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ABSTRACT

Congenital Heart Disease (CHD) occurs in about 1% (40,000) of newborn babies each year in the

United States alone. About 10.9% (960) of whom suffer from Hypoplastic Left Heart Syndrome

(HLHS) - a subset of CHD where children are born with a single-ventricle (SV). A series of three

surgeries are carried out to correct HLHS culminating in the Fontan procedure where venous flow

returns passively to the lungs. The current configuration for the Fontan results in elevated Central

Venous Pressure (CVP), inadequate ventricular preload, and elevated Pulmonary Vascular Resis-

tance (PVR) leading to a barrage of disease. To alleviate these complications, a ‘self-powered’

Fontan is suggested where an Injection Jet Shunt (IJS) emanating from the aorta is anastomosed to

each pulmonary artery. The IJS attempts to reduce the central venous pressure, increase preload,

and aid in pulmonary arterial growth by entraining the flow with a high energy source provided

by the aorta. Previous computational studies on this concept with rigid vessel walls show mild

success, but not enough to be clinically relevant. It is hypothesized that vessel wall deformation

may play an important role in enhancing the jet effect to provide a larger exit area for the flow to

diffuse while also being more physiologically accurate. A multiscale 0D-3D tightly coupled Com-

putational Fluid Dynamics (CFD) with Fluid-Structure Interaction (FSI) model is developed to

investigate the efficacy of the proposed ‘self-powered’ Fontan modification. Several runs are made

varying the PVR to investigate the sensitivity of IVC pressure on PVR. IVC pressure decreased

by 2.41 mmHg while the rigid wall study decreased the IVC pressure by 2.88 mmHg. It is shown

that IVC pressure is highly sensitive to changes in PVR and modifications to the Fontan procedure

should target aiding pulmonary arterial growth as it is the main indicator of Fontan success.
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CHAPTER 1: INTRODUCTION

Where conventional medical approaches may not be providing adequate treatment, engineers can

offer new perspectives where mechanics play a dominant role. One such case is cardiovascular

disease and the application of hemodynamics (the study of blood flow) which is a direct subset of

the study of fluid mechanics - a pillar of engineering theory. The identification of irregular hemo-

dynamics using engineering metrics is the new paradigm in cardiovascular medicine. Parameters

such as Wall Shear Stress (WSS), pressure, volume flow rate, and oxygen saturation can aid physi-

cians in decision making and significantly improve patient outcomes. In particular, we can make

use of Computational Fluid Dynamics (CFD) models to simulate surgical procedures, identify risk

factors for disease, design more efficient medical devices, and use as more cost-effective and less

invasive diagnostic tools [32, 35, 22, 30, 21, 8, 38, 33, 5].

Congenital Heart Disease (CHD) occurs in about 1% (40,000) newborn babies each year in the

United States alone [37, 17]. About 10.9% (960) of whom suffer from Hypoplastic Left Heart

Syndrome (HLHS) - a subset of CHD where children are born with a single-ventricle (SV). Under

a normal circulation, the Left Ventricle (LV) pumps oxygenated blood through the body and returns

de-oxygenated blood to the heart where the Right Ventricle (RV) then pumps to the lungs for

re-oxygenation of the blood. Patients with HLHS have an under-developed LV and aorta. The

anatomical differences are shown in figure 1.1.

Even after the required surgical interventions to correct HLHS, the mortality rate is 12% at 1 year

and approaches 17% by 10 years [6]. Medical morbidity, loss of quality of life, and health care

monetary expense associated with CHD are formidable. Total hospital costs for HLHS patients is

upwards of $221,000 where 23% of the total cost is due to re-admissions [19]. Additional hospital

costs for re-admissions for individuals with CHDs were $1.4 billion US dollars in 2004 (adjust-
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ing for inflation, this amounts to about $1.9 billion US dollars). For privately insured individuals,

this breaks down to about $30,000 US dollars per patient with costs rising for severe cases. Per-

haps even more debilitating than medical costs are the lifestyle changes, emotional stress, family

uncertainty, and parents being unable to return to work full-time.

Figure 1.1: Normal and HLHS circulations

These children progress through a 3-stage surgical reconstruction culminating in the total cavo-

pulmonary connection, or Fontan surgery [12]. The first procedure, termed the Norwood, recon-

structs the aorta, patches the pulmonary artery, and introduces the Blalock-Taussig shunt. The

second procedure, the Bi-directional Glenn, connects the Superior Vena-Cava (SVC) to the Right

Pulmonary Artery (RPA) and severs the Blalock-Taussig shunt. The Norwood and Bi-directional

Glenn surgeries are pictured in figure 1.2.

The third, and final, procedure is the Fontan. The Fontan establishes a serial circulation driven

by the functioning SV where venous flow returns passively to the lungs bypassing the heart. Sev-
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eral consequences include inadequate ventricular preload, elevated Pulmonary Vascular Resistance

(PVR), and perhaps most debilitating - elevated Central Venous Pressure (CVP) (measured and re-

ferred to as the Inferior Vena-Cava (IVC) in this study). These hemodynamic conditions lead to

an array of complications associated with the Fontan such as liver cirrhosis, protein-losing en-

teropathy, and plastic bronchitis [13, 14, 44, 29]. Freedom from death or complications are at only

31% at 20 years from implementation of the Fontan. Early-stage mortality has been overcome, yet

late-stage survival rates remain dismal with a strong causative relationship between morbidity and

Fontan failure/complications [23].

Figure 1.2: Norwood and Bidirectional Glenn procedures for correcting HLHS

These complications have plagued the Fontan procedure for years with minimal improvements.

Even with the most expensive and intensive treatments, patients see improvements between 1-8%,

where an improvement of 50-200% is optimal [13]. The statistics of Fontan complications can

be seen in figure 1.4. With the maturation of computational power in the past 10 years came

the possibilities to test unconventional ideas to aid the failing Fontan. Some of these include
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geometrical modifications to the Total Cavopulmonary Connection (TCPC) diameter, location,

shape, or the use of mechanical assist devices (powered pumps).

Figure 1.3: Fontan procedure

TCPC modifications such as a Y-shaped Inferior Cavopulmonary Connection (ICPC) or Glenn

(Hemi-Fontan) shows minimal improvement over the conventional Fontan procedure. Assist de-

vices have shown to theoretical decrease IVC pressure back to healthy values, but come at a cost.

Current issues include increased risk for thrombosis, re-circulation, or suction at the inlet causing

venous collapse. These issues lead to infection, embolisms, or stroke if a fenestration is created.
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Figure 1.4: Freedom from complications in the Fontan. Taken from Kotani [23]

Our group has previously proposed a ‘self-powered’ Fontan modification where an Injection Jet

Shunt (IJS) originates from the aorta, bifurcates once, and is anastomosed to each pulmonary artery

to entrain the flow with a high-velocity jet [32]. It was shown to reduce IVC pressure, augment

pulmonary flow to aid in pulmonary arterial growth (a major determinant of long-term Fontan

success), and increase systemic O2 delivery. Typically, injection jet pumps that take advantage of

this phenomena open to a large reservoir at the outlet. This is the significant departure from the

implementation of the IJS in Fontan patients as we know the cardiovascular system is closed to the

atmosphere. This is a major limitation to the self-powered concept, but may be overcome.

It is proposed that this model may be underestimating the pressure drop due to the rigid wall

assumption. If the arterial walls are made to be compliant, the outlet should expand giving room

for the augmented flow from the IJS to exit without congestion. This would ultimately reduce the

losses associated with this modification and further the reduction of pressure at the IVC.
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Figure 1.5: The Injection Jet Shunt (IJS) from the aorta to the pulmonary arteries
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CHAPTER 2: LITERATURE REVIEW

2.1 The Fontan Circulation

The Fontan surgery was first introduced in 1971 by Francis Fontan, a French Cardiologist, to treat

tricuspid atresia [12]. His proposition relies on post-capillary pressure to drive the venous return

to the atrium, i.e. it is a passive system. This leads to an array of abnormal hemodynamics such as

decreased Cardiac Output (CO) and elevated Central Venous Pressure (CVP). It is estimated that

over a thousand Fontan surgeries are carried out each year in the US with 50,000-70,000 Fontan

patients currently alive worldwide [39].

This population has seen a dramatic decrease in early-stage mortality with a 20 year survival rate

of 92%. The average age for Fontan populations is expected to increase from 18 years old in 2014,

to 23 years old in 2025, and 31 years old in 2045. In light of this, the focus of research on the

Fontan procedure has shifted to late-stage complications. Gewillig, et al. [14, 13] has outlined the

abnormal hemodynamic conditions (increased central venous pressure, decreased cardiac output)

in the Fontan that lead to an array of late-stage complications such as liver cirrhosis - the most

devastating. Yu, et al. [44] found there was low pulmonary vascular compliance leading to protein-

losing enteropathy. Mitchell, et al. [29] found most Fontan patients had pulmonary vascular

disease and that elevated Pulmonary Vascular Resistance (PVR) is a likely contributor to Fontan

failure.
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2.2 Multiscale Computational Modeling

The use of multiscale computer simulations to assess HLHS and specifically the Fontan has domi-

nated the research landscape in recent years with no signs of slowing down. These computational

models are accurate and typically robust. Simulations of HLHS anatomies require special treat-

ment due to their unconventional physiology. Most simulations focus only on the systemic arterial

or venous systems one at a time, but the Fontan requires modeling of both. This means a strict

passing of information between the different scales (3D to 0D) in a tight-coupled manner, i.e. ex-

change information at every time step. This method was introduced by Quarteroni, et al. [36]

where they led the 0D Lumped Parameter Model (LPM) over the 3D CFD in time.

Tightly-coupled schemes are subject to stability issues at the boundaries where the LPM fails to

agree completely with the 3D CFD. Esmaily-Moghadam, et al. [11] alleviated these issues by

inserting auxiliary elements such as inductors at the inlets of the 3D domain where mass flow

conditions are prescribed and capacitors at the outlets where pressure conditions are prescribed.

Esmaily-Moghadam, et al. [10] also looked into backflow stabilization techniques such as using

Lagrange multipliers, constraining velocity to be normal to the boundary, and adding a stabilization

term to the boundary nodes. They found using stabilization terms were the most effective and least

computationally intensive. Ni [31] suggested extending the computational domain to stabilize the

boundaries and paying only a small price more in computational cost.

2.2.1 Fluid-Structure Interaction (FSI)

Bazilevs, et al. [3] was the first to model Fluid-Structure Interaction (FSI) in for the Fontan

anatomy. They built the vessel wall by solving the Laplace equation with boundary conditions

such that it would produce a thickness of 10% of the local hydraulic diameter. He concluded that
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FSI is significant when measuring Wall Shear Stress (WSS) and pressures. However, the cycle-

averaged WSS and pressures were close to the rigid wall model. To the best of my knowledge,

Long, et al. [25] has conducted the only other Fontan FSI study. They looked at using variable

wall properties as a large section of the Fontan geometry is Gore-Tex conduit. They concluded

that FSI has little effect on overall hemodynamics but is significant for estimations of Wall Shear

Stress.

2.3 Fontan Modeling

There has been several attempts to correct the abnormal hemodynamics and associated diseases

with late-stage Fontan patients. The first group set out to optimize the current Fontan configuration

while other tried modifying it. Itatani, et al. [20] looked at optimizing the Fontan conduit (IVC)

size and determined 16-18 mm is best, but that does little to improve Fontan performance. Alexi-

Meskishvili, et al. [2] determined the age at which performing the Fontan operation is most suitable

for a given conduit size. They determined that at 2-3 years old the extracardiac Fontan operation

could be performed as the conduit size was suitable for adult hemodynamic conditions as well.

Hsia, et al. [18] looked at the diameter of the Total Cavopulmonary Connection (TCPC) as a

optimization parameter and found that 20 mm is best. They also mention the importance of the

local geometry of the Fontan as it is strongly tied to energy loss. Bove, et al. [4] and de Leval, et

al. [7] also studied Fontan optimization coming up with similar conclusions. They also stressed

the importance of local geometry in minimizing energy losses in the Fontan.

Marsden, et al. [27] studied the effects of exercise on Fontan performance and concluded that

it is important to consider exercise when evaluating new Fontan designs. Marsden, et al. [26]

then introduced a Y-shaped Fontan/IVC conduit which decreased pressure and encouraged even
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pulmonary flow distribution left to right, but was not clinically significant.

2.4 Assist Devices

More recently, the majority of efforts have started to shift to using mechanical assists to aid the

Fontan. Several groups have had success in this, but with some sever potential drawbacks. De-

lorme, et al. [9] performed a Large Eddy Simulation (LES) comparing the standard Fontan with a

pump in the middle of the TCPC with much success in reducing the pressure. Lin [24] used a cen-

trifugal pump and achieved clinically significant pressure drops. Shimizu, et al. [41] and Pekkan,

et al. [34] also had success reducing IVC pressure. Shimizu used a partial assist while Pekkan

assumed full assist with both studies using computational models to assess the pumps. Aside from

concerns of thrombogenesis and pump failure, SVC pressure is often increased at the expense of

reduced IVC pressure.

2.5 Pulmonary Vascular Resistance (PVR)

Pulmonary Vascular Resistance (PVR) is linked to late-stage Fontan failure. The reduction in

Cardiac Output (CO) and pulsatility has been linked to pulmonary hypertension and congestion.

Henaine, et al. [16] concluded that a lack of pulsatility in the pulmonary arteries dampens arterial

growth and contributes to pulmonary vascular disease and elevated PVR. Goldstein, et al. [15]

determined that PVR decreased with exercise, but there was not a strong link. Schmitt, et al.

[40] conducted a clinical study trying to determine the relationship between flow and PVR. They

administered dobutamine stress to simulate exercise conditions and increased volume flow. They

found an inverse relationship where PVR decreased with increasing flow.
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CHAPTER 3: METHODOLOGY

Analysis of the proposed modifications to the Fontan surgery will be carried out completely com-

putationally. That is, using a multiscale (0D-3D) CFD model covering all aspects of the complex

cardiovascular system. This approach allows quick, yet accurate solutions where the power is

available to manipulate the geometry and hemodynamic conditions and re-run the simulations with

little overhead. This chapter details every aspect of the model (e.g. geometry, boundary conditions

generation, solver settings).

3.1 Anatomical Model

The first step in modeling the complex hemodynamics observed in the Fontan procedure is de-

veloping a physiologically-accurate anatomical model. Typically, geometric parameters are taken

from Magnetic Resonance Imaging (MRI) data. Imaging techniques include standard MRI, Phase

Contrast MRI (PCMRI), and Computed Tomography (CT) which is sometimes referred to as Com-

puterized Axial Tomography (CAT). Any of these images work for the purpose of 3D geometrical

reconstruction, as this process relies only on the images themselves to segment out the geometry

of interest.

This is a highly manual process which requires significant understanding of the imaging technique

used and anatomy in the region of interest. The recent adoption of machine learning in industry

has infected the healthcare sector and is being used to automatically segment these geometries to

be used in computer simulations. There is reason to believe this process will be fully-automated in

the near future, but remains highly-manual until the technology matures.

Considering the objective of this study, we can avoid this tedious process and construct a synthetic
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model using average values from similar Fontan reports [28, 7, 20]. The Injection Jet Shunt (IJS)

bifurcates and is virtually sutured to each pulmonary artery. Each IJS is 2.75mm in diameter

as computed from the recommended area ratio (AIJS/Apulm where AIJS is the area of the IJS

and Apulm is the area of the pulmonary artery) given a pulmonary artery of 12mm diameter [32].

Although a synthetic model is used in this study, analysis of patient-specific models is forthcoming.

The CAD models are shwon in figure 3.1.

Figure 3.1: Synthetic geometries constructed. Left is the nominal case and right has the IJS

3.1.1 Creating the Vessel Wall

After creation of the synthetic model using Dassault Systemes SolidWorks 3D CAD software, the

geometry was imported into Materialise 3-matic (3D CAD program specializing in medical appli-

cations) for creation of the vessel wall. Modeling the wall correctly is imperative to performing an

accurate Fluid-Structure Interaction (FSI) simulation. The thickness was taken to be 10% of the

local hydraulic diameter as per common practice. Only the pulmonary arterial walls were mod-

eled and included in the simulation because the IVC is assumed to be rigid (see section 3.3.2 for a

detailed explanation). The solid (vessel wall) domain is shown in figure 3.2.
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Figure 3.2: The portion of vessel walls included in the model

3.2 0D Hemodynamic Model

At the heart of every CFD calculation lie the boundary and initial conditions. The results are

a direct outcome of boundary conditions prescribed and are especially critical in hemodynamic

simulations. It is arguably the most important parameter of the model and thus study overall. The

human vascular system is an expansive network of bifurcating arteries and converging veins that

range in size from about 20mm in diameter (the aorta, artery that stems directly from the heart) to

5 µm (capillaries, where oxygen is delivered to its final destination). The length of all the vessels

in the body combined is estimated to be over 60,000 - 100,000 miles [1]! As the size of geometry

to be used in CFD simulations grows, so does the computational ‘cost’ (CPU time). It would be

almost impossible to simulate the entire system in a time-dependent 3D manner, which is required

for this problem as well as most others performing surgical planning/optimization simulations.

Thankfully, several analogies can be drawn between blood flow and electrical circuits. The vascu-

lature endures an impedance to the flow, which acts in the same manner as electrical impedance.
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This can be represented by several components - namely a resistor, capacitor, inductor, and diode.

The analogy begins with Ohm’s Law for electrical circuits

∆V = IR → ∆p = QR (3.1)

where the voltage difference (∆V ) is like the pressure drop over a distance in the vessel (∆p) and

the current (I) is like the volume flow rate of blood through that same segment of vessel (Q). The

circuit elements can be described in mathematical form as

∆p = QR → R =
8µl

πr4
(3.2)

Q = C
dp

dt
→ C =

3πlr3

2Eh
(3.3)

∆p = L
dQ

dt
→ L =

9ρl

4πr2
(3.4)

where µ is the blood viscosity, l is the length of the vessel, r is the radius of the cross-section, E is

the Young’s Modulus, and h is the vessel wall thickness. The qualitative version of this analogy is

shown in figure 3.3.

(a) Compliance (Capacitance) (b) Fluid Resistance (Resistance) (c) Inertia (Inductance)

Figure 3.3: The physical meaning of each circuit element

The analogies for the circuit elements are as follows: resistors model the time-averaged vessel

resistance (equation 3.2), capacitors model the vessel wall deformation (equation 3.3), inductors

model the blood inertia (equation 3.4), and diodes model valves. These elements can be lumped
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together to re-create the physics of flow through an arterial or venous segment as seen in figure 3.4.

pin
Qin

C

R L Qout
pout

Figure 3.4: Circuit analog of an arterial/venous segment

It is simple to extend this for the complete vasculature - simply repeat the segments and include

diodes and an ‘electrical’ heart by way of a forcing function. The forcing function is a time-varying

capacitor where the capacitance is taken to be the inverse of the elastance (C(t) = E(t)−1). The

elastance can be interpreted physically as the contraction of the myocardium (heart wall) and takes

mathematical form as the ‘double-hill’ function

E(t) = Emax

[ (
t

α1T

)n1(
1 + t

α1T

)n1
(
1 + t

α2T

)n2

]
+ Emin (3.5)

where Emax, Emin, α1, α2, n1, n2 are all parameters that control the shape and magnitude of

the elastance curve for the heart (specifically the RV in the case for HLHS patients with a single

ventricle) [43].

Putting this all together we obtain a full 0D model fo the vasculature of interest which is typically

referred to in the literature as a Lumped Parameter Model (LPM). For the self-powered Fontan

concept we are testing, the LPM appears in the form shown in figure 3.5.
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Figure 3.5: LPM diagram to initialize the solution
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3.3 3D Hemodynamic Model

The 3D portion of the multiscale model is necessary in order to capture the complex 3D hemo-

dynamics and momentum transfer of the IJS. This is done using a commercial CFD code, STAR-

CCM+ ©. The anatomical model (described in 3.1) is exported from the CAD software as a surface

mesh using the stereolithography (.stl) format and then imported into STAR-CCM+.

3.3.1 Fluid Domain: Computational Fluid Dynamics Model

The volume mesh is then created using polyhedral elements for both the fluid (blood) and solid

(vessel wall) domains. Polyhedral cells were specifically chosen because the fluid solver is written

using the finite-volume (FV) method and it is shown that polyhedral cells are better suited for FV

schemes [42]. Mesh independence was achieved with 510k cells, seen in figure 3.6. Mass flow

rates are assigned to the inlets and pressure profiles at the outlets. A more detailed description of

the boundary conditions is presented in section 3.4.

Blood’s non-Newtonian behavior is well-documented throughout the literature, however, at high

shear rates, the viscosity converges to a constant value mimicking Newtonian characteristics. It

can be argued that non-Newtonian effects are negligible in pediatric blood flow simulations, but

for completeness the Carreau-Yasuda model was used. It is described as

µ(γ̇) = µ∞ + (µ0 − µ∞)(1 + (λγ̇)a)(n−1)/a (3.6)

where γ̇ is the shear rate, µ∞ is the infinity-shear viscosity (if the fluid were to be treated as New-

tonian), µ0 is the zero-shear viscosity, n is the power constant, λ is the relaxation time constant,

and a is the parameter to control shear-thinning.
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Figure 3.6: Computational mesh of the fluid domain

Note: when a = 2, the original Carreau model is obtained. Data points were collected and curve-

fitted to obtain the parameter values as shown in table 3.1.

Table 3.1: Carreau-Yasuda Viscosity Model Parameters

µ∞ (cP) µ0 (cP) λ (s) n a

4.000 8.425 0.310 0.333 2.000

3.3.2 Solid Domain: Fluid-Structure Interaction

The main objective of this study was to model the effect of arterial compliance on the self-powered

Fontan. Thus, the vessel wall was modeled to be compliant and as such, a FSI model is needed.
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This was also done in STAR-CCM+ using a FV approach using polyhedral cells for the same

reason as outlined in section 3.3.1. Mesh independence was also achieved with 220k cells. Care

was taken to have at least 3 cells in the radial direction as per recommendation by the FSI solver.

Figure 3.7: Computational mesh of the solid domain

Prescription of the boundary conditions for the solid model are just as important a consideration as

the fluid model when vessel wall deformation is important. The IVC segment that connects to the

TCPC in the Fontan is a graft as the native IVC terminates much inferior. About the first 50mm

below the TCPC consists of graft material. Typically, it is a Gore-Tex graft where the Young’s

Modulus is several magnitudes higher than the surrounding vessels in the domain of interest. As

such, it was assumed to be rigid and only the pulmonary arteries were modeled as compliant, using

a Young’s Modulus of E = 0.26MPa [25]. The surfaces connected to the TCPC were fixed
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(highlighted in pink in figure 3.7) and the rest of the domain was let free.

3.4 0D-3D Tightly-Coupled Scheme

As has been touched on previously in section, hemodynamic simulations are sensitive to the bound-

ary conditions prescribed. The cardiovascular system adapts dynamically to various signals such

as arterial/venous pressure, Wall Shear Stress (WSS), and O2 delivery. These adaptations include

vasodilation/vasoconstriction (widening/narrowing of vessel walls), changes in Heart Rate (HR),

and changes in venous compliance. If the cardiovascular system attempting to be modeled is as-

sumed to be in a steady-state condition, i.e. the patient is at rest and not moving, then the pressure

and volume flow waveforms will be periodically-steady. If you were to overlay the waveforms for

each heart cycle, they would match.

These simulations require not only boundary conditions which influence the final solution, but

initial conditions - essentially a guess of the initial state of the system. Following the periodically-

steady assumption, the initial guess does not have an influence on the final solution. However, as

the CFD model converges the effective boundary conditions will change. That is, the LPM must

adapt to the computed values of the 3D domain and update the boundary conditions which will

effect the 3D domain and so on. This is a coupled system and must be modeled as such to achieve

physiologically-accurate solutions.

A novel tightly-coupled scheme was developed by Ni [31] and used in this simulation. A Java code

is interfaced with STAR-CCM+ and an in-house C++ code to solve the set of ODEs governing

the LPM (equations are in Appendix A). First, both the CFD and LPM are initialized. This is an

especially important step when performing FSI as the pressures tend to oscillate wildly and diverge

if not. The next step is to predict the unknowns of the CFD and then advance one time step. Next,
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time is frozen and the CFD and LPM iterate between each other until convergence between the

values produced by both are within a certain tolerance. This is done for each time step until the

end of the cycle. once cycle-to-cycle convergence is met, the simulation is stopped. This procedure

is shown in a flowchart in figure 3.9. The LPM solves for mass flows at the inlets and pressures

at the outlets, while the CFD uses those as inputs and solves for pressures at the inlets and mass

flows at the outlets.

Figure 3.8: Representation of the 3D-0D coupling. Closeup image of the 3D domain area
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Figure 3.9: Flowchart of the tightly-coupled scheme used. Taken from Ni [31]
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CHAPTER 4: RESULTS

Four different cases were run: IJS off, IJS on with baseline PVR, IJS on with -40% PVR, and

IJS on with -60% PVR. The PVR was varied to explore the effects of PVR on IJS performance

as the pulmonary volume flow/PVR relationship is not well known. The results are listed in table

4.1. Aligning with our expectations, IVC pressure decreased, CO increased, systemic O2 delivery

increased, and there was more pulsatility in the pulmonary arteries, except for the IJS on, nominal

PVR case. These trends are plotted in figure 4.1.

Table 4.1: Time-averaged hemodynamic quantities of interest: QP/QS is the ratio of pulmonary
to systemic volume flow, PP is the pulse pressure in the pulmonary arteries, QSY S is the systemic
volume flow rate, QIJS is the IJS volume flow rate, and CO is the Cardiac Output

IJS
Status

PVR
IVC

Pressure
(mmHg)

∆p QP/QS
PP

(mmHg)

Systemic O2

Delivery
(L O2 / min)

QSY S

(L/min)
QIJS

(L/min)
CO

(L/min)

OFF Nominal 16.520 —– 1.003 3.329 0.137 1.109 0.000 1.113
ON Nominal 18.820 +2.300 1.479 3.891 0.128 0.915 0.439 1.355
ON -40% 16.140 -0.380 1.475 5.411 0.159 1.064 0.505 1.570
ON -60% 14.110 -2.410 1.478 7.657 0.174 1.137 0.543 1.682

A similar study was carried out in our group with the assumption of rigid walls [32]. Surprisingly,

the FSI study had adverse effects - dropping IVC pressure by 2.41 mmHg compared to 2.88 mmHg

for the rigid study. If we consider the cross-sectional area change involved with deformation of

the vessel wall, it starts to become clear why this is. It was assumed that FSI would help the jet

effect as there would be more volume in the pulmonary arteries as they expanded for the extra mass

emanating from the IJS to diffuse. This aspect of the ‘jet effect’ is important as the concept was

borrowed from the oil and gas industry where the streams are typically pumped to an exit facing

atmospheric conditions. It was overlooked that the IJS would reduce the internal pressure (thus

the transmural pressure) which is what pushes the vessel wall to expand. Lower pressures indicate

smaller cross-sectional areas and higher resistances. A plot of the cross-sectional area of the RPA
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outlet for each case is in figure 4.2. The LPA plot was left out because they are almost identicalas

an even right to left pulmonary flow split is assumed. If we compute the effective resistance using

equation 3.2 and the difference in these resistances from the baseline model, we can estimate how

much of an effect the area reduction is for estimating IVC pressure drops (table 4.2).

Figure 4.1: Hemodynamic parameters of interest as PVR is dropped

The resistances calculated are on a per unit length basis, so adjusting for length and calculating for

the amount of flow through the pulmonary arteries using

∆p = QRPA/4(Ron,−60%10)
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we get about 0.96 mmHg added to the predicted pressure because of the reduction in area change.

If you were to factor this in, it would constitute an even better pressure drop than the rigid study.

Table 4.2: Comparing resistances

IJS Status PVR Drop
Average Area

(mm2)

Resistance, R
(mmHg s / mL

mm)
∆R

OFF Nominal 44.142 0.387 —–
ON Nominal 44.984 0.372 -0.015
ON -40% 44.040 0.389 0.002
ON -60% 43.437 0.400 0.013

Figure 4.2: RPA outlet area

The answer to this discrepancy lies in this only other difference in the model - the IJS is anasto-

mosed to the artery wall, unlike the rigid version where the jet cuts into the main flow and is ejected

into the centerline of the ambient flow. Although the jet at the wall does not maximize entrainment

because it is not parallel to the ambient flow, the IJS graft itself does not block the flow like a
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cylinder in cross flow. Looking at the velocity vector scene from a superior view (figure 4.3), we

see the competing forces of the jet and ambient flow in the form of oscillations of the jet direction.

This is most notable if you compare the late systole (figure 4.3b) and late diastole (figure 4.3d).

It is useful to calculate pressure-volume loops for the RV as a quick qualitative (although many

quantitative measures can be extracted as well) check of the hearts performance. A plot of each

cases PV loop can be seen in figure 4.4. When the IJS is turned on but PVR is left unchanged, there

is a reduction in ventricle performance. Once PVR is dropped, and thus the afterload on the heart,

the PV loop moves in the northwest direction indicating an improvement in cardiac function. This

behavior aligns with the trend of the CO which is expected as the two quantities are related.

(a) Early systole (b) Late systole

(c) Early diastole (d) Late diastole

Figure 4.3: Superior view of IJS on, -60% PVR case

26



The volume in the RV can be calculated as

V (t) =
P (t)

E(t)
+ Vd (4.1)

where E(t) is the elastance function (eq. 3.5) and Vd is the diastolic volume [43].

Exploring the qualitative results in more detail oftentimes bring useful insights to improving the

local hemodynamic parameters such as IJS size, shape, sites of anastomosis, etc. Zooming in on

figure 4.5 (RPA, or left side of figure), there are vortices that form in the flow much like those

generated from the wing tip of an airplane. These contribute to a loss in effective momentum

transfer from the jet to ambient flow. Typically, these jets are incorporated into a Converging-

Diverging (CD) nozzle with the half-angles of the diverging section carefully chosen to avoid

boundary layer separation and thus re-circulation zones where losses are incurred.

Figure 4.4: Pressure-volume loops of the RV for each case run

Taking a look at the velocity magnitudes down the RPA branch vessels reveals an abnormal ve-
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locity distribution at the bifurcation (figure 4.6). The jet is re-directed to the anterior branch of

the pulmonary arteries and can lead to uneven flow splits which is less efficient for the lungs to

oxygenate the blood. This drawback is offset by increased O2 delivery with the augmentation of

the IJS flow.

(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure 4.5: Posterior view of TCPC during mid systole
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure 4.6: Velocity magnitude of the RPA branch vessels during mid systole

29



(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure 4.7: Wall Shear Stress during early diastole
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CHAPTER 5: CONCLUSION

The IJS concept proved to have opposite results than what was initially expected. Inclusion of

FSI into the model does not reduce the IVC pressure as much as the similar rigid wall study due

to lower overall transmural pressure in the system. The difference in pressures is small enough

to assume inclusion of FSI for Fontan simulations is not necessary. The computational time is

significantly increased (about 75%) for minor a change in results. If one were interested in the

precise shape of pressure waveforms or the WSS contours, then FSI should be considered. For the

purpose of evaluating the ‘self-powered’ Fontan IJS concept where cycle-averaged IVC pressure

is the main concern, a rigid wall assumption is suitable.

This study further confirms the efficacy of the IJS improving all of the metrics set out to achieve

- reduced IVC pressure, increased CO, and increased pulse pressure in the pulmonary arteries.

Although the reduction in IVC pressure is not clinically significant, introduction of IJS may still

be advantageous because it presents little risk unlike mechanical support devices. For this reason,

further designs along this route should be considered.
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APPENDIX A: CIRCUIT DIAGRAMS AND EQUATIONS
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The coupled set of Ordinary Differential Equations (ODE) that govern the closed-loop circuit for

initialization of the IJS injecting into the pulmonary arteries with FSI is as follows

d

dt
(pra) =

1

Cra

(
Iin −

pra − prv
Rtric

H(t)
)

(A.1)

d

dt
(prv) =

1

Cra(t)

(pra − prv
Rtric

H(t)− prv
d

dt
(Crv(t))−

prv − pao
Rpv

H(t)
)

(A.2)

d

dt
(pao) =

1

Cao

(prv − pao
Rpv

H(t)− pao − pijs
RG

−Qao

)
(A.3)

d

dt
(Qao) =

1

Lao
(pao −QaoRao − psplit) (A.4)

d

dt
(plbab) =

1

Clbab

(psplit − plbab
Rda

−Qlbab

)
(A.5)

d

dt
(Qlbab) =

1

Llbab
(plbab −QlbabRlbab − plbvb) (A.6)

d

dt
(plbvb) =

1

Clbvb

(
Qlbab −

plbvb − pivc
Rlbvb

)
(A.7)

d

dt
(pcorab) =

1

Ccorab

(psplit − pcorab
Rcor

− pcorab − pcorvb
Rcorab

)
(A.8)

d

dt
(pcorvb) =

1

Ccorvb

(pcorab − pcorvb
Rcorab

− pcorvb − pra
Rcorvb(t)

)
(A.9)

d

dt
(psubab) =

1

Csob

(psplit − psubab
Rsub

−Qsubab

)
(A.10)

d

dt
(Qsubab) =

1

Lsob

(
psubab −QsubabRsob − psubvb

)
(A.11)

d

dt
(psubvb) =

1

Cdsb

(
Qsubab −

psubvb − psvc
Rdsb

)
(A.12)

d

dt
(pcarab) =

1

Ccob

(psplit − pcarab
Rcar

−Qcarab

)
(A.13)

33



d

dt
(Qcarab) =

1

Lcob

(
pcarab −QcarabRcob − pcarvb

)
(A.14)

d

dt
(pcarvb) =

1

Cdcb

(
Qcarab −

pcarvb − psvc
Rdcb

)
(A.15)

d

dt
(prlung) =

1

Crlung

(pcfd−rpa − prlung
Rrpa

−Qrlung

)
(A.16)

d

dt
(Qrlung) =

1

Lrlung

(
prlung −QrlungRrlung − prpvb

)
(A.17)

d

dt
(prpvb) =

1

Crpvb

(
Qrlung −

prpvb − pra
Rrpvb

)
(A.18)

d

dt
(pllung) =

1

Cllung

(pcfd−lpa − pllung
Rlpa

−Qllung

)
(A.19)

d

dt
(Qllung) =

1

Lllung

(
pllung −QllungRllung − plpvb

)
(A.20)

d

dt
(plpvb) =

1

Clpvb

(
Qllung −

plpvb − pra
Rlpvb

)
(A.21)

d

dt
(pcfd−rpa) =

1

Crpa

(ptcpc − pcfd−rpa
Rcfd−rpa

− pcfd−rpa − prlung
Rrpa

)
(A.22)

d

dt
(pcfd−lpa) =

1

Clpa

(ptcpc − pcfd−lpa
Rcfd−lpa

− pcfd−lpa − pllung
Rlpa

)
(A.23)

d

dt
(pivc) =

1

Civc

(plbvb − pivc
Rlbvb

−Qivc

)
(A.24)

d

dt
(Qivc) =

1

Livc

(
pivc −QivcRcfd−ivc − ptcpc

)
(A.25)

d

dt
(psvc) =

1

Csvc

(psubvb − psvc
Rdsb

− pcarvb − psvc
Rdcb

)
(A.26)

d

dt
(Qsvc) =

1

Lsvc

(
psvc −QsvcRcfd−svc − ptcpc

)
(A.27)
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d

dt
(pijs) =

1

CG

(ptcpc − pijs
RG

−Qijs

)
(A.28)

d

dt
(Qijs) =

1

LG

(
pijs −QijsRcfd−ijs − ptcpc

)
(A.29)

d

dt
(ptcpc) =

1

Ctcpc

(
Qijs +Qivc +Qsvc +

ptcpc − pcfd−lpa
Rcfd−lpa

+
ptcpc − pcfd−rpa

Rcfd−rpa

)
(A.30)

where Iin and psplit are defined as follows

Iin =
prpvb − pra
Rrpvb

+
plpvb − pra
Rlpvb

+
pcorvb − pra
Rcorvb

psplit =
Qao + plbab/Rda + psubab/Rsub + pcorab/Rcora + pcarab/Rcarotid

R−1da +R−1sub +R−1cora +R−1carotid

and once the circuit is opened up to be tightly-coupled with the 3D CFD, we replace the ODEs for

the following:

d

dt
(pcfd−rpa) =

1

Crpa

(
Qcfd−rpa −

pcfd−rpa − prlung
Rrpa

)
d

dt
(pcfd−lpa) =

1

Clpa

(
Qcfd−lpa −

pcfd−lpa − pllung
Rlpa

)
d

dt
(Qivc) =

1

Livc

(
pivc − pcfd−ivc

)
d

dt
(Qsvc) =

1

Lsvc

(
psvc − pcfd−svc

)
d

dt
(Qijs) =

1

Lijs

(
pijs − pcfd−ijs

)
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APPENDIX B: 3D CFD SCENES
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.1: Displacement and streamlines during early systole - anterior view
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.2: Displacement and streamlines during late systole - anterior view
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.3: Displacement and streamlines during early diastole - anterior view
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.4: Displacement and streamlines during late diastole - anterior view
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.5: Velocity vectors during early systole - anterior view
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.6: Velocity vectors during late systole - anterior view
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.7: Velocity vectors during early diastole - anterior view
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.8: Velocity vectors during late diastole - anterior view
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.9: Velocity vectors during early systole - superior view
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.10: Velocity vectors during late systole - superior view
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.11: Velocity vectors during early diastole - superior view
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.12: Velocity vectors during late diastole - superior view

48



(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.13: Velocity magnitudes during early systole - looking down the RPA
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.14: Velocity magnitudes during late systole - looking down the RPA
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.15: Velocity magnitudes during early diastole - looking down the RPA
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.16: Velocity magnitudes during late diastole - looking down the RPA
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.17: WSS during early systole
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.18: WSS during late systole
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.19: WSS during early diastole
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(a) Baseline (b) IJS on, Baseline PVR

(c) IJS on, -40% PVR (d) IJS on, -60% PVR

Figure B.20: WSS during late diastole
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