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SUMMARY

The left heart (LH) is a key player of the cardiovascular system. Diseases of and associated
with the left ventricle (LVJvalve complex account foa large share of cardiovascular
disease (CVDJelated deaths. As accurate and detailed interrogation of cardiac function
has been actively pursued clinically in recent years, computational modeling has emerged
as a viable approach to study the LH dynanmichealthy and diseased states. Yet, most of
the previous computational investigations have either solved the fluid or structural physics
alone, have been limited to idealized or 2D geometries, have adopted linear elastic material
models, have focused anshort time frame of the cardiac cycle, or have not incorporated
all LH structures. Pper LV-valve dynamics requira balanced interplay between the LV,

the left atrium (LA), the aortic valve (AV), the mitral valve (MV) and the blood flow. Thus,
blood-eaflet interaction, leaflet coaptation, and flow dynamics into, within and outward of
the LV are all critical parameters to investigae area where fluidtructure interaction

(FSI) computational modeling is required.

The main objective of this dissation is to model the FSI between the blood flow,
the heart valves and the cardiac wall during the entire cardiac cycle in order to improve our
understanding of the biomechanics of the LH complex under baseline, diseased and
repaired states. First, a nows| framework for modeling the 3D L-Valve dynamics will
be developed and validated. Aim 1 will involve tloeeation of physiologic and
pathological LH models that incorporate imadesed cardiac wall motion, anatomically
accurate valve geometries, arnrspic nonlinear hyperelastic constitutive models, and

human cardiac tissue material properties. Next, these holistic LH models will be used to

XXIV



better understand the biomechanical challenges facing transcatheter valve technologies that
cannot be fully evalated byfinite element(FE) orcomputational fluid dynamicéCFD)

models, or by in vitro studies or medical imaging alone. Thus, Aim 2 will investigate the
LH dynamics under various transcatheter MV repair (TMVR) and transcatheter AV
replacement (TAVR) mcedures. The findings from this study may unfold new
perspectives for an improved understanding of cardiovascular pathophysiology; device
host biomechanical interaction, inform treatment strategies, support better device design,

and ultimately support impved clinical outcomes.
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CHAPTER 1. INTRODUCTION

The LH is a key structure of the cardiovascular system and, when diseased, is associated
with a large share of CVIbelated death§l). After a few decades of research, the clear
anatomic, functional and hemodynamic interdependency of theal\we complexand the

use of various tools to analyze suclkemctions are well recognized and documexied
While impressive advances medical imaging techniques such as magnetic resonance
imaging (MRI) and echocardiography now allow the extraction of anatomical details, valve
and cardiac motion characteristics, and even-tieselved blood flow data, these imaging
modalities on their oware not a predictive tool, only provide an incomplete picture of the
LV -valve biomechanical environment, and do not yield detailed information on the loads
applied to the valves that arise from the coupled fluid and structure interaction of the
cardiactissues and the blood flo@8). In order to better understand the biomechanics of
the LH andsignificantly impact the diagnosis as well as the treatment of CVD, it is required
to supplement clinical observations with computer technologies that allow for a detailed
guantitative examination of the dynamics of the LH ungleysiologic pathologicand

repaired states.

Investigation of cardiac function using computational models is an active research
area that encompasses several numerical approaches, which can be broadly categorized
into structuralonly (FE), fluidonly (CFD), and FSI methods. LValve computational
studies have provided insights into normal cardiac dynaf@icd), the biomechanics
underlying LV and valvular diseas€s 6), and treatment interventioig, 8). However,

previous studies have been limited to idealized geometries, have adopted linear elastic



material models, have been focused only on a short time frame of the cardiac cycle, have
not included the complete LH paratus, and particularly, have either solved the fluid or
structural physics alon€E models, mostly developed to study valve function, assume the
hemodynamic pressure load is uniform over the surface of the valve, a factor which has
been previously shawto affect full dynamic/transient valve dynam{&. CFD models

on the other hand, yiettie nonuniform pressure field across the valve, yet do not account
for its deformation, which in turn regulates the complex blood flow patterns into, within
and outwards of the LV. FSI allows to accurately model the LH dynamics because the fluid
and strigtural domains are coupled together, and the corresponding dynamics are solved
simultaneously (changes in the structural domain affect the fluid domain and vice versa).
The pressure load applied to the valve is calculated from the coupling applied to both
domains, not from the boundary conditions applied to the model, and-isiiform. Thus,

FSI models can capture the 3D thtkependent intraventricular flow and the transient

deformation of the valyartissue.

FSI modeling of LH dynamics, however, is mad@llenging by the complexity of
the heart morphology, the large deformation experienced by the valve leaflets and the
cardiac wall, the nonlinear elastic behavior of the valvular tissue, and the pulsatile
hemodynamic loads during the cardiac cycle. Bigant progress is still required in the
modeling procedures before patispecific LH models can support professionals in
clinical decisioamaking and device design. Thus, the overall objective of the present
research was to develop and implement aale FSI framework that took into account
the coupled interactions between blood flow, the heart valves and the cardiac wall during

the entire cardiac cycle, such that LH dynamics in normal, diseased and repaired states can



be accurately modeled. In thisrdext, FSI simulations can provide highly controlled and
guantitative analyses of the distinct effects of various working conditions and implantable
devices on the coupled LH dynamics, and are thus advantageous-Bwar CFD
computational models, and cpfementary to imaging techniques and in vitro models
alone. This proposed research will greatly advance the state of theartiaicmodeling

and will lead to more powerful larggeale simulation tools for future managing heart valve

diseases of indivigals, such as patiespecific modeling for valve design and placement.



CHAPTER 2. BACKGROUND

2.1 Heart anatomy and physiology

The human heart is a muscular organ that generates the force necessary to circulate blood
through the entire body. The heart consists of four chambers: the left and right atria (LA
and RA), and the left and right ventricles (LV and RV). The right sideeoheart pumps

blood to the pulmonary circuit, while the left side pumps blood to the systemic circuit. Two
valves are located on each ventricle to guarantee the unidirectional blood flow through the
heart. The inlet valves are the tricuspid and the n{itNdland MV), while the outlet valves

are the pulmonary and the aortic (PV and AV). This study will focus on the left heart (LH),

which refers to the LV, LA, MV, AV and the LV outflow tract (LVOT).

As seen irFigurel, the events during a normal cardiac cycle can be divided into
seven phases. During atrial systole (1), the atria contract ejecting blood into the ventricles
resulting in a rise in ventriculgressure. At the onset of systole, which is typically 1/3 of
the cardiac cycle, ventricular isovolumic contraction (2) occurs with the closing of the inlet
or atrioventricular valves first followed by the outlet or semilunar valves. As the name
suggeststhe ventricular volume remains constant. In the rapid ejection phase (3), as soon
as the pressure in the LV exceeds the pressure in the aorta, the AV opens and blood flows
rapidly from the LV into the aorta. Following rapid ejection, the rate of outftomw fthe
ventricle decreases, and the ventricular and aortic pressures start to decrease in the reduced
ejection phase (4). At the end of systole, during the isovolumic relaxation phase (5), the
ventricular ejection decreases to zero. The ventricular peetals below the pressures in

the aorta and pulmonary artery, which causes the aortic and pulmonary valves to close



(beginning of diastolic phase). Once the ventricular pressure falls below the atrial pressure
the atrioventricular valves open and rapahtricular filling begins (6). During this period,

the flow of blood from the aorta to the peripheral arteries continues, and the aortic pressure
slowly decreases. This rapid ventricular filling phase is followed by the reduced ventricular
filling phase (7 in which a large portion of filling occurs. The timing of the events can be
seen inFigurel. The diagram show the pressure variations in the LA, L&/the aorta,

the LV volume change and the LVOT flow rate throughout one cardiac cycle. The opening

and closing events of the valves are indicated with a star.

The AV and MV are more susceptible to diseases and are subjected to a harsher

environment than thvalves in the right side of the heart, withstanding a pressure gradient

of about 80 mmHg and 120 mmHg during closure, respectively. The amount of blood
remaining in the LV when the AV closes is defined as thesgstblic volume (ESV),

while the volume bblood inside the LV when the MV closes is called the-diadtolic

volume (EDV). The total volume of blood ejected during systole is called the stroke volume
(Sv), and is defined as SV = EDV 1 ESV. 1In
lastsapproximately 270 ms (1/3) and diastole lasts about 430 ms (2/3), having a SV ~ 70

80 ml(9).
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Figure 1. Diagram showing the events occurring in the LH during one cardiac cycle
(10).



2.2 Left ventricular blood flow

The LV is not a simple positive displacement pump. The efficiency of such a pumping
function is dependent on the interactions between the blood flow, the motion of the cardiac
wall, and the proper mechanical function of the heart valves. During diab®leytflow

is primarily characterized by a strong compact jet that enters the chamber through the mitral
orifice. The jet has two distinct pulses: the edilling wave (E-wave) during ventricular
relaxation, followed by the Avave produced by the atriebntraction. The entering jet has

an almost irrotational core surrounded by a shear layer that rolls up and immediately
arranges into a compact ristpaped vortex structure that enters the LV. Moreover, the MV
acts as a flowdiverter, creating blood flowaiterns characterized mainly by an asymmetric
vortex. This asymmetric structure is considered to act as a reservoir that stores kinetic
energy as it redirects blood towards the lateral LV wall and initiates MV closure and pre
ejection filling of the LVOT n early systol€11, 12) (Figure2). The loss of this vortical
circulation has been associat®ith loss of energy, higher risk of thrombogenesis, and less

efficient overall work(13, 14).
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Figure 2. Blood flow patterns during a)diastole and b) systol€12).

2.3 The mitral apparatus

The MV, a key playein cardiac function, requires all of its components in order to work
properly: the mitral annulus (MA), the two mitral leaflets, the papillary muscles (PM) and
the chordae tendineae (abbreviated chordae); together they are called the mitral apparatus
(Figure 3a). The MA is a ring of fibrous tissue which surrounds and supports the mitral
orifice and anchors the two leaflets. The shape of the annulus approximates a hyperbolic
paraboloid, often described as a 3D saddle shape. Studies indicate that the saddfe shape
the annulus plays an important role in optimizing chordal force distrib(fiBnand
reducing leaflet stress€46). The MV and AV share a common fibrous boundary, as
shown inFigure 3b. The anterior MA is flanked by the right and left fibrous trigones
separated by a rigid span of fibrous tissue, the intertrigonal region. The anterior MA is

armatomically coupled to the aortic annulus. This confluence is usually referred to as



theaorticmitral curtainor intervalvular fibrosa(17). Normal physiological function of

either of these two valves involves the complementary functidmeodther.

The MV consists of two leaflets: the anterior (AML) and posterior (PML) mitral

leaflets. They are indented at two points and these indentations are known as commissures.

The AML is adjacent to the LVOT and occupies 1/3 of the annular circumé&enehereas

the PML occupies the rest. During valve closure, the leaflets will fold towards each other,
forming a closed seal called the coaptation zone. Most commonly, surgeons adopt the
suggestion of Carpenti€d8), who labeled the functional components of the valve in
alphanumeric fashion with the posterior scallops named P1 to P3, and opposing anterior
segments named Al to AFBiQure4). The anterior commissure is located where both
leaflets free edges join in the A1 and P1 area, while the posterior commissure is located

where both | eafletds free edges join in

t
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Figure 3. a) Mitral apparatus (adapted from (19)), b) the anterior MA is flanked by
the left (A) and right (B) fibrous trigones. The confluence of the MA (C) and the
aortic annulus (E) is called the aortiemitral curtain (adapted from (20)).

The subvalvular apparatus lies completely in thednd is composed by the PM
and the chordad-{gure3a). The PM are corghaped muscles extending upward from the
ventricular free wall and into the LV ¢igy. There are two PM: the anterolateral PM (APM)
and the posteromedial PM (PPM). The chordae are dik@dbrous structures that extend

from the tips of the PM and insert into the ventricular surface of the mitral leaflets. The
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chordae divide into lanches, with 182 major chordae trunks arising from the F24).

The main function of the subvalvular apparatus is to prevent the valve leaflets from being
everted inb the LA when the ventricle contracts. During systole, the PM contract to tighten
the chordae tendineae. The forces exerted by the leaflets on the chordae are transferred to

the PM, hence they have an essentialdoaaring role.

_.---Anterior leaflet ~-._

i
“Pasterior leaflet”

Figure 4. Labeling convention for the various regions of the mitral leaflets (adapted
from (22)).

2.4 Mitral regurgitation

MV disease is the most common valvular diséz®e Mitral regurgitation (MR) occurs

when the MV does not close completely during systole. The current prevalence of moderate
to sevee MR in the U.S. is estimated to be 2 to 2.5 mil{&h. Additionally, a significant
portion of the patient population that experiences MR is elderly: The AHA reports that of
all patients aged 75 and above, 9% present with some form ¢28IRCauses of MR are
divided into two different categories: primary (degenerative) and sego(fdactional).

Primary MR includes malformations or abnormal tissue properties of valve components.

11



Morphologic changes may include connective tissue deficiency or excess. Rupture or
elongation of one or more chordae is usually obse(28d Consequently, primary MR
almost always exhibits one or more locations of leaflet flail or prolapse into thEigur¢

5).

Healthy Primary MR

Figure 5. Normal, prolapsed and leaking MV (adapted from(27)).

Secondary MR, on the other hand, occurs when regurgitation is secondary to a
disease of the LV. Secondary MR is typically caused either by ischemia or other-disease
related dilation of the LV, and is associated with a doubling in mortality among patients
with mild or greater degrees of MR following a heart atté&®. In ischemic MR, LV
remodeling after myocardiaifarction results in PM displacement, causing systolic tenting
of the MV (Figure5). Global LV ejection fraction (LVEF) may or not be reduced; as
regional wall motion abnormalities with remodeling may result in sufficient MV tethering

to cause severe MR, despite preserved LE®. Symmetric or asymmetric leaflet

12



tethering may occur. Symmetric tethering isualy associated with global systolic
dysfunction with a central regurgitant jet. Asymmetric tethering most frequently results
from tethering of the PML which is associated with an akinetic or hypokinetic
posterolateral segment of the LV myocardium, résgltin a posteriorly directed
asymmetric regurgitant jet into the LE0). MA dilation typically occurs late in the
pathophysiology of secondary MR, and is often asymmetric with greater involvement of
the posterior MA (31). Significant MR eventually leads to volume overload and
enlargement of the LV, in order to accommodate both the SV and the regurgitant volume
with each heartbeat. There can dis@an enlargement of the atrial chamber and an increase

in the pressure. The increased atrial pressure can lead to pulmonary congestion and edema.
Over time, further LV enlargement may not adequately address these demands, leading to

reduced LVEF. If lefuntreated, moderate to severe MR can lead to heart fé2i6re

Tablel shows the quantitative parameters recommended by the American College
of Cardiology/American Heart Association (ACC/AHA) to evaluate MR and its severity
(2). Echocardiography with Doppler is currently the method of choice for the detection and
evaluation of the severity and etiology of valvular regurgita8@). 2D echocardiography
allows an evaluation of the lallar structure as well as the impact of the volume overload
on the cardiac chambers. Structural parameters including LA and LV size, MV leaflet and
support apparatus are examined through 2D echo and signs such as leaflet calcification,
tethering, flail notion or vegetation, enlarged LA or LV and ruptured PM can give indirect
clues as to the severity of regurgitation. Color flow Doppler provides three methods of
guantifying MR severity including regurgitation jet area, vena contracta and flow

convergenceroproximal isovelocity surface area (PISA). Continous wave Doppler signal

13



provides information on the velocity profile and density which is a qualitative index of MR
severity. Pulsed Doppler tracings at the mitral leaflet tips are commonly used to evaluate
LV diastolic function while Pulsed Doppler evaluation of pulmonary venous flow is a
useful adjunct to evaluating the hemodynamic consequences of3®)RWhile the
guantitative and qualitative information described above can be measured by both
transthoracic echoadiography (TTE) and transesophageal echocardiography (TEE), TEE
has higher resolution, multiplane capabilities, and proximity to the MV which makes vena

contracta imaging and PISA easier and more accurate.

Table 1. Classification of MR severity in adults from ACC/AHA guidelines (1).

Degree of MR | Regurgitant fraction | Regurgitant Orifice area
Mild < 20%
Moderate 207 40%
Moderate to sever 407 60%
Severe > 60% > 0.4cn?

2.5 Corrections for mitral regurgitation

Surgical MV repair or replacement is indicated in patients with severe MR and symptoms,
or LV dysfunction (LVEF < 60% or LV endystolic diameter > 40 mn{26). There are
different surgical repair options for the MV including, but not limited to: annuloplasty ring
implantation, edg¢o-edge repaj leaflet resection and naordae implant. An
annuloplasty ring is a prosthetic ring designed to restore normal MA shape and prevent
future dilation (33). A ring is typically sutured in combination with another repair
technique, as it reduces the tension on sutures used in leaflet and chordag38pairs

There are many different ring designs that vary in shape (flat vs. saddle), stiffness (rigid
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vs. semirigid vs. flexible), and length (closed vs. partial ring). Moreover, since the MA
size varies between patients, the rings come in multiple sizes. Thdoeeldge repair
technique, on the other hand, involves suturing the free margin of the ginglag flail
leaflet with the corresponding edge of the normal opposing leaflet. As s&gyune 6,
there are two types of repairs: doubl&ice sitch (central leaflet correction) and single
orifice stitch (paracommissural leaflet correcti@®¥). The norphysiological duabrifice
geometry of the central leaflet correction remains a concern in regards ttetong

durability, and is a topic dadctive investigation.

Double-orifice stitch Single orifice stitch

Figure 6. Edgeto edge MV repair (adapted from(35)).

There also exist several options for surgical MV replacement, although there is
some debate as to which method of treatment is sug86prYet, cardiac surgeons are
more likely to perform surgical MV replacement with the primary reason that many
physicians do not have the experience and specialized skills to consistently repair the MV
in complex MR case$37, 38). Additionally, many patient$ especially these elderly

patients previously mentionédpresent with significant comorbidities or LV dysfunction
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that is severe enough such that they are not referred for conventional surgitaéite

(39). It is therefore becoming increasingly relevant to develop minimally invasive repair
and replacement devicestteat MR. The approaches for transcatheter MV repair (TMVR)
are diverse and include indirect or direct annuloplasty, neochordae implantation and the
MitraClip device (Abbott Vascular, Santa Clara, CA), which mimics the surgicalteedge
edge technique. leurrent clinical practice, TMVR is mainly limited to the MitraClip
device, as other techniques are currently at the experimental enfireman stages. In

the U.S. and Europe, the MitraClip is approved for use in patients with primary and

functional MRwho have severe symptoms and are at high or prohibitive risk of surgery.

2.6 Transcatheter aortic valve replacement and concomitant mitral regurgitation

Aortic stenosis (AS) is the most prevalent valvular heart disease referred for treatment.
First reserved fo inoperable and patients at high surgical risk, transcatheter AV
replacement (TAVR) has been expanded to patients with symptomatic intermadate
low-risk (40), with the advantages of less trauma and shorter recoweey &ind thus it is
fundamentally changing the current paradigm of AV replacement. Since tha{msiman

implantation in 2002, there has been explosive growth in its use throughout the world.

Significant MR is common in patients with severe 3). In these cases, MV
repar or replacement is generally performed at the time of surgical aortic valve
replacement (SAVR§42, 43). However, concomitant MR in TAVR patients is typically
left untreated44). The hallmark TAVR PARTNER trial reported incidences of moderate
to severe MR of 19.8% and 22.2% in cohért(comparison of TAVR to surgical

replacement) and B (comparison of TAVR to standard therapy) patients, respectively. The
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persistence of moderate-severe MR following TAVR is therefore a relatively new and
important entity. The management of patientthweevere AS and concomitant MR is
challenging, mainly because the AV and MV share a common fibrous boundary and the
two valves function in a reciprocal interdependent fashion. Thus, MV function could be
altered after TAVR by displacing the aortigtral curtain Figure3b). Some studies have
shown that MR severity improved in about 50% of patients who received TAYRG6).

On the other hand, MR severity remained w@amged or even worsened in a significant
number of TAVR patient$47-52). Moreover, different degrees of MR improvement with

the use of the sexpandable Medtronic CoreValve system compared to the balloon
expandable Edwards SAPIENive have been suggestéth, 53). These confounding
results indicate a pressing need to develop engineering methods to improve our
understanding of the coupling TAVRR biomechanics and predict MR changes

following TAVR.

2.7 Bicuspid aortic valve disease

Bicuspid AV disease (BAV), a malformation of the AV in which only two leaflets form
instead of the normal three, is the most common congenital cardiac anomaly, occurring in
0.5%to 2% of the general populatigb4). In the U.S. alone, approximately 4 million
people are afflicted with BAV55). BAV is characterized by a marked phenotypic
heterogeneity of valve morphology. It is not simply the fusion of 2 leaflets, mdra
complex process involving the leaflets, sinuses, commissures, and position of the coronary
orificeg56). The fusion of two leaflets forms a ridge, called a raphe, the presence and
position of which contributes to the variability of morphology. Several classifications of

BAV morphology exist. As seemiFigure 7, Sievers and Schmidtk@&6) proposed a
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system based on 3 characteristics: the number of raphes, the spatial position of the leaflets
or raphes, and the functional status of the valve. Briefly, type 0 was assigned to
morphologies characterized by the presence of two symmetric leaflets and 1 commissure
without evidence of a raphe. Type 1 was assigned to valve morphologies with one raphe,

and type 2 when two raphes were present.

BAV is recognized as a risk factor undenlgi many significant clinical
consequences including: valvular calcification and stenosis, regurgitation, infective
endocarditis, aortic dilation, and dissect{dd). Most prominently, BAV patients account
for nearly 50% of all AS case7). Despite the extensive experience with TAVR
technology, BAV stenosis has been considered a relative contraindication for TAVR due
to the numerous technical challenges related to bicuspid anatomy, including extreme and
asymmetric calcification, heterogeneity of leaflet morphology, the presenceeoisalyl
calcified raphe, and aortopathy. The asymmetrical and heavy calcification of the BAV
leaflets may prevent uniform or adequate expansion of the valve frame and affect valve
hemodynamics and loAgrm durability, leading to higher transvalvular gratseand
paravalvular leak (PVL). The risk of aortic dissection or rupture during TAVR is
theoretically increased in the presence of aortic disease. BAV stenosis has therefore been
an exclusion criterion in the randomized clinical trials of TAVR. Indeesl Itbtructions
for Use issued by the FDA for TAVR specify that the safety and effectiveness of TAVR in
bicuspid AS is not yet established. Despite these concerns, BAV stenosis is increasingly
being treated wiabehu sTeAV R awnrddhdanmeetdlmededifa tha f u

understanding of the biomechanics involved in TAMRBAYV.
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Figure 7. BAV classification. Dotted line shows the raphe position (adapted from

(58)).

2.8 Left ventricle-valve computational modeling

Blood flow-leaflet interaction, leaflet coaptation, and flow dynamics into, within and
outward of the LV are critical parameters to investigate in the study of LH dynamics. Yet,
few modeling studies have integrated either the AV or the MV with the LV intogéesin
model(59-61), particularly with FS[62, 63). Reasons fcthis include: 1) the complex LV

valve geometries, especially the connection between the mitral subvalvular apparatus and
the LV, and the aortimitral curtain, 2) the strong coupling between the large deformation

of the nonlinear elastic structure of tleaflets and the blood flow, 3) challenges when
modeling complete valve closure, where the flow domain is separated into two
unconnected regions, 4) difficult choices of boundary conditions, 5) limited human tissue

material properties, and 6) large congiittnal resources required by these simulations.

From the few L\Walve FSI models that have been developed, the earliest is

credited to Peskin and Mc Q(466) nsingthemlassicale er i n (
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immersed boundary (IB) approadé7). Using this same method,irY et al. (68)
investigated fluid vortices associated with the LV motion as a prescribed moving boundary.
Chandran and Kin@8) also reprted the MV dynamics in a simplified LV chamber model
during diastolic filling using an immersed interfddee approach. Recently, Gao et(#&9)
presented an integrated EMV model using an IB-E approach with myocardial active
contraction. Some of the key limitations of these coupled models were the idealized
representation of the LV and the mitral apparatuml the complete omission of the AV

geometry, which can add uncertainties in the simulation results.

2.8.1 Mitral valve computational modieng

Computational models of the MV have been developed for several decades, starting from
the simplified 2D approximatn to 3D models, and to mufphysics/scale mode(§0, 70-

75). Most of the previous studies were based on struetunigl and quasstatic analyses
applicable to a closed valy8). However, complete MYunction during the cardiac cycle
cannot be fully assessed without modeling the FSI between the valve, the proximal cardiac
wall and the blood flow6, 76). From the MV studies that have included the LV but not
FSI, Wenk et al(59) developed a FE model using MRI images from a sheep with moderate
MR after myocardial infarction. This model waselatextended to study MV stress
distributions using a saddle shaped and asymmetric mitral annuloplasfyfing more
complete wholhear t model was | ater developed in
project(78) to simulate MR caused by infarction of the posterior PM. The model included
four ventricular chambers, cardiac valves, electrophysiologydatailed myofibre and
collagen architecture. Using the same model, the effects of different annuloplasty rings

were studied by Rausch et @9). However, these investigations did not account for FSI.
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Because of the compleinteractions between the MV leaflets, the -suitral
apparatus, the cardiac wall, and the associated blood flow, most MV FSI studies to date
have been carried out without the integration of the LV. Kunzelman, Einstein and co
workers first simulated norrhand pathological MV function by positioning the valve into
a straight tub€80-82). Using a similar modeling approach, Lau et(3).compared MV
dynamics with and without FSI, finding that valve closure configuratiffierdd when
using the FSI model. Over the last few years, a number of FSI models using the IB method
have studied the flow across the M83-85). In a series of studies, Toma et (&6-88)
developed a SPHHased FSI MV model based on an in vitro experimental system to study
the function of the chordae structure under normal and ruptured states. However, none of
the aforementioned FSI models accounted for the MV interaction with the LVieomp
Indeed, Lau et a(3) found that even with a fixed-shaped ventricle, the flow paths are
substantially different from those estimated using a tubular geometry. Despite the
advancements in computational modeling techniques when modeling isolatég K8y
or LV dynamics(89-91), it has remained a challenge to develop an integratedalxé
FSI mocling framework that can handle the complex valve geometry, large leaflet

deformation, and nonlinear and anisotropic material of the tissue.

2.8.2 Mitral valve repair computational motiang

In relation to computational modeling of MV repair procedures, to the best of our
knowledge, the only LWalve FSI model developed to study MV repair (etlgedge
technique) had important simplifications regarding the geometry and the dynamics of the
bourdaries, including a rigid t$haped LV geometry and the complete omission of the AV

(92). On the other hand, several MV repair techniques have been simulated using FE
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analysis in order to better understand the biomechanics of the valve in such states. The first
FE analysis of the edge-edge intervention was by Votta et @3), where the effects of
varying the suture length in MV models with different levels of annular dilation were
studied. It was found that the principal stresses at systole did not differ significantly
between thgre- and postrepaired models. However, during diastole the stresses in the
repaired MV model were found to be similar in magnitude to the diseased model in systole.
The combined effects of lateral suture positioning, length of the suture and severity of
annular dilation have also been examined. Dal Pan @4lcreated a MV model with the
leaflets in a sericlosed configuration, with the free margin of the leaflet constrained
simulating the effect of a suture. Suture position ranged from the center, forming two
orifices, to adjacent to a commissure, forming onéice. The different annulus sizes
varied from larger than normal, as in a diseased state, to a contracted annulus, as if an
annuloplasty ring had been implanted. The MV model by Avanzini @3lused a similar

initial configuration as the study by Dal Pan and colleagues, but suture positions included
central, commissural and haifay. More recently, Mansi et a(96) developed an
integrated FE framework for edge-edge simulatioron 25 patienspecific anatomical
models. Comparisons between the simulated closed valve and 3D TEE images showed
encouraging results. These studies provided useful analyses for technique improvement
and optimization, and paved the way to quantitative agstematic evaluation of

computational models of MV repair.

As MV prolapse following rupture of the chordae is a major cause of MR, artificial
chordae implantation by ePTFE sutures has become an established conservative surgical

technique to treat this skase. Kunzelman and colleag(#5 98) were the first to study
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the effect of chordae rupture and their replacement (vangtn number, size, and length)

on MV function. FE results showed that in the diseased state, the principal stresses in the
mitral leaflets are comparable to the normal state. Although replacement of the chordae
with stiffer neechordae restores the matye of the principal stress to the normal state,
stress concentrations are induced at the location of the chordae due to a mismatch in
stiffness. These localized peaks, however, can be minimized by increasing the number of

artificial chordae.

More receny, by developing a MV model using 3D TEE data in a patient with
posterior chordae rupture, Kim and colleag(@3-101) studied the effect of chordae
replacement on restoring MV function. Large stresses were found in the neighboring intact
posterior | eapet tissue and chordae of the
stresses were markedly reducetlew chordae replacement was performed. Similarly,

Sturla et al(102 103 created a MV FE model to investigate therb@éhanical effect of

five different neechordae implantation techniques for the repair of isolated posterior mitral

leaflet prolapse. Four patieapecific MV models were created based on cardiac MRI and
integrated with intraoperative surgical details &sess the location and extent of the

prol apsing region. Leapet geometry, coapt a
ePTFE sutures and regions of the posteria
Simulation results demonstrated that all repairesy corrected MR by restoring leaflet
coaptation, and redistributed stress acro
relieving excessive mechanical stress on tl
necchordae resulted in the greatest séilbution of stress across the repaired area of

posterior |l eapet . |t was determined that s
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forces and leaflet stresses, which may be key parameters in determining tternong

outcome of the MV repair.

Although many different types of MV annuloplasty rings are commercially
available, most clinical experts agree that proper ring selection and sizing present
substantial challenges, and if performed incorreictban lead to a suboptimal clinical
outcome. Early sidies by Kunzelman et gl104) developed FE models of the nmal and
dilated MV to simulate the effects of flexible and rigid annuloplasty rings. Although it was
found that both rings i mproved | eaflet coa
and chordal stresses. Subsequently, Maisano (@0&).showed that the dog barshaped
ring with selective reduction in the septolateral dimension is more effective than a standard
D-shaped ring for treating leaflet tethering in functioMR. Votta et al.(106) also
reported a comparative study between the commercial Physio and the Geoform
annuloplasty rings. However, these studies were conducted on a generalized MV model
and excluded or simplified the LV geometry. Recent advanees made, for example, by
Wong et al(77), who used a MRbased ovine MMV model to invespate the effects of
saddleshaped vs. asymmetric annuloplasty rings. It found that all rings were capable of

restoring normal valvular geometry and eliminating MR when properly implanted.

By using 3D echo images, Xu et §.07) reconstructed MV models to examine
how leaflet coaptation area, noncoapted leaflet area, and interleaflet coefficient of friction
affect leaflet and chordal stress distribution. The results indicated that MV repair
techniques that increase or preserve noncoapted leaflet area might decrease stresses, and
thereby enhance repair durability. Morrel et(&D8) also developed human MV models,

and investigated on leaflet coaptation as well as on valvular, annular and suture stress
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distributions for three different ring shapes. It was shown that all rirqgeaged leaflet
coaptation and reduced stress across the MV leaflets, however,-shdpésl prostheses
were the most effective, as were smaller sizes across all ring shapes. Stevandliid)et al.
created a patientspecific MV model using cardiac MRI, while Choi et al. (29 used

3D TEE. In both FE studies, restoration of leaflet coaptation was achieved. In general, the
ring itself is not physically modeled, but approximated by fitting the mitral annulus to the
shape of the ring. Measurements of the effectiveness of the ring implantation include:
overall postring-implantation MV morphology, length of leaflet coaptation, regargit

area, and stress distribution across the mitral leaflets.

2.8.3 Transcatheter aortic valve replacement computational nhiogel

In the last decade, computational models have been increasingly and extensively used for
the simulation of TAVR. Capelli et 8110 and Wang et a111) were among the first
groups to perform patierspecific FE analyses of TAV deployment. These analyses
showed that patiergtpecific geometries induce asymmetric stress distributions on the
device and tissue, and impact a particuldrepds risk of PVL, coronary occlusion, and
rupture(112). Auricchio et al(113), Gunning et al(114), and Morganti et al113 have

since shown that TAV leaflets may become distorted when the device is deployed within
a realistic rather than an idealized and circular aortic root geometry. Thus,-ppgerffiic
analyses are important for predicting device function in addition to désze
interactions. Device positioning to align the TAV commissures with the native AV
commissures may also be important for reducing TAV leaflet stresses and corgequent
achieving a durable resu(il14). More sophisticated FE models which included the

calcification along with the aortic root and valve leaflets have demonstrated that the extent
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and location of calcium deposits significantly affect the stent expansion process and a
patients risk of aortic root rupture during deployméhi2 115117). Sturla et al(118)
investigated the impact of different calcificatioritpens on TAVR outcome. High stresses

acting on calcium deposits may be a risk factor for embolization of calcific material.

More recent FE models have been applied to-gemeration TAVR devices with
improvements on the modeling accuracy, including pee8i3 geometry of TAV through
micro CT scanning@l119, 120), crimping(121, 122), delivery apparatugl23), comparison
against posprocedural clinical dat§l24, 125, and populatiorspecific respons€l24
126). Bosi et al.(124) studied TAVR with the SAPIEN XT in 14 patients. Implantation
site material parameters were adasand optimized using an experimental approach.
Bailey et al.(123) simulated SAPIEN XT deployment into a patispiecific aortic root
model with different orientations. It was found that the preferred orientation of the TAV
leaflets is the one aligned with the native AV leaflets. Hopf e{1&6) quantified the
contact forces between the implanted Nitinol stent and the host for 46 patients with the
Medtronic CoreValve. Comp@on of systolic and diastolic data revealed slightly higher
contact forces during diastole. By analyzing clinical outcomes, an increase in mean force
was associated with higher incidents of PVL and the need for a permanent pacemaker.
Bianchi et al.(127) evaluated the effect of various TAV deployment locations on
procedural outcome by assessing the risk for valve migration. Proximal deployment led to
lower contact area, which poses an increased risk for valgeation. It was also
demonstrated by Bailey et dl.22) that including the TAV leaflets in the simulation has
only a marginal impact on the results. Regarding TAVR CFD simulations, PVL was

numerically evaluated under steagshate(128) and transien{129-132) conditions. Flow
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patterns variations in the aortic reatluced by TAVR(133) and the relation between

valve thrombosis and reduced leaflet motion has also been investitafed

In the first TAVR FSI studies, only the coupling between blood and the aorta, or
blood and the AV was considered. In the first study, TAV design was evaluated, neglecting
the native valve leaflets and calcificatigh35. On the second study, a comparison
between FE and FSI results on an idealized Tw&6 performed, confirming a more
realistic representation of the valve when applying the FSI méil&@l TAVR was also
compared to the conventional surgical AV replacement in terms of leaflet stresses and
thrombogenic profilg137). Up to now, only two FSI investigations have modeled the
complete TAVR procedurél38 139. In both studies, the deployment of the complete
device, frame, leaflets, and skirt was performed. However, the pagienific domain was
simplified by considering the aorta as adigiart or with a linear elastic material law. In
both cases, the native AV and calcification were neglected, and the boundary conditions
applied to the fluid domain were not patiapiecific. Although a significant portion of AS
patients referred for TAVRave concomitant MR, the biomechanical effects of TAVR on
aorticmitral coupling and MR severity are largely unknown. To the best of our knowledge,
there is no computational (or experimental) study that has investigated the impact of TAVR
on MR. Thus, devepment and application of the LLValve FSI modeling framework to
investigate the effect of TAVR deployment on MR severity as proposed in this study would

represent a significant advancement in the field.
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CHAPTER 3. OBJECTIVE AND SPECIFIC AIMS

CVD are the leadinglgbal cause of death, accounting for >17.9 million or 31% of all
deaths per yedf). As a key structure of the cardiovascular system, the LH constitutes one
of the most imprtant and challenging domains to study, due to its significance in the
initiation and propagation of numerous C\VD). In particular, the balanced interplay
between the LVL.A, MV, AV and the blood flow plays a fundamental role in the structural
and functional integrity of the heart. In the U.S. alone, the prevalence of mettesatesre

ASin patients O75 years old is 2.8%,.3%while
(140. When the functioning of a heart valve is sufficiently impaired, surgical or
transcatheter valve repair/replacement is required. As valve diseases remain a major
medical problem due to their close link todiac dysfunction leading to morbidity and
premature mortality140), an improved understanding of physiological and pathological

LV -valve biomechanics is critical to unfold new perspectives on LH function, as well as
for the evaluation, selection and optimization of rgeteration transcatheter technologies

aimed at restoring baseline kxélve functioning.

Investigation of patierspecific cardiac dynamics using computational models is
an active research field that Hel promise for the improved understanding of cardiac
function in healthy and diseased states. A comprehensive computational assessment of LV
valve dynamics, however, is challenging and requires a FSI modeling approach in order to
capture the complex coupli between the large deformation experienced by the heart
valves and the cardiac wall, the anisotropic nonlinear elastic behavior of the valvular tissue,

the pulsatile hemodynamic loads throughout the cardiac cycle, and the laregibjéat
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variability in the cardiac anatomy. A number of computational studies have seek to shed
some light on the LWalve biomechanic§2, 4, 8, 76), yet, most of these studies have
either solved the fluid or structural physics alone, have been limited to idealized or 2D
geometries, have adopted linear elastic material models, have focused on a short period of
the cardiac cycle, or have not included the complete LH complex. With tiedkenges

in mind,the main objectivef this dissertation is to model the FSI between the heart valves,

the blood flow, and the cardiac wall during the entire cardiac cycle in order to improve our
understanding of the LH dynamics under healthy, diseased and repaired states. This will

be acheved through the following specific aims:

Specific Aim 1: Develop a novel FSI computational framework for modeling LWalve
dynamics. A FSI framework that combines smoothed particle hydrodynamics (SPH) and
nonlinear FE method will be developed to descitileecoupled bulk blood flow phenomena
and the heart valves structural response of the LH complex throughout the cardiac cycle.
This aim will involve the development of healthy and pathologicaiai¥e models that
incorporate imagetiased cardiac wall mioh, anatomically accurate valve geometries,
nonlinear hyperelastic constitutive models, and huaggand gendematched material
properties.The LH models will be validated against in vivo phase contrast magnetic
resonance (PCMR) imaging and echocardipyy data, as well as to a traditional CFD
numerical method. The validated LH FSI models will be used in Aim 2 to better understand
the biomechanical challenges facing minimatyasive AV replacement and MV repair
procedures that cannot be fully evakéby structurabnly or fluid-only computational

models, or by in vitro studies or medical imaging alone.
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Specific Aim 2: Investigate the L\Avalve dynamics under transcatheter MV repair
(TMVR) and transcatheter AV replacement (TAVR) procedures.As TAVR is now the
standarebf-care treatment for inoperable patients and the preferred treatment option for
high-, intermediate and lowrisk patients with severe AS, there is a pressing need to
improve our understanding of TARost interactions in more challengiscenarios, such

as in patients with concomitant significant MR and BAV stenosis. Moreover, encouraged
by the success of TAVR, cardiology is shifting focus toward the next major frontier in
structural heart intervention: TMVR. This aim will: 1) Investig#ite biomechanical effect

of various TMVR technologies such as neochordae implantation, MitraCliptedmgkge
repair, and annuloplasty ring implantation on restoring baseline LH dynamics, and 2)
Evaluate the biomechanical impact of TAVR on MR severitprd/ispecifically, we will
examine the effect of TAV type and implantation height on aonitcal coupling, and the
potential to improve or worsen MR severity immediately after TAVR. Altogether, a
guantitative mechanistic evaluation of d\lve dynamics irthe setting of MR and AV
stenosis is not only expected to unfold new perspectives for the improved understanding
of cardiac pathophysiology, but may eventually inform the therapeutic dearsikimg
process and provide insight into patispecific surgial planning and better device design,

ultimately supporting improved clinical outcomes.
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CHAPTER 4. SPECIFIC AIM 1A T PART 1, PHYSIOLOGIC LV

BLOOD DYNAMICS

4.1 Introduction

Investigation of cardiac flow using CFD is an active research area that encompasses several
numeical approaches, which can be broadly categorized into -tvestd methods and
meshfree methods. Most numerical LV studiesdate are based on melshsed methods

such as the arbitrary Lagrangi&ulerian (ALE) approacfiL41l) or the IB method64). In

general, complex geometries, boundaries with large deformations, and moving interfaces

involved in the study of LV blood flow remain a major challenge for niesed methods

(142).

To overcome these limitations, a new generation of numerical methods called
meshfree methods have been developed and adapted in recent yeardrédasiethods
are based on a Lagrangian approach instead of the Eulerian approach, therefore the
continuum mdium, such as blood, is discretized as a set of particles distributed over the
solution domain without the need of a spatial m@sty). In particular, the SPH method,
created originally to simulate compressible flows in astrophy$#4, is a versatile fully
Lagrangian approach that has been applied aextysto study a variety of physical

phenomen#l45-149).

While SPH or other mestiee methods have been successfully used for blood flow
simulations before, the majority of these studies have focused on vascular hemodynamics

(150-152), which are far simpler than that of the heart. To date, a imienber of studies

31



have used SPH to study cardiac blood f[@@, 153-155). Shahriari et al(156) presented

the first work demonstrating the capability of SPH to simulate the intraventricular blood
flow in a simplified LV model. In this study, the SPH code and methodology were validated
against two benchmark cases, and then combined to simuls#ilpuflow in a rigid LV
model. Although this study clearly demonstrated the ability of SPH to simulate the LV
flow dynamics, the main limitations associated with this study were the assumption of a

2D geometry and a rigid LV model.

Although SPH is a ralively new tool in the study of cardiac flow, this method is
attractive for simulating the FSI phenomenon involved in the LV blood flow. Due to its
capability to handle complex geometric motion, SPH is particularly useful to model the
complex L\-valve dynamics that involves nonlinear large deformations during the entire
cardiac cycle with flow fragmentation during valve closure. However, there are some
inherent limitations associated with SPH. For example, modeling of wall boundary
conditions is noftrivial for SPH, requiring some special treatments such as placement of
fixed ghost particles outside the computational domgif7, 158). Additionally,
turbulence modeling has not been well developed in SPH and is currently an area of great
interest(159, 160). These limitations are likely to affect the flow solution in the boundary
layers and limit the study of the smatiale flow features seen in the intraventricular blood
flow. Recently, SPH has beemplemented in Abaqus (SIMULIA, Providence, RI), a
widely used commercial nonlinear FE solver. In our recent gtL6fy using AbaquéSPH
coupled with nonlinear hyperelastic FE valve models, we compareeFSiPehd FEonly
simulations of a bioprosthetic valve. It was found that $f3Hwas able to generate more

realisticleaflet spatial and temporal dynamics, as well as stress and strain fields.
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The ultimate goal of this dissertation is to develop a comprehensiveFER¥5I
framework to model subjecand patienspecific LH dynamics throughout the cardiac
cycle. As a fist towards this goal, Specific Aim 1aPart 1 will investigate the capability
of the SPH flow solver to model the largeale blood flow dynamics in two realistic human
LV models (LV-SPH), since the bulk flow ultimately drives the deformation of thethear
valves. Part 1 will also involve the validation of the-SPH flow results with a traditional
finite volumebased CFD method (L/CFD), and to in vivo subjeapecific hemodynamic
data, specifically PCMR (LMMRI) and echo data, in terms of clinically sificant large
scale blood flow measurements. Results will be analyzed to identify and discuss the key
challenges, limitations, and practical implications when using SPH to study the 3D LV

bulk flow.

In Part 2 of Specific Aim 1la, we will testthe SFHEFS met hodds capab
model the coupled valves structural response and the intraventricular hemodynamics in a
subjectspecific LV-valve model (LVVFSI). LV-FSI flow and structural results will be
validated against subjespecific echo data and MSCT inesj clinical observations, and
in vivo and in vitro studies of healthy LValve dynamics. Successful completion of
Specific Aim l1a will yield a novel FSI framework for the study of healthy LH dynamics,
which will serve as a basis for the investigation afhplogical and pogtrocedural LH

dynamics in Specific Aim 1b and Specific Aim 2, respectively.

4.2 Materials and Methods

One healthy human volunteer with no underlying cardiac diseases and eape@Etve

TAVR patient with normal LV function were selectit Specific Aim 1i Part 1, herein
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denoted as Subject 1 and Subject 2, respectively. Institutional Review Board (IRB)
approval was obtained for this studiigure 8 shows the schematic of our study design.
3D LV geometries and wall motion were obtained from medical images. In silicBRY

and LV-CFD models were then developed for each subject, and simulation results were

compared to clinical in vivo hemodynamic datderms of bulk blood flow features.

Subject 1: Healthy Subject 2: Pre-TAVR patient
volunteer with normal LV function
Extract LV geometry Extract LV geometry
and wall motion from and wall motion from
Cine-MR MSCT
In vivo data: 4D PCMR In vivo data: Doppler
(LV-MRI model) | LV-SPH model ‘ | LV-CFD model ‘ echocardiography

L J
[

‘ Intra-subject comparison ‘

Figure 8. Schematic of Specific Aiml1a Part 1.

4.2.1 Patient information

4.2.1.1 Subject 1

Cine magnetic resonance (GiNR) imaging was performed in a 3/farold healthy male
volunteer on a 3T scann€dMagnetom TRIO, Siemens Medical Systems, Erlangen,
Germany) using a siglement body array coil. Retrospectively EQ&ted, short axis
images covering the entire LV, proximal LA and aortic root were acquired using a balanced
steadystate free precessi¢gBSFP) cine sequence, as showRigure9a. An acceleration

factor of 2 was used using the GRAPPA technique. The SSFP cine images were acquired
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with anin-plane resolution of 1.3 x 1.3 mm, a slice thickness of 4.8 mm, and 19 phases. 23
shortaxis slices were acquired to cover the entire volume of interest. Slices were acquired
during and engkxpiration breatthold to minimize alignment errors caused bgrmges in

breathhold position.

4.2.1.2 Subject 2

From our full phase MSCT database from patients at Hartford Hospital (Hartford, CT), a
72-yearold female preTAVR patient with normal LV function was selected for this thesis.
The MSCT examination was performed anGE LightSpeed 64hannel volume CT
scanner. A total of 2540 slices of images with aplane resolution of 0.82 x 0.82 mm
and a slice thickness of 0.625 mm were collected for the whole cardiac [Eigtiee©c).

A collimation of 25 30 x 0.625 mm and a rotation time of 375 ms were used, resulting in

10 phases through the cardiac cycle.

4.2.2 In vivo hemodynamic data

Following acquisition of cindMIR images, IV flow was acquired for Subject 1 using a 4D
phasecontrast MR sequence (4D PCMR) with the same orientation and anatomical
position as the cine images. The 4D PCMR sequence provides time resolved 3D data,
where each frame in time and space has 3D velogityponents. The 4D PCMR sequence

was an ECQjated, gradient echo sequence with a slice thickness of 4 mm-atahe
resolution 1.8 x 1.8 mm. Other imaging parameters were as follows: repetition time (TR)
51.2 ms, echo time (TE) 3.475 ms, flip angle 1&locity encoding 150 cm/s. The volume

of interest was resolved into 28 slices, and 17 phases were acquired through the cardiac

cycle. 4D PCMR imaging provided four sets of images per-puoiget, i.e., magnitude
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image and flowvelocity encoded images at,xy-, z-directions. Figure 9b shows a
representative PCMR phase image with the velocity encoded along the vertical axis of the
slice. PCMR data was processed using ahomnse Matlab code (The Mathworks, Inc.,

Natick, MA) following the approach in Uribet al.(161).

4D PCMR magnitude images had relatively low spatial resolution and therefore
were only used for manual registration and localization of imaging planes between the
cineMR and he PCMR anatomical data. Getting clear flow data during the entire cardiac
cycle was challenging due to various factors, such as artifact generation due to respiratory
motion, high temporaspatial averaging, and limited sigftatnoise ratio (SNR)162).
Hence, the results obtained from PCMR are only used in this disseftatimjualitative

comparison.

For Subject2, preoperative transthoracic echocardiogram Doppler examination
with complete 2D, MMode, and Doppler data was obtained from Hartford Hospital
(Hartford, CT). From this data, the pulsedved Doppler velocity recording at the LVOT

plane seen ifrigure9d was digitized and compared to the numerical results.
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Figure 9. a) Cine images of the LV for Subject 1, b) PCMR velocitymage of the LV
for Subject 1, ¢) MSCT images of the LV for Subject 2, and d) Doppler echo velocity
recordings at LVOT plane for Subject 2.

4.2.3 Model reconstruction

Cine-MR and MSCT images were imported into Am#saizo (Thermo Fisher Scientific,

MA) and 3D Sicer (www.slicer.org) software for image segmentation, while HyperMesh
(Altair Engineering, Inc., M) software was used for mesh generation. The reconstructed
geometries captured the LV internal structure and motion in detail, including the MA and
proximd LA dynamics during the entire cardiac cydigurel0a,b shows the successfully
reconstructed subjespecific LV models at endiastole and endystde for Subjects 1

and 2, respectively. Although the AV and MV were not included in this first part of Specific
Aim 1, we approximated valve function numerically by changing the boundary conditions

for the corresponding systolic and diastolic phgd€8), and geometrically by image
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based anatomicaHgiriven dynamic annular structures. The reference planes and lines

where the velocity measurements will be analyzed are indicatédune10c.

Subject 1 Subject 2

Figure 10. LV models at enddiastole and endsystole for a) Subject 1, b) Subject 2,
and c) reference planes and lines. A and P represent anterior and posterior
directions. H and V represent the horizontal and vertical lines, with the blackircles
indicating the origin of the lines.

4.2.4 Numerical methods

42.4.1 SPH

SPH is a fully Lagrangian particle solver where the particle connectivity evolves with time
and needs to be determined by a particle seahlustrated by a 2D example Figure

11, each SPH particle has its own physical properigahich are interpolated by a kernel
function, W, using the properties of its neighboring particlBgis concept is interpreted

numerically using a summation
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o a —o 1 TTRQ 1)
whered6 denotes any physical property at part
(l'imted by the influence | engtl.h marotfi dlhee

has mas# , position™l , and density . In this work, a cubic spline kernelrfation W
was adopted. Using this equation and its derivatives, the governing equations of fluid flow
can be rewritten under the form of SPH formulation. The time derivative form of the
conservation of mass gives

'E\n

Heren w is the gradient of the kernel function regarding the coordinates of given
particloe ®abo daenmot es the relative velocity
and 06bbd. Similarl vy, tunderthe &PHssehemeaanibewrittea f mo
as

Ao 0 U

_— A 5 _— n. ) 0 —“I )
5 a — W a T D w (©))

whereD is pressure andl is the dynamic viscosity of the fluidthe movement of the

particles is governed by

— O 4
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In Abaqus, the pressure is related to the densittheyMie Griineisen equation of state

(164). In this work, the lineaty ™Y Hugoniot form is used, given by

3" 0 (5)

wheres is a material constané) is the artificial speed of sound, p ” T is the
nominal volumetriccompressive strairi, is the current density, ar@ is internal energy
per unit massA detailed description of SPH fundamentals can be found in Monaghan

al. (144) and Morriset al.(146).

In this thesis, blood was assume@asncompressible, isothermal, Newtonian fluid

with a reference density 8f p T U@Th and a dynamic viscosity 6f T8t 1T c0LAD

Q For the blood flow in the heart and large arteries, the speed of sound is high compared

to the bulk velocity of the bbd, therefore an artificial sound speedof p T b ¥Owas

employed to avoid very small computational time steps while keeping density fluctuations

within a small range to maintain incompressible flow behavior. Other material parameters

were chosen as= 0 and3 0. The stable time increment was betweelf 46d 10’ s.

This small timestep size ensured numerical stability and temporal accuracy.

SPH particles were initially uniformly distributed in the domain with a spatial

resolution of 0.8 mm. This led to approximately 594,000 PC3D elements in the domain for

the LV-SPH model of Subject 1, and 497,400 PC3D elements for Subject 2. The mesh

sensitvity of SPH particles was checked previou€l$5), thus a similaparticle density

was adopted here. Two cardiac cycles were conducted and the results from the second cycle
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were analyzed. It was found that the difference in the velocity results between the first and

second cycle was within 5%.

[+} (4] [+} [+}
(4} (4] [+ (4}
[+} (4] (+} [+}
(<} (4] (4} (4}

Figure1l. 2D il lustration of the basic princip
determined by properties of its neighbor
interpolating kernel function (W) which is a function of the smoothinglength, h, and
thedi st ance between particle 6ad and it :
4.2.4.2 CED

The NavierStokes equations for 3D unsteady flow with moving walls are solved using the
finite volumebased CFD solver St&iCM+ (CD-adapco, Melville, NY). For a contro
volume w with surface’Ymoving with local surface velocity , the integral form of the

continuity equation is

'|'T_(‘) " A "® ® OpAY T (6)

wheresbis the outward unit normal vector to the differential ak&4” is the density of

the fluid, ® 6h) is the velocity vector of the fluid in the fixed coordinate system,
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and® 6 I s the velocity vector of the moving bounddiof control volume.

The momentum equation in integral form is given by

o " @A "p® ® JIDAY O=pA 3 WODA 3 7

wherel is the pressure andfs the viscous stress tensor. In the above equation, the body

forces are ignored. For an incompressible Newtonian sl expressed as

(8)

For this type of problem where the mesh is moving, an additional equation called the space

conservation law is solved for the moving coordinate velocity components

T

5 Ak ® JDAY T 9)

—a

This relates the change in cell volume to the-fade velocity. The simultaneous
satisfaction of the space conservation law and all other equations of fluid motion facilitates
the general moving mbsoperations performed. The development and solution of the
discretized forms of these equations is straightforward within the finite volume CFD
framework, provided that appropriate measures are taken to ensure obedience to the space
conservation law165). The NavierStokes equations for 3D flow with moving walls are
solvedby a second order segregated iterative method (SIMPLE algorithm). A detailed

description of the numerical method can be found @5 166).
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The final volume mesh consisted of five prism layers near the wall and hexahedral
cells at the core region. Convergence criteria for all the flow parameters were sét to 10
To reach a periodic solution, the CFD simulations were run for four cardiac cycles using a
time-step size of 1 ms. As shown kigure 12, tests on mesh sensitivity were performed
on the LMCFD models by comparing results obtained with three different mesh densities:
coarse (100,000 elements, 150,000 elements), medk00,000 elements, 270,000
elements), and fine (500,000 elements, 640,000 elements), for Subject 1 and Subject 2,
respectively. Th& - relative error norm'@ ) of the instantaneous velocity profile along
the LVOT plane center line at peak systoleSabject 1 was 8.6 % between the coarse and
fine meshes, and 4.8 % between the medium and fine meshes. For Subjegtds 5.2
% between the coarse and fine meshes, and 3.9 % between the medium and fine meshes.
Similarly, O of the instantaneougelocity profile along the MA plane centerline at the E
wave for Subject 1 was 10.3 % between the coarse and fine meshes, and about 4.4 %
between the medium and fine meshes. For Subjedt 2vas 9.8 % between the coarse
and fine meshes, and 4.9 % betwethe medium and fine meshes. A reasonable
convergence was therefore achieved on the medium grid resolution in terms of the
intraventricular flow field. Therefore, the CFD results presented in this study employed the

medium mesh density.
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Figure 12. Results of LV-CFD mesh sensitivity for Subject 1 (a,c), and Subject 2
(b,d) models.

4.2.5 Boundary conditions

4.2.5.1 LV wall motion

Cardiac wall motion was applied to the 1SPH and LVVCFD models as time-dependent

nodal displacement bodary condition from the cinMR and MSCT medical images.

This approach keeps the correspondence of the surface nodes of the computational domain
by creating a unique mesh for all time steps, thus the movement of each node can be tracked
over time. For Sulect 1, a total of 8 phases from the original éiutie images were used

to prescribe the LV wall motion for one cardiac cycle, while 10 MSCT phases were used

for Subject 2. First, from the segmented mesh ingstble, a high quality template mesh
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was cread in Hypermesh (Altair Engineering, Inc., Ml), and dividedubdomains (LV,

aortic root, MA, proximal LA). Second, a preprocessing inflation simulation in
Abaqus/Explicit was implemented, in which the template mesh was inflated to match the
mesh from tke next cineMR or MSCT phase. Third, for some complex regions such as the
aorticmitral curtain, the morphing toolkit available in Hypermesh software was used to
deform and map the template mesh to the target mesh from the next MSCT frame. In this
fashion,the LV wall mesh maintained the same number of nodes across all phases, thus

ensuring ongo-one connectivity.

As numerical simulations typically involve time steps smaller than the time interval
between two cindVIR or MSCT phases, displacements wererpblated in time. Previous
studies with linear interpolation of the LV wall showed high discontinuities in the flow and
pressure solution due to the resulting discontinuities in mesh acceléi#&iprthus, cubic
spline was used to inter@tk the displacement of each node in time:shjp boundary
condition was applied to the -€FD models. For the LABPH models, the interaction
between SPH particles and the LV wall was based on-tmeslerface contact. The node
to-surface contact interaoti in SPH is directly related to the no penetration boundary
condition. Thus, the combined effect of the smoothing kernel interpolation function near
the wall and the nod®-surface contact interaction partially enforces theliboundary

condition.

4.2.5.2 Inlet and outlet

As blood was considered incompressible, reasoning based on mass conservation can be

made to overcome the lack of detailed inflow and outflow information. The volume flow
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rates into and out of the model are thus driven by the expansiomwatndation of the LV

and proximal LA. For the inlet boundary condition, the CFD and SPH models employed
the diastolic flow rate waveform derived from the LV volume change (including the
proximal LA), with its value set to zero during syst(#é, 168171) (Figurel3a). For the

outlet boundary condition, a physiological aortic pressure wavet@if8), as seen in
Figure13b, was applied. In order to avoid the boundary effects on the region of interest,
the inlet and outlet boundaries of the models were moved away from thierposithe

mitral and aortic orifices by extending the proximal LA and LVOT with tu(dg€s 174

(not shown inFigure 10). Since the SPH formulation in Abaqus lacks periodic boundary
conditions, the tubes were extended long enough to accommodate the inflow and outflow
of particles for two full cardiac cycles. Rigid plates at the extensions were used to apply
the boundary auditions in the LMSPH models(155). Similarly to the LMCFD modes,

the diastolic flow rate waveform was applied on the inlet plate, while the aortic pressure

curve was applied on the outlet plate of the 8WH models.

Note that differences in the diastolic flow rate between our results and physiological
LV curves refe to 1) the fact that our flow curves included the volume change of not only
the LV but also the volume change of the proximal LA, 2) imaging and segmentation
uncertainties, as well as to the reduced number of imaging phases, since minor fluctuations
in the volume curve lead to considerable changes in the flow rate waveform. Nonetheless,
as explained in the following section, global flow parameters matchedwityo clinical
data and were within physiological range. The heart rate for both subjects was

approximately 75 bpm, corresponding to a cardiac cycle®§0

46



=]
=

Subject 1 Subject 2 b)

500 A 250 - 120 4
W
400 1 200 E 100 4
G G g8
E 2 > 80
8 300 { E 150 4 g
L7} o 173
g # i e
:g 200 A g 100 ~ ;. 10 4
) = £
100 50 A % a0
0 T T T — 0 T T T 0 T 2
0 02 0.4 0.6 0.8 0 0.2 0.4 0.6 8 0 0.4 0.8

Yo

A

<
- .
diastole diastole Time (s)

Time (s) Time (s)

Figure 13. a) Inlet flow rate for Subject 1 (left) and Subject 2 (right), and b) Outlet
pressure.

4.2.6 Data analysis

Blood flow velocity vector fields and contours affelient longaxis and shoréixis planes,

and at different time instances of the cardiac cycle will be quantitatively compared between
the LV-SPH, LV-CFD and LVMRI models for Subject 1, and between the-8PH and

LV -CFD models for Subject 2. An analysigdansualization of the 3D vortical structures

of the intraventricular flow for the LMCFD models was also performed. Another
guantitative metric to be used for comparison between the in silico and in vivo flow data
will be the velocity profile at differentime instants and at different horizontal (H) and
vertical (V) lines inside the LV models for Subject Bigure 10c). Because of the
Lagrangian nature of the SPH method, the velocity magnitude was calculated by averaging
particle velocities enclosed from evenly space spheres of radius 1.5 mm along the lines.
The error in the velocity measurements will be quantifiedhieyd - relative error norm

(O ), defined as
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0 : (10)

For a more clinically relevant quantitative evaluation, we will also compare the
maximum flow velocity at the LVOT planguring systole, and at the MA plane during
diastole between the L'$PH, LV-CFD and L\V\MRI models for Subject 1, and between
the LV-SPH model, the LMCFD model, and the subjespecific Doppler velocity

recordings for Subject 2.
4.3 Results
4.3.1 Global LV flow parareters

Figure14 shows the time&zarying LV volume change waveform for both subjects, where
the points indicate the cifdR or MSCT phases and the linepresent the cubic spline
interpolation. For Subject 1, the edastolic (EDV) and endystolic (ESV) volumes were

140 ml and 58 ml, respectively, which are within the physiological range typically
measured in malgd.75). The stroke volume (SV) and the ejection fraction (EF) were 82
ml and 58%, respectively. For Subject 2, the EDV and ESV were 112 ml and 47 ml, giving
a SV of 65 ml and EF of 58%, values that closebtch the patiergpecific data obtained

from Doppler Ech@f 64 ml and 57%, respectively.

48



Subject 1 Subject 2

160 1 120 -
Fitted curve 110 4 Fitted curve of
140 1 .
e Cine-MR . 100 4 ® MSCT o
g 120 . =
2 £ 9041 )
2 \ 2 #
= 100 EREE
g g g
> = 701 o
80 A " ]
60 4 Y
60 1 . 50 4 o "
\ 4
40 T T T ) 40 T T T 1
0 0.2 0.4 0.6 0.8 0 0.2 0.4 0.6 0.8
Time (s) Time (s)

Figure 14. Time variation of LV volume for Subject 1 and Subject 2.

4.3.2 Large-scale intraventricular flow patterns

Figure 15 andFigure 16 show the velocity vectors in the antefiposteria plane Figure

10c) for the LV-MRI (a), LV-SPH (b,d), and LMCFD (c,e) models during peak systole
(t=0.09 s) and early diastole (t=0.37 s), respectively. From the figures it can be seen that
the intrasubject IV hemodynamics generated by the-SPH models had a similar overall
topology as those measured in the-MRI and simulated in the LACFD models. At peak
systole Figure 15), a strong outward jet was developed at the LVOT, with an almost equal
maximum velocity of 1.4 m/s. The L8PH models gave a good representation of the
ejection phase, with the flow converging towards the outflow tract. As showigume

153, the LMMRI maximum velocity for Subject 1 was localized in the central outflow
region, as compared to the CFD and SPH results. Since the MM iaatuded in the
numerical models, some minor backflow of blood into the LA can be observed, especially

in the LV-CFD for Subject 1Kigure15c).
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Figure 15. Velocity vectors in the anteriorposterior plane for Subject 1 (a,b,c) and
Subject 2 (d,e) during peak systole at t=0.09 s.

Once diastole begins and the LV wall and MA start to expand, the blood enters
from the LA to the IV, forming a jet through the mitral orifice. During early diastole

(Figurel6), the intrasubject flow patterns of the L'8PH models were similar to the CFD
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results and PCMR measurements. For Subject 1, theMIRV maximum velocity
magnitude at the level of the MA waspapximately 0.68 m/sKigure16a), compared to

the 0.45 m/s of the numerical modefsgure16b,0).

b) LV-SPH LV-CFD

R\ K\‘\ j\ e \‘ \ \\}% wﬁ.\ A

Subject 1
t=0.37s

Subject 2
t=0.37s

Figure 16. Velocity vectors in the anteriorposterior plane for Subject 1 (a,b,c) and

Subject 2 (d,e) during early diastole at t=0.37 s. For clarity, for Subject 1, the scale

of the velocity vectors is the same for the SPH and CFD models, while is different

for the MRI model. For Subject 2, the velocity scale is the same for both SPH and
CFD models.
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In mid-diastole, due to the high velocity differences of the inflow blood and the
retaining blood inside the LV, a vortex ring is developed in the LVOT region, as shown i
a representative image for SubjectFlgire 17). The vortex seen in the SPH and CFD
models is generated from the jet shear layer that is rolled up by viscous forces exerted from
the resting fluid onto the jet cof&2). As shown irFigurel7a and further explained below,
during this phase and latkastole the velocities in the LV are low and the-MRI
measurements do not show a clear distinction between the-srakdl vortices and the

background noise.
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Figure 17. Velocity vectors in the anteror-posterior plane for Subject 1 during E
wave deceleration at t=0.42 s. For clarity, the scale of the velocity vectors is the same
for the SPH and CFD models, while is different for the MRI model.

4.3.3 Quantitative comparison of velocity profiles

From Figure18 it is clear that, in general, the SPH results were in good agreement with

those extracted based on the CFD method. However, there was a discrepancy in the

52



velocity magnitudes, and this differee was mostly concentrated in the regions near the
LV wall. For'O , shown inFigurel8, it is found that the velocity difference between the
two modés was around 11%. The highest discrepancy was 12.5%, and this occurred for

lineVatt=0.32s.

a) At line H b) At line V
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0 0:5_ 1 0 0.5 1
Position Position

Figure 18. Velocity profiles and errors at different time instants at midhorizontal
(H) and mid-vertical (V) lines for Subject 1.

For a more clinically relevant quantitative evaluation, we compared the maximum
flow velocity magnitude at the LVOT planEigurelQc) during the systolic phase between
the LV-SPH (dotted line) and the L-ZFD (solid line) models for both Subjeckgure
19a shows that for both numeal models of Subject 1, the LVOT velocities reached a
close agreement in regards to magnitude and velocity waveform with nearly identical value

around t = 0.09 s. As discussed in the next section, inaccuracies, limited resolution, and
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multiple-beat ensebile averaging of the 4D PCMR data prevented a direct comparison of
the LV-MRI velocity waveform with the SPH and CFD models at the LVOT plane for

Subject 1.

a) Subject 1 b) Subject 2
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Figure 19. Maximum LVOT velocity from different data sets during systolefor a)
Subject 1, and b) Subject 2.

Similarly, for Subject 2, the maximum flow velocity magnitude at the LVOT during
systole was compared between the-EWH model, the LM\CFD model, and the patient
specific Doppler velocity recordinggzigure 19b shows that for both computational
models, the LVOT velocity reached a nearly identical maximum value at 0.09 s, with a
close agreement in the velocity wavefatriror the Doppler waveform, however6.&%
lower peak velocity was observed compared to the numerical models. Overall -8feH.V
models quantitatively matched to a good degree with theCEYd models and to a
reasonable degree with the patispecificin vivodata. Despite the fact that the near wall
flow features were not modeled accurately using Abaqus SPH formulation, we obtained

similar bulk flow information as the traditional meshsed CFD models.
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4.3.4 Vortex dynamics

Figure20illustrates the vortex structures of thedO/F D model s by pl otti n;q
criterion at t he i amkihadé tneobjective nmethodithatgdéntfiast s .
3D vortex cores based on their physical fluid dynamics properties, and is considered one

of the most accepted vortex detection technidié). Vortex structures are identified by
extremenegati ve values of 2, roughly corresp
vortical motion. The isosurfaces of this criterion are ceolmied by the longitudinal
component of the velocity, and the corresponding time instants during the cardiac cycle are
highlighted on the flowrate curve. First, during the flow acceleration associated with the
E-wave figure20a,e), a weak vortex ring is observed tatsia pinch off from the mitral

orifice and propagates and impinges on the lateral wall. At the same time, the LA is filled

with a vortex ring ejected from the inlet extensiig(ire20e). For Subject 1, the vortex

induced boundary layer at the mitral inlet wall is a shear layer still not organized in a
complete ringike vortex fFigure20a). Subsequently, due to the interaction with the wall

the vortex ring becomes unstable and starts to breakdown.

During the flow acceleration phase of themave, there is formation of a second
vortex ring just downstam of the mitral orifice for Subject Figure 20b), while for
Subject 2 the incoming flow of the-kave goes primarily to the wall due to the intei@cti
with the clockwise circulation, and there is no clear distinction of a-defihed vortex
ring (Figure 20f). However, for Subject 2, the primaweaker vortex ring continuously
moves toward the ape¥ifgure 20f) and starts to dissipate. The strongewave vortex
ring found in Subject 1 compared Subject 2 could be because the more pronounced

deceleration and diastasis phases found in Subject 1 helped to dissipate the vortices formed
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during the Ewave phase. At the end of diastole and as sefeigime20c,g, the asymmetric

vortex ring impinges on the LV wall and begins to breakdown into ssnalk structures.
However, as evident iRkigure 20c, the vortex structure for Subject 1 exhibited a larger
spread across the ventricular cavity as well as a reduced penetration compared to Subject
2. This is because two possible reasons: first, thedegblic vortical structure for Subject

2 was closer to the apex of the ventricle, and second, the LV model for Subject 2 had a
more dynamic MA motion, which caused a larger reduction of the effective orifice area

and thus a stronger inflow jet.

During systée (Figure 20d,h), blood gets ejected into the aorta and the small
vortical structures that remain at the end of the diastole get stretched and aiitnibds
outwardly directed flow. These elongated structures are circulated within the LV by the
clockwise rotational flow during early systole and subsequently pushed rapidly toward the
LVOT. The overall intraventricular vortex configuration in this stusl consistent with
results of previous computational and experimental stdi&s 177-179. It should be
noted, however, that the orientation and penetration depth of these vortex rings could be
different fom some studies, and this might be due to the differences in the boundary

conditions, geometry, and the movement of the ventricle wall.
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Figure20. 3D vortical structur e s2000)andicalbtradzed by
by longitudinal component of the velocity (along the centerline of the mitral inlet).
Negative velocity (colored blue) indicates towards apex.

4.4 Discussion

Specific Aim 11 Part 1 investigated the capability of the SPH framework to simulate the
bulk blood flow dynamics in two realistic 3D LV models. Quantitative and qualitative
comparisons of SPH simulation results with those of in vivo clinical flow measmtem

and a CFD approach have been presented. The comparison between the three data sets is
encouraging, showing that the SPH method can capture theslzatgeflow dynamics with

a similar level of accuracy as a traditional mbsised CFD method. The stualy Shahriari

and colleaguegl56) was essential to validate the SPH approach when applied to the study
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of 2D cardiovascular flows. The main limitation of this study was, however, the assumption
of a 2D rigid LV geometry. Cardiac flow with moving LV wall has also been investigated
by Kulp et al(154). Nevertheless, the model analyzed in this study lacked verification of

simulation results.

The SPH results of this study indicate the capability of SPH as a promising tool for
predicting clinically relevantargescale LV flow information. First, there was generally a
good match between the simulated and measured velocity fields at different time points of
the cardiac cycle. During systole, the irstebject flow patterns were qualitatively similar
for the thee data sets of Subject Hidure 15a-c), and for the two data sets of Subject 2
(Figure 15d-e). However, as shown Figure 15a, the highly localized velocity vectors at
the LVOT for the LVMRI measurements probably originate from the level of uncertainty
in the acquisition ahinterpolation of the PCMR data, as well as from the stronger jet flow

due to the AV dynamics, which was not incorporated in this study.

During early diastole, the intisubject flow patterns were also similar but the
velocity magnitude of the LAMRI measirement for Subject 1F{gure 16a) was higher
than that from then silico models Figure 16b,c). The absence of MV leaflets in the
computational models affected the accuracy of the velocity calculations, as a bigger orifice
area, and thus a smaller flow jet, was obtained forithsilico models. In PCNR
measurements of the velocity through the MV during diastole, &inal. (180 and
Fujimoto et al. (181) noted velocity magnitudes at the leaflet tips betweeni 22%
greater thahat at the MA. During midto latediastole, the LWMRI results did not show
a clear presence of the vortices as the simulation resultBiditté17). A possible reason

of this phenomenon is that the velocity encoding factor used in the PCMR imaging was
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constant over the entire cardiac cycle, and was selected to exceed the expected peak systolic
velocities in the LVOT to avoid velocity aliasing. As @ansequence, smeadkale vortical
features and regions with low flow suffered from low signal in the PCMR data and thus

lead to impaired depiction.

When the intrasubject systolic velocity waveforms at the LVOT were
guantitatively compared between the diéiet models Figure 19), a good agreement in
regards to magnitude and velocity waveform was obtained. Moreover, the level of
discrepancy between the comational and Doppler velocity measurements for Subject 2
(Figure19) were inline with the inherent uncertainties in the pulseaved Doppler flow
recadings. Doppler velocity measurements are dependent on the ultrasound beam
orientation, maximum velocity information should be obtained with the ultrasound beam
aligned as parallel as possible to the flow, otherwise the maximum velocity will be

underestimied (182).

It is also noted that along the centerlined-igure 18, the shape of the velocity
profiles was similar, but there was a discrepancy in the velocity magnitudes near the LV
wall. This may be because the-sigp condition was not fully constrained in the Abaqus
SPH formulation. This situation caused differenbesnveen the LVSPH and LVCFD
velocity profiles for Subject 1 of approximately 11%. However, the SPH method was able
to capture the bulk LV flow with reasonably accuracy, and the{segke intraventricular
hemodynamic features obtained were similar tattiave been reported in previous mesh

based LV studie&1, 183 184).
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PCMR is currently considered the gold standard foringasive quantificatio of
cardiac blood flow, as this technique has been validated extengi¥8%y 186).
Nevertheless, there are some known limitations associated with PCMR flow measurements
(187, 188). Blurring or ghosting artifacts are common due to breathing m¢fi8g).
Particularly for 4D PCMR data acquisition, large amounts of data require measurement
durations that often exceed normal human brbatting capabilities. To achieve a high
SNR, the patient needs to be scanned for multiple cardiac cycles, and they Vst
from different cardiac cycles are combined to form a single 4D velocity fl€l@). To
achieve a high spatial resolution, a long imaging time is also required, which will lead to
more artifacts induced by respiratory movement. Therefore, there is eoffaat|@ong
SNR, timeresolution and spatiaksolution. Our comparison of the vivo measued and
in silico simulated velocity results should be interpreted with the consideration of these

PCMR recording limitations.

4.5 Limitations

In comparison with conventional CFD methods, implementation of boundary conditions,
especially the nalip condition,is notstraightforwardwith SPH(157, 158). The default
interaction between SPH particles and Lagrangian boundaries in Abaqus is based on node
to-surface contact. The SPH discretization relies on a kernel interpolation that requires full
support to obtain an accurate approximation of the field quantities and derivatives. When
particles are close to the boundary, part of the supporting domain of thehsrgdarnel

will not be filled with SPH particles. Therefore, the integration accuracy for those SPH
particles close to the boundary may be affe¢i€d). To improve the SPH solution near

the wall, it is possible to specify in Abaqus thecadled ghost particle medd(192). Ghost
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particles fill the boundary by mirroring real particles and their attributes are extrapolated
such that the nslip condition is satisfied. The two main drawbacks of this method are 1)
the need of recreation of ghost particles at every time step, and 2) direct mirroring only
works for simple geometrig493), thus, this boundary method could not be applied to our

LV-SPH models.

Another intrinsic modeling limitation of this study siégnoring the native heart
valve structures. Past studies have shown that by choosing appropriate inlet information
together with global geometric and flow parameters that are within physiological range,
computational models with simplified valve struesircan reproduce the flow features
associated with LV function with reasonably accurd®8 169, 172 194, 195). It is well
known that for a computational heart model to become a clinically relevant simulation tool
it must be able to capture the FSI betwéesm blood flow and the heart valvés96).
Conventionally, many of the FSI approaches used to study LV function have been based
on conentional CFD meslased methods, however, complex LV dynamics can lead to
computational challenges. A fulljoupled modeling approach that combines the
transparent meshless character of SPH together with a nonlinear FE formulation can be
implemented in aatural and simple way to simulate the intraventricular hemodynamics

and valves structural response. This is the objective of Specific AinPhd 2.

The final modeling simplification was the topology of the endocardium, by
assuming a smootivalled endoardium without PM and trabeculae. The influence of these
structures on the LV flow field may be significga77, 197), and should be explore in a
future study. Given that theadel simplifications were kept the same for the numerical

models, it is expected that a comparison of these data sets provided useful insights into the
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capability of SPH to model the largeale LV blood flow dynamics. The L8PH
framework presented hers an initial step towards a versatile and simple Afiesh

methodology to study the global 3D LH flow phenomena.
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CHAPTER 5. SPECIFIC AIM1 AT PART 2, PHYSIOLOGIC LV -

VALVE DYNAMICS

5.1 Introduction

The structure and kinematics of the hearts valves are expected todigneieant impact

on the LV flow field(198). Seo et al(199) found that the MV promote the formation of a
circulatory flow pattern in the LV, increasing the strength of the apical flow and enhancing
washout of ventricular blood. Results by Dahl e(&0) also suggested that a physiological
representation of the LA can influence the dynamics of the mitral leaflets and the
intraventricular flow patterns. Additionally, recent studiesehauggested that patient
specific flow patterns in the LVOT are greatly affected by the dynamically deforming LV
during diastole(200). These findings underscore the importance of comprehensive FSI
models of the LV coupled with the mitral and aortic valves for reproducing many of the

key features of cardiac fution.

Most of the LV FSI studies to date, however, have modeled either tl{@68/201)
or the MV only(60), have been limited to idealized geomet(igd), or have focused only
on a short time frame of éhcardiac cycle mainly the diastolic phaq€0, 61). In general,
previous LV FSI models have incorporatedessive simplifying assumptions regarding
the geometry, tissue mechanical properties and boundary conditions, which can add
uncertainties in the simulation results. Current FSI approaches employed to study LV
dynamics are mainly based on conventional riesded methods such as the ALE

formulation (141) or thelB method(64). The most significant challenge of mdsfsed
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FSI studies is dealing with the coaptation between the leaflets during valve closure, where
the flow domain is separated into two unconnected regions, an issue that has been
circumvented but not yet solv€d02). Recently, there has been an increased interest in
meshfree methods, such as the SPH met{g@B). The fully Lagrangian nature of SPH
offers seeral advantages, such as handling small materabid ratios, solving solid and

fluid dynamic equations in the same algorit@04), and modeling large deformations

with domain fragmentation.

SPH has been successfully applied in different fields of fluid and solid mechanics
over the past two decad€203). More recently, some researches have used SPH in FSI
problems and validated the SHHE coupling approach by benchmark cases such as beam
impact and elastic ga{@05, 206). To date, most of the mestee cardiovascular studies
have mainly focused on the blood flow through vessels or idealized LV geonfgfies
154, 155). Shahriari et al(156) studied and validated the capability of SPH to simulate the
blood flow in a rigid 2D LV model. The FSI capability of the SPH approach has also
been used to simulate blood flow in a transcatheter AV mad&g). In Part 1 of Specific
Aimla, we extended the application of SPH to simulate the-Ergle intraventricular
hemodynamics in two realistic 3D LV models with simplifigdlve structures. The
comparison between SPH results, a traditional CFD method, and in vivo PCMR and

echocardiography data showed a good quantitative agreement.

In Part 2 of Specific Aim l1a, we will testthe SFHHE F S| met hodbés ca,
model the couled complex AV and MV structural response and the intraventricular

hemodynamics in one subjegpecific LV-valve model (L\VFSI). In Specific Aim 1a, we
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will focus on the L\valve dynamics occurring under baseline healthy conditions. We

therefore usethetem fAs-spgecti co i nsspteecadf iocfo.Mipati ent

Although some model simplifications are made, this work is considered the first
attempt to simulate the coupled 3D AV and MV nonlinear soft tissue dynamics and the
intraventricular hemodynamics in a rieit LH model throughout the entire cardiac cycle.
The cardiac wall motion will be prescribed based on full phase MSCT scans, while leaflet
dynamics will be simulated using a fulbpupled FSI method. The LV structure used in
this study takes into accouwverious degrees of sophistication, including detailed MA and
proximal LA motion, imagedased asymmetric leaflet geometries, anisotropic
hyperelastic constitutive models, and human material properties. Leaflet kinematics, valves
structural response, andrfjescale intraventricular hemodynamics will be studied in
detail, and compare to subjesgiecific echocardiography measurements. Finally, in order
to investigate the coupling effects of the valves in the ventricular hemodynamics, the LV
flow obtained fran the FSI model will be compared with the one obtained with a LV model

without valves (Specific Aim 1a Part 1, Subject 2 model).

5.2 Material sand Methods

5.2.1 Subjectspecific LH model

Part 2 of Specific Aim la will-SPHuwodeld upor
developed in Part 1 to increase the model complexity by adding the 3D native heart valve
structures, creating a comprehensive sukgpetific LH FSI model. The valve models

include various degrees of sophistication, including imdgesed asymmetriteaflet
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geometries, leaflet thickness and chordae tendineae with distinguishable chordal insertion

points in the mitral leaflets.

A semiautomated segmentation method previously developed was used to extract
the main cardiac structures of interé207, 208). Briefly, cardiac wadl and valvular
geometries were identified and manually segmented from the rest of the heart structures
using Hounsfield intensity thresholding and region growing techniques for the cardiac wall,
combined with the brush tool and manual pixel editing for vhése leaflets and
subvalvular components, making sure to digitally dissect and clearly differentiate
individual mitral chordae. Next, smoothing and wrapping operations such as islands
editing, removing extrusions, filling small holes and specific autmsatoothing modules
were used to fix inconsistencies in the model due to image noise and improve the mesh
guality. Altogether, approximately 30 hours of work were required to segment the MSCT

data, including segmentation of the 10 cardiac frames foratfukac wall.

The AV geometry was reconstructed at the sydtolic phase (stredeee state)
from this patient, however, valve calcification was not incorporated in order to mimic a
healthy state. In addition, since the complete MV geometry was not aiiedielgted from
the MSCT scans for this particular patient due to artifacts in the valve location, the MV
was adapted from a previous study from our group that validated healthy MV dynamics by
guantitatively comparing the closed valve shape from FE siroalatith the MSCT
images during systolé73). Special care was taken to ensure that the adaptéd M
resembled the same positioning of the sukgpetcific valve. The adapted MV geometry,
reconstructed from the midiastolic phase (stredsee state), was scaled, translated and

rotated until its boundary matched the MV boundary that was delineatedhiecsubject
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specific MSCT scans. Chordae were classified into five groups according to the respective
insertion zone on the leaflets: anterior strut, anterior marginal, posterior marginal, posterior

intermediate, and posterior bag2®).

The reconstructed LH model with both valves can be sedtigure 21a. The
anteriorposterior long axis plane where the velocity measurements will bgzedas
indicated as a red line Figure21b. The red spheres denote the probe locations for velocity
measurements through the valvesFigure21c, the blue rectangles represent the regions
of interest for stress and strain calculations, while the red dots in the leaflets represent the
location forleaflet kinematic measurements. In order to investigate the coupling effects of
the valves in the flow dynamics, the £SPH model of that did not incorporated the AV
and MV was wused for compaValsweo puefpose st ol

witht he valvedpopVaewhivikee fnke¥Yers to the model Wi
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(@) (b)
End-diastole End-systole

Mitral valve |

Figure 21. Schematic of L\\Valve model. (a) LV model at different phases, (b) The
anterior-posterior long axis plane is shown by the red line. The red spherdenote
the probe locations for velocity measurements, (c) Initial stresisee state for AV
and MV. RCL.: right coronary leaflet, LCL: left coronary leaflet, NCL: non -
coronary leaflet, AML: anterior mitral leaflet. Posterior mitral leaflet (PML) is
divided into lateral P1 scallop, central P2 scallop and medial P3 scallop.

5.2.2 FE modelling

FE meshes were generated for the LH model using Hypermesh (Altair Engineering, MI).
3D solid elements (eightode hexahedral C3D8R elements) were used to capture the
thickness of the AV and MV, 3D stress/displacement truss elementsi@aelinear T3D2

elements) were used to model the MV chordae, and shell elementsh¢ideimreduced
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guadrilateral S4R elements) were used to represent the cardiac wall (i.e. LV, LA and
LVOT). A constant thickness of 0.5 mm was given to the AV leaflets, while the MV leaflets
hadlocally varying thickness with average values of 1 mm and 1.2 mm for the leaflet belly
and edge regions, respectively. Two layers of elements were used across the leaflet
thickness. The leaflathordae transition zone was modeled by creating$bdpe truss
elements at the chordal insertion points to mimic the native geometry and avoid stress

concentration in the mitral leaflefs3).

Two different constitutive models were used to model the mechanical response of
valve tissues. First, the modified anisotropic hyperelastic HolzdpésserOgden
material (MHGO) mode(209) was adopted to characterize the mechanical behavior of

human AV and MV leaflets. The sinaenergy function was expressed as

w 6 Ag®d b o op

7 AdoiId® p o d® p »p (11)

whereé , 6 ,Q,Q, I andO are material constants, afiand“® are the deviatoric
strain invariants® and® describe the matrix materiaD is a material constant to
impose incompressibility, andis the determinant of the deformation gradiétis a
positive constant with the dimension of stress to rilesdhe fiber material an@® is a
dimensionless parameter. In additidindescribes the distribution of fibarientation.
Local coordinate systems were defined for each leaflet to include local fiber orientation.

The anisotropi?HGO material model waimplemented intdbaqus/Explicitwith a user
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subroutine VMAT. The secondnaterial model used was the isotropic hyperelastic Ogden
model(210), which was implemented to characterize the mechanical properties of human

MV chordae. The Ogden strain energy function is given by

» -— T ¢ (12

where* andc are material constants, antlare the modified principal stretchess3ue
material properties, obtained from-house multiprotocol biaxial and uniaxial testing
devices,were defined from a similar patient (aggender and phenotypenatched)
selected from an existing human cardiac tissue database established in Detddb.of

the determination of material parameters and FE implementation of these models have been
described in our previous publicatiof®l11, 212). The material parameters used for valve

tissues are listed ihable?2.

Table 2. Valve tissuematerial parameters.

MHGO RV ) - o
reo E0V & coa @ I I O E®

AV leaflets  1.738 11.368 2159.4 11589 4.59 0.2359 1.0e5
AML 0.1245 13.665 11.007 84.84 13.09 0.0800 1.0e5
PML 0.0502 15.004 3.021 144.48| 2551 00534 1.0e5
?n%‘é‘zrl‘ CEDA G B0 O B0 &

Basal and

intermediate 10256.1 16.579 10653.8 16.554 10671.3 16.554
chordae
Strut chordae 24341.7 11.338 103319 11.167 14913.6 11.188

Marginal ) 59955 15.651 13082.9 15.683 12869.7 15.662
chordae
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5.2.3 Boundary conditions

Two plate pistons located at the extensions were used to apply the boundary conditions on
the LH model. As seen ifigure 22a, the L\V\Valve model employed a constant LA
pressure of 20 mmHg at the inlet, while a physiological aortic pressure waveform was
applied at the outlet. This realistic setting allows the transvalvular pressure gradients and
the LV pressure to be computed from tloe@ing of the fluid and structural physics. The
shape of the aortic pressure waveform was carefully adjusted to be in phase with the
subjectspecific LV volume change waveform. Note that the atrial pressure slightly
exceeds the normal physiological valnerder to compensate for the long inlet extension
used in the LV model. The L'WoValve model, on the other hand, employed at the inlet

the diastolic flow rate waveform derived from the LV volume change, with its value set to
zero during systoleHgure 13b). For the outlet, the same aortic pressure waveform as in
the LV-Val ve model was applied. The patientds
correspading to a cardiac cycle of 0.8 s. Note that in our models, the cardiac cycle begins
at early systole, resembling the isovolumetric contraction phase. SPH particle sensitivity
(155, 207) and valve mesh sensitivify3) studies were previously performed. Simulations
were run on an Intel Xeon EX70 cluster with 64 cores and required approximately 240

hours © run two cardiac cycles.

Cardiac wall motion was prescribed as previously explained in P@helaortic
and mitral leaflet boundaries were prescribed the same motion as the cardiac wall in the
aortic and mitral annuli to move accordingly. Amlinally, chorda origins were not
directly attached to the PM tips in the tXalve model (se€&igure21b), but were tracked

and displaced between two spatial kimas representing PM tips location at rudstole
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and midsystole phases. The coupling between SPH and FE was handled by the-node
surface contact algorithm since both methods are based on the Lagrangian description.
Briefly, the contact force at thaterface was calculated by finding the best penalty force
to prevent interface penetration and satisfy conservation of momentum. The combined
effect of the smoothing kernel interpolation function near the boundary and thé¢onode

surface contact interactio approximates the mnglip and nepenetration boundary

conditions.
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Figure 22. a) Aortic and atrial pressure boundary conditions, b) LV volume change
waveform.

5.2.4 Data analysis

5.2.4.1 Structural analysis

Valve kinematics will be evaluated in terms of rapid valve opening (RVOT) and closure
(RVCT) times, ejection time (ET), and MV leaflet opening and closing angles through the

cardiac cycle. Subjedpecific valve opening and closing times will be obtaimedhfthe
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M-mode echo images, while MV leaflets angles will be measured from the Doppler
recordings along the apical lomgis view. Maximum principal, radial and circumferential

stress and strain distributions for the MV and AV will be quantified as well.

5.2.4.2 Fluid analysis

Global cardiac hemodynamics will be compared to sugeetific echo data in terms of

mean and peak systolic pressure drops in the AV, mean and peak diastolic pressure drops
in the MV, effective orifice area (EOA), E wave velocity, A wavéoegy, E/A ratio,
regurgitant volume (RV) and regurgitant fraction (RF). Hydrodynamic valve (drag) forces,
that evaluate the contact forces exerted on the leaflets due to the blood flow. From the

simulation, EOA was calculated for the AV (E®A (213 according to the equation

o066 A — wherel "Y"® the root mean sm@re systolic flow rate (ml/s), and

YU is the mean systolic pressure gradient (mmHg). Likeviee EOA for the MV(214)
was derived a® 0 6 A —5 whereb ‘O @ the root mean square diastolic flow,

and Y0 is the mean diastolic pressure gradiéfite competency of the valves was
guantified via the regurgitant volume (RV) and the regurgitation frachci@ Y &Y @
where RV is the sum of the closing volume and leakage volume. Similarly as in Part 1,
velocity vectors and contours at differenbdpaxis and shoréixis planes and at different
time instances of the cardiac cycle will be evaluated. Maximum velocity waveforms at the
MV and AV planes during the cardiac cycle will also be compared between tvall®

FSI model and the subjespecificDoppler measurements.

5.3 Results
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5.3.1 Valve kinematics

Valve kinematics were analyzed in terms of opening and closure dynamics during the entire
cardiac cycle, and monitored through the tidependent radial velocity of the midpoint
(belly) of each leaflet (seed dots inFigure21c). Figure23a shows the comped RVOT

and RVCT, defined as the duration tracts of the radial velocity curve with a high positive
and high negative slog@15). Additionally, ET was calculated as the time from the initial
opening to complete closure of the valve. The results report€idgure 23a are also

sumnmnarized inTable3.

In Figure23b, the opening ahclosing angles of the MV leaflets (dotted lines) are
plotted against the angles measured from echo (solid lines) along the apical long axis view
(Figure23c). During earlydiastole, the onset of rapid valve opening occurs after the LV
pressure falls below the LA pressure. During this phase, the simulated leaflets followed a
similar opening timing pattern as the echo measurements. Duringtan@hddiagole,
which represent some partial leaflet closing after thneakze followed by a second opening
due to atrial contraction #vave), the simulated leaflets followed a similar pattern as in
the echo data, but with higher opening angles. Note that for lbmtienrcal andn vivo
measurements, the AML maintained a higher opening angle than the PML during the

diastolic phase.
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Figure 23. a) Time-dependent radial velocity of the belly (midpoint) of AV and MV

leaflets. The measured RVOTand RVCT are highlighted in pale yellow and green,

respectively, b) Opening angle of MV leaflets for LWalve model and echo data, c)

schematic of angle measurements from echo video, dyMode echo recording at the
MV.

Additionally, Figure23d shows the subjespecific Mmode echo recording at the
MV position. Letters D, E, A and C represent @ydtole before MV opening, peak of
early opening, peak date opening at atrial contraction, and MV closure, respectively.
Therefore, RVOT can be calculated as the time interval between D and E, and RVCT as
the time interval between A and C. As seeffable3, simulation results were consistent
with measurements from vivoandin vitro experiment$216-218), and withthe subject
specific Mmode echo data. The largest quantitative mismatch between the simulation and

in vivodata was for the MV RVCT.
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Table 3. Comparison of ET, RVOT, and RVCT between L\\Valve model, subject
specific echo data and literature.

AV MV
time LV - Literature LV - Literature (217, M-mode
(ms) Valve (216 Valve 218 echo
ET 270 329 + 63 470 N/A 473
RVOT 30 57.5+11.1 75 75100 50
RVCT 50 39.5+5 55 100150 94

5.3.2 Stress and strain distributions

Maximum principal logarithmic strain (LE) contours of the aortic and mitral leaflets at
representative time points of the opening and closing phases are shéigarea4. For

the AV, the peak strain during the ejection phase was observed along the leaflet attachment
line, with a peak value around 16%idqure 24a). During the valve closing phase, large
strains were concentrated in the middle region of the leaflet attachment line, followed by
the commissure regions. Some high strain areas were also obsehegentricular layer

near the central region, extending upwards towards the leaflet free edge during the closing

and opening phases.

For the MV,Figure24b shows that during the closing phase a heterogeneous strain
distribution was found in the mitral leaflets, with high values located in the belly to annular
P2 region, in the AML close to the right and left fibrous trigone annular regions, and at the
insertion points of the chordae tendineae. During the opening phase, much lower strain
values were obtained, with the maximum strain occurring along the MA. In general,
significant heterogeneity was observed in the strain distribution for both valve® due t

tissue anisotropy and geometric asymmetry.
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Figure 24. Opening and closing of a) AV and b) MV leaflets colored by the
maximum principal strain. Strain in chordae tendineae not plotted.

In addition, Figure 25 shows the radial and circumferential averaged (over the
measuring region) stresses and strains for AML and PML belly regions, as marked in the
rectangles oFigure21c. FromFigure25a and b it can be seen that, in gendrigher radial
and circumferential stresses were observed in the AML than in the PML. Note that the

spike values enclosed by the red circles during MV closure are due to numerical artifacts,
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which will be discussed later. In the diastolic phase, thesstidges for both leaflets were
negligible when the MV was open, with the PML circumferential stress being slightly

higher at some time intervals.
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Figure 25. Averaged circumferential and radial stresses of (a) AML and (b) PML,
and circumferential and radial strains of (c) AML and (d) PML, within the region of
interest, as marked inFigure 21c. Note the spike values marked by the circles are
due to numerical artifacts.

5.3.3 LV hemodynamics

Table4 compares globatemodynamic parameters calculated from theMalve model
and obtained from the subjespecific echo data. In general, the comparison between the

numerical results and the vivomeasurements showed a reasonable agreement. However,
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it is noted that theifference between these values is significant during the diastolic phase.
This is mainly due to the absence of calcifications at the MA in our adapted MV model
compared to clinical observations. Additionallyigure 26a shows the transvalvular
pressure dropwaveforms, measured one diameter upstream and three diameters
downstream from the valve annuli. The shape and values of the pressure waveforms agree
with well-known physiological measurements, except for the spike values enclosed by the

circles during thesarly systolic phase, which will be discussed later.

Table 4. Comparison of hemodynamic parameters calculated from the L\Walve
model and the subjectspecific echo data.

Parameters | LV -Valve | Echo Doppler
MSPD (mmHg)| 11.1 10.1
PSPD (mmHQ) 23.3 18.2
MDPD (mmHg) 2.0 3.6
PDPD (mmHQg) 5.2 8.2

E/A 1.02 0.88
EOAav (cnv) 1.6 1.3
EOAwv (cnv) 3.8 2.8

RVav (ml) 4.8 N/A

RFav (%) 7.4 N/A
RVwmv (ml) 9.8 N/A
RFwv (%) 15 N/A

5.3.4 Hydrodynamic forces

Figure 26b shows the axial hydrodynamic forces acting on the AV and MV, calculated by
vector addition of the axial contact forces exerted on the leaflets surface due to the blood
flow. Positve values represent the opening force, while negative values correspond to the
closing force. During systole, peak values were 2.17 N-a4db N for the AV and MV,

respectively. In diastole, peak forces reached up.&8 N and 0.54 N for the AV and MV,
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respectively. The MV opening force was found to be much lower than the value of the AV,
which is due to the smaller mitral transvalvular pressure drop. During the closing phase,

the hydrodynamic force on the MV was much higher than that on the AV.

Force (N)

ey —TAVP
2004 % ===TMVP
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Figure 26. a) Transvalvular pressure drop, b) hydrodynamic forces acting on the
valves, and c) flow rate through the valves. Note the spike values marked by the
circles are due to numerical artifacts.

Table 5 summarizes the average chordae tendineae tension at peak systolic
pressure. These forces were found to be well within the range\witro experimental
results(219. Additionally, PM forces for the LWalve model were determined as the sum
of the reaction forces on the chordal origin nodes that represent the tips of the PMs. At the
systolic peak, the forces for the anterolateral and posteromedial PMs were :1d&IN a
N, respectively. These values agree with to the ones measwied by Jensen et &15)

and simulated by Wang et &1.3).

Table 5. Chordae peak systolic tension.

Chordae force (N)| LV-Valve | Jimenez et al219
Marginal 0.221 0.23 £ 0.06
Strut 0.607 0.65+0.13
Basal 0.235 0.22 + 0.07
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5.3.5 Blood flow velocity

Figure 26c shows the calculated flow rate through the valves during the entire cardiac
cycle. The retrograde flow can clearly be seen during valve closing. By integrating the
negative flow rate in timeghe RV of the AV and MV was calculated as 4.8 ml and 9.8 ml,
respectively, representing a healthy valvular state. Note that RV is an important clinical
hydrodynamic metric that can only be calculated from a{tdlypled FSI approach, which
several previosly published model@20, 221) were not able to quantify. IRigure27a,

the maximum flow velocity downstream of the AWMiure21b) was maitored throughout
systole and compared to the subjgpecific Doppler recordingsFigure 27c). A
guantitative comparison indicates that the AV velocity reached a similar peak value in both
the LV-Valve model and the Doppler measurement. Furthermore, when compared to the
LV -NoValve malel, a much lower peak velocity of 1.16 m/s was observed. During the AV
closing phase, a retrograde velocity is clearly seen for th&/alVe model. In the LY
NoValve model, however, the retrograde velocity cannot be calculated. It is also important
to beaware of the considerable limitations associated with Doppler velocity measurements.
Since CW Doppler examination cannot pinpoint where along the ultrasound beam the
measured velocity comes fro(@22), retrograde flow measuremts are challenging to

obtain.

Similarly, the comparison of the flow velocity through the MV is showRigure
27b. The flow velocity was calculated at the midpoint between the tips of the opened MV
leaflets Figure21b), which corresponds to the probe location usually used in PW Doppler
measurements. It is noted that although theMalwe model had a similar MV waveform

pattern as the echo dat@dure27d), the peak value was not accurately predicted (0.74
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m/s vs. 1.17 m/s). Moreover, it is observed that for theNo¥alve model the velocity

was much lowe(0.28 m/s) than the echo data.
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Figure 27. Flow velocity through the (a) AV and (b) MV. Doppler echo velocity
recordings at ¢) AV and d) MV.

5.3.6 Largescale intraventricular flow patterns

Flow velocity vector fields in the anteriposterior long axis pland-igure 21b) for the
LV-Valve and L\A\NoValve models at two different time points are showRigure28a.

At peak systole (~80 ms), a constricted and symmetric central jet was observed
immediately downstream of the AV in the tWalve model, whereas a relatively uniform

velocity profile from the LVOT to the ascending aorta was observed in th&laValve

82



model. As expected, without the constriction of the AV, the central jet velocity in the LV
NoValve model is much lower. Similarly, during thewave (~490 ms), the flow jet
throughthe MV cannot be observed in the INbValve model. Additionally, a vortex
adjacent to the AML that is developed in the-Mdlve model is not present in the LV

NoValve model.

Finally, flow velocity vector fields from the L\Walve model at additional time
points are shown ifigure28b. During MV (~25 ms) and AV (~285 ms) closing, a large
retrograde flow through the valve is observed, while the opposite valve remained fully
closed. A large asymmetric vortex that has been shown to initiate MV closure and pre

ejection filling of the LVOT(12) can be seen at late diastole (~740 ms).
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Figure 28. a) Velocity vector fields in the anteriorposterior plane for the LV-Valve
and LV-NoValve models at peak systole and E wave, and b) for the EValve model
during MV closing, AV closing and late diastole.

5.4 Discussion

5.4.1 Structural analysis

Understading the coupled interaction between the valves and the LV is important for the
assessment of cardiac function in healthy and diseased states, as well as for the evaluation
and design of clinical procedures and medical devices for valve repair and repiadem

Part 2 of Specific Aim la, we quantified the valves maximum principal strain, and the

circumferential and radial stress and strain of the AML and PML throughout the entire
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cardiac cycle. In particular, it was found that the leaflets experiencigghlgt Binisotropic
mechanical response. Note that during sysfelgyre 258c,d shows that the radial strain

was higher in the PML than in the AML. This feature was previously observed by Lee et
al. (223 and Watton et a(83). In the circumferential direction, however, the PML showed
negative strain values during the entimetic ejection phase. The PML compressive strain

is likely caused by the strong mechanical coupling between the circumferential and radial
directions at systole. Indeed, in vivo and in vitro studi¥s, 224) have shown that the
coupling of the stretches in two directions can generate compressive stretches in the
circumferential direction of the PMLt ¢he beginning of MV closure, when there is a large

stretch in the radial direction.

Additionally, MV strains shown irFigure 25c,d were qualitativelysimilar to
previousin vivoandin vitro studies(224-227), with a rapid strain increase to the point of
full coaptation, folloved by a stable plateau in both radial and circumferential directions
during systolic ejection. ITable 6, the strains obtained numerically at the fubpded
state are quantitatively compared to those measuaret/o and in vitro in ovine and
porcine MVs. Our numerical results show a close agreement withinthivo and

experimental results.
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Table 6. Comparison of the MV strain values between the current study and the

literature.
Study | Model | Strain (%)
AML . .
vave | Pt | M arrs
Sacks et a225 | In vivo Clrcu_g;?jrizntﬁ: 135 + 0.4
Amini et al.(226) | In vivo _Clrcggn;gfgtial' 8
Sacks et al227) | In vitro C?rC‘E”;Lei;in;gl %31 +3
Jimenez etla(229) | In vitro C”“E”;L?;i”;‘;"ﬂ-: 171 5
PML ' |
vvave | Pt | SR er
He et al(217) | In vitro Circlgg"ldfitzrl:egtéal: 3
Padala et a(229) | In vitro C”“E”;L?;i”;‘g'; %30 +8

5.4.2 Fluid analysis

A quantitative flow field comparison between the-Mélve model and the LANoValve
models is presented Figure28a. The presence of the AV resultecaidecreased orifice
area of 2.240 & at the tip of the leaflets during peak systole. Meanwhile, without the valve,
the geometric orifice area at the annulus was aboutd®5The largescale flow patterns
were quite different as welkigure28a shows that for the L\Walve model, the maximum
velocity occurred just downstream of the AV, where the flow jet is highly concentrated but
the flow velocity inside the sinus region is less than 0.1 m/s. However, in tiNoMdlve
model, the maximum flow elocity occurred at the annulus with an unrealistically high

flow velocity of 0.5 m/s in the sinus region. Similarly, the MV flow velocity was much
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higher in the L\WWalve model than that in the I-MoValve model. Due to the strong flow

jet and the closurefdhe AV, a vortex adjacent to the AML was developed in the LV
Valve model, which was not seen in the-DNéValve model. This vortex is considered to

act as a reservoir that stores kinetic energy as it redirects blood towards the lateral LV wall
and initiaes MV closure and prejection filling of the LVOT in latediastole(12). It is

also noted that since complete closure of the MV and AV was achieved in the FSI
simulation, several interesting characteristics such as regurgitant flow have been observed

(Figure28b) and quantifiedTable4).

The spike values enclosed by the red circles in the leaflets strEgpa®25a,b),
transvalvular pressureBi@ure 26a) and hydrodynamic forceBiure 26b) are thought to
be caused by numerical artifactle FSI simulation. During early systole, there is a short
time period when both valves are nearly closed, forming a nearly closed system. Due to
the assumption of incompressible fluid, a small compression in volume for a closed system
can cause a largéange in pressure. In our FSI model, the motion of the cardiac wall was
prescribed according to the MSCT data, thus, a small decrease in LV volume, which is
very likely to occur during early systole, could lead to a large fluctuation in pressure. This
fluctuation, however, damped out rapidly due to the viscous effect of the fluid. This
numerical artifact could be resolved by modeling the interaction between the myocardium

and the blood flow by considering the active contraction of the myocardium.

Flow velccity passing through the MV from our models was compared to the Doppler
echo data ifrigure27b. Even with the inclusion of the valves, our simulated fl@locity
is lower than that of the subjespecific data. Two possible reasons may cause this

discrepancy: 1) the MV geometry used in the-\/slve model is not subjedpecific but
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was adapted from a previous study from our gii@@r Specifically, MA calcification was
detected in the subjespecific Doppler examination (sE&gure23c) but was not included

in our model in order to mimic a healthy state. MA calcification could potentially restrict
normal leaflet motion and cause a smaller opening area during diastole. Indeed, as shown
in Figure23b andTable4, relatively larger mitral leaflets opening angle and EOA, as well

as loweMDPD and PDPD values were obtained from the FSI simulation compared to the
in vivomeasurements; 2) only proximal LA wall motion was included in our model due to
the limited imaging window of the MSCT images. The incomplete LA dynamics could
affect the miral flow during atrial passive filling and contracti(n, 230). Despite these
limitations, our results are largely consistent with subgpefcificin vivo measurements,

clinical observations anid vivoandin vitro studies of healthy LMMV-AV dynamics.

5.5 Limitations

As explained in Part 1, the slip boundary condition in Abaqus SPH is not fully
constrained. This limited imposition is likely to affect the flow solution in the wall
boundary layer and limit the study of the sreadble flow features seen in the LV btbo

flow (207). Second, cardiac wall motion was prescribed according to the sappsific

MSCT imaging data. With this approach, the mesh deformation is independent of the
soluion of the fluid equations because all the nodes of the cardiac wall have prescribed
displacements at each time step. The use of this method is based on the assumption that the
flow-induced load on the cardiac wall is minor in comparison to the struatdiaded load

on the fluid flow(231). It is important to remember that as long the prescribed wall motion
closely resembles the subjegiecific MSCT images, the blood flow dynamics will be

similar whether the wall motion is pregied or computed by a coupled solution.
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CHAPTER 6. SPECIFIC AIM 1B 7 PART 1, LV-VALVE

DYNAMICS UNDER PRIMA RY MITRAL REGURGITAT ION

6.1 Introduction

MV prolapse following rupture of the chordsndineags a major cause of primaMR,

and is associated with several caaisuch as bacterial endocarditis, local myxomatous
degeneration, connective tissue abnormalities, hypertrophic cardiomyopathy, and blunt
chest traum&232). Mild varieties of mitral chordae rupture generally involve separation

of a singlechorda which can lead to minimum hemodynamic effects and requires neither
intervention nor treatment. Rupture of multiple chordae, however canzgse moderate to
severe acute or chronic MR32). Studies have shown that chordae rupture may be either
immediate onset or @rogressive process in which minimal rupture precedes more
extensive or even complete rupty&83). To restore normal MV function and prevent
further pathologic progression, MV repair or replacement can be perfof23ed A

variety of surgical and transcatheter repair treatments are currently available, however, in
manycaseghere is a sHoptimal selection of the treatment attributed to the complicated
repair techniqgues and the mitral apparatus complex geprtteat require extensive

surgical experience and specialized sKB8).

Computational modeling of heart valve dynamics and function is an active research
field that not only can allow ami depthexamination of the dynamics of the inalve
complex under normal and diseassdtes,but can also offepotentialto inform the

therapeutic decisiommaking proces$212). FE studies have been performed in the past
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with the goal to investigate MV dynamicstaf chordae ruptureKunzelman and
colleagueg97, 98) were among the first to study the effects of chordae rupture and their
repair on MV function. More recently, Kim af. (99-101) and Sturla et al(102, 103
evaluated the biomechanical characteristics of MV models with Pkélapse,and
compared different repair techniques such asameodae antkaflet resection. In these FE
studies, chordae structure was mainly determined from published clinical data and ex vivo
findings due to the limited resolution of the medical image data. Moreover, FE or
structuralonly models assume the hemodynamic pres$oad is uniformly distributed

over the leaflet surface, a factor which has been previously shown to affect valve dynamics
(3, 136). Structural valve models are appropriate for simulation of egtaic events such

as closed valves, but in order to accuratebdel full dynamic/transient valve dynamics,

an FSImodeling approach that accounts for the strong coupling between the large

deformation of the leaflets and the intraventricular blood flow is req(®ed

The first FSI model to investigate MV function with ruptured chordae was presented
by Toma et al(88). In this study, the importance of individual chordae on MV closure
dynamics was assessed by simulating rupture in every of the 51 possible chordae branches.
However, a rigid tube was used as an approximatiamefLVV domain, neglecting the
cardiac wall motion and its direct effect on the blood fldWwe severityof the resultant
MR was also approximated by calculating the regurgitant orifice area, with no
hemodynamic variables analyzed. In the study by Khodaaeil. (234), although the
modeling approach included the LV geometry to account for a physiologic moving
boundary, several critical simplifications such as an idealized MV geometry, the omission

of the LA and AV geometries, and the modeling of only the valve closing phase limited
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the findings of the study. Due to the complex mechanical coupling between thedV a
the LV mediated through the PM, the chordaedineaeand the dynamic MA, rigorous
modeling of MV dynamics under normal and diseased states should include the entire LH
complex. Indeed, it has been determined that even with a rigidaped LV model, &
intraventricular mitral flow patterns are substantially different from that estimated using a

tubular geometry3).

In Specific Aim 1bi Part 1, we will make use of the subjsgiecific LH model
previously developed and validated in Specific Aimi JRart 2 to investigate the coupled
LV -valve pathological dynamics under primary MR followmgral chordae rupture. The
FSI framework used in this study takes into account the complexity of the LH morphology,
the large deformation experienced by the aortic and mitral leaflets and the cardiac wall, the
anisotropic nonlinear elastic behavior of advular tissue, and the pulsatile hemodynamic
loads during the entire cardiac cycle. FSI simulations of LH dynamics under physiologic
(control) and seven chordae rupture conditions will be performed and compared, and the
effects on the force balance bétmitral apparatus, leaflets deformation state, MR severity,

LH hemodynamics and overall cardiac efficiency will be investigated.

6.2 Material sand Methods

Figure29 presents our computational modeling protocol for investigation of LH dynamics
following mitral chordae rupture. This protocol was composed of FSI simulation of
physiologic LH function (control), virtual modeling of multiple levels of chordae rupture,

FSlsimulation of LH function after chordae rupture, and evaluation of the functional and

biomechanics characteristics of the coupleduaWe pathological dynamics.
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Figure 29. Computational modeling protocol for investigation of LHdynamics
following mitral chordae rupture.

6.2.1 Subjectspecific LH model

In this study, we employed the healthy ddlve model developed in Specific Aim 1a

Part 2 (Subject 2). As seen kigure 30A, this control LH model comprises all major
cardiac structures, including the aortic root, AV, LV, MV and LA. As sedfigare30B,

the detailed mitral chordae structure (number, position, length, branching, origins of the
PM tips, and insertions into the leaflets) was clearly visible from the MSCT images, which
had excellent clarity and crisp detdi3). Chordae were classified into five groups
according to the respective insertion zone on the leaflets: anterior strut, anterior marginal,
posterior marginal, posterior intermediate, and posterior fa8alAs shown inFigure

30D, marginal chordae insert into the leaflet free edge, intermediate chordae insert on the
leaflet rough zone, and basal chordae insert closer to the leaflet basguidihimages

also allowed us to identify and delineate the chordae that protruded from the PM heads.
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Simple point insertions were then used to model the distribution of the chordae origins on
the PM tips. Identifying and creating the chordae to leaflesitian zone, on the other
hand, is a nontrivigbroblem,since chordae seamlessly fuse into the leaflets and limited

image resolution can prevent the complete detection of this detailed structure.

For the basal and strut chordae, the leafteirdae trarison zone was easily
identified from the MSCT images. Feghaped truss elements were used to follow the
visible chordae splits and avoid local stress concentrations on the leaflets. For some of the
intermediate and marginal chordae, however, the transitigion was not clearly detected.
Thus, the number of splits and their lengths were initially estimated and required further
manual refinement. This optimization process aimed to quantitatively match the FE
deformed MV systolic geometry with the subjsgecific MSCT image&’3). In summary,
chordae originated from the APM and PRk, and distrilutedto the ventricular surface
of the leaflets as presentedTiable?. A total of 17 chordae origins were modeled from the
PM tips. Crosssectional aga values of 0.71 min2.05 mm, and 0.38 mrhwere assigned
to basall/intermediate, strut, and marginal chordae, respec{(i¥v8ly Each chord was

modeled with up to 10 elements, with arege element length of 1.5 mm.
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Figure 30. A) Control LH model, B) MV model reconstructed from MSCT images,
C) top view of MV with four sub-regions, D) PML chordae groups. AML chordae
not shown for clarity.

Table 7. Mitral chordae structure.

From APM From PPM

AML

Number of chordae origins PML

AML marginal
AML strut
Number of chordae leaflet insertioc  PML marginal
PML intermediate
PML basal

O ~N~NWOo~ ol
OO ~OOCTIW
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6.2.2 Chordae rupture modelling

The control LH model wadefined as having all mitral apparatus anatomical structures
intact. PML prolapse is more prevalent than AML prolag@85), usually involving
ruptured chordae in the central scallop (P2), which then extends to the lateral P1 and P3
scallops(102, 103 236, 237) (Figure30C). Thus, the chordae rupture LH models were
virtually created by modifying the control model, initially removing marginal and
intermediate chordae elements in the individual PML scallops, and then progressing
towards rupture of the basal chordae; causing partial or total double scallop prolapse. A

total of s&en chordae rupture LH models were created.

6.2.3 Boundary conditions

Pressure boundary conditions were applied at the atrial inlet and aortic outlet of the LH
models. For the control model, a constant LA pressure of 20 mmHg was prescribed at the
inlet, while an aortic pressure waveform, as seerrigure 31, was applied at the outlet
(208). In acute MR due to ruptured chordaep in a normaisized LA results in a marked
increase in the atrial pressure (elevated/de)(238). Thus, the chordae rupture models
enmployed a pathological atrial inlet pressure wavefq@89), while the same aortic

pressure waveform as in the control model was applied at the outlet.

Cardiac wall motion was prescribed as previously explained in Specific Ailm 1a.
this study, the cardiac wall motion was kept the same for all LH moHeis.approach
aims to replicate the instantaneous changes in cardiac dynamics during acute MR due to

chordaeupture,when the LV has not yet remodeled, but the afterload is decreased as the

95



result of partial systolic emptying into the LA. Thus, the comnspéary and cardiac

remodeling mechanisms unddronic MR were not considered.

120 -
100 -~
% 80
£
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& LA - Chordal rupture
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0 0.2 0.4 0.6 0.8

Time (s)

Figure 31. Aortic and LA pressure boundary conditions.

6.2.4 Data analysis

In addition to the structural and hemodynamics variables previously preseSteekcific

Aim lai Part 2, the following parameters were quantified in this study. The net force
carried by the different chordaendineaegroups at peak systolic pressure. The force
experienced by a particular chordae group was calculated as the sum of vectors
representing the tension in each individctadrdaattached to that chordae group. In order

to facilitate visualization and analyslsH models were grouped according to the PM from

where the chordae ruptured.

In order to quantitatively grade the severity of MR for the different LH models, the
Y w was determined by the time integral of the negative transmitral systolic flow, where

Y @ is equal to the sum of the closing volume and the leakage volume. In this study, the
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closing volume was defined as the volume of blood flowing retrograde thtbegralve

during its closure, and was quantified for all models from the start of negative transmitral
flow at early systolentil the control model reached a positive mitral flow, as indicated by
the dotted line irFigure32B. Any fluid volume accumulation after valve closure resulted
from leakage and it was referred to as leakage volume. We note that for MR cases, there is
no widelyaccepted definitioto distinguish between the closing and leakage volumes. The
combination of the forward stroke volum#& () and theéY w is known as the total SV

of the LV (0 @y, which was used to calculate the regurgitant fractiyiQ

Yo jdwYo

LV efficiency, an important measure of ventricular pump performance, is defined as
the efficiency of energy transfer from the LV to the arterial syg@40). This variable
represents the percentage of total energy expenditure by the myocardium that is converted
into external stroke workY . LV efficiency was calculated 88T 0 & fwhere'Q Y w
is the forward'Y @y and was defined as the time integral of the continuous product of flow
across the AV and the aortic pressure during sy$ddl#). From a pressureolume loop,

0 ® Sknown as the pressure volume aregresentthe total mechanical energy generated
by ventricular contraction, whete 6 0 'O "Y®(242). "Ywcorresponds to the area of
the pressurgolume loop, and characterizes the external mechanm&l achieved by the
heart to eject theé @YD ‘Qor potential energy, on the other hand, is thetrarical energy
that is available in the LV at ergystole that was not converted into external work and will

be dissipated during relaxati¢242).

6.3 Results
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6.3.1 Global hemodynamic parameters

Figure32 shows the computed volumetric flow rate through the AV and MV from systole

to diastole for the LH models. The negative AV flow at early diastolEiguire 32A

indicates backflow of blood into the LV during AV closure, while the negative systolic

MV flow in Figure32B indicates the backflow of blood into the LA due to MV closing

and incompetence. During systole, the AV flow reached a peak value of 414 mi/s for the

control model, while the minimum peak flow was obtained for the P2/P1 modelawit

value of 169 ml/s. As seen kgure32B, this reduction in the aortic flow from the P2/P1

model coincided with the highest mitral regurgitant flow.
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Figure 32. Flow rate across the AV and MV through the cardiac cycle. PML is
divided into P1, P2 and P3 scallops.

Table8 summarizes the main hemodynamic parameters. By usiny e as a

the parameter in the grading of MR sevel{i®p), Table 8 shows that from the seven

chordae rupture models, 3 can be classified as having mild MR, 2 moderate MR, and 2
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severe MR. As per 2014 AHA/ACC guidelin€$3), 2 chordae rupture models can be
classified as havingevere MR Y 'O > 50%), while the other 4 models as having
progressive MR'Y 'O < 50%). As expected, théo was similar for all LH models, with

the lowest value obtained for the control model. From these results it can be seen that the
severity ofMR not only has amipact onthe'Yw hbut also on the onset of AV closing

(especially in the severe MR models) and ontee due to coupled valve dynamics.

Table 8. Summary of global hemodynamic parameters.

Isolated Isolated Partial Isolated Partial
P3 P1 P2/P1 P2 P2/P3

RVav (Ml)  4.27 4.34 4.63 4.73 4.61 5.05 462 4.72

MVclosing = ge5 854 1021 1126 11.86 13.19 16.25 17.08
volume (ml)

MVleakage o» 336 454 647 1246  13.33 31.04 34.45

volume (ml)

RVmv (M) 927 11.90 1475 17.73 2432 2652 47.19 51.53
SVav (ml) 5822 5518 51.55 4843 41.94 3972 20.46 16.16
RFw (%) 13.74 17.74 22.25 2680 36.70 40.04 69.76 76.13

MI?RSF?W\SHW Mild Mild Mild Mild  Moderate ModerateSevertSevert

Control P2/P3P2/P1

6.3.2 Chordae tension

Figure 33 shows the net force carried by the different chotéaeineaegroups at peak
systolic pressurd.able9 presents the numerical valuesidure33. In the control model,

the highest PML chordae tension was found for the basal chordae, followed by the
intermediate chordae, and lastly the marginal chordae. For the AML, the chordae tension
was higher in the strut chordae than in the marginal chordae. When compared to the control

model,Figure33 shows that there was no evident changeeéntdmsion of AML marginal
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chordae as the number of ruptured chordae increased. However, there was a noticeable
increase in their tension (>20%) during total double scallop prolapse (i.e. P2/P3 and P2/P1
models). On the other hand, the tension in the stratdae appeared to decrease as the
number of ruptured chordae increased. This reduction was more than 20% during total

double scallop prolapse.

In general, the tension in the PML basal chordae decreased as the as the number of
ruptured chordae increasedoreover, there was a clear reduction of more than 50% in
their tension when partial or total double scallop prolapse occurred. In the isolated scallop
prolapse models, as expected, the net PML marginal and intermediate chordae tensions
decreased. Howevem the partial double scallop prolapse models, marginal chordae
tension increased more than 20% compared to the control model. When total double scallop
prolapse occurred, while marginal chordae tension decreased and intermediate chordae
tension increaseth the P2/P1 model, the opposite trend occurred in the P2/P3 model,

where marginal chordae tension increased and intermediate chordae tension decreased.
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Figure 33. Chordae tension at peak systole. APM: anterolateral PM, PPM:
pogeromedial PM.

Table 9. Summary of chordae and PM forces (N) at peak systole, and percentage
change compared to the control model.

Control 'SOF'%ted 'SOF',alted 'SOF',azted F;g;ﬂfi' E,‘;;tli:a:,: P2/P3  P2/P1

(N) {(N) (%) ((N) (%) ((N) (%) {(N) (%) [(N) (%) ((N) (%) {(N) (%)
AML marginal 1.61 {1.63 1.22{1.9219.041.71 6.28{1.36-15.641.55 -4.05 {1.9520.651.9923.62
AML strut ~ 3.49 3.1111'.133.29 -5.973.15-9.883.13-10.392.98 -14.872.6823'.342.5626'.71
PML marginal 0.70 0.49 30'.000.35 50‘_550.52 25"87 0.88 26.51{1.43 105.041.0347.080.28 60'.47
imefrﬁ]"gdiate 1.11 0.9414'.970.6541"540.4360"822.01 82.06/0.64 -42.280.5847'.261.3623.39
PML basal 4.97 i4.28 13'.754.64 -6.4814.35 12"332.45 -50.582.37 -52.25 1.7165'.621.7465_)'.06
APM 6.15 5.43 11'_665.5210'_205.3912'_343.76-38.775.99 -2.615.70-7.32 2.4560'_10
PPM 5.73 15.02 12'.395.32 -7.134.7816'_596.08 6.08 {2.98 -48.022.2560'_795.48 -4.40
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6.3.3 Leaflet stress

Figure34 shows the maximum principal stress distribution across the mitral leaflets at peak
systole. A stress value threshold of 0.5 MPa was applied such that relatively large stress

values were displeed in grey, facilitating the comparison between all models.

6.3.3.1 Control model

As shown inFigure 34, full leaflet coaptation was clearly observed in the control model,

as this was confirmed by the compud¥l leakage volume of 0.62 min the PML,high
stresgegions were observed in the P2 bellp&salregion, with a maximum value of 0.34

MPa at thansertion of the basal chordae. Lower levels of tensile stress were found in the
P1 and P3 scallops, even resulting in compressive stresses from the bucking or folding of
the tissue. In all MV models, a similar pattern of stress distribution was obsartes i

AML, displaying large stresses in the belly region and close to the fibrous trigones along
the MA, regardless of the presence of leaflet prolapse. For the control model, the maximum
AML stress was 0.4B1Pa,and was located close to the right fibrétigone region and at

the insertion of the strut chordae.

6.3.3.2 Chordae rupture models

PML stress distribution for the chordae rupture models differed from the control model. In
the isolated scallop prolapse models, the free edge of the scallop was unresitricted
prolapsed towards the LA, whereas the belly region bent. However, an increase in the stress
of the prolapsing scallop was retident,and even seemed to become less tensile and more

compressive. Between the three isolated scallop models, the maxiMurstiess value



(0.46 MPa) occurred in the isolated P®del,and was localized near the P2/P1 junction

region where the remaining intact basal chordae were connected.

' A ' '
Isolated P2 '

Isolated P1

Partial P2/P3

Isolated P3

Partial P2/P1

S, Max. Principal
Avg: 75%
(Avg: 75%) (MPa)

Figure 34. Stress distribution in the mitral leaflets at peaksystole.

In the presence of partial or total double scallop prolapse, abnormal bulging of the

PML was clearly found in all models. Overall, a broad band of large stressdsg 0/ a)
occurred in the belly region of the prolapsed segment. Additiomadfly,stressalues (1.5

2.8 MPa) occurred near the scallop junction free edge regions, where the adjacent
remaining marginal chordae were connected. Between the four double scallop prolapse
models, the maximum stress (2.8 MPa) occurred in the R2de@l,and was localized

near the free edge of the P2 scallop where the remaining intact marginal chordae were
attached. In order to quantitatively compare the stress in the le&ftgise 35 shows the

maximum principal stress values averaged over the fouregibns of the mitral leaflets.
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Leaflet coaptation and mitral annular regions were not includechéoatveraged stress

calculation.

Models related to APM Models related to PPM

0.2 0.2

0. 0.1
P1 P2 P3 P1 P2 P3
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Figure 35. Averaged max. principal stress (MPa) in mitral leaflets at peak systole.

6.3.4 LH hemodynamics

Figure36shows the 3D velocity streamlines colored by velocity magnitude at peak systole.
From the figure it is evident that chordae rupture causes a regurgitant jet into the LA,
however, the structugnd strength of this jet varies depending on the location and severity
of the prolapse. Based on the jet direction, three types of MR jets were found: 1) an
anterolaterallydirected regurgitant jet was originated in the isolated P3 and P2/P3 models
2) ananteromediallydirected MR jet was found in the isolated P1, isolated P2, and P2/P1
models; and 3) aanteriorly directed central jet was developed in the partial P2/P1 and
partial P2/P3nodels These 3D morphologies of the MV and flow structures obtdnoed

the FSI simulations corresponded well to pathologic MR characteristics observed in 2D/3D
echo and cardiac MRI daf@9, 100, 103 244). Additionally, Figure36 shows that chordae

rupture can produce eccentricands#®o cent r i ¢ MR | e thsu.g gAm gedc g eer
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that impinged the LA wall was visible in the 4 double scallop prolapse models.rGelyye

a noneccentric jet with more visible 3D flow features and flowing towards the central
portion of the LA was found in the 3 isolated scallop prolapse models. Peak regurgitant
velocity as well as peak aortic velocity for all modate presented ihable10. Note that

peak regurgitant velocity may not necessavitgurat peak systole.

Table 10. Summary of aortic and regurgitant jet velocities and LV efficiency.

Isolated Isolated Partial Isolated Partial -
Control ™54 P1  p2/PL P2  pa/p3 "2/PeP2IPI

2.69 241 2.31 2.38 2.23 207 1.33 1.19

Peak aortic
velocity (m/s)
Peak regurgitan

. N/A 5.05 5.01 5.47 4.71 571 5.17 5.47
velocity (m/s)

‘O'Yd)) 089 084 078 074 063 060 031 0.24
Y6r(d) 102 101 101 100 098 098 0.93 0.91
LV e?;'/g)'ency 7564 7182 67.59 63.98 5503 53.20 28.6422.86
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Figure 36. Velocity streamlines showingegurgitant jet structures at peak systole.

6.3.5 LV efficiency

Figure 37 shows a representative pressuotume loop for thedolated P2 modelLV

efficiency results are summarizedlinble10. As expected, the highest LV efficiency was

found for the control model, with a value of 75.64%. MR tlueuptured chordae caused

a reduction in the LV pump performance, from 71.82% in mild MR, down to 22.86% in

severe MR.
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Figure 37. Representative pressure/olume loop for isolated P2 model.

6.4 Discussion
6.4.1 Mitral apparatus force balace

The results of this study showed that basal/strut chordae carried the majority of the systolic
load acting on the leafletEigure33). Further, basal/strut load decreased as the number of
ruptured chordae increased. This reduction in the load was more than 50% for basal
chordae when partial or total double scallop prolapse occurred, and more than 20% for strut
chordae during total doigscallop prolapse. This marked reduction in basal/strut chordae
load, together with the corresponding increase in the marginal/intermediate chordae load
could be caused by the reduction of the leaflet coaptation zone. A smaller coaptation area
increaseghe tension of the remaining marginal/intermediate chordae, as they have to
account for a higher pressdpearing systolic load that otherwise wolld absorbedby

proper leaflet apposition. As it has been shown that the thinner marginal chordae are less



extensible(245 246) and weaker than basal chorda2d?), longterm results may lead to

chordae elongation, further exacerbate chordae rupture, and eventually cause valve failure.

Chordae tension has previously been measured in vivo and in vitro under
physiological and pathological conditiori22). However, due to inherent procedural
difficulty and in order to avoid interference with normal valve dynamics, these studies have
been unable to simultaneously measure the forces across all chordae groups, and instead,
have averaged the tensiomrasured in few chordae. Overall, these studies have found that
the average tension in a single AML strut chord is the highest among all clgoodas,
and that individual marginadhordaforce is lower than strut/intermediate chordae forces
(15, 248. When the chordae tensions for each chordae group were averaged in our control
model, our simulations selts seem to agree with the experimental findings, showing that
a single AML strut chord is subjected to the highest average load, with a value of 0.5 N.
Furthermore, PML and AML marginal chordae carried the lowest average loads, with
values of 0.05 N an@.12 N, respectively. In MV FE models with isolated P2 prolapse
developed by Sturla et af102 103, the total tension in the chordae locatedthe
proximity of the prolapsing region ranged between 2.56 N and 3.99 N. The present FSI
study showed, however, that marginal and intermediate chordae tensions in the isolated P2
prolapse model were 0.52 N and 0.43 N, respectiviedple9). The discrepancy between
our results and other computational studies could be due to differences in the numerical

approaches, geometry, material properties, and boyedaditions.

The measurement of the PM forces is critical for the understanding of the mitral
apparatus force balance and redistribution under pathological conditions. As $ablein

9, the tension in the PM from where the chordae ruptured was reduced betwe&ii%0%
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in the 3 isolated scallop prolapse models, more than 38% during partial double scallop
prolapse, and around 60% during total double spatirolapse. Contrary to our results,
Sturla and colleagug403) noticed a reduction in the PM force from a prolapsed MV to a
repaired MV with neechordae, which should resemble a healthy MV. At peak systole, it

is expectedhat thePM forces in a physiologic MV should be higher than of a prolapsed
MV due to the larger leaflet area experiencing the transmitral pressure difference. Further,
Sturla et al(103) found that the combined PM tensionder isolated P2 prolapse ranged
between 13.58 N and 17.57 N, which is 30986 larger than the value found in our
isolated P2 prolapse FSI model (10.17 N). For the control model, it can be seen that for
both PM, the PML chordae carried between 530% ofthe load. This distribution was

not strongly affected in the isolated scallop prolapse models. Moreover, when partial or
total double scallop prolapse occurred, the opposite PM did not show a significant increase
or reduction in its tension, as the tdtad carried by the PML and AML chordae remained

approximately the same as in the control model.

This capability to systematically quantify the force redistribution from the mitral
leaflets to the PM from a healthy to a pathological state is a valuadléhat could lead
to an improved understanding of how different pathologies and repair techniques influence
LH dynamics and valve mechanics. For example, the use efhdae has made a great
number of complex MV pathologies amenable to repair rather teplacemeni249.
Nevertheless, determining the optimal number, location and proper length-ciorelae
remainsa challeng€102). As shown by an elegant FE study by Sturla and colled@082s
103, small differences in the naexhordae technique used can significamler native

chordae forces and leaflet stresses, despiteparable macroscopic successful clinical



outcomes. Neehordae placement should aim to bring the coaptation region back into the
LV inflow region, prevent postepair systolic AML motion, and overcome MR. Thus, FSI
models are required in order to quantifig flow across the valve and accurately simulate
full dynamic valve behaviq3), both d which are essential in the simulation of MV repair
because valvular dynamics are affected by the reduction of the effective valvular orifice

and restricted motion of the leaflets themselves.

The FSI modeling framework developed in this study could aveecsome of the
weaknesses of the decoupled FE approach, and open the way to assess the ceupled LV
valve fluid and structural mechanics before and after MV repair. Combined with clinical
data, FSI computational models can provide highly controlled anditpiene analyses of
the distinct effects of various valve repair/replacement techniques, pathophysiologic
conditions, and anatomical variations on the coupled LH dynamics, and are thus
advantageous over FBr fluid-only computational models, and complertay to in vivo

and in vitro models.

The development of these detailed cardiac computational models for functional
evaluation and treatment planning is highly dependent on available clinical imaging
modalities, since capturing anatomically accurate 30yesaf the cardiac structures is a
critical first step of any computational modeling endeavor. Currently, echo is the standard
noninvasive clinical imaging modality to examitiee cardiacfunction and valvular
diseases. However, due to its limited spatedolution, patienspecific detailed mitral
chordae structure and distribution cannot be accurately captured or seg(ént@ther
noninvasive 3D cardiac imaging modalities include cardiac MRl and MSCT. As shown in

this study, higlhquality MSCT images can enable accurate and detailed segmentation of
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the valvular and subalvular structures of the LH. In case of low MSCT image quality, a
complementary segmentation approach that uses optimization methods, parametric
modeling using anatomic landmarks points of the valvular apparatus, or generalized
anatomical models frontiterature-derived data, as commonly used in eetterived
computational models, would be requi(@l Fortunately, recent dewgments in MSCT
technology now allow rapid acquisition of volumetric datasets with high spatial and
temporal resolution and unlimited 2D planar reconstruction-pastessing capability.
These newgeneration MSCT scanners, together with a parallel rapmhreston of
percutaneous valvular repair and replacement technigvesot only allowed that MSCT
becomes the standard imaging modality ingm@cedural assessment, but that this imaging
modality has the potential to play an important role in the diagravel evaluation of

valvular pathologie$250).

6.4.2 Leaflet stress distribution

In the chordae rupture models where partial or total double scallop prolapse occurred,
overall, ahigh-stressconcentration was found in the prolapsed PML segment when
compared to the control modeéDur simulation results seem to agree with previous
computational studies that have compared MV stresses under chordae rupture and
normal/repaired statgd00 251, 252). For exampleKunzelman et al(97) investigated

MV dynamics under physiological and P2 chordae rupture states. Similar to our study, it
was found that the leaflet stress increased during changateire, and that stress
concentrabns were located close to the attachment point of the adjacent remaining native
chordae. Similarly, Sturla et 103 found that the stress in the prolapsed P2 scallop

increased during chordae rupture, indicating excedsading of the remaining chordae

111



and adjacent leaflet tissue. Nevertheless, as seé&igure 35, our study showed that
chordae rupture in a specificadlop does not always involve an increase in the stress of
the entire leaflet. For example, in the P1 and P3 isolated models, it was found that the
average stress in the prolapsed scallodact decreased around 20%, while in the
neighboring and opposiszallops decreased between-2886. Moreover, in the isolated

P2 model, the reduction in the stress of the P2 scallop was 50%, while in the neighboring

scallops (i.e. P1 and P3) decreased betweel 8%

On the contrary, in the four models where partraiobal double scallop prolapse
occurred, the stress in the lateral (P1 or &3)llops increasenhore than 65%, in the
central (P2) scallop increased between-&8%0, and in the healthy scallop decreased
between 7%25%. It is noteworthy that the averageess in the AML was also reduced as
the number of ruptured chordae increased. This reduction was more than 20% when partial
or total double scallop prolapse occurred. This indicates that PML chordae rupture also
affects the stress distribution in the AMLIs reasonable to expect that these differences
in tissue loading can cause the mitral leaflets to remodel and adapt to the geometric needs
imposed by chordae elongation and rup(@%8, 254), similar as chronic tension leads to
permanent increases in size in bone, vessels, an@&&257). However, little is known
about this phenomenon, in part due to the lack of a measuring technique that can accurately
and parametrically quantify the Wimechanical state under different pathophysiological
loads. The FSI modeling framework developed in this study can potentially allow for such
measurements, which can provide invaluable data for exploring the basic mechanisms of

tissue remodeling.

6.4.3 Pathologc LH hemodynamics



Accurate grading of MR severity is crucial for clinical decision making, prognosis, and
timing of treatment intervention. The most common method for noninvasive assessment of
MR is echq however, accurate and reproducible quantificatmnthe Y@ is
compromised by the presence of multiple jets, the dynamic regurgitant orifice, and
geometrical assumptions of the mitral orifice and the LM@38). Moreover, given the
possible eccentricity of the regurgitant jet into the LA with a marked Coanda effect,
guantification of MR severity can be underestimated due to limitations of alignment,
hydrodynamic gnciple assumptions using the PISA method, and Color Doppler jet size
attenuation when the jet is wall huggi(2b9. Herein the importance of quantifying the
Y@ with a volumetric techmjue, that although is time consuming as it requires
calculation of théY cand'Y athrough the regurgitant and reference valves, has advantages

in eccentric MR jets, multiple jets, and niwtHate systolic MR.

As shown inTable8 andTable9, the modeling approach implemented in this study
was able to assess MR setyeby directly quantifying thér w , which is a strong indicator
of MV function, as well as its effect on the aortic blood flow. Moreover, this is the first
computational work that reported different MR jet structures in the LA using an FSI
framework.As seen irFigure36, while some regurgitant jets followed the direction of the
flow determined by the prolapsed segment; with a more central locattien,Coanda jets
appeared to be attracted towards the atrial wall. The results of this work could be used to
better understand how the regurgitant flow features can affect LA enlarg&6éntas
well as echo assessment of MR by performing a systematic comparison of the different
semiquantitative and quantitative techniques. Heart pumping efficiency is also an

important hemodyamic metric that can be studied with an integrative computational
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approach. When MR was present, there was a progressive reduction in the LV pump
efficiency in performing’Q"Y ewsince the total SW was divided into tf@"Yaand the
ineffective work of the volume regurgitation into the LA. Impaired LV efficiency for the
chordae rupture models was between 71.8222.86%. Our model predictions seem to
agree well with in vivo measurements under healthy and MR cond#fdngor example,
Kameyama et al(242) found that the human LV efficiency is 69% + 10% under

physiological conditions.

It is also important to note that besidbs expected increase in the MV leakage
volume as the number of ruptured chordae increa$elld 8), a higher MV closing
volume was also predicted; esally in the severe MR models. It was found that although
the degree of MV opening and the timing of valve closure was similar for all LH models
at enddiastole, the mitral leaflets coapt together faster in the control model. The reason
behind this is tat the basal chordae were the first to carry the pressure load early in systole,
preventing the base of the PML to partially bulge upward into the LA due to the increased
transmitral pressure, as it occurred in the LH models pattiial or total double stlop
prolapse In the control model, this allowed that a larger leaflet area was perpendicular to
the pressure gradient, therefore creating a larger closing force and causing the leaflets to
coapt together faster. This findingnderscoresa) the importance of basal chordae in
optimizing MV closure, and b) the fact that blood flow dynamics and the structural
mechanics of the valves should be modeled together using FSI in order to capture the full

valve dynamics throughout the cardiac cycle.

In this study, we maka firstattempt in relating the ventricular fluid dynamics with

the valve mechanics during MR by modeling flieaflet interaction, leaflet coaptation,
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and flow dynamics into, outward and within the LV. Studies like this are signifi
because it is known that for complex systems such as the heart, the structural deformation
of the valves is intricately associated with the blood flow dynamics, and a deeper
understanding of the interaction between the different components may lessdtictools

to diagnose and treat any abnormality of one part based on available information about the
other. Performing FSI simulations of the LH dynamics to a satisfactory level, however, is
not a trivial task. The main challenges to overcameel) the large nonlinear deformation

of the valve leaflets, 2) flow domain discontinuity due to rapid valve closure, and 3) the
computation oflow-induced loads on evolving complex fluswlid interfaces. Regardless

of significant advances in the field, exigjifFSI methods using either a boundary
conforming formulation such as the ALE method, or a-hoandary conforming
formulation such as the IB method experience several complicdti8@s262), mainly
because the fluid mechanicseamost conveniently described using the Eulerian
formulation, while the solid equations are normally described in the Lagrangian

formulation.

Using a Lagrangian description for both fluid and solid domains is a potential remedy
to the simulation of FSI problems, aB&His one of these methods. The meshless nature
of SPH allows large deformations to be modeled more easily in cases wherbassesh
methods would require dealing with expensiveneshing and with a moving interface on
a stationary mesh. Previous studies have concluded that the SPH method is a viable FSI
technique to simulate the complex valve dynamics and the-sagje ventriculaflow
dynamics(86, 136, 156, 207, 208). Nevertheless, like any other numerical method, SPH

has its own limitations and further developments are still required for SPH to compete with
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established mesbased methods. For example, in thigdyeach cardiac cycle required
approximately 5 days to run. As a result, the present FSI modeling framework cannot be
used in a clinical setting and currently, is only suitable for a research enembonm
However, both FE and SPH solvers can use the GPU's extremely parallel archi8;ture
263 264), which will significantly reduce the running time in the near future and avoid the

need for a largeomputercluster.

6.5 Limitations

There are some limitations that should be taken into account when interpreting the results
of this study. First, in thiparametric FSktudy we adapted one previously validated
healthy LH model to create seven chordae rupture cases, employing the same baseline
conditions for all diseased models, with variations of chordae rupture location and number.
Such welicontrolled, &e-by-side comparisons are difficult to obtain in real patient
conditions. However, we acknowledge that a large cohort of pajpedific LH models

needs to be developed and simulated to replicate clinical conditions and draw statistical
conclusions. Semd, there is no direct validation of the chordae rupture LH models. We
assume that LH and valve computational models that have been validated under
physiological conditiong73, 207, 208) can also accurately simulate some pathological
states, such as acute MR due to chordae rupture. To allow for validation of the chordae
rupture LH models, a retrospective study of patients with mitaélieteprolapse scheduled

for MV repair would be needed, and clinical measurements should be compared to FSI

results.
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Third, the FSI modeling protocol adopted in this study requiredresiderable
amount of human effort to create the LH models and of ctatipnal time to run the FSI
simulations, which is not compatible with its use in a routine clinical setting. We are
currently developing methods to streamline and automate the model generation and
simulation process to facilitate analysis of larger pato@morts(265. Fourth, although
alterations in tissue properties have been found when MV prolapse is caused by chordae
rupture(266), the same mitral tissue properties and geometry (e.g. tisekadss) were
used for all models in this study. Therefore, simulation results may differ if papenific
pathological tissue and geometrical data are incorporated. Finally, due itthénent
limitation of AbaqusSPHformulation, smakhscale flowandturbulence features may not
be accurately solved close to the cardiac wall. When patrticles are close to the wall, part of
the supporting domain of the smoothing kernel will not be filled with SPH particles,
affecting their integration accuracy. Howemie combined effect of the smoothing kernel
interpolation function near the wall and the nadeurface contact interaction partially

enforceghe noslip boundary condition.



CHAPTER 7. SPECIFIC AIM 1B 1 PART 2, LV-VALVE
DYNAMICS UNDER SECONDARY MITRAL REGURGIT ATION

AND BICUSPID AORTIC VALVE STENOSIS

7.1 Introduction

In contrast to degenerative or primary MR that results from the pathologic abnormality of
the valvular tissuesecondary ofunctional MR occurs on a structurally normal MV as a
result of alterations iV geometry and function. Functional MR represents a major
clinical challenge, since severe MR has poor prognosis in patients with heart failure and
reduced LVEKR267, 268). In ischemic MR, pathological LV remodeling contributes to the
apical, posterior and lateral displacement of the PM, with reduced LV contractility and
abnormal MA contraction. The displacement of the PM results in traction on the mitral
leaflets and restriomn on leaflet motion. Moreover, inadequate closure of the MV

contributes to increased tethering forces and reduced leaflet closingZ68c270).

Using an undersized annuloplasty ring to improve leaflet coaptation is a common
surgical treatment for functional MR. Significant recurrence of MR, however, has been
reported following annuloplasty271-273). Moreover, many patients with severe
functional MR are not eligible for surgical MV repair due to multiple comorbidities and
high surgical risk (274). Other treatments include leaflet resection, neochordae
implantation, and edgm-edge repaif272, 275278. The highly complex structure and
the interrelated function among the valve substructures and the continuous remodeling

mechanisms of MR make MV treatment strategy difficult. ParticulayV repair, the
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success of a technique may be associated with the leaflet stress, MA force and chordae
forceg279-281). Therefore, it is important to understand thevaAlve biomechanics aer
functional MR, in order to assess the effectiveness of repair strategies and determine the

optimal strategy available for specific patients.

Computational studies have been useful in assessing the MV mechanics under
normal and diseased conditionsyaad| as evaluating surgical MV repair techniques. MV
repair by annuloplasty and MitraClip intervention was studied using patecific FE
MV models derived from echocardiography dé282284). However, due to the limited
resolution of echo data, the locations of chordal insertiontp@ind singlgoint chordal
origins on the PM in these models were assumed. PM and MA dynamic motion from
diastole to systole is essential for accurate simulation of leaflet closing behaviors using
healthy MV model4285). Realistic chordae and leaflet reconstruction has been achieved

based on MicreCT, but MicreCT cannot be applied in a clinical settif&B6).

Hence,in Specific Aim 1bi Part 2,we aim to develop a patiespecific LH model
with functional MR and concomitarBAV that includes detailed chordaendineae
structure and distribution, accurate leaflet geometry and thickness, dynamic MA and
chordae origins, anisotropic hyperelastic material models, and humaarahgender
matched material properties. Despite phesence of traction on the MV leaflets caused by
displacement of the PM, the initial MV geometry constructed from clinical images has
been assumed strefsse in previous studies. In this study, we will introduce the tethering
pretension force, the terma existing in the chordae prior to systole, which plays an
important role in accurately simulating MV dynamics under functional MR. The patient

specific LH model will be validated first, by quantitatively comparing the closed MV
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geometry obtained from th@mulation with the in vivo MV geometry obtained from the
clinical MSCT images at systole. MV model optimization, including chordae tethering
adjustment and pretension will be performed until correct valve morphology and leaflet
deformation are obtained@he second validation phase will consist of the comparison of

the FSI hemodynamic results with the patie

7.2 Material sand Methods

7.2.1 Patient information

A 71-yearold male patient with a mean aortic annulus diameter of 23 mm was rdfarred
TAVR at Hartford Hospital (Hartford, CT). RfBAVR echo examination revealed
classical lowflow, low-gradient severe AS, a BAV with eccentric coaptation between the
nontcoronary leaflet and fused left and right coronary leaflets, with no raphe bdiveeen
(Sievers type 0 L/R)56). Mild aortic insufficiency was detected. Madéeto-severe
functional MR was also found, with restricted PML motion and reduced leaflet coaptation,
resulting in a posteriorly directed regurgitant jet. The LV wall thickness was normal, but
the chamber was mildly dilated with severe global hypokinvesisregional variation. The

LA was dilated despite a normal antgrosterior diameter.

7.2.2 Patientspecific LH model

The patiensspecific LH model was created from the {Ji&VR cardiac MSCT images
after obtaining approval from the Institutional Review Boditte MSCT images, acquired
with a GE LightSpeed 6dhannel volume CT scanner, had aipiane resolution of 0.82

x 0.82 mm and a slice thickness of 0.625 mm. Ten phases of the cardiac cycle were
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collected using an EC@ated sequence. DICOM images wereant@d into AmiraAvizo
(Thermo Fisher Scientific, MA) and 3D Slicer (www.slicer.org) software to segment the
cardiac structures, which included the ascending aorta, aortic root, BAV, calcification, MV,
chordae, LV and LA endocardial walls. HyperMesh sofef@ltair Engineering, Inc., Ml)

was then used to create a high quality FE mieigjure38A shows the patiergpecific LH

model. Two calcific deposits were found in the fused leaflet, as well as one in the coronary

ostia close to the right coronary artery.

The AV and MV geometriesvere segmented at m&ystole and midliastole,
respectively, approximating their stréfgee configuratior(212). Similarly, the aortic root
and ascending aorta were segmented atgystble. The patierdpecific MV model used
in this study was developed and validated in a previous work from our group that
investigated MV dynamics under functional MR87). Briefly, the detailed chordae
structure (number, position, length, branching, origins of the PM tips, and insertions into
the leaflets) was directly reconstructed from the MSCT images, as s&&yune 38B.
Chordae were classified into five groups: anterior strut (AS), anterior basal (AB), anterior
marginal (AM), posterior basal (PB), and posterior marg{Ra). Crosssectional area
values of 0.38 mA) 0.71 mm and 2.05 mrhwere assigned to marginal, basal and strut

chordae, respectively3). A total of 18 chordae origins were modeled from the PM tips.

3D solid elements (eightode hexahedral C3D8R/C3D8I elements,-rgixie
wedge C3D6 elements, and feurde tetrahedral C3D4 elements) were usedstrelize
the ascending aorta, aortic root, BAV, calcification and MV. Stress/displacement truss
elements (twenode linear T3D2 elements) were used for the mitral chordae, while shell

elements (founode quadrilateral S4 elements) were used to model tloeambal wall.
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Two layers of elements were used across the mitral leaflet thickness. For the AML, the
average thickness values for the leaflet belly and free edge were 1.26 mm and 2.09 mm,
respectively. For the PML, the average thickness values of tHetlbafly and free edge

were 1.31 mm and 1.57 mm, respectiv@87). Four layers of elements were used across
the ascending aorta/aortic root and BAV leaflet thickness, with a uniform total thickness

of 2 mm and 0.7 mm, respectively.

After a mesh convergence study, average mesh sizes for the BAV, MV, chordae,
aorta/aortt root and calcification were 0.25 mm, 0.7 mm, 1.5 mm , 1 mm and 0.5 mm,
respectively. Leaflet mesh size was refined until stress results were not affected by mesh
size, with results showing a variation within 5%. The total number of elements used for the
BAV was 48,567, 6550 for MV, 860 for chordae, 183,130 for aorta/aortic root, and 42,650
for calcification. The BAV/aortic root and calcification shared the same nodes on the
tissuecalcification interface, thus avoiding contaietated issues during thensilation.

SPH patrticles were uniformly distributed in the domain with a spatial resolution of 0.8 mm,

which led to approximately 1 million onede (PC3D) elements.

An anisotropic hyperelastic material model, based on Holzapfel €08.288),
was adopted to characterize the mechanical response of most cardiac tissues, while the
isotropic hyperelastic Ogden material mo@89) was used to characterize the mechanical
properties of mitral chordae and aomnitral curtain. Material parameters were determined
by fitting in-house multiprotocol biaxial and uniaxial testingadat human cardiac tissues.
Table 11 lists the fitted material parametefSalcification was assumed to be a lirear
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Table 11. Cardiac tissues material parameters.

6 (

Q

~

MHGO model £ O)A 0 (E O)A Q —J I O E®A
AV leaflets | 0.017 14;'26 39704.1 2322'9 0 |0317| 5.0e4
AML 0285 | 61.303| 9.295 | 99.684] 0 | 0.333| 5.0e4
PML 0.101 | 33.191| 10.756 | 48.495| 27.98 | 0.089| 5.0e4
Sinuses 1.755 | 13.707] 10.550 | 80.379] 20.06 | 0 | 5.0e4
Aorta 4175 | 3.464 | 3.771 | 15.927] 70.95 | 0.086| 5.0e4
TG-04 . Y ) 1 .
Ogden model ) () 50 R W S 0R ()
Anterior 17.824 | 17.808| 17.660 | 17.797| 17.592 | 1776
marginal 8
Anterior strut | 24.342 | 11.338| 10.332 | 11.167| 14.914 11é18
Anterior/posteri| 1 556 | 16 579| 10.654 | 16.554| 10.671 | 16:°°
or basal 4
Posterior | 15 995 | 15.651| 13.083 | 15.683| 12.870 | 1°:%6
marginal 2
Intervalvular | goe | 51 400| 11.207 | 21.400| 1.441 | 2140
fibrosa 0
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Figure 38. A) Patient-specific LH model reconstructed from the MSCT images, B)
MV model from MSCT segmentation, C) Aortic and LA pressure waveforms, D) LV
volume waveform.

7.2.3 Boundary conditions

Time-dependent pressure boundary conditions were applied at the two atrial inlets
(pulmonary veins) and at the aortic outlet of the pred postTAVR LH models. As seen

in Figure38C, a pathological atrial pressure waveform was prescribed at the inlets, with
an elevated Mvave due to the regurgitant volume in the atrial cavity during sy&28&.

I n order to match the patientés clinical
adjusted to be 12 mmHg, while the peak systolic and diastolic aortic pressure values were

set to D0 mmHg and 63 mmHg, respectively.

Endocardial wall motion was imposed as a tilependent nodal displacement

boundary condition based on the ten cardiac phases from the MSCT images. A detailed
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