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During the last 30 years, research into the pathogenesis 
and progression of cardiovascular disease has had to 
employ a multidisciplinary approach involving a wide 
range of subject areas, from molecular and cell biology to 
computational mechanics and experimental solid and fluid 
mechanics. In general, research was driven by the need 
to provide answers to questions of critical importance 
for disease management. Ongoing improvements in the 
spatial resolution of medical imaging equipment coupled 
to an exponential growth in the capacity, flexibility, 
and speed of computational techniques have provided 
a valuable opportunity for numerical simulations and 
complex experimental techniques to make a contribution 
to improving the diagnosis and clinical management 
of many forms of cardiovascular disease. This paper 
contains a review of recent progress in the numerical 
simulation of cardiovascular mechanics, focusing on 
three particular areas: patient-specific modeling and the 
optimization of surgery in pediatric cardiology, evaluating 
the risk of rupture in aortic aneurysms, and noninvasive 
characterization of intraventricular flow in the management 
of heart failure.
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Avances en mecánica computacional para el 
diagnóstico y tratamiento de la enfermedad 
cardiovascular

Durante los últimos 30 años, el estudio de la patogenia 
y la progresión de las enfermedades cardiovasculares 
ha necesitado de un esfuerzo multidisciplinario en el que 
intervienen muy diversas disciplinas, desde la biología celular 
y molecular a la mecánica computacional y experimental 
de sólidos y fluidos. Generalmente estos estudios están 
motivados por la necesidad de obtener respuestas a las 
cuestiones esenciales para el control de la enfermedad. 
Los continuos avances en la resolución de los equipos 
de imagen médica, junto con el crecimiento exponencial 
en magnitud, flexibilidad y velocidad de las técnicas 
computacionales, han creado un importante espacio para el 
uso de simulaciones numéricas y técnicas experimentales 
complejas para mejorar el diagnóstico y el manejo clínico 
de muchas enfermedades cardiovasculares.

En este trabajo revisamos los últimos avances en simula-
ciones numéricas de la mecánica cardiovascular centrán-
donos en tres áreas específicas: el modelado específico 
del paciente y la optimización de la cirugía en cardiología 
pediátrica, la evaluación del riesgo de rotura de los aneu-
rismas aórticos y la caracterización no invasiva del flujo 
intraventricular para el control de la insuficiencia cardiaca.
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INTRODUCTION

It has long been recognized that the forces and 
stresses produced by the blood flow on the walls of 
the cardiovascular system are central to the origin 
and progression of many cardiovascular diseases. 
This has motivated a large number of physicists and 
engineers to develop complex mathematical models 
and computational and experimental tools to analyze 
the mechanics of the blood flow and its interaction 
with the wall. Recent years have shown a substantial 
increase in the sophistication and clinical applicability 
of computational tools for patient-specific modeling 
of blood flow. Simulations have played a key role 
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The second stage, the Glenn procedure, begins by 
separating the pulmonary and systemic circulations 
by connecting the superior vena cava (SVC) to the 
right pulmonary artery. A Fontan procedure is then 
performed in its most common variant, using an 
extra-cardiac conduit to complete the separation 
resulting in a total cavopulmonary connection 
(TCPC).39 In the Fontan procedure, a baffle is 
constructed to connect the inferior vena cava (IVC) 
to the pulmonary arteries resulting in a modified 
T-shaped junction. Once the Fontan procedure is 
completed, blood completely bypasses the heart 
on the venous side and flows passively from the 
venae cava into the pulmonary arteries. As a result, 
the circulation becomes a single pump system, and 
the heart contains, for all practical purposes, only 
oxygenated blood. 

Clinical studies have shown that early survival 
rates following the Fontan procedure are as high 
as 90%, but drop to only 60% after 10 years, 
with significant morbidity, including arrhythmias,  
protein-losing enteropathy, thrombosis, arteriovenous 
malformations, and diminished exercise capacity.40,41 
Currently, it is not well understood why some Fontan 
procedures fail (resulting in patient mortality or heart 
transplant), why some patients have significantly 
lower exercise capacity than others, or how to 
reasonably predict which patients will fall into either 
of these 2 categories.

Clinical observation, together with previous 
modeling and experimental work, suggests that the 
geometry of the TCPC junction plays a key role in 
energy losses, associated strain on the cardiovascular 
system, and Fontan procedure outcomes.18,19,42 
Pioneering computational simulations by DeLeval 
et al compared energy loss associated with the 
standard T-junction Fontan procedure with a 
newly proposed “offset” model, and this led to 
the adoption of the offset model as the currently 
preferred surgical method.18,43,44 

During the ensuing 10 years, there has been ongoing 
interest in modeling the Fontan circulation. This 
interest, coupled with increases in computational 
power, has led to the development of more 
sophisticated calculation tools and increasingly 
physiologically realistic simulations.14,15,17,38 
However, despite the abundance of Fontan 
simulation studies, there have been relatively few 
clinical advances to date that can be cited as a 
direct result of computational methods.

In this section, we focus on recent work that aims to 
increase the clinical relevance of Fontan simulations 
by addressing the key limitations of previous work. 
First, we discuss the use of multiple parameters for 
evaluating Fontan performance, including energy 
loss, rest and simulated exercise, wall shear stress 
(WSS), pressure levels and particle tracking. We then 

in understanding the hemodynamics of bypass 
grafting,1,2 cardiovascular treatment planning,3,4 
atherosclerosis in the carotid artery5 and abdominal 
aorta,6-9 cerebrovascular flow,10-13 the effects of 
exercise on aortic flow conditions,6,8 congenital 
heart disease,14-19 and coronary stents.20-22

The current development of geometric modeling 
enables complex models—including many levels 
of arterial branches—to be constructed directly 
from data obtained via clinical magnetic resonance 
imaging (MRI) or computed tomography (CT). 
Recent advances in simulation capabilities 
include image-based modeling,8,23-28 vessel wall 
deformation,39-32 incorporation of morphometry 
data,33 physiologic pressure levels that agree with 
cardiac catheterization data,14,34,35 respiration 
effects,14 particle tracking,36 optimization,37 and 
simulated exercise.14,15,38

Cardiovascular mechanics studies are not only 
contributing to the development of novel medical 
devices, but also to new diagnosis tools and 
treatment techniques. Drawing mainly from our 
own individual research areas, we discuss current 
advances in cardiovascular mechanics by focusing 
on 3 specific areas: a) patient-specific modeling 
and surgery optimization for pediatric cardiology 
applications; b) computational and experimental 
studies of the biomechanics of arterial aneurysms to 
evaluate the risk of rupture; and c) the non-invasive 
characterization of intra-ventricular flow: a new 
tool for understanding the hemodynamics of heart 
failure.

We will use these case studies to illustrate the 
current capabilities and limitations of the numerical 
simulation techniques currently being developed for 
the study of cardiovascular mechanics. 

Patient-Specific Modeling and Surgery 
Optimization for Pediatric Cardiology 
Applications

In this section, we focus on the use of simulation 
tools and patient-specific modeling for the treatment 
of single ventricle heart defects, one of the most 
serious classes of congenital defects. Congenital 
heart defects are among the most prevalent form 
of birth defects, occurring in roughly 1% of births. 
“Single ventricle”-type defects, such as hypoplastic 
left heart syndrome and tricuspid atresia, refer 
to cases where the heart has only 1 effective or 
functional pumping chamber, and are usually fatal 
shortly after birth if left untreated. 

Single-ventricle patients usually require a 
staged surgical approach culminating in a Fontan 
procedure. The first procedure involves aortic 
root re-construction and a systemic-to-pulmonary 
shunt in a Norwood procedure or variant thereof. 
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solid model for use in the finite element flow solver. 
The steps in model construction are illustrated in 
Figure 1 for a typical Fontan patient.

To solve equations for blood flow, 3D Navier-
Stokes equations are solved using finite element 
or finite volume methods, typically with a rigid-
wall approximation.7,45 New methods enable the 
recreation of outflow boundary conditions such 
that physiologic pressure levels can be predicted in 
cardiovascular simulations.46,47

Closely coupled to modeling methods is the need 
for advanced imaging modalities for modeling and 
validation purposes. Data obtained from magnetic 
resonance imaging and computed tomography is 
used for model construction, and phase contrast 
MRI is used to measure inflow rates that are used 
as inflow boundary conditions. Data is typically 
acquired over several cycles of free breathing using 
cardiac gating and respiratory compensation.

Current diagnostic methods have limited 
capabilities for determining in vivo flow and pressure 
under exercise conditions. Acquiring pressure data 
in a catheterization procedure requires the patient 
to be sedated, and these measurements are usually 
performed at rest. Because of this, simulations 
are the ideal method to obtain information about 
flow conditions during exercise. Clinical studies 
have shown that typical Fontan patients are able 
to approximately double their cardiac output 
at maximal exercise. Exercise conditions can be 

discuss the role of simulation tools in developing 
and testing new surgical designs. Finally, we discuss 
the recent development of optimization tools that 
can evaluate a wide range of potential designs using 
tools adopted from aerospace engineering. 

Model Construction, Imaging, and Simulation 
Methods

The process of patient-specific modeling 
involves image and clinical (eg, catheterization) 
data acquisition, anatomic model construction, 
flow simulation and post-processing to produce 
performance measures, such as flow distribution and 
pressures, that are surrogates for known predictors 
of patient outcomes. We briefly outline the methods 
used for Fontan modeling in this section, and refer 
the reader to other studies for details on simulation 
techniques.7,14,34

Models are typically constructed based on MRI 
or CT image data using segmentation methods.23 
In methods pioneered by Taylor, patient-specific 
models are constructed in the following steps: a) 
paths are defined that run down the center of the 
vessels of interest; b) the vessel lumen is defined at 
fixed intervals along each vessel (segmented); c) the 
vessel portions between the 2D segmentations are 
interpolated and joined using custom software to 
create a 3D solid model of the desired vasculature 
(lofted); and d) a mesh is generated to represent the 

Figure 1. Four steps involved in model 
construction (patient D): (1) creation of 
vessel paths, (2) segmentation, (3) lofting, 
and (4) mesh generation. The image is 
displayed in the posterior-anterior view for 
ease of viewing. From Marsden et al.16
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2 levels of simulated exercise conditions. For each 
patient, several performance parameters were 
computed, including energy efficiency, IVC and 
SVC pressure levels, WSS and quantitative data on 
the distribution of IVC flow to the left and right 
pulmonary arteries. For each of these parameters, 
patients were ranked in order of best to worst 
performance. 

Figure 2 shows 6 patient-specific Fontan models 
(labeled A–F) and their simulated energy efficiency 
at rest and exercise. The results show a striking 
decrease in efficiency with exercise, and a wide 
range of performance among patients. Simulated 
pressures were well matched to catheterization data, 
but low Fontan pressure did not correlate with high 
efficiency. 

The results of this study demonstrated that 
different performance parameters produced 
different rankings when ordering patients from best 
to worst performance. Thus, a single simulation-
based parameter (such as energy dissipation) is not 
likely to hold all the answers to improving Fontan 
performance. The multiple parameter approach 
illustrates the fact that we still do not know what 
defines “good” or “bad” Fontan performance, and 
that we will not have a quantitative answer to that 
question until multiple parameters are quantified 
and validated against clinical outcomes.

The concept of multiple competing parameters 
is the norm in many other design and optimization 
problems. For example, in aeronautics, competing 
objectives such as lift, drag, weight, and structural 
strength are balanced in identifying an optimal 
airplane wing design. Similarly, the relative 
importance of different parameters for a Fontan 
patient may depend on individual risk factors or 
clinical symptoms, such as history of a clotting 
disorder, unequal left and right pulmonary artery 
sizes, high resting Glenn pressure, etc. From a 
computational standpoint, we have now reached 
a point where simulations, incorporating patient-
specific data, have the potential to function as 
another diagnostic tool in the ongoing evaluation 
of Fontan patients and in proposed surgical or 
percutaneous revisions. Detailed comparisons 
between multiple parameters, and clinical 
outcomes need to be made to close the gap 
between simulations and clinical practice. In the 
future, competing objectives should be considered 
in designing an optimal treatment plan for each 
patient rather than making decisions on a one-size-
fits-all basis.

An “In Silico” Testbed for New Interventions

Patient-specific simulations also provide a means 
to evaluate new surgeries and interventions at no 

simulated by a 2- to 3-fold increase in flow such that 
the effect on quantities of interest, such as energy 
loss, can be evaluated.14,15,38

Cardiac catheterization pressure tracings, 
echocardiography, and magnetic resonance (MR) 
studies have all demonstrated that respiration 
significantly affects Fontan flow rates and 
pressures.48,49 As seen by Doppler echocardiography, 
quantitative real-time phase contrast-MR 
measurements by Hjortdal et al48 show that flow 
rates in the IVC vary significantly with respiration 
at rest (as much as 80%), with smaller cardiac 
pulsatility superimposed. Cardiac variations in the 
SVC are found to be small, with no significant 
respiratory variation. Based on this data, a recent 
study by Marsden et al14 used a respiration model to 
account for flow variations in the IVC. In this study, 
energy efficiency was found to significantly decrease 
with both exercise and respiration. 

Evaluating Performance of the Fontan 
Procedure at Rest and Exercise:  
A Multi-Parameter Approach

Prior to testing potential new designs for the 
Fontan procedure, it would be useful to quantify 
the performance of current Fontan designs to use 
as a baseline. Most of the recent Fontan simulation 
work has focused on a single energy loss parameter 
for evaluating Fontan performance. However, 
a wide range of clinical outcomes can arise in 
Fontan patients, including exercise intolerance, 
arteriovenous malformations, protein-losing 
enteropathy, heart failure, and thromboembolic 
complications. In general, Fontan procedures are 
considered unsuccessful if adverse hemodynamic 
conditions arise, such as significant pressure 
gradients or uneven left and right pulmonary 
flows. Thus, while it is clear that energy loss is 
likely linked to clinical outcomes, it would be 
a gross oversimplification to assume it is the 
sole determinant of the success or failure of a 
Fontan procedure. A recent review article of 
DeGroff50 issued a “call to arms” to increase the 
sophistication and impact of Fontan simulations 
by including, among other things, respiration, 
exercise, wall compliance, unsteady flow, and more 
accurate anatomical data. 

Recently, Marsden et al proposed a multiple 
parameter approach to evaluating Fontan 
performance.14,16 These studies also incorporated 
key modeling advances including respiration effects, 
simulated-exercise, unsteady flow conditions, 
physiologic pressure levels and particle tracking 
methods. Using patient-specific models derived 
from image data, comprehensive simulations were 
performed for 6 Fontan patients at rest and under 
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To improve on current Fontan designs, Marsden 
et al recently proposed a new Y-graft design for 
the extra-cardiac Fontan procedure.16 This new 
modification incorporates a Y-shaped graft 
to replace the cylindrical Gore-Tex tube grafts 
currently used to connect the IVC to the pulmonary 
arteries (Figures 3C and 3D). In this study, a 
patient-specific Fontan model was constructed from 
MR data. The inferior vena caval portion of the 
model was then replaced with 3 alternate designs: an 
offset between the superior and inferior vena cava, 
and 2 different sized Y-grafts. Several measures of 
performance were used to evaluate the proposed 
Y-graft design in simulations: energy efficiency, 
pressure levels, flow distribution to the lungs, 
and WSS. It was found that the Y-graft design 
demonstrated improvements in energy efficiency at 
rest and all levels of exercise, reduced SVC pressures 
and improved flow distribution. 

Figure 4 shows a comparison of IVC flow 
distribution to the right and left pulmonary arteries 
with the offset design and the Y-graft design. Flow 
distribution was quantified using advanced particle 
tracking methods.36 Previous studies have shown 

risk to the patient. Since Fontan and Baudet first 
implemented the first surgical repair for tricuspid 
atresia in the early 1970s,51 surgical techniques 
for the Fontan procedure have been continuously 
evolving through a series of design improvements. 
Outcomes of the Fontan procedure have been 
steadily improving over the past 30 years. However, 
most of the advances in surgical techniques and 
interventions have come about as a result of a “trial-
and-error” design process. Currently, new surgical 
techniques are evaluated by performing the new 
procedure on a series of patients, and then evaluating 
clinical outcomes. The surgical community would 
greatly benefit from tools that could predict the 
outcome of proposed interventions before they are 
tried on a patient. 

Current surgical practice for the Fontan 
procedure uses an extra-cardiac conduit to bypass 
the right side of the heart,39 with an offset of the 
IVC relative to the SVC (Figure 3B). Compared to 
the original “T-junction” design (Figure 3A), the 
offset design offers advantages of reduced energy 
losses and the ability to perform the surgery without 
cardiopulmonary bypass.52 
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Automated Tools for Surgery Optimization

To date, most blood flow simulations have 
considered either fixed geometries or have 
examined a small number of geometrical variations 
using a “trial-and-error” approach to surgical 
design. The medical field has also relied on a trial-
and-error approach when developing new surgical 
treatment. In contrast, traditional engineering 
fields, such as aeronautics and automotive design, 
commonly rely on optimal shape design and 
simulation in their design process. Cardiovascular 
medicine could benefit from employing similar 
predictive design tools to optimize surgeries for 
individual patients. 

To produce clinically relevant design results 
using optimization, several challenges must first 
be overcome. First, simulation results must be 
physiologically accurate and the methods thoroughly 

that a yet undetermined hepatic factor is essential 
for normal lung development, and that the lack 
of this factor can lead to the development of 
arteriovenous malformations.53,54 The distribution 
of IVC flow will affect the concentration of hepatic 
factor present in the lungs. While it is not known 
what concentration is required for normal lung 
development, if all other factors are equal it 
is clearly desirable to distribute the flow (and, 
additionally, the relative “work” required by each 
lung) as evenly as possible. The proposed large 
Y-design was found to evenly distribute the IVC 
flow. In contrast, the offset design strongly skewed 
the flow towards one side. 

Further optimization of the Y-graft design, 
evaluation in multiple patient models, and 
validation with clinical data will be essential next 
steps in transferring the Y-graft design into clinical 
practice. 

A
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Velocity, cm/s
0.000 20.,4 40.9 61.3 81.7

Velocity, cm/s
0.000 20.4 40.9 61.3 81.7

Velocity, cm/s
0.000 20.4 40.8 61.3 81.7

Velocity, cm/s
0.000 20.4 40.9 61.3 81.7

Figure. 3. Modification of a patient-
specific model to test competing surgical 
designs for the Fontan procedure: (A) 
original T-junction, (B) offset design, 
(C) Y-graft with smaller branches, and 
(D) Y-graft with larger branches. Colors 
show velocity magnitude from simulated 
hemodynamics at exercise. From 
Marsden et al.16
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surgical interventions for individual patients, and 
to predict outcomes a priori. Clinical trials are 
needed to determine the clinical benefits of new 
procedures, such as the Fontan Y-graft, that are 
tested using simulation methods and compared to 
current surgical practice. 

COMPUTATIONAL AND EXPERIMENTAL 
STUDIES OF THE BIOMECHANICS OF 
ARTERIAL ANEURYSMS

In the last 3 decades, the study of the pathogenesis 
and progression of aneurysms has become a 
multidisciplinary effort involving a wide range 
of disciplines. These studies have been generally 
motivated by the need to provide answers to the 
critical questions essential to the clinical management 
of the disease:

– What is the exact pathogenesis of arterial 
aneurysms? Why do some people develop aneurysms 
whereas others do not? Why are aneurysms more 
commonly seen forming at specific sites in certain 
arteries?

– What are the factors that determine the rate at 
which an aneurysm grows? More importantly, can 
its growth rate be predicted?

– In each specific case, can the risk of rupture be 
precisely quantified?

– What is the patient-specific optimal treatment 
to prevent rupture?

Although the origin and causes of this disease 
have been the subject of an increasingly large 
number of clinical and scientific studies, there 
is no universally accepted theory, and the exact 
mechanism responsible for this process is still 
unknown. The perennial question being debated is 
as follows: does an aneurysm form as a result of a 
degradation process in the wall, or by anomalous 

validated. Second, appropriate measures of 
performance (cost functions) for cardiovascular 
designs must be defined based on physiologic 
information. Third, new tools should be developed 
for the efficient optimization of cardiovascular 
geometry technology.

Recent progress in applying optimization 
methods to blood flow problems has mostly 
focused on 2D or stationary flow problems. This 
work includes the examination of non-Newtonian 
effects in shape optimization,55 optimization 
of blood pump components56,57 and studies by 
Quarteroni et al on shape design for arterial 
bypasses.58-61 In recent studies, optimization 
was successfully applied to 3D cardiovascular 
problems with pulsatile flow.16,37 

To further refine the design of the Y-graft for 
the Fontan procedure, the Y-graft design was 
optimized using an idealized model employing 
the methods outlined in Marsden et al.37 An 
automated code was developed to define the 
Y-graft geometry with 6 design variables and 
produce a 3D model for each design (Figure 
5). The results demonstrate that the optimal 
Y-graft geometry changes significantly from rest 
to exercise conditions, with larger radius branches 
and a wider angle at rest compared to exercise. 
The results have also demonstrated a trade-off 
between energy efficiency (larger graft branches) 
and areas of lower WSS (smaller graft branches) 
using competing design objectives. Further 
investigation is needed to establish a link between 
WSS and thrombus formation. 

Pediatric cardiology presents a range of 
challenging anatomies that vary widely among 
individual patients. Simulation tools, such as those 
presented here, offer a means to evaluate patient 
performance on an individual basis, and to test 
proposed interventions at no risk to the patient. 
In the future, optimization could be used to design 

Figure 4. Comparison of particle 
tracking for a traditional offset design 
and the proposed Y-graft design for the 
Fontan procedure. From Marsden et al.16
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to be a factor, although the precise mechanism of 
action is still being debated. Hypertension is one 
of the most frequently studied risk factors since it 
is found twice as often in patients with aneurysms 
than in patients without it. Hypertension has 
been shown to gradually distend the vessel 
and to cause a gradual thickening of the wall. 
Atherosclerosis has historically been considered 
the most common cause of the degradation of 
the wall in some aneurysms, such as abdominal 
aortic aneurysms (AAA). However, this theory 
has been challenged over the past 2 decades 
since aneurysms are often observed in patients 
with no atherosclerotic disease, and arterial sites 
with the most concentrated plaque deposits are 
very rarely the sites where aneurysms form.67,68 
Current opinion is that atherosclerosis may 
contribute to the progression of the disease in 
some cases, but alone is not the primary cause 

changes in the hemodynamic stimuli causing an 
unstable degenerative response on the vessel wall, 
or by a combination of both? The current consensus 
appears to be that the cause is probably the result of 
a complex interplay between degenerative biological 
processes triggered by inherited biochemical or 
structural defects, aging, infection or disease, and 
specific hemodynamic factors.

Two hereditary collagen vascular disorders are 
known to cause aneurysms: Marfan syndrome 
and Ehlers-Danlos syndrome.62 Both contribute 
to abnormalities in the synthesis and organization 
of the structural proteins (elastin and collagen), 
and thus to a pathological weakening of the 
wall. Several predisposing risk factors have 
been statistically shown to play an important 
role in the formation of aneurysms: cigarette 
smoking, alcohol consumption, hypertension and 
atherosclerosis.63-66 Smoking has long been known 

dRPA dLPA

Rranches
CR CL

rVCI=20 mm

Velocity Magnitude, cm/s
0.00 7.50 15.0 22.5 30.0

Velocity Magnitude, cm/s
0.00 18.8 37.5 56.2 75.0

LIVC

Figure 5. An idealized model of the Fontan Y-graft parameterized with 6 design variables (Rbranches, dRPA, dLPA, CR, CL and LIVC) for automated design 
optimization. Optimal designs are shown at rest (upper right) and exercise (lower right). CR and CL indicates branch curvature; dRPA and dLPA, distances 
from superior vena cava to branch anastomoses; LIVC, length of inferior vena cava; Rbranches, graft branch radius. 
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the aorta, below the renal arteries and proximal 
to its bifurcation into the iliac arteries. Ruptured 
AAA is the 13th-leading cause of death in the USA, 
causing an estimated 15 000 deaths per year. The 
peak incidence is among men of around 70 years of 
age, and the prevalence among men over 60 years 
is 2%-6%. Despite increased survival following 
diagnosis, incidence and crude mortality seem to 
be increasing. Rupture of the AAA occurs in 1%-
3% of men aged 65 or more and mortality is 70%-
95%.72,73 In the following, we will analyze AAA as a 
representative case of the fusiform type to illustrate 
how recent improvements in computational and 
experimental mechanics are contributing to the 
clinical management of this disease. 

During the past 3 decades, a widely proposed 
hypothesis has been that specific changes in the 
hemodynamic forces acting on the vessel wall could 
be a key contributing factor to the progression of the 
disease.74-78 Thus, much attention has been devoted 
to analyzing the characteristics of the stresses 
produced by the blood flow in the aneurysm wall, 
as well as to classifying the specific features of the 
blood flow in the arterial segments where aneurysms 
are known to typically form. In this section, we 
review recent progress in this area and provide a 
critical assessment of the contribution that these 
computational and experimental biomechanical 
studies have made to the current understanding of 
the pathogenesis of the disease and to its current 
clinical management. 

Mechanical Causes for the Formation of AAA 

Since age is the most dominant factor in AAA, it 
seems reasonable to assume that the primary cause 
of their formation resides in the specific changes 
in vessel architecture (length, diameter, and wall 
structure) due to the normal aging process combined 
with the changes they induce in hemodynamics. The 
postulate is that under certain specific conditions 
this combination may lead to an unstable response 
whereby a portion of the wall of the abdominal 
aorta is subjected to abnormal stresses causing 
its degradation and gradual enlargement. A large 
body of work has been devoted to the mechanisms 
underlying aging in human arteries.79 When elastic 
systemic arteries age, their diameters increase, they 
become stiffer, and their walls thicken. However, 
the major structural changes caused by aging occur 
in the median layer which thins out and loses its 
orderly arrangement of elastin laminas and fibers 
which become fragmented and unorganized.80 The 
degeneration of elastic fibers is accompanied by an 
increase in the collagenous substance (the stiffer 
structural component). As the ratio of elastin to 
collagen decreases, the vessel progressively loses 

of wall weakening. The proteolytic enzymatic 
degradation of the aortic wall connective tissue 
and several disease processes, such as mycotic 
infection and cystic medial necrosis, are also 
known to be contributing causes. Furthermore, 
recent evidence suggests that alterations in the 
levels of collagenase, elastase, and antiprotease 
may contribute to wall weakening and thus to the 
formation of the aneurysm. Once an aneurysm 
forms, the hemodynamic forces exerted by the 
pulsatile blood flow on the weakened arterial 
wall generally, but not always, cause a gradual 
expansion. As the wall geometry, composition 
and strength progressively degrade through the 
enlargement process, the aneurysm ruptures when 
the distended artery wall fails to support the 
mechanical stresses resulting from the internal 
blood flow. 

Owing to the lack of knowledge of the role that 
the various factors play in the enlargement process, 
no accurate method currently exists to predict the 
aneurysm growth rate in a specific patient, nor to 
determine its critical size (or shape) at the point 
of rupture. For lack of any other reliable method, 
aneurysm diameter and its measured growth rate are 
the current standard parameters by which physicians 
estimate the risk of rupture.69,70 Depending on their 
location, treatment is currently recommended for 
aneurysms exceeding a maximal diameter, or a 
certain growth rate, leaving physicians to face the 
dilemma of either subjecting patients with small 
aneurysms to a complex surgery with high morbidity 
and complications, or to an unknown increased risk 
of rupture.71

In mechanical terms, the formation of an arterial 
aneurysm resembles the familiar problem found 
in structural engineering of plastic deformation, 
permanent bulging and subsequent rupture of a 
pipe under the effect of an oscillatory internal 
pressure, a process which often involves failure 
due to fatigue. However, in the case of arteries, 
the problem is far more difficult to analyze due 
to the fact that their walls are composed of a 
complex structure of living cells and a structural 
network of sheets and fibers of polymerized 
proteins capable of not only actively modifying 
their mechanical properties in response to changes 
in the mechanical stimuli from the internal blood 
flow, but more importantly, of undergoing 
permanent transformations (remodeling) as a result 
of inflammatory processes, infection, degenerative 
processes, and even aging. 

Most fusiform aneurysms are found in portions 
of elastic muscular arteries in locations proximal 
to major bifurcations or branch points. The 
most commonly found fusiform aneurysm in the 
human body forms in the abdominal portion of 
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area of their lumen. The progressive changes in 
transmitted wave speed caused by aging together 
with the increase in the ratio of cross-sectional 
areas may then result in an increase in peak 
systolic pressure in the abdominal aorta causing an 
increase in wall stresses. Over time, the increased 
wall tension will compound and accelerate the 
initiation and propagation of cracks in the elastic 
sheets in the median muscular layer mentioned 
above, and this results in an irreversible increase 
in arterial diameter. The permanent increase in 
arterial diameter leads to a further decrease in area 
ratio, with the associated increase in pressure wave 
amplitude, and thus to the unstable progression of 
the disease. 

The pathological changes described that occur 
with aging can be compounded or accelerated 
by hypertension, excessive alcohol consumption, 
cigarette smoking, lack of exercise, and other 
dietetic or environmental factors. Hypertension 
can be viewed as an accelerated form of aging, 
causing similar degenerative arterial dilatation, 
stiffening and increased wave speed, but at an 
earlier age.79,85-87 The observed increase in the peak 
systolic pressure in the abdominal aorta in older 
patients with hypertension results from the above-
mentioned process of a faster wave traveling down 
the artery merging with a stronger wave reflected 
from the bifurcation.88 Cigarette smoking is 
also believed to produce effects similar to those 
of hypertension. It not only causes transient 
elevation in blood pressure and stiffening of the 
arterial walls, but more importantly, induces the 
release of proteolytic enzymes which disturb the 
balance between proteases and their inhibitors, 
resulting in an increase in collagen production 
and the consequent permanent stiffening of the 
wall.89,90

The above hypothesis, which is based on the 
interplay between the evolution of the pressure 
pulse and pathological changes in the arterial wall 
caused by aging and other known risk factors, 
has not been fully tested and is an area in which 
further research is essential. To determine the various 
scenarios of geometric change and degradation of 
the material properties of the wall that lead to the 
formation of aneurysms upstream of bifurcations, 
such as the AAA discussed here, computational 
and experimental biomechanic studies involving the 
analysis of the flow-structure interaction in realistic 
arterial geometries using specific constitutive material 
properties of the arterial walls could prove useful. 

In vitro studies of the response of vascular 
endothelial cells (VEC) have shown that the 
regulatory function of these cells can be greatly 
altered by anomalous flow shear stresses.67,91-93 
These studies have provided the basis for an 

its elasticity. The stiffening of the wall causes an 
increase in pulse wave speed.79

One of the most well-established hypotheses for 
explaining the mechanism of arterial degeneration 
with age is based on failure due to fatigue in the 
wall components. Nichols and O’Rourke79 suggest 
that the fatigue involved in cyclic stresses causes 
fracture in the load-bearing elastic sheets. Due 
to cyclic stress fatigue, the polymerized structure 
of the elastin sheet and fibers reorganize, leading 
to failure at tension levels below those they were 
previously able to withstand. Once the aneurysm 
begins to develop, dilatation of the median layer 
is then accompanied by a remodeling process 
whereby the collagenous content in the muscular 
layer increases, and the wall become stiffer.81 
As the arterial wall dilatates and stiffens, the 
permanently stretched smooth muscle cells are 
progressively deprived of the cyclic stimulation 
needed for the synthesis of connective tissue 
and their healthy proliferation. This leads to a 
progressive loss of connectivity and apoptosis of 
the smooth muscle cells resulting in the gradual 
thinning and ultimate destruction of the muscular 
layer.82 To predict the growth rate of AAA due 
to the mechanism described above, information 
is required not only on the magnitude of the 
progressive changes in systolic pressure inside 
the bulge (resulting from the possible presence 
of the intraluminar thrombus (ITL) and the 
changes in the geometry and stiffness of the 
wall), but more importantly, on the dynamics 
of the arterial remodeling process already 
described, which could also be compounded 
and accelerated by inflammation, infection and 
other causes.83 Although there has been much 
recent progress in improving understanding of 
the various biochemical processes involved in the 
degradation of the wall, no precise quantitative 
models describing the dynamics of this process 
have yet been developed. 

In the abdominal portion of the aorta, the 
amplitude of the pressure wave (pulse) is 
considerably modified as a result of the wave 
reflecting in the bifurcation, and the increase in 
amplitude may also initiate and accelerate the 
formation of aneurysms in the older population. 
The amplitude of the reflected wave in the 
abdominal aorta increases as the ratio between the 
cross-sectional area of the bifurcated arteries (iliac) 
and the parent vessel decreases. With aging, these 
arteries also slightly elongate and gradually change 
their shape. Over time, the iliac arteries become 
more tortuous and the cross-section of their lumen 
may decrease considerably.84 Atherosclerotic 
deposits of plaque in this portion of the iliac 
arteries could further decrease the cross-sectional 
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Thus, the flow-shear endothelium-mediated 
initiation hypothesis has motivated a great number 
of numerical and experimental fluid mechanics 
studies aimed at determining the characteristics 
of the flow shear stresses on the walls of AAA at 
different stages of their development. These studies 
have mainly consisted of experiments and numerical 
simulations using ideal symmetric and nonsymmetric 
shapes of fusiform aneurysms, and using realistic 
geometries reconstructed from the patient-specific 
3D volume rendering of high-resolution CT 
scans and angiographies,97-103,105,108,109,113-121 among 
many others. Although all these numerical and 
experimental studies suffer from the inherited 
uncertainties which result from the difficulties 
involved in setting up the appropriate initial and 
boundary conditions, as well as accounting for the 
exact elastic properties of the wall discussed in the 
previous section, they have clearly shown that once 
a fusiform aneurysm forms, the flow is dominated 
by the onset of an unsteady, massive separation 
from the walls which occurs immediately after the 
peak systole (Figure 6). When the flow separates 
from the walls during the deceleration portion of 
the cardiac cycle, a large vortex forms in the cavity 
and the blood slowly recirculates in the cavity. 
Meanwhile regions of near stagnation are formed 
in the proximal and distal ends of the cavity 
(Figure 6). 

Recent experiments by Salsac et al107,109 have 
shown that this separation occurs even during 
the very early stages of aneurysm growth (a ratio 
of less than 1:1 between maximum diameter and 
parent diameter). Salsac and others,109,122 have 
also shown that as the aneurysm generally grows 
nonsymmetrically, the location and magnitude 
of the regions of high gradients of temporal 
and spatial blood flow shear stresses, as well as 
the extent of the regions of low, but oscillatory, 
shear stresses along the wall increase significantly 
with growth. Figure 7 shows that the results of 
numerically simulated blood flow agree well with 
the experimental measurements. Both experiments 
and simulations show that the aneurysm wall is 
subjected to abnormal WSS during the major 
portion of the cardiac cycle. They also show that, 
during diastole, the blood remains almost stagnant 
near the proximal and distal ends of the aneurysm 
where the WSS drops to near zero values.

The hypothesis that the effect of large gradients 
of fluid shear and other anomalous conditions 
resulting from the separated flow on endothelial 
activity determine the expansion process is called 
into question by the fact that, in more than 90% 
of all AAA, an intraluminal thrombus forms 
early in the expansion process in those regions of 
the cavity where there is slow recirculation. This 

alternative, or even complementary, mechanism 
responsible for the origin of these aneurysms. As 
mentioned, during the normal course of aging, 
the abdominal aortic artery gradually undergoes 
conformational changes in its geometry (increasing 
its length and diameter, wall thickening, etc). 
Over time, the relatively unconstricted nature 
of this artery inside the abdominal cavity may 
lead in some cases to the formation of bends, 
kinks, and other morphological changes which 
in turn, create “disturbed flow” conditions inside 
the vessel (ie, unsteady flow separation and weak 
turbulence). It is argued that the anomalous 
response of the VEC to the high shear stresses, 
very low shear stresses, low, but oscillating, shear 
stresses, and the anomalous temporal and spatial 
gradients of WSS associated with these disturbed 
flow conditions could contribute to unstable 
progressive degradation of the arterial wall and to 
the formation of the aneurysm.

This VEC-shear activation hypothesis has 
triggered a large number of computational and 
experimental flow studies aimed at characterizing 
the spatial and temporal variation of the flow 
shear stresses on the arterial wall characteristic 
of the various arterial configurations94-109 and 
many others. Unfortunately, due to the lack 
of specific models quantifying the response 
of the endothelial cells to each of the above-
mentioned anomalies in flow shear stresses, these 
computational flow studies have been unable to 
fully confirm this hypothesis. Current studies of the 
mechano-transduction mechanism controlling the 
biochemical and mechanical response of VEC to 
anomalous flow conditions are opening promising 
avenues to quantify this effect.110-112

Progression and Enlargement Rate

The formation of an aneurysm leads to a small 
permanent dilatation in the wall, and thus its 
natural form of progression would be expected to 
be one of gradual expansion. However, this is not 
always observed clinically. Some aneurysms are 
found to grow steadily at an undetermined rate, 
whereas others seem to grow rapidly, reach a certain 
size, and then undergo a slowdown in their growth 
rate. One of the most valuable pieces of information 
required by physicians for the optimal clinical 
management of the disease is the aneurysm growth 
rate, and this realization has motivated a great 
deal of computational and experimental mechanics 
research in this area, including a very large number 
of flow dynamic studies. 

It appears reasonable to expect that the very 
same factors that lead to the formation of the 
aneurysm also determine the enlargement process. 
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Patient-Specific Prediction of the Risk  
of Aneurysm Rupture

The risk of rupture in each case must be weighed 
against operative morbidity. Therefore, a patient-
specific assessment of the risk of rupture is the 
most important information that clinicians need to 
better manage any aneurysms and to improve the 
guidelines for intervention.

Calculating the risk of rupture requires 
measuring the tensile stresses on the aneurysm 
wall and knowledge of the corresponding stress 
failures. Thus, it is clear that this is an area where 
computational and experimental solid and fluid 
mechanics could genuinely contribute to the better 
management of this disease. Over the last 10 
years, there have been a large number of studies 
aimed at modeling flow-structure interaction in 
idealized geometries of aneurysms as well as in 3D 
reconstructions of aneurysms obtained from CT 
scans or other medical imaging techniques.123-129 
The results of these studies represent a great 
improvement over the population-based statistical 
criteria currently used in the clinical setting. For 
example, they have shown that the wall tensile 
stresses depend on the specific curvatures and 
asymmetries of the aneurysm wall. Wall tension 
was found to be greater on the flatter surface 
(which would typically correspond to the posterior 
surface of an AAA due to the presence of the 
spinal column) and at the inflection points of the 
bulge (where the surface curvature changes from 
concave to convex). These results are consistent 
with the fact that a large number of AAA rupture 
in the posterior part of the side wall (Figure 8). In 
addition, these computational studies have shown 
that even though the presence of the intraluminal 
thrombus has great biochemical effects on the 
further degeneration of the wall, the observed re-
channeling of the blood flow leads to a dramatic 
reduction in wall tension providing a protection 
mechanism against rupture. Figure 8 shows the 
values of Von Mises stresses along the aneurysm 
wall indicating the most likely locations of rupture. 
The Von Mises criterion is a formula for combining 
the 3 stresses at any location of the wall into an 
equivalent stress, which can then be compared to 
the yield stress of the material to determine the risk 
of rupture. Figure 8 shows that in both symmetric 
and nonsymmetric cases with varying degrees 
of dilatation and eccentricity, the intraluminal 
thrombus leads to marked reductions in Von Mises 
stresses and therefore of the risk of rupture. 

To precisely calculate the wall tension (Von 
Mises stresses) throughout the entire aneurysm 
in each patient-specific case, the following 
are required: a) a precise description of the 

thrombus covers the aneurysm wall and causes the 
destruction of the endothelial layer by hypoxia. 
After the intraluminal thrombus forms the blood is 
no longer in contact with the vessel walls and flows 
through an internal lumen with an approximate 
cross-sectional area equal to the original abdominal 
aortic artery. During the subsequent expansion, 
new layers of thrombus form, and the internal 
lumen remains with an approximately constant 
cross-sectional area. Thus, given the formation of 
a thrombus, the flow-shear endothelium-mediated 
processes clearly do not play any role in further 
aneurysm growth. 
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Figure 6. Velocity field at peak systole inside an abdominal aortic 
aneurysm. The blood flow is from bottom to top. The velocity field is 
illustrated by the vector maps and has been normalized with the velocity at 
peak systolic in a healthy aorta. Note the formation of slowly recirculating 
regions (blue) with near stagnation in the proximal and distal sections of 
the cavity. Over time, these flow conditions lead to the formation of an 
intraluminal thrombus which eventually may occupy the whole bulge (blue 
region). Adapted from Tang et al.212
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precise information not only on wall geometry, but 
more importantly, on the precise composition and 
structure of the wall at each location, and therefore 
of its mechanical properties, including yield stresses. 
Yield stress, considered as the failure stress of 
the aneurysm wall, is unfortunately an unknown 
property of the material. This is due to the fact that, 
after enlargement of the vessel, the wall undergoes 
remodeling and in most cases its composition is 
unknown. The reduced ability of current numerical 
analysis to compute the precise distribution of 
tensional stresses in the aneurysm wall has motivated 
many researchers to look into surrogate methods 
to determine the risk of rupture. The purpose of 
all these studies is to find robust correlations that 

3D geometry of the aneurysm wall; b) the 3D 
geometry of the intraluminal thrombus (if present); 
c) more importantly, the values of the wall 
thickness throughout the entire aneurysm; and d) 
mathematical models that characterize the nonlinear 
anisotropic biomechanical properties of the tissue at 
each location along the wall. The accuracy of the 
computed wall tension distribution shown in Figure 
9 depends on how rigorously these 4 components 
are defined in the analysis. Although the setting of 
the proper initial and boundary conditions, and the 
relatively complex shape of the elastic walls present 
some difficulties when computing the flow, the real 
shortcomings arise from the current inability of 
the various medical imaging techniques to provide 
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have been associated with a considerable increase 
in HF incidence in the last decade.135,136 Therefore, 
the accurate diagnosis and timely treatment of 
HF in its early stages have become major goals 
in the prevention of the epidemic progression of 
this syndrome.55,137,138 The demand for accurate 
diagnostic modalities is also increasing due to the 
development of new sophisticated therapies such 
as cardiac resynchronization therapy (CRT), which 
can only target specific groups of patients.55,138-141 
Furthermore, the presence of symptoms of HF in 
patients with normal systolic function, for which there 
are few evidence-based therapies, has contributed 
to more complex clinical decisions.138,142,143 Better 
knowledge of the pathology and time course of HF 
syndrome, as well as new diagnostic and therapeutic 
tools, are required.

The development of advanced tools for the 
diagnosis and therapy of HF is limited by the 
difficulty of obtaining accessible quantitative 
indices of cardiac physiology in the clinical 
setting.138,144 Mechanical indices that quantify the 

link specific features of its geometry or particular 
features of the flow with rupture, and which could 
provide a better criterion than the current one which 
is based solely on maximum diameter.130,131

NON-INVASIVE CHARACTERIZATION OF 
INTRAVENTRICULAR FLOW: A PROSPECTIVE 
TOOL FOR UNDERSTANDING THE 
HEMODYNAMICS OF HEART FAILURE

The increasing prevalence of heart failure (HF) has 
become a challenging health problem in developed 
countries. In Spain, HF is the third leading single 
cause of death after acute ischemic heart disease 
and stroke, with an average 20 000 deaths per year 
between 2001 and 2007, involving a 1% increase 
per year in the same period.132 In the USA, more 
than 5 million people suffer symptomatic HF, 
with an incidence of 550 000 new cases every year, 
leading to nearly $40 billion in health care costs 
in 2008.133,134 An aging population and improved 
survival rates among other heart disease patients 
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Figure 8. Effect of the intraluminal thrombus 
(ILT) in reducing the risk of rupture. (A) Von 
Mises stresses in the wall of an abdominal aortic 
aneurysm (AAA) for the case of no ILT, and for 
the cases when the ILT occupies 40% and 80% 
of the enlarged volume of the arterial lumen. 
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(calculated at peak systole) are not only reduced 
in the presence of the ILT, but also that their 
location shifted to the neck. (B) Reduction in 
the value of the maximum Von Mises stresses 
with the % of volume occupied by the ILT for 
a symmetric AAA (top part) and nonsymmetric 
AAA (bottom part). The stresses have been 
normalized using the value in a healthy aorta. 
Adapted from Tang et al.214
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mitral starting jet, which is flanked by 2 counter-
rotating swirling regions. The latter are the traces 
of a ring of vorticity associated with the mitral jet, 
whose 3D-structure is shown in Figure 11A, where 
the red loop represents the vortex ring and the 
arrows represent blood velocity. This vortex soon 
loses its symmetry because the part that is more 
proximal to the LV wall quickly decays under the 
effect of viscous dissipation. As a result, the flow 
at the end of diastole is dominated by a large single 
swirling pattern that is located close to the tip of 
the anterior leaflet of the mitral valve (Figure 10B). 
The 3D organization of the flow at this stage of the 
cardiac cycle is shown Figure 11B. The swirling 
region in the LV grows in size during diastole and 
can still be observed during the early stages of 
systole (Figure 10C), although it decays soon after 
the beginning of ejection. Studies using numerical 
simulation164-137 and in vitro experiments168-171 have 
confirmed this behavior.

Because cardiomyopathies have been shown to 
alter the intraventricular flow patterns,159,172-177 high-
resolution imaging of the blood flow in the LV is 
a potentially valuable tool for understanding the 
hemodynamics of HF. The physiological role of 
the large diastolic vortex shown in Figures 10B and 
11B has become the subject of active and ongoing 
research. It has been suggested that this vortex 
redirects blood from the inflow tracts to the outflow 
tracts of the LV, thereby acting as a reservoir of 

contractility or distensibility of the myocardium, 
or measure intraventricular blood velocities and 
pressure differences, are particularly relevant to 
characterize cardiac physiology because, ultimately, 
each side of the heart acts as a cyclic suction-
ejection fluid pump. The non-invasive measurement 
of myocardial deformation has been the subject 
of a vast amount of work in recent decades and is 
thoroughly reviewed elsewhere.145,153 This survey will 
focus on the non-invasive characterization of intra-
ventricular flow patterns and pressure differences, 
which has received comparatively less attention in 
the past, but is currently experiencing important 
advances.

The Role of Complex Flow Patterns in Left 
Ventricular Function

Experimental studies based on phase-contrast 
MR (PCMR)154-157 and echocardiography,158-163 
have described the complex flow patterns inside 
the human left ventricle (LV). Figure 10 illustrates 
these patterns by displaying a sequence of maps 
of blood velocity in a healthy volunteer during 
early diastole (panel A), late diastole (panel B), 
systole (panel C), and isovolumic relaxation 
(panel D). The blood velocity vectors were imaged 
in the apical 3-chamber view of the LV and 
the anatomical images overlaid. At the onset of 
ventricular filling, the main flow pattern is the 
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Figure 9. Von Misses stresses calculated 
along the wall of a reconstructed model of an 
abdominal aortic aneurysm (AAA) of a 75-year-
old male patient. (A) Slice of a computed 
tomography (CT) scan showing the cross-
section of an AAA 6 cm in diameter without any 
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showing that the maximum value of the von 
Misses stresses on the wall are along the side 
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than in a normal LV (Figure 11C). Therefore, 
this part of the ring is subject to less viscous 
dissipation and does not decay as rapidly as 
in a normal LV. This picture is supported by 
Figure 12, which shows blood velocity maps in 1 
healthy human LV and 2 dilated ones during late 
diastole. These maps indicate that only 1 clockwise 
vortex corresponding to an asymmetric vortex ring 
remains in the healthy LV (Figure 11B). However, 
additional counter-rotating vortices corresponding 
to a symmetric vortex ring persist in patients with 
DCM (Figure 11C). Counter-rotating vortices 
have been associated with higher energy losses 
in numerical simulations.166 Furthermore, they 
oppose the efficient redirection of blood from 
the mitral valve to the aortic valve that occurs 
naturally in healthy hearts. Figure 12 suggests that 
the size and circulation of the abnormal vortex, 
relative to those of the physiological one, increase 
with the severity of the disease. These results have 
led us to hypothesize that altered flow patterns 
may cause higher power requirements during early 
ejection, thereby reducing the pumping efficiency 
of the LV.

Several studies have illustrated that the LV 
diastolic vortex is a time-evolving flow pattern that 
follows a complex trajectory within the LV.155-158,160-163 
Therefore, the time-dependent position, geometry 
and swirl strength of the vortex are important 
factors that may influence overall cardiac function. 
The results obtained by one of our groups indicate 
that these properties depend on the duration of the 

mechanical energy that is released into the blood 
stream during ejection.156 This hypothesis implies 
that the diastolic vortex in the normal LV is the 
result of an epigenetic evolutionary process that 
minimizes the dissipation of mechanical energy in 
the flow and optimizes the efficiency of myocardial 
pumping.

Our current understanding of the hemodynamic 
irregularities that occur in patients with altered 
diastolic function is beginning to benefit 
considerably from clinical pilot studies based on the 
non-invasive characterization of the LV diastolic 
vortex. Ishizu et al159 have found that the size of 
this vortex increases by approximately 2 factors 
in patients with pseudonormalized transmitral 
flow patterns. By comparing PCMR data from 17 
normal LVs to 1 dilated ventricle, Bolger et al157 
have concluded that the fraction of mechanical 
energy that is stored by the LV vortex may be 
lower in patients with dilated cardiomyopathy 
(DCM). More recently, Hong et al141 have shown 
that the strength, size and temporal pulsatility of 
the diastolic vortex are lower in patients with DCM 
than in healthy volunteers. Recent studies by one 
of our groups161-163 suggest that the hemodynamic 
irregularities observed in DCM patients may be 
caused by the slower loss of symmetry of the early 
diastolic vortex ring, as opposed to the rapid loss 
of symmetry observed in normal LVs (Figure 10 
and Figure 11). The physical argument for this 
behavior is that the posterior part of the vortex 
ring is farther from the wall in a dilated LV 
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Figure 10. Blood velocity mapping in a normal left ventricle overlaid on a sequence of anatomical B-mode apical long-axis images during (A) rapid filling, (B) 
late filling (C) ejection onset, and (D) isovolumic relaxation. The vectors indicate the direction and magnitude of the velocity as coded in the color bars (m/s).
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estimated as WS ≈ ρa × VS ≈ 0.8 J, where ρa ≈ 90 
mm Hg is the characteristic aortic pressure and 
VS ≈ 70 mL is the characteristic LV stroke volume. 
Consistent with these estimations, a recent study has 
shown that the LV stroke work only increases by 
approximately 1% when the direction of rotation of 
the LV diastolic vortex is synthetically reversed in a 
numerical simulation by altering the orientation of 
the inflow tract relative to the LV axis.186

It should be noted, however, that the diastolic 
vortex may still play an important role in the 
hemodynamics of the LV even if its energy is 
low compared to the stroke work. In fact, the 
centrifugal pressure difference across the vortex 
radius can be estimated as DPV ≈ ρ g2/R2 ≈ 1 mm Hg, 
where g ≈ 0.1 m2/s is the characteristic circulation 
(swirl momentum) of the vortex. This pressure 
difference is comparable to measured values of 
the diastolic and systolic intraventricular pressure 
differences,174,187 indicating that the LV vortex may 
play an important mechanical role in the balance 
forces acting on blood flow during LV filling and 
ejection. Furthermore, we should not discard a 
priori the possibility that myocardial homeostasis is 
affected by even a modest decrease in the energetic 
efficiency of the LV sustained over a long period. 
Further work is required to clarify the role of the 
LV swirling flow patterns in the hemodynamics of 
cardiac pumping. Non-invasive, nonionizing blood 
velocity imaging techniques are unique tools to 
tackle these issues because they can be applied in 
clinical studies with minimal risk. 

LV filling phases, which can be adjusted by changing 
the atrioventricular (AV) and biventricular (VV) 
delays (not shown). It has been demonstrated that 
the response to CRT is improved by optimizing the 
timing of the VV and AV intervals.178-183 However, 
an ideal procedure for echocardiographic AV and 
VV optimization has not yet been defined due to the 
challenges of coordinating echocardiographic and 
electrophysiological data.140,184,185 Therefore, better 
knowledge of the dependence of the LV vortex 
properties on AV and VV synchrony may increase 
our understanding of the benefits of CRT. It may 
also potentially improve current protocols for VV 
and AV optimization by enabling LV contraction to 
take place under the most favorable hemodynamic 
conditions.

Despite evidence supporting a role of the LV 
diastolic vortex in optimizing myocardial pumping, 
the functional merit of this flow pattern is still 
being debated. The controversy is motivated by 
the fact that the mechanical energy stored by the 
diastolic vortex (EV) can only account for a small 
fraction of the mechanical work performed by 
the ventricle per cardiac cycle (the stroke work, 
WS). Using consensus values for the properties of 
the LV vortex,154,159,161-163 EV can be estimated as 
EV ≈ ρpi2DR2U2/2 ≈ 0.01 J, where ρ ≈ 1000 kg/m3 is 
the density of blood, D ≈ 1 cm is the diameter of 
the vortex ring, R ≈ 0.5 cm is the cross-sectional 
radius of the vortex core and U ≈ 30 cm/s is the 
characteristic swirl velocity around the vortex. 
On the other hand, the stroke work can be easily 

Early DiastoleA  Late Diastole (Normal LV)B Late Diastole (DCM)C

Outflow Inflow Outflow Inflow Outflow Inflow

Figure 11. Simplified sketch of the 
dynamics of the left ventricle (LV) 
vortex ring during diastole. (A) A 
symmetric vortex ring generates 
around the mitral jet during early 
filling (see Figure 10A). (B) In a normal 
ventricle, the part of the vortex ring 
that is closer to the posterior wall of 
the LV decays due to viscous friction 
with the wall. As a result, the vortex 
ring becomes asymmetric during 
late diastole, creating a large single 
vortex that redirects blood from the 
inflow to the outflow of the ventricle 
(see Figure 10B and Figure 12A). (C) 
In a dilated ventricle, the posterior 
part of the vortex ring does not 
decay as fast as in the normal case. 
Consequently, the vortex ring does not 
lose its symmetry during late diastole, 
leading to additional counter rotating 
vortices contrary to the natural blood 
redirection in the LV (see Figures 
12B and 12C). DCM indicates dilated 
cardiomyopathy.
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Non-invasive Nonionizing Techniques to 
Quantify LV Flow Patterns

Cardiac PCMR has been instrumental 
in describing the normal flow patterns in the 
LV.154,155,157 However, the complete clinical 
characterization of LV flow dynamics in different 
disease states that would lead to improved diagnosis 
and treatment of HF has not yet been done, due to 
the complexity and low temporal resolution of this 
technique.121,188,189

Because it is noninvasive, portable and 
inexpensive, Doppler-echocardiography is the most 
widespread imaging technique for cardiovascular 
diagnosis. The combination of the cross-sectional, 
spectral and color-Doppler modalities has been 
extensively validated.190,191 In addition to online 
assessment and the digital post-processing of 
color-Doppler images, cardiac output can be 
determined192 by including regurgitant volumes,193 
intracardiac pressure differences,153,174,175,187,194,195 and 
so on. Color-Doppler imaging is accurate but only 
provides the velocity component parallel to the 
ultrasound beam, which constitutes a limitation 
given the spatial complexity of intracardiac flows. 
Presently, 2 methods are used to reconstruct 2D 
flow fields from ultrasound images: a) cross-beam 
Doppler ultrasound imaging,196-198 and b) particle 
image velocimetry (PIV)199 on B-mode images 
obtained during contrast agent infusion (echo-
PIV).160,200-203 Cross-beam ultrasound imaging works 
well in vascular applications204 but is not adapted to 
cardiac flows because it requires 2 measurements 
differing by a significant angle.196 Synthetic aperture 
imaging has solved this problem205-207 but current 
hardware limitations restrict its imaging depth 
to about 3 cm, which is unsuitable for cardiac 
flows. Echo-PIV requires continuous injection of 
a contrast agent infusion that has to be carefully 
fine-tuned due to the unstable nature of bubble 
aggregates in the LV, and their interaction with 
ultrasound.208 Additionally, resolution requirements 
restrict echo-PIV to small acquisition sectors.203 
Nevertheless, this technique has proven useful 
for deriving physiological information from the 
visualization of 2D flow maps in the experimental 
setting,203 and in clinical pilot studies with a small 
number of patients.160

We recently introduced a new noninvasive 
modality to measure 2D flow fields in the apical 
long-axis view of the LV using conventional color-
Doppler ultrasound.161-163 Such flow fields can be 
overlaid on anatomical images, allowing visual and 
quantitative characterization of LV flow features 
with high temporal resolution. The clinical simplicity 
of this modality enables the hemodynamics of 
the LV diastolic vortex to be studied in large 
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Figure 12. 2D color-Doppler blood velocity mapping in 3 human left 
ventricles (LV) overlaid on anatomical B-mode apical long-axis images. (A) 
Normal ventricle, (B) dilated ventricle and (C) severely-dilated ventricle. The 
color shades indicate the magnitude of the velocity as coded by the color 
bar at the bottom of the image, and the black lines show the streamlines. 
The arrowheads indicate the direction of the flow. Panel C also shows the 
% transverse strain of the LV wall, color-coded according to the color bar 
on top right corner of this panel.
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