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Chapter 1

Introduction

Over the last decades, ultrasound has become one of the most popular
imaging modalities. Its simplicity and real-time imaging capabilities makes
it the preferred choice in several situations. However, for advanced cases
such as imaging of the heart and 3D imaging, a need for an improvement of
the frame rate of these systems has arisen.

Numerous methods has been proposed to increase this frame rate, one
of them being Multiple Line Transmission (MLT). This involves sending
out several transmission beams simultaneously. But in a Vingmed test
report from 1995 [Holm et al., 1995], this was shown to result in geometric
distortions, when the transmit- and receive beams originated from different
spots. This is the case when, as an example, two transmit lines use opposite
halves of a linear array aperture.

In this thesis, I have tried to find a way to avoid this problem when using
MLT. I have focused on a method proposed in a memo [Holm, 1995] written
after the conclusion of the test report. The approach of this method is to
interleave the two transmit apertures. In this way, the transmit- and receive
beams could be forced to originate from the same spot.

1.1 Ultrasound basics

Ultrasound is defined as sound waves with frequencies higher than 20 kHz
(20 000 vibrations per second). The frequency range which is detectable by
the human ear is 20 Hz to 20 kHz. In other words, ultrasound can not be
heard by humans. Other creatures can detect it though, such as dogs and
different types of fish, and some animals can even emit ultrasonic waves. Of
these animals, the bat is probably the most famous. It uses ultrasound to
decide the range to its surroundings, making it possible to move and hunt
in the dark. The bat finds the range by emitting ultrasonic pulses, and then
listening for the echoes when the pulses are reflected off different objects.
As we will see later, this technique is comparable to the one used in medical
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ultrasound.

The properties of ultrasound are also being exploited in the industry and
in the commercial world. In nondestructive evaluation, ultrasonic waves are
sent into a material, and then detected to see if the material has any cracks
or other flaws. Ultrasound is also commonly used in SONAR (sound nav-
igation and ranging) systems, a technique used extensively by submarines
for navigation and to detect other vessels. A similar technology is also used
in fisheries, where ultrasonic waves are used to locate fish through an echo
sounding system.

1.2 History of echocardiography

Imaging of the heart using ultrasound was first proposed by I. Edler and
C. H. Hertz in the early 1950s, and in 1954 it was for the first time used
in clinical routine [Edler and Lindstrom, 2004]. Later that decade, those
same researchers discussed the possibility of using echocardiography in two
dimensions, thus making it possible to follow the movements of the structures
in the heart. Early in the development of systems for such 2D imaging, it
became clear that at least one important part of the image quality needed
to be improved: the frame rate. In fact, the first system designed by Hertz:
the ’optical mirror system’, had a picture rate of only 7 frames/s [Edler and
Lindstrom, 2004].

Interpreting these 2-dimensional images could sometimes be pretty
difficult. Cross-sectional views of organs with complex anatomies, such as
the heart, can sometimes leave too much to be imagined. This fact lead to
the desire to image in three dimensions, and in 1974 the first attempt of such
3D imaging was made by Dekker et al [Dekker et al., 1974]. This was the
birth of static surface rendering, the earliest 3D echocardiographic technique
[Xie et al., 2005].

In 1993, dynamic 3D echocardiography was introduced, which meant that
the cardiac cycle now could be displayed in constant motion instead of just
instant frames [Xie et al., 2005].

In recent years, real-time 3D echocardiography systems has been
developed and commercialized. These systems are based on the same 2D
array technology as in traditional 3D echocardiography, but here the 2D
sector image can perform elevation steering along the z-axis, producing
pyramidal 3D image data set (see Figure 1.1). A problem with real-time
3D imaging, however, is that the collection of data is limited by the speed of
sound in the tissue. To collect data along one beam direction down to 15 cm
takes at least 200 microseconds [Angelsen, 2000]. This is not a big problem
for stationary objects, but becomes a bottleneck when we are dealing with
dynamic structures like the beating heart. To overcome this problem, many
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Figure 1.1: A new microelectronic pulse transmitting and receiving technique
in Real-Time 3D echocardiography. It enables 16:1 parallel processing to
scan a pyramidal volume instead of the usual 1:1. The red square represents
the transmitting beam, and the green squares represent the receiving beams.
From [Xie et al., 2005].

researchers turned to the concept of parallel beamforming. By using multiple
beams in parallel in the receiving end, the frame rate could be increased.
This had been implemented in 2D systems since the 1980s [Shattuck et al.,
1984, VonRamm et al., 1991]. A method for using this with 3D systems was
developed by researchers at Duke University and Philips Corporation. The
technique involved using 16:1 parallel processing to scan a pyramidal volume
instead of the usual 1:1 [Wang et al., 2003] (see Figure 1.1). As we will see in
Section 5.1, parallel beamforming has turned out to play an important role
in achieving high frame rates in modern real-time 3D ultrasound imaging
systems.

1.3 Goals and organization of my work

As mentioned, the main goal of this thesis is to find a way to implement Mul-
tiple Line Transmission without getting geometric distortions like the ones
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discovered in the Vingmed test report [Holm et al., 1995]. To try to reach
this goal, I plan to use the previously mentioned ’interweaving -method’ from
the memo [Holm, 1995]. Before I start this work though, I will try to repro-
duce some of the results from the test report. In this way I can find out if
the method proposed in the memo gives any increase in the image quality
compared to the methods tested before.

The main tool for all my simulations will be Matlab from The MathWorks.
Together with Matlab, I will use Field II, which is a ultrasound simulation
program developed at the Technical University of Denmark [Jensen, 1996,
2001].

1.3.1 The structure of this thesis

In Chapter 1, I have presented my goals for this thesis. I have also in-
troduced the concept of ultrasound, and given an overview of the history of
echocardiography.

Chapter 2 contains information about parts of acoustics which are rele-
vant to ultrasonic imaging. The wave equation is presented, along with the
phenomenons dispersion, attenuation, refraction and diffraction.

Chapter 3 is on medical ultrasound. The layout and properties of a basic
ultrasound imaging system is presented, together with an introduction of the
most common types of ultrasound transducers. Important concepts related
to the imaging process, such as resolution and focusing, is also presented.

Chapter 4 includes fundamental theory in the fields of array signal process-
ing and beamforming. Some knowledge about these concepts is important
in order to understand parts of my thesis. Among other things, this chap-
ter will introduce phenomenons such as grating lobes and sidelobes, and the
equations describing the aperture smoothing function.

While the first three or four chapters give more general background informa-
tion in the field of ultrasound imaging, Chapter 5 will focus on the theory
specifically relevant to the goals of this thesis. Information about the frame
rate and how to increase it is given. Theory surrounding the use of irregular
arrays is also presented.

Previous work done in order to increase the frame rate in medical ultra-
sound imaging, is presented in Chapter 6.

The description of my simulations, and the resulting images, are found in
Chapter 7. A discussion of the results is located at the end of this chapter.
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Finally, Chapter 8 includes the conclusion and suggestions for further work.
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Chapter 2

Properties of sound

Because ultrasonic waves are sound waves, their properties are governed by
the laws of acoustics. On their journey from leaving the ultrasound probe,
traveling through the body and back to the probe again, some knowledge is
needed to understand how these beams gets affected by the mediums they
encounter.

This chapter will give an introduction to the parts of acoustics which I feel
are most relevant to medical ultrasound imaging. I will start by present-
ing the wave equation. Then, explanations of the important phenomenons
dispersion, attenuation, refraction and diffraction will be given.

2.1 The wave equation

The most important, basic equation in acoustics is probably the wave equa-
tion. All acoustic signals satisfy this equation. Since most of the laws and
theories in ultrasound and general array signal processing are based on this
equation, an overview of its basics will be given here.

The wave equation is based on Maxwell’s equations for electromagnetic fields:

∇× ~E = −∂(µ ~H)
∂t

∇ · (∈ ~E) = 0 (2.1)

∇× ~H =
∂(∈ ~E)

∂t
∇ · (µ ~H) = 0 . (2.2)

Here, ~E and ~H are the electric field and the magnetic field intensity, respec-
tively, ∈ is the dielectric permittivity, and µ is the magnetic permeability.
∇ is the gradient vector operator.
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From equations (2.1) and (2.2) the wave equation can then easily be de-
rived [Johnson and Dudgeon, 1993]:

∇2 ~E =
1
c2

∂2 ~E

∂t2
, (2.3)

where c is the speed of sound, and hence the propagation speed of our waves.
As we know, the speed of sound takes on different values depending on the
medium. ∇2 is the Laplacian operator, so we can rewrite this in the following
way [Johnson and Dudgeon, 1993]:

∂2s

∂x2
+

∂2s

∂y2
+

∂2s

∂z2
=

1
c2

∂2s

∂t2
. (2.4)

2.2 Dispersion

Dispersion is frequency-dependent propagation. This happens when
dispersive media makes waves with different wavelengths travel at different
propagation speeds. Most material media leads to some level of dispersion.
A signal experiencing dispersion does not lose energy [Johnson and Dudgeon,
1993].

2.3 Attenuation

Attenuation is the decay in amplitude of the ultrasonic waves as they travel
through a medium. Hence, it is a function of the distance traveled by the
beam. Attenuation is frequency dependent, as an increase in frequency
also increases the attenuation. Also, as attenuation reduces the energy
of the ultrasonic beams, the center frequency of the remaining signals is
lowered [Szabo, 2004]. In addition, different media result in different levels
of attenuation; they have different attenuation coefficients (see [Segal and
O’Brien Jr]).

Tissue attenuation is the result of heating, reflections, scattering,
diffraction and refraction [Segal and O’Brien Jr]. The next sections will
give an explanation to some of these phenomenons.

2.4 Refraction

When an ultrasonic beam travels through the body, it will encounter borders
between mediums in which it has different propagation speeds. This diverts
the beam from straight-line propagation. An illustration of this can be seen
in Figure 2.1 on the next page. As we see, the incident wave transforms into
a reflected wave and a transmitted wave after hitting the border between
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Figure 2.1: Illustration of refraction. A wave strikes a border between
mediums with different propagation speeds, and its direction of propagation
changes.

mediums. The angle θt tells us the new direction of propagation, and can be
found from Snell’s Law:

sin θi

ci
=

sin θt

ct
, (2.5)

where ci and ct is the speed of propagation on the incident side and
transmitted side, respectively. The angles are the same as in Figure 2.1.

2.5 Diffraction

Diffraction is when waves get bent around objects or spread out of openings.
It can happen to light and sound waves that have wavelengths comparable
to the structures they meet [Johnson and Dudgeon, 1993].

The situation where the beams get bent around objects is the same princi-
ple that explains why we can hear sound from other sides of large structures,
like buildings (see Figure 2.2 on the next page).
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Figure 2.2: Two types of diffraction. a) A sound wave bending around the
corner of an obstacle. b) A wave encounters a hole cut from a planar screen,
resulting in spherical radiation as explained by the Huygens’ Principle.

The way a wave behaves when it travels through a small opening, as in
Figure 2.2, is an important concept in acoustics and the study of ultrasound
beams. It is related to the idea of the Huygens’ Principle, and the related
Rayleigh-Sommerfeld diffraction formula.

The Huygens’ Principle states that each point on a traveling wavefront
acts as a secondary source of spherical radiation [Johnson and Dudgeon,
1993]. The theory was later given a more mathematical form by different
scientists, one of these equations being the Rayleigh-Sommerfeld diffraction
formula:

s(~x) =
1
jλ

∫ ∫

A
s( ~xh)

exp{jkr}
r

cos θ dA , (2.6)

where s(~x) is a monochromatic wave (a wave with one single wavelength),
located at the point ~x (see Figure 2.2). The formula states that this wave can
be represented as a superposition of fields originating within the hole. We
can use this formula to calculate the field at a given point in space generated
by a finite aperture. A more detailed explanation of this formula and its
variables is a digression a little too long for this text, but can be found in
most acoustics and array signal processing books.



Chapter 3

Medical ultrasound

The most commonly known field of use for ultrasound is probably the medi-
cal area. Although other areas of use exist, such as range finding (SONAR),
most people think of a fetus in a mother’s womb when they hear the word.
One can say that they have the right idea, because it is in the medical area
that ultrasound probably has its biggest strength. But its range of use is
larger than just the imaging of fetuses. One can use ultrasound to image
most parts of the muscles, tendons and organs in the body.

In this chapter, I will describe a few important parts and properties of an
ulrasound imaging system. First, Section 3.1 introduces the basic layout and
behavior of such a system. This section also includes a comparison to other
imaging modalities, together with a discussion of the safety of ultrasonic
imaging. Then, in Section 3.2, a description of the most common types of
transducers is given. The two next sections explain the important concepts
of resolution and focusing, followed by a description of the difference between
near field and far field. Finally, Section 3.6 will introduce a couple of the
most used imaging modes.

3.1 Basic properties

Compared to other imaging techniques, ultrasound has quite a few strengths
that makes it a popular choice. Nothing has to be inserted into the body,
and the apparatus is fairly simple and easy to operate. The portability
of these systems is also a big strength, as they can be made increasingly
compact. In addition, ultrasound imaging is real-time, which makes it unique
among medical imaging modalities. This is particularly important in cases
where we want to extract temporal information, and is a big advantage over
modalities like CT or MRI [Ustuner, 2008]. In many cases, though, the
biggest advantage of ultrasound imaging systems is their price, as they are
significally cheaper than the majority of other imaging systems.
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There are also very few, if any, side effects and risks known to be
associated with ultrasound imaging. No cases of injuries or harm as a result
of this imaging method has been found [O’Brien, 1998]. Some tests, however,
has shown that exposure to pulsed ultrasound can result in lung damage in
mice [Child et al., 1990]. It is not known if the same effects can occur in
humans. This being said, the manufacturers of ultrasound imaging systems
are under strict regulations to how big the output effect of their systems can
be. The medical staff who operate these machines are also highly educated
and well-informed of how the output level and exposure time should be
limited. This means that they can easily avoid crossing the threshold where
bioeffects such as thermal heating and, in a worst case scenario, injuries
could occur.

Other common imaging modalities has been shown to have more side ef-
fects. As an example, researchers has found that the X-ray radiation from a
CT scan can increase the lifetime cancer mortality risk, especially for young
children [Brenner et al., 2001]. Until further research proves otherwise, ul-
trasound remains one of the safest diagnostic tools in medicine.

In most parts of medical ultrasound, frequencies from 2 MHz to 10 MHz
are used [Holm, 1999]. As you would expect, ultrasound travels with the
speed of sound. With the basic equation

λ =
c

f
, (3.1)

we can calculate the typical range in wavelength (λ). c is the speed of sound,
which in human tissue is about 1540 m/s. This means that the wavelengths
associated with medical ultrasound generally lie in the range 0.15 mm to
0.75 mm.

Ultrasonic waves are sent into the body through a probe which acts both
as a transmitter and receiver. When the wave encounters a border between
different mediums, such as tissue and bones, some or all of the signal will be
reflected and picked up by the same probe. Using different signal processing
algorithms in the device, one can find exactly when that same signal was
sent out of the probe. We can then calculate the time it took for the wave
to travel back and forth, and hence the distance to the ’place of impact’ (the
border between mediums). Since we know the nature of how the waves react
to bouncing off certain mediums (how much of the wave that gets reflected
and so on), we can decide the kind of medium that reflected the wave. A
more detailed description can be found in Section 1.3 of [Angelsen, 2000].

In Figure 3.1, the block diagram of a typical ultrasound imaging system
is shown. As we see, the system is here divided into three blocks: scanner,
user interface and back end. A detailed description of the different blocks
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Figure 3.1: Block diagram of a digital ultrasound imaging system. Modified
from [Szabo, 2004].

can be found in chapter 10 of [Szabo, 2004]. Put simply, the beamforming
and some filtering is done in the scanner-block, and the user interface car-
ries out the communication with the user. The back end does all the other
calculations, and processes the signals going towards and from the scanner
and the user interface.

3.2 Ultrasound transducers

Ultrasound transducers are usually made of piezoelectric material with metal
electrodes on each side, which means they behave like electrical capacitors. In
transmit mode, a voltage source is coupled to the electrodes. The difference
in polarity between the plates makes the piezoelectric material either expand
or reduce in size (see Figure 3.2 on the following page). When the polarity
is changed rapidly, the plate will start vibrating, resulting in a transmission
of ultrasonic waves.

When the transducer is in receive mode, it works in the opposite way,
meaning that the process from transmit mode is reversed. Ultrasonic waves
hitting the transducer makes the plate vibrate, and a voltage is generated.

Although most transducers work in the basic way explained above, there
are still a few different ways to set up these piezoelectric elements and thus
different types of transducers.

The most simple kind of transducer is probably the continuous aperture.
This is just one outstretched element of varying size. However, in modern
medical ultrasound systems the apertures consist of arrays of discrete
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Figure 3.2: a) Cross-section of schematic piezoelectric transducer plate with
thin metal electrodes. b) Expansion of the plate thickness by applying
a voltage across the plate, and c) compression of the plate thickness by
applying a voltage of opposite polarity to the plate. From [Angelsen, 2000].
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Figure 3.3: A beam being emitted from a phased array. It is both steered and
electronically focused by the delays applied to the elements. From [Angelsen
et al., 1995].

elements. The linear and curvilinear arrays are examples of such discrete
array apertures, the first type being divided into phased linear arrays and
switched linear arrays.

A switched linear array steps along the focus directions in the image
sector by selecting a new set of elements from the aperture for each beam.
This requires a pretty big aperture size, which means these apertures are
not the best choice for cardiac imaging, where the distance between the ribs
limits the size of the probe as explained earlier.

Phased linear arrays, on the other hand, use a delay-system to both
focus and steer the beams through the image sector (see Figure 3.3). By
delaying the output from each element relative to the others, a uniform beam
is generated in the desired direction. See Chapter 4.2 for a more detailed
description.

The delay-system means that the aperture can be smaller in size than
the switched arrays, making them a common choice for ultrasound imaging
systems. And phased linear arrays are in fact the kind of aperture I will be
working with in this thesis.

The apertures described until now are all arranged on a line in one dimen-
sion. Other geometrical solutions also exist, such as the annular array. This
aperture is circular, and is arranged as an array of rings with varying radius.
From this a symmetrical beam is obtained, which is a unique advantage of
an annular array. This produces a thinner scan slice thickness than the other
types of arrays, which is important for 3D imaging and 2D imaging of objects
that vary rapidly normal to the scan plane [Angelsen et al., 1995].

In addition to 1D arrays, 2D arrays also exist, making 3-dimensional
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Figure 3.4: Illustration of a 2-dimensional array transducer.

imaging possible. In 2D arrays, the elements are arranged in the shape of a
2-dimensional grid (see Figure 3.4). Using this type of transducer, sequential
cross-sectional images with spatial and temporal information are stored in
a computer. These images are then put together to produce the 3D image.
The fabrication of such apertures, however, can be expensive and technically
challenging due to the large number of elements needed [Angelsen, 2000].

3.3 Resolution

An important aspect of ultrasound imaging is the resolution of our system.
This decides how big the points have to be before we can image them, and
also the resulting level of detail in our final image. In other words, the image
quality is largely decided by the resolution.

There are two main kinds of resolution: contrast resolution and spatial
resolution [Angelsen, 2000]. The latter is generally made up of two parts,
being range (radial) resolution and lateral resolution. The range resolution
is the resolution in the direction of the beam, and is given by the formula

∆r =
cτ

2
=

c

2B
, (3.2)
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where τ and B is the length and the bandwidth of the pulse, respectively. A
short pulse consists of more frequencies than a longer one, in other words it
has a larger bandwidth. Hence, the shorter the emitted pulse is, the better
range resolution is achieved [Holm, 1999].

Lateral resolution is the resolution perpendicular to the direction of the
beam. It is given by

∆l = λ
F

D
, (3.3)

where F is the depth of focus and D is the size of the aperture. This
means that the lateral resolution will be best when we have a short depth
of focus and a big aperture. But as you would expect, there are often limits
to how big the aperture (probe) can be. Some of these limits are set by
the human anatomy. In cardiac imaging, for example, the distance between
the ribs limits the size of the probe to a maximum of 20 mm [Holm, 1999].
Also, when studying equations (3.2) and (3.3), we can conclude that the use
of a higher frequency will result in better resolution. In reality, however,
this is not that simple. As we increase the frequency, we also increase the
attenuation of the signal as it travels through the body.

In the case of this thesis, we can see how the lateral resolution should
change when multiple line transmission is used. For the situation where
opposite halves of the aperture is used for the two transmission lines, the
aperture size is halved, so the lateral resolution is also halved. When we
interleave the two arrays, the aperture size is in the worst case just slightly
reduced from its original size. This means that the lateral resolution should
be maintained.

In general, the range resolution is better than the lateral resolution
[Holm, 1999] .

The contrast resolution is our system’s ability to separate two closely sit-
uated points with different intensity in their back-scattered signal. This
resolution can be limited by different kinds of noise in our system, the main
types arising from sidelobes (see Section 4.1.1) and reverberations (multiple
reflections) [Angelsen, 2000]. Returning to the MLT case, even though the
lateral resolution should be maintained when using the interweaving method,
the contrast resolution will be lowered due to the increase in sidelobe effects.
The reason is the irregularity of the array’s elements, as explained in Section
5.3.

Closely related to the contrast resolution is the point spread function, or
simply ’psf’. This is a measure of how well an imaging system can resolve a
target. It is determined by the spatial impulse response of the transmit and
receive beams intercepting the target [Szabo, 2004].
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Figure 3.5: Fucusing of an ultrasound beam. From [Angelsen, 2000].

3.4 Focusing

The ultrasonic beams has to be focused at a coordinate that makes the de-
sired points as clear as possible in the resulting image. A common setup
is to set the transmit focus to a fixed position and let the receiver follow
the reflections of the pulse by changing the focus with depth. Using the
receiver in such a way is called dynamic focusing. It is not possible with the
transmitting aperture, since the control of the beam is out of our hand once
it has been emitted to a specific focus. One method called multiple zone
transmission focusing can though be used to reduce the effective beamwidth
of the transmitted signal. Here, multiple pulses are transmitted, each set for
a different focus along the same scan line. Then, the image is built using
echoes from only a limited range around the focus of each transmission [An-
gelsen et al., 1995].

Figure 3.5 shows an illustration of the focusing concept. Here, F is the
distance from the aperture to the focal point (the focal length) and Lf is
the depth of focus. Note that the aperture is shown as if it was part of a
spherical shell. The kind of aperture I used in this thesis, the linear phased
array, is not physically bent like this. But with the beamforming techniques,
like delay-and-sum, which the apertures use for focusing; the spherical shell
is a good physical model.

3.5 Near field and far field

In medical ultrasound, the points we want to image is located in the near
field of the probe [Holm, 1999, Wright, short course 1997]. The source is
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located close to our array. Consider a wave being reflected off a point source
before traveling back to the aperture. If the point the wave got reflected off
is located in the near field, the back-scattered wave will appear as curved
with respect to the dimensions of the array. Figure 3.6 is an illustration of
this situation. The vectors ~ζ0

1 , ~ζ0
2 ... ~ζ0

m are the vectors from the source to the
sensors in the array, and their angle can be calculated from the waves’ rela-
tive direction of propagation with respect to those individual sensors. This
means, that in ultrasound imaging, the individual delays applied to each el-
ement has to compensate for both the current focus and the distances from
each element to the point we want to image. See Section 4.2 for more info
on the delaying-concept.

If, instead, the points in ultrasound imaging were located further away from
the aperture, we could end up imaging in the far field by passing the near
field - far field crossover. Then, the back-scattered waves would no longer
be curved with respect to the sensors in the array. Instead, they could be
modeled as plane waves (see Figure 3.6 on the following page). This means
that the vectors from the source to the sensors would not change with sensor
location. Equal delays compensating for the distance to the source could
then be applied to each element. This far field approximation is relevant in
other cases than medical ultrasound, such as SONAR systems.

3.6 Imaging modes

Ultrasound imaging systems can operate in different modes. They often even
work in two or three modes at the same time [Holm, 1999]. Two of the most
common modes are B-mode and M-mode.

3.6.1 B-mode

This is the basic and most normal mode, and gives the images most people
relate with ultrasound: a 2D image with depth along the z-axis and azimuth
along the x-axis. The ’B’ in B-mode is for brightness, and relates to the
fact that the echoes are imaged as bright spots, where the strongest echoes
are shown with the highest level of brightness. This mode is based on linear
acoustics, as the transmitting- and receiving end use the same frequency
[Holm, 1999]. The results from my simulations that are shown in this thesis
all resemble B-mode images.

3.6.2 M-mode

The M-mode (or Motion-mode) image has depth along one axis, and time
along the other. In this way, we can see the change in amplitude of the echoes
over time. The beam-direction is fixed while the probe emits successive pulses
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Figure 3.6: a) A wave gets reflected off a source in the near field, and travels
back to the aperture. b) A wave has been reflected off a point in the far
field. It can be modeled as a plane wave when it hits the aperture.
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in a time period usually of a few seconds. Hence, the result can be seen as
the change in time of a single line of the related B-mode image.
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Chapter 4

Beamformation from
Array-Transducers

To begin to understand the goals of this thesis, it is helpful to understand
how a single beam is formed from a transducer consisting of an array of
elements. Basic knowledge about array signal processing and beamforming
is then needed. This chapter will give an introduction to these important
concepts. In Section 4.1, some basic equations in array signal processing is
given. Then, Section 4.1.1 discusses grating lobes and sidelobes, and their
effect on image quality. The aperture smoothing function is presented in
Section 4.1.2. Finally, Section 4.2 deals with beamforming, and includes a
subsection on beampattern.

4.1 Array Signal Processing

As mentioned before, the probes used in medical ultrasound acts both as
transmitters and receivers. They consist of an array of elements that each
sends out and receives ultrasonic waves. A typical probe has between 48 and
128 such elements [Holm, 1999]. Array signal processing is the part of signal
processing that deals with these kinds of scenarios, that is when a group of
sensors are arranged in patterns to detect or emit signals.

An important aspect of array signal processing is that the signals are not
only functions of time, but also of space. Assuming a temporal behavior of
our signal, we can find the monochromatic solution to the wave equation by
also assuming that it has a complex exponential form:

s(x, y, z, t) = A exp{j(ωt− kxx− kyy − kzz)} . (4.1)

This can be rewritten more concisely as

s(~x, t) = A exp{j(ωt− ~k · ~x)} . (4.2)
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Here, ~k is the wavenumber vector. It shows us the direction of propagation,
and its magnitude expresses the number of cycles (in radians) per meter of
length that the monochromatic plane wave exhibits in the direction of prop-
agation [Johnson and Dudgeon, 1993]. This is why ~k is often referred to as
the spatial frequency vector. We can express this vector as ~k0 = (2π/λ0)~ζ0,
where ~ζ0 is a unit-length vector pointing in the direction of propagation. This
notation shows that the wavenumber vector also holds information about
wavelength, λ0. ω is known as the temporal frequency, and it is equal to
2πf , where f is the frequency of our wave.

Another important equation in array signal processing is

d ≤ λmin

2
, (4.3)

where d is the element spacing and λmin is the smallest wavelength used. This
is the condition for the spacing between the elements of the array, to avoid
grating lobes in our direction of focus and thus aliasing between the emitted
signals (see next section). This condition usually sets another limit for how
large the aperture can be, as discussed in Section 3.3. In that section, we
concluded from Equation (3.3) that using a bigger aperture would increase
the lateral resolution. However, as we now know, in order to avoid grating
lobes the distance between the elements are limited by the frequency of our
beams: the higher the frequency, the shorter element distance is required.
This limits the aperture size, since the maximum number of elements usually
is 128.

4.1.1 Grating lobes and sidelobes

The grating lobes are phenomenons that deserve a better description. They
are related to the main lobe, which is the area were our desired signals are
located in the frequency spectrum. The width of the main lobe is equal
to our bandwidth. Because of the periodic nature of our signals, we will
also experience response in points related to the fundamental period of our
system, if our element spacing is too large. This can generate unwanted
noise, as the grating lobes might pick up signals from outside the image
plane. This will in many cases result in a ’blurring’ of the image. As we can
see in Figure 4.1 on the next page, the grating lobes appear as ’additional
mainlobes’ in the magnitude plot of the aperture smoothing function (see
Section 4.1.2).

In contrast to the grating lobes, which we can avoid by choosing the
right parameters for our system, sidelobes will always appear to some degree
when we are dealing with none-infinite windows (apertures). The sidelobes
are also a source of noise in our system. As an example, if they in our case
pick up signals reflected off the points we want to image, the points will not
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Figure 4.1: Magnitude of the aperture smoothing function of a nine-sensor
regular linear array. From [Johnson and Dudgeon, 1993].

be imaged 100 percent correctly. The points can get blurred or stretched,
or ’copies’ of the points can appear as artifacts close to the original ones.
An illustration of sidelobes is shown together with the grating lobes in Fig-
ure 4.1.

Fortunately, there are ways to reduce the sidelobe levels if they result in
too much noise in your image. The most common method is apodization.
This involves using a window function on your aperture, such as the Han-
ning window. The window function should be tapered, which means that
the aperture has high response in the middle, and then the response should
be reduced gradually to near zero at the edges. Physically, this is usually
achieved by using more power for the central elements, to make these vibrate
more than the elements towards the edges.

One downside of apodization is that it increases the width of the main
lobe, thus leading to a loss in lateral spatial resolution. In most cases this
can be tolerated, though, since the increase in contrast resolution we get
from apodization usually improves the overall image quality. Apodization
is, therefore, usually used with arrays where it is fairly simple to implement
[Angelsen, 2000]. In Figure 4.2 on the next page, the magnitude of the 96
point Hanning window has been plotted using the fvtool - function in Mat-
Lab. The receiving aperture in all my simulations consists of 96 elements,
and it is indeed the window plotted I will be using for apodization in this



30 Beamformation from Array-Transducers

Figure 4.2: Magnitude plot of the 96 point Hanning window.



4.1 Array Signal Processing 31

thesis.

Because of the periodic spacing between its elements, linear arrays, like the
ones I will be working with in this thesis, will often result in larger sidelobe
levels than what is the case with continuous apertures [Angelsen, 2000]. And
since the elements of the phased array are small enough to radiate energy
over a wide range of angles, grating lobes are more likely to occur than with
other arrays if we are not careful with keeping the element distance under λ/2
[Angelsen et al., 1995]. This means that effects from sidelobes and grating
lobes are probable sources of errors in my simulations.

4.1.2 The aperture smoothing function

When we use a transducer to emit or detect signals, the signals get affected
differently depending on the type of aperture we use. An important equation
related to this is the aperture smoothing function.

Say that we are observing a field through a finite aperture. We can then
write down the sensor’s output as [Johnson and Dudgeon, 1993]

z(~x, t) = ω(~x)f(~x, t) , (4.4)

where ω(~x) is the aperture function of our aperture. The aperture function
takes on values between 1 and 0, and tells us the spatial extent and shape of
the aperture as well as the relative weighting of the field within the aperture
(see the section on apodization in Chapter 4.1.1).

If we calculate the space-time Fourier Transform of Equation (4.4), we
get

Z(~x, ω) =
1

(2π)3

∫ ∞

−∞
W (~k −~l)F (~l, ω) d~l . (4.5)

From this, we get the aperture smoothing function for a finite continuous
aperture [Johnson and Dudgeon, 1993]:

W (~k) =
1

(2π)3

∫ ∞

−∞
ω(~x)exp{j~k · ~x} d~x . (4.6)

The reason behind the name of this equation, is that when we observe the
spectrum of the wavefield through an aperture, it will get smoothed by the
kernel W (~k).

The above version of the aperture smoothing function applies, as mentioned,
to continuous apertures. The related equation for a discrete aperture can be
found to be
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W (k) =
∑
m

wmejkmd , (4.7)

where d is the distance between elements and wm is the weight of the m-th
sensor. The use of this equation is easiest to describe if we assume that
the number of sensors, M , is odd. Assume now that the middle sensor is
located at the origin, where x = 0. We can then number the sensors from
m = −(M − 1)/2 to m = (M − 1)/2. In this situation, the m-th sensor is
located at x = md. And if no sensor is located at a given position, we can
simply set wm to zero for that sample.

The discrete aperture smoothing function is also known as the array
pattern. For an example of how a plot of the aperture smoothing function
looks like, go back to Figure 4.1 on page 29.

4.2 Beamforming

The elements in the array are combined to send out a more powerful signal
than what would be possible with just one element. This combination
involves delaying the output of the elements with respect to the others, so
that one homogeneous wavefront is generated. The element closest to the
target gets the biggest delay, and so on. This is the concept of beamforming.
In its most simple form, this process involves applying a delay ∆m and
amplitude weight wm to the output (or input) of each sensor and then adding
the signals together to create a single beam:

z(t) =
M−1∑
m=o

wmym(t−∆m) , (4.8)

where M is the number of sensors in the array. This type of beamforming is
called delay-and-sum.

In reality though, we often want to use some kind of filtering in addition
to just delaying and weighting, in order to remove noise and distortion of
the signals.

When we combine these elements in the right way, by applying the appro-
priate delays and weights, we can enhance the shape of the beam and reduce
sidelobe levels. This is crucial to the efficiency of our system, and is closely
related to the aperture smoothing function introduced in Section 4.1.2.

4.2.1 Beampattern

The beampattern is the response we get when our beamformer sends out
beams with a certain direction and wavelength given by ~k0 [Holm et al.,
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2001]:
W (~k − ~k0) (4.9)

Hence, the beampattern is simply a shifted version of the array pattern (see
Section 4.1.2).

An ultrasound imaging system is a two-way scenario, in that the waves are
transmitted, reflected off our target, and then received by the array. The
two-way beampattern is the product of the receiver’s and the transmitter’s
beampatterns [Holm et al., 2001]. If the same array is used for both transmis-
sion and receiving, we get the two-way beampattern by squaring the one-way
beampattern, which corresponds to a doubling of the dB-values.
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Chapter 5

My thesis: Background

This chapter gives a description of the theory more specifically relevant for
the goals of this thesis and the methods I have used. Section 5.1 starts
by giving an introduction to the concept of frame rate and common frame
rate levels in current systems. I then argue why, and in which cases, an
increase in frame rate is desired, and how the parallel beamforming technique
can help achieve such an increase. I finish the section on frame rate by
describing multiple line transmission, and the different ways of implementing
this method proposed in the Vingmed test report [Holm et al., 1995] and the
memo [Holm, 1995].

Similarly to the end of Section 5.1, the different ways of transmitting
multiple beams simultaneously is also the subject of Section 5.2. Analogies to
the multiple access techniques of telecommunication are used for illustration.

When using the interweaving method in my simulations, the two arrays
will no longer have regular spacing between elements. They have become
irregular arrays. Section 5.3 explains some of the theory behind these types
of arrays.

5.1 Increasing the frame rate

The frame rate is the number of images per second. It is defined in the
following way [Angelsen, 2000]:

frame rate =
1
T

=
1

NTb
. (5.1)

That is, the frame rate is the inverse of the time, T , it takes to generate an
image. As we see, T is equal to N times Tb, where N is the number of beams
and Tb is the time per beam.

Using 128 beams and imaging at a depth of 16 cm, 30 frames per second
(fps) is obtainable. This is an example of a typical, current system, where
the number of transmit events is equal to the number of scan lines to be
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formed. The frame rate is then limited to about 30 to 40 frames per second
[Montaldo et al., 2009].

In some of the more advanced parts of ultrasound imaging, such as cardiac
imaging (echocardiography) and 3D acquisition, it is desirable to achieve a
higher frame rate than what is normally needed for fetal ultrasound (obstet-
ric sonography). In 3-dimensional imaging, if we were to use the line-by-line
acquisition from classic 2D imaging, the number of lines necessary to scan
the volumetric image would be squared compared to the number needed for
the corresponding 2D image. As an example, if we used 100 lines for a 2D
image, the corresponding volumetric image vould take 100 times more time
to scan [Bradley, 2008]. This is not adequate for a real-time 3D system.

In echocardiography, a high frame rate is important in order to image
the movement of the heart during the cardiac cycle. In addition, systems
with higher frame rates will enable us to image transient events such as shear
mechanical wave propagation for elasticity imaging [Montaldo et al., 2009].
Image enhancement methods, such as video integration and compounding
imaging approaches, can also make good use of an increased frame rate.
[Montaldo et al., 2009].

One way to increase the frame rate is to use Multiple Line Acquisition
(MLA). As the name suggests, this involves splitting the transducer into
several independent receivers. Another name for this is parallel beamform-
ing, as it usually is achieved by employing several beamformers in parallel.
A doubling of the number of elements used in the receiving end compared to
that of the transmitting end has been shown to also double the frame rate
[Holm et al., 1995]. However, when increasing the number of receive beams
compared to transmit beams we have to transmit wider beams to avoid gain
loss, resulting in lower resolution [Synnevag et al., 2009]. Hence, there is a
tradeoff between image quality and frame rate.

As an example of the benefits of MLA, say we are doing a M-mode scan.
The pulse repetition frequency (PRF) is defined as the number of pulses per
second we can send into the body. It is the inverse of the time per beam
from Equation (5.1), that is: PRF = 1/Tb. When a pulse is transmitted,
the minimum time we should wait before transmitting the next pulse is the
time it takes for a pulse to travel from the probe, to the point we want to
image, and back to the probe again. This is to avoid interfering with the
backscattered signal, which of course contains the information required to
produce our image. The pulse repetition frequency is then [Holm, 1999]

PRF = c/2dmax , (5.2)

where dmax is the distance to that of the points we want to image which lies
furthest into the body. In cardiology, this depth could be 23.1 cm, giving a
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PRF of 3333 pulses per second [Holm, 1999].
We can also find how many beams we need in order to cover our image

sector in the azimuth-direction [Holm, 1999]:

Naz =
ΘAZ

NMLA ∗ p ∗∆l
. (5.3)

Here, ΘAZ is the width of our imaging sector in degrees. In 2D mode, the
beams has to be separated by p = 25 − 50% of the lateral resolution ∆l.
NMLA is the number of beams in parallel. Knowing that the PRF is the
inverse of the time per beam, we see from Equation (5.1) that the frame rate
now can be calculated in the following way:

FR = PRF/N, (5.4)

where N is the number of beams. Say we are imaging in a 60◦ sector without
using multiple line acquisition. If the lateral resolution is 1.5◦ and p is 0.33,
then the number of beams needed is about 120 and the frame rate becomes
3333/120 = 27.8 frames per second. If we use 4 beams in parallel, we see
from the equations that this value is multiplied by 4, hence the frame rate
becomes about 111 frames per second.

If we consider this example in the 3D-case as well, we can see why many
of these systems use parallel beamforming. Here, we have to consider the
elevation-axis in addition to the azimuth-axis. If the parameters are the
same as in the azimuth dimension, 120 beams are required in the elevation
direction as well. The frame rate for the 3D case is then 27.8/120 = 0.23
volumes per second. This is somewhere referred to as the volume rate [Us-
tuner, 2008]. To get to a level more acceptable for real-time 3D imaging, this
frame rate needs to be increased substantially. This can be achieved through
parallel beamforming. If we have 4 beams in parallel in each dimension, the
frame rate (or volume rate) will increase by 42. In the case of our example,
the new rate is 0.23 ∗ 42 = 3.68 volumes per second. This value is still a
bit low, and modern systems use even more beams in parallel to achieve a
high frame rate. As an example, the Acuson SC2000 from Siemens has up to
64 beams in parallel [Ustuner, 2008], which corresponds to 8 beams in each
dimension (82 = 64). For a 90×90 degree image, this system is reported to
reach a rate of 40 volumes per second at a depth of 16 cm [Siemens Medi-
cal Solutions USA, 2009]. Calculating this as in the previous example, the
reported rate is found when I use p = 0.25 and ∆l = 1.45◦. So this seems
plausible.

To achieve an even higher degree of performance, we can use MLA in con-
junction with Multiple Line Transmission (MLT). Here, the transmitting end
of the system is also made up of several independent beams. At the time
of writing of the Vingmed test report [Holm et al., 1995], each element in
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the transducer could not emit more than one constant amplitude pulse at
a time. The natural solution was therefore to split the aperture into two
halves for transmit. But in the test report this was shown to result in visible
geometric distortions, due to the difference in point of origin of the transmit
beams and the receive beams. To bypass this problem, that same test report
suggests a couple of alternative ways to set up the transducer in MLT mode.
They both involve sending out the two beams from a shared, full aperture.

The first method being suggested is to use time multiplexing to send
the two beams within a few millimeters after each other. This does not
require much extra from the hardware, as the elements in the transducer do
not need to emit several beams simultaneously. This method also has its
setbacks though, since the echo of the first few millimeters of the first beam
will be ruined by the emitting of beam number two. Hence, the nearfield
cannot be displayed.

The second method proposes the emitting of two simultaneous beams
from the same aperture. However, not all current hardware is able to perform
this action.

In a memo [Holm, 1995] that followed this test report, a third option
was introduced. This involves using half the elements in the transducer for
each transmit aperture, interweaving the elements inside each other. In this
way we can get the transmit beams to originate from the same point as the
receive beams, which in theory should give an image without distortions of
the kind in [Holm et al., 1995].

5.2 Ways of sending out multiple beams

There are more than one approach to the case of sending out multiple signals
while keeping the interference between them at an acceptable level. Most
of these techniques are similar to some of the multiple access techniques
used in telecommunication and computer networks, in order to let more
than one user (or signal) use the same communication channel. These are
Time Division Multiple Access (TDMA), Frequency Division Multiple Access
(FDMA) and Space Division Multiple Access (SDMA).

In time division multiple access, the users receive their own time slots for
using the communication channel. When the time slot expires, the signal has
to wait for its next given slot to continue transmission. In the case of using
multiple line transmission in ultrasound imaging, TDMA can correspond
to the beams being separated by a fraction of a second between emissions.
This might be necessary if you have to use the whole aperture for both
emissions, and your hardware is not able to send out more than one beam
simultaneously. This method can, however, make it difficult to image in the
nearfield, as explained in the previous section.

When frequency division multiple access is utilized, the communication
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channel is divided by giving each user one or more individual frequency
bands within the systems bandwidth. In our system using MLT, this could
resemble the case of using different frequencies for the two transmissions. By
doing this, one should experience less interference between the signals than
what is the case when they have the same frequency. One downside of this
method, though, becomes clear if we go back to the equations for resolution
given in Section 3.3. As also noted in that section, we see from equations
(3.2) and (3.3) that resolution is frequency dependant. Hence, using different
frequencies will give different resolutions for the individual transmissions.

In our MLT system, we transmit the two beams in different directions
in a way that makes each transmit line cover a set of azimuth angles.
The sum of the two will then cover the whole imaging sector. When the
beams are separated like this, the interference between signals will be less
evidential than if they were sent out in the same direction. This is similar to
space division multiple access in satellite communication, where an antenna
capable of sending out multiple beams, called amultibeam antenna, transmits
the beams to different geographical areas. In our system, if we want to
implement the frequency- or time “multiplexing”, it will always be done in
combination with this technique resembling SDMA.

In addition to the methods described above, it is also possible to invert
one of the pulses with respect to the other. The pulse will not change in
terms of the frequency, but the amplitude of the pulses will be opposite to
each other at equal time samples.

5.3 Irregular arrays

When implementing the interweaving method introduced in the last section, I
will use irregular arrays. In these arrays, the distance between the elements
is not the same for each position. One way to look at this is that some
elements have been removed from the original, adequately sampled array.
This process is called thinning.

In this thesis, I will use thinning in order to interleave two arrays.
Another reason for using thinning is to save money in the fabrication and
use of the apertures [Holm et al., 2001]. But these advantages does not come
without downsides. In most of the cases, the thinning of the apertures will
lead to some degree of undersampling, resulting in aliasing (grating lobes).
Thinning will also lead to an increase in the sidelobe levels.

There are two main types of irregular arrays: sparse arrays and random
arrays (also called totally random arrays. In sparse arrays, a given number
of the elements of an array with regular spacing are removed [Holm et al.,
2001]. The removing of these elements are usually done at random, but the
element positions can also be optimized by using different algorithms; some
of which involves making our array produce the desired co-array. Since I
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will use the random method for making my sparse arrays in this thesis, a
description of these kinds of optimization algorithms will not be given here.
Information on this subject can instead be found in [Holm et al., 2001].

A special kind of random sparse array is the binned array. Before
thinning, the aperture is divided into K non-overlapping parts called bins.
Then, one element is chosen at random in each bin. Because there can be no
more than two neighbor elements in a 1D binned array, this setup resembles
a nearest neighbor restriction [Holm et al., 2007]. See Section 5.3.1 for more
on binned arrays.

In a totally random array, the elements are placed on the array at ran-
dom according to some probability density function. So, in comparison to
the sparse array, there are fewer restrictions to where the elements can be
placed. A random array like this will in almost all cases be outperformed by
an algorithmically optimized sparse array. However, reality has shown that
precise control of sensor locations is difficult [Johnson and Dudgeon, 1993].

As mentioned, I will use the random sparse array approach when trying
to interleave the two arrays. A sparse array are more suited than a totally
random array, since I want the positions which are empty in one of the arrays
to be filled with an element in the other array. This is easier to realize with
a sparse array, where the element positions are more fixed than in a totally
random array.

In this thesis, I will not use any algorithms to optimize the element
positions in the sparse array. This optimization could be done in the future
to improve the image quality. Since the main goal of this thesis is to get rid
of the geometrical distortions described in previous sections, the focus will
be more on keeping things simple rather than doing everything for the image
quality to be as good as possible.

5.3.1 Properties of sparse arrays

Assume we originally had an array with M elements, and that K elements
are left after random thinning. In Equation (4.7), the aperture smoothing
function for a discrete aperture was given. If we assume unity weighting on
all the elements, this can be rewritten as

W (~k) =
K−1∑

m=0

ej~k·~xm . (5.5)

As explained in Section 4.1.2, another name for the discrete aperture
smoothing function is array pattern. Equation (5.5) then represents a one-
way array pattern. When ~k = ~0 we have no randomness, and |W (~k)|2 = K2.
In other cases, one should sum K unit random vectors, and in the case where
they are uncorrelated, the power sum is K [Holm et al., 2001]. The ratio of
average sidelobe power to main lobe power is then K/K2 = 1/K.
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In order to find the variance of this value, we first write the expected
value of the array pattern in Equation(5.5):

E[W (~k)] = K · E[ej~k·~xm ] = K ·
∫

aperture
p~x(~x)ej~k·~x d~x . (5.6)

Then the variance becomes [Holm et al., 2001]

var[W (~k)] = K · var[ej~k~xm ] = K · E[|ej~k~xm |2]−K · |E[ej~k~xm ]|2

= K − 1
K
|E[ej~k~xm ]|2 . (5.7)

Say we have a 1D aperture of length L, with K uniformly distributed
elements (see Figure 5.1). We define u = sinϕ, where ϕ is the azimuth
angle from which the wavefield is hitting the aperture. The average array
pattern and variance is then

E[W (u)] = K · sinc(Lu/λ) (5.8)

varU [W (u)] = K · (1− sinc2(Lu/λ)) . (5.9)

This means, that when u is small, the variance is 0. But when |u| > λ/L,
the variance is about K.

In [Hendricks, 1991], the relative peak level of a 1D random array was
found to be

√
(K lnK). According to [Holm et al., 2007], this gives a fairly

good estimate of the peak level.

Given a uniform distribution in each bin, the binned array has the same
properties as the random array [Holm et al., 2007]. This includes the aver-
age array pattern, which for the binned array also follows Equation (5.8).
From this it follows that, when the elements are distributed uniformly, the
main lobe and the nearest sidelobes are the same for the binned array as for
the random array [Holm et al., 2001].

The variance, however, is a little different from the random array. Our
aperture of length L is now divided into N equal-size, non-overlapping bins,
each with a length of w = L/N . Their individual positions are then [Holm
et al., 2001]

xm = −L/2 + m · w + ym for m = 0, ...., K − 1 , (5.10)

where ym is a random variable distributed in the interval (0, w) according
to a probability density function. After combining this result with Equation
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Figure 5.1: A wavefield encounters a discrete aperture. The aperture is of
length L, and has element distance d and element length l. The wavefield is
arriving from direction ϕ, known as the azimuth angle.
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(5.5), we can derive the equation for the variance [Holm et al., 2001]:

varB[W (u)] =
K−1∑

m=0

var[ej2π(−L/2+m·w+ym)u]

=
K−1∑

m=0

|ej2π(−L/2+m·w)u|2 · var[ej2πymu]

= K var[ej2πymu] = K var[ej2πK·ymu/K ] . (5.11)

In the interval (0, L), K · ym is uniformly distributed. The variance for
the binned array then simply becomes a scaled version of the variance
of the random array with uniformly distributed elements, varB[W (u)] =
varU [W (u/K)]. Hence, the variance does not reach K until |u| > Kλ/L.
This means, that the binned array will have lower sidelobe levels in angles
close to the main lobe, than what is the case with random arrays [Hendricks,
1991].
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Chapter 6

Earlier research

Through the last decades, researchers have chosen different approaches in
order to increase the frame rate in medical ultrasound. Results of some of
this work is presented in this chapter.

6.1 Parallel beamforming

The most common way to increase the frame rate has been to use multiple
line acquisition, also known as parallel beamforming (see Section 5.1). Here,
several beamformers are employed in parallel for the receiver, making it
possible to receive in several directions for each transmission [Shattuck et al.,
1984, VonRamm et al., 1991]. With this method, the increase in frame rate
is proportional to the number of beams in receive. However, this method
also gives rise to image artifacts, due to the misalignment of the transmit-
and receive beams [Hergum et al., 2007].

A method to solve this problem is presented in [Hergum et al., 2007].
To avoid this misalignment, they propose the creation of synthetic transmit
beams in between the the real transmit beams. To achieve this, they create
synthetic transmit beams by interpolating on the unfocused signal at each
element. Recently, this method was also tested in an aberrating environment,
using four parallel beams [Bjastad et al., 2009].

The paper by Hergum et al. also has a description of what actually
happens when the misalignment of the transmit- and receive beams result
in geometric distortions. According to this paper, there are two underlying
effects: warping and skewing. Beam warping happens when a transmit beam
pulls the receive beam towards its center. This makes the center of the
two-way beam different from both the center of the transmit beams and the
receive beams, which means that the two-way beam will not follow a straight
line.

Skew means non-symmetric. The fact that neither the transmit nor the
receive beams are Gaussian leads to a skewing of the rms (root mean square)
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profile of the two-way beam.

The problem with misalignment of the transmit- and receive beams is also
discussed in [Bradley, 2008], regarding the case of a 3D system using parallel
beamforming to achieve a high frame rate. Using static focusing for transmit,
multiple receive beams will then be associated with any particular transmit
event. This results in a disparity between the axis of the transmit beam and
some of the receive beams, causing beam group artifacts [Bradley, 2008].
In the paper, a method called ’Retrospective Transmit Beamformation’ is
presented as an approach to solve this issue. By performing the focusing ret-
rospectively, the transmit beam can then be focused simultaneously along
each of the receive beams [Bradley, 2008]. The focusing operation in trans-
mit can then be seen as dynamic. This is possible because the focusing is
done after propagation.

As explained in Section 5.1, the parallel beamforming approach can lead to
decreased resolution, as we have to emit wider beams to avoid gain loss. In
[Synnevag et al., 2009], it is proposed to use aminimum-variance beamformer
instead of delay-and-sum on reception to compensate for this loss in image
quality. The minimum-variance (MV) beamformer uses adaptive beamform-
ing, where the element weights are signal dependent; not predetermined as
for the delay-and-sum (DAS) beamformer. The MV beamformer will adapt
to the recorded data, allowing large sidelobes in directions with little energy,
and placing zeros in directions with interference [Synnevag et al., 2009]. The
result reported in [Synnevag et al., 2009] was that the same image quality was
achieved with the MV beamformer as with the DAS beamformer, allthough
only 25% of the aperture was used for transmission. Hence, systems using a
MV beamformer could reach frame rates 4 times larger than DAS systems
with equal image quality.

6.2 The coherent compounding method

Another approach involves sending out plane waves in different angles, and
then coherently adding the images to produce a final compounded image
[Montaldo et al., 2009]. This method was the result of a work initially
started in connection with a technique dubbed “transient elastography”. This
is the assessment of local viscoelastic properties through the imaging of the
transient propagation of low frequency pulsed share waves in human tissue
[Sandrin et al., 1999, 2000, 2002]. In order to get satisfactory images while
doing this in real-time, a substantial frame rate was needed.

Based on this imaging modality, the supersonic shear imaging (SSI)
technique was developed in 2004 [Bercoff et al., 2004b,a]. It involved creating
quasiplane shear waves of stronger amplitude by moving the shear source at
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a supersonic speed, and was reportedly able to provide quantitative shear
modulus mapping of an organ in less than 30 ms [Bercoff et al., 2004a]. The
imaging could be done with a frame rate of 5000 fps. This ultrafast frame
rate was achieved by reducing the emitting mode to a single, plane wave
transmission [Bercoff et al., 2004a]. As a single transmission was sufficient
to produce an image, the time between two consecutive images was only
limited by the propagation time in tissues. If the target were at a depth of
5 cm, the image acquisition could then theoretically be done with a frame
rate of about 10 Kf/s [Montaldo et al., 2009].

One drawback of the SSI method was its lack of transmit focusing.
This meant that the image quality was degraded in terms of contrast and
resolution [Montaldo et al., 2009]. The ’Coherent Compounding Approach’
was then developed, and is reported in [Montaldo et al., 2009] to resolve
much of these image quality issues. Coherent wave compounding is the
recombination of backscattered echoes from different illuminations achieved
on the acoustic pressure field. This opposes it to the incoherent case, where
the acoustic intensity is used instead [Montaldo et al., 2009].

Compared to the case when just a single plane wave is emitted, sending
out n waves with the coherent plane wave compounding approach requires
more time, and reduces the frame rate by a factor n [Montaldo et al., 2009].
However, it is demonstrated in the paper that the method can reach the
optimal image quality of typical, current multifocus systems even when using
a small number of transmissions, thereby keeping a high frame rate. In fact,
it is stated that for a given image quality of a 128-line image, the coherent
compound method allows a frame rate increase of a factor 10 compared with
standard scanning techniques.

6.3 Other methods

Since the mid 1990s, some research in the area of High Frame Rate (HFR)
Imaging has also evolved around the use of Limited Diffraction Beams
(LDBs). These are Bessel beams, and they can, in theory, travel an infinite
distance without experiencing diffraction. This is why J. Durnin [Durnin
et al., 1987] called them “diffraction-free” beams when the first experiments
was concluded in 1987. In reality, though, these beams would only be
non-diffracting when emitted from an infinite aperture. But even when a
finite aperture is used, these beams have a large depth of field compared to
other, more conventional beams [Durnin, 1987]. Hence, the term ’Limited
Diffraction Beam’ was later introduced.

In the basic LDB systems, the high frame rate is achieved by frequent
repetition of a broadband transmission pulse, and using multiple limited
diffraction beams to receive. See [Lu, 1997] and [Lu, 1998]. To improve
image resolution and contrast, the method was later extended to include
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multiple transmissions [Cheng and Lu, 2006].

Other types of methods proposed involves using coded excitation signals
[Shen and Ebbini, 1996, Misaridis and Jensen, 2005]. In these methods,
cross-correlation between the emitted signals is reduced by making them as
orthogonal as possible.

Yet another way to increase the frame rate, explained in [Angelsen et al.,
1995], is an extension of the multiple zone transmission focusing method (see
Chapter 3.4 on focusing). Here, different frequencies are used for different
imaging depths. At shallow depths, high frequencies can be used since atten-
uation will not affect the ultrasound beams as much as what is the case when
the signal has to travel a larger distance through the tissue. Pulses with lower
frequencies will then be used for larger depths. The high-frequency signals
used for the shallow depths attenuate faster, and the following signal with a
lower frequency can be emitted without having to wait for the high-frequency
pulses to arrive from the larger depths. The result is a higher frame rate.
This method is sometimes referred to as confocal imaging [Angelsen et al.,
1995].

6.4 The interweaving method

The method which I will use in this thesis, implementing multiple line
transmission with interleaved sparse arrays, is a quite seldom subject in
the literature. Even more scarce are texts that deal with the excitation of
multiple beams with the same frequency, like I will be attempting in my
simulations. Systems that use disjoint frequencies for transmission seems
more common [Hsiao, 1971, Boyns and Provench.JH, 1972, Coman et al.,
2006]. I did find some discussion about using this method with beams of the
same frequency in [Haupt, 2005]. That paper presents three approaches to
interleaving thinned linear arrays, while making efficient use of the aperture
size. Although the author’s intension was using these methods for antennas,
they should be applicable for use in ultrasound transducers as well.

The first approach in [Haupt, 2005] forms two sum beams from the same
aperture. This can be done either by simply dividing the aperture in two
halves or interleaving the two arrays. The result was that the side-by-
side arrays had lower average sidelobe levels, while the every other element
interleaved arrays had narrower beamwidth. Then, a genetic algorithm was
used to optimize the positions of the elements in the interleaved arrays in
order to minimize the sidelobe level. The result was a compromise between
the sidelobe levels and the beamwidth.

The second method only partially overlaps two sum arrays. The right
half of one array is interleaved with the left half of the other array. In other
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words, the resulting aperture is not 100 percent efficient in terms of utilizing
the available space.

Finally, the final method interleaves a sum array with a difference array.
Here, the difference pattern consists of the elements turned off in the sum
pattern.
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Chapter 7

Results

7.1 Introduction

As mentioned, the first thing I wanted to do in the simulation-part of my
thesis was trying to reproduce some of the results from [Holm et al., 1995].
The ’goal’ here would be to find the same geometric distortions in my Matlab
simulations as was visible in the test report. Since the results from this test
report was achieved using a real ultrasound scanner, and not a computer
program, it was not given that my simulations would give the same results.

The result from [Holm et al., 1995] that is best suited as a reference im-
age for my simulations, is shown in Figure 7.1 on the next page. Here, two
transmit beams are used, each with a receive line that tracks them. It is
easy to see the geometric distortions in the image, as the targets are not on
a straight line. The reason behind this is thought to be the difference in
point of origin of the transmit and receive beams, as explained earlier.

The aperture being simulated is a linear phased array with 96 elements.
The transducer frequency is 3.5 MHz, and the points lie on 3,4,5,6,7 and 8
cm. We scan in a 60 ◦ sector. To make it easier to see distortions in the
image, I have plotted a white line on the x coordinate of the points.

7.2 The structure of this chapter

The results of my simulations will be shown in a chronological order.
First, I will show results from an ’optimal’ setup which hopefully will give
images with the points in the right positions, and without visible geometric
distortions. In this setup, only one transmission line using the whole aperture
will be used. A more detailed description will be found in the related section.

Following this, instead of going straight to to the case with multiple line
transmission, some parameters in the setup will be changed to see if any of
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Figure 7.1: Image from the Vingmed test report [Holm et al., 1995]. Note
the geometric distortions.

these changes result in geometrical distortions. Even though the distortions
from the Vingmed test report [Holm et al., 1995] was thought to arise from
the use of MLT, they could also be effects of other variables in the scanner.
The parameters I am talking about is mainly the size of the Tx aperture,
and its position with respect to the points we want to image. In addition,
the effects of changing the center of focus of the transmit aperture should
also be checked.

Then I will move on to simulate MLT. I will try to use the same conditions
as in [Holm et al., 1995], and see if I get the same geometrical distortions in
my simulations as they did in their experiment.

The way of using MLT can then be changed to check if this gives different
results than what is the case when one half of the aperture is used for
each transmit line. I will do simulations where the two transmit apertures
are interleaved, so that the origin of the transmit and receive beams are
approximately the same. Finally, I will do simulations where the whole
aperture is used for both transmit beams.
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7.3 How to read the figures

The figures from my simulations are all completely similar in the sense of
form and parameters. They show the result of the calculations in a scanning
sector, just as on a real ultrasound system. An illustration of what the axes
represent is shown in Figure 7.2 on the following page. As illustrated, both
the x- and y axis represents distance in meters, and the gray scale shows us
the signals amplitude in decibels (0 dB is the highest value). In this illustra-
tion, I have also drawn two lines to represent the receiving - and transmitting
apertures (in reality, these apertures are using the same array, but is shown
here as separate arrays for simplicity). This shows the aperture(s) spacial
extent in the x-direction, as well as their position relative to the ultrasound
image. From the illustration of the apertures we can read that the receiv-
ing aperture is centered on x = 0, and that its length is about 2 cm. The
transmit aperture is also centered on x = 0, and its length is approximately
1 cm, half the length of the receive aperture.

Another important aspect to understand before studying the figures is il-
lustrated in Figure 7.3 on page 55 . Here, the points are moved so that they
no longer lie on x = 0, but seem to lie on x = 1 cm when you read the axes
of the figure. The thing is though, that the position of these points should
be considered in terms of their location relative to the aperture. And if we
imagine seeing these points from a position on the aperture, they actually
lie on x = -1cm. This will be the notation used throughout this thesis.

In the simulation that lead to Figure 7.3, the transmit (Tx) aperture was
moved so that it used the last 48 elements of the aperture. As in Figure
7.2, an illustration of the Tx and Rx (receiving) aperture is shown above
the simulation result. We see that the Tx aperture has changed position
compared to the previous figure.

The position and spacial extent of the receiving aperture will not change
throughout the simulations. Information about the transmit aperture will
not be illustrated in the figures from the different simulations, but will be
noted in the text describing the figures.

7.4 Full transmit aperture

Here I have used the whole aperture, that is 96 elements, as transmitter
(Tx).

7.4.1 Center of focus on x=0

In Figure 7.4 on page 56, the points lie on x=0. Figure 7.5 shows the
result when the points are moved to x=-1cm. These results can be seen
as ’reference images’, in the sense that they are the results of the ’optimal’
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Figure 7.2: How to read the figures in this thesis
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Figure 7.3: The position of the points should be seen from the aperture
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Figure 7.4: Full transmit aperture, points on x=0. Center of focus on x=0.

setup: the whole aperture is used for transmission and the center of focus
is set to the middle of the Tx aperture. The imaged points should in this
case lie on a straight line, and any geometric distortions that may arise in
later simulations should be easier to see when they are compared to these
reference images.

7.4.2 Center of focus on x=1cm

I want to find out if changing the center of focus of the transmit aperture
will introduce any kind of error in my images. In theory, the correct setup
is to let this focus be in the center of the Tx aperture. This is the case with
figures 7.4 and 7.5, where the center of focus is on x=0. In this section, the
center of focus has been moved to x=1cm. In other words, it is the point [1 0
0] in the coordinate system of our transducer, where in our case the receiver
is always centered in the origin.

Figure 7.6 on the next page is the result when the points lie on x=0, and in
Figure 7.7 they lie on x=-1cm.

7.4.3 Center of focus on x=-1cm

Figures 7.8 and 7.9 show the results when the center of focus is on x = -1cm.
When studying Figure 7.9, it seems that the top two or three points do

not lie on the straight white line which marks the x-coordinate of where
these points should be (x = -1cm in this case). To make this easier to see,
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Figure 7.5: Full transmit aperture, points on x=-1cm. Center of focus on
x=0.
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Figure 7.6: Full transmit aperture, points on x=0. Center of focus on x=1cm.
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Figure 7.7: Full transmit aperture, points on x=-1cm. Center of focus on
x=1cm.
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Figure 7.8: Full transmit aperture, points on x=0. Center of focus on x=-
1cm.
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Figure 7.9: Full transmit aperture, points on x=-1cm. Center of focus on
x=-1cm.

it could be smart to remove some of the sidelobe-effects that originate from
the points. As explained earlier, this can be done by apodization. A window
function which gives the highest weights to the elements in the center of the
array, and then gradually lower towards the edges, is the natural choice in
this case. The Hann function gives a window of this type. Figure 7.10 on
the following page shows the result again for the situation in Figure 7.9, and
next to it is the result when a Hanning window was applied to the receiving
aperture.

7.5 Half transmit aperture

Here I have used only half of the aperture (48 elements) as transmitter. I will
begin by making a couple of reference images where this aperture is centered
and its center of focus is on x=0. Then I will position the aperture on other
parts of the x-axis, to see if this introduces geometrical distortions in the
images.

7.5.1 Tx centered, center of focus on x=0

Figure 7.11 on page 61 shows the result when Tx is the 48 centered elements
and the points lie on x=0. In Figure 7.12, the points are on x=-1cm. These
images can be used as reference images for later simulations when using only
the half of the aperture as transmitter. As expected, the results seem to
be quite similar to the related ones where the whole aperture is used for
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Figure 7.10: a) Full transmit aperture, points on x=-1cm. Center of focus
on x=-1cm. b) Hanning window is applied to the receive aperture.

transmission (figures 7.4 on page 56 and 7.5 on page 57). The difference,
however, is that the images in this case seem to include more noise than
what was the case when the whole aperture was used. This is easiest to see
when we study the points closest to the aperture. This increase in image
noise is expected, as a decrease in aperture size results in a larger beamwidth
in the emitted pulse. Said in another way: the larger the aperture, the more
directive is it’s emitted pulse. This is the same discussion as in Section 3.3.
As the aperture size decreases, we see from Equation (3.3) that the lateral
resolution also will decrease.

7.5.2 Changing the center of focus

As for the case where the whole aperture was used for transmission, I tried to
change the center of focus to see if this would lead to geometrical distortions.
Just as for the 96 elements case, a distortion of such kind was only visible
when the center of focus was on x=-1cm and the points was moved to that
same x-coordinate (seen from the aperture). The resulting image, with
a Hanning window used for apodization on the receive end, is shown in
Figure 7.13 on page 62.

7.5.3 Tx is the second half of the aperture

Here, the transmitter is moved so that it uses the last 48 elements of the
aperture.

See figures 7.14, 7.15 and 7.16 for the results when the center of focus is
on x=0.

The center of focus is then moved to the center of the transmit aperture,
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Figure 7.11: Half transmit aperture (centered), points on x=0. Center of
focus on x=0.
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Figure 7.12: Half transmit aperture (centered), points on x=-1cm. Center
of focus on x=0.
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Figure 7.13: Half transmit aperture (centered), points on x=-1cm. Center of
focus on x=-1cm. The receiving aperture has been apodized by a Hanning
window.
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Figure 7.14: Tx is the last 48 elements, points are on x=0. Center of focus
is on x=0.
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Figure 7.15: Tx is the last 48 elements, points are on x=-1cm. Center of
focus is on x=0.
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Figure 7.16: Tx is the last 48 elements, points are on x=1cm. Center of
focus is on x=0.
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Figure 7.17: Tx is the last 48 elements, points are on x=0. Center of focus
is centered on transmit aperture.

which in this case means approximately on x=0.5cm. Figures 7.17, 7.18 on
the facing page and 7.19 on the next page show the results.

Looking at these figures, we see that the sidelobe-effects increases on the
side of the points that is furthest away from the transmitting aperture. The
further away the points get from our focus, the higher is the chance that
these points will be picked up by a sidelobe instead of the main lobe of our
emitted pulse. So this effect is to be expected.

In addition, it seems that the point closest to the aperture (3 cm away)
is a little off the straight line in at least two of the images: figures 7.16 on
the preceding page and 7.19 on the next page. In both these images, the
points lie on x=1cm seen from the aperture. Considering how similar these
two images look, changing the center of focus does not seem to have much
effect in this case. Regarding figures 7.15 on the preceding page and 7.18 on
the next page, where the the points are on x=-1cm, I think it is too difficult
to see if the 3 cm point is off the straight line or not to make any conclusions.
But I think the point seems closer to being on the straight line here than
what is the case when the points are on x=1cm.

7.6 Multiple Line Transmission

In this part of the simulations, I have implemented multiple line transmission.
Four images from different simulations have been put together to produce
the result. One image is the result when the transmitter (Tx) is the first
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Figure 7.18: Tx is the last 48 elements, points are on x=-1cm. Center of
focus is centered on transmit aperture.
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Figure 7.19: Tx is the last 48 elements, points are on x=1cm. Center of
focus is centered on transmit aperture.
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half (first 48 elements) of the aperture, and the reciever (Rx) is also focused
towards the first half (-30 to 0 degrees). In another image, Tx is the second
half of the aperture and Rx is focused towards that same half. The last two
images are from when Rx is focused towards the opposite half of Tx, hence
they include the noise which would have been present in the image if the
two waves had been transmitted simultaneously. Figure 7.20 on the facing
page shows the four images and its resulting sum when the points are on
x=0 and no window function is applied to the receiving aperture. Above
the four figures that lead to the image sum, I have made illustrations of the
transmitting aperture and the receiving aperture. This is to show where the
apertures are located in each case, as well as their spacial extent. As we see,
the receiving aperture is about 2 cm long. The transmitting aperture is half
this length (1 cm). I have also drawn arrows to illustrate in which direction
the apertures are focused.

The observant reader will notice that a straight forward summing of the
four images shown in this figure will not result in the image sum also shown
in the figure. This is because all these images have been normalized by the
same number before being shown: the maximum value of the resulting ma-
trix of the summing of the four simulations. This means that some artifacts
are visible in the sum-image even though they do not appear in the images
from the four different simulations. However, this illustration is meant to
make it easier for the reader to visualize my approach, rather than being a
detailed description.

As we see in Figure 7.20, the resulting image when using two lines for trans-
mit includes more noise than what is the case when just one transmit line is
used (see figures 7.4 on page 56 and 7.11 on page 61).

In Figure 7.21 on page 68, I have moved the points to x=-1cm. In all my
simulations in this section, the center of focus is centered on the transmit
aperture.

Just as in the Vingmed test report [Holm et al., 1995], I seem to get a
geometric distortion when MLT is used and the points are offset from the
center. The points do not longer lie on a straight line. In Figure 7.22 on
page 68, a Hanning window is applied to the receiving aperture in order to
remove some of the sidelobe effects, so that the geometric distortions are
easier to see.

7.7 Mlt using interleaved arrays

As explained earlier, the reason why the geometric distortions arose in the
Vingmed tests, and now also in my simulations, could be the difference in
origin between the transmit and receive beams. By interleaving two sparse
transmit apertures, we can make the transmit beams originate from the same
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Figure 7.20: Illustration of my way of implementing multiple line
transmission.
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Figure 7.21: Multiple line transmission, points are on x=-1cm.
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Figure 7.22: Multiple line transmission, points are on x=-1cm. A Hanning
window is applied to the receiving aperture.
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position as the receive beams. If the above explanation turns out to be right,
then this should give a image without such geometric distortions.

The two arrays have been generated using Ultrasim, a simulator for find-
ing the sound field from transducers [Holm, 2001]. It is implemented as a
toolbox in MatLab. I have tried both the random sparse- and the binned
random approach. In both cases, we start with the fully sampled 96 element
linear array, and then half of the elements are removed through thinning.
The resulting arrays have then been checked to see if the mean value of the
indices of its active elements is just about the middle of the array. If this is
true, it means the receive and transmit beams originate from approximately
the same spot, being the center of the array (x=0). The simulation follows
the same recipe as before: the four images are added together to make the
result.

7.7.1 The random sparse array approach

In this section, the random sparse method has been used. A 2 cm long 96
element linear array with regular spacing has been created in Ultrasim, and
then half of its elements has been removed at random. The second array has
then been created using the opposite indices as its active elements.

The 2D plots of one of these pairs of apertures, and their related beam-
patterns, are shown in Figure 7.23 on the next page. The mean values of
array 1 and array 2 was found to be 51.1667 and 45.8333, respectively.

I then implemented the arrays calculated in Ultrasim in my simulations of
Mlt. Figure 7.24 on page 71 shows the result when the points are on x=0,
and in Figure 7.25 they have been moved to x=-1cm.

As expected, the noise-effects resulting from the sidelobes increase when
these interleaved arrays are used. Even so, it is still possible to see that there
is no longer geometric distortions when the points are offset from the center.
The points now seem to lie on a straight line, both when the points are on
x=0 and x=-1cm. In Figure 7.26 on page 72, the result from Figure 7.25
is shown again, this time with a Hanning window applied to the receiving
aperture.

Another way of reducing the amount of noise in the image is to simply
remove the signals with low amplitude before showing the result. In Matlab,
a way of implementing this is to redefine the greyscale of the images with
the ’caxis’-function. In our case, this method could also make it easier to see
if the geometric distortions are present or not.

Figures 7.27 a) and b) shows the results from figures 7.21 on the facing
page and 7.25 on page 71, respectively, when a redefined greyscale is used.
Instead of showing the signals with amplitudes in the area 0 to -60 dB, only
the ones down to -30 dB is now shown.
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Figure 7.23: The 2D plots and related beampatterns for the pair of random
sparse arrays using Ultrasim. The green dots show the positions of the active
elements in the array.
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Figure 7.24: Multiple line transmission using two interleaved random sparse
arrays. Points are on x=0.
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Figure 7.25: Multiple line transmission using two interleaved random sparse
arrays. Points are on x=-1cm.
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Figure 7.26: Multiple line transmission using two interleaved random sparse
arrays. Points are on x=-1cm. A Hanning window is applied to the receiving
aperture.

Figure 7.27: The greyscale of a couple of the images from the MLT
simulations has been redefined in order to remove noise. The points are on
x=-1cm in both cases. a) The two transmit lines uses opposite halves of the
aperture. b) The elements of the two transmit lines have been interleaved.
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Studying Figure 7.27, we can conclude that the main goal for using this
function was achieved, since almost all of the noise has been removed. If it
is easier to see the geometric distortions here than in the previous pictures is
not that clear. This could depend on the preferences of the person studying
them. For me personly, it seems that the distortions are easiest to see when
we use the original greyscale levels, that is from 0 to -60 dB.

Allthough the noise was effectively removed by the use of this method, it
can be a bit risky, since important information about the points also could
be lost in the process (see the discussion in Section 7.9).

Naturally, using this random approach means that the positions of the ac-
tive elements and hence the beampatterns will change from simulation to
simulation. But after doing multiple simulations, I found that the overall
characteristics of the beampatterns stays pretty similar to the ones for the
arrays I am using, shown in Figure 7.23. In each case, the maximum point
of the main lobe was about 57.5 dB, and the maximum sidelobe level was
about -12 to -13 dB, usually appearing on an azimuth angle of around 50
degrees away from the main lobe.

The difference in the resulting image between these simulations where,
hence, not that big either. As an example, I have shown the result of another
simulation in Figure 7.28. Here, the mean value of array 1 and array 2 is
49.3333 and 47.6667, respectively. These values are closer to the middle of the
array (48) than the mean values for the previously tested arrays, which could
mean that the active elements of both arrays this time were distributed more
uniformly on the aperture. This turned out to be the case, and could be the
reason behind that the resulting image includes slightly less sidelobe effects
when compared to Figure 7.25 on page 71. Besides this small improvement,
which is almost negligible, the figures look very similar.

7.7.2 The binned random approach

The results when using the binned random method for thinning the array
has also been examined. As explained in Section 5.3, this method should
lower the sidelobe levels in the vicinity of the main lobe compared to when
random arrays are used.

As for the random sparse case, I used Ultrasim to create the arrays. The
2D plots and related beampatterns of my arrays are shown in Figure 7.29.
When studying the beampatterns, we can clearly see that the sidelobe levels
close to the main lobe has been lowered compared to the random sparse
approach. In that case, when studying Figure 7.23 on page 70, the sidelobe
levels where fluctuating around -15 dB in the whole range of azimuth angles.
But now, with array 1, the sidelobe levels have been reduced to about -20
dB in the range -20 to 20 degrees. And for array 2, the effect is even more
clear, with the sidelobe levels seemingly staying well under -15 dB in a range
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Figure 7.28: Result of the interleaving method using the second random
sparse array.

of about -35 to 40 degrees.
Because of the fact that no more than two neighbor elements can be ac-

tive in such a binned array, the mean of the indices of the active elements
will always be pretty close to the center of the array. For my case, the mean
is 48.4167 for array 1, and 48.5833 for array 2.

The resulting image from my simulations when the points are on x=-1cm
is shown in Figure 7.30 on page 76. When comparing this image to Figure
7.25, where the random sparse arrays are used, we can see that the sidelobe
effects have been reduced.

Considering these results, it seems fairly safe to conclude that the binned
array has a couple of properties that makes it a better choice for this inter-
weaving method than the random sparse array. Firstly, the active elements
of the binned array are certain to be evenly distributed along the aperture,
resulting in that the mean of both the arrays in a pair is close to the center
of that aperture. This needs not to be the case for the random arrays, where
clusters of active or inactive elements can gather at one end of the aperture.
In an extreme case, this could mean that the transmit beams still originate
from a different spot than the receive beams, which is just the situation we
are trying to avoid.

The second, and most obvious property, is the shape of the beampattern.
After doing multiple simulations, I found that the sidelobes where in almost
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Figure 7.29: 2D plots and related beampatterns for the pair of binned arrays
using Ultrasim. The green dots show the positions of the active elements in
the array.
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Figure 7.30: Multiple line transmission using two interleaved binned random
arrays. Points are on x=-1cm.

every case reduced to a level of -20 to -25 dB within the azimuth angles of
about -20 to 20 degrees away from the main lobe. This is a -5 to -10 dB
damping compared to the beampatterns for the random sparse arrays. The
max sidelobe level in these simulations was in most cases found to be -10
to -11 dB, which is only a increase of about 2 dB compared to the random
sparse arrays. As for the random arrays, these maximum levels appeared on
an angle of about 50 degrees away from the main lobe. Considering that I
am imaging small point targets in the middle of an area of -30 to 30 degrees,
these max levels should not interfere much anyway.

7.8 Mlt using the full aperture as transmitter

I have also simulated multiple line transmission when using all 96 elements
of the transducer as transmitter. This can illustrate the situations where two
beams are sent from the same aperture simultaneously, and where they are
sent within a few mm after each other. As explained earlier, when a small
time-gap is put between the emitting of the two beams, the first few mm
of the first beam will give invalid data. And most systems are not able to
send out multiple beams from the same aperture simultaneously. Anyhow,
these simulations will at least help clarify if it is indeed the difference in
origin between the transmit and receive beams that result in the geometric
distortions in Figure 7.21 on page 68. Because in this case, we know for sure
that the beams originate from the same spot.
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Figure 7.31: Multiple line transmission using the full aperture as Tx. Points
are on x=0.

Figures 7.31 and 7.32 show the results when the points are on x=0 and
x=-1cm, respectively. Just as for the other MLT simulations, four simula-
tions are done and the results are summed together.

7.8.1 Inverted pulse

When two beams with the same frequency is emitted simultaneously like
this, the interference between the signals can generate noise even though
the signals are emitted in different angles. In theory, one method than can
possibly decrease these effects is to invert one of the pulses with respect to
the other.

Figures 7.33 and 7.34 show the results when this method is implemented.
It is hard to see any difference if we compare these figures to the ones where
the inverted pulse is not used. This is probably because of the way I simulate
MLT. The two beams are used in two different simulations, and then the
images are then added together. Hence, the resulting image will not include
the interference between the pulses.

7.9 Discussion

Looking at the images from my simulations, it seems that my results support
the results and statements of the Vingmed report. Just as in this report,
geometric distortions became visible when I used MLT and the points were



78 Results

 

 

−0.04 −0.03 −0.02 −0.01 0 0.01 0.02 0.03 0.04

0

0.01

0.02

0.03

0.04

0.05

0.06

0.07

0.08

−60

−50

−40

−30

−20

−10

0

Figure 7.32: Multiple line transmission using the full aperture as Tx. Points
are on x=-1cm.
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Figure 7.33: Multiple line transmission using the full aperture as Tx. Points
are on x=0. One pulse has been inverted with respect to the other.
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Figure 7.34: Multiple line transmission using the full aperture as Tx. Points
are on x=-1cm. One pulse has been inverted with respect to the other.

offset from the center. And when I tried to implement the solution sug-
gested for overcoming this issue; making the receive beams and transmit
beams originate from the same spot, these distortions disappeared.

The first part of my simulations helps back up the claim that it is in fact
the difference in origin of the transmit and receive beams that results in
the geometric distortions. Here, I used only one transmit line. When I ex-
perimented with moving the transmit aperture along the x-axis so that the
transmit beam would originate from a different spot than the receive beam,
I could make some geometric distortions appear.

The first thing which seems clear from the resulting images of this part,
is that the distortions only appear when the points are offset from the center.
And, interestingly, the distortions seem only to appear when the center of
the transmit aperture or the center of focus is in line with the points. This
can be seen if we compare Figure 7.7 on page 58 to Figure 7.9 on page 59. In
Figure 7.7, the center of focus is set to x=1cm ([1 0 0]), while the points lie on
the opposite side of the z-axis. No distortions are visible. But in Figure 7.9,
where both the points and the center of focus is on x=-1cm, the distortions
appear. The same thing seems to be the case when we change the position
of the transmit aperture. Although it is maybe not as clear as in Figure 7.9,
the distortions can be seen if we compare figures 7.16 on page 63 and 7.19
on page 65, where the points lie directly above the center of the transmit
aperture, to figures 7.15 and 7.18, where the points are on the opposite side



80 Results

of the z-axis. In other words, it seems that both changing the center of focus
and moving the transmit aperture away from the receive aperture can make
these distortions appear.

As we see in Figure 7.25 on page 71, although using the interweaving method
for implementing MLT removes the geometric distortions, it also gives rise to
more noise. There could be more than one reason for this. Firstly, the ran-
domness of choosing the position of the elements in each of the two transmit
arrays can lead to that the condition for the spacing between the elements to
avoid grating lobes (Equation 4.3 on page 28) is no longer fulfilled. We also
know that thinned arrays will result in more sidelobe-effects than regularly
spaced arrays, as discussed in Section 5.3. Secondly, because of the fact that
the two beams are emitted from approximately the same point, the signals
are bound to interfere with each other more than what is the case when the
two transmit lines use opposite halves of the aperture.

In other words, there is a trade off between getting rid of the distortions
and the amount of noise in the image. The level of noise can still be reduced
though, by applying a window function to the receive aperture. See the
difference between figures 7.25 on page 71 and 7.26 on page 72. Another
method which could be used in addition to this is to use a function which
filters out the received signals with amplitude under a given value before
showing the result. In this way we could end up with just the signals with
the highest amplitude (the brightest spots) in the images, and hence the
noise would be removed. In this thesis, this has been implemented in Matlab
through the ’caxis’-method. Allthough much of the noise was removed, we
should be aware of that relevant information about the points could be lost
in the process. Signals with a lower amplitude do not necessarily have
to be unwanted noise, but could be information-carrying signals that has
decayed in amplitude due to attenuation. Also, even though signals arriving
from different directions than our desired points in most cases are seen as
redundant, they should sometimes be included to show us the ’whole picture’.
In this way, the shortcomings of our imaging process; such as sidelobe effects
and scattering, are revealed. This makes us able to find our margin of error,
and shows us how we could improve the system for later tests.
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Conclusion

I have managed to reproduce the geometric distortions from the Vingmed
test report by using FieldII in the Matlab environment. By using these tools
for simulations, I could easily change different parameters and do the indi-
vidual simulations in less than 5 minutes. So these tools are very suitable for
this kind of research. I could break the MLT - problem into smaller parts to
easier help verify that it is indeed the difference in point of origin between
the receive - and transmit beams that leads to these distortions.

An overview of some of the different known methods for increasing the frame
rate of a medical ultrasound system has been given. The most commom
method has been Multiple Line Acquisition, so arguments for and against
this approach is discussed in this thesis. Also, related to the method in fo-
cus in this thesis; Multiple Line Transmission, different ways of sending out
multiple beams has been presented.

According to my results, forcing the receive- and transmit beams to orig-
inate from the same position eliminates the geometric distortions. This has
been implemented both by using the same, full aperture for both transmit
beams, and by interweaving two sparse arrays. The latter method would of-
ten be preferred due to the practical limitations and resulting errors of using
the full aperture. That being said, using the full aperture do result in less
sidelobe effects than when the interweaving method is used. So, if simulta-
neous emitting of multiple beams from the same aperture is supported by
your hardware, maybe the best option is to use the full aperture.

8.1 Further work

A natural extension of this work would be to implement these simulations
in a real ultrasound imaging system. If possible, one should try to use
two interleaved sparse arrays and see if the geometric distortions that was
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visible when using multiple line transmission, disappear as they did in my
simulations. By keeping the value of the parameters as close as possible to
the ones used in my setup, and testing several times, the results should also
help clarify how accurate simulations done in Field II are when compared to
reality.

Also, limitations in my way of implementing MLT means that a couple
of methods I could not simulate, instead can be tested with a real system.
These are emitting inverted pulses, or pulses with different frequencies, when
using MLT. As mentioned in the result - part of this text, my results does
not include the interfering between the two beams since two different sim-
ulations are done to produce the final image. If using beams with different
frequencies gives images with better quality, this should be visible in tests
done with a real ultrasound imaging system.

Some further work can also be done regarding the computer simulations.
When using the interleaved arrays, algorithms to optimize the positions of
the elements in the sparse arrays can be implemented. This should in theory
decrease the noise in the image by reducing the sidelobe - effects.

One could also try doing these simulations with a 2D array transducer.
It would be interesting to know if the interweaving method is directly
implementable with such a transducer, or otherwise, how much one has to
change the setup to make this work. Much of the ultrasound tests today are
done in 3D, so completing the simulations with a 2D transducer is also a
natural step.
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Appendix A

Source code

A.1 FieldII.m

% ----------------------- FieldII.m -------------------
%
% This is a modified version of the phased array imaging example in the
% FieldII user’s guide:
% http://server.elektro.dtu.dk/www/jaj/field/?users_guide.html
% The example was originally written by Jørgen Arendt Jensen, Nov. 28, 1995.
%
% This version images point sources, but other phantoms can also be used.
% The output is a figure with your scancoverted image, which is also saved
% both as a .eps and .pdf - file. There are no input or output parameters,
% but you can use a different setup by changing the parameters in the
% routine.
%
% The function flat_rect_array was originally created by Andreas Austeng
% for making rectangular arrays. By using this funcion, you are able to
% position the aperture on different parts of the x - axis by modifying the
% rect - and center matrices. Thanks to Andreas for also helping me with
% other parts of the code. His name is written above the parts where I
% felt his assistance was particularly helpful.
%
% Language: Matlab 7.7.0
%
% Version: The routine has been modified frequently since May, 2009.
% Now that it’s been cleaned up, let’s call it version 1.0
%
% FieldII version: 3.16, Aug. 13, 2007.
%
%
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% Øyvind Bakken, Oct. 1., 2009
%
% -----------------------------------------------------

clear all;
field_init(0);

f0=3.5e6; % Transducer center frequency [Hz]
fs=160e6; % Sampling frequency [Hz]
c=1540; % Speed of sound [m/s]
lambda=c/f0; % Wavelength
element_height=13e-3; % Height of element [m]
pitch=lambda/2; % Pitch of elements
kerf=pitch/6; % Distance between transducer elements [m]
element_width=pitch-kerf; % Width of element [m]
focus=[0 0 40]/1000; % Fixed focal point [m]

%%
Nels = 96;

%%
set_field(’fs’,fs);

[rect, center] = flat_rect_array(Nels/2, element_width, kerf, 1, element_height, ...
0, 2, 10);

% Moving aperture along the x-axis
if 1,

% Move left end of aperture to x=0
centerOffset = (Nels/4)*pitch;

end
rect(:,[2 5 8 11 17]) = rect(:,[2 5 8 11 17]) + centerOffset;
center(:,1) = center(:,1) + centerOffset;

emit_aperture = xdc_rectangles(rect, center, focus);

xdc_center_focus(emit_aperture,[centerOffset 0 0]);

%%
% Set the impulse response and excitation of the emit aperture
impulse_response=sin(2*pi*f0*(0:1/fs:2/f0));
impulse_response=impulse_response.*hanning(max(size(impulse_response)))’;



A.1 FieldII.m 91

xdc_impulse (emit_aperture, impulse_response);

excitation=sin(2*pi*f0*(0:1/fs:2/f0));
xdc_excitation (emit_aperture, excitation);

% Generate aperture for reception
receive_aperture = xdc_linear_array (Nels, element_width, element_height, kerf, ...
2, 10,focus);

xdc_center_focus(receive_aperture,[0 0 0]);

% Use a hanning window as apodization on the receive aperture
xdc_apodization(receive_aperture,0,hanning(Nels)’);

% Set the impulse response for the receive aperture
xdc_impulse (receive_aperture, impulse_response);

% Define a small phantom with scatters at different depths
Depths = [30 40 50 60 70 80]*1e-3;

x = zeros(length(Depths),1);

y = x;
z = x;

z=[Depths’];

Sep= 0.01;

% The points are on x = Sep cm
x= Sep*ones(length(Depths),1);

positions=[x y z];

dybde = linspace(-10e-3,90e-3,500)’;
tid = (2*dybde/c);

amp=ones(length(Depths),1);

% Do phased array imaging
no_lines=60; % Number of A-lines in image
sector=60 * pi/180; % Size of image sector
d_theta=sector/no_lines; % Increment in angle



92 Source code

d_thetaRec = d_theta;

theta= -sector/2;
thetaRec = -sector/2;

% Pre-allocate some storage
image_data=zeros(800,no_lines);

nullerne = zeros(length(dybde),1);

focal_zones = [[30:10:80]*1e-3].’; % Same as Depths, so every point is in focus
Nf = max(size(focal_zones));
focus_times = (focal_zones-10e-3)/c;

LengthConv = length(excitation) + 2*length(impulse_response)-2;

for i=1:no_lines
% Set the focus for this direction

xdc_focus (emit_aperture, 0, [focus(3)*sin(theta) 0 focus(3)*cos(theta)]);

xdc_focus (receive_aperture, focus_times, ...
[focal_zones*sin(thetaRec), zeros(Nf,1), focal_zones*cos(thetaRec)]);

% Calculate the received response
[v, t1]=calc_scat(emit_aperture, receive_aperture, positions, amp);

% Andreas Austeng
% Store the result
Start = floor(t1*fs - LengthConv/2);
image_data(Start + [0:max(size(v))-1],i)=v’;
times(i) = t1;

% Steer in another angle
theta = theta + d_theta;
thetaRec = thetaRec + d_thetaRec;

end

image = hilbert(image_data).’;
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%%
% Andreas Austeng
% Finding the axes for plotting scanconverted image
Phi = linspace(-30,30,60)’;
MinRad = 0;
MaxRad = MinRad + length(image)/fs*c/2;
Rad = linspace(MinRad,MaxRad,length(image))’;

% Plotting scanconverted image with a white line on x-coord. of the points
figure;
clf
colormap(gray);
[Xer,Zer,ImageI,SC] = ScanConv(abs(image.’),Phi,Rad.’);
ImageISC = ImageI/max(ImageI(:));
B = isnan(ImageISC);
ImageISC2 = ImageISC;
ImageISC2(B) = 1;
imagesc(Xer,Zer,20*log10(ImageISC2)); colorbar;
hold on
plot([Sep,Sep],[0 0.1],’w-’)
hold off
caxis([-60 0])

% Saving the image as a eps - and pdf file
PRINTOPT = ’-deps2c’;
fname = ’Ny_kode’;
cmd = [’print ’,PRINTOPT,’ ’,fname];
eval(cmd);
cmd = [’epstopdf ’, fname, ’.eps’];
unix(cmd);

%%
field_end();

A.2 flat_rect_array.m

% Defines the rect-matrix for a rectangular array.
% To be used together width field.
%
% Calling: [rect, center] = flat_rect_array(N, el_w, ...



94 Source code

% kerf_x, M, el_h, kerf_y, ...
% NuMatEl_x, NuMatEl_y);
%
% Arguments: N : Number of elements in x-direction
% el_w : Elementwidth, x-direction
% kerf_x : Kerf, x-direction
% M : Number of elements in y-direction
% el_h : Elementheight, y-direction
% kerf_y : Kerf, x-direction
% NuMatEl_x : Number of mathematical elements per
% physical in x-direction
% NuMatEl_y : Number of mathematical elements per
% physical in y-direction
%
% NB! dist. between elements: el_w + kerf_x
% og el_h + kerf_h
%
% Return: rect : rectangle-matrix as required of xdc_rectangles
% center : center-matrix as required of xdc_rectangles
%
% Version 1.0, August 28, 1998 by AA
% 1.1, September 1, 1998 by AA
% Made dist_x = el_w + kerf_x
% and dist_y = el_h + kerf_y
%
% Limitations:
% ... possibly!
%
function [rect, center] = flat_rect_array(N, el_w, kerf_x, M, ...

el_h, kerf_y, NuMatEl_x, NuMatEl_y)

rect = [];
center = [];

if nargin ~= 8,
disp(’Wrong number of arguments, see help flat_rect_array’);
return

end

dist_x = el_w + kerf_x;
dist_y = el_h + kerf_y;

elem_nu = 1;
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for ii = -N/2:1:N/2-1
for jj = -M/2:1:M/2-1
mat_el_nu = 1;
for kk_x = 1:NuMatEl_x

for kk_y = 1:NuMatEl_y

Cor1 = [(ii*dist_x+kerf_x/2+(kk_x-1)*el_w/NuMatEl_x) ...
(jj*dist_y+kerf_y/2+(kk_y-1)*el_h/NuMatEl_y) 0];

Cor2 = [(ii*dist_x+kerf_x/2+(kk_x)*el_w/NuMatEl_x) ...
(jj*dist_y+kerf_y/2+(kk_y-1)*el_h/NuMatEl_y) 0];

Cor3 = [(ii*dist_x+kerf_x/2+(kk_x)*el_w/NuMatEl_x) ...
(jj*dist_y+kerf_y/2+(kk_y)*el_h/NuMatEl_y) 0];

Cor4 = [(ii*dist_x+kerf_x/2+(kk_x-1)*el_w/NuMatEl_x) ...
(jj*dist_y+kerf_y/2+(kk_y)*el_h/NuMatEl_y) 0];

Cent = [(ii*dist_x+kerf_x/2+(kk_x-.5)*el_w/NuMatEl_x) ...
(jj*dist_y+kerf_y/2+(kk_y-.5)*el_h/NuMatEl_y) 0];

rect = [rect; elem_nu Cor1 Cor2 Cor3 Cor4 1 ...
el_w/NuMatEl_x el_h/NuMatEl_y Cent];
end

end

curr_cent = [(ii+.5)*dist_x (jj+.5)*dist_y 0];
center = [center; curr_cent];
elem_nu = elem_nu + 1;

end
end

A.3 ScanConv.m

% Version 1.0 by AA
%

function [Xer,Zer,ImageI,SC] = ScanConvX(Bilde,Phi,Rad)
% Scanconvertering:
NX = 512;
NZ = 512;

MinX = -sin(pi/180*max(abs(Phi)))*max(Rad);
MaxX = -MinX;
MinZ = min(Rad);
MaxZ = max(Rad);
Xer = [MinX:(MaxX-MinX)/(NX-1):MaxX];
Zer = [MinZ:(MaxZ-MinZ)/(NZ-1):MaxZ];
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[tmpX,tmpZ] = meshgrid(Xer,Zer);
PhiI = atan(tmpX./tmpZ);
RadI = sqrt(tmpX.*tmpX + tmpZ.*tmpZ);

ImageI = interp2(pi/180*Phi,Rad,Bilde,...
PhiI,RadI,’linear’);

ImageNAN = find(isnan(ImageI(:)));
ImageIsc = ImageI-min(ImageI(:));
ImageIsc = ImageIsc/max(ImageIsc(:));
SC = 20*log10(ImageIsc);
SC(ImageNAN) = 0;


