of his later papers, Peskin points out the uncertainty of effectively combining a
turbulence model with the IB method [78].
Kiris used deforming and overset meshes to perform three computational analyses relevant to a LVAD [66]. The first analysis was of a 2D channel where the
center of the channel was compressed by a piston. The computational mesh was
distorted to achieve the desired compression. The inflow to the domain was a
steady Poiseuille flow. The unsteady wall motion resulted in a highly disturbed,
vortical flow downstream of the constriction.
The second analysis performed by Kiris was of a stationary valve in a 3D model
of the aorta. The structured overset grid contained approximately 23,000 points
and was split into two overset bodies, the aorta and the mono-strut valve. Steady
analyses were performed with the valve at various angles of opening. The grid was
identical for all valve angles, since the movement was accomplished by rotating the
valve mesh relative to the aorta mesh.
The Penn State LVAD was modeled in the third portion of the analysis by
Kiris. The 3D grid contained nearly 240,000 points and employed an overlapped,
grid-embedding scheme to accommodate the motion of the valves and the piston.
The flow was computed over four complete cycles, beginning at an initial resting
condition. The mitral valve motion was taken from experimental data. The aortic
valve motion was determined by applying a phase lag to the mitral valve motion.
Avrahami performed an unsteady, 3D analysis of a complete pumping cycle for
several LVADs [9, 54, 82]. The LVAD’s contained dual pusher-plates on each face
of the chamber. The analysis assumed incompressible, Newtonian, and laminar
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blood properties. Experimental measurements supplied the inflow and outflow
boundary conditions and served as validation for the computational model. The
simulations were performed using a first-order accurate scheme from a commercial
finite volume CFD solver. The number of nodes for the 3D meshes varied between
10,000 and 50,000. Both prescribed chamber motion and FSI calculations were
included.
The analysis by Avrahami simplified the valve motion by using a viscosity
closure model. Both the mitral and aortic valves were gridded as fully opened.
Throughout the complete pump cycle the valves were modeled as being either
fully opened or fully closed, with dynamic transitional effects of the valve motion
being ignored. This simplification was justified based on the short valve opening
and closing times (30 ms) relative to the cycle time (800 ms). It was concluded that
the valve motion was not significant for the simulation of the flow in the chamber.
The simulation of the “closed valve” was obtained by a combination of time
changing boundary conditions and time varying fluid viscosity. The valve closure
was modeled as ideal, neglecting the effects of valve rebound, regurgitation, and
leakage. During diastole the mitral valve was opened, the outlet boundary condition was defined as a solid wall, and the viscosity of the fluid downstream of the
“closed” aortic valve was increased by four orders of magnitude. During systole
the aortic valve was opened, the inflow boundary was defined as a solid wall, and
the fluid upstream of the mitral valve was increased in viscosity. Iso-volumetric
phases were modeled in the instants between diastole and systole. During the isovolumetric phases both the inlet and outlet viscosities were raised and both the
inlet and outflow boundary conditions were opened to avoid numerical instabilities. During the iso-volumetric phases, small wall displacements resulted in large
variations in pressure.
The opening and closing of the valves were not pre-specified. Instead, the
valves were “opened” when the pressure in the chamber equaled that of either the
inlet or outlet boundary condition, depending on the valve under consideration.
The valves were “closed” when the momentum acting on the leaflets (which were
explicitly gridded) became positive. Modeling the valve motion in this manner
permitted the fluid dynamics of the device to determine the valve opening and
closing phases.
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The simulation boundary conditions applied a fixed diastolic inlet pressure of
30 mmHg and a variable systolic after load of 80 to 130 mmHg. The systolic after
load condition consisted of a combination of a fixed outlet pressure of 75 mmHg
and a linear momentum resistance placed in the aorta. The outlet conditions were
meant to model the aortic Windkessel effect.
Both specified and FSI wall motions were computed. The walls in the LVAD
models were assumed to be rigid, with the exception of the front and back faces
(surfaces in contact with the pusher plates). In the FSI simulations the grid motion was coupled to a stress module, with an external pressure, determined from
experimental measurements, applied to the moving parts. For both types of motions, an automatic remeshing feature adjusted the interior points based on the
wall motion. The main drawbacks of the FSI simulations were high computational
requirements, instabilities, and oscillations in the solution.
A minimum of two cycles was computed for each model. The results of the
second cycle were found to be within eight percent of the forth cycle, which was
deemed to be adequate. A computational time step of 10 ms was found to be the
largest adequate for the analysis.
Several limitations for the above analysis were identified. The mesh (particularly the valve mesh) was of low resolution with no attempt at near wall grid
resolution, potentially under-estimating the wall shear. The dynamic effects of the
valve motion were neglected. Also, despite the presence of transitional/turbulent
Reynolds numbers, the numerics were unlikely to capture turbulence due to the
coarseness of the computational mesh.
Stijnen performed computations of a natural 3D heart, a 2D moving rigid valve,
and a 2D VAD with moving valves [12, 14]. The computational solutions for the 3D
heart and 2D valve studies were compared to in vitro experimental data. Stijnen’s
investigations primarily focused on the effects of valve orientation, motion, and
interaction.
A 3D model of the heart was computed in an effort to study the effect of valve
orientation on the flow in the left ventricle. The stroke volume of the left ventricle
was 50 mL, the Reynolds number was 1,200, and the Strouhal number was 0.05.
The compression and expansion of the left ventricle was handled computationally
by using the ALE method to deform the interior grid points, while the outer wall
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underwent a prescribed deformation. Neither the mitral nor the aortic valves were
included in the computational mesh. The opened mitral valve was modeled by
inserting two regions of increased fluid viscosity with a thickness of 2.5 mm. The
opened aortic valve was not modeled; instead the aorta was simulated as an empty
tube. This was assumed to be adequate since the aortic valve should have little
influence on the study of mitral valve orientation. The valves were modeled as
being fully closed by increasing the local fluid viscosity to “shut off” the flow
through the valve, in a manner similar to Avrahami. The valves were modeled as
either fully opened or fully closed. The timing of valve motion was specified based
on the direction of the left ventricle wall motion.
The second portion of the analysis used a fictitious domain method to computationally describe the fluid-structure interactions of a 2D rigid aortic valve. The
domain included a sinus cavity located immediately downstream of the valve. The
fictitious domain method coupled the fluid velocities to a solid body mesh moving
through the fluid. The flow was assumed to be laminar, Newtonian, isothermal,
and incompressible.
The third part of the study by Stijnen investigated the effects of left ventricular
flow patterns on the interaction of the mitral and aortic valves. The left ventricle
was modeled using a simplified 2D geometry. The valve motion was computed using
the fictitious domain method. The piston was modeled in a simplified fashion by
applying a sinusoidally varying velocity at the stationary piston location. The
pressure at the aortic outlet was set to be five times higher than the pressure at
the mitral inlet.
Chandran computed a steady simulation of a laminar and turbulent flow through
a 2D model of a total artificial heart [45]. The mitral and aortic valves were modeled in the fully opened position and the grid contained on the order of 4,000
points. Okamoto used an unsteady computational analysis to design a 55 mL
blood pump [83]. During the filling phase a pressure of 10 mmHg was applied at
the inlet, while the outflow port was occluded. During ejection the pressure was
set to 100 mmHg at the outlet, while the inlet was occluded. Details were not
included in the paper as to how the inlet and outlet valve closure was modeled.
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2.6

Blood Damage Models

The two types of blood damage, potentially occurring in a mechanical heart assist
device, are thrombosis and hemolysis. Thrombosis refers to the formation and
growth of clots in the circulatory system. The typical concern with VADs is the
deposition of platelets onto artificial surfaces, typically attributed to low fluid shear
stresses, flow stagnation, and flow separation. Hemolysis refers to damaging of the
red blood cells (RBC) and is hypothesized to be a function of cellular exposure to
high shear stress and the length of time over which this exposure occurs. Hemolysis
can be evaluated experimentally as the amount of hemoglobin released from the red
blood cells into the plasma. The processes which cause thrombosis and hemolysis
to occur in complex flow situations are not completely understood [16]. Despite
this, models for the prediction of thrombosis and hemolysis have appeared in the
literature. These models have been based on the general understanding that blood
damage is a function of cellular exposure to fluid shear stresses.

2.6.1

Thrombus Modeling

The principal causes of blood coagulation were first identified in 1856 by Virchow [84] as: (1) local flow stasis, (2) vascular endothelium trauma, and (3) hypercoagulability; eventually coming to be known as Virchow’s triad. The first
component of Virchow’s triad is flow field dependent, while the latter two are primarily biochemical [85]. The formation of thrombus involves both mechanical and
biochemical factors, occurring when a certain threshold in these factors is reached.
Platelets are ellipsoidal disks 2-4 µm in diameter. Clots are primarily composed
of platelets and are formed in a multi-step process beginning with platelet activation and concluding with platelet aggregation and embolization. Upon activation,
platelets release factors that lead to adhesion to the subendothelial layer as well
as platelet-platelet adhesion [85]. However, the numerous biochemical reactions
taking place during thrombosis and the exact influences of the fluid dynamics on
these reactions is not completely understood.
Mechanical LVADs require that non-physiological surfaces come in contact with
the recipient blood pool, therefore a finite level of thromboembolism is recognized
as a complication of their use [86]. The natural heart appears to be capable of

48
resisting thrombus deposition at lower shear stresses than which artificial surfaces
are capable [25], complicating the design of mechanical devices. The formation
of thrombus involves an interaction between artificial surfaces, platelets, and activated coagulation factors. Hydrodynamic factors implicated in thrombosis include
high shear rates, turbulence, and areas of flow stagnation characterized by low
wall shear and high retention times. Blood platelets can become activated when
exposed to high shear forces, thereby releasing platelet activation elements ands
presenting a risk for the development of a thrombotic event [20]. Studies have indicated that platelets are much more sensitive to shear stresses than RBCs [87], with
platelet activation being caused by shear levels on the order of 100 dyn/cm2 [35]
(an approximate strain rate of 2800 s−1 based on typical blood properties). Subsequent exposure to regions of low wall shear can lead to thrombus deposition and
growth upon the surface and eventual embolization when the shear forces acting
on the thrombus overcomes the wall adhesive force.
Several authors performed experimental measurements in an attempt to quantify the fluid dynamics leading to platelet activation and deposition. Other authors
attempted to implement the experimental observations into a computational analysis. These studies will be briefly summarized here.
2.6.1.1

Experimental Thrombus Observations

Hubbell and McIntire [88] indicated that in an idealized in vitro setup of steady flow
through a parallel plate flow chamber, the maximum clot formation on polyurethane
occurred at a shear rate of 500 s−1 . Below this value, it is hypothesized that convective transport mechanisms of platelets to the surface increase with increasing shear
rate, yielding increasing thrombus formation [25]. Above this value, despite more
blood potentially being damaged, the wall shear exceeded the surface adhesion
forces, washing the surfaces and reducing thrombus deposition.
Balasubramanian [89] examined platelet deposition under static conditions and
constant shear flow conditions on the polymers polyethylene, polytetrafluoroethylene, and silicone rubber. Four shear rates were investigated in the study: 0, 200,
500, and 1000 s−1 , with exposure times of 5 minutes. Peak platelet deposition
occurred at 500 s−1 for all three polymer surfaces. Increasing the shear rate to
1000 s−1 had an inhibitory effect on platelet adhesion, as the attached platelets
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did not form bonds strong enough to withstand the continuous shearing force.
Based on in vitro Couette-Viscometer measurements, Giersiepen [87] developed
a power law curve fit model for platelet activation:
∆LDH
(%) = 3.31 × 10−6 t0.77 σ 3.075 .
LDH

(2.1)

Equation 2.1 relates platelet release of the cytoplasm enzyme LDH occurring during
platelet activation to time exposure (t) to shear stress (σ), where σ is an equivalent
scalar stress.
Affeld [90] implemented in vitro dye-washout techniques to detect regions of
high wall shear and flow stagnation in the Berlin total artificial heart. The areas
of low dye removal, associated with flow stagnation and low wall shear stress, were
found to correspond to regions of in vivo thrombi deposition.
2.6.1.2

Computational Thrombus Modeling

Yin [48] performed a combined in vitro and computational study of platelet activation occurring in the Bjork-Shiley mono-strut and Carbo-Medics bi-leaflet valves.
Platelet activation was measured for the differing valves placed in an LVAD configuration. A third control case verified that activation was negligible for the LVAD
without the valves. The bi-leaflet valve was found to activate more platelets than
the mono-strut valve.
Corresponding computations of the aortic valve, previously described in section 2.3.2, were used to relate the in vitro observations to the valve fluid dynamics to answer the question of when and where platelet deposition occurred. The
cumulative effects of stress and exposure time were computed along particle trajectories. The total stress was computed using the Boussinesq approximation to
combine laminar and turbulent stresses. The bi-leaflet valve displayed a markedly
higher shear stress history in the near valve trajectories, in agreement with the in
vitro observation of higher platelet activation occurring in the bi-leaflet valve.
Cheng performed a 3D CFD analysis of a bi-leaflet valve [65] during an isolated
portion of the flow cycle. The simulations showed that the wall shear stresses and
exposure times occurring in the clearance region during the valve closing phase
may be one of the dominating factors affecting thrombus formation, particularly
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causing platelet activation.
Avrahami [9, 54, 91] implemented a comparative estimate to quantify the
risk of flow induced thrombus formation by first calculating a platelet’s “levelof-activation” (LOA) and second estimating VAD chamber washout properties.
The LOA, based on Hellums platelet stimulation function, was defined as the cumulative shear stress multiplied by exposure time of an individual platelet.
LOA =

X

σn · ∆t0.453 .

(2.2)

path

This relationship between LOA and shear stress was developed based on models
of flow through stenosed arteries. According to Hellum’s criterion, LOA values
exceeding 3.5 Pa-s are a potential source of thrombus formation. This criterion
was developed for steady flows and it has been theorized that time-varying shear
can result in more platelet aggregation than continuous exposure.
The estimation of LOA along all platelet paths was beyond the scope of Avrahami’s work [9, 54, 91]. Instead a worst case value of LOA was estimated using
maximal shear stresses and maximal residence times. The results indicated that
the valves were the largest source of platelet activation with the mono-strut valve
demonstrating improved performance over the bi-leaflet valve.
Avrahami investigated the device potential for thrombus deposition by estimating chamber washout properties. Five locations were seeded at the device inlet
at all time steps and the particle paths were tracked through several pump cycles.
The bi-leaflet valve demonstrated superior washout properties to the mono-strut
valve, with 44 percent of the particles leaving the chamber after the first cycle and
71 percent after the first two cycles, compared to 25 and 50 percent respectively
for the mono-strut valve.
Anand [85] developed the most comprehensive mathematical thrombosis model
appearing in the literature to date. The model attempts to incorporate both
biochemical and fluid mechanical factors into the estimation of platelet activation
and thrombus formation and growth. A shear-thinning viscoelastic fluid model
(similar to the Oldroyd model to be described in section 2.7) was implemented for
both blood and clot constituents.
Anand’s model assumed that platelet activation was brought about, in part, by
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prolonged exposure to shear stresses exceeding a critical activation value. Based
on this assumption, Anand defined an activation number that was dependent on
the platelet shear stress exposure history. Two critical values of the activation
number were identified, the first where activation occurred and the second, higher
value, where platelet lysis (cell membrane rupture) occurred.
To model coagulation, reaction-convection-diffusion equations were developed
for various blood constituents. Anand developed a total of 25 of these equations
in the course of his thrombosis model; these equations were solved in conjunction
with the fluid dynamic conservation equations to complete the model. A clot was
determined to occur when the concentration of the blood protein fibrin, determined from the constitutive equations, exceeds 600 nM at a location. Clot growth,
propagation, and lysis could all be tracked with this model.
Several limitations were identified in the model by Anand including: incomplete
biochemical reaction models, rudimentary rheological model, and the oversimplification of both the blood and clots being modeled as rate-type, shear-thinning viscoelastic fluids with very similar constitutive structure. An additional limitation
was the model appears to only have been applied to extremely simple flow fields:
a thrombogenic plane in a quiescent plasma and a time varying, fully developed
Poiseuille flow of blood in a cylinder. The addition of the viscoelastic formulation, along with the reaction-convection-diffusion equations greatly increased the
computational expense and could adversely effect algorithm stability.
In summary, the literature demonstrates that platelet activation is a much more
understood phenomena than platelet deposition, and several mathematical models
have appeared in the literature allowing the prediction of in vivo platelet activation in various flow configurations. Despite a few attempts to quantify platelet
deposition and aggregation appearing in the literature for simple flow configurations, a knowledge gap exists in the understanding of the physical process occurring
during platelet deposition, particularly in highly unsteady and complex flow configurations.
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2.6.2

Hemolysis Modeling

Red blood cells are the largest constituent of blood, having a typical lifespan of
120 days. Hemolysis refers to the premature damage of red blood cells; which in
heart assist devices is typically due to mechanical stresses. Excessive hemolysis
can lead to anemia and toxic levels of plasma-free hemoglobin, potentially leading
to multiple organ failure. Red blood cells are viscoelastic biconcave disks which are
able to tolerate high shear stresses for short durations without hemolysis occurring [92]. An exposure time of more than 0.1 ms to a shear stress of 10,000 dyn/cm2
as well as a 100 s exposure to a shear stress of 1,500 dyn/cm2 can induce red blood
cell lysis [38]. Baldwin [35] concluded that exposure to shear stresses above 1,5004,000 dyn/cm2 were undesirable. Above 10 s−1 shear rate the RBC looses its
biconcave shape and the cell membrane begins to stretch and develop pores, releasing hemoglobin into the blood stream [16, 93]. Catastrophic hemolysis occurs
at an approximate strain rate of 42,000 s−1 , below this level the RBC will gradually
return to its original shape when the shearing force is reduced [16, 93].
In vitro hemolysis tests provide global time and space averaged estimates of
hemolysis by treating the blood pump as one complete unit [16]. Therefore, it can
be difficult to isolate the fluid dynamic causes of the hemolysis. CFD provided the
opportunity to obtain detailed flow field information which aided in the prediction of hemolysis. Several computational models have been developed to estimate
hemolysis as a post-processing step. However, most computational hemolysis models have thus far been limited to the prediction of hemolysis occurring in steady
flows.
Most investigators model hemolysis using a power law relationship between
shear stress and exposure time. The shear stress tensor is commonly transformed
into an equivalent scalar value using the Von Mises criterion [9, 46, 49, 50, 91, 94]:

s
σv =
s
σv =

(σ1 − σ2 )2 + (σ2 − σ3 )2 + (σ1 − σ3 )2
, or
2


2 + τ2 + τ2
(σx − σy )2 + (σy − σz )2 + (σx − σz )2 + 6 τxy
yz
xz
.
2

(2.3)
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Where σ1 , σ2 , and σ3 are the principal stresses.
Some authors choose to use the normalized Von Mises criterion [9, 46, 49, 91],
√
where equation 2.3 is divided by 3, as the Von Mises criterion has been found
to overestimate the experimental strain rate [95]. Results have shown that for
comparative device studies the choice of scalar strain models is irrelevant, so long
as consistency is maintained [95].
The majority of researchers have chosen to model hemolysis as a function of
shear stress and exposure time. Other authors have instead chosen to model hemolysis as either a function of energy dissipation rate and exposure time or as a function of strain rate and exposure time. In the following sections the experimental
basis for the common hemolysis models will be discussed along with computational
methods utilizing both particle tracking and transport equations.
2.6.2.1

Experimental Observations

Giersiepen [87] developed a model relating the hemoglobin release associated with
RBC damage with time exposure to steady shear stresses. The data was obtained
using a Couette-viscometer to precisely control the shear levels and exposure times.
A power law correlation (equation 2.4) for the hemoglobin release was developed
and fit to the data taken for shear stresses up to 255 N/m2 and exposure times up
to 700 ms. These curve fits were extrapolated down to the zero stress and time
exposure levels, a range where few experimental measurements existed. Finally,
Giersiepen applied the mathematical model to in vitro investigations of 25 different
aortic valves during the systolic ejection process.
D=

∆Hb
= C σva tb
Hb

(2.4)

Where C = 3.62 × 10−5 , a = 2.416, and b = 0.785.
2.6.2.2

Streamline Tracking Models

Apel [49] computed a scalar stress value using equation 2.3. The scalar shear field
was then assessed for hot spots of potential blood damage in a rotary blood pump.
This method neglected the effects of exposure time on hemolysis, which required
Lagrangian particle tracking. A Lagrangian method of particle tracking was further
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implemented to access the RBC time history of shear stress and Reynolds stress
exposure.
Yano [46] used the Giersiepen power law relationship to evaluate the hemolysis
occurring inside a rotary LVAD. The scalar stress values were computed at each
computational node and blood element shear stress histories were determined along
937 streamlines released at the inlet of the domain. Finally, equation 2.4 along
with the data from the particle traces related the shear stress and exposure time
to an estimate of level of hemolysis.
Gu [50] compared the performance of four published power law models and a
fifth energy dissipation model developed in the paper. Experimental results were
compared to the computational results. Gu also modified the five models to allow
for repeated passages through the stress field to account for the streamlines passing
through the device multiple times during the test period, as would occur in a closed
loop. In general, it appeared that better agreement to the experiments was seen
using the modified shear stress models.
The first two shear stress models, in the paper by Gu, used the power law
relation of equation 2.4. For the first model the constants C, a, and b were set
equal to 3.62 × 10−5 , 2.416, and 0.785 respectively, as done by Giersiepen [87].
The second model used the constants proposed by Heuser, setting the constants
to 1.8 × 10−6 , 1.991, and 0.765 respectively [96].
The third and forth models used a differential form of the power law developed
by Grigioni [61].

D=d

∆Hb
Hb



= a × C × σva−1 × tb dt.

(2.5)

The constants for models 3 and 4 were the same as those used for the Giersiepen
and Heuser models respectively.
The final model used the energy dissipation rate (EDR) as the damage function,
defined as:
EDR = µ{[(∆U ) + (∆U )T ] : (∆U )}.

(2.6)

The damage index was then defined as the EDR multiplied by the exposure time.
Four test devices were used to evaluate the models, a hemoresistometer, a

55
spinning disk, a capillary tube, and a concentric cylinder. Between 50 and 500
streamlines were created for the flow fields of each device. The shear stress (or
energy dissipation rate) and exposure time were integrated over the length of each
streamline, for each blood damage model. The streamline hemolysis indices were
then averaged among the streamlines to determine a hemolysis index for the device.
Arora [16, 93] developed a tensor based hemolysis model, which estimated the
deformation of the red blood cells, using steady shear flow experiments to correlate
the red blood cell strain to blood damage. The model predicted that red blood
cells experiencing high levels of shear for very short durations may not deform
considerably, resulting in negligible hemolysis. The level of blood damage was
summed along streamtraces, in a similar manner to the stress-based methods. The
stress-hemolysis model of Giersiepen (equation 2.4) was again used, with σ being
replaced by an effective stress determined from the strain occurring in the red
blood cells.
Arora’s tensor model treated the RBC as a neutrally buoyant liquid droplet. It
was assumed that the instantaneous rate of hemolysis depended on the instantaneous shape distortion of the RBC. A red blood cell at rest is a biconcave disc of
a membrane filled with a Newtonian liquid. At low shear stresses the RBCs preserve their biconcave shape and tumble with the flow. At higher shears the RBCs
begin to align with the flow. At still higher shear rates, the RBCs deform into an
ellipsoidal shape and exhibit a phenomenon called tank treading, where the membrane rotates around the enclosed fluid [16, 93]. Eventually at a high enough shear
rate, the RBC will begin to hemolize, releasing hemoglobin through the cell membrane. The model by Arora was an attempt to account for the different physical
phenomena characteristic of the deforming RBC.
The model relates the instantaneous RBC deformation with a scalar stress
corresponding to an equivalent steady shear flow deformation. The frame invariant
equation governing RBC deformation is given below as:

h
  i


¯
¯
¯ ◦ = f S̄
¯ − g S̄
¯ ¯Ī + f ¯ · S̄
¯ + S̄
¯ · ¯ + f W̃
¯ − S̄
¯ · W̃
S̄
· S̄
1
2
3
¯ ◦ is the Jaumann derivative defined as:
Where S̄

(2.7)
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¯ 
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¯ · S̄
¯ − S̄
¯ · Ω̄
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S̄
dt

(2.8)

  3 III
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.
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(2.9)

and

¯
¯ and W̃
Ē
are the rate of strain and relative vorticity tensor respectively.
¯ =
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2

(2.10)
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¯ and II and III are the second
Where e˜i is the rotating frame unit eigenvector of S̄
¯:
and third invariants of S̄
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2

(2.14)

The first term of equation 2.7 modeled the droplet shape recovery, the second
the nonaffine deformation of the droplets, and the third the tank treading motion.
The constants f1 , f2 , and f3 were set as 5.0 s−1 , 1.25 × 10−3 , and 1.25 × 10−3
respectively, based on experimental data. The three constants incorporate RBC
membrane relaxation time (200 ms), tank treading, and critical strain limit into
the model.
Instantaneous RBC deformation was computed using the max and min eigen¯ as:
values of S̄
D=

(L − B)
.
(L + B)

(2.15)
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Where L and B are the droplet lengths.
The model was completed by differentiating equation 2.4 by time and inserting
the strain equivalent stress:

d
dt



∆Hb
Hb



s
= 2.8417 × 10−7

µblood

f1 D2
1 − D2 f22

!2.416
∆t−0.215 .

(2.16)

Finally the hemolysis was computed along a pathline by integrating the rate of
hemolysis correlation (equation 2.16).
Auora [93] implemented a forward Euler scheme combined with a wall repelling
force to determine 271 particle paths through a 3D unsteady centrifugal blood
pump. Particles were released at every 18◦ of rotor rotation to assess variations in
hemolysis due to unsteadiness. The strain based model was compared with a stress
based approach 2.4 and found to match experimental data very well, whereas the
stress model over-predicted the hemolysis.
2.6.2.3

Transport Equation Models

Fourgeau and Garon [97] proposed a mathematical model to assess hemolysis by
assuming the rate of hemolysis depended upon the instantaneous stress, exposure
time, and damage history. A hyperbolic advection equation was developed by the
authors to assess a linearized damage function DI .
The authors began with a standard hemolysis power law formulation for the
blood damage index of the form,
D = Cσvβ tα .

(2.17)

The equation was then linearized in time to yield the linearized damage index,
DI = D1/α = C 1/α σvβ/α t.

(2.18)

Differentiation of equation 2.18 by time and application of the definition of the
material derivative to transform from the Lagrangian to the Eulerian frame yielded
the hyperbolic advection equation,

58

d
DI =
dt



∂
∂
+ ui
∂t
∂xi



DI = C 1/α σvβ/α = σ̂.

(2.19)

This equation predicted the linearized damage index at any spatial and temporal
location in the flow field based on the spatial and temporal scalar shear stress. In
developing equation 2.19 the following hypotheses were invoked: (1) the equation
applies to a material volume along a streamline and describes the damage evolution of the blood inside this material volume and (2) the equation applies to any
material volume [94, 95].
Garon and Farinas [94, 95] simplified the hyperbolic model by assuming that
the flow field was time independent, thereby avoiding the costly resolution of the
hyperbolic damage equation 2.19. Thus a single, global linearized damage index
was obtained as,
1
D̄I =
Q

Z
σ̂dV.

(2.20)

V

The damage index was then obtained from the linearized damage index by the
following equation,
D = D̄I

0.785

.

(2.21)

Finally, to compare against global blood damage indices obtained by in vitro
hemolysis measurements, the modified index of hemolysis (MIH) and normalized
index of hemolysis (NIH) were defined as:
M IH = D × 106 ,

(2.22)

N IH = Hb × D × 100.

(2.23)

Equations 2.22 and 2.23 were claimed to be valid so long as the quantity of plasma
free hemoglobin was small in comparison to the total hemoglobin. The timehemolysis relationship was stated to be linear on the macroscopic level of an experimental loop (though nonlinear within the device itself). The time history of
plasma free hemoglobin would be primarily linear until a point was reached where
the majority of the red blood cells in the test fluid had been damaged.
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Contrary to other methods, the use of streamtraces was not relied upon, thereby
eliminating a major source of uncertainty and permitting automation of the model.
The accuracy of the model was assessed by a standard grid convergence analysis.
The method provided a framework suitable for use with any present or future
power law model (i.e. equation 2.4 and 2.5 ).
Garon choose the model by Giersiepen (equation 2.4) for the initial derivation
of their method, where C = 3.62 × 10−7 , β = 2.416, and α = 0.785. The damage
index was expressed as a normalized fraction (ranging from 0 to 1) as compared
to equation 2.4, where the level of hemolysis is expressed as a percent damage
(ranging from 0% to 100%, thus the two orders of magnitude difference in the
constant C between the models.
As with experimental measurements, the computational global MIH can not be
used to identify the sources of red blood cell damage, only the cumulative effect.
The accuracy of the hemolysis prediction was grid dependent, as the MIH value
was dependent on the accuracy of the calculation of the shear stress, particularly
near the walls. A simple 3D geometry was found to necessitate about 1.5 million
grid points to obtain a grid-independent MIH.
Farinas and Garon [95] later proposed a modification to their original model
to ensure proper asymptotic behavior, i.e. the computed damage can not exceed
100% and previously damaged cells can not be redamaged inside of a closed in
vitro loop.
Equation 2.19 was modified to obtain the modified linearized damage index,


∂
∂
+ ui
∂t
∂xi





D̂I = σ̂ 1 − D̂I .

(2.24)

The authors point out that this modification is particularly useful if locally solving
the hyperbolic equation for the damage field.
The evaluation of blood damage is an important aspect, influencing the design
of mechanical blood handling equipment. The above models for thrombus formation and hemolysis were derived from experimental measurements of steady flow
fields and were applied to steady flow simulations. A blood damage model has yet
to be developed that can accurately predict the clinical levels of thrombosis and
hemolysis for a time varying, pulsatile, positive displacement type blood pump.
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2.7

Non-Newtonian Blood Rheology Modeling

Blood is a mixture of multiple constituents: red blood cells, white blood cells,
platelets, etc., which are suspended within plasma. The plasma itself exhibits a
Newtonian behavior. The cellular matter forms approximately 45% of the volume
of human blood and consists primarily of red blood cells. The hematocrit is the
measure of the cellular content of blood. The shear thinning nature of blood is
related to the tendency of RBCs to form rouleau aggregates at low shear, where
the RBCs are stacked in a coin stack fashion [98]. At increased shear, the rouleau
break apart, causing the RBCs to loose their ability to store elastic energy and the
blood begins to behave like a Newtonian fluid.
The non-Newtonian behavior of blood can be in the form of three distinct behavioral effects: shear thinning, thixotropy, and viscoelasticity. Shear thinning
describes the decrease in fluid viscosity observed as a fluid’s shear stress is increased. Human blood can display marked shear thinning behavior at shear rates
below 100 s−1 in steady viscometric flows [99]. At shear rates above 500 s−1 blood
is often treated as Newtonian.
The Navier-Stokes equations assume that the viscous shear stress tensor is
linearly related to the strain rate tensor through the fluid viscosity:
τ̄¯ = 2µ¯

(2.25)

For a Newtonian fluid the viscosity (µ) is a constant value.
The simplest shear thinning non-Newtonian blood models alter the fluid viscosity so that it becomes a non-linear function of strain rate (µ = µ (¯)). There
are several models of this type found in the literature, including the: power law
model [100], Carreau model [100], Walburn-Schneck model [100], Casson model [100],
and the Bingham model [101]. These non-Newtonian models are typically based
on curve fits of experimental data and are commonly referred to as Generalized
Newtonian models.
Johnston [100] found that the Carreau model provided good agreement in simulations of the right coronary artery. The Carreau model provides the following
correlation for viscosity:
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(n−1)/2
µ = µ∞ + (µ0 − µ∞ ) 1 + (λc γ̇)2
,

(2.26)

where Johnston chose the following constants for blood: λc = 3.313 s, n = 0.3568,
µ0 = 0.56 Poise, and µ∞ = 0.0345 Poise.
Figure 2.6 shows the Carreau model plotted against experimental data [102] for
the shear rate dependence of 45% hematocrit blood viscosity. Above 100 s−1 strain
rate the blood displayed little shear thinning. Below 10 s−1 the blood viscosity
was more than twice the Newtonian viscosity.

Figure 2.6. Shear thinning behavior of 45% hematocrit blood.

A thixotropic fluid is similar to a shear thinning fluid except that a thixotropic
fluid becomes less viscous as a function of time; the longer a fluid undergoes shear,
the lower its viscosity. A thixotropic fluid takes a finite amount of time to reach an
equilibrium viscosity when a step change in shear rate is introduced [103]. Blood
has been observed to demonstrate thixotropic properties due to its slow recovery
from shear degradation [104].
The final non-Newtonian effect observed in blood is viscoelasticity. A viscoelastic material exhibits both elastic and viscous properties. Viscoelastic fluids are said
to have memory in the sense that the current state of the fluid element is dependent on the previous history of the same fluid element and not on the state of the
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neighboring elements [105]. Viscoelastic fluids also exhibit “fading memory”; the
deformation history of the distant past has a weaker influence on the fluid than
that of the recent past [106].
One viscoelastic non-Newtonian model is the Oldroyd-A and -B fluid models [105]. The various viscoelastic models have been primarily developed and used
in the study of polymer mixtures and to a lesser extent blood flows. These models
solve a constitutive transport equation for shear stress τ̄¯ , in addition to the momentum and continuity equations. The constitutive, momentum and continuity
equations expressed in non-dimensional terms for the Oldroyd model are [107]:



∂ τ̄¯
+ (~u · ∇) τ̄¯ + βa (τ̄¯ , ∇~u) + τ̄¯ − 2α ∇~u + ∇~uT = 0
We
∂t


∂~u
+ (~u · ∇) ~u − ∇ · τ̄¯ − (1 − α) ∆~u + ∇p = ~f
Re
∂t


(2.27)

∇ · ~u = 0.
W e is the Weissenberg number defined as:
We =

λU
,
L

(2.28)

where λ is the fluid relaxation time, α is the fraction of viscoelastic viscosity
(α ∈ [0, 1]), and βa is defined as:

βa (τ̄¯ , ∇~u) =

 1+a

1−a
τ̄¯ ∇~u + ∇~uT τ̄¯ −
∇~uτ̄¯ + τ̄¯ ∇~uT .
2
2

(2.29)

The constant a has a value of -1 for the Oldroyd-A model and 1 for the Oldroyd-B
model.
The Oldroyd and other viscoelastic models (i.e. Maxwell [108], Giesekus [109],
Phan-Thien and Tanner [110], etc.) provide a viscoelastic model for non-Newtonian
fluids; however, the solution of the modified equation set (equation 2.27) is substantially more expensive as six additional equations are introduced by the constitutive equation. Also, stability of the numerical algorithm can be an issue when a
viscoelastic model is introduced.
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In terms of biological blood flow analyses, viscoelastic models have been applied
to only the simplest of configurations. To the best of this author’s knowledge a
viscoelastic, rate-type model has not been applied to the three-dimensional analysis
of an LVAD.

Chapter

3

Computational Methods
A computational fluid dynamics model was developed and applied to the 50 cc Penn
State LVAD to aid in device design development. The predictions were validated
against available in vitro mock circulatory loop data. The CFD solutions were used
to determine the fluid shear stresses, which in turn were of principle importance
to hematologically optimizing the design. The validated CFD model could then
be used to investigate design modifications such as geometry, valve type, valve
orientation, flow rate, beat rate, flow waveform, etc., with experimental models
only being built for select cases. A CFD model could also be used to obtain flow
details not available or difficult to obtain through traditional experiments.
The analysis methodology was developed as described in this chapter, with
subsequent design analyses adding to the complexity and physical accuracy of the
model. First, a steady analysis of an LVAD, with the valves in the fully opened
position, was computed as a means of assessing the effects of mitral valve orientation. Second, to provide design support, a time dependent methodology was
developed to study the physiological pulsating LVAD in a physically realistic manner. Finally, the potential for cellular level blood damage, in particular thrombus
deposition, was assessed as a measure of classifying the device performance.

3.1

Model Geometry

The 50 cc Penn State LVAD is a fully implantable positive-displacement type
pump containing two valves and one pusher-plate. Several design variants were
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developed and analyzed using CFD. Two specific variants were chosen for in-depth
CFD evaluations, hereby referred to as design-V0 and design-V2, while a minimal
amount of CFD was performed on design-V1 and design-V3. Figure 3.1 shows the
design variants for the 50 cc device. Most of the modifications focused on changes
to the mitral and aortic ports while the chamber remained relatively unchanged;
the exception was design-V1, where a dome was added on the stationary front
face opposite the piston. The primary difference between design-V0 and designV2 were the placement of the mitral and aortic ports relative to the piston. When
viewed from the side (figure 3.1b), design-V0 placed the ports nearly in line with
the blood pump chamber, such that the flow entered the chamber nearly parallel
to the piston. Design-V2 moved the ports away from the piston so that the flow
entered the chamber in a direction more perpendicular to the piston.
The designs were built to the following specifications. Bjork-Shiley monostrut valves were primarily used in both ports to maintain the uni-directional
flow through the device. The mitral port contained a 23 mm valve and the aortic
port contained a 21 mm valve. The Bjork-Shiley valves had a 70 degree maximum opening angle. The aortic valve was fixed at a 0 degree orientation while
the mitral valve varied from 0 to 45 degree orientations. The valves in their 0
degree orientation were positioned such that the valve leaflet pivot axis was perpendicular to the pusher-plate face and flow was directed toward the outer walls.
When looking downstream through the mitral port the valve angle was measured
counterclockwise from the perpendicular position. Figure 3.2 shows the blood sac
for design-V0 containing Bjork-Shiley mono-strut valves, with the mitral valve at
both 0 degree and 45 degree orientations. A CFD analysis was also performed
with Carbo-Medics bi-leaflet valves inserted into both ports in design-V1.
For all design variants the chamber was 18.8 mm thick and the pusher plate
diameter was 6.35 mm. The stroke length and beat rate determined the flow rate
through each device, with the stroke length nominally being 15 mm, yielding a
device volume displacement of approximately 50 cc. In vivo, a thin polyurethane
liner was inserted into the chamber to act as the blood contacting surface and
isolate the blood from the mechanical components of the device 3.2. In vitro
experiments attached a clear acrylic model to a mock circulatory loop (described
in section 2.5.1), with a polyurethane cap covering and sealing the piston [18, 19,
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(a)

(b)

Figure 3.1. Design variations for the 50 cc PSU LVAD, (a) front view and (b) side
view. Mitral ports located on the right side when viewed from front. Piston located
behind the device in (a) and to the right in (b).

25, 36, 37, 39].

3.2

Flow Code

The computational analyses used the commercial unstructured CFD code AcuSolveT M from Acusim Software Inc. to solve the incompressible time accurate
conservation of mass and Navier-Stokes equations, shown in dimensional form in
equation 3.1.
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(a)

(b)

Figure 3.2. LVAD diaphragm geometry showing the fully opened valve position with
(a) the mitral valve in a 0◦ orientation and (b) the mitral valve in a 45◦ orientation.

∇ · ~u = 0,
ρ

∂~u
+ ~u · ∇~u = −∇p + µ∇2 ~u.
∂t

(3.1)

AcuSolveT M is a finite element CFD solver [101] which is based on a Galerkin/LeastSquares formulation, is second-order accurate in space and time, and supports
a variety of element types [111, 112]. In addition, it uses a fully-coupled pressure/velocity iterative solver and a generalized alpha method as a semi-discrete
time-stepping algorithm [113]. The solver permits parallel implementation, shearthinning non-Newtonian fluids, porous media, and customized boundary conditions. AcuSolveT M also contains a native fluid-structure interaction (FSI) capability along with a Discontinuous Galerkin method for sliding mesh simulations.
AcuSolveT M can account for relative motion between grid components by either
a sliding mesh method or an Arbitrary Lagrangian Eulerian (ALE) technique. The
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sliding mesh technology accounts for relative motion between two solid surfaces by
permitting two meshes to slide relative to one another. The major limitation is that
the interface between the two non-matching meshes must remain coincident within
a tolerance. The solution is then interpolated between the matching interfaces.
This capability was primarily developed to solve relative motion problems commonly found in rotating machinery. An additional option found in AcuSolveT M ,
allows the specification of varying boundary conditions based on the presence of
an interface. The interface permits continuous flow across the boundary when a
matching interface is found and acts as a solid wall when a matching interface is
not found.
Mesh movement can be accomplished using the built in ALE technology. The
ALE method distorts and redistributes the computational mesh as a solid body
undergoes motion. However, the range of grid motion is limited by grid quality
constraints of the deformed grid. The motion of any solid surface can either be
prescribed using a user defined function or can be calculated based on the flow
field and material properties using the FSI capability found in AcuSolveT M .
The turbulence models available in AcuSolve are the one equation SpalartAllmaras RANS turbulence model, Detached Eddy Simulation (DES) using a hybrid Spalart-Allmaras/LES model, Smagorinsky LES model, and dynamic sub-grid
LES model. AcuSolveT M can also be executed in a DNS mode, where no turbulence
models are employed and the Navier-Stokes equations are solved directly.
AcuSolveT M contains several shear-thinning non-Newtonian models, with powerlaw, Bingham, and Carreau models built into the code. Users can also specify
user-defined shear-thinning models using the user-defined function capability.

3.3

Grid Generation

Gridgen from Pointwise, Inc. was used to create all of the CFD meshes for the
current work. Meshes for both the steady and unsteady simulations utilized a near
wall spacing of 10−3 inches, chosen based on Kolmogorov length scale approximations. The computational meshes were simplified to a degree in the vicinity of the
valves. The occluder and outer housing of the Bjork-Shiley valve were gridded;
however the occluder support struts were not included in the initial models. The
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exception was the design-V2 and a portion of the design-V1 models where all the
valve details were included.
For each mesh, the inlet of the computational domain was located seven inlet
diameters upstream of the mitral valve. Due to the longevity of the wake emanating
from the aortic valve, the outlet was located fifteen inlet diameters downstream
of the aortic valve, placing the outlet boundary condition well downstream of the
flow unsteadiness occurring at the aortic port.
The flow simulations used unstructured meshes containing tetrahedral, brick,
and pyramid elements. A thin layer of brick elements was built near each solid
surface to achieve adequate near wall resolution typical of a RANS mesh, while
a combination of tetrahedral, brick, and pyramid elements was used to fill the
complicated geometry between the wall resolution layers.
The steady simulations used a mesh containing approximately 3.9 million grid
points and 6.5 million cells. The unsteady computations used baseline meshes
ranging from approximately 550,000 points (1 million cells) for designs V0, V1,
and V3 up to 1 million points (2.7 million cells) for design-V2. A grid study was
also computed for design-V2 containing 300,000 points for the coarse mesh and 3.5
million points for the refined mesh. Figure 3.3 shows the baseline meshes for the
unsteady design-V0 and design-V2 analyses.

3.4

Fluid Properties

The fluid properties were chosen to match the blood analog fluid used in the in
vitro experiments, which in turn was intended to match the behavior of blood.
The steady flow analysis used sodium iodide as the test fluid, which exhibited a
Newtonian behavior with a kinematic viscosity of 4.28 cStokes. This resulted in
a flow Reynolds number, based on the mean inlet velocity and inlet diameter, of
1,300 at a flow rate of 5.0 LPM.
The pulsatile in vitro and computational experiments used a mixture of, by
weight, 50% sodium iodide, 34.47% water, 15.5% glycerin, and 0.03% Xanthan
Gum as the working fluid. This fluid was non-Newtonian, approximating a 40%
hematocrit blood sample, with a kinematic viscosity of 4.3 cStokes and a refractive
index of 1.49, matching that of the in vitro model. The majority of the CFD
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(a)

(b)

Figure 3.3. Unstructured meshes used for the pulsatile analyses, (a) design-V0 mesh
containing approximately 550,000 points and (b) design-V2 mesh containing approximately 1,000,000 points and including valve support struts.

analyses ignored the non-Newtonian properties of the fluid. A Reynolds number
was computed based upon the average inlet velocity over one pulse and the inflow
diameter, yielding a pulse-average Reynolds number of 900 and a peak Reynolds
number of approximately 4,000 at a pump output of 3.5 LPM and 75 BPM.

3.5

Computational Simulations

Computational analyses were undertaken with the goal of developing a model to
predict the flow field over several pulsing cycles. The CFD results included both
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steady and unsteady analyses. Several simplifications and models were incorporated into these analyses, each of which will be described in this section.

3.5.1

Validation Process

The pulsatile computational simulations were validated by comparing the flow
fields against available experimental data. The comparisons primarily consisted
of qualitative comparisons with two-dimensional in vitro PIV data taken from the
50 cc model inserted into the mock circulatory loop. CFD and PIV data were taken
at measurement planes parallel to the pusher-plate, at locations ranging from 3 to
8 mm from the front stationary face of the LVAD. Additional extraction planes
were taken on the mitral and aortic port centerlines both parallel to the pusher
plate and perpendicular to the pusher plate. Figure 3.4 shows design-V2 extraction
planes at the 3, 5, and 7 mm chamber locations along with the port centerlines
extraction locations. Additional planes were extracted in the mitral port perpendicular to the pusher plate. The PIV data presented a 200 cycle phase averaged
flow field containing the two in-plane components of velocity. The CFD results
were instantaneous, taken from the third pulse cycle. Choosing the third cycle
reduced startup effects while limiting the duration of the computational effort.

Figure 3.4. Design-V2 CFD extraction planes located 3, 5, and 7 mm from the front
face of the LVAD, at the mitral and aortic port centerlines parallel to the pusher plate,
and through the mitral port perpendicular to the pusher plate at the port centerline and
5 mm inside of the port centerline.
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Computational wall strain rate was compared against PIV extracted wall strain
rate to gain a measure of confidence in the predicted wall strain. Mappings were
extracted along surface arcs at the mitral and aortic port centerlines and at the
chamber 3 mm plane, parallel to the pusher plate. Figure 3.5 shows the extraction
arcs for the ports. Each port was broken into four separate segments defined as
S1, S2, S3, and S4. The arrows in the figure define the arc marching direction
for each segment, which was important for defining the directionality of the strain
rate. Figure 3.6 shows the extraction arcs at the 3 mm plane. The S1 arc, located
beneath the mitral port, was the starting arc. The chamber arcs marched in the
clockwise direction.

Figure 3.5. Port wall strain rate extraction arcs located at the centerline of the mitral
and aortic ports, parallel to the pusher plate. Each port was broken into four segments,
the marching direction of each was indicated by the arrows.

The PIV strain rate was calculated using high-resolution two-dimensional velocity field mappings. The post processing algorithm determined the distance to
the wall and the in-plane velocity component tangential to the wall. The wall
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Figure 3.6. Chamber wall strain rate extraction arcs located at the 3 mm plane parallel
to the pusher plate. The marching direction of each arc was in the clockwise direction.

strain rate was then defined as:
γ̇ =

Vt
,
dw

(3.2)

where Vt is the wall tangential velocity and dw is the wall normal distance, estimated from the PIV measurements. This methodology should prove highly reliable
in regions where the flow is relatively two-dimensional, but will likely under-predict
the wall shear in highly three-dimensional regions of flow. The computational wall
strain rate for the PIV comparisons was defined as follows:
γ̇ =

∂u0
,
∂y 0

(3.3)

Where the velocity and coordinates are in a rotated coordinate frame aligned with
the principal axis.
To preserve two-dimensionality the velocity component through the plane was
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neglected and the velocity gradient was restricted to the 2D plane. The velocity
gradient tensor was directly output from AcuSolveT M , and a coordinate rotation
was performed on the tensor, rotating the velocity gradient tensor to the principle
axis.

3.5.2

Steady Analysis

The first series of calculations investigated the flow through the LVAD when a
steady, non-pulsatile flow was forced through the device by means of an external
pump. The piston was locked so the chamber was fully expanded and the valves
remained fully opened. The steady computational studies investigated the effects
of mitral valve orientation on the flow field within the LVAD chamber. A series of
computations were performed, the first removed both the mitral and aortic valves
from the analysis, while the remaining placed Bjork-Shiley valves into both ports.
The aortic valve was fixed at a zero degree orientation while the mitral valve was
oriented between 0 and 45 degrees in 15 degree increments (Figure 3.2).

3.5.3

Pulsatile Analysis

As stated, the goal of the CFD simulations was to perform a physically meaningful
analysis of the unsteady in vitro pump operation, in the most physically accurate
manner possible. The majority of the computations in the current research performed unsteady analyses of the full pumping cycle of the three-dimensional LVAD.
To model the pump operation it was important to account for both valve closure
and the motion of the piston. The computational method drove the flow through
the device using the motion of the piston. In this manner, the flow pulsatility was
developed by the combination of the valve and piston modeling.
3.5.3.1

Valve Closure Model

The need to maintain uni-directional flow, for the piston driven case, necessitated
a method of modeling the valve closure. In addition, the valve model allowed the
pump to obtain the proper diastolic and systolic behavior. During diastole blood
entered through the mitral port and was stored in the expanding chamber. During
systole blood was ejected from the compressing chamber through the aortic port.
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The valve model could vary in complexity and make use of any of the following
methods: a full moving grid simulation, an immersed-boundary type method, or
a binary type flow model (where the valve is either fully opened or fully closed).
For this research valve closure was modeled using a binary model, specifically the
variable viscosity model employed by Avrahami [9, 54, 82, 91] and Stijnen [12, 14].
Valve opening and closing was based on in vitro flow waveforms, with valve
timings chosen to reproduce the measured mitral and aortic flow measurements.
Valve opening and closure was specified to take approximately 10 ms. For the
cases with 200 and 400 time steps per beat, closure occurred over 3 and 5 time
steps respectively, with the valve viscosity multiplier linearly interpolated during
closure. The valves were gridded at the proper orientation and fixed in the fully
opened position for the duration of the analysis. To model valve closure, the fluid
viscosity in a region local to the valves was increased by 5,000 to 50,000, resulting
in greatly reduced velocity (i.e., approximately zero) through the viscously dominated, “closed” valve. This range of multipliers was found to be optimal for both
maintaining solution stability and minimizing regurgitant flow. Higher factors
reduced the backflow but adversely effected algorithm stability. Lower values resulted in excessive backflow through the closed valve. Figure 3.7 shows the regions
where the fluid viscosity was increased.
The valve modeling neglected valve rebound and leakage along with the dynamic effects of the valve motion. However, it was assumed that the dynamic
valve closure effects were of secondary importance in regards to influencing the
flow within the chamber, since the duration of opening and closing was short compared to the duration of systole and diastole [12, 14]. Also, the specific aim of the
analysis was to evaluate the effects of chamber design on the hemodynamics of the
device assuming the use of a commercial valve, not to design a valve, or optimize
an existing valve.
3.5.3.2

Piston Model

The motion of the piston drives the flow field and valve motion in a positive
displacement pump, the combination of piston and valve effects establishes flow
pulsatility. The piston model was refined throughout the computational analyses.
Two basic models were applied to simulate the piston. The first model did not
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Figure 3.7. Design-V2 geometry showing the regions of valve closure viscosity increase
in blue.

include any grid motion; instead the pulsatile flow was driven by a uniform, time
varying velocity condition applied to the piston face. The second piston model
used the deforming mesh capabilities found in AcuSolveT M to displace the piston
and vary the chamber volume.
The piston motion was simplified for several of the 3D pulsatile analyses. In
the actual blood pump the flow was driven by the volume change of the LVAD
chamber resulting from the piston motion. For the velocity boundary condition
piston model, the blood flow was driven by the injection/removal of blood volume
at the piston face, in a manner similar to Stijnen [12, 14]. This model eliminated the
need to account for the dynamic grid motion associated with the piston movement.
Instead, a velocity boundary condition was applied at the piston face, with the
applied velocity set equal to the piston velocity, as demonstrated in figure 3.8.
The flow pulse applied at the piston was based on experimentally measured inflow
and outflow flow waves, which were merged and curve fit using a Fourier analysis
to permit ease of implementation.
Design-V0 and design-V2 were also analyzed using a mesh displacement piston
model. Due to the differing port designs between the devices different methods
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were implemented to resolve the piston motion. For both models the piston was
displaced using a user defined input mesh-displacement function, based on the
experimental piston waveform. The grid points on the piston were displaced by
the full multiplier, the points at some distance greater than the stroke length
away from the piston were fixed, and the points within the stroke volume between
these two extremes were displaced by a linearly decreasing multiplier of the meshdisplacement function.
The piston motion was determined by integrating the piston velocity Fourier
series, taken from the experimental flow rates, to determine the piston position as
a function of time. Describing the piston motion in this manner allowed the in
vitro flow waveform to be reproduced computationally, including deviations in the
flow due to the liner separation from the piston and compliance chamber effects.
Directly imputing the piston motion would lose this effect.
Design-V0 was modeled using the Discontinuous-Galerkin/sliding interface capability of AcuSolveT M . This capability allowed the velocities to be continuous
across the displacement volume and stationary volume interface where appropriate. Design-V2 was modeled by simply displacing the entire chamber mesh while
not including a sliding interface boundary. This type of model was possible since
the piston did not cross into the mitral or aortic ports as occurred in design-V0,
where the ports were nearly in line with the chamber. The chamber was also
angled slightly such that the diameter of the bottom face was equal to the piston diameter. To account for the increased displacement volume resulting from
compressing the entire angled chamber the stroke length was shortened slightly
(by 5-10% depending on the operating conditions) to maintain the correct stroke
volume.
3.5.3.3

Boundary Conditions

Boundary conditions were set at both the inlet and outlet of the flow domain. The
steady analyses applied a slug velocity at the inflow based on the desired device
flow rate and a constant zero pressure at the outflow. The unsteady analyses set
the total pressure at the inflow boundary and the pressure at the outflow. The
inflow pressure was determined based on in vitro measurements, which yielded
approximately a mean static pressure rise of 80 mmHg with cycle fluctuations of
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(a)

(b)

Figure 3.8. Description of piston model for (a) the in vitro experiments and mesh
displacement piston model and (b) the velocity boundary condition model with Fourier
series velocity equation.

plus or minus 20 mmHg.
The velocity contribution to the total pressure at the inflow was negligible in
comparison to the static pressure contribution, so the inflow total pressure was
approximated as equal to the experimental static pressure. To achieve the 80 mm
average pressure rise, the inflow total pressure was set to zero, and the outflow pressure was set to 80 mmHg for all presented simulations. A test simulation added the
pressure fluctuations to the inflow boundary condition and yielded virtually indistinguishable velocity and strain rate fields in comparison to the constant pressure
rise condition.
3.5.3.4

Turbulence Modeling

Both the steady forced flow and the pulsatile full cycle simulations were computed
without a turbulence model; considered reasonable based on the low Reynolds
number of the flow, mean inlet Reynolds number (Reinlet ≈ 1000), and the questionable applicability of most turbulence models for computing near transitional
flows. It should be noted that the low Reynolds number combined with high grid
resolution should result in the simulations capturing the larger of the turbulent
eddy scales in the unsteady simulations.
The Kolmogorov length scale represents the range of the smallest turbulent
scales occurring in a flow field. This scale is a critical parameter in a DNS simu-
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lation and gives an estimate of the potential turbulence resolution in the current
simulations. The Kolmogorov length scale is defined as follows [114]:

η∼

ν3
ε

1/4
,

(3.4)

where ε is the energy dissipation rate and ν is the fluid viscosity. The energy
dissipation rate scaled as the cube of the velocity fluctuation over the turbulent
length scale.
ε∼

u3
.
l

(3.5)

Combining the equations,
−3/4

η ∼ l Returb ,

(3.6)

ul
.
ν

(3.7)

where
Returb =

A conservative estimate of the Kolmogorov length scale was computed based
on the peak diastolic jets through the fully opened mitral valve orifice. Based
on CFD results the peak velocity was approximately 1 m/s. As an estimate, the
turbulent fluctuation velocity (u) was taken as 0.3 Vpeak , giving u ≈ 0.3 m/s.
The characteristic turbulent length scale (l) was chosen based on the valve minor
orifice opening, giving l ≈ 1 mm. A fluid viscosity of 4.3 × 10−6 m2 /s yielded
a Kolmogorov length scale of 40 µm (0.0015 inches). This length scale was very
close to experimental estimates by Baldwin [35] for the 70 cc PSU LVAD during
peak diastole. This length scale is an order of magnitude larger than blood cells;
RBC’s have a diameter of 6-8 µm and platelets a diameter of 1.5-3 µm. This
potentially means that the turbulent Reynolds stresses may not play a large role
in cellular damage. However, Baldwin [35] found that during valve regurgitation
the Kolmogorov length scale decreased in size to be on the order of blood cells.
The estimated Kolmogorov length scale was smaller than the CFD mesh resolution. The wall spacing was very close to the Kolmogorov length scale for even the
coarsest meshes, however the stream wise spacing along the wall was significantly
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larger. Even in the highest resolution meshes, the interior cell spatial dimensions
in the valve region were an order of magnitude larger than the Kolmogorov length.
The cell dimensions within the LVAD chamber were even larger than the valve region, though the characteristic length should be larger and the turbulent velocity
smaller, increasing the size of the Kolmogorov length scale within the chamber.
Based on Kolmogorov estimates it should be reasonable to assume that the
computations were resolving some larger turbulent scales while missing the majority of the smaller scales. This is particularly true since the Kolmogorov length
should become larger as the flow rate decreased from peak diastole. Finally, it
should be noted that turbulent statistics were not computed to estimate the level
of fluctuations occurring within the device or to determine the mean flow field and
Reynolds stresses. This would have required the computation of a large number
of device cycles and was beyond the scope of this work.
For completeness the one equation Spalart-Allmaras turbulence model was also
used in a test simulation to investigate the effects of a RANS model on the flow
field. It should be noted that the low Reynolds number internal flow found in the
LVAD was well outside of the range of flows for which this model was developed.

3.6

Hemodynamic Evaluation

The flow field occurring within a blood handling device is an important factor
in determining the level of blood damage potentially occurring. Hemolysis and
thrombosis are the major forms of blood damage typically observed, with both
being strongly influenced by the fluid shear occurring both at the wall and in the
flow field. High shear can result in hemolysis and platelet activation, whereas
low wall shear can result in platelet deposition and thromboembolism. Based on
experimental observations along with the lower levels of shear and flow stagnation
observed in a PDP LVAD in comparison to a rotary device, the major concern
in the PSU LVAD was platelet activation and deposition, whereas the primary
concern in a rotary device is typically hemolysis. To date the critical limits where
these phenomena may occur have been only roughly quantified. This is principally
due to a knowledge gap due to a lack of experimental observations relating cell
damage to the flow physics.
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3.6.1

Blood Damage Modeling

Fluid strain rates were used to identify regions of flow separation and/or low wall
shear stress. An equivalent scalar strain based on the Von Mises criterion was
computed to conveniently assess the stress tensor in a more manageable scalar
form.

3.6.2

Scalar Strain Rate

The fluid stress is an important factor determining the hemodynamic performance
of the LVAD. The fluid shear is known to influence the levels of both hemolysis
and thrombosis. For a Newtonian fluid shear stress τij is linearly related to the
strain rate ij through the fluid dynamic viscosity µ (shown in equation 3.8).

τij = 2µij = µ

∂ui ∂uj
+
∂xj
∂xi


(3.8)

The strain rate is composed of the velocity gradients and is shown in equation 3.9
using tensor notation.
1
ij =
2



∂ui ∂uj
+
∂xj
∂xi


,

(3.9)

where xi and ui are the Cartesian coordinate and velocity component in the ith
direction, respectively.
For non-Newtonian fluids, the fluid properties and the stress-strain closure are
much more complicated, whereas for Newtonian fluids, shear stress and strain rate
can be used interchangeably. Strain rate is useful when discussing non-Newtonian
fluids, because it can be calculated directly from PIV data, in which case the
viscosity and thus the shear stress can be difficult to determine.
The second order strain rate tensor can be simplified by converting the tensor
into an equivalent scalar value. This can be done by invoking the Von Mises
criterion used in solid mechanics. This method is commonly used to evaluate
blood damage and is described in section 2.6. The principal strain values (1 , 2 ,
3 ) can be determined by solving for the eigenvalues of the strain rate tensor, which
are then used in equation 3.10 to determine the scalar strain rate.
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1
γ̇ = √
3



1/2
1
2
2
2
(1 − 2 ) + (2 − 3 ) + (3 − 1 )
2

(3.10)

For a symmetric tensor equation 3.10 reduces to the following, which directly
contains the components of the strain rate tensor.

1
γ̇ = √
3

q

2xx + 2yy + 2zz − xx yy − yy zz − xx zz + 3 2xy + 2yz + 2xz



(3.11)

The above method can be used to compute a scalar value for any symmetric second
order tensor, therefore the same approach can be used when computing the scalar
shear stress.
The

√1
3

term was included based on the model by Bludszuweit [115]. The

appropriateness of this term can be evaluated by examining a fully developed flow
between infinite parallel plates. In this configuration, only the xy term would be
√
non-zero. Thereby, the Von-Mises criterion would return γ = 3xy . Thus, the
Von Mises criterion over-predicts the strain rate in this simple flow field by a factor
√
√
of 3. Based on this argument, for this work the 1 3 term was included when
calculating the scalar wall strain rate.

3.6.3

Thrombus Evaluation

The thrombogenicity of the device was evaluated for both platelet activation and
deposition. Activation was evaluated by assessing cellular exposure to shear stress,
particularly in the valve region. Thrombus deposition was evaluated by identifying
areas of consistent low wall shear. Non-biological surface materials have been found
to be more prone to thrombus deposition than biological surfaces.
3.6.3.1

Platelet Deposition Modeling

Platelet deposition is a surface related phenomena; the fluid dynamics occurring
at the surface in part determines the potential for nuclei growth. Platelet deposition experiments have shown that thrombosis depends in part on local wall shear
stresses and flow stagnation [88, 89].
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Experiments have shown that a critical wall shear rate exists for a given material where peak deposition occurs (γ̇peak ). Beyond this critical value thrombus
deposition decreases. It can also be inferred that a second critical value exists
above which thrombus formation will be negligible, due to adequate wall washing
(γ̇cutof f ).
Most in vitro thrombosis studies have been steady experiments, however it is
highly likely that exposure time also plays a role in deposition, in a manner similar
to platelet activation and hemolysis. One could reasonably expect that the longer
a surface is exposed to a shear stress exceeding γ̇peak , the better washed the surface.
Evaluating a steady flow field for regions of stagnant and low shear flow is
straight forward. For the case of a rotary device, where the flow is largely steady,
the exposure time would not be a factor. The steady wall shear could be evaluated
and design modifications could be implemented to correct undesirable features.
Evaluating wall shear stress as related to potential thrombus deposition for a
pulsatile flow becomes non-trivial, since the wall shear stresses can vary widely
throughout the cardiac cycle. A useful metric would remove the time dependency
and identify areas of minimal wall washing. Along these lines a thrombosis susceptibility potential (TSP) value was developed in this work to identify regions
of the wall surface where thrombus deposition would most likely occur. The potential measure required three inputs, chosen based on experimental observations:
a peak shear rate (γ̇peak ) where peak deposition was determined to occur, a cutoff shear rate (γ̇cutof f ) above which deposition would not occur, and an exposure
time (texposure ) in milliseconds needed per second of pump operation, necessary to
prevent deposition at γ̇cutof f .
The thrombus potential post-processing code linearly interpolated the extracted
wall shear in time. The potential function could range in value from negative infinity to one, with one designating a high potential for thrombus deposition and
lesser values indicating a decreased deposition potential. Equation 3.12 shows the
potential function equation.

T SP = 1 −

N
X
0

∆t γ̇w
e((γ̇w −γ̇peak ))/(γ̇cutof f −γ̇peak ) − 1
·
,
γ̇cutof f texposure
e1 − 1

(3.12)
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where N is the number of time steps per cycle and ∆t is the portion of the time
step that γ̇w > γ̇peak .
An exponential function was applied as a weighting parameter in determining
the potential contribution of a given wall shear, such that wall shears close to
γ̇peak would contribute little to lowering potential. To reduce the influence of short
duration, high shear bursts, a limiter was placed on γ̇w , where γ̇w was set to γ̇cutof f
if γ̇w exceeded γ̇cutof f .
The values of γ̇peak , γ̇cutof f , and texposure were chosen based on available literature [88, 89]. The lower strain rate limit, γ̇peak , was chosen as 500 s−1 based on the
criterion for peak deposition observed by Hubbell and McIntyre [88]. The upper
strain rate limit, γ̇cutof f , was chosen based on the findings of Balasubramanian [89],
who found that shear rates of 1000 s−1 had an inhibitory effect on platelet deposition on the tested polymers. The time scale, texposure , was chosen to be short in
comparison to the cardiac cycle. Multiple values of γ̇cutof f and texposure were applied to assess the sensitivity of TSP on these parameters. The constants chosen
for the model were applied outside of their range of experimental validity as they
were obtained for steady shear flows. Because of the physiological complexity and
limited amount of data regarding thrombus deposition it would be well beyond
the scope of this model to infer levels of in vivo thrombus deposition. Instead this
parameter should be used to determine the most likely nuclei sites, based on fluid
dynamic considerations, if deposition were to occur. In this manner, the pump designer could focus design modifications if device thrombus deposition was in fact
an issue in vivo. Secondly, the parameter could be used to quantitatively classify
design variants by providing a device thrombus potential.
Throughout this work the thrombus deposition was assumed to be directly
related to the time history of shear stress occurring at a location. This assumption
was the basis for the development of the thrombosis susceptibility potential. The
TSP provided a means to determine if a location was in danger of forming a
thrombus which in the future could embolize. To quantitatively rank the devices
it was presumed that the amount of thrombus formed was directly proportional to
the percentage of the surface area on which the potential was greater than zero.
Mathematically two operations were performed. First, the potential was clipped so
that the value never fell below zero, since according to the formulation the potential
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could fall in the range of values from negative infinity to one. As a second step, an
area weighted integral of the TSP was taken to evaluate the amount of thrombotic
surface area of the device. This “device-TSP” was then used to directly compare
the device variants.

Chapter

4

Computational Modeling and
Validation
The following chapter presents computational results for the 50 cc design variants. The four devices studied had the same mitral port, aortic port, and piston
diameters. The unsteady operating conditions were specified to mimic in vitro
test conditions, which were intended to closely model the in vivo operation. The
computational results were validated against in vitro PIV measurements when
available. The presented computational results were taken from the third pulse
cycle to reduce the effects of startup on the solution. The in vitro validation data
was phase averaged over 200 cycles.
The piston velocity (or piston motion for the compressing mesh cases) were
taken from in vitro measurements taken during the beat cycle. A continuous
equation was developed for the piston velocity by taking a Fourier transform of
the in vitro flow rate data to determine a minimum of ten levels of Fourier coefficients. Piston displacement equations were then developed by integrating the
piston velocity equation.
The results presented in this chapter generally include (but are not necessarily
limited to) the following computational plots: in-plane velocity magnitude contours at the 3, 5, and/or 7 mm planes, wall strain rate contours, and thrombosis
susceptibility potential (TSP). For most cases the computational data was plotted
at eight time steps corresponding to 6, 16, 26, 36, 44, 60, 76, and 90 percent of the
total pulse cycle, spanning the range from early diastole to late systole. Arrows
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were included in many of the flow velocity plots to illustrate the general direction
of the bulk flow.
This chapter will begin by presenting results for the various aspects of the physical modeling, including piston modeling, turbulence modeling, and non-Newtonian
modeling. Next a grid and time step study will be presented to determine the effects of resolution on the simulations. Finally, unsteady validation data will be
presented and compared against in vitro PIV measurements.

4.1

Physical Modeling

Several aspects of the physical model were studied in an effort to evaluate the
suitability of the modeling applied to the in vitro pump operation. The aspects
of the model that were evaluated included the method of piston modeling, the
turbulence modeling, and non-Newtonian fluid modeling. The following section
presents the results of the modeling study. All of the computational modeling
results, except for a portion of the piston modeling analysis, were computed on
design-V2 at a flow rate of 4.3 LPM and a beat rate of 86 BPM.

4.1.1

Piston Modeling

The quality of the piston model was evaluated by comparing the results obtained
using the available piston modeling techniques. Two geometric variations of the
device were evaluated using both a velocity piston boundary condition and a moving mesh method. Due to geometric constraints, design-V0 required the use of a
sliding interface boundary condition which separated the stroke volume from the
remainder of the chamber. The stroke volume was then compressed using a mesh
displacement technique. Design-V2 did not impose the same geometric constraints,
therefore the interface boundary condition was eliminated and the entire chamber
was compressed. The following section presents results, comparing the velocity
boundary condition model to the compressing mesh models.
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4.1.1.1

Design-V0

Design-V0 with Bjork-Shiley monostrut valves at a zero degree orientation was
computed at the in vitro operating conditions of 3.5 LPM at a beat rate of 75 BPM.
The simulations were performed using both a velocity boundary condition and
a sliding interface/compressing mesh method for the piston model. The sliding
interface was necessitated because the ports merged with the chamber side walls,
as opposed to the remainder of the design variants where the ports were shifted
toward the top face as seen in figure 3.1.
At the operating conditions, the mitral port had a peak Reynolds number
of 3,000 based on the mitral port diameter and the peak flow rate. Applying
equations 1.5 and 1.6 yielded a device Strouhal number and Reynolds number of
8.3 and 1,491. Figure 4.1 shows the flow waveform for the computations taken
from the in vitro validation data. This flow waveform had a diastolic ratio of 60
percent, where diastolic ratio was defined as:
R=

τd
.
τ

(4.1)

At a beat rate of 75 BPM, the pulse had a period of 0.8 s. The peak diastolic
flow rate (through the mitral port) at this condition was approximately 11 LPM,
whereas the peak systolic flow rate (through the aortic port) was approximately
13 LPM. A small period of regurgitant flow through the mitral port was evident
beginning at a time of 0.4 s. The piston flow line in figure 4.1 shows the flow rate
of the device based on the imposed piston velocity and piston surface area.
4.1.1.1.1

Velocity Boundary Condition Model

Design-V0 operating at a flow rate of 3.5 LPM and a beat rate of 75 BPM
was modeled using a time varying velocity boundary condition applied at the fully
expanded piston location. This velocity was uniform spatially over the piston face
and varied temporally.
Figure 4.2 shows the computational in-plane velocity magnitude contours at the
3 mm measurement plane. During early to mid diastole much of the aortic side
of the chamber was stagnant. Two high velocity inlet jets were observed during
mid-diastole (t = 0.128 and t = 0.208) which were directed toward the mitral side
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Figure 4.1. Flow waveform curve fit from experimental data for design-V0 operating
at 3.5 LPM and 75 BPM.

outer wall of the chamber by the valves. These in-plane mitral jets were strong
for design-V0 since the inlet port was closely in-line with the chamber, therefore
the through-plane flow should be comparatively small. A region of flow separation
was observed near the 3 o’clock position. During late diastole and early systole
a rotational pattern was developed in the chamber which aided in wall washing.
The stagnant region at the center of this rotational pattern was observed to move
during the cycle. Early systole was observed at a time of 0.480 s. Finally, during
mid to late systole the flow was ejected through the aortic port, and much of the
mitral side of the chamber contained stagnant flow.
Figure 4.3 shows the computational in-plane velocity magnitude contours at
the 7 mm measurement plane. The contours at this location closely resemble the
3 mm location. The primary difference was the 7 mm plane exhibited a much
weaker mitral port minor orifice jet.
Figure 4.4 shows the computational scalar wall strain rate contours. As ex-
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Figure 4.2. Design-V0 computational in-plane velocity magnitude contours at the 3 mm
plane for a flow rate of 3.5 LPM at 75 BPM. A velocity boundary condition was used to
model the piston motion.

pected the regions of high wall strain rate closely track with the high velocity jets
observed in figures 4.2 and 4.3. The areas of flow stagnation have near zero wall
strain rate, increasing local thrombosis susceptibility. The bulk of the high wall
strain rates (> 1000 s−1 ) were located in the mitral and aortic ports and in the
chamber between the 3 and 7 o’clock positions. The 12 o’clock position rarely
exceeded 500 s−1 wall strain, and therefore would likely be highly susceptible to

91

Figure 4.3. Design-V0 computational in-plane velocity magnitude contours at the 7 mm
plane for a flow rate of 3.5 LPM at 75 BPM. A velocity boundary condition was used to
model the piston motion.

thrombus deposition.
Figure 4.5 shows the TSP for design-V0 operating at 3.5 LPM and 75 BPM. Figure 4.5a applied much looser constraints than figure 4.5b, thereby demonstrating
less total thrombotic surface area. The blue areas were regions where thrombosis was unlikely to occur, whereas the red areas were possible thrombosis regions.
Large patches of high thrombus regions were observed on the chamber sidewalls

92

Figure 4.4. Design-V0 computational scalar wall strain rate contours during the operational cycle for a flow rate of 3.5 LPM at 75 BPM. A velocity boundary condition was
used to model the piston motion.

at the 3 o’clock, 6 to 9 o’clock, and 12 o’clock positions. The front face was also
highly thrombotic from the center of the chamber to the 12 o’clock outer wall
between the ports.
For this and subsequent cases, the thrombus potential of the inlet tube (upstream of the mitral valve) and the piston face should be ignored for several reasons.
First, the inflow boundary flow profile was likely not representative of the actual
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device inflow profile shape. Second, and more importantly, thrombus deposition
was only of concern if activated platelets were exposed to an area of low shear
stress. In the PSU LVAD most of the activation would occur in the high shear
stress region around the valves, therefore few activated platelets should be available for deposition in the mitral tube. The piston face should be ignored because
the piston model likely does not adequately capture the local flow physics near the
piston, since the model does not capture the liner shape change due to separation
from the piston face.

(a)

(b)

Figure 4.5. Design-V0 thrombosis susceptibility potential for a flow rate of 3.5 LPM
at 75 BPM, (a) γ̇peak = 500, γ̇cutof f = 750, and texposure = 20 ms, (b) γ̇peak = 500,
γ̇cutof f = 1000, and texposure = 45 ms. A velocity boundary condition was used to model
the piston motion.

4.1.1.1.2

Sliding Interface with Compressing Mesh Model

The same design-V0 case operating at 3.5 LPM and a beat rate of 75 BPM
was modeled using a sliding interface/compressing mesh piston model. This piston
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model incorporated the chamber volume displacement to more realistically model
the chamber flow. The interface boundary was necessary because the mitral and
aortic ports merged into the chamber within the piston stroke volume, causing
compression of the entire chamber to be unfeasible.
Figure 4.6 shows the computational in-plane velocity magnitude contours at
the 3 mm measurement plane. The flow patterns closely resemble the velocity
boundary condition simulations with several important differences. The mitral
jets were slightly stronger, particularly during early diastole (t = 0.128). Also, a
stronger and more developed rotational pattern was observed during late diastole
and early systole (t = 0.283, t = 0.352, and t = 0.480). The stronger chamber
rotation should serve to improve wall-washing and reduce thrombus deposition.
Finally, during early diastole and late systole the flow penetrated further into the
chamber, marked by the large region of mid-velocity flow (green contours) observed
in the chamber. The stronger rotational pattern and deeper flow penetration were
likely due to the effects of the small chamber thickness during early systole and
late diastole, where a volume flow of fluid was forced through a small compressed
chamber, whereas the velocity piston case forced the same volume flow of fluid
through the larger, fully expanded chamber.
Figure 4.7 shows the computational wall strain rate contours. The differences in
the wall strain rates resembled the differences in the velocity between the two cases.
Increased wall strain was observed throughout the cycle and device, particularly
at the 12 o’clock position and on the front face.
Figure 4.8 shows the TSP for design-V0 operating at 3.5 LPM and 75 BPM. As
expected based on the previous figures, the device showed substantially reduced
thrombus potential, particularly at the 12 o’clock position and on the front face.
Finally, it is important to note some issues that can be readily observed in
the current simulation. The interface boundary condition exhibited a moderate amount of localized noise in the solution when the chamber was near fully
compressed. It was thought that this was potentially due to an effect of the
Discontinuous-Galerkin method brought on by large cell size discrepancy across
the interface. This effect was most obvious at the t = 0.048 time step, when the
chamber was nearly fully compressed, and was most obvious in the strain rate plot.
Therefore, the results of the sliding interface case should be treated with caution

95

Figure 4.6. Design-V0 computational in-plane velocity magnitude contours at the
3 mm plane for a flow rate of 3.5 LPM at 75 BPM. A Discontin-uous-Galerkin sliding
interface/compressing mesh method was used to model the piston motion.

when drawing conclusions. The negative effects of the errors appear to be highly
localized to the corner of the interface, while no obvious effect can be seen in the
remainder of the flow domain. Section 4.1.1.2 will show a similar study performed
on design-V2 where the geometry of the device allowed the entire chamber to be
compressed without requiring the use of the Discontinuous-Galerkin/sliding interface method. That case also showed similar flow differences between the two piston

96

Figure 4.7. Design-V0 computational scalar wall strain rate contours during the operational cycle for a flow rate of 3.5 LPM at 75 BPM. A Discontinuous-Galerkin sliding
interface/compressing mesh method was used to model the piston motion.

models, i.e., stronger chamber rotation, deeper jet penetration, and reduced thrombus potential. Therefore, despite mild issues in the current solution, the results do
appear somewhat consistent with other observations.
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(a)

(b)

Figure 4.8. Design-V0 thrombosis susceptibility potential for a flow rate of 3.5 LPM at
75 BPM, (a) γ̇peak = 500, γ̇cutof f = 750, and texposure = 20 ms, (b) γ̇peak = 500, γ̇cutof f =
1000, and texposure = 45 ms. A Discontinuous-Galerkin sliding interface/compressing
mesh method was used to model the piston motion.

4.1.1.2

Design-V2

Design-V2 was computed for a flow rate of 4.3 LPM at a beat rate of 86 BPM. Both
ports contained a Bjork-Shiley mono-strut valve, with the mitral valve placed at a
30 degree orientation. The piston model was studied by simulating both a velocity
boundary condition piston model case and a compressing mesh piston model case.
Figure 4.9 shows the resultant flow rate based on the chamber compression
along with the chamber volume. The chamber was compressed in a manner such
that the resultant flow waveform closely matched the experimentally measured
waveform. The device had a 60 percent diastolic ratio, a peak diastolic flow of
11 LPM, and a peak systolic flow of 18 LPM. The operating conditions resulted in
a peak mitral Reynolds number of 3,000, a device Reynolds number of 1,865, and
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a Strouhal number of 9.0. The oscillations in the in vitro flow rate during diastole
were likely due to the pressure waves from the atrial compliance chamber. The
figure also showed the time variation of the chamber volume, which was the input
boundary condition for the compressing mesh case.

Figure 4.9. Flow waveform for design-V2 operating at 4.3 LPM and 86 BPM.

The effect of piston modeling was studied by simulating a stationary velocity
boundary condition piston model and a compressing mesh piston model. The
port positioning on the design-V2 device geometry allowed the chamber to be
compressed without requiring a sliding interface. The design port positions were
shifted toward the front face, as shown in figure 3.1, allowing the entire chamber
to be fully compressed without interfering with the ports.
4.1.1.2.1

Velocity Boundary Condition Model

Figure 4.10 shows the in-plane velocity magnitude contours at the 3 mm location for design-V2 using a velocity boundary condition piston model. The shape
of the mitral port caused a relatively large through-plane flow velocity. Familiar
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flow patterns were observed within the device, high velocity jets emanated from
the mitral port during mid to late diastole and a rotational pattern was established
within the chamber during late diastole to early systole.

Figure 4.10. Design-V2 computational in-plane velocity magnitude contours at the
3 mm plane for a flow rate of 4.3 LPM at 86 BPM. A velocity boundary condition was
used to model the piston motion.

Figure 4.11 shows the computational wall strain rate contours. Both the port
along with the chamber from the 4 to 6 o’clock position were exposed to high levels
of shear stress during the cycle.
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Figure 4.11. Design-V2 computational scalar wall strain rate contours during the
operational cycle for a flow rate of 4.3 LPM at 86 BPM. A velocity boundary condition
was used to model the piston motion.

Figure 4.12 shows the TSP for design-V2 operating at 4.3 LPM and 86 BPM.
As observed with the strain rate plots, the device was well washed in both ports
and in the chamber from the 4 to 6 o’clock position. The 12 o’clock position
along with the 6 to 9 o’clock positions were regions of high thrombus potential.
Also, high thrombus can be observed on the chamber side wall beneath the mitral
port and at the merger between the ports and the chamber, indicating that flow
separation may be occurring at these locations.
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(a)

(b)

Figure 4.12. Design-V2 thrombosis susceptibility potential for a flow rate of 4.3 LPM
at 86 BPM, (a) γ̇peak = 500, γ̇cutof f = 750, and texposure = 20 ms, (b) γ̇peak = 500,
γ̇cutof f = 1000, and texposure = 45 ms. A velocity boundary condition was used to model
the piston motion.

4.1.1.2.2

Compressing Chamber Model

Figure 4.13 shows the in-plane velocity magnitude contours at the 3 mm location for design-V2 with a compressing mesh piston model. In general the flow
field closely resembled the velocity piston model results (figure 4.10). Some subtle
differences exist that were similar to the differences observed between the piston
models for design-V0. First, during early diastole the flow penetrated further into
the chamber when the mesh was compressed. Second, a stronger rotational pattern was established in the chamber during mid to late diastole and early systole,
particularly at the 12 o’clock position. Finally, during late systole, the region of
low flow was observed to fill a smaller portion of the chamber.
Figure 4.14 shows the computational wall strain rate contours. The wall strain
rate contours closely resemble the previous velocity boundary condition results

102

Figure 4.13. Design-V2 computational in-plane velocity magnitude contours at the
3 mm plane for a flow rate of 4.3 LPM at 86 BPM. A compressing mesh was used to
model the piston motion.

(figure 4.11). The increased chamber rotation increased the shear at the 12 o’clock
position and on the front face relative to the velocity boundary condition case.
Figure 4.15 shows the TSP for design-V2 with a compressing mesh. The thrombus potential was improved in comparison to the velocity boundary condition case
(figure 4.12). The thrombus potential was reduced at the 12 o’clock position and on
the side wall under the mitral port, indicating a more desirable chamber rotational
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Figure 4.14. Design-V2 computational scalar wall strain rate contours during the
operational cycle for a flow rate of 4.3 LPM at 86 BPM. A compressing mesh was used
to model the piston motion.

pattern.
4.1.1.3

Summary of Piston Modeling

The results of this evaluation demonstrated that the velocity boundary condition
model did an inferior job of modeling the flow physics within the device in comparison to the moving mesh cases. The velocity boundary condition model was found
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(a)

(b)

Figure 4.15. Design-V2 thrombosis susceptibility potential for a flow rate of 4.3 LPM
at 86 BPM, (a) γ̇peak = 500, γ̇cutof f = 750, and texposure = 20 ms, (b) γ̇peak = 500,
γ̇cutof f = 1000, and texposure = 45 ms. A compressing mesh was used to model the
piston motion.

to under-predict the strength of the chamber rotation during late diastole and
early systole and under-predict the extent of flow penetration into the chamber,
in comparison to the in vitro results, resulting in reduced wall shear particularly
between the ports and on the front face. The piston model appeared to have a
greater influence on the flow predictions during early diastole and late systole when
the chamber was nearly fully compressed.
In general the sliding interface model showed improvements to the flow field
predictions, however the localized error found at the interface made this method
unacceptable. The most realistic method for piston modeling was found to be the
compressing chamber method, despite the minor modifications made by angling
the piston chamber and the accompanying slight reduction to piston stroke length.
Upcoming validation results, to be presented in section 4.3, will show that including
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the mesh motion more accurately reproduced the in vitro flow patterns.

4.1.2

Turbulence Modeling

The device flow conditions can range from laminar to transitional to turbulent
depending on the location both in the device and in the pulse cycle. Throughout
much of this work an implicit-LES approach was taken, where no turbulence model
was implemented, but the grid contained high near wall resolution and adequate
spatial resolution to capture the largest of the turbulent eddies. However, it was
of interest to implement a RANS turbulence model to study its effects. To this
end a one-equation Spalart-Allmaras turbulence model was implemented.
The turbulence model comparisons were performed on design-V2 operating at
4.3 LPM at 86 BPM. The compressing mesh model was used for the RANS analysis.
4.1.2.1

Implicit-LES Model

The results obtained for the direct flow field simulation with no turbulence model
were previously presented in section 4.1.1.2.2. It is important to note the smaller
scale structures observable in the velocity and strain rate fields in figures 4.13
and 4.14 in comparison to figure 4.16.
4.1.2.2

Spalart-Allmaras RANS Model

The effects of turbulence occurring within the LVAD were studied by applying
the one equation Spalart-Allmaras turbulence model to the flow field. This model
was not developed for low Reynolds number internal flows but should serve as a
reasonable benchmark to determining the effects of a RANS model on the flow
field.
Figure 4.16 shows the in-plane velocity magnitude contours at the 3 mm location when the Spalart-Allmaras model was employed. The most obvious effect of
the RANS model was to smear out small scale structures in the flow field. This
“smearing” of the flow field is a common effect often observed with a RANS model.
As a whole the RANS velocity field exhibits very similar large scale structures to
the baseline flow field.

106

Figure 4.16. Design-V2 computational velocity magnitude contours at the 3 mm for a
flow rate of 4.3 LPM at 86 BPM. The case used the Spalart-Allmaras turbulence model.

Figure 4.17 shows the computational wall strain rate contours. Again these
contours appeared smeared in comparison to the baseline case (figure 4.14). The
wall strain rate also was slightly lower than the baseline case.
Figure 4.18 shows the TSP for design-V2 with the Spalart-Allmaras model.
The thrombus potential was moderately increased from the implicit-LES case (figure 4.15), particularly on the front face and at the 7 o’clock position. However, it
should be noted that the regions of high thrombus potential occurred in the same
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Figure 4.17. Design-V2 computational scalar wall strain rate contours during the
operational cycle for a flow rate of 4.3 LPM at 86 BPM. The case used the SpalartAllmaras turbulence model.

regions for both models, with the regions being slightly expanded for the RANS
model.

4.1.3

Non-Newtonian Fluid Modeling

Blood is a non-Newtonian fluid which can primarily undergo shear-thinning and
viscoelastic effects. Bachmann [25] reported observable differences in the shear

108

(a)

(b)

Figure 4.18. Design-V2 thrombosis susceptibility potential for a flow rate of 4.3 LPM
at 86 BPM, (a) γ̇peak = 500, γ̇cutof f = 750, and texposure = 20 ms, (b) γ̇peak = 500,
γ̇cutof f = 1000, and texposure = 45 ms. The case used the Spalart-Allmaras turbulence
model.

stress fields between Newtonian and non-Newtonian fluids in the 15 cc pediatric
LVAD. A shear-thinning fluid model, where the fluid viscosity is a function of
shear rate, can be readily implemented, whereas a viscoelastic model can be highly
challenging to both implement and execute. Since the non-Newtonian behavior of
blood was of secondary concern to this work on the 50 cc device, a shear-thinning
model was implemented while the viscoelastic model was left for future work.
In this manner the effects of shear-thinning can be studied to determine if the
50 cc device underwent shear-thinning or if any non-Newtonian effects observed
experimentally were largely viscoelastic.
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4.1.3.1

High Viscosity Simulation

The shear-thinning behavior of blood can have a substantial effect on the fluid
viscosity at low strain rates. Figure 2.6 showed that at a strain rate less than
5 s−1 the viscosity of blood can increase by more than five times its high strain
rate asymptotic limit. To evaluate a “worst case” shear thinning behavior, a
Newtonian analysis was performed on design-V2 with the fluid viscosity increased
by a factor of five. This resulted in a corresponding reduction in Reynolds number
into the laminar regime.
Figure 4.19 shows the velocity at the 3 mm plane. The velocity fields showed
no small scale structures, consistent with a laminar flow. The bulk flow patterns
resembled the nominal case in general.
Figure 4.20 shows the wall strain rates during the cycle at the lowered Reynolds
number. The wall strain rate was greatly reduced from the nominal fluid conditions. This was clearly evident in the TSP plot, figure 4.21 which showed that
nearly the entire chamber and mitral port were poorly washed.
Though this case was an extreme example of shear-thinning, it demonstrated
that a large reduction in viscosity of the blood due to shear-thinning would likely
result in a dramatic reduction in wall shear.
4.1.3.2

Carreau Shear Thinning Model

Once it was established that shear-thinning could potentially have a large effect
on the transitional flow field, the modeled effects of shear-thinning were studied by
applying the Carreau power law model described by equation 2.26. The model used
the following constants to reproduce the shear-thinning behavior of blood: a zero
stress fluid viscosity of (µ0 ) 0.56 Poise, a infinite stress viscosity (µ∞ ) of 0.035 Poise,
a time constant (λ) of 3.313 s, and a power coefficient (n) of 0.3568. The model
produced the viscosity-strain relationship shown in figure 2.6 and matched data
for a 45% hematocrit sample of blood.
The in-plane velocity field for the Carreau model at the 3 mm plane is shown
in figure 4.22. It was observed that the Carreau model returned virtually indistinguishable velocity fields in comparison to the Newtonian case (figure 4.13). The
same observations were made when comparing the wall strain rate contours (fig-
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Figure 4.19. Design-V2 computational velocity magnitude contours at the 3 mm plane
for the high viscosity simulation. The pump operated at a flow rate of 4.3 LPM at
86 BPM

ure 4.23) and the TSP (figure 4.24) to the equivalent Newtonian case (figures 4.14
and 4.15). In general the shear-thinning results appeared to closely resemble the
baseline case.
Closer observations of the shear thinning effects are shown in figure 4.25 where
the fluid viscosity and scalar strain rate were plotted at the 3 mm plane. The
first observation that was apparent was that only a minimal amount of the flow
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Figure 4.20. Design-V2 computational scalar wall strain rate contours during the
operational cycle for the high viscosity simulation. The pump operated at a flow rate of
4.3 LPM at 86 BPM

field displayed even a doubling of the Newtonian viscosity of 0.0035 Pa-s. Based
on figure 2.6 a strain rate of 100 s−1 would result in a fluid viscosity of roughly
0.0047 Pa-s and a strain rate of 20 s−1 a fluid viscosity of 0.0070 Pa-s. The largest
high viscosity regions were observed during early diastole and late systole in regions of the flow field that were essentially stagnant, as observed in figure 4.22.
Throughout much of the cycle the majority of the flow field displayed less than a
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(a)

(b)

Figure 4.21. Design-V2 thrombosis susceptibility potential for the high viscosity simulation, (a) γ̇peak = 500, γ̇cutof f = 750, and texposure = 20 ms, (b) γ̇peak = 500,
γ̇cutof f = 1000, and texposure = 45 ms. The pump operated at a flow rate of 4.3 LPM at
86 BPM

30 percent increase in viscosity as opposed to the 500 percent increase imposed in
the high viscosity simulation. This small change in viscosity would likely not transition the flow into the purely laminar regime instead maintaining the transitional
nature of the flow. Also, in the immediate vicinity of the major flow structures the
strain rate typically exceeded 100 s−1 , yielding a viscosity very close to the Newtonian value and limiting the effects of shear-thinning on the major flow features
such as the mitral jet and chamber rotation.
4.1.3.3

Summary of Non-Newtonian Modeling

The high viscosity simulation demonstrated that the shear-thinning behavior of
blood can have a substantial effect on the flow field if the fluid reaches a high
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Figure 4.22. Design-V2 computational velocity magnitude contours at the 3 mm plane
for the shear-thinning Carreau model. The pump operated at a flow rate of 4.3 LPM at
86 BPM.

enough viscosity, i.e., a low enough strain rate. However, calculations using the
Carreau model showed that in practice the majority of the flow field does not
reach a low enough strain rate to have a large shear-thinning effect. Any shearthinning effects were highly localized and limited to regions where the velocity and
shear were already low. Thus the peak “wall-washing” strains were not effected
by shear-thinning. Based on the observation herein, the majority of any non-
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Figure 4.23. Design-V2 computational scalar wall strain rate contours during the
operational cycle for the shear-thinning Carreau model. The pump operated at a flow
rate of 4.3 LPM at 86 BPM.

Newtonian fluid effects observed experimentally in the 50 cc device was likely due
to viscoelastic effects and not shear-thinning. In the future the viscoelastic effects
should be studied by implementing an Oldroyd-B rate equation type model as
briefly discussed in section 2.7.

115

(a)

(b)

Figure 4.24. Design-V2 thrombosis susceptibility potential for the shear-thinning
Carreau model. The pump operated at a flow rate of 4.3 LPM at 86 BPM. (a)
γ̇peak = 500, γ̇cutof f = 750, and texposure = 20 ms, (b) γ̇peak = 500, γ̇cutof f = 1000,
and texposure = 45 ms. The pump operated at a flow rate of 4.3 LPM at 86 BPM

4.2

Mesh and Time Step Study

The numerical aspects of the model were evaluated by performing a mesh refinement study and a time step study to determine adequate grid resolution and time
step resolution. The baseline mesh and time step were compared against coarser
and finer resolution simulations. The following section presents the results of the
study.

4.2.1

Mesh Refinement Study

A grid resolution study was performed on design-V2 at the 4.3 LPM 86 BPM
conditions where both a coarsened and resolved version of the baseline mesh were
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Figure 4.25. Design-V2 computational fluid viscosity and scalar strain rate at the 3 mm
plane for the shear-thinning Carreau fluid model. The pump operated at a flow rate of
4.3 LPM at 86 BPM.

analyzed. The coarse mesh contained approximately 300,000 points, the baseline
one million points, and the resolved 3.5 million points. The goal was to evaluate
the adequacy of the baseline, one million node mesh.
Due to the complexities of performing a mesh study on an unstructured grid,
a rigorous grid study where the meshes were coarsened and refined by a constant
factor in all coordinate directions was unfeasible. Instead the following criteria were
implemented: all wall spacings and connector grid point numbers were modified
√
by a factor of 2 from the medium mesh and all tetrahedral volumes modified
√
the number of nodes by approximately 2 2. The number of points was rounded
downwards for the coarse mesh and upwards for the fine mesh, resulting in a mesh
refinement factor of approximately 3.5.

117

Figure 4.26. Design-V2 computational velocity magnitude contours at the 3 mm plane
for the three levels of mesh resolution.

Figure 4.26 shows the in-plane velocity magnitude contours at the 3 mm location for the three meshes. All the meshes displayed the same general flow patterns. As the mesh resolution was increased smaller scale structures were observed
throughout the chamber. The resolved mesh case should be capturing more turbulent eddies, therefore some smaller scale differences between the solutions were
expected. The mitral jet appeared slightly weaker, with less chamber penetration,
during diastole on the coarse mesh (t = 0.181 and t = 0.307). The mitral port
jets appeared to be mildly stronger in the fine mesh case. The chamber rotational
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Figure 4.27. Design-V2 computational scalar wall strain rate contours during the
operational cycle for the three levels of mesh resolution.

pattern also appeared slightly weakened in the coarsest mesh.
Figure 4.27 shows the computational wall strain rate contours. The wall strain
rates were again very similar between the cases within the chamber itself. The
coarse mesh displayed higher wall shear in the ports, particularly in the mitral
port; potentially an artifact of inadequate near wall spacing.
Figure 4.28 shows the TSP for the Design-V2 meshes. The fine mesh showed
reduced potential at the 3 o’clock and 8 o’clock positions as well as the front face
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Figure 4.28. Design-V2 thrombosis susceptibility potential for the three levels of mesh
resolution, γ̇peak = 500, γ̇cutof f = 750, and texposure = 20 ms

in comparison to the coarser cases.
The grid resolution results suggested that there may be a slight benefit to
increasing the grid resolution beyond the medium mesh. However, this benefit
may be minor in comparison to the added expense. The coarse mesh exhibited a
tendency to over-predict the wall shear, particularly in the ports and exhibited a
mildly reduced mitral jet. It was reasonable to expect that the shear predictions
would be sensitive to grid resolution since the accuracy of the wall shear was highly
dependent on the wall spacing. The finest mesh captured smaller scale structures
in the flow field potentially capturing more turbulent eddies, however a LES or
DNS simulation, resolving the entire spectrum of energy containing eddies, would
require many more grid points than were used on the finest mesh.

4.2.2

Time Step Study

A computational study was undertaken to determine the effects of time step size on
the computational results. The study was performed by halving and doubling the
number of time steps per cycle of the baseline, giving 100 and 400 time steps per
cycle respectively. The resulting time steps were 6.976 ms, 3.488 ms, and 1.744 ms
for the coarse, medium, and fine time step cases.
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Figure 4.29. Design-V2 computational velocity magnitude contours at the 3 mm plane
for the three levels of time step resolution.

Figure 4.29 shows the in-plane velocity magnitude contours at the 3 mm location for the three time steps. The three levels of time steps showed very similar
velocity patterns throughout the cycle.
Figure 4.30 shows the computational wall strain rate contours. Again the
differences in the strain rate between the three simulations were very subtle.
Figure 4.31 shows the TSP for design-V2 operating at 4.3 LPM and 86 BPM.
The TSP was very similar between the three analyses. The coarsest time step
showed a higher potential at the 7 o’clock position relative to the other cases.
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Figure 4.30. Design-V2 computational scalar wall strain rate contours during the
operational cycle for the three levels of time step resolution.

The results of the time step study appear to indicate that little benefit was
gained from doubling the number of time steps. This may not necessarily be true
if the grid resolution were increased, as the time scale of the smaller turbulent
eddies might require a decrease in time step size. However, for the one million
node mesh, the baseline time step appeared adequate.
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Figure 4.31. Design-V2 thrombosis susceptibility potential for the three levels of time
step resolution γ̇peak = 500, γ̇cutof f = 750, and texposure = 20 ms.

4.3

Validation

Computational results have been obtained using the commercial solver AcuSolveT M .
The approach pursued in this work, of reproducing in vitro conditions along with
the availability of PIV data provided a unique opportunity to validate the computations against experimental data. The validation was primarily achieved by
comparing in-plane velocity magnitude contours at corresponding locations and
times. These comparisons were performed on the pulsatile flow conditions and
validated versus the experimental data.
The pulsatile PIV results were averaged over 200 pulse cycles, whereas the pulsatile CFD simulations were extracted from an instantaneous realization, typically
the third cycle. This difference was apparent in the validation comparisons, where
the CFD contained small scale fluctuations which the averaged PIV solutions did
not display. A second discrepancy in the comparisons was that the PIV measurements used a 40% hematocrit blood analog fluid which can display non-Newtonian
preporties, whereas the CFD assumed a Newtonian fluid.
Four design variants were validated using the PIV data. The following sections
contain the validation results for design-V0, design-V1, design-V2, and design-V3;
the most rigorous and in-depth validation analysis was performed on design-V2.
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4.3.1

Design-V0 Validation

The CFD analysis for design-V0 was validated on a mesh containing 500,000 grid
points by comparing against in vitro results at 3.5 LPM and 75 BPM. The model
contained BSM valves at zero degree orientations in both ports. For simplicity the
valve support struts were not included. Figure 4.1 shows the analysis flow waveform. Figure 4.32 shows computational and in vitro in-plane velocity magnitude
contours at the 5 mm measurement plane at four times during the operational cycle. Due to the issues previously discussed in the sliding interface simulation, the
computational results for comparison were taken from the velocity piston boundary condition simulation. The four time steps for comparison correspond to early
diastole, mid diastole, late diastole, and mid systole.
The velocity contours compared well between the computations and the experiments. In comparison to the computations, the in vitro results showed deeper
mitral jet penetration into the chamber during early diastole, a stronger mitral jet
during mid diastole, and a mildly stronger rotational pattern during late diastole
and early systole. The small differences observed, which were similar in character
to the differences observed between the piston models, demonstrate the importance
of incorporating the piston motion into the simulation. The computational wall
shear rate and the TSP was previously presented in figures 4.4 and 4.5.
The validation results for design-V0 showed that the velocity piston model
can provide a reasonable estimate of the flow field occurring within the device.
However, improved agreement with the experiments were obtained by including
the piston motion in the simulation. The piston model has been observed to have
a moderate effect on the wall shear rate and thrombus potential. Therefore, the
piston motion was concluded to have an important impact on the validity of future
CFD simulations.

4.3.2

Design-V1 Validation

Design-V1 was compared against experimental data using a velocity boundary
condition piston model and the flow waveform shown in figure 4.33. A period of
regurgitant flow through the mitral port was evident between a time of 0.4 to 0.44
seconds. The simulations were performed at a flow rate of 3.5 LPM at 75 BPM. The
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Figure 4.32. Design-V0 computational and in vitro velocity magnitude contours at the
5 mm plane for a flow rate of 3.5 LPM at 75 BPM. Computational results taken from
the velocity boundary condition piston model simulation.

grid contained roughly 500,000 points and both Bjork-Shiley and Carbo-Medics
valves were analyzed. The BSM valve was placed at a 30◦ orientation in the mitral
port, while the aortic port valve and the CM valves were at 0◦ orientations. A
single time step was compared to the PIV measurements for both the Bjork-Shiley
and the Carbo-Medics valves.
Figure 4.34 presents the results for the BSM valve during late diastole at the
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Figure 4.33. Flow waveform for design-V1 operating at 3.5 LPM and 85 BPM.

plane 7 mm from the peak of the dome. The valve directed the flow toward the
outer wall in a similar fashion for both the PIV and CFD. In both cases the upper
portion of the device had very low flow, indicating a relatively weak chamber
rotational pattern. Figure 4.34 also showed the corresponding CFD wall strain
rate. The largest wall strains were located at the outer wall near the bottom of
the device and in the vicinity of the valves.
Figure 4.35 shows a detailed view of the mitral port with the CM bi-leaflet
valve. The comparison was taken during mid-diastole at a time of 0.250 ms when
the mitral jet was at its strongest. Both the CFD and the PIV clearly indicate
that the wake of the outer leaflet was smaller than the wake of the inner leaflet. A
small central jet was observed between the leaflets which merged with the outer jet
in both cases. The accurate prediction of near valve features gave confidence in the
quality of the overall CFD predictions. The comparison also demonstrated that
despite simplifications in the valve model, near valve features can be adequately
captured when the valve was fully opened.
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Figure 4.34. Velocity field for the design-V1 pump during late diastole for both PIV
measurements and CFD simulations at a plane 7 mm from the peak of the chamber
dome. The corresponding CFD wall strain rate contours were also displayed.

Figure 4.35. In vitro and computational diastolic mitral jets occurring in design-V1
with a Carbo-Medics bi-leaflet valve in the mitral port at a time of 0.250 ms.

4.3.3

Design-V2 Validation

The design-V2 compressing mesh case was validated against in vitro PIV measurements at a device flow rate of 4.2 LPM at 86 BPM using a high resolution
3.5 million grid point mesh with 400 time steps per cycle. The compressing mesh
piston model was used for the validation case to more adequately model the chamber behavior. A BSM valve was placed in both ports with the mitral valve angled
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at a 30◦ orientation. Figure 4.36 shows the resultant flow waveform of the cycle
taken from the in vitro data, which varied slightly from the previous design-V2
waveform (figure 4.33). The primary difference between the flow forms was that
the flow rate decreased more rapidly during late diastole for the validation case.

Figure 4.36.
86 BPM.

Flow waveform for design-V2 validation operating at 4.2 LPM and

Figure 4.37 shows the in-plane velocity magnitude contours at the 3 mm location for both the computations and the PIV measurements from early diastole to
mid systole. The measurement planes compared well with the PIV data with the
largest differences being small scale fluctuations due to the averaged nature of the
PIV data compared to the instantaneous CFD data. The computations displayed
a similar chamber rotational pattern to the in vitro results. Also, the mitral port
jet was very similar between the cases, though the CFD displayed a very slightly
stronger jet.
In-plane velocity magnitude contours in a plane perpendicular to the piston
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Figure 4.37. Design-V2 computational and in vitro velocity magnitude contours at
the 3 mm plane comparing the compressing mesh piston model against PIV results at
4.2 LPM and 86 BPM.

located 5 mm inside the mitral port centerline are shown in figure 4.38. In this
figure the piston was located at the bottom of the images. It should also be noted
that the PIV measurements were cut-off at a fixed distance from the stationary face
due to a loss of optical access within the lower portion of the chamber. The PIV
results were taken downstream of the valve only, whereas the valve and support
struts were visible in the CFD results.
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Figure 4.38. Design-V2 computational and in vitro in-plane velocity magnitude contours at a plane through the mitral port 5 mm to the inside of the port centerline with
the pump operating at 4.2 LPM and 86 BPM.

During early and mid diastole three jets were observed in both the CFD and
PIV measurements. The jets were caused by flow accelerating between the outer
port walls, valve leaflet, and valve support struts. Regions of low flow were observed
in the chamber directly under the port where the momentum of the fluid entering
the chamber resulted in a separated region of flow. During late diastole the velocity
in the plane decreased substantially until during systole (flow images for systole
not shown) the in-plane flow was negligible.
Figures 4.39, 4.40, and 4.41 show the in-plane velocity magnitude contours at
the centerline of the mitral and aortic ports, in a plane parallel to the pusher
plate. The CFD results were compared against PIV measurements. The valve
was readily observable in the CFD results, but was not clearly defined in the PIV
results. Instead the valve leaflets interfered with the laser sheet, resulting in either
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Figure 4.39. Early diastolic design-V2 in-plane velocity magnitude contours at a plane
through the center of the mitral and aortic ports parallel to the pusher plate. The left
image for each port and time step shows the in vitro results while the right image shows
the CFD results. The pump was operating at 4.2 LPM and 86 BPM.

zero velocity flow at the valve location or holes in the measurement plane.
Figure 4.39 shows the flow field during early diastole. Two jets developed
during this period through the BSM valves major and minor orifices and increased
in strength with time. A wake was formed downstream of the valve and was
evident in both the PIV and CFD. A low velocity region also developed along the
inner wall of the mitral port, downstream of the minor orifice beginning at a time
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Figure 4.40. Late diastolic design-V2 in-plane velocity magnitude contours at a plane
through the center of the mitral and aortic ports parallel to the pusher plate. The left
image for each port and time step shows the in vitro results while the right image shows
the CFD results. The pump was operating at 4.2 LPM and 86 BPM.

of 0.049 s and lasting through early diastole. The CFD captured the flow field
details, such as the jets and separations, to a high degree of accuracy.
Figure 4.40 shows the results during late diastole. During late diastole the
mitral jet strength progressively weakened. The separation emanating from the
mitral valve leaflet also grew in length. Finally, a small amount of flow began to
develop in the aortic port, despite the aortic valve remaining closed.
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Figure 4.41. Systolic design-V2 in-plane velocity magnitude contours at a plane
through the center of the mitral and aortic ports parallel to the pusher plate. The
left image for each port and time step shows the in vitro results while the right image
shows the CFD results. The pump was operating at 4.2 LPM and 86 BPM.

Figure 4.41 shows the flow field during systole. During this time, the flow in
the mitral port was very low. A strong major orifice jet and a weaker minor orifice
jet formed in the aortic port. The peak systolic jets through the aortic port were
much stronger than the peak diastolic jets in the mitral port, suggesting that the
aortic port should experience higher wall shear.
The velocity magnitude contours through the ports matched very closely be-
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tween the CFD and PIV. Minimal differences were observed between the phase
averaged PIV and the instantaneous CFD, due to the high velocity jet nature of
the flow through the ports which restricted the development of unsteady fluctuations within the ports. Both the major and minor orifice jets were accurately
reproduced in the CFD. The separated regions behind the mitral valve and downstream of the mitral valve minor orifice were also accurately reproduced. The CFD
was found to accurately reproduce the near valve flow field features, particularly
once the valves were fully opened.
In general the CFD velocity contours showed a strong resemblance to the PIV
measurements. The mitral jet and chamber rotational pattern were both well
predicted by the CFD in the design-V2 model.
Figures 4.42 and 4.43 show the two-dimensional wall strain rate mappings for
the chamber 3 mm plane. The methodology for developing the strain rate mappings
was previously described in section 3.5.1. The extractions were taken along the
arcs defined in figure 3.6. The figures show the PIV data in the first column, 2D
CFD strain in the middle column, and the percent difference between the CFD
and PIV in the last column, defined as:
% Dif f =

γ̇CF D − γ̇P IV
.
0.5 γ̇P IV,M ax − γ̇P IV,M in

(4.2)

The PIV and the CFD strain rates were defined according to equations 3.2 and 3.3
respectively. Based on the above definition, positive % Dif f means the CFD was
predicting a higher value and negative % Dif f means the CFD was predicting a
lower value than the PIV.
The wall strain at the S1 and S2 arcs, located in the chamber near the mitral
port, are show in figure 4.42. The percent difference between the CFD and PIV was
relatively high at these two locations. The PIV predicted very minimal wall strain
rates; whereas, the CFD predicted wall strain rates approaching those observed at
the chamber S3-S6 arcs. These differences could potentially be due to the minor
geometric modifications that were made for the compressing mesh model at the
underside of the mitral port.
The strain rate at the chamber S3 arc is also shown in figure 4.42 and the
strain rate for the S4 arc is shown in figure 4.43. These arcs are located between
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Figure 4.42. Chamber 3 mm plane wall strain rate contours showing in vitro, computational, and percent difference results at the (a) S1, (b) S2, and (c) S3 locations.

the chamber 5 and 9 o’clock positions. The two locations displayed similar trends
between the PIV and CFD and greatly reduced percent error in comparison to
the S1 and S2 arcs. The S3 arc exhibited strain rate fluctuations not occurring in
the PIV data. These fluctuations were likely due to beat-to-beat variations which
did not appear in the averaged PIV results. The S4 arc shows very similar trends
between the PIV and CFD, both in shape and magnitude.
The chamber S5 and S6 arcs, located beneath the aortic port and between the
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Figure 4.43. Chamber 3 mm plane wall strain rate contours showing in vitro, computational, and percent difference results at the (a) S4, (b) S5, and (c) S6 locations.

ports, are also shown in figure 4.43. It should be noted that the contour levels of
S6 were flipped so that the magnitude of the contours were colored consistently
between the arcs. At the S1 to S5 arcs, the nominal chamber flow direction was
consistent with the arc marching direction; whereas, the nominal flow direction was
opposite the arc marching direction for the S6 arc. Comparing the PIV and CFD,
the S5 and S6 arcs have similar shapes, with the CFD consistently predicting higher
levels of strain. The percent difference was again relatively small in comparison to
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the uncertainty of the comparisons.

Figure 4.44. Mitral port wall strain rate contours showing in vitro, computational, and
percent difference results at the (a) S1 and (b) S2 locations.

Figures 4.44 through 4.47 show the wall strain rate mappings for the centerline
of the mitral and aortic ports. The highest shear rates in the device were observed
in the aortic port during systole, for both the PIV and CFD. Lower shear rates
were observed in the mitral port during diastole and in the chamber. The PIV and
CFD strain rates compared well at most locations in the mitral and aortic ports.
Generally, the percent difference was less than 100 percent and similar trends were
observed in the mappings.
The mitral port S3 and S4 arcs exhibited a high degree of fluctuations in comparison to the PIV data. It was thought this was due to flow unsteadiness at
the inside of the mitral port caused by the flow expanding from the port into the
chamber. In this case, phase averaging of the CFD solution would likely reduce
the fluctuations. No fluctuations occurred in the aortic port, where the flow was
constricted and accelerated as it entered the port from the chamber.
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Figure 4.45. Mitral port wall strain rate contours showing in vitro, computational, and
percent difference results at the (a) S3 and (b) S4 locations.

The 2D computational shear rate mappings demonstrated a reasonable resemblance to the PIV mappings within the mitral and aortic ports. Due to the nature
of the valve model, the CFD results tended to miss the regurgitant flow visible in
the PIV measurements. This was particularly true at the mitral port S1 and S2
planes during systole and the aortic port S3 and S4 planes during late diastole.
Due to the level of uncertainty inherent to the measurement of wall strain rate,
the CFD was concluded to give a reasonable reproduction of the PIV data.
The CFD wall shear mappings were in general found to compare well with the
PIV data. This was particularly true considering the high level of uncertainty inherent to the measurement of local wall strain rate using PIV. Within the chamber,
the CFD was found to consistently predict a larger value of wall shear than the
PIV data. Within the mitral and aortic ports the CFD predicted a consistently
lower level of wall shear than the PIV data. It should be noted that the chamber
PIV resolution was lower than that of the port, likely increasing the uncertainty
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Figure 4.46. Aortic port wall strain rate contours showing in vitro, computational, and
percent difference results at the (a) S1 and (b) S2 locations.

of the in vitro chamber measurements. Despite the uncertainties, the comparisons
seem to indicate that the CFD methodology can produce reasonable wall strain
rate results.

4.3.4

Design-V3 Validation

Design-V3 was computed at a flow rate of 3.5 LPM with a beat rate of 85 BPM,
chosen to match validation data. The grid contained 500,000 points and had BSM
valves in both ports, with the mitral valve placed at a 30◦ orientation. Figure 4.48
shows the flow waveform for the computations. The flow peaked at 9 LPM and
16 LPM during diastole and systole respectively and the cycle had a 60 percent
diastolic ratio. The computations were performed using the velocity boundary
condition to model the piston motion.
Figure 4.49 shows the in-plane velocity magnitude contours at a location 3 mm
from the stationary surface. Relatively weak mitral jets were observed during mid
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Figure 4.47. Aortic port wall strain rate contours showing in vitro, computational, and
percent difference results at the (a) S3 and (b) S4 locations.

diastole. The shape of the inlet ports directed much of the flow through the plane,
which would be missing from the in-plane velocity magnitude contours. A weak
rotational pattern was observed during early systole (t = 0.420), but was absent
throughout much of the cycle.
The CFD analysis was validated by comparing against in vitro results. Figure 4.50 shows computational and in vitro in-plane velocity magnitude contours at
the 5 mm measurement plane at four times during the operational cycle. Excellent
agreement was shown between the computational results and the PIV measurements. The PIV measurements showed the presence of a moderately stronger rotational pattern. This difference was again attributed to the computational piston
model employed.
Figure 4.51 shows the computational wall strain rate contours. The wall strain
rate in the device was very low throughout much of the cycle. The regions of high
strain were limited to the mitral and aortic ports along with the 4 o’clock position
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Figure 4.48. Flow waveform for design-V3 operating at 3.5 LPM and 85 BPM.

in the chamber. The front face generally had low wall strain.
Figure 4.52 shows the TSP for design-V3 operating at 3.5 LPM and 85 BPM.
Much of the chamber was observed to be highly thrombotic, with the exception
of the 4 o’clock position. The mitral and aortic ports also were well washed. The
effects of the weak chamber rotational pattern were clearly evident in the high
potential observed between the ports.

4.3.5

Summary of Validation

The validation comparisons demonstrated that despite simplifications made to the
CFD model, such as the valve, piston, and implicit-LES models, physically realistic
results could be obtained. The comparisons showed that incorporating the piston
motion into the analysis provided a more accurate representation of the flow field.
The in-plane velocity magnitude compared well for all the design variants analyzed
herein. The quality of the computations gave confidence that the CFD results could
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Figure 4.49. Design-V3 computational in-plane velocity magnitude contours at the
3 mm plane for a flow rate of 3.5 LPM at 85 BPM.

be extended to obtain flow details which were not readily available in vitro, such
as the through plane velocity and the wall strain rate. Based on the quality of
the validation data it was possible to extend the analysis to simulate operating
conditions where experimental data were not available.
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Figure 4.50. Design-V3 computational and in vitro velocity magnitude contours at the
5 mm plane for a flow rate of 3.5 LPM at 75 BPM.
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Figure 4.51. Design-V3 computational scalar wall strain rate contours during the
operational cycle for a flow rate of 3.5 LPM at 85 BPM.
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(a)

(b)

Figure 4.52. Design-V3 thrombosis susceptibility potential for a flow rate of 3.5 LPM
at 85 BPM, (a) γ̇peak = 500, γ̇cutof f = 750, and texposure = 20 ms, (b) γ̇peak = 500,
γ̇cutof f = 1000, and texposure = 45 ms.

Chapter

5

LVAD Scaling
A goal of the current work was to use CFD to gain insight into the effects of pump
scaling, including both changes in scale ratio and non-dimensional flow/operating
parameters. In particular, it was desirable to maintain the excellent hemodynamics
of the 70 cc device when it was reduced in size to a 50 cc device. To better
understand the relationship between blood damage and fluid mechanics a rigorous
Buckingham-Pi analysis was first undertaken. A series of CFD experiments were
then performed to determine the effects of scaling on the device wall shear stresses.
The first set studied the effect of beat rate on device performance. The second set
compared the 50 cc device to a fictional, geometrically scaled 70 cc device.

5.1

Buckingham-Pi Analysis

A pump scaling analysis was first presented in section 1.5. That analysis was
undertaken to determine the non-dimensional parameters characterizing the device performance. The analysis provided the origins of the device Reynolds and
Strouhal numbers first described by Bachmann [25]. However, it is now thought
that this analysis was incomplete as it ignored the important unsteady parameters
introduced by the piston motion (e.g. waveform, etc.) and did not consider blood
damage in the scaling. Instead the device was treated as a steady flow device for
the purposes of the analysis. This section attempts to achieve a more complete
understanding of the effects of pump scaling on blood damage by performing a
Buckingham-Pi analysis which incorporates the instantaneous flow waveform.
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Thrombosis is the primary form of blood damage occurring within the PSU
LVAD. The factors influencing thrombosis fall within several categories including
fluid mechanics, bio-chemical factors, and material properties. The exact influence
of many of these factors are not well understood nor well quantified. The following scaling analysis will examine blood damage in terms of the fluid dynamics,
while neglecting the bio-chemical factors and material properties. In particular
this means maintaining device shear stress in the scaled device as a means of
maintaining the level of blood damage.
A theoretical Blood Damage Index (BDI) for thrombosis can be written using
the following relationship:
BDI = f (τw , texposure , LOA) = f (T SP, LOA).

(5.1)

The platelet deposition is related to the device wall shear (τw ), the exposure time
of platelets to inadequate wall washing shear stresses (texposure ), and the level-ofactivation (LOA) of the platelets, which is dependent on platelet exposure to high
shear stresses. Platelet LOA measures the number of platelets which have been
activated and has units of Pa-s. LOA was included in this analysis despite being a
type of biological parameter because it was believed that LOA is affected primarily
by platelet exposure to high shear stresses, such as that which occurs in the near
valve region.
The fluid mechanical factors influencing device wall shear stresses can be subdivided into several categories including: geometric parameters, piston waveform
parameters, blood properties, and flow-related parameters. The geometric parameters include the dimensions and angles describing the chamber, valve, and port
geometries. Shape change of the piston face due to liner detachment was another
factor potentially influencing blood damage, however this factor would be very
difficult to quantify and was not included. The piston waveform parameters include the piston displacement, velocity, and acceleration along with the beat rate
and diastolic ratio. The important blood properties include viscosity and density along with the non-Newtonian properties. Finally, the flow related properties
would include the wall shear, mitral jet velocity, chamber rotational velocity, device
pressure head, and cavitation (which was neglected).
The geometric parameters are shown in figure 5.1: h was the minimum chamber
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height, L the stroke length, Dp the piston diameter, Dc the chamber diameter, di
the mitral port diameter, do the aortic port diameter, Rc the chamber upper face
radius for cases featuring a domed face, Rp1 and Rp2 the mitral and aortic port
radii of curvature, A1 through A4

the mitral and aortic valves major and minor

orifice areas, φ the mitral valve angle, α the angle between the ports, and β the
angle at which the ports merge into the chamber. For a geometrically similar pump
a single scale ratio can describe the change in size.

Figure 5.1. Important geometrical parameters for the PDP LVAD.

The piston waveform parameters are functions of time and include the instantaneous volume of the device V , the instantaneous flow rate of the device V̇ , and
the instantaneous flow rate acceleration V̈ . It was thought that the instantaneous
flow waveforms were important because one can imagine a limitless number of possible waveforms which integrate to the same value of flow rate. These waveforms
could have substantially different peak flow rates and piston accelerations for the
same average flow rate. As a limiting case it may be true that maintaining the
peak flow rate and peak piston acceleration would adequately scale the device, but
for this analysis the piston motion will continue to be thought of as instantaneous
parameters. Finally, N and τd are the beat rate and diastolic period.
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The flow related parameters which would be important to maintaining wall
shear and thus blood damage are the mitral jet velocity, the chamber rotational
velocity, the device pressure rise ∆P , the minimum pressure relating to cavitation
inception Pmin , and the vapor pressure Pv . Though hemodynamically important,
the jet and chamber velocities were generated by the combined effects of the piston
motion and the device geometry and therefore would not represent independent
parameters. The device pressure rise was previously determined to not be influential in determining a positive displacement pump flow rate, however the pressure
rise would effect both the start and duration of valve opening and closure, influence
the amount of regurgitant flow occurring within the device, along with possibly
influencing cavitation inception.
Therefore, the dimensional scaling relationship for shear stress in a positive
displacement pump is:

τ = f (h, L, Dp , Dc , di , do , Rc , Rp1 , Rp2 , A1 , A2 , A3 , A4 , φ, α, β, V, V̇ , V̈ ,
N, τd , µ, ρ, ∆P, Pmin , Pv ). (5.2)
A Buckingham-Pi analysis of this equation yields the following non-dimensional
relationship when ρ, N , and L were chosen as the repeating parameters:
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The equations showed that the blood damage was largely influenced by shear
stresses which in turn were a function of Reynolds number, head coefficient, flow
coefficient, piston waveform parameters, cavitation inception coefficient, diastolic
ratio, along with several geometric aspect ratios and angles. For a geometrically
similar pump with the same non-dimensional waveforms:
τw
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(5.4)
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Neglecting the effects of cavitation and device head rise, which would primarily
be limited to near valve effects, the relationship reduced to a form similar to
section 1.5:
Cf = f (Re, St, R).

(5.5)

Where for a geometrically similar pump the definitions of St and Re found in
equations 1.5 and 1.6 were used and R was again the diastolic ratio.

5.2

50 cc Device Beat Rate Scaling

Design-V0 was used to study the effects of varying beat rate. The devices were
geometrically identical with the exception of stroke length which was varied to
achieve the same flow rate for each case. The study compared the flow field for the
3.5 LPM 75 BPM baseline case to that of a 3.5 LPM 90 BPM case in an effort to
determine the effects of beat rate when the peak instantaneous and average flow
rates were fixed.
The results for the baseline analysis were presented in section 4.1.1.1.1 and
validated in section 4.3.1. Comparison between this case and the higher beat rate
case will now be presented.
Figure 5.2 shows the flow waveform for the 90 BPM computations. The flow
waveform for the 75 BPM case was also included in the figure for reference. Similar
to the baseline case, the flow peaked at 11 and 13 LPM for diastole and systole
respectively. The flow wave was identical to the 75 BPM case except that it was
compressed along the time axis. For the 90 BPM case the equivalent stroke length
was 12.3 mm, decreased from 15 mm for the 75 BPM case.
Figure 5.3 shows the in-plane velocity magnitude contours at corresponding
times during the pulse cycle. Here the velocity contours for the 90 BPM case
closely resemble the 75 BPM case in both shape and magnitude. Close observation
showed that the mitral jet and chamber rotational pattern did not penetrate quite
as far into the chamber for the higher beat rate case.
Figure 5.4 shows the computational wall strain rate contours. The wall strain
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Figure 5.2. Flow waveform for design-V0 operating at 3.5 LPM and 90 BPM.

rate was similar between the cases although some reduction in wall strain rate was
observed in the chamber during late diastole and early systole when the beat rate
was increased. Similar to the mitral jet, the region of high wall strain did not
penetrate as far into the chamber when the beat rate was increased. Lower wall
shear, most likely due to the lessened mitral jet penetration of the higher beat
rate case, was also observed throughout the cycle and was most evident at a time
36 percent into the cycle.
Figure 5.5 shows the thrombosis susceptibility potential for design-V0 operating at 75 and 90 BPM. Consistent with the wall strain rate observations, the
TSP showed an increase in thrombotic surface area while demonstrating similar
locations of high potential when the beat rate was increased to 90 BPM.
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Figure 5.3. Design-V0 computational in-plane velocity magnitude contours at the 3 mm
plane comparing the 75 and 90 BPM, 3.5 LPM cases.

5.3

50 cc Device Scaled to 70 cc

As previously discussed in Section 1.4, the 70 cc device performed well in regards
to thrombosis [27, 29, 35]. However, the 50 cc device performed much poorer than
expected. This poor performance was at least partially attributed to improper
scaling which failed to maintain device similarity [38]. For various reasons, such
as physiological constraints and issues associated with MHV scaling, where the
effective valve diameter does not scale with the valve housing diameter, the 50 cc
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Figure 5.4. Design-V0 computational scalar wall strain rate contours during the operational cycle for a flow rate of 3.5 LPM at 90 BPM.

device did not maintain geometric similarity with the 70 cc device. To study the
effects of geometric scaling the 50 cc device was scaled to a 70 cc volume and
analyzed computationally.
Design-V2 was geometrically scaled to a 70 cc volume. The results were then
compared to the baseline design-V2 analysis to study the effects of geometric scale
on the device hemodynamic performance. The results for the baseline design-V2
analysis were presented in section 4.1.1.2.2 and validated in section 4.3.3. The
baseline 50 cc case operating at 4.3 LPM and 86 BPM will henceforth be referred
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(a)

(b)

Figure 5.5. Design-V0 thrombosis susceptibility potential for a flow rate of 3.5 LPM
at (a) 75 and (b) 90 BPM, γ̇peak = 500, γ̇cutof f = 750, and texposure = 20 ms

to as case A. A scaling factor (dscale =

√
3

1.4) was used to scale all relevant lengths

when scaling from 50 to 70 cc.
The scaling analyses were based on the functional scaling relationships developed in section 5.1. For geometrically similar pumps the flow coefficient and
Reynolds number of equation 5.3 can be replaced by the Strouhal and Reynolds
numbers of equations 1.5 and 1.6.
Case B used the scaling relationship for shear stress developed in equation 5.3
to determine the geometry and operating conditions. The effects of cavitation were
neglected for this analysis. This analysis scaled while maintaining Strouhal and
Reynolds numbers along with the non-dimensional piston waveform and geometric
aspect ratios. Scaling by the Strouhal number (equation 1.5) insured that the device was geometrically similar. Scaling by the Reynolds number yielded operating
conditions of 4.92 LPM at 69 BPM.
Case C maintained Strouhal number and beat rate for the larger device, result-

154
ing in a device Reynolds number increase from 1,865 to 2,335. Strouhal number
scaling again insured that the 70 cc device was geometrically similar to the 50 cc
device. The flow conditions for the second case were 6.13 LPM at 86 BPM. This
case did not maintain the scaling relationship of equation 5.3 since the Reynolds
number was not maintained. Both scaled cases had a stroke volume of 70 cc and
a stroke length of 18 mm. Table 5.1 shows the operating conditions for the three
pump scaling cases.
Table 5.1. Operating conditions for geometric scaling design-V2 analysis.

Case

SV(cc)

Q(LPM)

BPM

A
B
C

50
70
70

4.3
4.92
6.13

86
69
86

Re

St

1865 9.0
1865 9.0
2335 9.0

Figure 5.6 shows the time dependent volume displacement, flow rate, equivalent
piston velocity, and equivalent piston acceleration. The piston volume displacement was the input boundary condition imposed in the piston model. The flow
rate was determined by differentiating the piston volume displacement. The equivalent piston velocity was evaluated by dividing the device flow rate by the piston
surface area. The equivalent piston acceleration was evaluated by differentiating
the piston velocity.
Figure 5.6a verified that the chamber displacement was 50 cc for the smaller
device and 70 cc for the larger device. The pulse for case B was stretched in time
relative to the baseline case. Figure 5.6b showed the resulting flow rate pulses
based on the chamber displacements. The peak cycle flow rates were found to
increase for both 70 cc conditions. When the flow pulses were integrated, case B
was found to increase in average flow rate by a factor of dscale from case A, case C
increased by a factor of d3scale . Where dscale was the length scale of the 70 cc device
√
relative to the 50 cc device ( 3 1.4).
Figure 5.6c shows the piston velocity. The velocity of the piston was determined
from the device flow rate, assuming that the sac took the shape of the piston face.
The first observation of the velocity waveforms showed that case B decreased from
case A by a factor of 1/dscale , case C increased by dscale .
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(a)

(b)

(c)

(d)

Figure 5.6. Single pulse flow parameters for the design-V2 scaled devices. (a) Chamber
volume displacement from fully compressed position, (b) volume flow rate, (c) equivalent
piston velocity, and (d) equivalent piston acceleration.

Figure 5.6d shows the piston acceleration. The piston acceleration can be used
as a rough estimate of the fluid accelerations occurring within the device. Case C
had the largest accelerations while case B had the lowest. The acceleration scale
of case A was closest to that of case C.

5.3.1

Comparison of CFD Scaling Results

Computational simulations were undertaken for the three cases previously described (cases A-C). The results of these simulations will be presented in this
section. The results will be compared at times corresponding to 16, 26, 44, and 60
percent of the total cycle. The simulations were performed using the compressing
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mesh method previously described in section 3.5.3.2.
Figure 5.7 shows the in-plane velocity magnitude contours for the three cases.
It was clearly evident that case C displayed the largest chamber velocities while
case B displayed the lowest. This corresponds to observations of figure 5.6c, where
case C had the highest piston velocity and case B the lowest piston velocity.

Figure 5.7. Design-V2 computational in-plane velocity magnitude contours at the 3 mm
plane for the geometric scaling analysis. Time steps taken from equivalent percentages
of the pulse cycle.

Figure 5.8 shows the wall strain rate for the three devices at corresponding
points in the cycle. As was theorized case B had the lowest wall strain rates,
indicating that maintaining device Reynolds number and Strouhal number should
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not maintain dimensional wall shear at differing geometric scales. Case A and
case C were relatively close in wall strain rate, with case C exhibiting mildly
increased wall strain rate.

Figure 5.8. Design-V2 computational scalar wall strain rate contours during the operational cycle for the geometric scaling analysis. Time steps taken from equivalent
percentages of the pulse cycle.

Figure 5.9 shows the skin-friction coefficient (Cf ) at 44 and 60 percent of the
pulse cycle for the three scaled devices. The skin friction showed a strong resemblance between all three cases, showing similar peak levels and distributions.

158
As expected, based on the Buckingham-Pi analysis presented in section 5.1 the
skin friction of case A and case B were nearly identical. Case C showed greater
variations in the skin friction, however this case did not maintain Reynolds number scaling. An important aspect to note was that maintaining non-dimensional
skin-friction coefficient does not maintain dimensional wall shear, as evident from
figures 5.8 and 5.9 The level of blood damage was directly influenced by the level
of the dimensional shear stress occurring within the device. Therefore, scaling to
maintain skin-friction coefficient would not guarantee that a similar level of blood
damage would be maintained when changing geometric scale.

Figure 5.9. Design-V2 non-dimensional skin friction for the geometric scaling analysis.

Figure 5.10 shows the TSP contours for the three analyses with the following
criterion, γ̇peak = 500, γ̇cutof f = 750, and texposure = 20 ms. This figure again
verified that case B had the lowest wall shear, while case C had a slightly higher
wall shear than case A.
A quantitative number for comparing the scaled devices was obtained by invoking the definition of device-TSP previously described. When evaluating the deviceTSP not all surfaces within the computational domain were evaluated. Based on
previous arguments the inlet and outlet tubes were ignored along with the piston
face. Two separate numbers were obtained, one including the valve regions and
one including only the chamber side walls and front face. These two numbers were
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Figure 5.10. Design-V2 thrombosis susceptibility potential for the geometric scaling
analysis with γ̇peak = 500, γ̇cutof f = 750, and texposure = 20 ms.

generally close, with lower device-TSP computed when the valves were included
due to the high shear stresses which generally occurred in the valve regions.
Table 5.2 shows the device-TSP for the design-V2 scaling analysis. The 70 cc
case where the Strouhal number and beat rate were maintained exhibited the lowest device-TSP of 0.07. The initial 50 cc case was next with a device-TSP of
0.13. Finally, the 70 cc device, which was scaled maintaining Strouhal number and
Reynolds number, had the highest potential of 0.25. The device-TSP measurements clearly indicate that case B had the lowest wall shear and case C had the
highest.
Table 5.2. Design-V2 geometric scaling study device-TSP.

Scaling Case
50 cc 4.3 LPM 86 BPM
70 cc 4.92 LPM 69 BPM
70 cc 6.13 LPM 86 BPM

device-TSP
0.13
0.25
0.07

The CFD results indicate that for an exact geometrically scaled device the wall
strain rate should increase when scaling down from a 70 cc to a 50 cc device if
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equation 5.3 (i.e. Re, St, and waveform scaling) was maintained. This type of
scaling could potentially result in a non-physiological beat rate however, if the
device was scaled small enough. When scaling the device by maintaining St and
beat rate the wall shear was observed to decrease slightly from the 70 cc to the
50 cc device. All of these observations were made assuming perfect geometrical
scaling and complete similitude of the time dependent piston motion, both of which
may not be obtainable clinically.
It has been previously stated that Bachmann [25] observed that the 15 cc pump
displayed substantially increased thrombosis to that observed in the 70 cc device.
Also, Yamanaka [27] observed clot formation in the 50 cc device where it was not
previously observed in the 70 cc device. Finally, wall shear stresses were observed
to be lower in the 50 cc device in comparison to a 100 cc device [37, 38]. All of
these results would seem to suggest that scaling down the device should in practice
substantially decrease the wall shear rate, however these in vivo investigations
failed to maintain strict geometric scaling resulting in large variations in Strouhal
number. The combined Strouhal and beat rate scaling showed a slight decrease
in wall shear in the 50 cc device, however the combined Strouhal and Reynolds
scaling showed a rather large increase in wall shear in the 50 cc device. Table 5.3
shows a summary of the scaling results.
Table 5.3. Summary of results for the design-V2 geometric scaling analysis. Device
scaled from 70 cc to 50 cc chamber volume displacement.

Scaling Parameters

Results

Maintain device Re and 50 cc device showed
St increase BP M
increased jet strength
(eqn. 5.3)
and increased wall shear
Maintain device St and
BP M decrease Re

50 cc device showed
weaker jets and mildly
reduced wall shear

There are several reasons why the previous in vivo scaling observations may
differ from the current results. First and foremost none of the experimental devices
appear to be an exact geometric scale of the 70 cc device. The 15 cc device was
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pneumatically driven and had the ports undersized in comparison to the larger
pumps, thereby greatly increasing the device Strouhal number as observed in table 1.1. The 100 cc device was substantially different, with the mitral port located
in the center of the chamber, and did not reproduce the same global rotational
pattern observed in the 50 and 70 cc devices [37].
Directly relating observations of device in vivo clotting to wall shear stresses
also is not straight forward. Thrombus deposition is thought to be a by-product of
low wall shear, however there are many other factors which can influence thrombus
deposition and embolization. Many of these factors are not well understood and
require further experimental investigation.
According to the Buckingham-Pi analysis, an additional factor influencing
platelet deposition is platelet activation, which is thought to occur at high platelet
shear. It was highly likely that the level of platelet activation varied at the different scales. Based on shear stress arguments, the CFD results showed that more
platelets should be activated in the smaller devices when maintaining St and Re,
potentially increasing the clotting of the 50 cc device in comparison to the 70 cc
device.

Chapter

6

Implementation of CFD Based
Design
The development of a validated computational model allowed the extension of the
CFD analysis to provide information relevant to affecting design changes. CFD
provided the means to cheaply and relatively quickly evaluate the effects of valve
orientation, valve type, chamber design, port design, device operating conditions,
piston motion, etc. In this chapter CFD was implemented to determine the effects
of valve orientation, valve type, and chamber design. A criterion was implemented
to quantitatively rank the devices based on their theorized hemodynamic performance as it related to device thrombus.

6.1

Valve Evaluation

The following sections present studies on the effects of valve orientation and valve
type on the device design. Valve orientation was studied by performing a steady
CFD analysis with a Bjork-Shiley mono-strut valve located in both ports. Valve
type was studied by comparing the flow fields for the BSM and Carbo-Medics
valves in identical devices operating under identical conditions.
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(a)

(b)

(c)

(d)

(e)

Figure 6.1. Contours of in-plane velocity magnitude for the steady valve orientation
cases at the 4 mm plane: (a) no valves, (b) 0◦ mitral valve, (c) 15◦ mitral valve, (d)
30◦ mitral valve, and (e) 45◦ mitral valve.

6.1.1

Valve Orientation Study

The valve orientation study investigated the flow through the LVAD when a nonpulsatile flow was forced through the device by means of an external pump. Further
details of the computational model were found in section 3.5. For the analysis the
piston was locked in the fully expanded position and the valves remained fully
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opened or were removed. A BSM valve without support struts was placed in
both ports. Several cases were executed, focusing on the effects of mitral valve
orientation. The first case removed both valves from the device; the remaining
cases placed the aortic valve at a 0◦ orientation and the mitral valve at 0◦ to
45◦ orientations.
The results were computed using AcuSolveT M on a mesh containing approximately 3.9 million grid points. The grids remained nearly identical for all cases,
with modifications confined to the valve region.
A time invariant slug velocity boundary condition was applied at the inlet
(Uinlet = 0.285 m/s), which produced a constant flow rate through the device of
5.0 L/min. A steady analysis was deemed an adequate first step to study mitral
jet development such as would occur during peak diastole. Figures 6.1 to 6.3 show
the in-plane velocity magnitude contours for the steady valve orientation cases at
the 4 mm, 6 mm, and 8 mm measurement planes.
The velocity fields demonstrated that the mitral jets were modified by the
orientation of the valve. In particular at the 6 and 8 mm planes the minor orifice
jet increased in strength as the valve angle was increased. The size of the flow
separation at the 3 o’clock position was also dependent on valve orientation. When
no valve was present the separation was small. When the valve was inserted the
separation decreased in length as the valve angle was increased, possibly due to
the increasingly strong minor orifice jet pushing the major orifice jet toward the
outer wall. This reduced separation may serve to reduce thrombus deposition at
the 3 o’clock position.
Care must be taken when interpreting the velocity profiles because the valve
orientation introduced a three-dimensional effect which may not be adequately
captured within 3 measurement planes. Though the minor orifice jet appeared to
be strengthened in the planes shown, it would likely be weakened in other planes.
Rotating the valve would have little effect on the relative strength of the mitral
jet, instead rotating the mitral valve would only modify the direction of the mitral
jet. The key to orientating the valve would be determining the optimal angle for
increased chamber washing.
Figure 6.4 shows the wall strain rate for the steady valve orientation cases. The
wall shear at the 5 o’clock position increased as the valve angle was increased due
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(a)

(b)

(c)

(d)

(e)

Figure 6.2. Contours of in-plane velocity magnitude for the steady valve orientation
cases at the 6 mm plane: (a) no valves, (b) 0◦ mitral valve, (c) 15◦ mitral valve, (d)
30◦ mitral valve, and (e) 45◦ mitral valve.

to the decreased separation observed in the velocity field at the 3 o’clock position.
A low strain rate region occurred on the chamber front face beneath the merger
of the mitral port with the chamber. This low wall strain was likely related to the
separation observed in the velocity field at the 3 o’clock position. This separation
was at its smallest on the front face when the valve was at a 15◦ orientation.
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(a)

(b)

(c)

(d)

(e)

Figure 6.3. Contours of in-plane velocity magnitude for the steady valve orientation
cases at the 8 mm plane: (a) no valves, (b) 0◦ mitral valve, (c) 15◦ mitral valve, (d)
30◦ mitral valve, and (e) 45◦ mitral valve.

The preceding analysis provided a preliminary study on the effects of valve
orientation, particularly the effect of valve orientation on the peak diastolic mitral
jets. In the future, to further understand the effects of valve orientation a pulsatile
study should be performed on the various valve orientations. Also, the full valve
geometry with support struts should be included. This analysis would provide
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(a)

(b)

(c)

(d)

(e)

Figure 6.4. Contours of wall strain rate for the steady valve orientation cases: (a) no
valves, (b) 0◦ mitral valve, (c) 15◦ mitral valve, (d) 30◦ mitral valve, and (e) 45◦ mitral
valve.

direct comparisons of the wall shear stresses occurring on the chamber throughout
the cycle and would aid in selecting an optimal valve orientation. This analysis
was beyond the scope of the work performed here, however this analysis could be
accomplished using the design methodology outlined herein.

6.1.2

Valve Type Study

The pulsatile flow analysis methodology was used to study the effects of valve
type on the hemodynamic performance of the LVAD. To facilitate a direct, design
relevant comparison the remainder of the geometry was fixed along with the flow
pulse applied to the device. Design-V1 was computed at a flow rate of 3.5 LPM with
a beat rate of 85 BPM. The flow conditions correspond to a piston stroke length
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of 13 mm. Figure 4.33 shows the flow waveform for the computations, adapted
from experiments. The peak flow rates were 10 LPM and 18 LPM respectively for
diastole and systole. The device operated at a 60 percent diastolic ratio. A period
of regurgitant flow was observed beginning at a time of 0.4 s.
Two computations were performed on design-V1 and will be presented in the
subsequent sections. The first contained a Bjork-Shiley monostrut valve at 30 and
0 degree orientations in the mitral and aortic ports respectively, while the second
contained a 0 degree oriented Carbo-Medics bi-leaflet valve in both ports. The
support struts were not included in the model for the BSM valve analysis.
The velocity extraction planes were taken relative to the peak of the dome
found on the front chamber face (figure 3.1). Hence, the 5 mm plane will be shown
for this design, since the 3 mm plane was located within the dome itself.
6.1.2.1

Bjork-Shiley Mono-Strut Valve Analysis

Figure 6.5 shows the in-plane velocity magnitude contours at a location 5 mm from
the peak of the dome for design-V1 with the Bjork-Shiley valves. Familiar flow
patterns observed in design-V0 were observed in design-V1. The strength of the
mitral jets and the chamber rotation were both reduced from design-V0. A large
amount of stagnant flow was consistently observed at the center of the chamber,
near the peak of the dome. Two mitral jets were observed during diastole, with
both the major and the weaker minor orifice jets being directed toward the chamber
side wall. A weak chamber rotational pattern was observed during late diastole,
at a time of 0.420 s , during a period of regurgitant flow through the mitral port.
Figure 6.6 shows the computational wall strain rate contours for design-V1
with the Bjork-Shiley valves. Low strain rates were consistently observed at the 7
o’clock position, the 12 o’clock position, and at the peak of the dome.
Figure 6.7 shows the TSP for design-V1 operating at 3.5 LPM and 85 BPM
with Bjork-Shiley valves. The device performed somewhat poorly under the current
operating conditions, with thrombus potentially occurring over nearly the entire
chamber. The ports along with the chamber from the 3 to 6 o’clock position were
the only surfaces to experience an adequate wall shear.
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Figure 6.5. Design-V1 computational in-plane velocity magnitude contours at the 5 mm
plane for a flow rate of 3.5 LPM at 85 BPM. Bjork-Shiley monostrut valves were located
in each port.

6.1.2.2

Carbo-Medics Bi-Leaflet Valve Analysis

Figure 6.8 shows the in-plane velocity magnitude contours at a location 5 mm from
the peak of the dome for design-V1 with the Carbo-Medics bi-leaflet valves. Three
mitral jets were visible through the valve during mid diastole. The innermost jet
was directed more toward the center of the chamber than the minor orifice jet was
with the BSM valve. The inlet flow appeared to spread more through the chamber
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Figure 6.6. Design-V1 computational scalar wall strain rate contours during the operational cycle for a flow rate of 3.5 LPM at 85 BPM. Bjork-Shiley monostrut valves were
located in each port.

in comparison to the BSM valve. As with the BSM valve a very weak rotational
pattern was established in the chamber during late diastole and early systole.
Figure 6.9 shows the computational wall strain rate contours for design-V1 with
the CM bi-leafelt valves. Again, very low wall strain rate was observed through
the cycle. The major difference with the BSM valve was the mitral port wall shear
was greatly reduced, likely due to the diffusion and weakening of the mitral jet
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(a)

(b)

Figure 6.7. Design-V1 thrombosis susceptibility potential for a flow rate of 3.5 LPM
at 85 BPM, Bjork-Shiley monostrut valves were located in each port (a) γ̇peak = 500,
γ̇cutof f = 750, and texposure = 20 ms, (b) γ̇peak = 500, γ̇cutof f = 1000, and texposure =
45 ms.

caused by the bi-leaflet valve.
Figure 6.10 shows the TSP for design-V1 operating at 3.5 LPM and 85 BPM
with Carbo-Medics bi-leaflet valves. The TSP of the chamber for design-V1 with
the Carbo-Medics valve was similar to design-V1 with the Bjork-Shiley valve. The
mitral port however shows a high thrombus potential owing to the modified mitral
jets of the bi-leaflet valve.
6.1.2.3

Quantitative Evaluation of Valve Type

Until this point the comparisons between the valve types has been purely qualitative. Observations of the wall shear and TSP contours have demonstrated that
the BSM valve was likely superior to the CM valve in terms of potential thrombus
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Figure 6.8. Design-V1 computational velocity magnitude contours at the 5 mm plane
for a flow rate of 3.5 LPM at 85 BPM. Carbo-Medics bi-leaflet valves were located in
each port.

deposition. However, no means of quantifying the difference in the performance
of the two valves has been presented. This section will provide a quantitative
parameter to facilitate direct design comparisons.
Based on the following criterion γ̇peak = 500, γ̇cutof f = 750, and texposure = 20 ms
and with the valves included, the device-TSP was computed as 0.38 for the BSM
valve and 0.51 for the CM valve. These results are summarized in table 6.1. These
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Figure 6.9. Design-V1 computational scalar wall strain rate contours during the operational cycle for a flow rate of 3.5 LPM at 85 BPM. Carbo-Medics bi-leaflet valves are
located in each port.

results meant that 38 percent of the surface area was highly thrombotic for the
BSM valve, whereas 51 percent was highly thrombotic for the CM valve. Based on
this quantitative result the BSM valve was shown to be superior to the CM valve
under identical operating conditions.
It was essential to note that the device-TSP analysis does not account for the
difference in the number of activated platelets occurring within the valves, which
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(a)

(b)

Figure 6.10. Design-V1 thrombosis susceptibility potential for a flow rate of 3.5 LPM
at 85 BPM, Carbo-Medics bi-leaflet valves were located in each port (a) γ̇peak = 500,
γ̇cutof f = 750, and texposure = 20 ms, (b) γ̇peak = 500, γ̇cutof f = 1000, and texposure =
45 ms.

Table 6.1. Design-V1 valve study device-TSP.

Valve Type
Bjork-Shiley mono-strut
Carbo-Medics bi-leaflet

device-TSP
0.38
0.51

may differ substantially. It can be reasonably assumed that the majority of the
platelet activation, relevant to the deposition occurring within an LVAD, would
occur within the mitral valve region. To quantify the level of activation between
the valve cases, strain rate contours through the valve were examined along with
a time history of volume averaged strain rate.
Figure 6.11 shows the contours of strain rate through the valve centerline in

175

Figure 6.11. Contours of strain rate at the centerline of the valve for the Bjork-Shiley
and Carbo-Medics valves

the vicinity of the valves. Both valves appeared to have similar shear rate levels.
As expected, the highest strain rates were concentrated near the valves and port
walls. The majority of the higher strains were concentrated in the minor orifice for
the BSM valve and between the leaflets for the CM valve. Based on the contours
no clear conclusion could be drawn as to which valve would activate more platelets.
Equations 2.1 and 2.2 both presented the platelet activation as a non-linear
function of shear stress and exposure time. Based on those equations and using a
similar argument as Garon [94] to linearize the equations in his hemolysis model
(section 2.6.2.3), it was reasonable to expect that on the first order the magnitude
of shear rate through the valve region would provide a comparative estimate of
the platelet activation. To this end a volume averaged integral of the strain rate
in the valve region was computed.
Figure 6.12 plots the time history of volume averaged strain rate in the volume
surrounding the mitral valve for both the BSM and the CM bi-leaflet valves. The
averaged shear rate levels were very similar for each case. The higher shear rates

176
observed during systole for the CM case was the result of a slight backflow due to
a reduction in the valve closure viscosity necessitated by solver stability for that
particular case.
As a first approximation the platelet activation of the two valves appeared
similar. However, several factors were not accounted for. First, activation would
be dependent on the platelet exposure time which was not computed. Second,
the shear rate was weighted by volume as opposed to cell volume flux, which
may provide a more realistic estimate of the number of platelets passing through
a computational cell. Third, the BSM valve struts were not modeled. Last and
potentially most important, valve closure was modeled such that flow regurgitation
and squeeze flow were not captured, neglecting a significant source of platelet
activation due to the high shear stresses and turbulent jets formed during these
processes.

Figure 6.12. Cycle volume averaged strain rate in the mitral valve volume for the
Bjork-Shiley and Carbo-Medics valves.
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6.1.3

Summary of Valve Evaluation

The computational model provided a convenient method to study the effects of
valve type and orientation. The computational results showed that the BSM valve
produced superior results to the CM valve, exhibiting a stronger mitral jet, increased wall shear, and less thrombotic surface area particularly in the mitral
port. In the future a pulsatile analysis should be performed to investigate the
effects of valve orientation and the platelet level of activation should be considered
for the valve analysis.

6.2

Direct Design Variant Comparison

The implementation of CFD as a design tool for a PDP LVAD required a means
of classifying the performance of design variants so that expensive animal tests
could be limited to optimized design variants. In section 3.6.3.1 a device-TSP
was derived and was implemented in section 6.1.2.3 as a classification method to
rank the different valves based on suspected thrombus formation. This section
will expand the use of the device-TSP to study the effects of LVAD design variations. In particular design-V1 and design-V2 with BSM valves (the mitral was
at a 30◦ orientation) were simulated under identical operating conditions. This
analysis was performed in advance of future animal tests which will evaluate the
in vivo performance of the two pumps.
The device was operated at the design-V2 operating conditions of 4.3 LPM and
86 BPM. The flow waveform and piston motion are shown in figure 4.33. Both
cases were simulated using the compressing mesh piston model on grids containing
roughly one million points. The valve support struts were included for each model.
The primary differences between the geometries was the presence of the curved
chamber front face in design-V1.
Figure 6.13 shows the in-plane velocity magnitude contours at a plane 3 mm
from the flat front face of design-V2 for several time steps for both devices. The
measurement planes were in identical locations relative to the ports in each device,
meaning the design-V1 measurement plane was located nearly 10 mm below the
tip of the chamber dome. Very similar velocity patterns were observed between
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the devices. The mitral jets were similar and a strong chamber rotational pattern
was established for each pump. Based on the velocity fields no obvious evidence
was observed as to which pump design would be less thrombotic.

(a)

(b)

(c)

(d)

(e)

(f)

(g)

(h)

Figure 6.13. Contours of in-plane velocity magnitude for the design-V1 to design-V2
comparison cases at a plane 3 mm from the flat front face of design-V2.

Figure 6.14 shows a comparison of the wall shear rates for the two design
variants. The design-V1 wall strain rates appeared to be slightly weaker at the 12
o’clock position during mid to late diastole, figures 6.14c to 6.14e. The wall strain
rate also appeared lower on the outer wall at the seven o’clock position for designV1. Both of these features would suggest that adding the dome to the chamber
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design reduced the strength of the chamber rotational pattern.

(a)

(b)

(c)

(d)

(e)

(f)

(g)

(h)

Figure 6.14. Contours of scalar wall strain for the design-V1 to design-V2 comparison
cases.

Figure 6.15 shows the TSP for the design variants for two deposition criteria.
The figure showed that the wall shear was reduced at the 7 and 12 o’clock positions
and at the peak of the dome. Table 6.2 shows the area weighted integral of the
chamber and valve potential which yielded a device-TSP of 0.21 for design-V1 and
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0.13 for design-V2 based on the γ̇peak = 500, γ̇cutof f = 750, and texposure = 20 ms
criterion. Based on these observations it was concluded that design-V2 should be
superior to design-V1 based on thrombus deposition arguments. The effects of
platelet activation would be less significant for this comparison since the valve and
waveforms were identical; hence the regurgitant flow and near valve shear stresses
should be comparable.
Table 6.2. Design-V1 and design-V2 device-TSP.

Design Variant
Design-V1
Design-V2

6.3

device-TSP
0.21
0.13

Extension of Physics Understanding Via CFD

The traditional means of studying the flow field within a PDP LVAD included
in vitro and in vivo experiments. These experimental techniques proved invaluable in developing a successful design. However, a knowledge gap existed since
experiments were expensive and time consuming; hence only a limited number of
experiments could be performed for a limited number of designs and flow conditions. The quantity of data collected was also limited to a few variables in a
few important measurement planes. Finally, experimental techniques proved challenging to capture certain flow features such as wall shear stresses or the three
dimensionality of the flow field.
Adding a validated computational model to supplement the experimental techniques can provide additional design guidance by providing a wealth of flow field
details. Once a model is developed, design modifications and operating conditions
can be varied rather cheaply in comparison to an experimental setup. This can
improve device optimization before an experimental model is built.
CFD provided the complete flow details at every computational node in the
flow field. This is advantageous in comparison to PIV measurement where only
the in-plane velocity components were typically measured. Also the strain rate
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(a)

(b)

Figure 6.15. Contours of TSP for the design-V1 to design-V2 comparison cases. (a)
γ̇peak = 500, γ̇cutof f = 750, and texposure = 20 ms, (b) γ̇peak = 500, γ̇cutof f = 1000, and
texposure = 45 ms.

field should be more accurately predicted, particularly in regions of highly threedimensional flow. Finally, the pressure field of the device was able to be predicted.
Figure 6.16 shows the computational surface pressures for the pump when experimental inflow total pressure and outlet static pressure were applied as boundary
conditions. The pump boundary conditions resulted in approximately 80 mmHg
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pressure rise through the pump. The largest pressure differences were observed in
the aortic valve during diastole and the mitral valve during systole and was due to
valve closure. The pressure in the chamber was relatively uniform at each time step
and closely matched the pressure of the opened port. Mild pressure losses were
observable across the opened valve, however these losses were small in comparison
to the pressure differential of the device.

Figure 6.16. Design-V2 computational surface pressure contours during the operational
cycle for a flow rate of 4.3 LPM at 86 BPM. A compressing mesh was used to model the
piston motion.

Figure 6.17 shows the two-dimensional velocity magnitude contours, the threedimensional velocity magnitude contours, and the through plane velocity magnitude for design-V2. The figure demonstrated that there was quite a bit of through
plane flow occurring in the vicinity of the ports. The mitral jet was much stronger
when all components of velocity were considered. CFD computations proved advantageous because the full velocity field was readily available, whereas the PIV
could only measure two components of velocity, the third component would have
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Figure 6.17. Contours of 2D velocity magnitude, 3D velocity magnitude contours, and
through plane velocity magnitude for design-V2 operating at 4.3 LPM and 86 BPM.

to be inferred from slices perpendicular to the measurement plane such as shown
in figure 4.38.
The three-dimensionality of the flow, particularly near the ports could lead to
significant differences between the 3D and in-plane wall strain rate. Figure 6.18
plots the difference between the 3D and in-plane strain rate at eight chamber wall
positions along the 3 mm plane. Deltas approaching 100 s−1 were observed at most
measurement locations. The largest differences were found at the 1:30 an 10:30
positions which were located beneath the mitral and aortic ports respectively. The
delta between the 2D and 3D strain rates peaked at 500 s−1 beneath the mitral
port and at nearly 2,000 s−1 beneath the aortic port. The 7:30 position showed
the lowest difference, peaking at 50 s−1 . At that position the flow was mostly
rotational and essentially in-plane.
Figure 6.19 to 6.21 shows a comparison of the two-dimensional and threedimensional shear mappings in the chamber and ports. For consistency with the 2D
in vitro definition of strain rate, where the one-half was omitted from equation 3.2,

184

Figure 6.18. Difference between 3D and XY Von Mises strain rate at the 3 mm plane
for design-V2 operating at 4.3 LPM and 86 BPM.

the 3D strain rate was defined as twice the Von Mises strain rate of equation 3.10.
The wall strain rate arcs in the chamber and ports, where the flow was most
three-dimensional, were chosen for this comparison.
Figure 6.19 shows a comparison of the chamber 3 mm plane S5 and S6 wall
strain rates. At both locations the 3D wall strain rate was noticeably larger than
the 2D equivalent. The S5 arc located beneath the aortic port, displayed a substantially increased 3D wall strain during systole in comparison to the 2D strain.
The S6 arc, located between the ports, contained less three-dimensionality than
the S5 arc.
Figures 6.20 and 6.21 show the S2 and S3 arcs of the mitral and aortic ports
respectively. Large differences between the 2D and 3D strain rate were observed
at the front of both ports. The beginning of the S2 arcs and the end of the S3 arcs
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had very similar 2D and 3D strain rates for both ports, since at these locations
along with the S1 and S4 arcs the shape of the port caused the primary direction
of the flow to remain within the PIV plane. Late in the S2 and early in the S3
arcs, the primary direction of the flow was through the plane, resulting in the large
three-dimensional effects observed in the maps.
The observations of the 2D and 3D computational wall strain rate maps illustrated that throughout a large portion of the device the 2D wall shear approximation used in the PIV measurements was adequate. However, in certain regions
of highly three-dimensional flow, principally near the port-chamber merger, the
three-dimensionality of the velocity field had a large influence on the wall strain
rate predictions.

Figure 6.19. 2D and 3D computational chamber 3 mm plane wall strain rate mappings
at the (a) S5 and (b) S6 locations.

The preceding section highlighted some of the advantages of a computational
model. The principle advantage was the computations provided a complete flow
field solution, allowing the three-dimensional effects of the device to be readily
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Figure 6.20. 2D and 3D computational mitral port wall strain rate mappings at the
(a) S2 and (b) S3 locations.

investigated. In this manner a validated computational solution would prove invaluable at supplementing the experimental results.
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Figure 6.21. 2D and 3D computational aortic port wall strain rate mappings at the
(a) S2 and (b) S3 locations.

Chapter

7

Conclusions and Future Work
The work presented in this dissertation established a methodology for studying
positive displacement LVADs using computational fluid dynamics. This capability
was adequate for performing a parametric study of a pulsatile pump, such as: the
study of valve type and orientation, geometric variations, geometric scale, influence of flow waveforms, etc. on the pump hemodynamic performance. All of these
parameters were likely important to determining the thrombotic performance of
a positive displacement LVAD. A validated, high fidelity CFD model provided an
inexpensive analysis tool to enhance the knowledge of the flow physics occurring
within the device by providing a complete three-dimensional representation of the
flow field. The computational model provided a wealth of flow field data, including
details which were difficult or expensive to quantify experimentally. A properly
executed computational model used in conjunction with in vitro and in vivo experiments would provide the most comprehensive suite of LVAD design tools available
to date.

7.1

Conclusions

The computations presented herein established a model for use on a positive displacement LVAD, producing accurate reproductions of the device in vitro flow
field. This model was validated on several design variants against in vitro PIV
measurements of both the flow velocities and wall strain rates. In general the
CFD compared well against the measurements, demonstrating similar mitral jet
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strengths and shapes along with establishing a similar rotational pattern within the
chamber during mid to late diastole and early systole. The wall strain rate measurements also compared well between the CFD and PIV considering the high level
of uncertainty in those comparisons. The high quality of the validation comparisons gave confidence in the modeling assumptions made in the analyses. The valve
model, piston model, implicit-LES model, and Newtonian fluid assumption were
justified based on the validation comparisons. Validation of the CFD methodology
established that the model was adequate to provide device design guidance.
A discrete method was used to model the valve closure, where the valves were
gridded and fixed as fully opened and the local fluid viscosity was increased to
“shut off” the flow through the valves. Based on the validation results this model
was deemed adequate to capture the chamber flow patterns critical to thrombus
formation. However, near valve effects, critical to platelet activation, were ignored.
The compressing mesh piston model was able to reproduce the in vitro device
flow waveform. When modeling the piston, the computations showed that resolving
the piston motion was important to adequately capture the extent of mitral jet
penetration into the chamber and the strength of the chamber rotational pattern.
In general, the compressing mesh model was found to more accurately reproduce
the chamber flow patterns and the resolution of the piston motion was deemed an
essential capability of the model.
A time independent parameter to assess regions of potential thrombus deposition within the device was developed, named the thrombosis susceptibility potential (TSP). This parameter was based on the limited published experimental data
on thrombus deposition and could be modified to match future experimental observations. The thrombosis susceptibility potential model developed in this work
provided a framework used to define the thrombotic performance of a device based
on the established experimental criterion relating time exposure to wall shear stress
and thrombosis. The TSP parameter related wall shear stress and exposure time
to thrombus deposition by requiring that the computational wall nodes must be
exposed to a critical shear rate for a critical duration to prevent thrombus deposition at the location. Surface contours of the thrombosis susceptibility potential
were used to locate areas of likely thrombus deposition.
A direct quantitative comparison between design variants was facilitated by
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computing the area weighted mean value of the TSP throughout the device. The
device-TSP allowed direct comparisons to be made between differing valve types
and differing design variants. The comparisons showed that the Bjork-Shiley monostrut valve established a more desirable flow field within the chamber, resulting
in a less thrombogenic device. Also, based on the device-TSP it was concluded
that design-V2 should be less thrombogenic than design-V1, where the primary
difference between the devices was design-V1 had a curved front face.
A computational investigation was undertaken to further the understanding of
positive displacement LVAD scaling. A Buckingham-Pi analysis established that
a theorized Blood Damage Index would be a function of geometric parameters,
fluid parameters, instantaneous flow field parameters, the time dependent piston
waveform, and platelet activation. This relationship was used to further the understanding of device similitude.
Two series of computations were performed to investigate geometric scaling, the
first scaled the device while maintaining Reynolds and Strouhal numbers based on
the Buckingham-Pi analysis while the second case maintained Reynolds number
and beat rate. Maintaining Strouhal and Reynolds number, when scaling from
the 70 cc to the 50 cc device, resulted in increased wall shear and a decreased
likelihood of thrombus deposition. Maintaining Strouhal number and beat rate,
when scaling from the 70 cc to the 50 cc device, resulted in decreased wall shear
and increased likelihood of thrombus deposition.

7.2

Future Work

This work has validated a computational model useful for predicting the hemodynamic performance of a positive displacement LVAD. While the validation results
have shown that the computational model can reproduce the PIV flow field; further
refinements should be made to represent the device operation. Future refinements
should be made to both the physical modeling of the CFD and the thrombus
predictions of the TSP model.
The discrete valve model used throughout this work provided a good estimate
of the valve behavior when fully opened, producing a chamber flow field that was
representative of the PIV results. This validation supported the hypothesis that
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the dynamic valve motion was of second order importance to the chamber flow
field. The current valve model should provide a reasonable estimate of the surface washing occurring with the chamber. However, thrombus formation depends
on both chamber washing and platelet activation. The major source of platelet
activation within these devices occurs in the near valve region. While the valve
model performed well at predicting certain valve features, such as the major and
minor orifice jets occurring during diastole, localized valve features such as regurgitant flow, valve rebound, and cavitation formation were not captured. The fluid
stresses occurring during these events would play a significant role on the amount
of platelets activated by the valves. Therefore, in the future, the valve model
should be refined to include the valve closure, rebound, and regurgitation using a
fully coupled fluid structure interaction method.
The CFD analyses showed that incorporating the piston motion as a dynamic
moving mesh was important to adequately reproduce the PIV chamber flow field.
In the future it would be desirable to further improve the dynamic piston model,
thereby eliminating any geometric simplifications inherent to the compressing mesh
model currently used. This would provide better prediction of localized chamber
flow features and more accurate prediction of the wall shear stresses occurring
within the chamber. Also, an improved piston model should consider the detachment of the chamber polyurethane liner from the piston face, which typically occurs
during diastole.
Improving the valve and piston physical models would allow the computations
to better represent the clinical device performance. The valve and piston motion
could be captured using either a dynamic overset method or a remeshing technique.
Capturing the piston liner would appear to require a more elaborate technique such
as a level-set method, volume-of-fluid method, or immersed boundary method.
In the future it would be useful to phase average the computational results in
a manner similar to the PIV measurements. The PIV cases were averaged over
200 cycles, whereas the CFD presented an instantaneous realization. In several
instances it was suspected that the lack of averaging of the CFD solutions led to
discrepancies with the PIV comparisons. With current computational hardware,
when using the 3.5 million node mesh with 400 time steps per cycle, it is estimated
that a single cycle can be computed in a 24 hour period using 40 processors. Based
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on this estimate of the time and resources needed, it was concluded that phase
averaging was beyond the scope of this work. However, as computer hardware
improves in the future, averaging of the results would become more realistic. It
would also be possible to average over a lesser number of cycles than the 200 used
for the PIV measurements. Phase averaging of the solution would also provide
details about the turbulent fluctuations and Reynolds stresses occurring within
the device.
In the future it would be of interest to perform the LVAD analysis on a higher
refined mesh. A mesh on the order of 10 to 20 million grid points would be feasible
with current technology. This grid would be orders of magnitude below what is
necessary for a DNS calculation, but would still provide useful details about the
larger turbulent eddies.
Previously, design studies have been performed on various geometries using
both experimental and computational techniques. What has not been studied
in any detail is the effects of the piston waveforms on device performance. The
non-dimensional study in section 5.1 proposed that the blood damage occurring
within the device was dependent in part on the piston displacement, velocity,
and acceleration. Perhaps the piston parameters could be altered such that a
stronger mitral jet is developed or a better washing chamber vortex is established,
without adversely affecting other performance metrics. However, a stronger mitral
jet would likely increase platelet activation and valve turbulence levels. In the
future, a computational study should be performed to study the effects of piston
waveform on the device hemodynamic performance.
There are several modifications that could be made to the TSP model to make
it more clinically relevant. Refinement of the model would require a better physical understanding of the relationship between the flow field, in particular the wall
shear, and thrombus deposition. The current model is based on a single experimental observation of thrombus deposition on polyurethane exposed to a steady wall
strain. Data, more relevant to a positive displacement LVAD, should be obtained
through careful experiments performed at relevant wall shear and time scales. This
data can then be incorporated into the TSP model.
The current TSP model was limited in that it took no account of deposition
rate and embolization time into the calculation of TSP. Consideration was not
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given to the amount of time of continuous low wall shear necessary for a thrombus
of critical size to deposit. The current model assumed that this embolization time
was much longer than the cycle period, meaning that if the wall shear stress was
of adequate magnitude and duration at any time in the cycle thrombus growth
would be suppressed. This assumption should be investigated and refined experimentally as it was made primarily for convenience due to a lack of physiological
understanding of the thrombosis process in the literature.
The TSP model used only the viscous shear stresses for estimating the platelet
deposition potential. Phase averaging along with increased grid resolution would
allow the turbulent Reynolds stresses to be incorporated into the wall shear estimates.
The study of valve type ignored an important aspect influencing platelet deposition, which is the activation occurring within the valves. When studying chamber
variations with the same valves, one could reasonably assume that the activation
would be similar. However, this assumption would not be valid for differing valves.
An additional modification that should be made to the TSP model is to couple the
TSP estimate with a Lagrangian approach to tracking cellular shear histories. In
this manner, deposition would occur if the platelet is activated and hits a surface
with low thrombus potential. If the platelet did not experience a sufficient levelof-activation then deposition would not occur, regardless of the surface potential.
As previously stated, properly estimating the platelet activation would require
that valve closure be explicitly captured. This Langrangian approach would aid
in design comparison, particularly when comparing valve types. The proposed
model modifications would yield a more clinically relevant estimate of thrombus
deposition.
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