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Abstract

Echocardiography is a predominant modality for the diagnosis of the human heart. The
aim of this thesis is to propose a method of high-frame-rate imaging of echoes from blood
cells for visualization of complex flow in the cardiac cavity and to examine the feasibility
of cardiac blood flow imaging by this proposed method. The proposed method has a
potential to visualize real movements of blood within the cardiac lumen owing to high-
frame-rate measurement. The consecutive blood echo images would allow the human eyes
to perceive complex patterns of cardiac blood flow. Furthermore, an estimator of two
dimensional velocity vector of blood flow is studied. The velocity vector field is useful to
understand a behavior of blood flow in the cardiac cavity. In this thesis, a basic and in
vivo experiments of a flow phantom and a healthy volunteer were performed to test the
performance of the proposed method.

In the proposed method, high-frame-rate echocardiography using unfocused transmit
beam and parallel receive beamforming was used to visualize a fast blood flow with a ve-
locity of up to 1 m/s inside the cardiac cavity. However, the quality of an image composed
of echoes from blood cells was low due to the unfocused ultrasound transmission. There-
fore, the imaging of blood echoes was improved by means of two weighting techniques; an
weighting technique with the coherence of RF echo signals in the direction of frame and
the phase coherence weighting with sub-beamforming for echoes from blood cells. The
performances of these methods were tested through an in vivo measurement.

Speckle tracking method makes it possible to estimate the velocity vector by searching

viil



maximal correlation of echoes between successive frames. However, a stable estimation of
the velocity vector of blood flow with this method is difficult because of low signal to noise
ratios of echoes from blood cells. Echoes are acquired in a number of frames owing to high-
frame-rate echocardiography; therefore, multiple two-dimensional correlation functions can
be averaged during a short period to improve the accuracy of velocity vector estimation.
The effect of the averaging of two-dimensional correlation functions was examined in a
basic experiment with flowing blood-mimicking fluid. First, the number of frames required
for improvement of accuracy in estimation of velocity vector was investigated. It was found
that the averaging even in a short period of only 2 ms, which corresponds to 12 frames at a
frame rate of 6024 Hz, improved the accuracy of estimation of velocity vector significantly.
In addition, a limitation of this study, i.e., the angle-dependence of visibility between the
major axis of blood flow and the ultrasonic beam, was also verified by comparing the
results obtained in the flow experiments at different flow angles.

Finally, blood flows inside the left ventricular cavity of the healthy heart were visualized
by the proposed method. The vortex blood flow in the cardiac cavity could be detected
in diastole by blood echo images and velocity vector fields. It was shown from the in
vivo results that visualization of complex blood flow in the cardiac cavity by the proposed

method was feasible.
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Chapter 1

Introduction

1.1 Background

A roll of the heart is to provide enough blood for organs. Cells composing organs can
maintain their functions by trading oxygen and nutrient with transported blood. In the
cell, the energy is produced by metabolizing glucose with oxygen. At the time, carbon
dioxide is also generated, and it has to be released outside the human body through blood
flow. Furthermore, blood flow also contributes to transport water, hormone, and glucose
over the whole body. As described above, a sufficient blood supply is essential to maintain

life; therefore, the heart has one of the most important function for the human body.

Nevertheless, the increase in the number of patients with cardiovascular diseases like
heart failure and coronary heart disease is becoming a serious problem in world wide. For
instance, cardiovascular diseases accounted for 41% of all deaths in the United States and
the direct and indirect costs were estimated to $315.4 billion in total in 2012 [1]. By 2030,

the total medical cost of cardiovascular diseases is projected to exceed $1 trillion (real 2008



US$) [2]. Therefore, early diagnosis of cardiovascular diseases significantly contributes to

improve quality of life and keep down the medical cost.

The pumping function of the heart is degraded due to cardiovascular diseases. The
heart is a pump made up of the myocardium and is driven by changes in pressure and
volume of the cardiac cavity generated by changes in force and myocardial length. The
cardiac (pumping) efficiency is calculated from external work and oxygen consumption
of myocardium [3]. However, the pumping energy cannot be sustained due to cardio-
vascular diseases: for instance, high blood pressure, valve disease, myocardial infarction,
and coronary heart disease. Such diseases lead an imbalance between external work and
oxygen consumption and, ultimately, heart failure is developed due to the less pumping
efficiency. Therefore, evaluation of the cardiac pumping function is useful for diagnosis of

cardiovascular diseases.

The relationship between the pumping function and blood flow is presented as follows.
Flowing blood in the cardiac lumen interacts with geometries of the surrounding heart
wall and valve. Movements of blood are modified by movements of such boundaries and,
thus, can produce a hemodynamic environment comprising pathological abnormality [4].
Because of the chamber geometry, the valves, and wall motion, blood flow inside the
cardiac chamber is multi-directional and tend to curl or spin during various phases in
the cardiac cycle [4]. Tt is subject to reveal the influence of such flow structures on the
pumping efficiency. Most of the external work done by the heart is expended to eject blood
into the aorta and into pulmonary artery from cardiac chambers [3]. Here, let me redefine
the pumping efficiency as the amount of ejected blood (external work) divided by required
energy (oxygen consumption) to simplify discussion. It has been found that vortex-like

blood flow is generated in the cardiac cavity in diastole so that the momentum of blood is



directed to the aorta. Such complex structures of cardiac blood flow is considered to be
closely linked with the pumping efficiency as follows: When the momentum of blood in
the cardiac chamber direct to the aorta in advance, the blood subsequently can be ejected
with the less myocardial energy during ejection phase. Therefore, analyzing blood flow

behavior inside the cardiac chamber may provide diagnostic and prognostic information.

Typical blood flow behavior and discussions about the vortex blood flow are introduced
in what follows. In recent years, understanding of behavior of blood flow in the cardiac
chamber has been progressed because methods for imaging of cardiac flow have been
improved increasingly; for instance, color Doppler flow imaging, echocardiographic particle
image velocimetry (E-PIV), and phase-contrast magnetic resonance imaging (PC-MRI).
Figure 1.1(a) illustrates a cross-sectional view of the human heart. The green-colored
arrow roughly represents the typical path of blood flow. Figures 1.1(b) and 1.1(c) show
distributions of blood flow velocities inside the left cardiac cavity obtained by Doppler flow
imaging in ejection and diastolic phases, respectively. In Figs. 1.1(b) and 1.1(c), the red
and blue colors mean directions toward and away from the array transducer, respectively,
and their brightness correspond to magnitudes of velocities in terms of that direction.
Figures 1.1(b) and 1.1(c) depict blood flowing into and out of the left ventricular cavity,
which corresponds to the direction of blood flow in Fig. 1.1(a). In particular, the roll
of vortex-like blood flow in the cardiac chamber has been focused strongly. The vortex
blood flow has been visualized by E-PIV and PC-MRI mostly. In [4], the vortex pattern
of blood flow has been visualized inside the left ventricle of healthy heart using E-PIV and
PC-MRI. It is assumed that such vortices contribute to blood smoothly flowing out to the
aorta by preserving the momentum of blood in diastolic phase [4]. Various contributions
of the vortex have been discussed much more. For instance, some studies suggest that

normal vortex flow minimizes the dissipation of the energy of blood flow [6]. It has been
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further suggested by several studies that the flow of blood, which trails and circulates
on specific flow routes (flow patterns) in the left ventricle, contributes to the efficiency
of the pumping function [7-9]. The abnormality of diastolic vortex formation has been
reported regarding patients with myocardial infarction [10]. The aforementioned studies
mean that the vortex-like behavior of blood enables to eject blood in the chamber with a
smaller energy given by myocardium (i.e., better pumping efficiency). Hence, visualization

of vortex-like blood flow would be useful for evaluation of cardiac function.

Echocardiography and PC-MRI have been mainly used as a modality for visualization of
blood flow patterns in the heart lumen. MRI can produce images with a high contrast with
regard to soft biological tissues and a less artifact originated from bone. On the other hand,
the spatial distribution of blood velocity vectors can be obtained by PC-MRI (a technique
with MRI) [11,12]. PC-MRI has been also utilized to explain embolism to all brain
territories by analyzing retrograde flows from complex plaques of the descending aorta [13].
Recently, the use of PC-MRI has been expanded to visualize three-dimensional blood flow
in the cardiac chamber [14,15]. Several display tools for visualization of complex blood
flow were proposed for PC-MRI [16,17]; e.g., velocity vector field, streamline imaging, and

time-resolved particle tracing.
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Figure 1.1: (a) Typical paths of cardiac blood flow illustrated on cross-sectional view of
the human heart (partial modification of [5]). The green-colored arrows roughly represent
the typical paths of blood flow. Spatial distributions of blood flow obtained by color
Doppler flow imaging in (b) ejection and (c) diastolic phases. The red and blue colors

mean directions toward and away from the array transducer located above the apex.



1.2 Conventional methods for measurement of car-

diac blood flow

As described previously, studies with PC-MRI have progressed toward understanding of
complex structures of blood flow. However, it takes long time to scan the heart because
the temporal resolution is much worse than echocardiography; for instance, using current
PC-MRI, cardiac blood flow can be measured with a spatial resolution of 3 mm? and a
temporal resolution of 50 ms in approximately 20 min [4]. Additionally a PC-MRI scanner
is expensive. Under such conditions, throughput of MRI for measurement of cardiac blood

flow is relatively low.

On the other hand, echocardiography provides a cross-sectional image noninvasively in
real-time; therefore, a method for visualization of cardiac blood flow with echocardiography
is quite valuable. In this study, echocardiography was employed as a modality for imaging
of cardiac blood flow with a high throughput. In ultrasonography, several methods for
measuring blood flow have been developed, and some of them were enabled on commercial
systems. Features and problematic points of such ultrasound methods are discussed to

determine the direction of this study in the following part.

Ultrasound Doppler measurement

Ultrasound Doppler measurement is a method of measuring the axial component (i.e.,
the direction parallel to the ultrasonic beam) of the tissue velocity by analyzing echo
signals from a specific spatial point in the temporal direction. Doppler measurement has

been fallen into two main categories, i.e., spectral Doppler method and color Doppler



method, according to the methodology of measuring the axial velocity. Spectral Doppler
method displays the spectrum of Doppler shifts of echoes. The Doppler shift is computed
using echoes obtained by transmission of pulsed wave or continuous wave ultrasound. The
Doppler spectrum obtained by transmission of continuous wave include axial velocities of
all reflectors placed along the ultrasonic beam; therefore, continuous Doppler measurement
give no spatial information. As for pulsed wave Doppler method, axial velocities inside a
manually assigned region are obtained. However, these spectral Doppler methods cannot
provide the spatial distribution of blood flow because only the echoes from a specific spatial
region were analyzed. Color Doppler method is a major diagnostic modality to visualize
cardiac blood flow. In color Doppler method, the spatial distribution of the axial velocity

of blood flow can be obtained by utilizing the auto-correlation technique [18].

Methodologies for improving Doppler measurement have been studied in a long while.
For a stable estimation of Doppler shifts by the auto-correlation technique, a theoretical
signal model was assumed and an estimator using the model was proposed [19]. Biases
in estimation of the velocity and the velocity spread were reduced by improving charac-
teristics of conventional clutter (rejection) filters which effects on estimation of the axial
velocity by the auto-correlation technique [20]. Variances in the measurement of Doppler
spectrum have been suppressed by using multiple Doppler spectra simultaneously obtained

in the surrounding region [21].

These Doppler methods have contributed for visualization of abnormal blood flow: e.g.,
an analysis of the jet flow caused by aortic valve stenosis and a detection of the back flow
caused by valvular regurgitation. However, as a general problem of Doppler measurement,
the major direction of blood flow cannot be shown because the Doppler measurement

reveals only the axial velocity [22-24]. Although several methods of angle compensation



in conventional Doppler measurement is currently developed, these are inadequate for

visualization of complex flow [25].

Vector Doppler method

Many researchers have studied to estimate the transverse component (perpendicular to
the ultrasonic beam) of blood flow velocity. A technique with two crossed transmit /receive
beams utilizing Doppler spectral broadening effect has been proposed to estimate the
transverse velocity component in a specific spatial point [28,29]. On the other hand, a
methodology for measurement of the velocity vector of blood flow by combining Doppler
measurement from two directions was proposed (called vector Doppler method) [26,27].
Recently, an imaging method of the blood velocity vector estimated by the vector Doppler
technique with transmissions of crossed plane waves has been developed [30,31]. It has been
shown that a better estimation of velocity vectors was achieved by combining the vector
Doppler approach with speckle tracking (described in detail in the following section) using
plane wave transmissions [32]. As another approach, a velocity vector estimator using
transmissions of diverging waves with different apertures and a least squares fitting with
the velocities in the different directions was proposed [33] and, moreover, time-resolved flow
paths of blood flow in the carotid vessel has been visualized by utilizing blood velocity
vectors obtained by the least squares fitting with multi transmissions of steered plane
waves [34]. These vector Doppler-like techniques, however, require a relatively large beam
steering angle. As a result, a linear-array transducer with a large aperture is used in
ongoing studies, and its application is limited to blood flow in a shallow region like carotid
blood flow. Hence, the vector Doppler technique is not suitable for the normal cardiac

measurement with a phased-array transducer.



Vector flow mapping

A different approach for estimation of the transverse component of the blood flow veloc-
ity has been developed, which is called vector flow mapping [35]. With vector flow map-
ping, the transverse flow velocity is mathematically calculated from the two-dimensional
(2D) distribution of the axial velocity measured by color Doppler method on the basis of
hydro-kinetic assumptions. An another method of estimation of the transverse velocity
from the 2D distribution of the axial velocity has been proposed, which utilizes velocities
of surrounding heart walls estimated by speckle tracking to obtain more accurate bound-
ary conditions for continuity equation [36]. Recently, a technique to detect and quantify
intraventricular vortices using the 2D field of the axial velocity has been developed [37],
which mainly targets special patterns of axial velocities in a specific region. It has been
shown that vortex-like blood flow inside the cardiac lumen can be depicted by vector flow
mapping in [36]. However, real flows of blood cannot be visualized by such assumptive

methods.

Echo movement tracing

An another technique for estimation of the direction of blood flow was developed, which
traces the inter-frame movement of echoes by searching the maximal correlation of the
echoes between successive frames (called speckle tracking) [38,39]. This correlation-based
motion estimator has been also used for evaluation of mechanical properties of various
tissues like myocardium [40,41] and artery wall [42-44] by many researchers. For estima-
tion by speckle tracking, continuous motions of echoes from a target need to be measured.

Methods for imaging of dynamic motions of echoes from blood cells are discussed below.



Lovstakken et al. proposed a method for imaging of the blood flow direction by visu-
alizing motions of echoes from blood cells with customized sweeping of focused transmit
beam [45]. This method, however, has the critical issue of an insufficient frame rate be-
cause multiple transmissions in a direction is required for visualization of echoes from blood
particles. As a result, estimation of the 2D blood velocity vector by speckle tracking was
not attempted due to insufficient continuity of movements of echoes between consecutive
frames as described in [45]. A method for visualization of blood flow, called B-flow, has
been proposed and reached clinical use [46]. In this method, coded excitation was used
to obtain a high sensitivity with keeping the spatial resolution. However, the acquisition

frame rate is not enough compared to motions of blood cells likewise.

It has been found that a high frame rate is desired to capture dynamic motions of
echoes from blood cells as described previously. The frame rate of ultrasound imaging
is defined as the pulse repetition frequency divided by the number of transmissions per
frame; therefore, decreasing the number of transmissions per frame is effective for the
high-frame-rate measurement. However, many transmissions are required with sweeping
a focused beam to cover a wide region (i.e., to realize a large field of view). To obtain
echo signals from a broad region with fewer transmissions, parallel receive beamforming
was proposed [47]. Parallel receive beamforming with plane wave transmissions has been
intensively used in transient elastography with a linear array transducer [48]. Recently,
its applications has been broadened to the monitoring of the treated area for ultrasonic

therapy [49].

Parallel receive beamforming is useful in terms of even blood flow imaging. In recent
years, speckle tracking with high-frame-rate measurement by transmissions of plane waves

and parallel receive beamforming has shown to be feasible for an imaging of the 2D velocity
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vector of carotid blood flow [50,51]. At nearly the same time, the artery-wall strain and
the axial velocity of carotid blood flow were simultaneously visualized at a frame rate of
3500 Hz by plane wave transmissions and parallel beamforming [52]. Movements of echoes
from flowing blood cells in the carotid lumen was also visualized using high-frame-rate
measurement [53]. More recently, an imaging of the 2D blood velocity vector estimated in
the frequency domain with plane wave imaging was demonstrated [54]. An estimation of
the axial blood velocity using echoes in a number of frames obtained by plane wave imaging
has been introduced [55]. Many studies using parallel receive beamforming coupled with
transmissions of plane waves has been performed for blood flow imaging. However, the
width of the region illuminated by a plane wave is limited by the size of the aperture of
the transducer. In echocardiography, a phased-array transducer with a small aperture is
used because the heart needs to be insonified from a narrow acoustic window between ribs.
This means that the use of transmissions of plane waves requires many transmissions per
frame to cover the heart and it limits the frame rate in echocardiography. Plane wave
imaging, therefore, would not be suitable for visualization of cardiac blood flow requiring

a high frame rate.

On the other hand, echoes from blood are enhanced by contrast agents blended in the
blood pool in E-PIV [56-58]. Although the intravenous injection of contrast agent is
required, motions of enhanced echoes from blood can be visualized in the cardiac lumen
with a high contrast. However, it has been reported that the frame rate of current E-PIV
is not sufficient to visualize blood flow in the cardiac lumen because blood particles move

so fast up to 1 m/s and its movement is complex [59].
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1.3 Objective of the research project

Section 1.2 is summarized as follows: Color Doppler flow imaging cannot show the
major direction of blood flow. Vector Doppler measurement has been implemented using
a linear-array transducer with a large aperture in ongoing studies, but, this technique is
not suitable for the normal cardiac measurement with a phased-array transducer. Vector
flow mapping cannot visualize the real flow of blood. Echo movement tracing requires

high-frame-rate measurement of echoes from the heart with a phased array transducer.

In this study, a method referable to echo movement tracing was employed to visualize
real blood flow in the cardiac lumen. Flowing blood inside the cardiac cavity exhibits
complex flow patterns like vortex pattern. Furthermore, blood cells (scatterers) can flow
at a velocity of over 1 m/s in the human heart. High-frame-rate measurement with parallel
receive beamforming, therefore, would be of value for visualization of such blood flow
patterns. To do that, an ultrasound wave for insonifying the cardiac cavity from a narrow
acoustic window between ribs is required to be coupled with parallel receive beamforming.
Hasegawa and Kanai have developed high-frame-rate echocardiography with transmissions
of spherically diverging waves and parallel receive beamforming [60-62]. In this thesis, a
method of imaging of echoes from blood cells with high-frame-rate echocardiography is
proposed for visualization of complex blood flow in the cardiac cavity [63,64]. Furthermore,
in the herein presented method, 2D blood velocity vectors of the cardiac blood flow are
estimated by speckle tracking. Note that the result of our work can also be applied to

studies of E-PIV with high-frame-rate echocardiography.

In recent medical ultrasound, an array-type probe equipped with multiple transducers

has been used normally. In the conventional beamforming with the array probe, both

12



transmit and receive beams are electronically focused by activating transducer elements
with delay times determined according to the focal position. As compared to the con-
ventional beamforming, the spatial resolution and the sidelobe characteristics of high-
frame-rate echocardiography are significantly degraded due to transmissions of unfocused
beams. As described in [60], [65], and [66], two different methods have been proposed to
improve the quality of the B-mode image of high-frame-rate measurement as follows: One
is the spatial compounding, and another is the phase coherence weighting. It was shown
that improvement of the image-quality of B-mode is feasible by these methods. On the
other hand, blood echo images are constructed using echoes from blood cells measured
with high-frame-rate echocardiography in this study; therefore, the image-contrast and
the spatial resolution for blood echo imaging are also desirable to be improved. Although
the quality of B-mode image become better owing to these techniques, their effects on

echoes from blood cells have not been examined.

Speckle tracking makes it possible to estimate the blood velocity vector without depend-
ing on the angle between an ultrasonic beam and flowing blood. In this study, to capture
fast movements of blood cells in the cardiac chamber, echoes from blood cells are measured
at a high-frame-rate of several kilohertz (conventionally, several tens Hertz). Nevertheless,
an accurate estimation of the blood velocity vector would be still hard because signal-to-

noise ratios (SNRs) of echoes from tiny blood particles are low.

For aforementioned reasons, objectives of this research project are described as follows;
consideration of a procedure for blood echo imaging with a better image-quality, improve-
ment of the accuracy of estimation of the 2D blood velocity vector, and validation of
the feasibility of cardiac blood flow imaging by the proposed method through an in vivo

experiment.
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1.4 Thesis structure

In Chapter 1, background, conventional methods, and objective of our study are pre-
sented. The subsequent part of this thesis is organized in what follows. At first, a method
for high-frame-rate measurement of ultrasonic echoes from the human heart is presented.
Subsequently, it is presented how echoes from blood cells are visualized. After that, an
accurate estimator of the blood velocity vector is presented and its effect is examined
through a basic experiment with a flowing blood-mimicking fluid. Finally, the feasibility
of visualization of complex cardiac blood flow by the proposed methods is evaluated in an

in vivo experiment. The chapters’ substances are described below.

Chapter 2 shows a strategy for high-frame-rate imaging of movements of echoes from
blood cells. Methods for blood echo imaging with high contrast and spatial resolution are
described. In the proposed procedure, echoes from tissues except for blood are suppressed
by the moving target indicator (MTI) filtering, namely, clutter suppression filtering. The

MTT filtering with adaptive selection of the cutoff frequency is also presented.

In Chapter 3, a technique for improvement of the accuracy in estimation of the blood
velocity vector with speckle tracking is described. In this method, 2D correlation functions
are temporally averaged for a fine estimation of the blood velocity vector. The effect of
the averaging of 2D correlation functions is examined through a steady flow measurement

using a phantom.

In Chapter 4, visualization of blood flow in the cardiac chamber is tested by the proposed

method through an in vivo experiment of a healthy volunteer.

Chapter 5 reports overall conclusions of this thesis.
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Chapter 2

Methodology for blood echo imaging

2.1 Overview

Red blood cell is a scatter in blood and its diameter is as small as almost 8 pm. To
obtain a sufficient range resolution for distinguishing individual blood cell, an ultrasonic
frequency higher than 96 MHz is required at a sound velocity of 1530 m/s. On the
other hand, the full width half maximum FWHM in the azimuth amplitude profile of an

ultrasonic beam from a disk aperture is given by [67]

0.51)\) | 1)

FWHM = 2sin~* (T

where L, A\, and z denote the aperture diameter, the wavelength, and the axial distance.
The aperture size required for distinguishing blood cells at a depth of 5 cm and a fre-
quency of 96 MHz is estimated to almost 10 cm. If such a high transmit frequency is

used, the degradation of sensitivity cannot be negligible because the attenuation factor
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is proportional to the frequency and the propagation distance. Such requirements of the

transmit frequency and the aperture size are unrealistic for echocardiography.

Figure 2.1 illustrates an echo from a blood pool filled with blood cells (scatterers). In
Fig. 2.1, the transmit wavelength is assumed to be almost 400 pym at a sound velocity
of 1530 m/s and a transmit frequency of 3.75 MHz. An ultrasound image of blood has
a speckle-like texture because the constructive and destructive interferences occur among
echoes from many scatterers, which are much smaller than the wavelength of transmitted
ultrasound, in the focal point. Because the speckle echo generated by interferences among
echoes contains information on tissue structures, many researchers have studied methods
utilizing the speckled echo for an estimation of blood flow vector [38,39], a quantitative
evaluation of liver fibrosis [68,69], and the shear wave velocity measurement for imaging

of tissue elasticity [70,71].

The variation of speckle patterns arising from blood echoes between successive frames
is considered as follows: When blood cells move without changing their relative positions,
the speckle texture generated from the echoes is translated without transformation. This
means that the direction of blood flow can be identified using motions of speckle echoes
from blood cells although a location of each blood cell is not visualized. The dynamic
textures produced by strong scattering from aggregated blood cells inside the left atrium
has been used for calculation of its velocity vector in transesophageal echocardiography
[72]. However, the speckle texture frequently transmutes during a short time because
blood cells flow at a velocity of up to 1 m/s in the left ventricular cavity. Hence, a higher
frame rate would be desirable to visualize motions of echoes from blood cells in the cardiac
lumen. Our group has developed high-frame-rate echocardiography with transmission of

spherically diverging wave and parallel receive beamforming [60-62]. However, the spatial
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Figure 2.1: Illustration of echoes from blood including many blood cells (scatterers).

resolution and the sidelobe characteristics are seriously degraded due to transmission of

unfocused beam.

In this chapter, a strategy for high frame rate imaging of echoes from blood cells with
a better image quality is presented. Let me start to describe the procedure for high-
frame-rate measurement of echoes from the heart. A frame rate required for imaging of
a fast blood flow in the cardiac cavity is investigated. Then, methods for improvement
of the image quality are proposed and tested through a measurement of a human heart.

Furthermore, an adaptive MTT filtering is presented.
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2.2 High-frame-rate echocardiography

The frame rate of ultrasonic imaging is defined as a pulse repetition frequency divided
by the number of transmission per frame. Figures 2.2(a) and 2.2(b) show illustrations of
transmit /receive beams in the conventional imaging and high-frame-rate echocardiography.
As shown in Fig. 2.2(a), a focused ultrasound is transmitted and receive beams are created
at each spatial point inside the insonified region. To visualize the whole cardiac lumen,
the transmit beam is swept (steered) by changing the time delay applied to transducer
elements. The large number of transmissions with sweeping the focused transmit beam
is required to cover the cardiac lumen; therefore, the frame rate becomes low necessarily.
In high-frame-rate echocardiography, transmission of diverging beam and parallel receive
beamforming are implemented [60,61]. The spherical diverging wave do not limit the
illuminated region by the size of the aperture and enables the acquisition of echoes with
higher SNRs than the synthetic aperture ultrasound [73,74], which uses one or small
number of elements in transmission. As shown in Fig. 2.2(b), the receive focusing can
be performed at spatial points in a wide region by single transmission of a diverging
beam. Hence, the frame rate in measurement of echo signals is drastically increased by
decreasing the number of transmission per frame. In the present study, the transmit wave
was diverged from a virtual point source placed at a distance r; of 30 mm behind the

array surface and its diverging angle © was 35.5 degree.

The side lobe level increases due to the unfocused transmission in comparison with con-
ventional beamforming with focusing both in transmit and receive. A weighting technique
using the phase coherence factor with sub-aperture beamforming (PCF-SB) has been de-
veloped to reduce the side lobe characteristics [65]. PCF evaluates the diversity among

phases of echoes received by transducer elements after the application of delay compensa-
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tion, in which the time delay becomes large with the distance from a focal point. Echoes
originated from side lobes can be suppressed by weighting the PCF-SB to the amplitude
of echoes. In this study, the PCF-SB was computed using individual echo signals received
by transducer elements before receive beamforming, and the B-mode image was created

using beamformed RF signals weighted by the PCF-SBs.

In the present study, a modified diagnostic ultrasound system (Hitachi-Aloka Medical
a-10) with a commercial 3.75 MHz phased array transducer was used to acquire ultrasonic
RF echo signals from 96 transducer elements. RF signals received by individual elements

were sampled at 15 MHz for off-line processing by a personal computer.
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Figure 2.2: Illustration of transmission of spherically diverging beam and parallel receive
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2.2.1 Frame rate for blood echo imaging

The frame rate required for visualization of the cardiac blood flow was examined through
a steady flow experiment. Echoes from a blood mimicking fluid steadily flowing in a
cylindrical flow path (diameter of 8 mm) surrounded by tissue-mimicking rubber were
measured. The angle between the transducer surface and the flow axis was set at 56
degrees. The transducer surface was placed at a distance of 7 cm from the outer surface of
the flow path. The flow rate, which corresponds to the mean flow velocity, was measured
by a mass flow meter connecting to the flow path. The echo data was acquired at the
frame-rate of 6024 Hz with the single transmission of a non-steered diverging beam per

frame at a flow rate of 0.6 L/min (mean flow velocity: 0.2 m/s, Reynolds number: 960).

In this measurement, the accuracy of velocity estimation was evaluated in different
frame rates at a constant Reynolds number of 960. RF echo signals of different frame
rates (1506, 2008, 3012, and 6024 Hz) at a mean flow velocity of 0.6 m/s were simulated
by changing the frame interval, i.e., twice, triple, and quadruple of the original frame
interval. The velocity vector was estimated by speckle tracking with a temporal averaging
of 2D correlation functions for 12 frames (see Section 3.2 for details). Figure 1 shows mean

flow velocities computed using velocity vectors as follows:
N
V= 1 > (7rjAr)v; -, (2.2)
=0

where v;, 7;, Ar, A, and n are the velocity vector estimated at the j-th spatial point, the
distance from the center of flow path to the j-th spatial point, the interval between the
j-th and the (j + 1)-th spatial point, the cross-sectional area of the flow path, and the
unit vector parallel to the flow direction, respectively. The interval between the j-th and

the (j + 1)-th spatial points was set at 0.4 mm.

21



As can be seen in Fig. 2.3, the accuracy in estimation of 2D velocity vector is improved
with the frame rate. It was found that a high frame rate of 6 kHz was required to measure
the fast blood flow. It is highly likely that such fast blood flow occurs in the cardiac lumen.
The number of transmission is allowable to be once per frame to achieve such a high frame
rate. However, the transmit ultrasound need to be widely diffused to cover the heart by
the single transmission; therefore, the spatial resolution and the sidelobe characteristics
are much low in the obtained blood echo image. In [60] and [66], a compounding technique
of RF signals, which are obtained by transmissions toward different directions, has been
proposed to improve the spatial resolution and the side lobe characteristics. Although the
frame rate is decreased due to the larger number of transmissions, the high image-quality
can be obtained by this compounding technique. However, this procedure is considered to
be unsuited for the blood echo imaging because it compensates echoes from flowing blood
cells (see Appendix A). This means that the blood echo imaging with a better image
quality cannot be achieved even if measurement of a fast blood flow is compromised for

the compounding effect.

In the present study, ultrahigh-frame-rate measurement was performed with the single
transmission of the diverging beam per frame. The improvement of the spatial resolution
and the sidelobe characteristics is an important subject for this study. The techniques
required for improving the image quality are presented and tested in the subsequent sec-

tions.
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Figure 2.3: Mean flow velocities estimated at different frame rates in steady flow measure-

ments. The standard deviations were computed from 50 frames.

2.3 Algorithm for imaging of echoes from blood cells

The amplitude of a scattered echo depends on the size of the scatterer, the reflection
coefficient of the surface of the scatterer, and the frequency of the insonified ultrasound [75].
Because of the small size of blood cells and the small reflection coefficient between blood
cells and blood plasma, the amplitudes of echoes from a blood pool are much smaller
than those from the heart wall and ribs. Therefore, echoes from blood cells placed in the

direction of the main lobe are contaminated even by sidelobe echoes from clutter sources
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such like ribs and the heart wall. To suppress such undesirable echoes, the difference in
velocities between the heart wall and blood flow has been utilized. The maximal velocity
of the heart wall is almost 0.1 m/s, while that of the cardiac blood flow reaches over 1 m/s.
The velocity can be defined as the ultrasound wavelength multiplied by the frequency of
RF echo signals from a specific position in the direction of frame; therefore, the frequency
of echo signals in the direction of frame increases with the velocity of an echo source.
Hence, echoes from the heart wall and ribs can be suppressed by the high-pass filtering in

the direction of frame (namely, the MTI filtering).

The proposed sequence of successive procedures is shown in Fig. 2.4. In the proposed
method, blood echo images were created using envelopes of MTI-filtered echo signals.
The MTT filtering was applied to individual echo signals received by transducer elements.
Two weighting techniques were used to improve the image-quality of blood echo image
as follows; PCF-SBs with MTTI filtering described in Section 2.4 and the coherence in
the direction of frame, i.e., the variance of temporal changes of phases in RF signals
described in Section 2.5. The cutoff frequency of MTT filtering was adaptively changed
using echo signals before the application of MTT filter as described in Section 2.6. Blood
velocity vectors were estimated by applying speckle tracking to envelope signals given by
the weighting techniques as shown in Section 3.2. Finally, the blood echo image (or the
distribution of velocity vectors) was visualized with the B-mode image to simultaneously
provide information of both flowing blood cells and the heart walls. In this study, the
intensities of envelope signals in the B-mode image and in the blood echo image were

coded according to gray scale and hot scale, respectively.
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Figure 2.4: Schematic of proposed procedure for imaging of echoes from blood particles.

2.4 Improvement of fineness of blood echo image with

array coherence

The PCF-SB improves the side-lobe characteristics and the spatial resolution by utilizing
the diversity of echo signals received by transducer elements. One of the technical merits is

to improve such imaging factors without decreasing the frame rate unlike the compounding

25



technique. Through phantom and in wvivo experiments, the strategy of the PCF-SB has
shown to be effective for improving the quality of B-mode image [65]. In this section,
an algorithm for computing PCF-SBs for echoes from blood cells is presented, and it is
examined that the improvement of blood echo imaging using the proposed algorithm is

feasible.

In the beginning, to obtain PCF-SBs for blood flow images, the MTI filtering was
applied to individual echo signals received by transducer elements. Then, the PCF-SB for
the blood echo image was computed from MTI-filtered element signals. As in the phase
coherence B-mode imaging, beamformed signals after the MTI filtering were weighted
using the PCF-SB for blood echo imaging. Figure 2.5 shows blood echo images (hot-
scaled) without and with weighting by the PCF-SBs with B-mode images (gray-scaled) of
a healthy heart, respectively. As shown in Fig. 2.5, speckle echoes from blood cells became
sharper by improving the sidelobe characteristics and the spatial resolution of MTI-filtered

echoes. It was shown that the PCF-SB was effective even for the blood echo imaging.
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Figure 2.5: Enlarged blood echo images in in vivo experiment of a healthy volunteer (a)

without and (b) with weighting by PCF-SB.

2.5 Improvement of image-contrast with frame coher-

ence

A noise component generated by electronic devices cannot be rejected by the MTI
filtering because the powers of noise signals are dispersed over all frequencies. Hence,
the undesirable noise component still remains in MTI-filtered echoes as a high frequency
component in the direction of frame. The suppression of the remaining noise is efficient for

imaging of echoes from blood cells with a better contrast because such noise component
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contaminates visualization of weak echoes from blood cells.

The temporal changes in phases of the signal components (corresponding to the echo
from an object) would be spatially constant during a pulse duration. In addition, the
temporal change in phase of the signal component of an echo from a specific depth was
assumed to be also constant during a short period (small number of frames). On the other
hand, the temporal changes in phase of the noise component would be random in terms of
time and space. Therefore, in the present study, the random noise remaining after the MTT
filtering was suppressed by weighting using the ratio of the coherent (signal) component to
the total signal. The coherent component was obtained by minimizing the noise component
using the least square method applied to quadrature demodulated signals. Let us define
the complex demodulated signal at the frame number ¢ and the sampled point number
n, which corresponds to time ¢ = nT" (7" sampling interval) as x;(n). The normalized
mean square error (corresponding to the ratio of the noise component to the total signal)
a among complex RF signals {z;(n)} for a few sampled points N, and frames Ny was

expressed as follows:

BBl 04 ) = 2 i (4 D] 2.3
Ex [Em [|$i+m (n+ k)|2H | |

where z, Ex[-], and E,, [-] denote the transfer function from {z;_1(n)} to {x;(n)} and
the averaging procedures with respect to depth and frame, respectively. The averaging
numbers of Ej [-] and E,, [-] are defined by Ny and Ny, respectively. The estimated Z,
which minimizes «, can be estimated by the least square method using Eq. (2.3). By
substituting Z into Eq. (2.3), the minimum mean square error au,, is obtained by

‘Ek {Em [x;‘k—l—m—l (n+ k) Tirm (n + k)H ‘2
B [Bm [[2i1m1 (n+ B)F)] B [Bo [J2i0m (n+ B)P] ]

Qin = 1 — (2.4)
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The achieved minimum error a,,;, corresponds to the normalized residual noise component
in the signal {x;(n)}, which cannot be predicted by {z;_;(n)}. Hence, the instantaneous
intensity of the coherent component at the n-th depth point in the i-th frame is obtained as
(1 - (imin), and the estimate S; (n) of the amplitude of echo from blood cells was obtained
by weighting the instantaneous signal amplitude |z;(n)| with the coherency /1 — api, as

follows:
Si(n) = |2 (n)] /(1 = Qmin)- (2.5)

In the present study, the lengths for averaging in the frame and depth directions, Ny and
Ny, were set to 6 and 8 (corresponding to about 2 ms and 0.5 us), respectively. The number
of frames used for computation of the frame coherence was determined so that echoes from
almost same scatterers were used during the period. Here, let me estimate the elapsed
time in which blood cells pass through the ultrasonic beam transversely. The width at
half-maximum of the lateral profile of an echo from a fine wire (i.e., spatial resolution) is
almost 1.9 mm. On the assumption that the maximum transverse velocity (perpendicular
to the ultrasonic beam) of blood flow was 1 m/s, a blood cell was estimated to slip from
the ultrasonic beam during 11 frames at a frame rate of 6024 Hz. In the present study,
the number of frames for the coherence estimation was set at neighboring 6 frames to fill

this necessary condition (less than 11 frames) for the use of echoes from same scatterers.

Figures 2.6(a) and 2.6(b) show the blood echo images without and with the proposed
weighting by coherence in the direction of frame. As shown in Figs. 2.6(a) and 2.6(b), the
noisy regions surrounding the cardiac lumen were reduced using the weighting by the frame
coherence. Therefore, it was shown that the suppression of the random noise contained in

MTI-filtered echo signals was feasible by the proposed weighting technique.
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of frame.
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2.6 Adaptive MTI filtering

The amplitude of echoes from blood cells in a slow flow is decreased by the MTI filtering
and, therefore, it is desirable that the cutoff frequency of the MTT filter is set as low as
possible. However, the velocity of the heart wall (clutter source) changes over time. This
means that the desirable cutoff frequency of the MTI filter is different depending on the
cardiac phase. For instance, in early diastolic phase, the cutoff frequency of the MTT filter
needs to be high because the heart wall can move very fast at a velocity of over 10 cm/s.
On the other hand, in mid and end diastolic phases, the cutoff frequency of the MTT filter

is allowed to be comparatively low.

In this study, the brightness in a blood echo image corresponds to the intensity of
MTI-filtered echo signals. The magnitude of clutter echoes is intensified at a low cutoff
frequency of the MTT filter. On the other hand, the detectability of a slow blood flow
is degraded when the cutoff frequency of the MTI filter is high. As for the blood echo
image obtained with unfocused transmission, the serious artifact is generated by sidelobe
echoes from clutter sources due to the high sidelobe level when the cutoff frequency of the
MTT filter is low. Figure 2.7 shows the blood echo image (hot-scaled) with the B-mode
image (gray-scaled) in early diastole. The green-colored arrows indicate belt-like artifacts
originated from side lobes. As shown in Fig. 2.7, the artifacts interfered with echoes from

blood particles in the cardiac lumen.
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Figure 2.7: Sidelobe artifact captured in early diastole in in vivo experiment of a healthy
volunteer. The green-colored arrows indicate the sidelobe artifacts. The cutoff frequency

of the MTTI filter was set at 650 Hz.

A manual control of the cutoff frequency in the MTI filtering in every frame is so
time-consuming because a number of frames are acquired owing to ultrahigh-frame-rate
measurement with a frame rate of over several thousand hertz. Therefore, the automatic
selection of the appropriate cutoff frequency is desirable for stably producing fine blood

echo images.

To solve the problem, a procedure for the adaptive MTI filtering was proposed. In
this method, the cutoff frequency of the MTT filter was changed over time as a function

of the velocity of the heart wall adaptively. First, echo signals from the heart wall and
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ribs (clutter sources) were identified (labeled) on the basis of the amplitudes of echoes
using the k-means clustering technique [76]. In the k-means technique, means of features
belonging to respective groups are updated repeatedly while all points are discerned so
that the distance between the mean feature of the group and the feature of each point
is small. Then, as for labeled echoes from clutter sources, the mean of the frequency of
the echo signal p1 and the standard deviation ¢ in terms of frame were estimated by the
auto-correlation technique [18]. Because the velocity of the heart wall fluctuates spatially
and temporally, the deviation of the frequency of echoes in the direction of frame should
be considered for determination of the cutoff frequency. In this study, we defined the
cutoff frequency as f.., = p + no where n is an integer. For evaluation of the difference
in myocardial velocities between spatial positions, the spatial average ulf] and its standard
deviation a? were estimated using f.,; in each position labeled as the heart wall. Finally,
the cutoff frequency in the frame f.,; 5, was set to ulf] + 30?. Note that echo signals
with a very slow variation in the direction of frame were omitted in this analysis. The
ribcage is almost static in entire cardiac cycle; therefore, the cutoff frequency can be under-
estimated if echoes from ribs are used in the computing of ulf] and afH. In the present
study, echoes from tissues with a velocity below 0.2 mm/s were excluded for computing
pf and o}, which were assumed to be originated from ribs. Figures 2.8(a) and 2.8(b)
show the B-mode image and points labeled as the heart wall (red) and ribs (green) by the
k-means clustering.Estimated cutoff frequencies { feut.sp} were temporally averaged in the
direction of frame to prevent a drastic variation of the cutoff frequency in near frames.
In the present study, the MTTI filter’s impulse response was generated by a 60-th order
sinc function multiplied with the Kaiser widow function, and the cutoff frequency was

automatically determined in each frame.
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Figure 2.8: (a) B-mode image and (b) distribution of points labeled as the heart wall (red)

and ribs (green) by the k-means clustering.

2.7 Conclusion

In this chapter, the strategy for high-frame-rate imaging of motions of echoes from
blood cells in the cardiac cavity was presented. First, the frame rate required for imaging

of a fast blood flow was investigated. It was verified that a high frame rate strongly
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contributes to estimate 2D velocity vector of fast blood flow and, also, it enables the
human eye to perceive such fast movements of bloody echoes as well. Therefore, ultrahigh-
frame-rate measurement with parallel beamforming and transmission of a single diverging
wave was implemented for our study. Subsequently, a procedure for blood echo imaging
with acquired RF signals was shown. In the proposed method, two different weighting
techniques were adopted to improve the image quality of a blood echo image: PCF-SBs
with MTT filtering and the coherence in the direction of frame, i.e., the variance of changes
in phases of RF signals regarding the direction of frame. The MTT filtering with adaptively
changing the cutoff frequency was described. The cutoff frequency was changed depending

on velocities of heart walls (i.e, clutter (echo) sources).

In the next chapter, a method of estimation of 2D blood velocity vector using motions

of echoes from blood cells is presented.
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Chapter 3

Estimation of blood velocity vector

3.1 Overview

In Chapter 2, a method for high-frame-rate imaging of motions of echoes from blood
cells in the cardiac cavity was presented. This method enables the human eyes to perceive
the direction of blood flow based on dynamic motions of echoes from flowing blood cells
(i.e., qualitative information). To assess the behavior of cardiac blood flow quantitatively,

the spatial distribution of 2D blood velocity vectors is valuable.

Speckle tracking using 2D correlation function makes it possible to estimate the blood
velocity vector without depending on the angle between an ultrasonic beam and the flowing
blood. Because echoes from blood cells are measured at a high frame rate of several kilo-
hertz (conventional: several tens-hertz) owing to high frame rate echocardiography, faster
movements of blood cells would be traced much more continuously. Nevertheless, it can

be challenging to accurately estimate the blood velocity vector because of low SNRs of
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echoes from blood cells.

In this chapter, a method of stable estimation of 2D blood velocity vector with speckle
tracking is presented. The averaging of 2D correlation functions in speckle tracking is
employed for a stable estimation of the 2D blood velocity vector. Although wrong peak
of 2D correlation functions would be suppressed, the temporal resolution is degraded with
increasing the number of 2D correlation functions for this averaging process. The following
issues of the proposed estimator are investigated mainly; (1) the number of frames for
averaging necessary for improvement of the accuracy, (2) the difference in behavior of
velocity vector estimation due to the angle of flow axis. For such investigations, a steady

flow experiment with a flow phantom is conducted and the obtained results are discussed.

3.2 Blood flow vector estimation with temporal av-

eraging of correlation functions

By applying speckle tracking to estimation of inter-frame movements of echoes from
blood cells, 2D blood velocity vectors of the cardiac blood flow can be estimated. In speckle
tracking, the similarities of echo signals in a region of interest (called kernel) between
successive frames are evaluated with sliding the kernel in space in the post frame. The
map of similarity can be expressed as a function of the slid distances in the lateral and axial
directions, respectively. The velocity can be estimated as the inter-frame displacement,
which gives the maximal similarity, divided by the frame interval. In this study, the 2D

correlation function was acquired for evaluation of the similarity of envelope signals in a
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kernel as follows:

N;
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Dpe = Su(i+m,j+k)—S,(i,7),

Dpost = SnJrl(i + dla + maj + dax + k) - SnJrl(i + dla7.j + dax)u (31)

where S,,(7,7) is the envelope signal at the i-th axial point and the j-th scan line, re-
spectively, in the n-th frame, and S, (i, j) represents the averaged envelope signal within
the kernel. The kernel sizes in the axial and lateral directions correspond (2NN; 4+ 1) and
(2N; + 1), respectively, and these were set at 8.2 mm and 9 degree in the actual dimen-
sions. The envelope signals in the kernel were weighted by the 2D Tukey window function.
C(dja, dax, n) denotes normalized 2D correlation function of lateral and axial lags of d; and

d;, respectively, between n-th and (n + 1)-th frames.

Blood cell is small and acoustic outputs of defocused ultrasonic beams employed for
high-frame-rate measurement are low. Under such conditions, SNRs of echoes from blood
cells are low; therefore, it is hard to accurately estimate the blood velocity vector. Because
the correlation coefficient involuntarily increases/decreases due to low SNRs, the peak at
the wrong position can be derived. In our proposed method, echoes in many frames
obtained by high-frame-rate echocardiography in a short period were used to recover the
true peak in the 2D correlation functions. The correlation coefficient at the true position is
considered to be high averagely during a short duration. On the other hand, the deviation
of correlation caused by noise component in echoes can be assumed to be random even
in a short period. The undesirable rise of the correlation coefficient would be suppressed

by the averaging operation of 2D correlation functions for the short period and, thus, the
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maximal correlation at the true position is produced, i.e, a stable estimation of blood

velocity vector becomes possible.

These are several different operations for averaging of 2D correlation functions in mul-
tiple frames: (i) averaging of velocity vectors computed in each frame; (ii) averaging of
unnormalized 2D correlation functions; (iii) averaging of 2D correlation functions nor-
malized by the variance. As for the averaging of velocity vectors, the information of 2D
correlation function cannot be utilized. In the present study, the averaging operation of
the normalized 2D correlation function was used to emphasize the temporal change in

phase of echoes in each frame.

Normalized 2D correlation functions between two consecutive frames at a spatial point

were temporally averaged in N (the number of frame intervals) as follows:

) | Ner/2-1
C(dlaadaxan) - Nt Z C(dlaadaxan+ k) (32)
¢ k:_ch/Q

Figure 3.1 illustrates the proposed averaging process. After the averaging process, the
averaged 2D correlation function was up-sampled with a reconstructive interpolation [77] to

estimate the small displacement between consecutive frames below the sampling interval.

3.3 Evaluation of accuracy by steady flow measure-

ment

The aim of this experiment was to examine the effect of the averaging process of 2D cor-
relation functions. While the estimation of the 2D correlation function is stable, the tem-

poral resolution in estimation of velocity vectors is degraded with increasing the number
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Figure 3.1: Schematic illustration of temporal averaging of normalized 2D correlation

functions.

of 2D correlation functions for this averaging process. First, to investigate the averaging
duration required for a stable estimation of flow velocity vector, the accuracies of vector
estimates were evaluated at different numbers of frames for averaging of 2D correlation
functions. From experimental results, the averaging duration was determined. In addi-
tion, blood flows in various directions inside the cardiac cavity. Therefore, the behavior of
the proposed estimator in different angles of flow axis was also evaluated. A steady flow

experiment with blood-mimicking fluid was conducted for such investigations.
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3.3.1 Experimental setup

Figure 3.2 shows the experimental system for the steady flow measurement. This ex-
perimental system was also used to investigate the effect of the frame rate on the accuracy
in estimation of velocity vectors in Section 2.2.1. A blood mimicking fluid was steadily
flowed in a cylindrical flow path (diameter of 8 mm) surrounded by tissue-mimicking rub-
ber, and echoes from this flow phantom was measured. The flow rate, which corresponds
to the mean flow velocity, was measured by a mass flow meter connecting to the flow path.
The non-steered diverging ultrasound was transmitted once per frame so that a frame
rate of 6024 Hz was achieved. In the experiments described in this Chapter 3, the cutoff
frequency of the MTI filter was constant at 500 Hz corresponding to a axial velocity of 10
cm/s. Figure 3.3 shows a subset of estimated velocity vectors of blood mimicking particles
with the blood echo image. Using these estimated vectors, the performance of estimation

fluid path
N

phased-array
transducer

|

7
tissue mimicking rubber

mass flow meter

reservoir 1

blood mimicking
fluid

screw pump

reservoir 2

Figure 3.2: Ilustration of experimental environment.
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of 2D velocity vector was evaluated.

tissue—mimicking
rubber

flow path

o
oo
I
D |

o
(o)}
1
I
I

o
I 1
H

velocity magnitude
o O
N b

[m/s]

Figure 3.3: Velocity vectors of blood mimicking particles with blood echo image. A
subset of estimated velocity vectors along the direction perpendicular to the flow axis was

visualized.

3.3.2 Effect of averaging of correlation functions

To investigate the averaging number necessary for improvement of the accuracy, effects
of the averaging process of 2D correlation functions on estimation of 2D velocity vector
were examined through a steady flow measurement. The transducer surface was placed
at a distance of 7 cm from the outer surface of the flow path, and the angle between the
transducer surface and the flow path was set at 56 degrees. RF echo signals from the flow

phantom were measured at a flow rate of 0.6 L /min (mean flow velocity: 0.2 m/s, Reynolds
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number: 960). To simulate the steady flow experiment with a higher flow velocity with
keeping the Reynolds number, the flow velocity was increased apparently by changing the
frame interval of the original echo data. Simulated flow velocities were 0.4 and 0.6 m/s
while the Reynolds number of 960 was hold. Figure 3.4 shows directional errors Ey;,. of

estimated 2D velocity vectors at different numbers of 2D correlation functions for averaging

| —— 0.2 m/s
conventional mean velocities of 0.4 m/s
20 - 0.6 m/s

| .
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Figure 3.4: Directional errors of estimated 2D velocity vectors at different number of 2D

correlation functions at different flow velocities of 0.2, 0.4, and 0.6 m/s.
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at different flow velocities of 0.2, 0.4, and 0.6 m/s, which were defined as follows:

1|1 ! vi-n\)’
E, = | — -1 J .
=t X feos (202} 33)

i 50 [v;l[n]

where v; and n represent the velocity vector estimated at the j-th spatial point and
the unit vector parallel to the flow direction, respectively. The standard deviations were
computed from 50 frames. As for all of flows at different velocities, it can be seen that the
directional errors decreased and converged with the averaging number of 2D correlation
functions. Using the averaging method for 2D correlation functions, the deviation of
directional errors in the vector estimation was reduced to almost half of the conventional
speckle tracking (i.e, non-averaging of 2D correlation functions) at an averaging duration
of over 8 frames. To prioritize the temporal resolution in the velocity vector estimation,

Ny was set to 12 corresponding to mere 2 ms.

Figures 3.5 and 3.6 show mean flow velocities V and directional errors Eg, obtained
without and with the averaging of 2D correlation functions during 12 frames. The mean
flow velocity was evaluated by Eq. (2.2). The standard deviations were computed from
50 frames. It was shown that the error of estimation of the velocity component along the

flow axis was also reduced owing to the temporal averaging of 2D correlation functions.

3.3.3 Dependence on angle of flow axis

The blood flow structure in the cardiac lumen is very complex unlike the unidirectional
flow in the common carotid artery. As a major example, it has been reported that the
vortex flow is generated with flow streams from the mitral valve toward the arterial valve

through the apex in the left ventricular lumen. Such vortex flows are considered to enhance
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Figure 3.5: Mean flow velocity estimated by speckle tracking with and without averaging

2D correlation functions through steady flow experiment at different mean flow velocities.

the cardiac pumping efficiency by preserving the momentum of blood in diastolic phase;

therefore, visualization of vortex flow is valuable.

On the other hand, the MTT filtering suppresses an echo from an object moving below
the cutoff velocity with respect to the axial direction (parallel to the ultrasonic beam). The
diastolic vortex flow in the cardiac lumen is ultrasonically measured from a narrow acoustic
window between ribs. This means that the flow velocity along the direction of beam is much
variable depending on the position within the vortex. Therefore, a diversity of accuracy

depending on the angle between the flow axis and the beam direction is considerable. To
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Figure 3.6: Directional error in velocity vectors estimated by speckle tracking with and
without averaging 2D correlation functions through steady flow experiment at different

mean flow velocities.

examine such effect, the accuracy of velocity vector estimation at different flow angles of

18 and 56 degrees to the array surface was compared.

The transducer surface was placed at distances of 5 cm (at 18 degree) or 7 cm (at 56
degree) from the outer surface of the flow path. The echo data was acquired at a flow rate
of 0.12 L/min (mean flow velocity: 0.04 m/s, Reynolds number: 192). By changing the
frame interval of the original data, faster flows with mean velocities of 0.08, 0.12, 0.16,
and 0.2 m/s were simulated with keeping the Reynolds number of 192. Figures 3.7(a)
and 3.7(b) show mean flow velocities and directional errors computed by following Egs.

(2.2) and (3.3). The standard deviations were computed from 50 frames. The difference
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in accuracy depending on the angle between the flow axis and the ultrasonic beam can be

seen in Figs. 3.7(a) and 3.7(b).
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Figure 3.7: (a) Mean flow velocities and (b) directional errors computed with 2D velocity

vectors at different flow angles of 18 and 56 degree to the array surface.
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3.3.4 Evaluation of total error in velocity vector estimation

The error of direction of 2D velocity vector was evaluated in the previous sections. The
magnitude of 2D velocity vector (i.e., velocity in major direction) has not been included
in the evaluations. In this subsection, the accuracy of estimation of velocity vector was

evaluated in terms of both the magnitude and the direction of 2D velocity vector.

Garcia et al. evaluated an error in estimation of velocity vector in a phantom experi-
ment with a flowing blood mimicking liquid inside a mimicked cardiac cavity and an in
vivo experiment [36]. In their experiment, the velocity vector field within the cavity was
measured by particle image velocimetry (PIV). Using the measured velocities, another
velocity vector map was reconstructed based on the vector flow mapping technique. The
reconstructed velocity vectors and the original velocity vectors measured by PIV were
compared by the error of velocity vector estimates as

Jiv ‘VPIV - VREC‘ as
Jiv ’pr’ ds

Etot — (34)

where LV, VPIV, and Vzge denote the region of acquisition of velocity vector map inside
the cavity, the velocity vector measured by PIV, and the reconstructed velocity vector
by vector flow mapping, respectively. The total error Ei.; evaluated both the magnitude
and the direction of 2D velocity vector in total. The formula in Eq. (3.4) means the error

relative to the velocity vectors measured by PIV.

The accuracy including the magnitude and the direction of 2D velocity vector in the
proposed estimator was evaluated with reference to Garcia’s study. The total error of
velocity vector estimates was evaluated with the steady flow measurement as described in

the previous sections. First, the reference flow velocity of our flow experiment was exam-
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ined. Hypothesizing Hagen-Poiseuille flow inside the flow path, the velocity distribution
was expressed as follows:
2

v(r) = Umax <1 - ﬁ) ) (3.5)
where v(7), Vmax, 7, and R represent the velocity, the maximal velocity, the distance from
the center axis of the flow path, and the radius of the flow path, respectively. Here, two
conditions were considered: (1) the flow path was measured by ultrasound in a 2D plane
traversing in the direction of the long axis and (2) the path diameter of 8 mm was similar
to the size of the kernel (lateral: 9 degree, axial: 8.2 mm) for speckle tracking. Under
such conditions, the comparison of the average velocity along a line traversing the cross-
sectional plane of the flow path would be adequate. The average velocity on the transverse

line vy, wWas given by a line integral as follows:

—_— S v(r)dr
me ffR d/r‘ Y
ffR Vmax (1 — ;—22) dr
2R ’

2
= gvmax- (36)

The mean fluid velocity can be estimated using the flow rate measured by the mass flow
meter in this experiment as used previously. v,,., is twice as high as the mean fluid
velocity corresponding to a surface integral of Eq. (3.5) divided by the cross sectional
area. Therefore, vy, can be computed by following Eq. (3.6). Using the reference velocity

Uline, let us define the total error for our experiment as follows:

B - | Ej [v;] — tine

, (3.7)

|@line|

E; [-] denotes the averaging process in spatial points aligned along the transverse line.
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Figure 3.8 shows total errors in Eq. (3.7) at different mean flow velocities. The number

of 2D correlation functions for averaging was set at 12 frames.
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Figure 3.8: Total error of vector estimates with averaging of 2D correlation functions in

12 frames at different mean flow velocities.

3.4 Discussions

With respect to the cardiac blood flow imaging, the visualization of complex flow, such
like vortex flow, has become important and blood particles in such complex flow travel in

various directions. Hence, it is considerable if the direction of blood flow is successfully
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estimated. The temporal averaging of 2D correlation functions in speckle tracking was pro-
posed for a stable estimation of the 2D blood velocity vector. Owing to high-frame-rate
echocardiography, 2D correlation functions between a very short frame interval (a couple
of hundred microseconds) could be obtained. As can be seen in Fig. 3.4, the directional
error of velocity vector estimates decreases with increasing the averaging duration of 2D
correlation functions. Although the averaging duration was mere 2 ms, the directional
error could be reduced significantly from 18.2% to 6.7% at a mean velocity of 0.2 m/s. Al-
though the averaging technique with multiple 2D correlation functions is computationally

intensive, it is of great value to visualize the cardiac vortex flow.

It was also shown that the fine estimation of blood velocity vector with the high tempo-
ral resolution of 2 ms is possible by the proposed averaging technique. The typical frame
rate of conventional color Doppler method are several tens hertz, which corresponds to
the temporal resolution of several tens milliseconds. If the temporal resolution equal to
color Doppler method is permitted, 2D velocity vector would be estimated more correctly
by the proposed method because 2D correlation functions of over 50 frames can be av-
eraged. The temporal averaging process of 2D correlation functions with high-frame-rate

echocardiography has a great potential for a stable estimation of 2D velocity vectors.

As shown in Fig. 3.7, the accuracy of estimation of flow velocity at a flow angle of 56
degree is worse below 0.04 m/s, but, that with a a flow angle of 18 degree further degraded
below 0.2 m/s. The cutoff velocity of the MTI filtering indicates the velocity component in
the axial direction (i.e, direction parallel to ultrasonic beam) of an object dominantly. The
axial velocity decreases with increasing the angular difference between the blood flow and
the ultrasonic beam; therefore, the proposed method has an angle-dependence of visibility

between the flow major axis and the ultrasonic beam. The proposed blood flow imaging
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should be worked under such limitation.

The average total errors of velocity vector estimates were 29.5, 32.3, and 19.2%, at the
mean fluid velocities of 0.2, 0.4, and 0.6 m/s, respectively, as shown in Fig. 3.8. In Garcia’s
basic experimental study, those were 20% in systole and 15% in diastole. The differences
of experimental situations between these studies should be considered. The experimental
material was different between our study and Garcia’s study. A complex flow inside a
mimicked cardiac chamber was used in Garcia’s study. Hence, errors in estimation of flows
toward all directions were involved in the results obtained by their experiment. In addition,
the total error would decrease with the magnitude of the reference velocity vector because
the formula in Egs. (3.4) and (3.7) evaluated the errors relative to the reference velocity;
therefore, the difference of the flow velocity in the experiment leads to a biased evaluation.
Although the obtained total errors could not be rigorously compared between the studies
due to the significant differences described above, there is not a major difference in the
accuracies of velocity vector estimates between them. However, our proposed method

enables to visualize the real movements of flowing blood cells uniquely.

Furthermore, it was also found that the overall accuracy in estimation of velocity vectors
was significantly low as compared to the estimation of only the axial direction based on
the Doppler method. In our basic experiment, blood mimicking particles moved toward
the outlet of the phantom along the flow axis. On the other hand, the velocities along the
flow axis were different depending on the distance from the center of the flow path as can
be found in Eq. (3.5). This means that the flow velocities were inhomogeneous while the
flow directions were uniform inside the kernel. Therefore, the error of estimation of the
velocity magnitude was relatively high in this experiment, which led to high total errors

of velocity vector estimates. This can be considered to indicate the vulnerability of the
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present estimator of blood velocity vector to inhomogeneous motions of scatterers inside

the kernel.

3.5 Conclusion

In this chapter, a method for estimation of 2D blood velocity vector with speckle tracking
was presented and its accuracy was evaluated. The accuracy of estimation of the 2D blood
velocity tends to degrade due to weak echoes from blood cells. Although the temporal av-
eraging of 2D correlation functions is effective to improve the accuracy of speckle tracking,
the temporal resolution is degraded with increasing the averaging duration. Therefore, the
duration for averaging of 2D correlation functions required for improving the accuracy was
investigated under mean flow velocities of 0.2, 0.4, and 0.6 m/s. Although the averaging
duration was only 2 ms, the directional error in the estimation of 2D blood velocity vector
with speckle tracking was significantly improved from 18.2% to 6.7% at a flow velocity of

0.2 m/s.

On the other hand, it was found that the accuracy was influenced by the angle between
the flow axis and the beam direction. The proposed method should be used with under-
standing of such limitation. Furthermore, the total errors of vector estimates with both
the magnitude and the direction of 2D velocity vector was evaluated. The average total
errors were 29.5, 32.3, and 19.2% at the mean fluid velocities of 0.2, 0.4, and 0.6 m/s,

respectively.

In the next chapter, the feasibility of cardiac blood flow imaging by the proposed method

was examined through an in vivo measurement of the left ventricle of the healthy heart.

23



Chapter 4

In vivo experimental study

4.1 Overview

The blood flow structure inside the left ventricular lumen apparently alters depending
on the cardiac phase. In ejection phase, the blood is ejected to the aortic valve owing to
the myocardial contraction. In diastole, the blood flows into the left ventricular lumen
from the left atrium throughout the mitral valve. Then, the vortex-like flow is grown up
and centered in the left ventricular lumen with decreasing the inflow velocity of the blood.
In this chapter, the feasibility of the cardiac blood flow imaging by the proposed method
was examined by visualizing such blood flow patterns through an n vivo measurement of

the left ventricle of a healthy human heart.

RF echo signals from the left ventricle were measured at a frame rate of 6024 Hz in a
transthoracic three-chamber view of a 27-year-old healthy volunteer. Figure 4.1 illustrates

the measured 2D plane. In the corresponding image view, the left ventricular lumen was

o4



surrounded by the septum and the free wall.
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Figure 4.1: Illustration of region in the heart measured by high-frame-rate echocardiogra-

phy.

4.2 Effect of adaptive clutter filtering

Figure 4.2 shows the cutoff frequency automatically-determined at an integer of n =
3. Figure 4.3 shows blood echo images obtained at the integers of n = 1, 2, and 3 in the
frame indicated by the blue-colored dash line in Fig. 4.2 (when the cutoff frequency was
minimum in diastole). In Fig. 4.3, the B-mode images were not superimposed. Echoes from
the heart wall contaminated those from blood particles significantly at n = 1 in Fig. 4.3(a),

and echoes from the free wall surrounded by the cyan-colored dash line remained at n = 2
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in Fig. 4.3(b). Therefore, the cutoff frequency was defined as f.,, = p + 30 in the present

study. Figure 4.4(1) shows blood echo images with the B-mode images in the frame during

early diastole which was indicated as (1) in Fig. 4.2. In Figs. 4.4(a-1), (b-1), and (c-1),

blood echo images were obtained using MTTI filters with different cutoff frequencies of 300,

650, which were constant in the entire cardiac cycle, and 1059 Hz which was estimated

by the proposed method, respectively. Figure 4.4(2) shows blood echo images obtained in

the frame during mid diastole, which was indicated as (2) in Fig. 4.2, at different cutoff

frequencies of 300, 650, and 410 Hz (the proposed method).
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Figure 4.2: Cutoff frequencies { four.sp } automatically-determined at f.,; = p+ 30 in entire

cardiac cycle.

56



(b)

o

|
w

normalized magnitude [dB]

Figure 4.3: Blood echo images obtained by determining the cutoff frequency f..; as (a)

feut = o+ 0, (b) p+ 20, and (c) pu + 30, respectively, in the frame indicated by the

blue-colored dash line in Fig. 4.2.
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As shown in Figs. 4.4(a-1) and 4.4(a-2), echoes from blood cells were visualized in a wider
region in mid diastole using the low cutoff frequency of 300 Hz, but more clutter echoes
were seen in early diastole. Using the MTI filter with the cutoff frequency of 650 Hz, echoes
from blood cells flowing into the cardiac lumen could be visible with suppressing clutter
echoes in early diastole as shown in Fig. 4.4(b-1). However, as shown in Fig. 4.4(b-2),
the visible echoes from blood cells decreased as compared to Fig. 4.4(a-2) in mid diastole.
As shown in Fig. 4.4(c-2) obtained by our proposed method, although visible echoes from
blood cells slightly decreases as compared to Fig. 4.4(a-2), echoes from blood cells within
the vortex flow could be visualized over a wider field in mid-diastole while clutter echoes

were rejected in early-diastole.

4.3 Imaging of blood velocity vector

Figures 4.5(a) and 4.5(b) show 2D velocity vectors of blood flow estimated by speckle
tracking with temporally-averaged 2D correlation functions in systole and diastole, respec-
tively. The spatial points, at which 2D velocity vectors were estimated, were manually
assigned at a regular interval inside the cardiac lumen. The kernel sizes in the lateral and
axial directions were set to 9 degrees and 8.2 mm, respectively. The number of 2D correla-
tion functions used for the temporal averaging was 12 corresponding to almost 2 ms. The
averaged 2D correlation function was up-sampled by a reconstructive interpolation [77]
in order to measure the small movement of echoes between successive frames. Velocity
vector magnitudes at all pixels were obtained using a reconstructive interpolation [77] of
the distribution of 2D vector velocities measured by speckle tracking. The cyan-colored

arrow and the hot color-coded intensity indicate the direction and the magnitude of the
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(b-1) lem, “a

Figure 4.4: Blood echo images obtained in frames in (1) early diastole and (2) mid diastole:
(a) by the MTT filtering with a cutoff frequency of 300 Hz, (b) by the MTTI filtering with
a cutoff frequency of 650 Hz, and (c) by the MTTI filtering with cutoff frequencies of 1059

Hz in (1) and 410 Hz in (2) estimated by our proposed method.
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2D velocity vector, respectively. As shown in Figs. 4.5(a) and 4.5(b), the blood flowing
into and out of the cardiac cavity could be visualized by mapping 2D velocity vectors. Fig-
ure 4.6 shows the left ventricular blood velocity vector in mid diastole. The flux rotating

in clockwise direction was revealed by 2D blood velocity vector.

The effect of the cutoff frequency of the MTI filter on visualization of vortex blood
flow by the 2D velocity vector was investigated. Figure 4.7 shows the 2D velocity vector
field of blood flow obtained by the proposed method in the frame during mid diastole at
cutoff frequencies of 650, 300, and 410 Hz (the proposed method) in the same frame as
Fig. 4.4(2). The flux rotating in clockwise direction was revealed by 2D blood velocity
vectors in Fig. 4.7. In Fig. 4.7(a), the discontinuous distribution of velocity vector can be
found in the green-colored circle due to low detectivity of echoes from blood particles in
the slow flow. The peak values of 2D correlation functions averaged for all velocity vectors

were 0.77 in Fig. 4.7(a), 0.86 in Fig. 4.7(b), and 0.85 in Fig. 4.7(c).
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Figure 4.5: 2D velocity vectors of blood flow estimated by speckle tracking with
temporally-averaged 2D correlation function in the frames during (a) systole and (b) dias-
tole, respectively. The cyan-colored arrow and the hot color-coded intensity indicate the

direction and the magnitude of 2D velocity vector, respectively.
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Figure 4.6: Vortex-like blood flow visualized by 2D blood velocity field in the frame during

mid diastole.
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Figure 4.7: 2D velocity vectors of blood flow obtained at fixed cutoff frequencies of (a)
650 Hz, (b) 300 Hz, and at cutoff frequency of (c) 410 Hz determined by our proposed

method in mid diastole.

4.4 Discussions

4.4.1 Effectiveness of identification of the heart walls with co-

herence

In the present study, a method for automatic selection of the cutoff frequency in the
MTT filtering was proposed. The aim of this method is to visualize echoes from blood
cells in a wider region as possible while clutter echoes from tissues except for blood are
suppressed. To estimate the desirable cutoff frequency of the MTI filter, echoes from the
heart wall was identified using the k-means clustering method on the basis of the amplitude

of echo signals. On the other hand, an alternative method for identification of echoes from
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the heart wall using echo amplitude and coherence in the direction of frame has been
also proposed by our group [78,79]. Figures 4.8(a) and 4.8(b) show the distribution of
the frame coherence and the region identified as the heart wall by the A-means clustering
method using the frame coherence. The regions except for the septum and the free wall

were misclassified as the heart wall in Fig. 4.8(b) because the coherence in such region is

high.

The reason for such a high coherence in the cardiac lumen was considered to be that
echoes from blood cells inside the cardiac lumen was contaminated by sidelobe echoes
originated from the surrounding heart wall. In the previous studies in our group [78,
79], parallel receive beamforming with transmission of plane waves in 5 or 7 directions
was performed, and the coherence in the direction of frame at each spatial point was
estimated using echo signals compounded in different transmissions. Figure 4.9 shows the
lateral profile of amplitude of an echo from a wire obtained by the single diverging beam
transmission used in the present study and by compounding 7 transmissions of the plane
wave with an angular interval of 6 degrees. The wire was placed in water at a range
distance of 7 cm from the transducer surface. Ratios of the echo magnitude averaged in
lateral angle 6 of —45° < # < —4.5° and 4.5° < 6 < 45° to the peak magnitude were
evaluated to be -38.8 dB at the transmission of the single diverging beam and -45.3 dB at
the transmission of 7 plane waves. Hence, the echoes originated from side lobes in the case
of the compounding of echoes obtained by plane wave transmissions in 7 directions was
smaller than in the case of the single diverging beam transmission. As described previously,
the number of transmission per frame should be one in order to prioritize increasing the
frame rate for visualization of the cardiac blood flow. Under such conditions, the use of the
frame coherence is not suitable for identification of the heart wall in ultrahigh-frame-rate

measurement. Therefore, echoes from the heart wall was identified only using the echo
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Figure 4.8: (a) Distribution of coherence in direction of frame and (b) distribution of
points labeled as the heart wall (red) and ribs (green) by the k-means clustering in the

same frame to Fig. 2.8. The coherence was coded according to the right color bar.

amplitude for estimation of the cutoff frequency of the MTI filter in the present study.
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Figure 4.9: Lateral profiles of amplitude of an echo from a wire placed in water at range
distance of 7 cm. Amplitude profiles were obtained (a) by the single diverging transmission

in the present study (no-compounding) and (b) by compounding with transmissions of

plane waves in 7 directions.

4.4.2 Determination of cutoff frequency depending on location

Echoes from blood particles in the apical side were more visualized in the blood echo
image in Fig. 4.4(b-1) with a fixed cutoff frequency of 650 Hz as compared to that in

Fig. 4.4(c-1) obtained by our proposed method. This means that the blood flow in the
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apical side of the cardiac lumen was slow relative to the basal side, and echoes from such
region were suppressed by the MTI filtering with the estimated cutoff frequency of 1059 Hz.
In early diastole, the leaflets of mitral valve, which is one of clutter sources, independently
move very fast due to the inertial force of the blood flowing into the left ventricular
chamber. In the proposed method, the spatial variation of the mean frequency in the
direction of frame was used for estimation of the desirable cutoff frequency. Therefore, in
early diastole, it was considered that the determined cutoff frequency was higher than the

desirable one due to the large diversity of velocities in clutter sources.

One of radical solutions for this problem is to determine the cutoff frequency of the
MTT filter at each depth by expanding our proposed method. As shown in Fig. 2.7, in
high-frame-rate echocardiography with diverging beam transmission, the artifact echoes
originated from side lobes are generated in the lateral direction along the wave front of
the diverging beam across a clutter source. Here, the cutoff frequency of the MTTI filter
was over-estimated due to the large diversity of velocities in clutter sources. Hence, it
can be effective that the cutoff frequency of the MTI filter is adaptively changed at each
depth according to the velocity of the clutter source such like ribs, the heart wall, and
the cardiac valve. For consideration of the feasibility of this method, mean frequencies of
echoes from the heart wall and the leaflet in the direction of frame were obtained using
echoes from the corresponding regions in the same frame as Fig. 4.4(1). Echoes from the
regions filled in red in Fig. 4.10(a) were used for evaluation of the mean frequencies. Using
the auto-correlation technique, the mean frequencies {u} of the regions on the apical side
of the septum and the leaflet of the mitral valve were evaluated to be 230 Hz and 409 Hz,
respectively. Then, for evaluation of the effect of the MTI filtering adaptively changed
depending on location, the cutoff frequency of the MTI filter over the whole region was

determined as feursp = p + 30 using the mean frequency p and the standard deviation
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o in the direction of frame obtained with echoes from either the septum or the leaflet.
Figures 4.10(b) and 4.10(c) show the blood echo images obtained by the cutoff frequencies
of 665 Hz and 548 Hz determined with echoes from the regions on the leaflet and the
septum indicated in Fig. 4.10(a), respectively. The cyan-colored lines indicate a region on
the apical side of the left ventricular lumen. Echoes from blood particles in this apical
region in Fig. 4.10(c) were stronger than those in Fig. 4.10(b). Therefore, the MTI filtering
adaptively changed depending on location would be effective to increase the detectivity of

blood flow.
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Figure 4.10: (a) Regions assigned for evaluation of mean frequencies and for determination
of cutoff frequencies. Echoes in the regions on the septum and the leaflet filled in red were
used. Blood echo images obtained by the cutoff frequencies determined using echoes from

(b) the leaflet and (c) the septum.
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4.4.3 Sequence of echo acquisition for finer B-mode imaging

In this study, the weighting by PCF-SB was used to improve the quality of the B-mode
image degraded due to a single transmission of unfocused ultrasound. A case of requiring
B-mode image with a better quality is conceivable when an operator desires to observe
motions of the heart walls more accurately. A procedure for acquisition of a finer B-mode

image is discussed in this section.

To acquire a B-mode image with a better image-quality, a large number of steered di-
verging beams for compounded B-mode imaging were interleaved before every transmitting
event for estimation of blood velocity vector. Hence, the transmission sequence comprised
transmissions of steered diverging beams for acquisition of compounded B-mode images
and a single non-steered diverging beam per frame for estimation of velocity vector of
blood flow as illustrated in Fig. 4.11(a). In the transmission event for B-mode imaging, 15
diverging beams with angular intervals of 6 degrees were transmitted and the correspond-
ing beamformed signals were compounded to produce a B-mode image with a better image
quality as shown in Fig. 4.11(b). On the other hand, in the transmission event for blood
vector acquisition, a single non-steered diverging beam is transmitted and the beamformed
signals is generated without compounding as shown in Fig. 4.11(c). This diverging beam
is transmitted to the same direction in 40 frames for a robust estimation of velocity vector
by averaging 2D correlation functions. Consequently, the acquisition frame rate F'R of the

B-mode image with the distribution of blood velocity vector is defined as:

PRF

FR= —"
Ntxl + Ntx2

(4.1)

where PRF, N1, and Ny are the pulse repetition frequency, the number of steered

diverging beam transmission for B-mode imaging, and the number of transmissions of

70



the non-steered diverging beam for blood velocity vector estimation, respectively. In the
present study, PRF', N1, and N were set at 6024 Hz, 15, and 40, respectively; therefore,

the eventual frame rate was 109 Hz.

(a) o
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transmission event for estimation of
for B mode image blood velocity vector
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Figure 4.11: Sequence of transmissions of diverging waves for simultaneous acquisition of

compounded B-mode image and 2D velocity vectors of blood flow inside cardiac chamber.

The virtual point sources used for B-mode and blood velocity vector imaging were
located at 100 and 50 mm behind the array surface. Figures 4.12(a)-4.12(c) show the
obtained distributions of 2D blood velocity vectors with compounded B-mode images in
frames in early systole, early diastole, and mid diastole, respectively. The mitral valve
and the aortic valve were located in the basal side of the left ventricle. As shown in Figs.
4.12(a) and 4.12(b), the fluxes flowing into and out of the cardiac cavity were visualized by

blood flow vectors in early systolic and early diastolic phases. In mid diastole, the vortex-
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like flow appeared as shown in Fig. 4.12(c). The feasibility of simultaneous acquisition of
the fine B-mode image and the 2D velocity vector image by the proposed procedure was

shown.

The multiple transmissions of diverging waves with different steered angles were inter-
leaved for compounded B-mode imaging. Hence, the proposed procedure compromised
to visualize dynamic motions of echoes from flowing blood cells due to a low frame rate.
Nevertheless, the frame rate of the procedure is comparable to that of several tens hertz
of conventional CDI, and the blood velocity vector in the cardiac lumen can be estimated,

which is the technical merit of the proposed procedure.

4.5 Conclusion

Blood flow inside the left ventricular cavity of a healthy volunteer were visualized by
the proposed method. First, the effect of adaptive MTI filtering was verified. Although
the effect in rapid filling phase was imperfect, a better visualization of vortex flow in mid
diastole was achieved by the proposed adaptive MTTI filtering. Then, 2D velocity vectors
estimated by speckle tracking with averaging 2D correlation functions were mapped in the
cardiac cavity. The vortex-like blood flow was visualized in mid diastole. Such in vivo
experimental results showed that visualization of blood flow patterns in the cardiac lumen

with the proposed method was feasible.

On the other hand, to obtain finer B-mode images and 2D velocity vectors simultane-
ously, an alternative procedure of transmission of diverging beams was proposed, and its

feasibility was also shown through an in vivo measurement.
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Figure 4.12: Velocity vector images of the cardiac lumen obtained by sequence of transmis-
sions of diverging waves for acquiring compounded B-mode image and 2D velocity vectors

of blood flows in the frames for (a) systole, (b) early diastole, and (c¢) mid diastole.
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Chapter 5

Overall conclusion

In this thesis, a method of high-frame-rate imaging of echoes from blood cells was studied
for visualization of complex behaviors of blood flow in the cardiac cavity. An imaging
technique of echoes from blood cells at a better quality with high-frame-rate echocardio-
graphy was proposed. The blood echo image allowed the human eyes to perceive flow
directions through motions of echoes from flowing blood cells. A finer estimator of the 2D
blood velocity vector was proposed and its accuracy was evaluated through a phantom

experiment. Chapters are concluded particularly in what follows.

Chapter 1 gives an introduction on a background, conventional methods, and research

objective.

In Chapter 2, the strategy for imaging of echoes from blood cells with high-frame-rate
echocardiography was described. Two different methods for improvement of the image-
quality were presented; weighting techniques with coherence of changes in phases of echoes
in the direction of frame and with PCF-SB using MT1-filtered echoes received by individual

transducer element. In addition, a method for adaptive MTT filtering based on velocities
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of heart walls was described.

In Chapter 3, a method of estimation of 2D blood velocity vector with speckle tracking
was described. In the proposed method, 2D correlation functions were temporally averaged
for a stable estimation of 2D velocity vector. The effect of the averaging process of 2D
correlation functions was investigated through a steady flow experiment. The relationship
between the duration for averaging of 2D correlation functions and the factors which
improve the accuracy was examined. Moreover, the influence of the angle between the

flow axis and the beam direction on the accuracy was examined.

In Chapter 4, flowing blood inside the cardiac cavity of a healthy human heart were
visualized by the proposed method. Furthermore, the effect of adaptive MTT filtering was
verified. The imaging of a vortex-like blood flow inside the cardiac cavity was achieved
by the distribution of 2D velocity vectors. These in vivo experimental results showed that
high-frame-rate imaging of blood flow patterns in the cardiac lumen was feasible. On the
other hand, an alternative procedure of transmissions of diverging beams for acquisition
of a fine B-mode image was proposed, and its feasibility was also shown through an in

VIvo measurement.

As described above, dynamic motions of echoes from blood cells could be perceived
owing to ultrahigh-frame-rate measurement. Because real motions of flowing blood cells
are visualized by the proposed method, the assessment of the cardiac pumping efficiency

derived from complex flow structures would be possible by blood echo imaging.
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Appendix A.
Effect of compounding technique on

blood echo imaging

In high-frame-rate echocardiography, discontinuities of echo intensities occur in an ultra-
sound image because the transmit-receive directivity significantly changes due to the large
interval between neighboring transmit beams. To compensate such blur, compounding
(averaging) echo signals obtained by transmissions at different steering angles is effec-
tive [60]. In the compounding technique, individual beamformed RF signals are obtained
by transmitting unfocused waves with different steering angles and, then, these RF signals
at the same spatial point are averaged in different transmissions. It has been also shown
that the compounding technique by tilted plane wave transmissions with a linear array
transducer contributes to improve the image quality [66]. The effect of the compounding

technique on the blood echo imaging is examined in what follows.

The effect of compounding technique on imaging of heart walls has been examined in the
cited study [60]. Our objective is to visualize echoes from flowing blood cells at a high frame
rate. However, coherent compounding is difficult when the phase of the echo signals from
fast moving objects differs significantly among emissions [73]. The compounding technique

weakens echoes from blood particles if done incoherently. Therefore, the difference of
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velocities between heart walls and blood flow is considerable for fine blood echo imaging
without incoherent compounding. Let me assume that the pulse repetition frequency is 160
us and the velocity of blood flow is 1 m/s. Under these conditions, the movement between
transmissions can be calculated as 160 ym. An wavelength of ultrasound is assumed to
be 408 pum at a frequency of 3.75 MHz and a propagation velocity of 1530 m/s. Under
such assumptions, flowing blood cells can move at the distance of a half of wavelength.
Therefore, it is possible to compensate echoes from blood particles by the compounding

procedure.

The effect of incoherent compounding for flowing scatterers was examined through a
steady flow measurement. The spherically diverging wave was transmitted in three direc-
tions and steered at —10, 0, and +10 degrees. Echo signals were MTI-filtered to enhance
echoes from flowing particles. The cutoff frequency of the MTT filter was set at 500 Hz, cor-
responding to a velocity of 0.1 m/s at a ultrasound frequency of 3.75 MHz. The envelope
signals were detected from high-pass-filtered RF signals in each transmission to remove
the phase information. In this experiment, the envelope signals of high-pass-filtered RF
signals in each transmission were compounded (summed) to avoid the incoherent com-
pensation by removing the phase information. At first, the MTI filtering was applied to
beamformed RF signals obtained from each transmission. Then, envelopes of filtered RF
signals of individual transmission were detected and these envelope signals at the same
spatial point were compounded (averaged). To examine the effect of incoherent sum in the
conventional compounding method, the accuracy of velocity vector estimation with the
conventional compounding (i.e., RF compounding) and the envelope compounding was

evaluated as described subsequently.

A blood-mimicking fluid (Shelly Medical Imaging Technologies US model) steadily

7



flowed through a cylindrical tube was measured by ultrasound. The internal and ex-
ternal diameters of the tube made of urethane rubber were 8 and 12 mm, respectively.
The distance between the outer surface of the tube anterior wall and the probe surface
was set at 5 cm. The angle between the probe surface and the tube was maintained at 15°.
The tube contained 5% carbon powder (by weight) to obtain sufficient scattering from the
wall for the identification of the walls, between which the blood-mimicking fluid flowed.

The Reynolds number reached up to 1070 under the experimental conditions.

The velocity vector of the flow was estimated by applying speckle tracking to the dis-
tributions of envelope signals in two successive frames. Here, the envelope signals were
obtained through envelope compounding or envelope detection after RF compounding.
The kernel sizes in the lateral and axial directions in speckle tracking were set to 9 degrees
and 4.6 mm, respectively. To estimate small displacements, the cross correlation function
was up-sampled [77] by factors of 120 and 10 in the lateral and axial directions, respec-
tively. The velocity vectors of the fluid inside the tube were estimated at 0.5 mm intervals
along the manually assigned line. The velocity components along the direction of the flow

axis were averaged as follows:

V:ﬁZ'vj-nf, (1)

J j=0

where A, v;, and n; denote the cross-sectional area where the blood-mimicking fluid
flowed, the estimated velocity vector at the j-th spatial point, and the unit vector parallel

to the flow axis, respectively.

Figure A1 shows averaged velocities along the flow axis obtained by the RF compound-
ing and the envelope compounding, respectively. As shown in Fig. AAI1, although the
differences between estimates and the true velocities appeared, the accuracy of velocity

estimation with envelope compounding became much higher than that with RF compound-
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ing. The low accuracy of velocity estimation with RF compounding would be caused by
compensation among echoes from mimicking particles. Hence, it was verified that the

conventional compounding procedure was unsuited for the blood echo imaging.
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Figure A1l: Averaged velocities along the flow axis obtained by the RF compounding and

the envelope compounding.
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Appendix B.
Estimation of streamline of blood

flow

As for PC-MRI and E-PIV, visualization of streamline and pathline (time-resolved path)
line have been performed. Streamline and pathline are useful tools for understanding
fields of flow vectors by the human eyes. Streamline is defined as a trajectory of a particle
flowing in a constant flow field, which is calculated by accumulating velocity vectors.
These velocity vectors are assumed to be constant for the computation. On the other
hand, pathline is defined as a trajectory of a particle flowing over time. Velocity vectors
are accumulated for estimation of pathlines as well, but each particle is followed over time
(i.e. in the direction of frame). In other words, streamline estimation is an Euler method

and, on the other hand, pathline estimation is a Lagrange method.

Computation of streamline or pathline on a 2D ultrasonic image is theoretically impos-
sible because the radical 3D motion of a particle cannot be computed using 2D velocity
vectors which are obtained on a 2D plane. Here, streamlines of cardiac blood flow on a
2D ultrasound image was estimated with an assumption in which out of plane velocity
from the image plane is zero. Note that streamlines obtained by this method are pseudo

due to such assumption. Such pseudo streamline was computed by the 4th-order Runge-
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Kutta method [80] with the distribution of velocity vectors. The feasibility of estimation
of pseudo streamline using 2D velocity vectors obtained by the proposed method was

examined through an in vivo experiment.

As described in Chapter 4, the distribution of velocity vectors estimated by speckle
tracking with 2D correlation function averaging were interpolated with a reconstructive
interpolation [77] to obtain the densely-mapped velocity vectors. The flow streamline
was estimated by recursively computing the approximation of the 4th-order Runge-Kutta

method defined as [80]

At
Prt1 = Pnt o (ki + 2ko + 2ks + ky) ,

kl = f(pn)7
At

ki = £(put 5ki).
JAN

ks = f(pn 7k2)7

2
T
E)
+
N
L

(2)

Pn

where, p, At, and f(p) denote the position, the step size (set to 1 ms), and the velocity
vector at p, respectively. The velocity vector in Eq. (2) was assumed to be constant;
therefore, the velocity vector field in a frame was used for calculation of streamlines.
Figure B1 illustrates a streamline computed using a 2D velocity vector field. As shown in
Fig. B1, the streamline was computed recursively by increasing a variable n (advancing the
virtual clock time 7 = 79+nAt). The pseudo streamline can be calculated by accumulating

2D velocity vectors from an initial point in a frame.

Figure B2 shows pseudo streamlines in the cardiac cavity of a healthy volunteer obtained

by the proposed method in rapid filling phase. Departure and terminal points of a stream-
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Figure B1: Illustration of streamline obtained from 2D velocity vector field. Blue and red
colored arrows denote streamline and 2D velocity vector. Red colored circles represent

pixel positions.

line were denoted by green and blue squares. The initial point pg in Eq. (2) was manually
assigned, which corresponds to the departure point in Fig. B2. To obtain a more stable
distribution of velocity vectors, N ¢ was set to 28 frames in estimation of streamlines. The
blood flow toward the apex side of the heart was visualized by the obtained streamline in

rapid filling phase.
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Figure B2: Pseudo streamlines of left ventricular blood flow with B-mode image during

rapid filling phase.
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