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Abstract

This thesis, containing an introduction and ten separate papers, is a contribution to
the field of medical ultrasound imaging. Specifically, the thesis contains theoretical
development and experimental evaluation of algorithms that improve the detection
and visualization of moving targets in medical ultrasound imaging.

When a wave is reflected from a moving scatterer, the frequency of the reflected
signal is changed compared to the frequency of the incident signal. By utilizing this
Doppler effect, ultrasound can be used to measure the velocity of moving scatterers
inside the human body. The scattered echoes from the red blood cells are used to
measure blood flow velocities, and the signal from scatterers in the heart muscle are
used to measure the velocities of contractions and relaxations of the heart muscle.

The signal scattered from blood is corrupted by signals scattered from stationary
and slowly moving tissue such as vessel walls. Such clutter signals are typically 40-
100dB stronger than the signal from blood. Without sufficient clutter suppression,
the detection of low velocity blood flow will be poor, and the velocity estimates will
have a large bias. The signal scattered by the rapidly moving blood cells has a larger
Doppler shift than the signal reflected from slowly moving tissue. A high-pass filter
can therefore be used to separate the signals from blood and the clutter signals. In
Papers A-E the goal is to improve this clutter filtering. A broad range of clutter filters
are analyzed, and we use statistical theory to evaluate the blood detection performance
of different filters. We also propose new algorithms to improve the clutter rejection.
These algorithms are described theoretically, and tested on experimental data. These
papers provide a theoretical foundation, as well as practical algorithms that have the
potential to improve the image quality in color flow imaging.

In Paper F we present and analyze an acquisition technique that improves the tem-
poral resolution in color flow imaging by using a combination of beam interleaving
and transmission of pulses with double repetition frequency. A typical example gives
a 70% increase in frame rate when the blood flow through the heart valves is imaged
with the probe in the apical position. This acquisition technique is used in the clinical
study presented in Paper G. In patients with atrial fibrillation, there are significant
variations in the duration of the heart beats. Because of this variation, it is impossible
to reconstruct flow patterns based on data from several heart beats. To get a correct
“snap-shot” of the cross-sectional velocity profile in the left ventricular outlet tract
in patients with atrial fibrillation, around 100frames/second are necessary. The study
showed no significant difference between two heartbeats of different lengths, and veloc-
ity time integrals from heartbeats of different lengths can also be averaged in patients
with atrial fibrillation.

The blood motion imaging (BMI) technique presented in Paper H provides a more
intuitive display of blood flow than that provided by conventional color flow imaging.
As opposed to conventional color flow imaging, BMI preserves and enhances the speckle
pattern. The speckle pattern can be visually tracked from frame to frame, giving the
user a correct perception of the blood flow direction and magnitude. BMI is also useful



to separate true blood flow from wall motion artifacts. The technique has been tested
by post-processing of recorded ultrasound data. The best results are obtained when
imaging the blood flow in peripheral vessels. The lateral velocity component is then
clearly visualized, and we get an impression of the parabolic velocity profile across the
vessel. BMI processing can be applied both to continuously acquired data which are
uniformly sampled in time, and to data acquired using conventional color flow “packet”
acquisition. Continuous acquisition results in a very high temporal resolution, but the
width of the image sector is limited.

The continuous acquisition technique developed for BMI is also applied to tissue
Doppler imaging (TDI) and strain rate imaging (SRI). The temporal resolution is
improved by calculating the Doppler-based images from the same pulse transmissions
as the tissue B-mode images. In Paper I we show that when imaging a heart wall,
i.e. the interventricular septum, frame rates above 300frames/second are possible with
a lateral resolution equal to a conventional B-mode image. Tissue velocity estimates
calculated from these data suffer from a lot of aliasing, but a robust technique is
presented that corrects the aliased velocities. A significant advantage is the continuous
stream of data with constant sampling intervals. Doppler spectra and sound signals
can thus be calculated at arbitrary points in the 2D image. This acquisition technique
is used in the clinical study presented in Paper J, where the spatial-temporal events
in the interventricular septum are studied with a temporal and spatial resolution not
previously available in tissue Doppler techniques.
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Introduction

This thesis is divided into two parts. The first part contains an introduction with five
sections. A brief introduction to ultrasound imaging and Doppler measurements is
given in sections one and two. Section three discusses factors affecting the quality of
ultrasound color flow imaging. Based on the discussion in section three, section four
summarizes the contribution of the papers in part two of the thesis. The introduction
ends with concluding remarks and directions for future studies. The second part of
the thesis consists of ten separate papers. The papers are self-contained and complete
with abstracts and references.

The journal papers, conference articles, and conference abstracts produced during
this work are listed in the References [12, 14-21, 37, 60, 61, 67, 68, 73].

1 Ultrasound Imaging

The first use of ultrasound in medical applications were reported in the early 1950s
[27, 41, 82]. The basic principles of an ultrasound imaging system are as follows:
A voltage signal consisting of a few oscillations with frequency in the MHz range is
applied to a piezo-electric transducer which converts the applied voltage to a vibration
of the transducer surface. When this vibrating surface is put in contact with the body,
an ultrasonic pulse is transmitted into the tissue. The pulse propagates through the
tissue and is partly reflected and scattered by changes in density and compressibility
of the tissue. When the back-scattered sound wave impinges on the transducer, the
vibrations are converted back to an electric signal which is processed and displayed.

A sound wave that is reflected by a tissue structure at depth r, travels a total
distance 2r before it reaches back to the transducer. With sound propagation velocity
¢, the depth r is related to the time after pulse transmission ¢ by

2r
t=—

(1)
The sound wave is attenuated when it propagates through the tissue, and the atten-
uation increases with propagation distance. To compensate for this attenuation, the
signal is amplified with a gain that increases with time. This amplifier is termed a
time gain compensation (TGC) amplifier. The envelope of the signal is found, and the
amplitude undergoes a logarithmic compression in order to display the large dynamic
range of the ultrasound signal. The received signal can be displayed in several ways.

c
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Figure 1: A digital ultrasound imaging system using an electronically steered
and focused transducer array with N elements.

The first systems showed the received signal as a trace on an oscilloscope. This
technique is called Amplitude-mode or A-mode. A better perception of motion was
obtained by converting the amplitude to gray-scale values, and displaying the signal
from consecutive pulse transmissions side by side on a computer screen. This technique
is called Motion-mode or M-mode, since the motion of the tissue structure along the
beam direction is easily perceived.

Brightness-mode or B-mode systems provide two-dimensional images of tissue struc-
tures. The main building blocks of a B-mode system are shown in Figure 1. A number
of A-mode lines are collected by sweeping the ultrasound beam over the region of in-
terest. The sweeping is done either mechanically or with a multi-element transducer.
Figure 1 illustrates a system using a transducer with N elements. The transmitter
imposes different delays of the voltage pulse applied to each individual transducer el-
ement in order to focus and steer the ultrasound beam in the desired direction. On
receive, the beam former similarly delays the received signal from each element before
the signals are summed. Advanced systems use beam formers capable of dynamically
changing the focus as the pulse propagates deeper into the body. The band-pass filter
in Figure 1 is tuned to the bandwidth of the pulse in order to improve the signal-to-
noise ratio. Recently it was discovered that the image quality is improved by using the
frequency band around the double of the transmitted ultrasound frequency [24, 69].
Second harmonic frequency components are generated by non-linear wave propagation,
and the second harmonic generation increases with wave amplitude and propagation
distance. The most severe reverberation noise is generated while the pulse propagates
through the body wall. The propagation distance from the probe to the reverberating
layers in the body wall is, however, so small that the second harmonic signal level is
low, and the reverberation noise is lower than when the fundamental frequency band is
used. The second harmonic image also has better lateral resolution since the sidelobe
power level is not high enough to generate second harmonic frequency components.
Such second harmonic imaging is achieved by doubling the center frequency of the
band-pass filter in Figure 1.

When a complete scan is performed, the scan converter maps the data to a rect-
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Figure 2: Ultrasound B-mode image of a young boy’s heart.

angular display grid, and the data are displayed as a gray-scale image. In cardiac
applications, typically 50frames/seconds are obtained. A B-mode image of a young
boy’s heart is shown in Figure 2.

2 Ultrasound Doppler Measurements

When a wave is reflected from a moving scatterer, the frequency of the reflected signal
is changed compared to the frequency of the incident signal. By utilizing this Doppler
effect, ultrasound can be used to measure the velocity of moving scatterers inside
the human body. The scattered echoes from the red blood cells are used to measure
blood flow velocities, and the signals from scatterers in the heart muscle are used
to measure the velocities of contractions and relaxations of the heart muscle. In this
section we develop mathematical expressions for the Doppler shift, then discuss systems
for ultrasound Doppler measurements.

2.1 The Doppler Effect

An ultrasonic signal is transmitted at time ¢ = 0. The received signal from a stationary
point scatterer at depth rg in the far field of the transducer can be written as

o(®) = (1= 22) 2)

c

where c is the speed of sound, and 2rg/c is the time needed for the ultrasound pulse
to travel back and forth to the depth ro. To simplify the development, we assume that
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Figure 3: A scatterer moving towards the probe.

the shape of the received signal x does not vary for small displacements of the point
scatterer around r9. A scatterer moving with a velocity v is illustrated in Figure 3.
The signal that is received at time ¢ was reflected from the scatterer at depth

r:ro+vz(t—£) (3)

where r( is the depth when the pulse was transmitted at ¢ = 0, v, is the component of
the velocity along the ultrasound beam, and ¢ — r/c is the time of interaction between
the scatterer and the ultrasound pulse. Reorganizing Equation 3, the depth r can be

written 4ot
To Vz
— 0Tz 4
Ty vy/c )

Inserting this expression for r in Equation 2 gives

o=+ (5 (- 2%)) ©

where we see that the received signal is a delayed and compressed version of the signal
that is received from a stationary scatterer. When a sinusoidal signal with frequency
fo is transmitted, the received signal from a stationary scatterer is given by

oo (1) = o8 (27Tfo (t - ﬁ)) (©)

For a moving scatterer, the received signal becomes

y(t) = cos (QWfOZ—T—ZZ (t - 02_7‘(; )) (7)

The change in frequency of the received signal compared to the transmitted signal is

Cc— U, 20, 2v,

. fo (8)

fd:f0c+vz —fo=—c+vz

for -

and is termed the Doppler shift. The velocity of the scatterer is related to the Doppler
shift by the Doppler equation

c

fd%—Q—fO

Vy =

c
_2f0+fd fa ©)



2 Ultrasound Doppler Measurements 5

cos(2m fot)
Transducer Oscichlator
2¢72m fot 0
_________ 1
1 t .
p 1x(t) ap | Spect | IDisplay
X anal.

Quadrature demodulator

Figure 4: Continuous wave Doppler system.

and can be calculated from estimates of the Doppler shift. In the following sections,
several methods that use the Doppler shift to measure blood velocities are discussed.
A thorough treatment of Doppler ultrasound can be found in [9, 28, 42].

2.2 Continuous Wave Doppler

The first use of continuous wave (CW) Doppler for the measurement of blood velocities
was reported in [63]. Figure 4 shows a block diagram of a simple CW Doppler instru-
ment. Separate transducers are used for transmit and receive, but they are usually
mounted in the same housing. The instrument is sensitive to red blood cells travelling
in the interception of the transmit and receive beams. This region is called the sample
volume. Each blood cell thus produces a signal as in Equation 7, but of finite time
duration and thus non-zero bandwidth. This phenomenon is called the transit-time
effect. At any time instant, the received signal is a sum of the contributions from a
large number of blood cells within the sample volume, and is therefore modelled as a
Gaussian random process [8]. Velocity gradients within the sample volume result in
different Doppler shifts from the different blood cells, and broaden the power spec-
trum of the received signal. If the transit time effect is neglected, and the sample
volume is uniformly insonified, the power spectrum of the received signal corresponds
directly to the axial component of the velocity distribution within the sample volume
[8]. The constant of proportionality between velocity and the Doppler shift is given by
the Doppler equation. It is therefore common to use spectral analysis to extract the
velocity information from the received signal. Since the blood velocity is much smaller
than the speed of sound, the Doppler shift is much smaller than the transmitted ul-
trasound frequency. The received signal e(t) in Figure 4 is thus a band-pass signal,
and it is convenient to perform the signal analysis after demodulating the signal to
base-band. The band-pass signal e(t) can be written as [38]

A 1 A A
e(t) = Re {z(t)e?? ot} = 5 (z(t)e??™ ot 4 g*(t)e—72m/ot) (10)
where * denotes complex conjugation and x(t) is the complex envelope of the received

signal. Multiplication with 2e=727fot in Figure 4 gives x(t) 4+ x*(t)e~7272fot and the
term centered around —2fy is removed by the low-pass filter (LP). The transmitted
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Figure 5: CW Doppler spectrum from a patient with aortic valve leakage.

frequency fo is known, and all the information is contained in the complex envelope
x(t) which is termed the Doppler signal.

The Doppler signal from blood is obscured by high-intensity echoes from tissue and
vessel walls. These clutter signals can be 80-100dB stronger than the signal from blood.
However, tissue structures move more slowly than blood, and the clutter signals can
therefore be removed by the high-pass filter (HP) in Figure 4. This filter is a critical
part of the system, since the clutter signal from tissue should be removed without also
removing the signal from slowly moving blood.

The Doppler shift is in the audible range for the ultrasound frequencies commonly
used, and by listening to Re{x(t)} or Im{z(t)} the operator can detect the presence of
a Doppler signal and qualitatively evaluate the center frequency and bandwidth of the
signal. Directional information can be obtained by separating positive and negative
Doppler shifts, and feeding the resulting signals to the left and right channel in a
stereo system. For visual display and quantitative measurements, frequency spectra
from subsequent time windows are stacked side by side and displayed as shown in
Figure 5. The Doppler spectrum in Figure 5 is from a patient with aortic valve leakage
with reverse flow velocities up to 4m/s.

2.3 Pulsed Wave Doppler

A CW Doppler instrument is sensitive to flow throughout the region where the transmit
and receive beams overlap, and therefore provides no range resolution. Pulsed wave
(PW) Doppler instruments solve this problem and were first reported by Baker and
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Figure 6: A digital pulsed wave Doppler system with N transducer elements.

Watkins [11]. The velocity can not be estimated from the Doppler shift of a single
pulse since the frequency spectrum of the signal is changed considerably more by the
frequency dependent attenuation than it is by the Doppler shift. The blood velocity is
therefore estimated from the change in phase and/or delay of the signals received from
several pulse transmissions. A pulsed wave Doppler system is schematically illustrated
in Figure 6. The same transducer is used for both transmission and reception. When a
sinusoidal soundburst with center frequency fy is transmitted, the received signal from
a stationary point scatterer at depth r¢ is given by

w(t) = alt) cos (27rf0 (t - 2%)) (11)

where a(t) is the pulse envelope. By using Equation 5, the received signal from a
moving scatterer following the transmission of such a pulse is given by

Cc— Uy 2ro Cc— 0, 2ro
t) = t— 2 t— 12
I() a(c—}—vz( c—vz)>cos<7rfoc+vz < c—vz)> ( )

where rg is the position of the scatterer when the pulse is transmitted at ¢ = 0.
Pulses are transmitted with time interval T, and between two pulse transmissions the
scatterer has moved a distance v,Ts. The received signal from pulse n is thus given
by

z(t,n) =
- 2 — 1T, — 2 — 1T,
R e =)
c+ v, C— U, c+ v, C— U,

(13)

If the signal is sampled at the time corresponding to the depth rs we get

2 2

2(2rg/e,n) =a | — s nTs +a | cos | 2nfo | — v nTy + o

c+ v, c+ v, (14)

2v
=a <—C+;nTs + a> cos <27r%n + ¢)
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- 2(v, T, —
where a = &= (2% + (712_71127”0)), ¢ = 2mfoa, and fq = — 2%

the Doppler shift. The frequency fs equals 1/Ts and is termed the pulse repetition
frequency (PRF). To avoid aliasing, the Nyquist theorem tells us that the maximum
Doppler shift is limited by

fo is recognized as

1
|fd,max| < ifs (15)
The corresponding limit on the velocity is given by
c c
max| — max| < 16
V2, max| 2f0|fd, ax| 4f0fs (16)

and is termed the Nyquist velocity. To avoid spurious sample volumes between the
transducer and the depth rs, the PRF is limited by

fs < 5— (17)

(18)

Increasing the PRF above the limit in Equation 17 creates an extra sample volume
closer to the transducer, giving ambiguity in range of where the velocity is measured.
It is often possible, however, to position the transducer so that there is little or no
blood flow in the extra sample volume, and the high PRF (HPRF) technique can be
used to measure high blood velocities [36].

With pulse-length T, a sample of the received signal at a time Ty after pulse
transmission originates from a localized sample volume extending from ¢Ty/2 to ¢(Ty—
T,)/2. The receiver filter in Figure 6 increases the radial length of the sample volume.
The purpose of the receiver filter in Figure 6 is to maximize the signal-to-noise ratio
(SNR), but it also increases the radial length of the sample volume. It has been
shown that a receiver filter with a rectangular impulse response with duration equal
to the pulse length is close to maximizing the SNR [47]. Several techniques have been
proposed to avoid aliasing of high velocities in PW Doppler [74, 84]. Common to these
techniques are wideband pulses and the use of samples from several depth ranges to
estimate the velocity.

The PW spectrum in Figure 7 shows normal blood velocities through the mitral
valve. Compared to Figure 5, the spectrum is narrower since the velocity is measured
at a localized position resulting in a smaller velocity spread.

2.4 Color Flow Imaging

Real-time color flow imaging was first reported by Namekawa et al. [52] and Kasai et
al. [45]. A PW Doppler system can be extended to estimate the velocities at several
depths along the ultrasound beam. This technique is called multigated Doppler [58].
A further extension is to scan the beam over a two-dimensional region, and measure
the velocity at several depths along each beam direction.
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Several parameters describing the blood flow are calculated for each sample volume,
and encoded in a color. The resulting color image is combined with a tissue B-mode
image, and a two-dimensional map of the blood flow is obtained. A color flow imaging
system is schematically illustrated in Figure 8. The flow parameters that are calculated
are commonly the mean velocity, signal power, and bandwidth. Velocities towards the
transducer are usually encoded in different shades of red depending on the magnitude
of the velocity. Velocities away from the probe are usually encoded in different shades
of blue. The signal power determines the intensity of the color. The mapping of
bandwidth is motivated by the fact that in regions with disturbed flow, there are large
velocity gradients in the sample volume and correspondingly, a large bandwidth of the
Doppler spectrum. Sample volumes where a large bandwidth is measured are assigned
a green color. In addition to determine the color, the parameters are used in the
tissue/flow arbitration block in Figure 8b which for each pixel determines whether a
B-mode or color value should be shown. An example of a color flow image is shown in
Figure 9, where the reverse flow jet through a leaky aortic valve is visualized with red
and green.

To get adequate frame rates, typically only 8-16 pulses are transmitted in each
beam direction. With so few samples available, the suppression of clutter signals from
stationary and slowly moving tissue is a difficult task, but crucial for the image quality.

Parameter estimation techniques can be divided into narrowband and wideband
techniques [29]. Narrowband techniques use relatively long pulses, and estimate the
velocity based on samples from one range gate. Examples of narrowband techniques are
the “autocorrelation” technique [45], Fourier-based techniques, and techniques based
on autoregressive (AR) modelling [1]. Wideband techniques use a train of short pulses
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Figure 8: (a) Acquisition and processing of data for one beam direction in a
color flow image. (b) Combination of tissue and color flow data to
display one image frame.

to track a group of red blood cells using the intensity of their echoes. This tracking is
achieved by using samples from several range gates. Examples of wideband techniques
are the crosscorrelation technique [23], the sum-absolute-difference technique [22], and
the wideband maximum likelihood estimator [30].

2.5 Tissue Doppler Imaging

PW Doppler can be used to measure the velocity of contraction and expansion at
discrete sample volumes in the heart muscle. To ease the assessment of regional my-
ocardial function, the two-dimensional color flow imaging technique was adapted to
measure tissue velocities [51]. An example of a tissue Doppler image of the left ven-
tricle is shown Figure 10. Additional information can be obtained by imaging the rate
of deformation of the myocardium which is termed strain rate imaging (SRI) in [39].
SRI is a “local” measure of the elongation/contraction of the myocardium, and may
ease the differentiation of active elongation/contraction from passive motion induced
by elongation/contraction in other parts of the myocardium [39].

2.6 Clinical Applications of Doppler Ultrasound

Ultrasound Doppler instruments have proven to be of clinical importance for non-
invasive assessment of blood flow. Color flow imaging is used qualitatively to get an
overview of the flow and to ease the detection of abnormal flow patterns. Spectral
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Figure 9: Color flow image of a leaking aortic valve.

Figure 10: Tissue Doppler image of the left ventricle.
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Doppler techniques are then commonly used to quantitatively evaluate the severity
of valvular stenoses, leakages, etc. Some important clinical applications of Doppler
ultrasound are listed below.

e Cardiology. Detection and assessment of valvular stenoses, regurgitations, shunts,
and similar defects that give disturbed flow patterns in the heart.

e Peripheral vascular disease. Detection and assessment of stenoses and aneurysms.
e Radiology. Assessment of malignancy of tumors based on the blood flow.

e Fetal medicine. Early detection of abnormal flow patterns related to high blood
pressure in the fetus.

3 Factors Affecting the Quality of Color Flow Imag-
ing

The most basic task of a color flow system is to detect if blood is present or not in
a given sample volume. The next task is to calculate unbiased estimates with low
variance of the blood velocity and the signal bandwidth. This thesis deals mainly with
color flow systems, and in this section we discuss factors that affect the ability of the
system to fulfill these goals.

3.1 Noise

There are mainly two forms of noise that corrupt the Doppler signal from blood. Ther-
mal noise in the transducer and front-end electronics limit the lowest Doppler signal
strength that can be detected. Thermal noise is modeled as a white Gaussian random
process, which means that two different noise samples are statistically independent
with a Gaussian probability density function [70]. The second type of noise is the
signal from stationary and slowly moving tissue structures, including reverberations
caused by multiple reflections. This clutter signal can be 80-100dB stronger than the
Doppler signal. The tissue moves more slowly than the blood, thus giving a smaller
Doppler shift, and the clutter signal can be removed with a high-pass filter.

Thermal Noise

The received signal is passed through a filter to minimize the noise bandwidth in order
to maximize the sensitivity of the instrument. A matched filter maximizes the peak
SNR for a known signal in white noise [46]. In ultrasound imaging, the shape of
the received signal is, however, not known, and conventional matched filtering is not
applicable. Even though the shape of the received signal is unknown, it is shown in
[47] that a receiver filter with a rectangular impulse response with duration equal to
the pulse length is close to maximizing the signal-to-noise (thermal noise) ratio (SNR).

The SNR can be improved by transmission of pulses with higher power. There are,
however, safety limitations on the acoustic intensity [6]. In Doppler applications, the
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limiting factor is usually the spatial peak of the time averaged intensity, IspTa. When
the PRF is kept constant, IspTa is proportional to the energy in the transmitted pulse.
As long as the sample volume is smaller than the blood vessel, the received signal
power is proportional to the pulse energy which is bounded by IspTa, but the SNR can
be increased by decreasing the noise bandwidth. The SNR is therefore improved by
decreasing the bandwidth of the pulse; this is equivalent to increasing the pulse length.
The improvement in SNR stops when the pulse length is increased to a point where the
sample volume becomes larger than the blood vessel. However, for large blood vessels
there is a trade-off between sensitivity and radial resolution.

In an acquisition technique called coded excitation, long pulses with high bandwidth
are transmitted, but the spatial resolution is retained by deconvolution of the received
signal [35]. Since Doppler techniques are limited by the pulse energy, coded excitation
will not improve the SNR, but may improve the spatial resolution.

The sensitivity can be improved by injecting ultrasound contrast agents into the
blood [55, 65]. This increases the back-scattered power, and thus improves the SNR,
but does not reduce the noise power.

Clutter Noise

It is difficult to detect if blood is present in regions with a large clutter-to-signal
ratio (CSR), especially when the blood moves with a velocity comparable to the tissue
velocity. In this situation, there is a small difference in the Doppler shift from blood and
tissue, and the signals are not easily separated with a high-pass filter. Typically only
6-16 pulses, referred to as the packet size, are transmitted in each beam direction when
the flow data are acquired. This means that clutter filtering and velocity estimation is
performed on only 6-16 samples.

Commonly used filter types for clutter filtering include finite impulse response (FIR)
filters [56], infinite impulse response (IIR) filters [56], and polynomial regression filters
[40, 44, 72]. Due to the small number of samples, it is important that IIR filters
are properly initialized. Such initialization techniques are developed in [26, 32], and
applied to color flow imaging in [57, 66].

Tissue motion may lead to “flashing” artifacts in the image. In the periods of the
heart cycle with largest tissue motion, the signal from tissue passes through the clutter
filter and obscures the display of the blood flow. There are three main sources of
tissue motion: The beating of the heart results in large movement of the heart muscle
and pulsating vessel walls. Respiration causes movement of the organs both in the
chest and abdomen. Finally, the operator may move the probe in search for small
blood vessels resulting in movement of the tissue relative to the probe. To improve the
clutter rejection when the tissue is moving, it has been suggested that the mean tissue
Doppler shift frequency be estimated, and the signal mixed down with this frequency
prior to conventional high-pass filtering [71].

Contrast agents increase the strength of the signal from blood, thus reducing the
demands of the clutter filter. One of the main applications of contrast imaging is thus
to improve the clutter-to-signal ratio to be able to measure blood perfusion [64].
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3.2 Bias of Velocity Estimates

There are many algorithms for velocity estimation in color flow imaging, and many
of these are discussed by Jensen [42] and Ferrara and DeAngelis [29]. Common to
all these algorithms are that the combination of thermal noise, clutter noise, and the
clutter filter may lead to bias in the velocity estimate. Unless sufficiently attenuated
by the clutter filter, the clutter signal will produce a bias towards zero velocity. On
the other hand, high-pass filtered white noise produces a bias towards larger velocities
[54, 83]. An algorithm to compensate for this effect has been proposed by Rajaonah et
al. [59]. For low blood velocities, the frequency spectrum of the signal may be severely
distorted by the clutter filter. Attenuation of the lowest frequencies results in bias
towards larger velocities. The clutter filter itself might also introduce bias regardless
of the blood velocity and the presence of noise [72, 77].

Direction of arrival processing is a well developed field in array processing used
in passive radar and sonar. The similarity between direction of arrival estimation
and color flow imaging has been noted in [4, 5], where high resolution estimates are
adapted to color flow imaging. It has been proposed that these algorithms be used
to estimate several velocity components within the sample volume, and for combined
velocity estimation and clutter rejection. However, no clinical results are available with
this technique.

3.3 Variance of Velocity Estimates

The variance of the parameter estimates decreases when the number of observations is
increased and when the SNR is increased. This means that the variance decreases with
increasing packet size. Spatial averaging also reduces the variance [75]. There is thus
a trade-off between estimator variance and both temporal and spatial resolution. It is
also important that the clutter filter does not reduce the number of samples available
to parameter estimation. Advanced algorithms that use samples from several depth
ranges to reduce variance are presented by Vaitkus and Cobbold [79, 80].

3.4 Aliasing of Velocity Estimates

Velocity estimation algorithms that are based on transmitting a relatively long pulse
and estimating the phase shift from pulse to pulse are referred to as narrowband al-
gorithms [29]. Common to these techniques are that they suffer from aliasing, i.e. a
positive velocity is interpreted as a negative velocity and vice versa. The relatively
long pulses mean that the SNR is relatively high for these methods. Narrowband ve-
locity estimation can be performed both in the time domain [48] and in the frequency
domain [78, 81]. The commonly used “autocorrelation” algorithm [45] is an example
of a narrowband algorithm. This mean velocity estimator is equivalent to a first order
autoregressive estimate of the mean frequency. A second order autoregressive model
for the signal from blood was proposed in [50]. It has also been proposed to use one
pole for the clutter signal, and one pole for the signal from blood [1]. However, since
the clutter signal is much stronger than the signal from blood, the blood signal pole is
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shifted toward lower frequencies. Better results were obtained when AR modeling was
performed subsequent to a clutter filter.

To avoid aliasing artifacts, several wideband techniques have been proposed [29].
Common to these techniques are that relatively short pulses are transmitted, and that
samples from several depth ranges are used in the velocity estimation. Examples of
such techniques are the cross-correlation technique [23, 33], speckle tracking [22], the
wideband maximum likelihood estimator [30, 31], the butterfly search technique [2, 3],
and the extended autocorrelation method [49]. Since short pulses are used, the SNR
are poorer compared to the narrowband techniques. Decorrelation due to the presence
of velocity gradients and lateral movement as well as the poor SNR may lead to similar
effects as aliasing, e.g. the wrong peak is picked in the cross-correlation technique.
The wideband techniques have larger computational complexity than the narrowband
techniques, and it seems to be difficult to achieve robust non-aliased velocity estimates.
The narrowband “autocorrelation” method is thus the most commonly used algorithm
in commercial instruments.

3.5 Measuring Only One Velocity Component

Velocity estimation algorithms based on the Doppler shift or the time delay from pulse
to pulse only measure the velocity component along the ultrasound beam. The instru-
ment thus provides incomplete information about the flow pattern. This limitation may
also lead to a non-intuitive visualization of the flow, i.e. in bent vessels, there will be an
abrupt change in color at the point where the vessel is parallel to the transducer sur-
face. Several techniques have been proposed to solve this problem: Compound scanning
from two different positions gives velocity components along two different directions
[34]. Measurement of the transit-time through the ultrasound beam, which is reflected
in an increased bandwidth of the Doppler signal, can be used to find the lateral velocity
component [53]. Two-dimensional speckle tracking methods based on frame-to-frame
correlation analysis provide both the radial and lateral velocity component [76]. Co-
herent processing of two sub-apertures of the transducer to create lateral oscillations in
the received beam pattern provide quantitative lateral velocity information, including
the sign [7, 43]. A common assumption in all these techniques is a uniform velocity
field over a large spatial region. None of these algorithms for estimation of two velocity
components have yet been implemented on commercial scanners.

3.6 Spatial Resolution

The spatial resolution in ultrasound imaging improves with increasing ultrasound fre-
quency. However, the attenuation also increases with the frequency, and there is there-
fore a trade-off between spatial resolution and penetration. The length of the transmit-
ted pulse determines the radial resolution, and there is thus a trade-off between radial
resolution and sensitivity. With a specified radial resolution there is also a trade-off
how the resolution should be divided between the pulse length and spatial filtering.
The lateral resolution is determined by the beam density. There is thus a trade-off
between image width, lateral resolution, and temporal resolution. Less spatial aver-
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aging is required when the estimator variance is small. The spatial resolution is thus
indirectly affected by the estimation algorithm, and the potential reduction of available
samples after the clutter filter.

3.7 Temporal Resolution

Cardiac hemodynamics demand high temporal resolution; due to the accelerations and
decelerations during the cardiac cycle, the temporal resolution in the velocity estimates
should be around 10ms [36]. This means that in cardiac applications, the maximum
difference in time between two velocity estimates in the same flow image should ide-
ally be less than 10ms. Neglecting the time needed for the B-mode acquisition, this
corresponds to a frame rate of 100frames/s. Such a high temporal resolution is hard
to achieve in color flow imaging. To correctly measure velocity profiles across valve
openings in the heart, it has been necessary to combine measurements from several
heart cycles [62]. Another application where high temporal resolution is important
is in volume flow measurements using three-dimensional color flow data, where the
accuracy improves with increasing frame rate [13].

The total acquisition time equals the sum of the acquisition times for the B-mode
image and the flow image. By increasing the width of the transmit beam, and by
performing receive beam forming in parallel, several beams can be calculated from one
pulse transmission. Parallel beam forming thus reduces the acquisition time for both
the B-mode and flow data. The depth and number of beams in the B-mode image
determine the acquisition time for this image. The lateral resolution of the B-mode
image is commonly reduced to increase the frame rate in color flow imaging.

Several pulses must be transmitted in each beam direction during acquisition of
the flow data. The flow acquisition time is therefore much longer than the B-mode
acquisition time. To achieve a sufficient frame rate, the lateral resolution is therefore
reduced in the flow image compared to the resolution in the B-mode image.

Clutter rejection is harder with a small packet size, and the estimator variance is
increased since the estimate is based on fewer samples. To obtain satisfying image
quality in “difficult” patients, it is therefore often necessary to increase the packet size,
and thus reduce the temporal resolution.

The maximum pulse repetition frequency (PRF) is determined by the image depth.
When measuring low velocities it is desirable to reduce the PRF. Without proper
action, this may significantly reduce the frame rate. However, if the PRF is reduced by
an integer factor k, it is possible to acquire data in k — 1 other beam direction before
returning to the same direction. With this beam interleaving technique, the PRF can
be reduced without decreasing the temporal resolution.

3.8 Visualization

The velocity, power and bandwidth of the Doppler signal is combined into a color and
superimposed on the B-mode image. The color-map should be designed to ease the
visual detection of disturbed flow. The attention of the operator should be drawn to
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even small jets. To achieve this, disturbed flow may be visualized with a high contrast
color, e.g. green as seen in Figure 9 [10].

Another important part of the display system is the algorithm used to decide if
flow or tissue should be displayed in a given pixel. This tissue/flow arbitration is
closely related to the clutter filtering. The overall impression of the image quality is
degraded if false flow pixels are scattered around in a tissue region. The perceived
image quality is also improved if there are smooth transitions between flow and tissue
at vessel boundaries without “bleeding” into the tissue.

3.9 Tissue Doppler Imaging

Tissue Doppler imaging differs from color flow imaging in several ways. The signal
from tissue is the desired signal in tissue Doppler imaging and is not suppressed with
a clutter filter. However, in patients with strong stationary reverberation noise, a
high-pass filter with narrow stop-band may improve the image quality. The scattered
signal from tissue is much stronger than the signal from blood. The SNR in tissue
Doppler imaging is therefore significantly higher than the SNR in color flow imaging.
A larger pulse bandwidth and thus better spatial resolution is therefore possible in
tissue Doppler imaging. To maximize the information on the spatial-temporal relations
between the events in the heart muscle during the heart cycle, both high temporal and
spatial resolution is desired. High temporal resolution is important to correctly capture
the rapid contractions and expansions of the cardiac muscle. High spatial resolution is
important when, for example, differences in the velocity across a heart wall is measured.

4 Summary of Papers

This section first gives an overview of how the results in the papers in this thesis
contribute toward improving the quality of color flow imaging. After this overview,
abstracts of each paper are presented.

Design and Evaluation of Clutter Filters

Papers A-E deal with different aspects of clutter filtering in color flow imaging. The
most basic task of a color flow system is to detect if blood is present or not in a given
sample volume, and the clutter filter is an important part of this detection.

In Paper A we review and analyze different types of filters suited for high-pass
filtering of the short signal sequences that are available in color flow imaging. The
study is limited to one-dimensional filters operating on the samples at a fixed depth
from subsequent pulse transmissions. The analysis includes finite impulse response
(FIR) filters with and without a linear phase response, infinite impulse response (IIR)
filters with different types of initialization, and polynomial regression filters. We believe
that Paper A is more detailed, and provides analysis of more filter types than previous
papers. Paper A thus provides a good theoretical basis when designing clutter filters
for color flow imaging.
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Paper B presents algorithms to improve the clutter rejection when there is signifi-
cant movement of the tissue. Examples of this are the moving heart muscle when the
coronary arteries are being imaged, or when the operator moves the probe in search
for small blood vessels. Previous methods adapt to the tissue movement by mixing
down the signal with the estimated mean Doppler shift frequency from tissue[71]. This
is most efficient for tissue movements with constant velocity. In Paper B we present
algorithms that adapt to accelerated tissue movements, and show that the algorithms
improve the clutter rejection in practical imaging situations. The best results were ob-
tained by mixing down the signal with non-constant phase increments estimated from
the signal. Subsequent to this down-mixing, the signal can be filtered with any of the
high-pass filters analyzed in Paper A. This algorithm has computational complexity
suited for real-time processing on an ultrasound scanner.

In Paper C, the detection of blood is formulated as a problem in statistical detection
theory. This is an approach commonly used in radar theory. The optimal detector
compares the power at the output of a clutter filter to a threshold. The optimal
detector structure is thus similar to standard color flow systems, but with a filter that
depends on both the clutter and blood signal statistics. In a practical imaging situation,
the blood signal statistics are unknown. However, when designing clutter filters it is
useful to compare the detection performance to the optimal detector. Such a statistical
evaluation is performed in Paper D, where the blood detection performance of several
commonly used clutter filters are compared.

In Paper E we present an algorithm that automatically selects the cut-off frequency
of polynomial regression filters. There are variable demands on the cut-off frequency in
both space and time during the heart cycle, and an adaptive cut-off frequency improves
the image quality. In addition, the user interface of the scanner is simplified, since it is
not necessary for the user to adjust the cut-off frequency. A simplified version of the
algorithm was implemented for real-time processing on the GE Vingmed Ultrasound
System Five scanner. The simplification was necessary due to limitations in hardware
and available processing time. As a result, there was no significant improvement in
the image quality, but the simplification of the user interface was achieved. As more
computational power becomes available, the algorithms in Paper B and E could be
combined.

A High PRF Technique to Increase the Frame Rate

In Paper F we present and analyze an acquisition technique that improves the temporal
resolution in color flow imaging. At the expense of a slight increase in the clutter level,
we achieved an increase in the frame rate of 70% when imaging the blood flow through
the heart valves with the probe in the apical position. A clinical application of this
technique is presented in Paper G. The instantaneous cross sectional velocity profile
variability in the left ventricular outlet tract in patients with atrial fibrillation was
studied. The study showed no significant difference between two heartbeats of different
lengths in patients with atrial fibrillation, and velocity time integrals from heartbeats
of different lengths can be averaged also in these patients.
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Visualization of Blood Flow Direction

In Paper H we present new signal processing algorithms for visualization of blood flow
in ultrasound imaging systems. The technique is called blood motion imaging (BMI).
As opposed to conventional color flow imaging, the speckle pattern from the moving
blood cells is preserved and enhanced, enabling the user to visually track the blood
motion from frame to frame. The technique is applicable both to data acquired us-
ing conventional color flow packet acquisition, and to continuously acquired data with
uniform time intervals between the samples. The approach is similar to a technique
called B-flow that has recently been patented [25]. Both techniques enhance the speckle
pattern movement, which is related to the blood cell movement in the blood vessels.
However, as opposed to B-flow, BMI calculates several images per packet, giving an
improved temporal resolution. BMI can also be combined with conventional color flow
velocity estimation. Sliding window processing of the continuously acquired data is
unique to BMI. Speckle pattern movement gives the user a correct perception of the
blood flow direction and magnitude, and is also useful in separating true blood flow
from wall motion artifacts. No attempt was made to measure the lateral velocity com-
ponent, but BMI may indirectly give the lateral velocity component by combining an
angle measurement derived from the speckle motion with the radial velocity component
obtained from the Doppler frequency shift.

Increasing the Frame Rate in Tissue Doppler Imaging

The continuous acquisition technique for BMI presented in Paper H, is applied to tis-
sue Doppler imaging (TDI) and strain rate imaging (SRI) in Paper I. Previously, the
Doppler and tissue B-mode images have been calculated from different pulse transmis-
sions. The temporal resolution is improved by calculating the Doppler based images
from the same pulse transmissions as the tissue B-mode images. This acquisition
scheme also reduces the reverberation noise which limits the accuracy of the velocity
estimates. When imaging a heart wall, i.e. the interventricular septum, frame rates
above 300 frames/second is possible with a lateral resolution equal to a conventional
B-mode image. Tissue velocity estimates calculated from these data suffers from a lot
of aliasing, but a robust technique is presented that corrects the aliased velocities. A
significant advantage is the continuous stream of data with constant sampling intervals.
Doppler spectra and sound signals can thus be calculated at arbitrary points in the 2D
image.

Paper J presents a clinical study using the acquisition technique presented in Pa-
per L. The spatial-temporal events in the interventricular septum were studied with a
temporal and spatial resolution not previously available in tissue Doppler techniques.

Below are the abstracts of the papers in Part 2 of the thesis.
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Paper A — Clutter Filter Design for Ultrasound Color Flow Imag-
ing

To get ultrasound color flow images of high quality, it is important to sufficiently sup-
press the clutter signals originating from stationary and slowly moving tissue. Without
sufficient clutter rejection, low velocity blood flow can not be measured, and estimates
of higher velocities will have a large bias. The small number of samples available (8-16)
makes clutter filtering in color flow imaging a challenging problem. In this paper we
review and analyze three classes of filters: FIR, ITR, and regression filters. The quality
of the filters was assessed based on the frequency response, as well as on the bias and
variance of a mean blood velocity estimator using an autocorrelation technique. With
the FIR filters, the frequency response was improved by allowing a non-linear phase
response. By estimating the mean blood flow velocity from two vectors filtered in the
forward and backward direction, respectively, the standard deviation was significantly
lower with a minimum phase filter than with a linear phase filter. For IIR filters ap-
plied to short signals, the transient part of the output signal is important. We analyzed
zero, step, and projection initialization, and found that projection initialization gave
the best filters. For regression filters, polynomial basis functions provide effective clut-
ter suppression. The best filters from each of the three classes gave comparable bias
and variance of the mean blood velocity estimates. However, polynomial regression fil-
ters and projection initialized IIR filters had a slightly better frequency response than
could be obtained with FIR filters.

Paper B — Clutter Filters Adapted to Tissue Motion in Ultra-
sound Color Flow Imaging

The quality of ultrasound color flow images is highly dependent on sufficient attenuation
of the clutter signals originating from stationary and slowly moving tissue. Without
sufficient clutter rejection, the detection of low velocity blood flow will be poor, and
the velocity estimates will have a large bias. In some situations, e.g. when imaging the
coronary arteries or when the operator moves the probe in search for small vessels, there
is considerable movement of tissue. It has been suggested that clutter rejection can be
improved by mixing down the signal with an estimate of the mean frequency prior to
high-pass filtering. In this paper we compare this algorithm with several other adaptive
clutter filtering algorithms using both experimental data and simulations. We found
that even a slight acceleration of the tissue has a large effect on the clutter rejection.
The best results were obtained by mixing down the signal with non-constant phase
increments estimated from the signal. This adapted the filter to a possibly accelerated
tissue motion, and gave a significant improvement in clutter rejection.

Paper C — Blood Detection Performance in Moving Tissue

A method for evaluating the blood detection performance of general linear clutter
filters is described. The detector performance is characterized by a receiver operating
characteristic (ROC) which is a plot of the probability of detection, Pp, versus the
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probability of false alarm, Pr. With a Gaussian signal model, the optimal detector
compares the power at the output of a clutter filter to a threshold. The optimal
detector structure is thus similar to standard color flow systems, but with a filter
matrix that depends on both the clutter and blood signal statistics. It is not possible
to implement such a detector, but it gives the performance limit for practical detectors.
The performance of a practically realizable adaptive clutter filter is evaluated. This
filter compensates for the tissue movement by estimating the correlation matrix of
the clutter signal by spatial averaging, and uses the eigenvectors corresponding to the
largest eigenvalues as a basis for the clutter space in a regression filter. This basis gives
maximum clutter attenuation for a given filter order. Digital RF data from the carotid
artery was recorded, and a theoretical model for the blood signal was used to compare
the detectors. With large tissue movement, the adaptive filter had almost optimum
performance, and was significantly better than the polynomial regression filter.

Paper D — Statistical Evaluation of Clutter Filters in Color Flow
Imaging

The filter used to separate blood signals from the tissue clutter signal is an important
part of a color flow system. In this paper, statistical detection theory is used to
evaluate the quality of the most commonly used clutter filters. The probability of falsely
classifying a sample volume as containing blood is kept below a specified threshold.
With this constraint, the probability of correctly detecting blood is calculated for all
the filters. Using a measured clutter signal, we found that polynomial regression filters
and projection-initialized IIR filters are best among the commonly used filters. The
probability of correctly detecting blood with velocity 10.1 cm/s was 0.32 for both these
filters. The corresponding value for the optimal detector was 0.81, whereas a regression
filter that depends on the clutter signal statistics achieved a blood detection probability
of 0.72.

Paper E — Automatic Selection of the Clutter Filter Cut-off Fre-
quency in Ultrasound Color Flow Imaging

Unless properly attenuated, the clutter signals originating from stationary and slowly
moving tissue cause severe artifacts in ultrasound color flow images. There are varying
demands on the cut-off frequency of the clutter filter in both space and time during
the heart cycle. In addition, there is a need for user input to set a proper cut-off
frequency. To solve these problems, this paper presents an algorithm that automat-
ically chooses the cut-off frequency for each sample volume. The algorithm has low
computational complexity, and has been implemented for real-time processing on the
GE Vingmed Ultrasound System Five scanner. Filtering with regression filters can be
done iteratively, resulting in an increased cut-off frequency for each step in the iter-
ation. Color flow parameter estimates are calculated for each step in the iteration,
and are used to determine if sufficient clutter attenuation is obtained. With spatial
averaging of the flow parameters in each step, the clutter was sufficiently attenuated,
and the blood flow signal was better preserved than with a fixed cut-off filter. Due to
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limitations in hardware and available processing time, this spatial averaging was not
possible in the real time implementation, and the minimum cut-off frequency had to
be increased to get sufficient clutter rejection. As a result, the image quality was not
significantly improved. However, an important improvement was that the clutter filter
was automatically adapted to the signal, with no need for the user to adjust the cut-off
frequency.

Paper F — High Frame Rate Color Flow Imaging

This paper presents an acquisition technique that improves the temporal resolution in
ultrasound color flow imaging. When the region of interest (ROI) in the color flow
image is limited in the depth direction, and is positioned sufficiently deep in the body,
it is possible to reduce the acquisition time for the color flow data by 50%. The
technique uses a combination of beam interleaving and transmission of pulses with
double repetition frequency. After a pulse is transmitted in a first direction, there
is time available to receive from a second direction and transmit a new pulse in this
direction while waiting for the echo from the first pulse to arrive. The technique is
well suited for imaging the blood flow through the heart valves with the probe in
the apical position. For this application, an increase in the frame rate of 70% was
obtained. The transducer is focused for reception in the first direction, but the beam
side lobes will pick up unwanted echoes from the pulse propagating in the second
direction. A simulation using the Field II program showed that for scatterers of equal
strength, the minimum difference in energy between the desired and undesired signal
was 8.9dB for cardiac imaging from the apical position. However, for patients with
strong reverberation noise from the body wall, the undesired signal can be considerably
stronger. Without sufficient clutter filtering, this reverberation noise gives unreliable
velocity estimates, so the technique should be used with care.

Paper G — A New Method Describing Cross-Sectional Blood
Flow Velocity Profiles in the Left Ventricular Outflow Tract of
Patients with Atrial Fibrillation with the Use of High Frame-
Rate 2-Dimensional Color Flow Imaging

A new Doppler method was developed to evaluate the instantaneous cross-sectional
velocity profile variability in the left ventricular outlet tract in patients with atrial
fibrillation. Blood flow velocities acquired at a high frame rate (> 90 frames/s) from a
single heart cycle were used to display the velocity profile. In 9 patients, 2 heart cycles
with different R-R interval lengths were recorded in color flow mode in a transthoracic
apical 5-chamber and long-axis view. Raw digital ultrasound data were analyzed with
an external personal computer. The data indicated a variable skew in the profiles
with the highest velocities and velocity-time integral (VTI) most often located in the
center and toward the septum. The maximum VTT overestimated the mean VTI by
approximately 40%. No significant difference existed between the two heartbeats. Thus
the VTI can be averaged from heartbeats of different R-R lengths in atrial fibrillation.
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Paper H — Blood Motion Imaging: A New Blood Flow Imaging
Technique

In this paper we present new signal processing algorithms for visualization of blood flow
in ultrasound imaging systems. As opposed to with conventional color flow imaging,
the speckle pattern from the moving blood cells is preserved and enhanced, enabling the
user to visually track the blood motion from frame to frame. In conventional color flow
imaging, one image is produced from a packet of typically 5-15 pulses transmitted along
each scan line in the image. The Doppler shift produced by slowly moving muscular
tissue is lower than the Doppler shift produced by the blood flow, and efficient clutter
filters are designed to attenuate the clutter signal down to a level much lower than
the signal from blood. The signal power after clutter filtering is used to detect points
in the image where blood is present. Alternatively, in the power Doppler mode, the
signal power is displayed as an image to visualize blood vessels. In order to get reliable
detection, substantial temporal and spatial averaging is used, thus limiting the dynamic
variation, as well as spatial resolution. This averaging process suppresses the spatial
speckle pattern in the signal amplitude. In addition to preserving the speckle pattern,
the algorithms described in this paper compute several image frames per packet of pulse
transmissions. The perception of movement is further improved if the scatterers in a
large spatial region are imaged almost simultaneously. This is obtained by increasing
the time between pulse transmissions in the same beam direction, and using a technique
called beam interleaving. After transmitting a pulse in a first direction, there is time
available to acquire data in several other beam directions before transmitting the next
pulse in the first direction. Visualization of the speckle pattern movement gives the
user a correct perception of the blood flow direction and magnitude, and is also useful
in separating true blood flow from wall motion artifacts.

Paper I — High Frame Rate Tissue Doppler and Strain Rate
Imaging

In tissue Doppler and strain rate imaging of the heart, a high frame rate is necessary
to capture the rapid relaxations and contractions of the myocardium. Previously, the
Doppler and tissue B-mode images have been calculated from different pulse trans-
missions. To improve the temporal resolution, we present a new acquisition technique
where the Doppler based images are calculated from the same pulse transmissions as
the tissue B-mode images. By constructing the image from 10-15 transmit beams,
frame rates above 300 frames/second are possible when imaging the heart. To get
adequate spatial resolution, the small number of transmit beams limits the width of
the image, but the image is wide enough to cover a heart wall, i.e. the interventricular
septum. The Doppler pulse repetition frequency equals the frame rate and is rela-
tively low. Tissue velocity estimates calculated from these data therefore suffer from
aliasing. However, we present a robust technique that corrects the aliased velocities.
A significant advantage of the new technique is the continuous stream of data with
constant sampling intervals. Doppler spectra and sound signals can thus be calculated
at arbitrary points in the 2D image.
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Paper J — High Frame Rate Strain Rate Imaging of the Ventric-
ular Septum in Healthy Subjects

The regional function of the left ventricle can be visualized in real-time using the strain
rate imaging method. Deformation or strain of a tissue segment occurs over time dur-
ing the heart cycle. The rate of this deformation (the strain rate) is equivalent to
the velocity gradient, and can be estimated using a tissue Doppler technique. In the
present study in nine healthy subjects, we have assessed the feasibility of a new strain
rate imaging method with a very high frame rate of around 300 frames per second
(FPS). Digital radio-frequency (RF) data were acquired for a sector angle of 20°-30°
using a high-end ultrasound scanner. The RF data were analyzed using a dedicated
software package that displays strain rate images and profiles and calculates quanti-
tative values. Since the ventricular septum is of crucial importance for the left and
right ventricular function, we assessed changes in strain rate through the heart cycle
of the ventricular septum with the new method. Mean peak systolic strain rate in the
healthy subjects was —1.65 + 0.13s™!. Mean peak diastolic strain rate during early
filling was 3.14 + 0.50s~! and mean peak diastolic strain rate during atrial systole
was 0.99 £ 0.09s~!. With the new method, we were able to study events and spatial-
temporal differences in the heart cycle with duration down to 3.5-3ms, including the
pre-ejection period and the isovolumic relaxation period. We found individual differ-
ences in the strain rate patterns, but in all subjects, the ventricular contraction started
simultaneously in all parts of the septum. After the ejection period, the elongation
started before aortic valve closure, in the midinferior septum and propagated towards
the apex. In conclusion, high frame rate strain rate imaging makes it possible to study
rapid deformation patterns in the heart.

5 Conclusions

Real-time color flow imaging has been available for fifteen years. During this time
there has been a significant improvement in the image quality, and the technology is
now relatively mature. In the beginning, the processing was performed in hardware.
The processing could later be transferred to dedicated programmable digital signal
processors. We are now at a point where general purpose computers are fast enough
to perform the color flow processing in real time on an ultrasound scanner. This
greatly improves the flexibility and eases the development and implementation of new
algorithms. The algorithms for improved clutter rejection that are presented in this
thesis, have the potential to improve the image quality in color flow imaging. With
software based color flow processing, the cost of implementing the algorithms for real-
time processing on the scanner should be relatively small. As the computational power
increases further, more advanced algorithms can be implemented at a small cost.

The blood motion imaging (BMI) technique is a step forward since it provides a
more intuitive display of blood flow compared to conventional color flow imaging. As
opposed to conventional color flow imaging, BMI preserves and enhances the speckle
pattern. The speckle pattern can be visually tracked from frame to frame, giving the
user a correct perception of the blood flow direction and magnitude. BMI is also useful
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to separate true blood flow from wall motion artifacts. The best results are obtained
when imaging the blood flow in peripheral vessels. The lateral movement is clearly
visualized, and we get an impression of the parabolic velocity profile across the vessel.
In addition to providing an intuitive flow visualization, BMI might ease the detection
of abnormal flow pattern such as small jets. A real-time implementation is necessary
for a thorough clinical evaluation of BMI.

Assessment of the cardiac function based on ultrasound Doppler methods is a fast
developing field. We have described a new method that reduces the noise, and improves
the temporal resolution when imaging one heart wall at a time. An increased number
of parallel beam forming channels could extend this technique to cover the whole left
ventricle with an acceptable spatial resolution. Such a modality would be of great
clinical value in, for example, stress-echo examinations.

5.1 Future Directions in Ultrasound Imaging

Ultrasound scanners using two-dimensional transducer arrays for real-time three-
dimensional imaging have been available for some years, but the image quality has
not been satisfactory. However, the feasible number of beam-forming channels is in-
creasing, and more advanced beam-forming algorithms are being developed. High
quality three-dimensional ultrasound imaging systems for both B-mode and color flow
are therefore expected in the future. The availability of real-time three-dimensional
data of high quality may lead to algorithms for calculating all the components in the
three-dimensional blood velocity field. Real-time three-dimensional scanning is likely
to be the next major breakthrough in ultrasound color flow imaging.

The first hand-held ultrasound scanners are now commercially available. Such cheap
and versatile instruments could bring ultrasound imaging to new fields of medicine
such as emergency rescue units and general practitioners. As such markets evolve,
we expect a rapid development of the functionality in hand-held instruments. The
development might include new Doppler-based imaging modalities specially designed
for the applications where handheld instruments are used.

There is currently a rapid development of micromachined ultrasonic transducers
built on the surface of a silicon wafer. This means that the transducer and front-
end electronics can be integrated on the same silicon chip. Such an integration of the
transducer and front-end electronics is interesting both with respect to two-dimensional
transducer arrays, and with respect to the cost-effective miniaturization desired for
handheld instruments. The development of such transducers might therefore indirectly
lead to new and interesting applications of Doppler ultrasound.
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Abstract

To get ultrasound color flow images of high quality, it is important to suffi-
ciently suppress the clutter signals originating from stationary and slowly moving
tissue. Without sufficient clutter rejection, low velocity blood flow can not be
measured, and estimates of higher velocities will have a large bias. The small
number of samples available (8-16) makes clutter filtering in color flow imaging a
challenging problem. In this paper we review and analyze three classes of filters:
FIR, IIR, and regression filters. The quality of the filters was assessed based on
the frequency response, as well as on the bias and variance of a mean blood veloc-
ity estimator using an autocorrelation technique. For FIR filters, the frequency
response was improved by allowing a non-linear phase response. By estimating
the mean blood flow velocity from two vectors filtered in the forward and back-
ward direction, respectively, the standard deviation was significantly lower with
a minimum phase filter than with a linear phase filter. For IIR filters applied to
short signals, the transient part of the output signal is important. We analyzed
zero, step, and projection initialization, and found that projection initialization
gave the best filters. For regression filters, polynomial basis functions provide
effective clutter suppression. The best filters from each of the three classes gave
comparable bias and variance of the mean blood velocity estimates. However,
polynomial regression filters and projection initialized IIR filters had a slightly
better frequency response than could be obtained with FIR filters.

A shorter version of this paper is submitted to
IEEE Trans. Ultrason., Ferroelect., Freq. Contr.
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1 Introduction

In ultrasound Doppler blood flow measurements, the signal scattered from blood is
corrupted by signals scattered from muscular tissue such as vessel walls, etc. This
clutter signal is typically 40-100dB stronger than the signal from blood. The signal
scattered by the rapidly moving blood cells has a larger Doppler frequency shift than the
signal reflected from slowly moving tissue. A high-pass filter can therefore be used to
separate the signals from blood and tissue. To get adequate frame rates in 2D color flow
imaging, only 8 — 16 samples are generally available for high-pass filtering. While there
are many conventional filter design techniques, all these algorithms consider only the
steady state frequency response. For the short signals available in color flow imaging,
the transient response is significant, and the steady state response can not be used
to compare the filters. In this paper we analyze IIR filters with various initialization
techniques [1, 2, 4], FIR filters with and without a linear phase response [7], and
regression filters [3, 4, 12] in order to determine which filter is best for clutter filtering
in color flow imaging. The paper considers more filter types and goes deeper into the
design procedure than previous papers have done [4, 8, 10].

It has been suggested to adapt the clutter filter to the tissue movement by down-
mixing the signal with the estimated mean tissue frequency [11]. This paper does
not consider such an adaptation to the tissue movement, but down-mixing can be done
prior to all the filters considered. Paper [8] suggests initializing an IIR filter to suppress
the transient from a complex exponential with frequency equal to the estimated mean
frequency. This is called exponential initialization, and results in a non-linear filter and
is not considered in this paper. The approach, however, seems similar to down-mixing
with the mean frequency prior to a step-initialized IIR filter.

The paper is organized as follows. General theory for linear clutter filters is pre-
sented in Section 2. In Sections 3, 4, and 5, FIR, IIR, and regression filters are pre-
sented, respectively. Different filters within each of the filter classes are analyzed and
compared. The best filters from each class are compared in Section 6, while Section 7
contains the final discussion and conclusions.

2 General Linear Clutter Filters

A 2D color flow imaging system scans the ultrasound beam over the region to be
imaged, transmits N pulses in each direction, and estimates the blood flow velocities
from the backscattered signals. The number of pulses N will be referred to as the
packet size. A well established technique is to estimate the blood flow velocities based
on the temporal samples of the complex demodulated signal from fixed positions in
space. The clutter filter thus operates on a one-dimensional signal consisting of N
temporal samples.

It is convenient to organize the N samples of the complex demodulated Doppler
signal in a vector x = [2(0),2(1),...,2(N — 1)]7. A general one-dimensional clutter
rejection filter can be described mathematically as a transform on the N-dimensional
complex vector space CV. Restricting the treatment to linear filters, a general linear
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filtering operation can be expressed by the matrix multiplication
y = Ax (1)

where A is an M x N matrix, and the output vector y = [y(0),y(1),...,y(M —1)]T
has dimension M. With the matrix element in row n and column & denoted by a(n, k),
the elements of the output vector are given by

N-1
y(n) = Z a(n,k)x(k), n=0,....M—1 (2)
k=0

The filter is linear, but not generally time invariant. It is therefore not possible to
define the frequency response as the Fourier transform of an impulse response. For a
general linear filter, the frequency response is defined as the power of the output signal
when the input is a complex harmonic signal [12] with unit amplitude. A discrete-time
complex exponential is defined by

z(k)=e* k=0,...,N—1 (3)

where w € [—m, 7] is the normalized frequency, and j = v/—1. With this input signal,
the output becomes

N-1
Yo(n) =Y a(n,k)e’™ = A, (—w), n=0,...,M—1 (4)
k=0

where A, (w) is the Fourier transform of row n. The frequency response then becomes

1 M—-1 1 M-1
How) = 37 O u(m)® = 72 3 [An(—w)? (5)
n=0 n=0

The parameters describing the frequency response of a high pass filter are illustrated in
Figure 1. The stopband is limited by the stopband cut off frequency ws, which should
be large enough to remove the clutter signal. The deviation from zero in the stopband
is given by ds, which should be as small as possible to get sufficient clutter rejection.
In the passband, all the frequencies should be passed through unaltered which means
that d, should be minimized. Finally, the passband cut off frequency w, should be as
close as possible to w,. This ensures that a maximal range of blood velocities can be
measured.

3 Finite Impulse Response (FIR) Filters

As the name implies, the impulse response of an FIR filter is of finite length. The
output of a (K — 1) order FIR filter can therefore be written as the finite convolution
sum

y(n) = Y hk)z(n—k) = > h(n—k)x(k) (6)
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Figure 1: Design parameters for a high pass filter.

A block diagram of an FIR filter of order K — 1 is shown in Figure 2. The output is
not valid until all the filter registers are filled up with input data. With packet size
N, and filter order K — 1, the number of valid output samples is N — K — 1. It can
be shown that for FIR filters, the frequency response defined in Equation 5 becomes
Ho(w) = |H(w)|?, where H(w) is the Fourier transform of the impulse response h(n).

3.1 FIR Filters with Linear Phase
A filter has linear phase if the frequency response can be written
H(w) = G(w)el kr+kze) (7)

where G(w) is a real function, and k1 and ko are constants. The advantage of linear
phase is that in the passband, the frequency response is H(w) ~ el(kitkaw) = For g
signal x(n) consisting only of frequencies in the passband of the filter, the spectrum of

Figure 2: FIR filter of order K — 1.
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Type K -1 _A(n) G(0) G(m) QW)
1 Even  Symmetric Unconstrained Unconstrained 1

2 Odd Symmetric Unconstrained Zero cos §
3 Even  Antisymmetric Zero Zero sin w
4 Odd Antisymmetric  Zero Unconstrained sin §

Table 1: Properties of linear phase FIR filters.

the filtered signal is Y (w) ~ X (w)e(k1+k2%) " This is just a constant phase shift and
a time delay of the input signal, and the wave form is not distorted. An FIR filter
with real coefficients has linear phase if the impulse response satisfies the symmetry
constraint

h(n) = £h(K —n—1) (8)
resulting in four types of linear phase FIR filters with properties shown in Table 1 [7].
In the Z-plane, Equation 8 forces a zero at z = (1/r)e?? if there is a zero at z = re’?.
As we see in Table 1, a high pass filter has to be of type 1 or 4. Many design techniques
exist for linear phase FIR filters [7], but we will only consider the design of equiripple
filters using the McClellan-Parks algorithm. The amplitude of the frequency response
of linear phase FIR filters can be written as

K/2

G(w) = Q) Y ak cos(kw) = Q(w)G(w) (9)
k=0

where Q(w) is defined in Table 1. The specified stop and passbands of the filter define
a closed subset F of the closed interval 0 < w < 7. By specifying a desired function
D(w) and a weighting function W (w) on F, the error becomes

E(w) = W(@)(D(w) = G(w)) = W()Qw)(D(w)/Q(w) — G(w)) (10)
The McClellan-Parks algorithm finds the coefficients a; that minimize
max | E(w)] (11)

Since the maximum error is minimized, the error is evenly distributed in F and the
McClellan-Parks algorithm produces equiripple filters [7].

3.2 FIR Filters with Minimum Phase

Linear phase imposes a symmetry constraint on the impulse response as shown in
Equation 8. Without any phase constraints, the required order to obtain a specified
amplitude response is expected to be reduced. An FIR filter of order (K — 1) with
optimum amplitude response can be designed as described in [6]. When the phase is
neglected, it is equivalent to optimize the squared magnitude of the frequency response
which can be written [7, p. 112]

K-1
|H(w)|? = Z ay, cos(kw) (12)
k=0
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First a linear phase filter of order 2(K — 1) is designed using the McClellan-Parks
algorithm. The resulting amplitude response function can be made non-negative by
adding a constant value equal to the stopband ripple, and is the magnitude squared
frequency response of the desired filter. The next step is thus to factorize this function,
which has double zeros on the unit circle corresponding to the stopband zeros, while
the zeros determining the passband have mirror symmetry about the unit circle. By
picking one of each of the double zeros on the unit circle, and one of each of the
symmetric passband zeros, we find the (K — 1)t order filter with optimum amplitude
response in the sense specified in Equation 11. By choosing the zeros that are inside
the unit circle, we get the minimum phase filter, i.e. the filter with smallest time delay.
The minimum phase filter also maximizes the partial energy E(n) = >_;'_, |h(k)|* of
the impulse response [9], and therefore has the most asymmetric impulse response.

Blood flow parameters are commonly estimated from an estimate of the autocorre-
lation function of the filtered signal [5]. For an FIR filter, the autocorrelation function
of the output signal y is given by

Ry(m) = % /_ | S H@)P (13)

when the input signal = has power spectrum S;(w). Since Ry (m) is independent of the
phase response of the filter, it is safe to disregard the phase response when designing
FIR clutter filters for use together with autocorrelation estimates. The minimum phase
filter has a highly asymmetric impulse response function, and the input samples are
weighted differently if the impulse response is reversed. The variance might therefore
be reduced if the autocorrelation estimate is calculated from two output vectors filtered
in the forward and backward direction, respectively. This is investigated in Section 6.

The optimum FIR amplitude response can be compared to the general frequency
response defined in Section 2 by writing Equation 5 as

S
L

Ho(w) =

Sia

n=0

M—1N—
| An(— Z Z nk cos(kw)
k=0
—1

7 i
- O

M-
Z nk Cos(kw) Z ¢ cos(kw) (14)

Il
S
I M

where b, are constants given by the filter matrix, and ¢; = 22/12_01 bni. Comparing
Equations 12 and 14 we see that the optimum linear clutter filter for packet size NV
has a frequency response equal to an optimum (N — 1)*® order FIR filter when the
optimization criterion is as specified in Equation 11. This response can not be obtained
with an FIR filter, since at least two output samples are necessary to estimate the blood
flow velocity. The optimal response is of value however, since it can be used as a quality
measure for other types of filters.
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Min. phase Lin. phase
wp 0.497 0.587m
ds [dB] -87dB -91dB

Table 2: Optimum linear and minimum phase FIR filters of order 5. Design
parameters: minimum ws = 0.027, maximum d, = 0.5dB, and mini-
mum ds = —80dB.

3.3 Comparison of Linear and Minimum Phase FIR Filters

When designing both linear- and minimum phase FIR filters, the following parameters
defined in Figure 1 were specified:

e Maximum filter order.

e Minimum stopband cut off frequency, ws.
e Maximum stopband ripple, d.

e Maximum passband ripple, dp,.

With these parameters specified, the minimum passband cut off frequency w, was
calculated. When the minimum w, was found, ds was minimized without altering the
other quantities. Table 2 shows an example of the filter parameters obtained for linear
and minimum phase FIR filters of order 5. The corresponding frequency responses are
shown in Figure 3, where we see that the passband cut-off frequency decreases from
0.587 to 0.497 when a non-linear phase is allowed. Filters with minimum phase will
therefore be used when FIR filters are compared to other filter classes.

H(w) [dB]

— Linear phase
== Minimum phase
0 0.1 0.2 0.3 0.4 0.5
Normalized frequency, w/2n

Figure 3: Frequency responses for linear and minimum phase FIR filters of
order 5.
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Figure 4: Direct form II realization of IIR filter.

4 Infinite Impulse Response (IIR) Filters

A K* order infinite impulse response (IIR) filter is described by the difference equation

K K
y(n) ==Y ary(n—k)+>_byx(n —k) (15)
k=1 k=0

where we see that each output sample depends on present and past input samples, as
well as past output samples. A direct form II [9] realization of a general IIR filter is
shown in Figure 4. The recursive part of the filter causes the response to an impulse
input to endure forever, and is the reason why such filters are called IIR filters.

4.1 Steady State and Transient Response

We are interested in input signals of finite length, and will therefore use the one-sided
Z-transform in analyzing the system [9]. Transforming Equation 15 gives

K k K
Yt(z)=— Z apz ® YT (2) + Z y(—n)2"| + Z brz kXt (2) (16)
k=1 k=0

n=1

To analyze the transient response, we assume that z(n) has a rational Z-transform,
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