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’l Introduction

1.1 HISTORY

The potential of ulirasound as an imaging modality was réalized as early as the
Iate 19405 when, wilizing sonar and radar technology developed during World
War Il several groups of investigators around the world started exploring ding-
nostic capabilities of ulirasound (Goldberg and Kimmelman, 1988). In the early
19505, John Wild and John Reid in Minnesota developed a prototype B-mode
ultrasonic imaging instrument and were able to demonstrate the capability of
ultrasound for imaging and characierization of cancerous (ssues af [requencics as
high as 15 MHz. John Wild's pioncering effort and accomplishment were recog-
nized with the Japan Prize in 1991, At the same time, apparently unaware of the
effort by Wild and Reid, Douglas Howry and Joseph Holms an the University of
Colorado ot Denver also built an ultrosonic imaging device with which they
prodduced cross-sectional images of the arm and leg.

Staning in the late 19405, medical applications of wltrasound in Japan were
explored by Kenji Tonaka and Toshio Wagai. Two Japanese investigators, Shigeo
Satomura and Yasuhara Nimura, were credited with the carliest development of
ultrasonic Doppler devices for monitoring tssue motion and blood fow i 1955,
Virually simultaneously with the work going on in Japan and in the U.S., Inge Edler
and Hellmuth Herz at the University of Lund in Sweden worked on echocardio-
graphy, an ultrasound imaging technique for imaging cardiac structures and moni-
toring cardiac functions. [n parallel with these developments on the diagnostic front,
William Fry and his colleagues at the University of Illinois at Urbana worked on
using high-intensity ultrasound beams 1o treat neurological disorders in the brain,

The primary form of ultrasonic imaging 1o date has been that of a pulse-echo
mode. The principle is very similar to that of sonar and radar, In essence, following
an ultrasonic pulse transmission, echoes from the medium being interrogated are
detected and vsed to form an image. Much of the terminology used in ultrasound
was imported from the field of sonar and radar. Although pulse—echo ultrasound had
been used o disgnose a variety of medical problems since the 1950s, it did not
become a widely accepted dingnostic tool until the early 19705 when gray-scale
ultrazound with nonlinear echo amplitude 1o gray level mapping was introduced.
Continuous wave (CW) and pulsed wave Doppler (PW) ultrasound devices for
measuring blood flow also became available during that time. Duplex ulrasound
scanners that combined both functions, thus allowing the imaging of anatomy and
the measurement of blood flow with one single instrument, soon followed. Today,
ultrasouwnd is the second most wiilized diagnostic imaging modality in medicine,
second only 1o conventional x-ray. and is a critically imponant dingnostic tool of
any medical cility.
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Although ultrasound has been in existence for more than 40 years and is con-
sidered a matre technology by many, the field is by no means in 2 siagnant state,
Technical advances are still being made. The imtroduction of contrast agents, har-
monic imaging. Aow and tissue displacement imaging, multidimensicnal imaging,
and high-frequency imaging are just a few examples. In this book, these new
developments, along with fundamental physics, instrumentation, system architecture,
binlogical effects of ultrasound, and clinical applications, will be discussed in detail.

1.2 ROLE OF ULTRASOUND IN MEDICAL IMAGING

Ultrasound not only complements the more traditional approaches such as x-ray, but
also possesses unique characteristics that are advantageous in companson 1o other
competing modalities such as x-ray computed tomography (CT), radionuciide emis-
sion fomography, and magnetic resonance imaging (MRI). More specifically:

*  Ulrasound is a form of nonionizing radiation and is considered safe o
the best of present knowledge.

= It is less expensive than imaging modalities of similar capabilities,

* It produces images in real time, unattainable at the present time by any
other methods.

+ It has a resolution m the millimeter range for the frequencies being
clinically used today, which may be improved if the frequency is
increased.

* It can yield blood flow information by applying the Doppler principle.

*  Itis portable and thus can be easily trangported to the bedside of a patient.

Ultrasound also hos several drawbacks. Chief among them are:

*  Organs containing gases and bony structures cannol be adequately imaged
without introducing specialized procedures.

*  Only a limited window is available for ultrasonic examination of certain
organs, such as hean and neonaal brain.

+ [t depends on operator skill.

« It is sometimes impossible to obain good images from certain types ol
patients, including obese patients,

The many advantages that ulirasound can offer have enabled it to become a
valuable diagnostic wol in such medical disciplines as cardiology, obstetrics, gyne-
cology, surgery, pediatrics, radiology, and neurology, to name just a few. The rela-
tionship among ultrasound and other imaging modalities is a dynamic one. Ultra-
sound is the 1ol of choice in obstetrics primarily because of its noninvasive nature,
its cost-effectiveness, and its real-time imaging capability. This role will not change
in the foreseeable future. Ulrasound also enjoys similar success in cardiology,
demonsirated by the fact that echocardiography is a training that every cardiologist
must have. The future of ulirasound in cardiology, however, is not as rosy as in
obstetrics beeause, as ultrasound progresses at a rapid rate, other competing imaging
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maodalities such as multislice spiral CT and MR are also making great strides in
improving the image acquisition rate and image quality.

Ulrasound may lose ground in certain areas but it may gain in other arcas,
Ultrasound mammography is an example of gradually gaining importance in breast
cancer imaging. Mevertheless, at the time of heightened public concern with health
care cosls, the cost-effectiveness of an imaging ool is a crucial factor in planning
diagnostic strategies. Diagnostic ultrazound is particularly attractive in this respect
and has been anticipated by many clinicians and manufacturers 10 be a major
mesdality of the future.

Although the pace of development in therapeutic ultrasound has not been as
striking as in diagnostic ultrasound, significant progress has also been made in the
past decades. These efforts have been primarily focused on developing better devices
for hyperthermia, frequently in combination with chemotherapy or radiotherapy, for
the treatment of twmors and for high-intensity focused tissve ablation.

1.3 PURPOSE OF THE BOOK

This book is based upon the notes for a graduate course on ultrasound imaging that
the author has been teaching at the Depanment of Bioengineening, Pennsylvania
State University, and the Depariment of Biomedical Engineering, University of
Southern California, since 1985, It is intended to be a textbook for a senior- to
gradume-level course in ultrasonic imaging. When the author was teaching the
course, he realized that not a single book in ultrasound imaging on the market teday
contained sufficient technical material suitable for adoption as a textbook at the
college or graduate-school level, although many excellent books for clinicians and
technologists were in print. This book should also be useful as a reference for
physicists, engineers, clinicians, and sonographers who are interested in learning
maore about the wechnical side of diagnostic ultrasound.
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Fundamentals of
Acoustic Propagation

Ultrasound is a sound wave characterized by such parameters as pressure, particle (or
medium) velocity, particle displacement, density, and temperamre. [t differs from a
sound wave in that its frequency is higher than 20 = 10° cycles per second or 20 kHz
(kiloheriz). The audible range of human ear is from 20 Hz to 20 kHz. Because
ulirasound is a wive, it transmils energy just like an electromagnetic wave or radiation.
Unlike an electromagnetic wave, however, sound requires a medium in which o travel
and thus cannol propagate in a vacuum,

To better visualize how the sound propagates through a homogeneous medium,
the medium can be modeled as a three-dimensional matrix of elements, which may
represent molecules, atoms, or elemental particles, separated by perfect elastic
springs representing interelement forces. To simplify the matter even more, only a
two-dimensional lattice is shown in Figure 2.1, in which the elements are repre-
sented by spheres. When a panticle is pushed to a distance from its neutral position,
the disturbance or force is transmitted to the adjacent particle by the spring. This
creates a chain reaction. I the driving force is oscillating back and forth or sinu-
soidally, the panicles respond by oscillating in the same way. The distance, U,
traveled by the particle in the acoustic propagation is called particle or medium
displacement, usually in the order of a few tenths of a nanometer in water. The
velocity of the particle oseillating back and forth is called panticle or medium
velocity, u, and is in the order of a few centimeters per second in water. It must be
noted that this velocity is different from the rate at which the energy is propagating
through the medivm,

The velocity at which the ultrasound energy propagates through the medium
iz defined as the phase velocity or the sound propagation velocity, ¢. In water, ¢ =
1500 m/s. This is illustrated in Figure 2.1, which shows that the sound velocity is
much Faster than the particle velocity. Although the particle has only moved a short
distance, the perturbation has already been transmitted o other particles over a
much longer distance, . Ag a sinuseidal disturbance is propagated into a liquid
medium, regions of medium compression and rarefaction will be produced. as
shown in Figure 2.2, The displacement of the particles, U, is in the same direction
as the direction of wave propagation, X. This type of wave is called a longitudinal
or compressional wave.

The particle displacement in the rarefaction region is the largest and it is the
smallest in the compression. If the displacement of the panicles vs. distance or the
displacement of a particle vs, time 15 plotted, it can be seen that the particle moves
in a sinusoidal format as shown in Figure 2.3. The wavelength of a sound wave, &,
is defined as the distance between two points of the same phase in space. For example,
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Molecules

| Spring representing
Intermoelcular forces

— | —

U = particle displacement
L = Distance that the energy has traveled

FIGURE 2.1 A two-dimensional matnix of molecules perurbed by an external force, The
actual phvsical displacement of the lattices, U, is much smaller than the distance that the
energy has traveled, represented by L7,

two peaks, or the distance for one cycle of wave to occer al a fixed time and the
period. T. is defined as the time lapse between two points in time of the same phase,
that is, two peaks or the time that it takes for one eyele of wave to oceur at a fixed
point in space. It follows. from these definitions that

Tc=A (2.1

!
|

ee o @ e 88 @ ]
e 9 -] ¢ eo o [
oo @ U @ e o0 o o
e o~ " o e o8 © ]
o8 & ] & 88 @ &
a8 o @ e se @ ™
(- ] L] L] - ] L -] L] (-]
X

FIGURE 2.2 Regions of compression and rarefaction are formed in a medium during
sinusoidal wave propagation.
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Fixed Time
E
{IANVA
=
B
E
E \/ \/
E
——
Distance along Z axis
Fixed Distance
E
: U \./
2
—r—

Time

FIGURE 2.3 Af o fixed time. the distance between two troughs or two peaks is defined as
the wivelength, whereas, at a fixed distance, the time lapse between two troughs is called the
period,

Because frequency. f, is defined as £ = 1/T, Equation (2.1) can be rewritien as
fi=¢ (2.2)

For an ultrasonic wave at 5 MHz, the wavelength is abouwt 300 pm. It will be shown
fater that the spatial resolution of an ultrasonic imaging system, that is. its capability
o resolve an object spatially, is primarily determined by the wavelength, The ultinate
resolution that a 5-MHz ultrmsonic imaging system can achieve is 300 pm. To improve
the resolution, one option is 1 increase the frequency. In contrast, the wavelengths
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involved in X-ray or optical imaging are much shorter. Thus, for these modalities, the
frequency in general is not as critical when spatial resolution is concerned.

2.1 STRESS AND STRAIN RELATIONSHIPS

Acoustic propagation involves the propagation of a mechanical disturbance whose
behavior can be derived from the fundamental concepts of strain and stress. An
ngremental cube of material within a body with external forces applied to it is shown
in Figere 2.4, The stress 1s defined as the tensile force exeried on the incremental
cube by other parts of the body per wnit area. On a unit surface perpendicular 1o the
Z-axis or Z-plane. the stress can be separated into three components:

longitudinal swress mn the Z-direction
shear stress in the Y-direction
shear stress in the X-direction

KH
K.
“'.J."

Similarly, ®.. K. ¥, and K... K,,. K, denote the stresses acting on the ¥ and X-
planes. The deformation of the cube caused by an external force is described by the
parameter, strain, defined as the displacement per unit distance. The longidinal
strain in the Z-direction by the Z-plane 15

W
. LW
= gz
¥
Ak
Ky ® e . Az
dz
Ky} Kt :I o
Voo El',.l r
% :." . % a’:ﬂ
Gy wafessd : o« -t-.,-u.T.ﬁ:
i 4 5
Ay i
B e
A
Az z

FIGURE 2.4 A stress applicd 10 3 unit cube,
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and the shear strain in the X-direction by the Z-plane along the Z-axis i
5 15

E: - ‘aﬁ

oz
where U, V. and W denote the displacements in the X-, ¥, and Z-directions, respec-
tively. They are functions of (x.y.z). The longitudinal and shear strains are gn;phi call
illustrated in Figure 2.5. *

)

oy=0

1]

FIGURE 2.5 (a) Longitudinal strain of a Z-plane in the Z-dircetion, (b) Shear steain of a Z-
plane in the Ydirection.
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Under the condition of small displacements, the stress-strain relationships are
linear {Malecks. 1969):

K, =(v+2u) %‘—_‘: =(v+2ulE, (2.3)
K= e (2.4)
atl
K.=H—=pe_ (2.5)
i l*;k HE,,

where v and | are Lamé constants and @ is also called the shear modulus because
it relates the shear sirain (o shear stress. The Lamé constants are related 1o the more
convenlional material constants, such as Young's modulus (£). bulk modulus {#).
and Poisson’s ratio (), by the following equations:

FE= _FH{EU"I'_'ZJL}
vl

E::'U-I-EEE

ﬁ:. v

2Av+u)

The definitions of these conventional elastic constants con be beter understood
by examining Figure 2.6_ which shows a square bar under tensile siress. The Young's
modulus is defined as the ratio of stressfstrain or « /e and the Poisson ratio is

A, ——. é h I : == AK,,

FIGURE 2.6 A bar of square cross-section under tensile siress. 21 and A are the lemgth and
the cross-sectional areie of the bar, respectively: 2his the height.
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defined as the negative of the ratio of strain in the transverse direction 1o the strain
in the longitudinal direction, or —£,J€,,.

The bulk modulus is the inverse of the compressibility of the medium. The
compressibility (G) of a medium is defined as the negative of the change in volume
per unit volume per unit change in pressure:

v ap

where V denotes the volume of a medivm and p the pressure. Pressure is the
normal compressional foree applied on a surface per unit area of the surface and
is expressed in pascals or newtonsfm?. Therefore, the pressure applied on a surface
cguals the negative of the stress applied on that surface. For a surface perpendicular
to the Z-axis, p = —K,.. [n a Auid in which p approaches 0, # ~ v and £ - 0,

2.2 ACOUSTIC WAVE EQUATION

The equation of motion in the Z-direction for an incremental cube as shown in Figure
2.4 can be readily obtained by applying MNewton's second law, that is, summing the
net force applied on the cube in the Z-direction:

k. O, dk, FW

___+ L]

e

(2.6)

where p is the mass density of the cube and ¢ is time. The lefi-hand side of the
equation is the toial force acting on the cube in the Z-direction and the right-hand
side is simply the product of the mass and the acceleration produced by the force.

2.2.1 CospPressional Wave

For the case in which no shear stresses are present, ¥, and ¥, = 0 and Equation
(2.6) can be reduced to:

ox_ a*W
o p—— 2.7
x P =k

Substituting Equation (2.3) into Equation (2.7),

d*W P o'W

P VR e TR

(2.8)

This second-order differential equation is called the wave equation. The solutions
for this equation have the form of fiz % of), where the negative sign indicates a wave
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traveling in the +Z-direction and the positive sign indicates a wave traveling in the
—Z-direction. The displacement, W, is in the same direction as the wave propagation
direction, Z. This type of wave is called a compressional or longitudinal wave. The
sinusoidal solution for this equation is:

Wz, 1) = W ortiz) (2.9

where
W and W* denote displacements for positive- and negative-treveling waves,
respectively
w = angular frequency = 2mf
k= wfr is the wave number

Sound velocity ¢ is given by

i {‘“‘2“ (2.10)
P
I:) |
L '._. (@11
J: Gp

It is worth noting from this equation that the sound velocity in a medium s
determined by the density and the compressibility of a medium. Sound velocity in
air is much smaller than that in water. This is because, although air has a small
density. its compressibility is quite large and thus offsets the smaller density.

For a fluid, pt =0,

2.2.2 SHeam Wave

For a case in which k. = k., = 0, a new type of wave in which the displacement,
W, is perpendicular to the direction of propagation, X, is characierized by:

D gt
A P

By substitwiing %., = p{dWidy) into the preceding eguation.

EW _p IW
ox:  op oA

(2.12)

This equation deseribes o wave traveling in the X-direction with a displacement
in the Z-direction, The sinusoidal solution to Equation (2.12) is

|'n""l,1~f.l='|'!"'|;.'-'"l"u"“ (2.13)
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This type of wave expressed by Equation (2.13) is called 4
wave, The wave number for the shear wave is given by k =

shear wave propagation velocity given by

shear or transverse
wie,, whepe ¢, is the

B

e P (2.14)

It is obvious from Equation (2.14) that a shear wave can only exist in a medium with
nonzero shear modulus, that is, fluid cannot suppon the propagation of a shear wave.

As apparent from Equation (2.11) and Equation (2.14), the longitudinal and
shear velocities are affected by the mechanical propenies of a tissue. Pathological
processes that aliernate these properties can cause the sound velocity to change.
‘Therefore, if the velocity can be accurately measured, the result can be vsed 1o infer
or diagnose the pathology. A few ultrasonic devices in the market today for diag-
nosing osteoporosis are based upon this principle because osteoporosis causes a loss
of bone mass.

2.3 CHARACTERISTIC IMPEDANCE

For sinusoidal excitation, the medium velocity or particle velocity in the Z-direction,
1., can be found from the particle displacement, W, by differentiating W with respect
to I

L
u, = % = joW

It can be seen that the particle velocity is always 90° out of phase relative 1o
the displacement. Pressure is related to the stress by the following equation:

P=—Ky
Thus, it follows from Equation (2.3) that

aw
=—{v+ 20— (2.15)
p==( i =

For a longitudinal wave, the displacement W is given by Equation (2.9). Substi-
tuting Equation (2.9) into Equation (2.15),

p* =2 jk(v + 20)W* = £ jopcW*

Replacing joW by u,.

P* =2pecu’ (2.16)
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TABLE 2.1
Acoustic Properties of Biological Tissues and Relevant Materials
Acoustic Altenuation Backscaltering
Speed (mfs)  Impedance Coefficient Coefficient
Material at 20 to 25°C Mrayl) inpicm at 1 MHz)  fomc'se! at 5 MHzh
Air 343 QL0004 1.38 —
Waier 1480 1.48 000025 —_
Faa 1450 I.38 [LL1 =
Myocandnm 1550 1.62 o5 Bow [
(perpendicular
1o fibers)
Blood 1550 1.6l 0.0z T
Liver 1570 1.65 Rl 5= 10
Skull bone 3360 .00 1.30 B
Aluminim 6420 17.00 00021 -

Mote that the pressure, like the velocity, is 90% out of phase relative o the
displacement. Equation (2.16) also indicates that the pressure and velocity are in
phase for the positive-traveling wave, and 180° out of phase for the negative-iraveling
wave.

The specific acoustic impedance of a medivm is defined as:

Z*nf—!-=ipc' (2.I'M
TS

where the product, pe. is also called the characteristic acoustic impedance of the
medium. The acoustic impedance has a unit of kg/m*-sec, or rayl, 1o commemorate
Lord Rayleigh, the father of modern acoustics. The positive and negative signs ang
for the positive- and negative-traveling waves, respectively.

The acoustic velocity and impedance for a few common materials and biological
tissues are listed in Table 2.1. The acoustic velocity in a medium is a sensitive
function of the emperature but its dependence on frequency is minimal over the
frequency range from | 1o 15 MHz. As will be seen later. the acoustic impedance
is a very imponant parameter in ulirasenic imaging because it determines the ampli-
tude of the echoes reflected or scattered by tissue components. These echoes are
acquired by an imaging device 1o form an image.

2.4 INTENSITY

The imensity of an ultrasonic wave is the average energy carried by a wave per
unit arca normal 1o the direction of propagation over time. It is well known that
energy consumed by a force, F, which has moved an object by a distance, L, is
equal 1 FL. The power is defined as energy per unit time. Ulirasound is a pressure
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wave: thus, one may intuitively deduce from the preceding relationship that the
power, P carried by an ultrasonic wave is given by

# = (force exened by the pressure wave - medium displacement Witime
= force - medium velocity

Mow, because intensity, (7}, is the power carried by the wave per unit area, it
follows that

iy = dPfdA = pliuir)

For the case of sinusoidal propagation. the average intensity, £, can be found by
averaging i(s) over a cycle:

[ I
I = poiiy T L SN oN = Epuu,u (2.18)
where p, and i, denote peak values of pressure and medium velocity, respectively,
and T is the period. Because Z = pfir = pe, substituting p = peu into Equation (2.18),

I -
b= paty

Here it is appropriate to define a few terms related 1o ultrasound intensity that
have been wsed frequently in medical ultrasound s indicators of exposure level.
These definitions are necessary because a majority of the current ultrasonic imaging
devices are of the pulse-echo type in which very short pulses of ultrasound consisting
of a few eycles of the oscillation are transmitted. This is illustrated in Figure 2.7

Intensity
e

/T, = pulse duration/pulse repetition period
= duty cycle

Irp = temparal peak intensity,
Iy, = temporal averaged intensity = (1T} Iyp

FIGURE 2.7 An ulirasonic pulse train in time with a temporml peak intensity fr., pulse
duration T, and pulse repetiion period T,
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lgpm 1 u'.fi;m!

0.8 wicm?

Intenity
Tga

2ax

FIGURE 2.8 The ubirazonic Imeral beam profile in the X-direction with the propagation
direction in the Z-direction,

Therefore, the iemporal averaged imensity differs from that given by Equation (2. 18],
Moreover, the intensity within an ulirasound beam in general is not spatially uniform.
The typical profile of an ultrasome beam 15 shown in Figure 2.8, The spatial averaged
intensity, {.,. is defined as the average intensity over the ulirasound beam:

I S e
""'_m s (x)ely

where 2Av is the beam width, which 13 oflen defined as (he spatial extent between
the two =3 or =6 dB points. In Figure 2.8, it can be seen the spatial peak imensity
in the beam is 1 W/em® and the spatial average imensity is enly 0.8 Wiem’,

Temporal average inlensity is defined as the average intensily over a pulse
repetition period. T,, and is given by the product of duty factor and temporal peak
intensity where the duty factor is defined as

Duty factor = pulsed duration (TWpulsed repetition period (7))

In Figure 2.7, it can be seen that the duty factor is 0.1, Whenever biological
effects of ulrasound are considered, it is absolutely crucial to state or understand
which definition of intensity is being used (AITUM. 1984). In general, spatial average
temporal average intensity, g, and spatial peak temporal average intensity, feppa,
are preferred. The U5, Food and Drug Administration (FDA) also requires reporting
a few other numbers when submitting an wlirasonic device for approval. including
Fippens spatial peak pulse averaged intensity, and the wial power emitled by a probe,

The spatial peak pulse averaged imensity is defined as the spatial peak intensity
averaged over the pulse duration. As an example, a probe o1 5 MHz emitting a total
power of 1.1 mW at a pulse repetition frequency of 3 kHe may have an fyg, of
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L1 mWiem?, Jgpp, of 25 Wem?, and spatial peak and temporal peak pressure of
0.66 MPa at the focal point. These numbers indicate that the time-averaged intensity
may be low. but the instantaneous peak pressure and intensity, which is 2 concern
for mechanical bioeffects, can be very high. The potential biceffects of ulirasound
will be discussed in Chapter 10

2.5 RADIATION FORCE

An acouslic wave exerts a force on any interface across which ulirasonic intensity
decreases in the direction of wave propagation. For a plane wave of intensity, /,
propagating in a medium with a sound velocity, ¢, the radiation force per unit area
or radiation pressure. f. is given by

I=a(lfc} (2.1m

where @ is a constant depending vpon the acoustic properties of the targer and itz
geometry [Kossoff, 1972),

IF a rarget is made of a material of large acoustic impedance, such as steel, and
reflects almost completely the ultrasound beam propagating in water, a = 2. If the
target is a perfect absorber, a = 1. This can be understood by simply considering
the momentum transfer that occurs at the boundary, ie..

1, Ar= Alpid)

where pis the mass and u is the particle velocity of a medium at the interface
between the mediuvm and a target.

Because the momentum transfer that occurs at the interface for a perfect reflecior
is twice as large as that for an absorber, f, acting on a perfect reflector should be
twice as large. A more complete treatment can be found in Westervelt (1951).

The radistion force is a very useful parameter for determining power of an
ulirasonic beam. A device that has ofien been used for measuring the intensity of
an ultrasonic beam called “radiation force balance™ is shown in Figure 2.9. A arget
with the surface covered by an absorbing or a reflective material is suspended in
water, The ulirasenic radiator should be positioned so that the beam is normally
incident upon the target. The weight determined by the balance would yield the
radiation pressure from which the intensity can be caleulated using Equation (2.19).

The radiation force has been used as a means to perturb an object remotely so
that. from the displacement of the object, which can be measured vin ulirasonic
imaging, an assessment of the elastic properties of the medium surrounding the
object may be made (MNightingale et al., 1999).

2.6 REFLECTION AND REFRACTION

As a plane ultrasonic wave encounlers an |
different acoustic impedance, it will be
camied by the incident wave is reflected
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Te Balance

[ ,“_,,...- Transducer
/ LHgrasound Beam

/ |
o
Water
Absorbing Ta
e Water Tank

FIGURE 2.9 A radiation balance with an absorbing target.

incident wave. The transmitted or refracted wave in the second medium travels at a
different velocity. The directions of the reflected and refracted waves are governed,
just as in optics, by Snell’s law, This is illustrated in Figure 2,10, in which the
subseripts £, r, and ¢ refer 1o incident, reflected, and transmitted or refracted waves,
respectivelv. As in oplics,

0,=8. and sin 9/sin 8, =gy, (2.20)

When 8, = nf2, sin 8, = I, and 8, = sin!, ¢fc, if & > ¢, For any incident angle
greater than 8, there is no transmission, that is, total reflection occurs, Therefore,
@, 15 called the critical angle.

The pressure reflection and transmission coefficients, & and T, can be easily
found by using the boundary conditions that the pressure and particle velocity should
be continuous across the boundary,

P P £oe0s8, = F cos

= 2.21
P, Eyeosl +Z cosl t21)
I, cos
= & __.Ehel (223

m = Z,eosB + 2 cost
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Incident wave Reflected wave

L

Zy

Refracted wave

FIGURE 2.10 A plane ultrasonic wave reflected and refracted by a fat inerface between
o media,

For normal incidence, 8= 8,=0 and Equation (2.21) and Equation (2.22) become
R =pip; = (& = Z)0Ey + Zy) (2.23)
T=plp =220+ &) (2.24)

Because p = Zu, | = p Y22, from Equation (2.21) and Equation (2.22), it can be
shown that

1
1, _[ Z;c0s8, — 2 cosB (2.25)
I, | Z,e088, + Z cos8,
L 4Z.2 cosB (2.26)
I, (Z,c0s8 +Z cos@ )

The quantities (£/1) and ({/1) are intensity reflection and transmission coeffi-
clems, respectively, at the interface. For normal incidence, 8, = 8, = 0, Equation
(2.25) and Equation (2.26) become

1;”1 - [':z: i Z.F‘.'Z: + Z,]]! (2.27)
I, = AZZ N2, + Z)) (2.28)
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As an acoustic wave propagates through an mhomogeneous medium such as
biological tissues, part of its energy will be lost due to absorption and scattering
{10 be discussed later) and part of its energy will be lost due 1o specular reflection
ail the boundary of two adjacent layers of tissues. The ultrasonic images are formed
from the specularly reflected echoes due 1o planar interfaces az well as the diffusely
scattered echoes due to small inhomogeneities in tissue parenchyma. Therefore,
any change in the elasiic properiies of the tissues as a resull of o disease may be
detectable from the ultrasonie image. This has been the principal rationale behind
the conventional pulse-echo ultrasonic imaging methods,

Because scattering and reflection depend on the elastic properties of the tissues,
which determine the acoustic impedance of the tissue, intuitively one may postulate
that echographic visualizability of tissues is determined mostly by their conncctive
tissue content (Fields and Dunn, 1973). The acoustic impedance of connective tissues
and tissues comtaining high concentrations of connective tissues has been found to
be much higher than other types of tissue components, such as fat and protein and
lissues containing less connective tissues, The velocity in collagen has been found
1o be approximately 1.7 10° emfsee (Goss and O'Bren, 1979).

The acoustic impedance of blood vessels, which are composed mainly of con-
nective tissues, should be and was found to be higher than that of most other tissues
(Geleskie and Shung, 1982). Because of their higher impedance than surrounding
tissues, lissues that contain more connective tissues should be more echogenic that
those that contain less. However, it must be noted that the attenuation of ultrasound
in connective lissues is also much higher (Greenleaf, 1986). Very little energy can
transmit through a mass such as a solid wmor composed of mainly connective tissues.
Thus. an acoustic shadow may be created behind such a mass. This has been used
as one of the criteria for diagnosing lumors,

The origin of the ultrasome echoes observed in an ulirasonic image for most of
the soft tissues has not yet been determined. However, experimental evidence sug-
gests that, o least in muscle and myocardium, the collagen fibers surmounding the
muscle fibers affect the echogenicity of these tissues 1o a great extent (Hete and
Shung, 1993). Although the postulation that tissue echogenicity is largely determined
by 115 connective lissue content may appear 10 be true, other factors, such as cellular
dimension and tissue complexity, should also play an imponant rele and cannot be
ignored (Shung and Thieme, 1993). There has been a long-standing inlerest in
correlating the acoustic parameters, such as scattering, attenuation, and acoustic
impedance, 1@ the biclogical composition of the tissues or ultrasonic characterization
of biclogical tissues (Greenleaf, 1986; Shung and Thieme, 1993).

2.7 ATTENUATION, ABSORPTION, AND SCATTERING

When an ultrasonic wave propagates through a heterogeneous medium. its energy is
reduced or attenvated as a function of distance. The energy may be diverted by reflection
or scatlering or absorbed by the medivm and converted to heat. The reflection and
scanering of a wave by an object actually are referring to the same phenomenon: the
redistribution of the energy from the primary incident direction into other directions.
This redistribution of energy is termed “reflection™ when the wavelength and wavefront
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of the wave are much smaller than the object and “scattering” if the wavelength and
the wavefront are greater than or comparable to the dimension of the ohjee,

271 ATTENUATION

The pressure of a plane monochromatic wave propagating in the Z-direction
decrenses exponentially as & function of z;

pla)= Mz =0)e= (2.29)

where p(z = 0) is the pressure at 7 = 0 and o is the pressure anenuation coefficient.
Therefore,

1, | plz=0)
- =y 222
L z“[ #z) ]

The auenuation coefficient has a unit of nepers per centimeter and is sometimes
expressed in units of decibels per centimeter or

c(dBiom) = 20(logeloinpfem) = 8.6860(nplom)

To convert alpha in nepers per centimeter to decibels per centimeter, simply multiply
alpha in nepers per cemimeter by 8,686, If a tissue has an atenuation coefficient of
0.1 npfem, then in decibels per centimeter, o = 8.686 x 0.1 dB/em = 0.8686 dBfem.
Typical values of the auenuation coefficient for some materials are given in Table 2.1,

The relative importance of absorption and scattering to attenuation of ultrasound
in biological tissues is a mater that is continuously debated. Invesiigations to date have
shown that scattering contributes little 1o attenuation—al most, a few percentage
paints — in most sofl tissues (Shung and Thieme, 1993). Therefore, it is safe to say that
absorption is the dominant mechanism for ultrasonic attenuation in biological tissues.

2.7.2  ABSORPTION

As was discussed earlier, pant of the ulirasound energy propagating in an inhomeo-
geneous medium is lost due to the redistribution of the energy. such as scatiering
and reflection, and part of the energy is absorbed by the medium. The energy
absorbed by the medium is converted to heat. The absorption mechanisms in bio-
logical tissues are quite complex and have been assumed to arise from (1) classical
absorption due 1o viscosity: and (2) a relaxation phenomenon. Both mechanisms
depend upon the frequency of the wave. In earlier developments, an ideal Auid with
i~ 0 has been assumed; this means that the absorption due to the classical viscous
loss is ignored. However, in reality, this is seldom the case. Recall the definition of
shear strain in the X-direction along the Z-axis:

m
]
¥|&
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Fluid

X

FIGURE 2.11 Shear stress in the Xedirection o a the Z-plane produces a velocny gradicnt
aleng the Z-direction.

In fluids, the rate of sirain {(which is of more interest than the strain} is given by

k. _dau_dm, o
g e

where i, is the particle velacity in the X-direction and du, fdz is the velocity gradiem
along the Z-axis.

When 2 fluid with finite viscosity is subject to shear stress, ¥, as shown in
Figure 2.11, it exhibits a velocity gradient. du 0z The coeflicient of viscosity,
denoted as 1 with a unit poises, is defined as the ratio of shear stress to the resultant
velocity gradient:

K

n= : (2.31)

Elulf z

It has been shown that, for a homogeneous mediom like water, the absorpion
coeflficient for an ultrasonic wave of frequency @ is related to viscosity and fregquency
by the following expression:

T

= 2w
% Ipe

where 1 = Wim from Equation (2.5) and Equation (2.31).

Mote here that the absorption coefficient is proponional 10 o, In many homo-
geneous materials, such s air and water, in which the elemenial particles of the
mediem are much smaller than the wavelength, this {freguency)® dependence of
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absorption is seen; however, in most biological materials, this is not the case.
Experimental results on attenuation coefficient of ultrasound in biological tissues
indicate an approximately linear dependence on frequency below 15 MHz and an
alternative theory is needed 10 explain this behavior. It has been theorized that
ultrasonic absorption in biological tissues is dominated by a relaxation process.

When an elemental particle in a medium such as a molecule is pushed (0 a new
position by a force and then released, a finite time is required for the particle 10
return 1o its neutral pesition. This time is called the relaxation time of the particle.
For a medium composed of the same types of particles, the relaxation time is also
the relaxation time of the medium. I the relaxation time is shor compared 1o the
pertod of the wave, its effect on the wave should be small. However, if the relaxation
time is comparable (o the period of the wave, the particle may not be able to retum
1o its neutral state completely before a second wave armives. When this occurs, the
wave is moving in one direction and the molecules are moving in the other direction.
More energy is thus required to reverse the direction of the particle motion,

If the frequency is increased high enough that the molecules simply cannot
follow the wave motion, the relaxation effect again becomes negligible. Maximum
abzorption occurs when the relaxation motion of the particles is completely out of
synchronization with the wave motion, Therefore, the relaxation process is charac-
terized by a relaxation frequency in which the absorption is maximal and is negligibly
small For low-frequency and high-frequency regions, as illustrated in Figure 212,
Mathematically, the relaxation process can be represented by the following equation:

o, 1+ {f-‘lf,ajz

where
@, is a component of the absorption coefficient due to the relaxation process
fs 15 the relaxation frequency = LTy (T = relaxation time)
1 is 0 constant

-
-
-

FIGURE 2.12 Ulrasonic absorption caused by a relaxation process chamctenized by relax-
ation frequency fe.
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[H ] ‘FJ

FIGURE 2.13 Uhrasonic absorplion caused by mulliple relaxation processes characterized
by relaxation frequency £ G

Many components, giving rise 10 many relaxation frequencies, are in biological
tissue. The absorplion coefficient in a tissue can be expressed as

offr=asy B (2.32)

~ 1+ (flf, )

where A is a constamt associated with classical absorpion and B, and f, are the
relaxation constants and frequencies, respectively, associated with different tjssue
components (Dunn and Goss, 1986).

Figure 2,13 illusirates a possible scenario for this equation, in which many
relaxation processes may everlap, resuliing in a linear incrense in the diagnostic
ulirasound frequency range or a constant ool Figure 2.14 shows the absorption of
ultrasound in various biological tissues as a function of frequency. As can be seen,
the absorption is more or less lincarly proportienal 1o Frequency (ech is constant) in

1097
bone

1017

brain, liver,
kidmey, muscle

e

conc. red cells

mh

10-3 : . —

0. I 10 100 100
Frequency (MHz)

FIGURE 2.14 Ulirasonic absorption in biclogical tissues as g function of frequency.
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FIGURE 2.15 A plane wave incident upon a scatierer.

diagnostic ultrasound frequency range. This figure also shows that the absorption
of ultrasound in water is proportional 1o 2.

2.7.3 Scarrering

As a wave is incident on an object as shown in Figure 2,15, part of the wave will
be scattered and part of it will be absorbed by the object. The scattering character-
istics are mast conveniently expressed by a term called scatlering cross-section.

Assume that the incident pressure is a plane monochromatic wave pir) = b *
where K = ki (where i denotes a unit vector in the incident direction) and r are
veclors representing the wave number and the position. The scattered wave at r, due
lo a scallerer at r, is given by

- AR
p,cr,}=‘Tp,(r,h flod) (2.33)

where 0 is a unit vector in the direction of observation, provided that the observation
point is in the far field of the scaterer and R = [r, — rgl if kR =1,

The term fo.0) in Equation (2.33) is called the scattering amplitude function:
this describes the scattering properties of the object and depends upon the directions
of incidence and observation. The incident intensity in a medium of acoustic imped-
ance £ is given by

L1 (2.34)

AR
: E_E,é_ (2.35)
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Substituting Equation (2.33) and Equation (2.34) into Equation (2.35) and e
arranging the equation,

t4
o %g (2.36)

Rearranging (2.36),

i
o, (00 =] fo.i) = % (2.37)

where the term G do.0) = |f]* is defined as the differential scanering cross-section,
which is the power scattered in the o direction with the incident direction § in one
solid angle per unit incident intensity. When o = =i, @ {i.—i) is called the backscat-
1ErNg Cross-section.

Figure 2.16 gives a graphical illustration of a differential scallering cross-section,
By integrating o, over the 4n solid angle, the scattering cross-section, o, which is

R

—_—— .

Scatterer
Incident wave

£ N

FIGURE 2.16 The differential scattering cross-section of a scalterer represents the power
scattered by the scatierer into one solid angle or steradion tha encompasses an area of £2,

Seattered wave
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defined as the power scanered by the object per unit incident intensity, can be found:

o= L.G"dn = Lul‘f(u..i}ltdﬂ

where 42 is the differential solid angle.

Similarly, an absorption cross-section, o,, can be defined as the toal power
absorbed by the object. Thus, the attcnuation in wave intensity due to the presence
of the object is simply

=g, +0,

where 2ot is the intensity attenuation coefficient. If a number of chjects are present,
the intensity attenuation coefficient should be:

2a=nig, +a9,)

where # is the object concentration per unit volume.

This relation is valid only if 7 is small or volume concentration given by n-{object
volume) < 1%. As n increases, multiple scattering occurs; particle-particle interac-
tions may take place (Twersky, 1978) and this relation no longer holds.

To solve analytically for the scattering cross-section of an object of arbitrary
shape s impossible, although computer-based methods such as finite element anal-
ysis may be used, However, a number of approximations exist that can simplify the
problem considerably. One of these is the Born approximation, which assumes that
the wave inside the object is the same as the incident wave (Morse and Ingard,
1968). This is a valid assumption if the size of the object is much smaller than the
wavelength or the acoustic properties of the scatterer are similar to those of the
surrounding medivm. By applying this approximation and using the wave equation,
the scattering cross-section of an ohject can be found. The scattering cross-section
for a sphere whose radius is much smaller than the wavelength is given by (Morse
and Ingard, 1968):

o = dmktat (|G, -af 1|3, -3

238
i 9 | o I 3|2pr+p| ¢ )

where
k is the wave number
a is the radius of the sphere
. and & are the adiabatic compressibilities of the particle and the surrounding
medium

P, and p are the corresponding mass densities
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Equation (2.38) can be applied to calculate the ulirasonic scallering properiics
af the red blood cells because the size of a red blood cell is much smaller than the
wavelength of ultrasound in the frequency range from | o 15 MHz. Assume that
the human blood can be approximated as a fuid sphere of 3-um radivs. Using:

G, (compressibility for red blood cell) = 34.1 - 107'* cm¥fdyne
p. (density for the red blood cell) = 1.092 gm/cm?

G (compressibility for plasma) = 40.9 1077 cm¥dyne

p (density for plasma) = 1.021 gm/em?

the scallering cross-section for a red blood cell is found 1o be g, = |- 10°7 cm?® al
10 MHz, which is quite small. For an incidemt imensity of 1 Wiem?, only a,-f, =
LE- 107" W of power is scattered by the red cell.

In a dense distribution of scatterers like biological tissues, for instance. human
blood consisting of 5. 107 red blood cells in 1 cm’, scollerer-to-scallerer interaction
cannot be ignored. To take this into consideration, a parameter called backscanering
coefficient in a unil of centimeter-steradians™' is often used. It is also sometlimes
called the volumetric backscattering cross-section and is defined as the power back-
scanered by a unit volume of scanerers in one solid angle per unit incident intensity.

The physical meaning of the backscatiering coefficient can be casily undersiood
simply by replacing ihe scatierer in Figure 2,16 by a unit scanering volume. Because
the tissues are fairly inhomogeneous, the scattered signals acquired may vary greatly
at any single frequency and over a band of frequencies. A parameter freguently used
to describe scattering behavior of a tissue is the imtegrated backscatter. The integrated
backscatter (1B} is defined as the frequeney average of the backscatter over the band
width of the signal, which can be expressed mathematically as

B

Bs ——
2800 o

el el

where
2Aw is the band width
i, is the center frequency of the spectmim
efo) is the backscattered signal a1 angular frequency o

However, 1o eliminate the dependence of the backscatiered signal from fissues
on the electrical and acoustic characieristics of the experimental system, the B is
usually expressed in decibels by comparing the hackscattered signal to a reference
signal, e.g., the echo from a flut reflector. Therefore,

1 LR T | a0
i) = 200og v j el | I e (m)dw
L | = g

where e,(08) is the reflected signal from the lat reflecior an angular frequency o, The
backscattering coeflicients for several tissues are listed in Table 2.1,
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The fact that the acoustic scattering characteristics of an object including angular
scattering pattern depend upon the shape, size, and acoustic properties of the scatterer
has been known for many years. Ideally, the struciure and acoustic properties of the
seatterers can be deduced from measuring their scattering properties. This problem
iz of interest to many scientists in such diverse fields as geophysics, oceanography,
and communication. It is generally termed remote sensing or detection. Although
the potential of characterizing a tissue structure from its scattering properties was
realized in the biomedical ultrasound community almest three decades ago, this field
still remains in its infancy, primarily due to the complex nature of biological tissues,

Preliminary experimental investigations in vitro thus far have shown that differ-
ent tissues exhibit different angular scattering pattern and frequency dependence
(Shung and Thieme, 1993). The backscattering coefficient defined as backseatter ng
tross-section per unit volume of scatterers for five different types of bovine tissues
as a function of frequency is shown in Figure 2.17 (Fei and Shung, 1985). Experi-
mental resulis on scatiering by red blood cells {Yuan and Shung, 1988) are in good
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FIGURE 2.17 Ulirasonic backscatter coefficient for several bovine soft tissues 22 a function
of frequency.
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agreement with Equation (2.38). Scattering from myocardium has been shown (o
have a third-power dependence on frequency (Shung and Thieme, [993),

Based on this evidenee and more recent results indicating that ultrasonie seattering
increases a5 the muscle is stretched, it was suggested that the scattering from muscle
may be attributed o the collagen fibers in the muscle because the scatering from
cylinders whose radius is much smaller than the wavelength is proponional o (. Exper-
imental resulis on scattering from tissues thus far have been very scanty and inconclusive,
The precise origin of ultrisonic scattering from many tissues is still unknown, although
effons 1o shed more light on this subject are under way (Shung and Thieme, 1993),

Because pathological processes in tissues invelve anatemical variations, it is
likely that they will resull in corresponding changes in ultrasonic backscatter. This
has been demonsirated by several recent investigations, Figure 2,18 shows that the
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FIGURE 1_13 Ulrasonic buckseatter coellicient for canine myocardium as o function of fre-
quency. Solid, dashed, and doned lines represent data for normal myocardium, myocardium 5 to
6 weeks following infarction, and myocandium 15 10 17 weeks following infarction, respectively.
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FIGURE 2.19 Integrated backscatier from canine myocardium as a function of the cardiac
cycle,

backscauering coefficient for regions of infarcted myocardium is substantially higher
than that for normal myocardium (Wickline et al,, 1993). In addition, myocardial
ultrasonic backscatter is shown to be related to the contractional state of the tissue
{Figure 2.19). The myocardial backscatter was found to be the highest at the end
diastole and lowest at the end systole during a cardiac cyele; this eyelic behavior
was Blunted in ischemic heart (Wickline et al., 1993).

In summary, the attenuation of ultrasound in biological tissues can be atributed
10 two mechanisms: (1) scattering and (2) absorption. The question remains, how-
ever, as to the relative impontance of these mechanisms, although absorplion is
believed to be the dominant mechanism. Attenuation in general is not desirnble
because it limits the depth of ultrasound penetration inte the body. However, it may
yield useful information for diagnostic purposes because it carries information about
the properties of the tissues if it can be accurately estimated. Extensive work has
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also been camried out to demonstrate that tissue patholegy can affect the atienuation
coelficient of tssues 1o a great extent. Infarcted myocardiom and malignant lumors
in liver and breast were all shown 1o have an increased attenuation, Unfortunately,
measuring altenuation in wive has been proven o be guite a difficult sk, Various
schemes have been developed with lintle success.

2.8 NOMNLINEARITY PARAMETER B/A

The spatial peak temporal peak intensity Ly of modem ultrasonic diagnostic insin-
ment can sometimes reach the level of more than 100 W/em?; thus, nonlinear acowstic
phenomena may not be ignored in treating ultrasonic propagation in tissues (Hamilton
and Blackstock, 1998). Although finite amplitude acoustics has been in existence for
a long time. it has not been given much atention in diagnostic ultrasound until recently.
when harmonic imaging became popular (Tranguart et al., 1999). In fact, it has been
shown that, in many instances, harmoenic imaging that utilizes the harmonics generated
due 1o the nonlingar propagation yields better images than conventional ultrasonic
imaging. Oher reasons for studying the nonlinear properties are: (1) new lissue param-
clers may be derived for tissue characterization: and (2) nonlinearity can influence, 10
a significant extent, how the wlirasound energy is absorbed by the tissue.

The nonlinear behavior of a fAuid medium can be expressed by a second-order
parameter BAAL For an adiabatic process in which the entropy is constant or there is no
energy flow, the relation between pressure and density can be expressed as a Taylor
series expansion of pressure, p, about the point of equilibrivim density, p_, and entropy, 5,

p=py ). 1 o[ p=p, )
= pls, P, )+ A + = R
p=pls,.p, [ Po ] 3 [ 5 ]

where

A= F‘u [_ap{‘:;;pﬂ:.

and

d? pis,.p,)
8= pﬁ[ pYe
From these two equations and the definition of sound speed (Morse and Ingard,
1968).,

Ip(sy.P,)

=0

dp
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we can show that 874 is given by
BA=2 deis,.p.)
B R £2.39
ap :
Equation (2.39) can be converted to parameters that are easier | :
thermodynamic relationships: i
3:(:,?‘}] e TB, | dels, p)
BiA =2p,c, [ 420 | OAS.B)
vl o ¢, L or (240

where
T is temperature
€, is the heat capacity per unit mass al constanl pressure
[, is the volume coefficient of thermal expansion

The first term represents change in sound speed per unit change in pressure at
constant temperature and entropy. The second term represents the change in sound
speed per unit change in temperature at constant pressure and entropy. Therefore,
the B/A parameter can be estimated from these quamities, which are known or
measurable. This approach is called the thermodynamic method. It can alse be
estimated by a finite amplitude method in which the second pressure harmonic is
measured and extrapolated back to the source 1o eliminate the effect of absorpiion,
The preliminary findings are that B/A

* Is linearly proportional to solute concenlration in aqueous solulions af
proteins )

= Is insensitive to the molecular weight of the solute at fixed concentrations

+  Ranges from 6 1o 11 for soft tissues

+  May depend upon tissue structure

The B/A values for a few tissues and relevant materials are given in Table 2.2

TABLE 2.2

B/A Values for Various Materials

Material BfA
WWater S0a 20T
Baowine werum albumin (20 g/ 100 ml)y 6.2 aL 25%C
Beef liver T8 ay 23°C
Hunean becast fat 91 m 224%C
Parcine muscle 6.5 an 25°C

Porcine whole blood 6.2 at W°C
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FIGURE 2.20 Wave distortion resulling from the nonlinear interaction between ultrasound
amd the mediom.

The nonlinearity of ultrasonic wave propagation can cause the dislortion of wave-
forms, as illustrated in Figure 2.20, which shows that a sinusoidal waveform becomes
a sawtooth waveform as a result of the generation of higher harmonics after propa-
gating in a medium. This is plausible in that the velocity in a denser region of the
medium should be greater. The harmonic amplitudes relative to that at the fundamental
or first harmonic frequency as a function of the normalized propagation distance 2/,
are shown in Figure 2.21, where z, = pcf[(1 + 0.58/A)kp,] (Pierce, 1986). Here, kis
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FIGURE 2.21 Harmonic amplitede as a function of the normalized depth of penetration as
u plune acoustic wave propagates inlo a liquid medium,
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the wave number and p, is the peak pressure. It is clear that the amplitude of the
fundamental frequency drops and the amplitudes of higher harmonics increase as the
propagation distance increases,

2.9 DOPPLER EFFECT

The Doppler effect describes a phenomenaon in which a change in the frequency of
sound emitted from a source is perceived by an observer when the source or the
ohserver is moving or both are moving. The reason for the perceived frequency
change for a moving source and a stationary observer is illustrated in Figure 2,22,
In diagram (a), the sound source, 5, is stationary and producing a uniform spherical
spreading of the wave and the frequency of the sound perceived by an observer is
f= e, where ¢ is the velocity of sound in the mediom and A is the wavelength
shown as the distance berween two crests in Figure 2.22(a).

In diagram (b), the sound source is moving to the right at a velocity v The
source motion changes the distance between the crests, increasing frequency and
decreasing the wavelength to the right and decreasing the frequency and increasing
the wavelength to the left. The frequency perceived by an observer on the right is

L
AR (c=vT c-vw

g - f

and the frequency seen by an observer on the left is

=]

ok

{a) (b}

FIGURE 2.22 A siationary observer perceives a change in frequency of a wave emitted by
a meving source toward the observer resulling from a change in wavelength. () The
is stationary. (b) The scurce is moving at a velocity w
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The difference between the actual frequency of the source, f, and the perceived
frequency, . is called the Doppler frequency, f. A similar relationship can also be
oblained for a moving observer. When combining these relationships, for a source

maving with a velocity v and an observer with velocity ', the Doppler frequency
can be found 1o be given by:

c=

fo= =1 =( S Q4

If the source and the observer are moving at the same velocity, v, assuming thal
¢ == v, then Equation (2.41) can be reduced to:

2uf
L :-—;-- (2.42)

For the situation in which the velocily is making an angle of 8 relative 1o the
direction of sound propagation, as shown in Figure 2.22(b). v in Equation (242}
should be replaced by vicosB):

_ vleost)f
;

L (2.43)

The Doppler effect is used in ultrasonic Doppler devices for the measurement
and imaging of blood flow transculancously, i.c., without penetrating the skin in any
manner. In these devices, ulirasonic waves are launched into a blood vessel by an
ultrasonic transducer and the scattered radiation from the moving red cells is detected
by the same transducer or a separate transducer. Appropriale instrumentation is

incomporated 1o extract the Doppler frequency. which is proportional o the red cell
velocity.

REFERENCES

American Institute of Ultrasound in Medicine. Safery Considerations for Diggnastic Ul
sonng. Laurel, MD: AIUM, 1984,

Dunmn, F. and Goss, S.A. Definitions of terms and measurements of acoustical quantities. In
Greenleaf, LE., Ed. Tissne Charaeterizoasion with Ulirasomd, Boca Raton, FL: CRC
Press, 1986, 1-14,

Fei, DLY. and Shung, K.K. Ulirasonic backscaner from mammalian tisswes, . Aceuwsi, Soc.
Am, 1985, TE:E71-877.

Fields, 5. and Dunn, F. Comelstion of echographic visualizmion of tissue with biological
compositicn and physiological stme. . Aconusi. Soc. Am, 1972, 54.809-31 1.
Cieleskie, LV, and Shung, KK, Further studics on the acoustic impedance of major bovine

blomd vessel walls, J. Acousr, Sec. Am, 1982, T1:4067<470,
Guoss. 5.4 and O0'Brien, WD, Jr. Direct ulirasonic velocity measurements of manmalian
collagen treads. £ Aconsi. Soc. Am. 1979, 65:507=511.



Fundamentals of Acoustic Propagation 37

Greenleaf, 1A, Tissiee Cherracterization with Ultrasouwnd, Boca Raton, FL: CRC Press, 1986,

Hamilton, M.E and Blackstock, DUT. Mondivear Aconsiics. San Diego: Academic Press, 998,

Hete, B, and Shung, KK, Scattering of ultrasound from skeletal muscle tissee, (EEE Trans.
Ultrasenics, Ferraelecirics, Freguency Contral. 1993, 40:354-365,

Kossoff, G. Rradiation foece. In: Reid, LM, and Sikov, MLR., Bds. fuieraction of Ultrasound
ol Biological Tissres, Rockville, MD: FDA, 1972:159-161.

Malecki. I Phyvsival Foedations of Tecliical Acowstics. Mew York: Pergamon Press, 1969,

Morse, BM. and Ingard, K.U. Theoretical Acowstics. New York: McGraw-Hill, 1963,

Mightingale, K.R., Nightingale, R.W., Palmeri, M.L., and Trahey, G.E, Finite ¢lement analysis
of raciation force induced tissue motion with experimental validation, In Schneider,
S.C., Levy, M, and McVoy, B.R., Eds, Proc. 999 IEEE Ultrasonics Svnp. New
York: 1EEE. 1999:1319-1323.

Pierce. A, Acoustics: an Introdection o Physical Pringiples and Applications. New York:
MoeGraw-Hill, 1986,

Shung. K.K. and Thieme, G.A, Ulvasonic Scattering by Biological Tissies, Boca Riton, FL;
CRC Press, 1993,

Tranguen., E, Grenier, M., Eder, ¥., and Pourcelot, L. Clinical use of ultrasound fissue
harmonic imaging. Ufrmsownd Med, Bfof. 1959, 25.880-804.

Twersky, V. Acoustic bulk parameters in distibutions of pair-comelated scatterers, J. Acenest.
Soc, Am. 1978, 64:1T710=1719.

Westervell, P The theory of steady forces coused by sound waves. £ Aeowsr. Soc. Am. 1951,
23:312-315.

Wickline, §.4., Perez, LE., and Miller. 1.G. Cardiovascular vissue characterization i vive. In
Shung, K K. and Thieme, G.A. Eds, Ulteasonic Scattering in Biological Tissues,
Boca Raton, FL: CRC Press, 1993, 313-345.

Yuam, YW, and Shung, K.K. Ultrasonic backscaser from flowing whale blood, I, Dependence
on shear rote and hematocrit, S Acewst, Soe. Am. 1988, 84:52-58.



3 Ultrasonic Transducers
and Arrays

All ultrasonic imaging systems require a device called an ulirasonic transducer to
convert electrical energy into ultrasonic or acoustic energy and vice versa. Ultrasonic
transducers come in a variety of forms and sizes ranging from single-element
transducers for mechanical scanning and linear arrays, to multidimensional arrays
for electronic scanning. Although performance of an ultrasonic scanner is critically
dependent upon transducersfarrays, arrayfiransducer performance has been one of
the boulenecks that prevent current ultrasonic imagers from reaching their theoretical
resolution limit.

The primary reason for this is that medical ultrasonic array/firansducer design
and fabrication are processes of a broad interdisciplinary nature. They require knowl-
edge from a variety of disciplines, such as acoustics and vibration, electrical engi-
necring, material sciences and engineering, medical imaging, and anatomy and
physiology. It is linle wonder that, 1o date, the design of transducers is still mostly
empirical. generally invelving a trial-and-error approach. Many manufacturers regard
their expertise in designing and manufacturing ransducers as a trade secret of the
highest order. The most eritical component of an ultrasenic transducer is a piezo-
electric element,

3.1 PIEZOELECTRIC EFFECT

The piexoelectric (pressure-eleciric) effect is a phenomenon in which a material,
upon the application of an electrical field, changes its physical dimensions and vice
versa (Cady, 1964; Kino, 1987). The piezoelectric effect was discovered by French
physicists Pierre and Jacques Curie in 1880 The direct and reverse piczoelectric
elfects are illustrated in Figure 3.1(a) and {b), respectively. The direct effect refers
o the phenomencn in which the application of a stress causes a net charge to appear
scross the electrodes and the inverse effect concerns the production of a strain upon
the application of a potential difference across the clectrodes. Certain naturally
accurring erystals such as guartz and tourmaline are piezoelectric.

The physical reason that the piezoelectric phenomenon cceurs can be idealisti-
cally explained by considering that a piezoelectric material consists of innumerable
electric dipoles. When undisturbed, these dipoles are randomly distributed, resulting
in a neutral state or no net charge. An electrical potential difference applied across
a slab of piezoelectric material realigns the dipeles in the material in a preferential
direction and results in a deformation er a change in the thickness of the slab.
Conversely, a stress that causes a deformation of the materal and reorientation of
the dipoles induces a net charge across the electrodes,

a9
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FIGURE 3.1 (a) Direct piezoelectric effect in which a stress induces a charge separation.
(b} Reverse piczoelectiric effect in which a potential difference across the elecirodes induces
@ surain.

Matwrally occurring piczoelectric crystals are seldom used woday as transduecer
materials in diagnostic ulirasonic imaging because of their weak piezoelectric prop-
erties. The most popular material is a polyerystalline ferroelectric ceramic material,
lead zirconate titanate, Pb(Zr, T, or PZT, which possesses very strong piezoelectric
properties following polarization. Polarization of a ferroelectric material is carried
out by heating it to a temperature just above the Curie temperature of the material
and then allowing it to cool slowly in the presence of a strong electric ficld; this is
typically in the order of 20 KViem applied in the direction in which the piezoclectric
effect is required. The electrical field is usually applied 1o the material by means of
two electrodes. This process aligns the dipoles aleng the direction of polarization.

A great variety of ferroelectric materials exists. Bariom titanate (BaTiO,) was
among the first developed. Lead metaniobate (PhMNb,O,) and lithium niobate (LiNbO,)
have also been used. Cenain piczoelectric properties of PEZT can be enhanced by
doping. As aresult, many types of PEZT are commercially available. In order to define
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and better understand the physical meaning of the piezoelectric properties of 2 mate-
rial, the constitutive equations that govern the piezoelectric effect must be examined.

3.2 PIEZOELECTRIC CONSTITUTIVE EQUATION

Because the piezoelectric effect involves the interaction between electric fields and
the mechanical deformation, the constitutive equations relate the electric properties
to mechanical properties of the material.

With no electric field, the stress and the strain relationship described in Chapter 2
is given by Equation (2.3), Equation (2.4), and Equation (2.5). Because most materials
are anisotropic, written in tensor form, the stress-strain relationship is given by

(%] = [C] [€] 3.1

where [k]. [C]. and [g] are the stress, the elastic constant, and the strain tensor,
respectively,

Upon the application of an electric field, Equation (3.1} needs to be modified Lo
include the effect of the electric field, Taking the eleciric field [E] and the sirain [€]
as independent variables and the electric displacement [I¥] and stress [k] as dependent
variables, the piezoelectric constitutive equations are given by

[x] = [C*][e] - [e](E] 3.2)
(D] = [KEIE] + [elle] (3.3)

where [e], [CE], and [KT] are the piezoelectric stress constant tensor, elastic
constant tensor when the eleciric field [E] = 0, and dielectric constant tensor when
strain [€] = 0 or clamped dielectric constant tensor, respectively. The physical
meaning of [C¥] and [K®] can be readily understood by setting E and [g] = 0,
respectively, in Equation (3.2) and Equation (3.3). Leuting (€] = 0 in Equation (3.2),

[e] = ~[x}/[E] (3.4)

where [¢], the piczoclectric stress constant, is the resultant stress change per unit
change in electric field without strain or while being clamped. It has the unit of
newtons per volt-meter or coulombs per square meter,

The constitutive equation can be written in another form when [x] and [E] are
treated as independent variables:

[e]=[d)[E]+[y*]ix] (3.5)
D] = [K=[E] + [d][x] (3.6)
where [K*¥] is the free dielectric constant, which is the dielectric constant when no

stress is present and [d] =[eV[E] is transmission or piezoelectric sirain constant
representing the resulting change in strain per unit change in electric field with a
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unit of caulombs per newton when no stress is present. [v¥] = [e)/[k] from Equation
(3.5} is the compliance of the material for [E] = 0 and [¥%] = 1/[CE]. The relationship
between [e] and [d] can be found from Equation (3.2) by sewing [k] = 0,

ICF] [e]-[e][E] =D
Therefore,

[e] = [C®] [e)[E] = [CF)] [d].

If [D] and [%] are treated as the independent variables, the constitutive equations
are given by

[El=la*ID]- gl %] (3.7
[e]l=[glID]+[y"1Ix] (3.8)

where [g] = ~|E}[%] i5 the receiving constant with a unit of voll-meter per newlon
representing the change in electric field per unit change in applicd stress when [ = 0,
that is, no current or under open circuil conditions. [Y2] is the compliance when [D] =
0 and [o¥] = 1/[K*] when [x] = 0.

The dielectric constant [K] of a piezoeleciric material depends on the extent of
freedom of the material. Two values are often quoted in the literature. 17 the material
is clamped 5o that it cannot move in response to an applied field or the strain is zero,
the dielectric constant measured is designated as the clamped diclectric constant [K*].
If the material is free 10 move withoul restriction, the dielectric constant measured
is denoted as [K*]. the free dielectric constant. The transmitting constant and the
receiving constant are related by the following relationship (Kino, 1987):

[d] = [g] [K¥] (3.9

As was mentioned, these equations are in tensor form because most piezoelectric
materials or crysials are anisotropic. To describe the piczoelectric properties of a
material completely, 18 piezoelectric stress constants and 18 receiving constants are
required. Fortunately, because these materials usually are symmetric, a smaller num-
ber of constants are actually needed. For instance, quartz has only five constants.
Depending on the symmetry of the erystal, the principal axis is defined as the direction
in which a stress produces a charge pelarization parallel 1o the strain (Cady, 1964),
A plate cul with its surface perpendicular to the y-axis is called an x-cut, and so forth.
The x-, ¥-, and z-directions are indicated by aumbers |, 2, and 3, respectively, For
polarized ceramics. the 3-direction is usually used 1o denote the polarization direction.

A piczoelectric sirain constant, sy, represents the strain produced in the 3-
direetion by applying an electric field in the 3-direction; o, is the strain in the
I-direction produced by an electric field in the 3-direction when no external stress
is. present. Here it is important o note that the piezoelectric properties of a
material depend upon boundary conditions and therefore upon the shape of the
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TABLE 3.1

Properties of Important Piezoelectric Malerials

Properly PVIDF Quarle (x-cul) PET-5H  Lead Niobhate
iy (109 cin) 15 it | 533 100

£ 0102 vemdng 14 5.78 (R 4.3

¥, o1l 014 0.5% 0.3

K 00-" Fhm) 0.7 198 oo 1054

¢ {misec) 070 5740 W70 oo
pikg/m'y 1760 1650 T450 5900

Curie temp (%Ch 103 573 1940 500

Nawez p and ¢ denote density and sound speed, respeciively.

material. For example, the piezoelectric constant of a material in the plae form
is different from that in the rod form.

The ability of a material 1o convert one form of energy into another i3 measured
by its electromechanical coupling coefficient. defined as stored mechanical
energy/iotal stored energy. The total stored energy includes mechanical and elecirical
energy. It should be noted that this quantity is not the efficiency of the transducer.
IF the wansducer is lossless, s efficiency is 100%. However, the electiromechanical
voupling coefficient is not necessarily 100% because alihough some of the energy
15 stored as mechanical energy, the rest may be stored dielectrically in the form of
electrical potential energy. Because only the stored mechanical energy is useful, the
clectromechanical coupling coefficient is a measure of the performance of a material
as a ransducer, The piczoclectric constants for a few imponant piezoelectric mate-
rials are listed in Table 3.1.

A few imponant material geometries are frequently used in ultrasonic imaging,
These are shown in Figure 3.2, wsing the effect of geometry on electromechanical
coupling coefficient as an example. For a disc of PZT-5H with the diameter much
larger than the thickness (Figure 3.2¢). the thickness mode electromechanical coupling
coeflicient, &, is used. For a long, tall element with the sides of the square cross-section
much smaller than the thickness (Figure 3.2a) and a tall element with rectangular
cross-section (Figure 3.2b), the eleciromechamical coupling coefficients are denoted
respectively as &y, and &,,". The geometry shown in Figure 3.2(b) is the most imponant
because it is ofien used in lincar arrays. I is interesting 10 note that the electrome-
chanical coupling coeflicient is highest in the bar mode shown in (Figure 3.2a) because
more energy is irradiated in the long axis direction because the bar is surrounded by
air, which has a much lower acoustic impedance than PET. The effect of material
shape on other measured piezolectric properties can be found in Table 3.2,

In additien 10 PZT, piezoelectric polymers have been found 1o be useful in o
nurber of applications {Brown, 1992). One of these polymers is polyvinylidence
difluoride (PVDF), which is semicrystalline. After processes like polymerizaiion.
stretching. and poling. a thin sheet of PVDF with a thickness in the order of 6 1o
50 pum can be used as a ransducer material. The advantages of this material are that
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3
For PET-5H
2
k, = 050
kyy = 0.75
{ah b} fcl

FIGURE 3.2 The geomeiry of a piezoelectric material influences its piczoclectric praperties,
This is illustrated by way of the electrical mechanical coupling coefficient: {a) a tall element
of square cross-section frequently seen in composite materials: (b a 1all element lrequently
seen in lincar arrays: (c) a circular dise frequently seen in single-clement transducers.

it is wideband, Aexible, and inexpensive. The disadvantages are that it has a very
low transmitting constant, its dielectric loss is large, and the dieleetric constant is
low. Although PVDF is not an ideal transmitting material, it does possess a fairly
high receiving constant. Miniatwre PYDF hydrophones are commercially available.
P(VDF-TrFE) copolymers have been shown 1o have a higher electiromechanical
coupling coefficient.

One of the most promising frontiers in transducer technelogy is the development
of piezoeleciric composite materials (Smith, 1989). Innovation in fabrication tech-
nology has allowed the preparation of FET polymer 1=3 composites for applications
in the I- 1w 7.5-MHz range. These 1-3 composiles consist of small PZT rods
embedded in a low-density polymer and are illustrated in Figure 3.3{a). In this figure,
the dark and light regions indicate the piezoelectric ceramic phase and the polymer

TABLE 3.2

Material Properties of PZT-5H of Different Geometry
Property Bar Mode  Plate Mode  Element Mode
Velocity {mfs) XE50 4580 4000
Acoustic impedance 89 343 i
(Meylp

Eleciromechanical 075 .51 0.73

coupling coellbciens
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{a) 1=3 Compaosite
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(b) 2=2 Composite
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FIGURE 3.3 Two different configurations of piczoceramic composites: (a) =3 composite;
(b) 2-2 composile,

phase, respectively. These composites have been used for low-frequency underwater
applications for many years.

The notation 1-3, 2-2, ete. was coined by Newnham et al. (1978). A notation
of 1=3 means that one phase of the composite is connected only in one direction
whereas the second phase is connected in all three directions. A notation of 2-2
means that both phases are connected in two directions as illustrated in Figure 3.3(b).
These composites, typically in volume concentration of 20 o 70% PZT, have a lower
acoustic impedance (4 o 25 Mrayls) than conventional PEZT (34 Mrayls), which
betier matches the acoustic impedance of human skin. The composite material can
be made fexible with a free dielectric constant, K*. from 44- 100" 1o 2213-10-"" Ffm
and with a & higher than that of PEZT. The higher coupling coefficient and better
impedance matching can lead to higher transducer sensitivity and improved image
resolution. An electron micrograph of a 2-2 composite is shown in Figure 3.4 with
28 jim PET-5H pieroelectric ceramics and 5-pum polymer filler.

One of the prablems associated with composite materials is the higher Fabrication
cost. Typical procedures involve first dicing PEZT and subsequently filling the gaps
with a polymer and injection molding. The performances of composite annular and
linear arrays with frequencies from 3 10 7.5 MHz have been found to be superior
to similar PZT devices. A substantial number of commercial high-performance arrys
are made from composites.
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FIGURE 3.4 Anelectron micrograph of 0 2-2 composite consisting of PET 3H piezoceramics
separaled by polymer,

Conventional PZT has grain size on the order of 3 1o 5 pm, which is not particularly
suited for mgh-frequency applications. Fine-grain FLT and single-crvstal ferroclectnc
materials like Pb(Zn,,Nb,,)0,~PbTiO, (PZN-PT) and Pb(Mg,,Nb,,,10,~PbTiO,
(PMMN-FT), which have been shown to have a higher diglectric constant and ¢lectrome-
chanical coupling coefficient than conventional PZT. are potentially promising piceoelec-
iric materials for high-frequency applications (Shrout et al., 1990; Zipparo et al., 1997).

3.3 ULTRASONIC TRANSDUCERS

The simplest ultrasonic iransducer is a single-element piston ransducer as shown
in Figure 3.5; Figure 3.5(a) and Figure 3.5(b) show a photo and the internal con-
struction of a single-clement ultrasonic transducer, respectively. The most important
component of such a device is the piezoclectric clement. A number of factors are
involved in choosing a proper piezoelectric material for transmitting and/for receiving
the ultrasonic wave. They include stability, piezocleciric properiies, and the strength
of the material. The surfaces of the element are electroded with fired-on silver or
spultered chrome—gold. The outside electrode is vsually grounded to protect patients
from electrical shock, The housing is mewallic or plastic. An acoustic isolating
material is placed between the piezoelectric element and the housing to prevent
ringing of the housing that follows the vibration of the piczoelectric element,

By considering the two surfaces of the piezoelectric element as two independent

vibrators (as illustrated in Figure 3.6), one can easily see that the resonant frequencies
for such a transducer are given by

f.= (3.10)

&

with the lowest resonant frequency being i = |,
where
€, is the acoustic wave velocity in the wansducer material

L is the thickness of the piczoelectric material
n is an odd ineger
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Lithium Meobate Transducers
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FIGURE 3.5 (a) Phote and {b) detailed construction of two single-clement ulirasonic trans-
ducers with one or two maching layers and the backing material. The transducer on the left
has a lens, whereas the ane on the right is self-focused.

In other words, resonance occurs when L is equal to odd multiples of one-half
wavelength or

X |??"'

L=n 3.1

where A, is the wavelength in the piezoelectric material.
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FIGURE 3.6 A piczoceramic dise can be treated as 3 electromechunical device with two
acouslic pons representing the front and rear imerfaces between the ceramic and the sur-
rounding media and an clecirical port.

The transducer can be treated as a three-port network as shown in Figure 3.06:
two mechanical ports represent the fromt and back surfaces of the piezoelectric crystal
and one electrical pon represents the electrical connection of the piezoclectric material
to the electrical generator (Kino, 1987}, Various sophisticated one-dimensional circuit
models exist to model the behavior of the transducer. The best known are the Mason
moddel, the Redwood model, and the KLM model (Krimholtz, Leadom, and Metaei,
19700 Commercial software based on these models is available,

The Mason model can be derived by considering the three-port configuration
shown in Figure 3.7 for a circular disc with area, A, and thickness, L. where [, V. F,
and u denote current, voltage, force, and medium velocity, respectively.

Using the transmission line theory, the constitutive equations relating mechanical
properies o electrical propenties, and boundary conditions that & and £ must be
continuous across interfaces, the following simultaneous equations can be obiained:

e
Zeotk L Z coseck L

F| mKr Ly
s . e
Fy | ==i| Z coseck L Zeotk L e | | (3.12)
v, . 1,
¢ ¢ !

[ wk e wl,
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Mechanical port 11 Transd —————= Mechanical port |
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FIGURE 3.7 A system model for a single-clement transducer.

where 2, = Z,4 is the radiation impedance and Z; is the acoustic impedance of the
picroelectric element, ¢, the piezoelectric stress constant, kr. the wave number in
the piczoelectric maierial, and €, = K5A/L), the clamped capacitance. These simul-
taneous equations can be represented by an electrical equivalent network, shown in
Figure 3.8, where Z,, = 7 cotlk L). Z,; = —jZ coseclk L), Z,, - Z,; = jZtan(k L2},
and # = efANL).

Assuming that the loading media have acoustic impedances Z;, and Z, at pons
I and 11, respectively, the input electrical impedance, Z,, of the transducer at the
electrical pon ean be readily calculated using this equivalent network.

L Ve 0| AT sink L~ 2220 —cosk,L)
F B i B e — +
L oGy | (22 42,2, )sink L - 2, + 2,02 cosk L [k L
(3.13)
tom——— &y =ipy Zy-Zpy ——o
b L]
Zi
Fi -Co 53 E,
-

L -
n:l

FIGURE 3.8 The Mason model or cquivalent cireuit for a single-element transdueer.
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The special case where Z, and Z, = 0 means a disc loaded by air on both sides.
Z, becomes

|
2yt (3.14)

a
o

where £, 15 given by

F
k, IanﬂiELI"EJ (3.15)

Z,=-
ST e, kL2

Equation (3.14) can be represented by an equivalent network consisting of an
impedance, Z,. in series with a capacitor, €, I can be shown easily that Z, —
—k 2 jenC,) when w — 0. Therefore, at low frequencies, a circular disc resonating in
air basically behaves like a free eapacitor, OF = Z, + C, = KAL) As w0 — =,
Equation (3.14) yields that £, — 1/(jiaC,). It behaves like a clamped capacitor, C, =
K*{A/L). This phenomenon has been used as a method for measuring K° and K* of 2
piezoelectric material,

A more careful examination of Eguation (3.13) would show that the input
impedance has a minimum and maximum as a function of frequency for a transducer
irradiating into a medium with acoustic impedance, Z,, with a backing medium of
acoustic impedance, Z,. These frequencies are called the series and parallel resonant
frequencies, respectively. At these frequencies, the transducer can be represented by
two-port networks consisting of a capacitor and a resistor. Al series resonance, or
simply resonance, 6 = t,. Z, is minimal, and the phase angle changes from 90 to
907, Al parallel or antiresonance, W=, Z, is maximal and the phase angle changes
from 90 to =907, These two networks are shown in Figure 3.9(a) and (b), where £,

and R, are the radiation resistances at parallel and series resonance, respectively,
and are given by

2
R.= —NeF (3.10)
W, ClZ+Za)
_ MZ+Z) G
" Akw,CoZe

A plot of the magnitwde and phase of a circular disc resonating in air as a function
of frequency is shown in Figure 3.9(c), where the resonance and antiresonance
frequencies and the change in phase near these frequencies are clearly seen.

A more popular one-dimensional transducer mode is the KLM model shown in
Figure 3.10. This model divides a piezoelectric element into two halves, each
represented by a transmission line, It is more physically imuitive, The effects of
matching layers and backing matenal can be readily included.
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FIGURE 3.9 Equivalen electrical network for a single-element transducer near resonance
{2} a8 series resonance and (b) a1 parallel resonance. (c) The magnitude and phase of a circular
disc resonating in air as a funciion of frequency: this shows the magnitude and phase of the
input electrical impedance of a circular piston transducer irradiating into air and backed by air.

A typical response for a PET 5A single-element transducer of 1-cm diameter,
5.5-MHz resonant frequency, loaded by water and air-backed that is obtained with
the KLM model is given in Figure 3.11. The pulse-echo waveform and the echo
spectrum are shown. The vertical scale is the ratio of output voltagefinput voltage
in millivalts per volt, A @-factor can be defined for the transducer as

Q= fAf-1) (3.18)

where f, is the resonant frequency and f, and f, are the frequencies at which the
amplitude drops to -3 or -6 dB relative to the maximum. The difference, f, — f,, is
referred to a3 the bandwidth of the ransducer.
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FIGURE 3.10 The KLM model for a single-clement tmnsducer,
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FIGURE 3.11 The pulse-ccho wavelform and its spectrum of a single-element transducer
with no matching and backing obtained by the KLM model.
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Two Q-foctors, electrical @ and mechanical (. have been used to describe
ultrasonic transducers because, after all, they are electromechanical devices. In
applications in which maximal outpul is needed and bandwidth requirement is not
crucial, as in a continuous-wave ulirasonic Doppler flow meter, the @ of the trans-
ducer should be large; however, in pulse-echo imaging devices, the {0 should be
small, on the order of | 1o 2. Electrical matching, which optimizes electrical Q, or
mechanical matching, which optimizes mechanical (3, can be used to adjust the 2
or bandwidth of a transducer.

34 MECHANICAL MATCHING

When a transducer is excited by an electrical source, it rings at its natural resonant
frequency, For continuous-wave application, the transducers are air backed, allowing
as much energy irradiated into the forward direction as possible. Due to the mismatch
in acoustic impedance between the air and the piezoelectric material, acoustic energy
at this interface is reflected into the forward direction. Thus, very little energy is
[ost out of the back port. The drawback is that this mismaich, which produces the
so-called ringing effect for pulse—echo applications, is very undesirable because it
lengthens the pulse duration. As will be discussed later, the pulse duration affects
the capability of an imaging system for resolving small objects.

Absorptive backing materials with an acoustic impedance similar to that of the
piezoelectric material can be used 1o damp out the ringing or to increase bandwidth.
The backing material should not only absorb part of the energy from the vibration
of the back lace but also minimize the mismatch in acoustic impedance. It absorbs
as much as possible of the energy that enters it. It must be noted that suppression
of ringing or shortening of pulse duration is achieved by sacrificing sensitivity
because a large portion of the energy is absorbed by the backing material. Various
types of backing materials. including tungsten-loaded epoxy and silver-loaded epoxy,
have been used with good suceess. Several backing materials are listed in Table 3.3.

The performance of a transducer can also be improved by using acoustic match-
ing lavers in the front. It can be easily shown that, for 2 monochromatic plane wave,
10609 transmission occurs for a layer of material of A_/4 thickness and acoustic
impedance Z_, where & is the wavelength in the matching layer material (Kinsler
et al., 1982) and

Z.=Z 2" (3.19)

In Equation (3.19), Z_ and Z, are the acoustic impedances of the piezoelectric
clement and the loading medium, respectively. For wideband transducers, however,
Desilets etal. (1978) showed that, for a single matching layer, Equation (3. 19) should
be modified io

z.=(z,23)" (3.20)
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TABLE 3.3
Acoustic Properties of Transducer Materials

Acoustic Impedance Sound Vielocity
Matching Layers MRyl (rmarm s Rief.
Ceramic-loaded epoxy 2.8 o 11.3 151039 Selfndge 1985
Gilass 10.8 10 Wi 4.5 10 5.66 Selfridge 1983
Parybene 2.83 {Parylens C} 220 Thiagarajan 19%1
SURTV composite Tapered from 1.5 10 2 1.0 wo 8.0 (itheosetical)  Sayers 1984

through thckness
lexperimental §

Backing Material

Tungsten-loaded 61 36 1.5 35 Kina 1987
Cpoxy

Brass (70% Cu. 40,5 4,70 Sellridpe 1983
0% En)

Carbon, pyrolyiic 7.31 331 Selfridge 1985

Air D003 0,334 Selfridge 1985

Lens Material

RTY rubber 0.99 o 1,46 096 1o 116 Seliridge 1985

Palyurethane 1.38 1o 236 1.33 10 2,09 Selfridge 1985

Silicone rubber 1.03 1.05 Ko 1987
15ylgard)

Composite Fillers

RTY 099 1o 1,44 0BG o 116 Kino 1987

Epoxy 2B 10 6.0 2.7 Gururaga 1985

Polyurethane (Tetrad) 126 243 Gururaja L9835

Palyureihane 1.4 227 Gursraga 1985
(MSI solid B0)

Polymer/microballoon 0.5 el | r Shung 1996

For two matching layers, the acoustic impedances of the two layers should be,
respectively,

z.,=(z:z)" (3.21)

Za=(2,2¢)" (3.22)

State-of-the-art transducers and arrays that use composites can achieve a band-
width better than 70%. merely with froni matching and light backing, without losing
much sensitivity. The reason for this is thal optimal matching allows energy to be
transmitted into the forward dircction and reduces ringing resulting from reverber-
ation of pulses, thus widening the bandwidih, Some of the materials that have been
used for matching layers and filler materials in composites are tabulated in Table 3.3.
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FIGURE 3.12 The performance of the transducer is improved by matching and backing,

3.5 ELECTRICAL MATCHING

Maximizing energy transmission andfor bandwidth can also be achieved by matching
the electrical choractenistics of the tansducer to the electrical source and amplifier.
Circuit components may be placed between the transducer and external electrical
devices (Desilets et al, 1978; Goldberg and Smith, 1994). Consider the equivalent
circuit for a transducer ai series resonance shown in Figure 3.9(a). For maximal power
transmission, the transducer input impedance should be real and the input resistance
shoukd mateh that of the source. To tune out the clamped capacitance, a shunt inductor
of the value, L C), may be used. A shunt inductor of the value, 18w C+ B2 C,,
can be used for the circuit 2t parallel resonance shown in Figure 3.9(b). A transformer
may be used o match the resistance.

The substantial improvement in transducer performance by including acoustic
matching. backing, and electrical tuning in the design of a 5.1-MHz PZT-5A trains-
ducer is demonstrated in Figure 3.12; a 72% bandwidth and much improved sensi-
tivity are seen.

3.6 TRANSDUCER BEAM CHARACTERISTICS

The beam characieristics produced by an ultrasonic transducer are far from ideal. It
deviates significantly in many ways from an ideal parallel beam with g aniform
intensity profile. It is possible to calculate the beam profile utilizing Huygens'
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FIGURE 3.13 Coordinate sysicm for depicting the pressure or intensity disiribution of a disc
piston transducer.

principle (Kinsler et al., 1982), which says that the resultant wavefront generated
by a source of finile aperure can be obtained by considering the source to be
composed of an infinite number of point sources. To calculate the beam profile of
an ultrasonic transducer, the transducer surface is considered to consist of an infinite
number of point sources, each emilting a spherical wave. The summation of the
spherical wavelets generated by all point sources on the transducer surface at a
certain point yields the field at that point. Referring to Figure 3.13, the axial intensity,
f(z), at a point z from a circular piston transducer is shown o be (Kinsler et al,
1982; Kino, 1987}

1) = !osinz[%(ﬂ"z: +ai- *}] (3.23)

where
Iy is the maximal axial intensity
a is the radius of the disk
k is the wave number in the loading medium

f(z) = I when

b (Jevat o) =n
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FIGURE 3.14 Axial pressure profile as a function of distance (2) for a 2.5-MHz piston
transducer of 3 mm diameter for continwous wave (CW) (dashed line) and pulsed excitation
(solid fine}.

Where » is an integer. For n = 1, it can be easily shown that, for z == a,

.= ﬁT- (3.24)
This is the distance beiween the transducer and the last maximum of the axial
pressure or intensity.

3.6.1 Beam Profies

Figure 3.14 shows the typical axial pressure profile of a circular piston transducer
driven by a sinusoidal source. Itis a plot of the ultrasonic peak pressure as a function
of the axial distance from the center of the transducer in the medium where the
wave is being propagated. The region where axial pressure oscillates, z < 2, is called
the near-field, or Fresnel zone, and the region where the axial pressure decreases
approximately according to 1/z is called the far-field, or Fraunhofer zone. Obviously,
z,is the transition point from near-field zone to far-field zone. Beyond z;, the intensity
and the pressure decrease as a function of 1/z? and 1/z, respectively.

In the far field of the ransducer, r == a, the angular radiation pattern is found
10 be (Kinsler et al., 1982; Kino, 1987):

19)= 1= ﬂ}[”'—f":ﬁﬂ—ﬂ

where J, is the Bessel function of first kind of order 1 and H(4) is the directivity function
of the aperture. The first zero for this function cccurs at ka - sin § = 3,83, which means

] =T =0) H ) {3.25)

sin $=10.61 % (3.26)
i
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FIGURE 3.15 Angular radiation patern of a disc piston imnsducer.

Figure 3.15 shows the transverse intensity profile of a transducer in the far-field
zone where, in general, the distance between two poins al which the pressure drops
to =3 or -6 dB of the maximal value is defined as beam width. The transverse profile
in the near field is extremely complex and not well defined. As ¢ becomes greater
than z,. the beam starts to diverge (llustrated in Figure 3.16), which is an idealistic
representation of the beam behavior of a circular piston ransducer. In the near field,
it behaves like a parallel beam and starts 1o diverge at z, at an angle of ¢, In the
very far field. the transducer behaves like a point source irradiating energy inio a
cone confined w an angle defined by 26.

Figure 3.15 shows the angular intensity radiation patiern in the far ficld of an
ultrasenic transducer consisting of a main lobe and several side lobes. The number of

&

Transduger
@

Zq

FIGURE 3.0 Idealistic reprosentation of the beam behavior of o single-element piston
transduger,
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side lobes and their magnitude relative to that of the main lobe depend on the st of
transducer aperture size o wavelength and the shape of the piezoelectric ¢lement. For
a cireular disc, the first side lobe level is <17 dB down from the main lobe, The relative
ratio of the magnitwde of the main lobe 1o that of a side lobe can be modified by shading
or tapering the element or weighting the driving signal to the piezoelectric clement.

Shading the element and weighting the input signal amplivde are termed aper-
ture and amplitude apodization, respectively. As the ratio of the aperure sive 1o
wavelength becomes larger, ¢ decreases or the beam becomes sharper, accompanied
by an increase in the number of side lobes. Side lobes are very undesirable in
ultrazonic imaging because they produce spurious signals, resulting in arifacts in
the image and a reduction in contrast resolution. Therefore, 1o have a sharper beam
by increasing the ratio of ransducer aperture size o wavelength, more side lobes
are introduced and z, is shified farther away from the transducer.

Consequently, for a particular application, a compromise must be reached or a
lens may be used to shift the focal point closer to the transducer. A gray-scale repre-
sentation of the acoustic field produced by a circular piston transducer of 0.5-cm radius
at 5 MHe is shown in Figure 3.17, where z,=82.1 cm. Here, the brightness is propor-
tional to pressure amplilnde.

=i
(=]
(=]

o

xial Dimension (mm)
Pagt
(==

T
A
o
(=1

."I_ _'_

A
ﬁj >

5 e S0
Lateral dimension (

FIGURE 3.17 The pressure amplitude distribution of a single-clement transducer with CW
excilation,
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FIGURE 3.20 (See color figure following poge 80.) A Schiicren image of a 10-MHz pis-
ton transducer of 1-cm diameter. The transducer is on the left of the image. The diffraction
patiern near the ransducer is clearly seen. The color bar indicates the acoustic inensity.

3.6.3 Visuauzamon ano Marring of THE Ultrasomic Fiewn

A Schlieren system is an optical system that has been used frequently 1o visualize the
ultrasonic field (Zinskin and Lewin, 1993). This method depends on the diffraction of a
parallel beam of light when it traverses through a medivm in which a refractive index
gradient is normal 10 the light beam. An ultrasonic beam produces such a gradient because
the propagation of an ultrasonic wave is asseciated with changes in the density of the
medium. If the primary nondiffracted light beam is blocked, the diffracted light, which
contains an image of the ultrasound beam, can be observed direcily on a screen, photo-
graphed. or captured by a CCD camern and displayed on a monitor. Figure 3.20 is a
Schlieren image in the near field of a 10-MHz ransducer of 1-cm diameter obtained by
a Schlieren system (Hanafy and Zanelli, 1991).

Although a qualitative interpretation of the Schlieren image is fairly siraight-
forward. a quantitative analysis of the aptical image is difficult {Schneider and
Shung. 1996). Allernatively, a more time-consuming but well-established method,
in which a nondirectional microprobe or hydrophone is used to scan the field, may
be employed (Zinskin and Lewin, 1993}, In addition 1o nondirectional, the probe
should possess nonselective frequency characieristics or a very broad frequency
bandwidih. It should be small in size 1o avoid the establishment of standing waves
and minimize the cffect of acousiic field averaging over the transducer face.
However, in practice, i is almost impossible 1o satisfy all these requirements.
Differemt types of hydrophones are commercially available, including the needle
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type in which the piezoeleciric element is housed in a hypodermic needle of less
than 1-mm diameter and the PYDF membrane type, in which only the center of a
tightly stretched membrane is poled and piczoelectrically active. The diameter of
the poled spot for a membrane hydrophone can be made as small as 0.2 mm. A
small target such as a small sphere or wire has also often been used to map the field.

364 Axial anp Laverar ResoLumion

The axial and lateral resolutions of a transducer are determined by the emitted pulse
duration and the beam width of the transducer (=3 or =6 dB beam width), respec-
tively, because whether the echoes from two targets in the axial or in the lateral
direction can be separated or resolved is directly related to these parameters. This
is graphically illustrated in Figure 3.21(a). where it can be seen that the echoes from
twa largets can be clearly resolved if they are far apart, As the targels are moved
increasingly closer (as shown in Figure 3.21b-d), they become increasingly difficult
1o resolve. Figure 3.21(d) shews what happens when the two largets coincide,

The distance in this figure represents the axial or lateral distance. The beam
width at the focal peint of a transducer, W, is linearly proportional o the wavelength.

W, = fid (3.30)

where f, is the fnumber defined as the ratio of focal distance 1o apenure dimension.
For a circular transducer of diameter 2a and a focal distance of 4a, the transducer
has f, of 2. The depth of focus, Dy—i.e., within this region, the intensity of the
beam within 1.5 or <3 dB of the maximal intensity at the focus—is also linearly
related to the wavelengih,

D, = [\ (331

From these relationships, it is clear that an increase in frequency that decreases
wavelength improves lateral and axial resolutions by reducing the beam width and
the pulse duration if the number of eycles in a pulse is fixed. Unforunately, these
improvements are achieved a1 a cost of a shorter depth of focus,

The axial and lateral resolwtion of a transducer can be improved from an increase
in the bandwidth by using backing andfer matching and focusing. The speetrum of
an ultrasonic pulse varies as il penetrates into tissue because the attenuation of the
tissues is frequency dependent. It is known that the center frequency and bandwidth
of an ultrasonic pulse decrease as the ultrasound pulse penctrates deeper. In other
words, the axial resolution of the beam worsens as the beam penetrates more deeply
inte the tissue. In commercial scanners, pulse shape and duration are maintained by
time-gain—compensation and some form of signal processing.

3.6.5 Focusing

Beuter lateral resolution at a certain axial ronge can be achieved by acoustic focusing.
However, an improvement in the lateral resolution or Focusing at a certain range is
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FIGURE 3.21 The spatial resolutions of an ulirasonic transducer in the axial and lateral
directions are determined by the pulse duration and beam widih.
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Sranadiice: Focuntbum e

Spherically focused element
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FIGURE 3.22 Two mades of focusing that have been used 1o focus ulirasonic bemns: {al
focusing with a lens and (b) self-focusing.

always accompanied by a loss of resolution in the region beyond the focal zone, as
illusirated in Figure 3.22(a).

The general principles of focusing are identical to those in optics. Two schemes
that are often used, a lens and a spherical or bowl type transducer, are illustrated in
Figure 3.22{a) and (b). The acoustic lens shown in Figure 3.22(a) is a convex lens,
which means that the sound velocity in the lens material is less than the mediom into
which the beam is launched. The convex lens is preferred in biomedical ulirasonic
imaging because it conforms better to the shape of the body curvalre. Some of the
lens materials frequently used in medical applications can be found in Table 3.3,
Concave lenses made of Plexiglas or polystyrene have also been used. The focal
length, z, of a lens is given by

= 3.32
S - B
where
R, is the radius of curvature and n = ¢ fe;
¢ is the velocity in the lens
©y is velocity in the mediom

The focal region formed by an acoustic lens is generally ellipsoidal. Its dimen-
sion depends on the relationship between wavelength and the diameter of the lens.
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Generally, the bigger the diameter is, the smaller the focal point is. Ulirasonic
imaging is diffraction limited because the beam cannot be properly focused in the
region very close 1o the transducer and beyond the near-field and far-field transition
point. For a circular piston transducer of radius a, z, = a®/k. The f is a/(21), which
15 determined by the ratio of radius to wavelength, For a ratio of radius to wavelength
= 10, f, = 5. This means that the beam cannot be focused beyond an f, of 5. The
only way 1o obtain focusing at a distance greater than this is to increase the aperture
size or decrease the wavelength.

A single-element transducer can be translated or steered mechanically o form
an image. Linear wranslators do not allow movements, permitting generation of
images at a rate higher than a few frames per second, although some devices allow
steering the tramsducer within a limited angle at a rate of 30 frames per second,
Early real-time ulirasonic imaging devices almost exclusively used these types of
transducers, which are called mechanical sector probes. A typical mechanical seclor
probe is shown in Figure 3.23. The transducer is housed in a dome bathed in some
form of oil to facilitate the transmission of the ultrasonic energy from the ransdueer
to the housing. Mechanical sector probes, which suffer from poor near-field image
quality because of reverberations between the transducer and the housing and fixed
focusing capability, have now been largely replaced by linear arrays.

Mechanical
drive

Probe housing

Single element
transducer

FIGURE 3.23 Detail construction of a mechanical sector probe.,
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3.7 ARRAYS

Arrays are transducer assemblies with more than one element. These alementls may
be rectangular in shape and arranged in a line (called lincar or one-dimensional array
and shown in Figure 3.24a); square in shape and arranged in rows and columns
(called two-dimensional array and shown in Figure 3.24b); or ring shaped and
arranged concentrically (called annular array and shown in Figure 3.24c).

A
-

- Kerf

,T—’

——Array element

Pitch

Kerf width

{2)
Array elements

[Le)]

F Annuli

7

icl

FIGURE 3.24 1a) Linear array: (b) two-dimensional armay: and (¢) annular amay,
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FIGURE 3.25 A linear array forms an image by electronically sweeping the beam. A group
of elemems 15 fired simultaneously 10 form onc beam.

A linear switched array (sometimes called a linear sequenced or simply a linear
array ) is operated by applying voltage pulses to groups of elements in succession
as shown in Figure 3.25; here, the solid line and the dashed line indicate the first
and second beams, respectively. In this way, the sound beam is moved across the
face of the ransducer and electronically produces a picture similar to that obtained
by scanning a single-element transducer manually. The amplitude of the voliage
pulses can be uniform or varied across the apenture as shown in the figure by arrows
of varying length. Amplitude apodization or varying the input pulse amplitude across
the aperture is sometimes wsed to suppress side lobes at the expense of worsening
the lateral resclution. If the electronic sequencing or scanning is repeated fast enough
(30 frames per second), a real-lime image can be generated.

Linear arrays are usually | cm wide and 10 te 15 cm long and have 123 1o 256
clements, Typically, 32 or more elements are fired as a group. As was explained earlier,
for the sake of achieving as good a lateral resolution as possible, the iradiating apenure
size must be made as large as possible. The aperture size is in wm limited by the
requirement of maintaining a large number of scan lines. This point will become clearer
in Chapter 4. Figure 3,26 shows the detailed construction of a linear array consisting
of a backing maerial, a layer of piczoclectric material sandwiched between two
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Lens, 1.8 MRayls

Cuter matching liver. 3.2 MRayls Inner matching layer. 7.3
MRayls

Mezoelectric ceramics

[ Kerl

Mlachinable ceramic

Altenuative backing, 6.0 MRayls Brass posis for interconnect

FIGURE 3.26 Detnil construction of a lincar array with two matching layers. o lens. and
light backing.

electrodes, and vwo matching layers, Here, a concave lens is used 1o focus the imaging
plane in the elevation direction or 1o control the slice thickness of the imaging plane.

This is a problem of crucial importance in two-dimensional imaging with one-
dimensional arrays because the slice thickness cannol be controlled throughout the
depth of view. The slice thickness is the smallest only at the focal point of the lens
and becomes worse closer 1o the array or beyond the focal point. A large slice
thickness can cause serious image arlifacts, (including a reduction in contrast).
Referring also 1o Figure 3.24(a). the space between two elements is called a “kerf™
and the distance between the centers of two elemenis is called a “pitch.” The kerfs
may be filled with acoustic isolating material or simply air to minimize acoustic
cross-talk. The kerfs are often cut into the lens and backing 1o minimize acoustic
eross-talk between adjacent elements through the backing, the lens, and matching
layers. The size of a pitch in a linear array ronges from W2 o 302, where A is the
wavelength in the medium into which ultrasound in launched and is not as eritical
as in a phased armay (Sweinberg, 1976; Shung and Zipparo, 1996).

The linear phased array, while similar in construction, is quite different in
operation. A phased array is smaller (1 em wide and 1 10 3 em long) and wsually
contains fewer elements (96 1o 256). Referring to Figure 3.27, il the difference in
path length between the center element and element number, i, is Ar, = r=r_, al a
point Pirg,), the time dilference is then

(3.33)
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FIGURE 3.27 A mwo-dimensional coordinate system depicting the difference in path length
between the center element of a lincar array and the mth element.

where the first and the second terms on the right-hand side of the equation indicate
the time differences due 1o steering and focusing, respectively.

Therefore, the pulse exciting the center element should be delayed by a time
pericd of Ar, relative 1o the pulse exciting the element a if the ultrasonie pulses are
to arrive at point P simultaneously. The ultrasonic beam generated by a phased aray
can be focused and steered by properly delaying the signals going o the elements
for transmission or arriving at the elements for receiving, as illustrated in Figure 3.28,
according to Equation (3.33). The radiation pattern in the for field of a linear phased
array of length L, consisting of & elements, i.e., 2 > L2344, is given by

M
Hu) = ﬂnc[%]-gﬁ[nnm %]‘sinc[%] (3.34)
where

H=sin &,

Hiu) is the directivity function at an angle of §,

b is the width of the element

g is the pitch

The symbol * indicates the operation of convolution. & represents the delta
function, and sinc denotes the sinc function = sindy. For amays with regularly spaced
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FIGURE 3.28 The echoes returned from a point scatterer ai point & can be made to amive
at the same time by approprisely delaying the echoes detected al the elements of @ linear array.

elements, high side lobes called grating lobes occur at certain angles because of
constrective interference, which is related to the wavelength and the pitch by the
following equation:

o, =ﬂn--[ﬂ] (3.35)
P

where n is an integer = 1, %3,

For the grating lobes to occur at angles greater than 90°, ¢ must be smaller than
A2, When this condition is satisfied, the array is said to be fully sampled. The effect
of pitch on the radiation paitern of a 20-element array is illustrated in Figure 3.29
where Figure 3.29(a) and Figure 3.29(b) are for 1.5 and 0.75 & pitch, respectively.
As can be seen, the grating lobes move further away from the main lobe as the pitch
is reduced, Equation (3.34) also shows that the magnitude of grating lobe relative
to the main lobe is determined by the width of the element, . The smaller the value
for b is, the larger is the magnitude of grating lobes relative to the main lobe. The
width of the main lobe in turn is determined by L. the width of the array. The greater
the L, is, the smaller the main lobe is. There are ways, although not perfect, o
suppress the grating lobes. These include randomizing the spacings between ele-
ments, which spreads the grating lobe energy in all directions, resulting in a “ped-
estal™ side lobe (Turnbull and Foster. 1992) and subdicing the elements.

There are a few simple design rules for linear arrays and linear phased arrays.
For linear arrays, the pitch, g, should be between 0,75 and 24; the ratio of the width
of the amray element 1o the thickness of the element, /L < 0.6: 1o aveid spurious
resonant modes, & > 32: and the cross-lalk between adjacent elements < =30 dB.
For phased arrays, the pitch g should be smaller than 0.5 A, &L < 0.6, and & ~ A2



Ultrasonic Transducers and Arrays 73

Amplitude (dB)

Amplitade (B}

e i w0 2 4 s0 80

~B3  -60  -40 =30 o
Angle [degrees)
L+

FIGURE 3.29 (a) Large grating lobes are produced a1 40 and =40® by a linear array with an
pndesizable pitch. (b) Grating lobes are moved away when the pitch is reduced 1o smaller
than a wavelength.
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Dynamic focusing
Transmit: usually discrete
Zone 1

Zone 2

Lone 3

3=zone dynamic focusing

Receive: continuous or many discrete zones

FIGURE 3.30 Discrele zone dynamic focusing is wsed for transmission. whereas almost
continuous dynamic focusing may be used in receplion.

to ensure a broad beam because the beam is sieered, and the cross-talk < —35 JdB
because cross-1alk can result in an inerease in the apparent aperture size.

Phased arrays allow dynamic focusing and beam steering, Dynamic focusing
can be achieved in transmission and in reception. However, multiple ransmissions
of pulses are needed for dynamic focusing during transmission, slowing down the
frame rate, Transmission dynamic focusing is usually done in discrete zones. whereas
receiving dynamic focus.ing; can be done in many more zones or almost continuously,
as illustrated in Figure 3.30,

After all data are acquired, a composite image is formed, taking only the data
from the zones where the beam is focused, To maintain the beam width throughout
the depth of view, state-of-the-an scanners also use the dynamic aperture apodiza-
tion described earlier and shown in Figure 3.31. The aperture size is varied as a

Apodization of aperture size
. Linear array

Dy [y Dy

FIGURE 3.31 Apenture size apodization can be used 1o maintain the beam widih throughout
the depth of view,
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Linear arvay Phased array
(a} (B}

Curved linear array
]

FIGURE 3.32 The shapes produced by various types of amrays: (a) lincar; (b) phased: and
(&) curved linear,

function of time to allow proper focus of the beam at distanees Dy, Dy, and D,
The reduction of aperture size is especially crucial in the near field, where the
beam cannot be focused for a transducer of a given size. A variation of the linear
array is the curved array shown in Figure 3.32(c) that allows the formation of a
pie-shaped image without resorting to phased array technology, which is more
complicated and expensive. In contrast, Figure 3.32(a) and Figure 3.32(b) show
the shapes of images obtained by a linear array and a phased array, respectively.

Linear arrays can be focused and steered only in one plane, the azimuthal
plane. Focusing in the elevation plane perpendicular 1o the imaging plane, which
determines the slice thickness of the imaging plane, is achieved with a lens. This
problem may be alleviated by wsing multidimensional arrays or 1.5-dimensional
or iwo-dimensional arrays (Daft et al,, 1994; Smith et al., 1995; Shung and
Zipparo, 1996). A 1.5-dimensional design used 1o provide limited focusing capa-
bility in the elevation plane and 1o reduce slice thickness is shown in Figure 3.33.
It is an alternative to two-dimensional, arrays which are still under intensive
investigation and are not yet widely commercially available (Smith et al., 1995),
In 1.5-dimensional arrays, the additional elements in the elevation direction
increase the number of electronic channels and complexity in array fabrication.
Two concerns associated with 1.5-dimensional arrays that do not exist in one-
dimensional arrays are grating lobes in the elevation plane as a result of the small
number of elements and increased foolprint or aperiure size.

Two-dimensional arrays shown in Figure 3.24(b) have been investigated to
perform high-speed three-dimensional ultrasonic imaging for cardiae applications
(Smith et al., 1995; Greenstein et al., 1997). The current two-dimensional arrays
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FIGURE 3.33 A 1.5-dimensional array with five rows.

may consist of more than 40 = 40 = 1600 elements at 2.5 1o 3.5 MHz. with fewer
than a few hundred elements actually wired. The square aperiure has a size of
1.5 = 1.5 cm with each element smaller than 250 x 250 pm. I suffers from a
severe difficulty in electrical interconnection due 1o the large number of elements
and channels, low signal-to-noise ratio due to electrical impedance mismatching,
and small element size. Fiber optics and multilayer architecture are possible
solutions 1o the interconnection problem and array stack design.

It has been reported that Philips' recently introdeced four-dimensional scanner
capable of displaying three-dimensional images in real time incorporates a two-
dimensional armay of 60 x 60 elements. A novel multiplexing scheme is used to
reduce the total number of electronic channels 1o a manageable level (Savord and
Soloman, 2003). An aliernative 1w solving the complexity and cost in lecironics
and interconnection would be 1o use sparse array technology that reduces the element
and channel count at the price of poorer signal-lo-noige ratio and array performance
(Lockwood et al., 1996),

The annular arays shown in Figure 3.24(c) can also achieve biplane focusing.
By using appropriate externally controllable delay lines or dynamic focusing. focus-
ing throwghout the field of view can be attzuned, A maor disadvamage of annular
arrays is that mechanical steering must be used 1o generate two-dimensional images.
The widih of cach annulus may be adjusted o maintain the beam intensity over the
dyvnamically focused rones,
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4 Gray-Scale Ultrasonic
Imaging

The transducersfarrays described in Chapter 3 are used (o generate and receive
ulirasound signals required to form an image. In this chapter, ather crucial compao-
nents of an imaging system (hat generates, processes, and displays the ultrasound
signal inte an image are discussed. Typically, the image is displayed in gray scale.
li can also be represented by such formats as rainbow or heated object scale depend-
ing upon the preference of the manufacturer and the elinical need. It must be stressed
that these images yield mostly information about the anatomy of the imaged object.
Various modes of ultrasound imaging have been used over the years,

4.1 A (AMPLITUDE)-MODE
AND B (BRIGHTNESS)-MODE IMAGING

A-maode is the simplest and earliest mode of ulirasonic imaging. A block diagram
for A-mode instruments is shown in Figure 4.1, A signal generator that produces
high-intensity shert pulses or a pulser is used to excite a single-element transducer.
The returned echoes from the tissues are detected by the same transducer, amplified,
and processed for display. A coupling medium in the form of an aqueous gel or oil
is used 1o couple the transducer to the body because of the mismatch in acoustic
impedance between the body and the transducer. Without the gel, very little energy
can be transmitted into the body.

The echoes returned from various strectures due to large interfaces between organs
or small inhomogeneities in the organ, such as cells, small blood vessels, ducts, ele.
(Shung and Thieme 1993), are first amplified by a preamplifier. The preamplifier that
provides the initial state of signal amplification with a gain of a few decibels is an
amplificr with high input electrical impedance and low noise. A second-stage ampli-
fication is provided by the time=gain-compensation (TGC) amplifier that may have a
gain greater than 40 dB. TGC is needed because ultrasound energy is attenuated by
lissues as it penctrates deeper into the body. Energy loss ig affected not only by tissue
attenuation that is exponentially related to the depth of penetration (as previously
discussed) but also by beam diffraction. Therefore it is quite difficult to compensate
for the energy loss accurately. A variety of TGC curves, shown in Figure 4.2, have
been used and are usually available in an wltrasonic scanner for the operator to select.

The amplified signal is then demoedulated, involving envelope detection and
filtering, and logarithmically compressed. Logarithmic compression is needed
because the dynamic range of the received echoes, which is defined as the ratio of
the largest echo to the smallest echo above noise level detected by the transducer,
is very large—on the order of 100 to 120 dB. Typical display units or cathode ray

79
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FIGURE 4.1 Block dingram of an A-mode scanner.

tube (CRT) monitors can only display signals with a dynamic range up 1o 40 dB at
best. The horizontal axis of the CRT monitor is synchronized or triggered by pulses
generated by the pulser: the vertical axis or venical deflection of the electron beam
is driven by the output of the signal processing unit, which is the demodulated and
log-compressed echo amplitude or simply the video signal.

Amplilier Gain

Exponential

Flat Gain

e ) o -

Time or Depth of Penetration

FIGURE 4.2 Time-gain-compensation curves frequently wsed in ulimsonie imaging.
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FIGUIRE 3.20 ~ Schbicren image of a 10-MHe piston transducer of 1 ¢m diameter, The
iransducer 1% on the el of e image. The diffraction pattern near the transducer is clearly
seen, The color bar indicates the acoustic intensiny.

FIGURE 6.1 Color Doppler image of a renal transplant obsained with a 7-MHz curved array.
The transplant vasculature 15 represented by the color image and the gray-scale B-mode image
delingates the kidney anatomy where large cysis (anechoic regions) are seen. (Counlesy of
GE Moedical Systems.)



(b}

FIGURE 6.5 (b Tissue Doppler image of myoeardial motion. Colored arc Can o vielogy
of myocardium maotion in the hear walls and anechoic regions indicite itracar o Blood
pool. (Courtesy of Philips ATL.)

FIGURE 6.6 Color Doppler power image of carotid anery acquired with 2 12-MHz linear
array, The color in this case represents the power contained in the Doppler signal rather than
the mean Doppler-shified frequency. The brightness of the color is propontional 1o the Doppler
power and has nothing to do with the magnitude of velocity, The presence of a color in a
pixel merely means that a flow signal is deteeted in that piscl. {Courtesy of Philips ATL.)
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FIGURE 8.8 A 20-MH:z “”:-"E:i“}.-' catheler 1% p|;|¢¢d at the midstent bovel. The r'iglll jpamel
shows a longitudinal view of the stenl. The echogenic stent structure is clearly seen. (Counesy

Multi-Row Flex

(a) (b)

FIGURE 9.4 (a) A photo of a |.5-dimensional array with multilayer flex. (b) Enlarged view
of 2 section of the flex. The line width and via hole diameter are 25 and 50 pam, respectively.
(Counesy of D, Wildes, GE.)
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FIGURE 9.14 Three-dimensional image of a fetus in uierns obtained offline. (Courntesy of
GE Medical Sysems.)
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FIGURE 4.3 (a) A-mode display of returned echoes as function of time of flight for the
arrangement shown on the top of the figure that depicts a transduecer sending out a shor pulse
into the human body and receiving the relumed echoes. (b) B-mode display of (a) in which
the echo amplitude in each pixel is represented by gray level. Brighter pixels represent echoes
with higher amplitude. Each square in (b} denotes a pixel of the display.

The type of information obiained by an A-mode instrument, called an A-line
and depicted in Figure 4.3(a), can be displayed in an alternative format. In a B-mode
display, the echo amplitude is used to modulate the intensity of the electronic beam
of the CET monitor. Therefore, the echo amplitude is represented by the brightness
or gray level of the display. Figure 4.3(b) shows a B-mode display of the A-line
shown in Figure 4.3(a). Each square in Figure 4.3(b) depicis a pixel of the monitor
display where the brightness is proportional to echo amplitude, It is not necessary
o display the echo information in this manner.

The echo amplitlude or video signal vs. gray level mapping can be made adjust-
able, as illustrated in Figure 4.4, depending upon the clinical application. Forexample,
windowed gray-scale mapping may be used to enhance the image contrast of lissues
n regions where there are no strong reflectors or strong echoes need 1o be suppressed.
This is an option available in commercial scanners. An A-line or single line of the
B-maode display yields information about the position of the echo, given by o = ci/2
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FIGURE 4.4 Various forms of gray-scale o echo-amplitude mapping.

where d is the distance from the transducer to the target; ¢ is the time of flight or the
time needed for the pulse 1o wravel from the transducer to the target and retum 1o the
transducer; and ¢ is the sound velocily in the tissues, which is assumed 1o be a constant
of 1540 m/s in commercial scanners, and information about the acoustic properties
of the tissues (e.g., size and acoustic impedance). Sound velocity can be assumed (o
be a constant because, in tissues, it does not vary significantly —uypically, less than
3%. as previously discussed. This assumption sometimes may cause errors in distance,
area, or volume measurements and image distoriion.

A majority of commercial scanners on the market wday are two-dimensional B-
mode scanners in which the beam position is also monitored. Figure 4.5 shows a
static B-scanner in which the position of the transducer in the x—v-plane is encoded.
The positional information of the beam, plus the video signal representing echoes
returned from the z-direction, is converted into a formal compaiible with a CRT

Pulse Pre- TGC Signal
Generator Jl'r!pliﬁ:r .ﬁ.l.'llphﬁcr Processing
Y 1
2-D translator
nior 4—: i
Converter
X and ¥ position information
Transducer | Coupling gel
Skin y Monitor
—— W e 11_‘

—

FIGURE 4.5 Block diagram of u static B-mode scanner.
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Skin

FIGURE 4.6 Compound scan is performed by combining two different modes of motion of
the wransducer in forming one image. In this case, the motions are linear translation and
sweeping within a sector angle of the transducer.

monitor in a device, called a scan-converter, and s almost invariably digital today. If
the ransducer is scanned in the x-direction, the image formed represents an image
of structures in the x—z-plane.

Images can also be formed by superposition of multiple images after translating
and rotating the transducer at a fixed x-position within a sector angle, as illustrated
in Figure 4.6. This is called compound B-scan. The advantages of doing this are
o make the image look smoother or suppress the speckle pattern {which will be
dizcussed later) and to average out the specular echoes due to flat interfaces. The
disadvantage is that it slows down the image acquisition rate. Static B-scanners
are no longer used today because of poor image quality due to the lack of dynamic
focusing and low image acquisition rate except for high-frequency (higher than
20 MHz) applications. Modern B-mode scanners can acquire images faster than
30 frames per second to allow monitoring of organ motion.

Depending upon the mechanisms used to drive a transducer, the real-time
scanners are classified into mechanical-sector and electronic-array scanners.
Because electronic array systems generally produce images of better quality, mod-
ern ultrasonic scanners are almost exclusively array-based systems. Figure 4.7(a),
Figure 4.7(b). and Figure 4.7(c) show a photograph of a modern ultrasonic scanner,
an image produced by a linear curved array, and an image produced by a linear
phased array, respectively.

The bleck diagram of an earlier analog B-mode imaging system is shown in
Figure 4.8. A pulser is switched on 10 a group of elements with or without delays.
The returned echoes detected by the ammay elements are processed by the front-end
analog beam former, consisting of a matrix of delay lines, transmitfreceive (T/R)
switches, and amplifiers. Several components in a B-mode scanner perform the same
functions as those in the A-mode system. These include the TGC amplifier and signal
processing units for signal compression, demodulation, and filtering. Various forms
of TGC fram which the operator can choose are available on the console. The timing
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FIGURE 4.7 {aj A j'.lhi.'ll.l.i ol o modern ulirasome 2canmer. (b)Y An i|'|'|;:|$1': af & [e1us M e nn
oblaimed by o hincar curved array, The head and a limb of the fetus can be clearly secn.
ieh A four-chamber view of the heart obtained from the apex of the heart with a phased
array. (Courtesy of Philips Ulinasound_ )
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FIGURE 4.7 (Contimeed),

and conirol signals are all penerated by a central unit. The image is displayed on a
storage monitor.

In kuer systems, shown in Figure 4.9, after signal processing, the signal is
digitized by an analog to digital (A/D) converer. In high-end systems, a digital beam
former (Fizure 4.10) is wsed. The A/D conversion following preamplification is
pecomplished in the beam former, This makes the system much more expensive

.-'-.n.'.'.w!: imagieing architecture
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FIGURE 4.8 Block diagram of an analog ulirasonic imaging system developed in the 1970s
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Amalog imaging architecture

Linear areay

FIGURE 4.9 Block diagram of an ulirasonic imaging system that wilizes an analog beam
Tosmer.,

hecause many more A/D converters of a higher sampling rate are required. The
accuracy of the A/D conversion is determined by the number of bits of the A/
converier. An 8-b A/D converter digitizes the signal imo 2% = 256 gray levels, For
better contrast resolution, more bits are needed. High-end machines display more
than 236 gray levels. The scan converter is a digital memory device that stores the
data converted from the format in which they were collected into a format that can
be displayed by a monitor. Before display, the video data may be processed again
via band pass filtering, high pass filtering, low pass filtering. gray-scale mapping, eic.

From the front end

FIGURE 4.10 Block diagram of o digital beam former.
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Scan lines

FIGURE 4.11 Image format obaained by a lincar array.

Signal processing performed before and after the scan converter are called pre- and
posIprocessing, respectively.

For most of the B-mode scanners, only one ultrasound pulse is transmitied at
any one instam of time. As seen from Figure 4.11, the time needed to form one
frame of image, §, can be readily caleulated from the following eguation:

M
‘.r = E... (4.1}
¢
where
[ is the depth of penetration determined by the pulse repetition frequency of the
pulser

N is the number of scan lines in the image
¢ is the sound speed in tissue

Rearranging this equation,

o

FON = 5 (4.2)

where F = 11, is the frame rate.

The depth of penetration, D, 15 specified by the pulse repetition period of the scanner,
which should be long enough o allow all the echoes of interest to be detected. Range
ambiguity can result if the pulse repetition period is wo shon, For instance, rnge
ambiguity (i.e.. it is not clear which pulse causes the echo from the object) can veour
if the time of fight from an object of interest is longer than the pulse repetition period.
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Elevation
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Azimuth

FIGURE 4.12 Image format obtained by a phased array,

Looking a1 Equation (4.2), it is readily apparent that, to change any one of the F. D,
and N parameters, the rest will be affected because sound velocity in tissues is assumed
1o be a constant. One example is that, if the depth of penciration is increased, the frame
rate or the number of scan lines must be reduced,

4.1.1 Resowmon ofF B-Mooe Urtrasonic IMAGING SySTEMS

The resolution of a B-mode imaging system in the imaging or the azimuthal plane is
determined by the duration of the pulse in the depih direction (i.e., in the direction of
the beam) and the width of the ultrasonic beam in the lateral direction (ie. in the
direction perpendicular to the beam), as previously discussed. The slice thickness of
the imaging plane or the beam width in the elevation plane is fixed and determined
by the lens propenies. Figure 4.12 shows the image format obtained by a phased array.

4.1.2 Beam Forming

In real-time imaging with linear arrays, the ultrasonic beam can be dynamically
focused and steered by applying appropriate time delays 1o the transmitted pulses
orfand received echoes utilizing Equation (3.33), as illusirated in Figure 3.27, which
shows the top view of several elements of a linear array. Equation {3.33) can be
obtzined by considering that the difference in path length between the ath element
and the center element is Ar = r, = r, where from the cosine law, r, given by

. =E,:+15-zmn cos(900 +§, ]']“:

12

[r’ + 33w ey, 5in(90"+¢‘]]

L]

{,.1_'_: Yer & Uz
X+ a.r_.lﬂné}_ o

¥

SAr =




Gray-5cale Ultrasonic Imaging 89

By making the assumption thal r => x, —that is, the point P is in the far field
of the array—and using the approximation (1 + x)" =1 + (1/2)x for x ~ 0, this
equation can be simplified 1o

- x2
ﬂ.r" = sing, +1—r

The timing needs to be adjusted to make the transmitted pulse emitted by each
element relative to ather elements to armive at the point P at the same time. The time
delay of the iransmitied pulse to the center clement relative 1o the nth element is
therefore given by Equation (3.33), which is

1 2
At = Arfo = 2200 4 X0
" " 2er

where the first and second terms represent the time delays needed for achieving
beam steering and focusing, respectively.

The same criteria can be applied to the receiving beam or the echo returned
from point P. A delay of Ar, to the echo received by the center element is needed
1o make the echo and the echo received by the nth element being summed at the
same time, illustrated in Figure 3.28.

This time delay function is one of the functions provided by the beam former
of the ultrasonic imaging system. Other functions of the beam former are weighting
and apodization of the transmitted and received signals. In earlier days, beam forming
was predominantly accomplished with analog devices or by analog beam formers.
The problems with these devices are bulky delay lines, incapability of finer delays,
electrical impedance mismatch, limited bandwidth, switching transients, and inser-
tiomn loss,

Digital beam formers are used today in most high-end systems. A digital beam
former is primarily a sampling-delay-sum—detection process as opposed to the
delay-sum=detection-sampling process in analog systems. As was discussed, a
drawback of the digital beam formers is their cost, which increases with the number
of array elements and electronic channel counts, Currently, digital beam formers in
commercial scanners sampled the data at 20 to 40 MHz 1o 8 to 12 b,

Mathematically, the beam-forming function can be summarized by the following
cquation (Thomenius, 1996):

N w
2rr)
ﬂ:}:ZaﬂZ‘%v[:-mﬂ-%w—r-} (4.3)
i i
where
e(f] is the summed echo waveform at the summing amplifier
Vir) is the transmitted waveform
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N is the number of armay elements

M1 is the focal distance a1 a particular lime

A, and Ay are the weighting funciions for reception at channel { and transmission
at channel §

Arg and Ar; are the time delays applied during ransmission and reception o
elements § and i, respectively

For uniform excitation and receive weighting, A, = | and A = 1. For systems
that use fixed ransmission focusing, this equation is reduced o

eln = ZA v[; > Irm] 4.4

4.1.3 SeeckLe

The B-mode ultrasonic images exhibit a granular appearance. called speckle pattern,
which is caused by the constructive and destructive interferences of the wavelets
scattered by the tissue components as they arrive at the iransducer surface (Wagner
etal., 1983; Shung and Thieme 1993). This speckle appearance very much resembles
the speckle pattern that results from laser seattering by a rough surface. I1 the incident
ultraspund beam is totally coherent like the laser beam. the speckle carries no
imformation about the microstructure of the tissues, Foriunately, ultrasonic scanners
use partially coherent incident waves, i.e., pulses. Thus, the speckle patterns exhib-
ited by tissues comain useful information about the structures of the tissues that can
be used clinically for tissue differentintion.

The resemblance between laser and ulirasound speckles has been extensively ana-
Iyzed (Wagner et al., 1983). The histogram of the video signals or echo amplilude
returned from tissues or the number of occumences plotted as a function of the amplitude
of these echoes, V, follows a Rician distribution (shown in Figure 4.13) similar to the
distribution of the magnitude of a phasor V= X + j¥ with a uniform phase. The symbol
o denotes the varance of the real component, X, or imaginary component. ¥. This
mieans that the signal contains random and ordered components. If there are no ordered
components, the histogram should follow a Rayleigh distnbution given by

v

e % for V20

Vv
P(V)=
(V)=

L

where V¥ = X2 + ¥2, and o} . the variance of the magnitude of a phasor V, = (2-1/2)
G =042 ¢, Here, 0° = <X — <¥>% <X> denotes the mean of X. [t can be easily
found that <V> = 1.9]1 o, This means that the signal-to-noise ratio for a Rayleigh
distributed signal would be a constant at 1,91,

The question of whether the speckle is a friend or foe has been debated for many
years. On the one hand, speckles provide diagnostic information for clinicians to
make a disgnosis. A clear example is that different organs exhibit different speckle
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Rayleigh and Rician Probability Density Function Plots
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FIGURE 4.13 Histograms or probability density function (PDF) of echo amplitede fram
biolegical tissues follow a Rician distribution {dashed line). a special form of which is the
Favleigh distribution (solid line), P(V) is the probability density at an ampliiede, ¥ and @,
is the variance of 1

or textural patterns and wmors frequently exhibit different speckle patiems from
normal tissues. On the other hand, speckles degrade spatial resolution of the imaging
system, Smaller objecis may be obscurcd by the speckles. The most optimal resolution
appears 1o smooth oul somewhat the speckle pattern while maintaining as much as
possible the spatial resolution and the Frame rate. Frame averaging via spatial com-
pounding or frequency compounding has been studied and implemented in commer-
cial scanners. Spatial or frequency compounding describes a signal processing methed
in which multiple frames are acquired at different imaging angles or spatial positions
or al different frequencies and subsequently averaged to form one frame of image.

4.1.4 Imace QuaLiTy

The most objective way of assessing the image quality of an ultrasound system is
to use the operator receiving characteristics (ROC) curves (Shung et al., 1992), in
which human invalvement is included. To be meaningful statistically, many subjects
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need 1o be sudied to cbiain a measurement in which imer- and intraobserver
variations are considered. Although this approach is the most desirable, it is very
complicated and expensive, Simpler but quantitative measures such as spatial reso-
lwion and contrast resolution are often preferred. The spaiial resolution can be
assessed by imaging standardized 1argets or phantoms consisting of point or wire
targets embedded in water- or tissue-mimicking gels, The spatial resolution measured
thig way depends strongly upon the instrument settings. A more conventent approach
is 1o determine the point spread function of the system.

4.1.4.1 Point Spread Function

The point spread function of an imaging system (Shung et al., 1992) is the spatial
point response, which is the inverse spatial Fourier transform of the spatial transfer
function of an imaging system if it can be treated as a linear system. Suppose that
the point spread function and the spatial transfer function of an imaging system can
be denoted as fi(x) and H{v). respectively, where x and ¥ are vectors representing
spatial distance with a unit of centimeters and spatial frequency with a unit of cycles
per centimeter. The input (the object to be imaged), 5. and output {the image acquired
by the imaging system). O, are related by the following equation in the spatial
frequency domain;

vy = H{v15(v) (4.5)

In the spatial domain, their relationship is given by

o(x) = h(x)* s(x) = _[' SO hlx= (4.6)

where * denoles convolution.

The point spread function of an ultrasound sysiem can be assessed by imaging
a small point targel embedded in a homogeneous gel mediom or a poim target
suspended in a water bath and mapping the gray level of the image. Figure 4.14
shows the gray level of such an image as a function of one dimension of the spatial
vector, X, represented by x,. System [, which has a sharper point spread function,
should have a better resolution than System 11

4.1.4.2 Conltrasl

Spatial resolutions of an imaging system are also affected by other parameters,
including noise and the contrast of the object to be imaged. Figure 4.15 shows a
spherical void with scaltering property, which may be represented by n,—the
backscantering coefficient, as discussed in Chapler 2—surrounded by a background
medium with backscatiering coefficient 1,,. The object contrast may be defined as

Ll Pl ™
Ma

¥, = 4.7)
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FIGURE 4.14 Point spread functions of vwo imaging systems represented by gray-scale
distributions as a funclion of one spatial dimension. System | has o narrow point spread
funciion and therefore better spatial resolution than System 11,

The image contrast is defined as

y, =B Om (4.8)

where g, and g, denote the video signals or gray levels of the object and background,

A good imaging system would enhance or accentuate the object contrast. The
minimum conirast requircd for an imaging system to detect the object of a specific
size in the presence of image noise is called the contrast resolution. These two param-
eters are interrelated, A system with superior resolution for high-contrast objects may
nod be capable of maintaining the same resolution as the contrast is reduced.

Side lobes and grating lobes produced by a single-element transducer or array
as discussed in Chapter 3 are undesirable because they would degrade the contrast
resolution of an wltrasonic imaging system. Consider the example of the spherical
void phantom. The echocs resulting from the side lobes or grating lobes will con-
mibute 10 the echoes generated by the main lobe or beam, For a void with no

Phantom Image

FIGURE 4.15 Diagram denoting a spherical void phantom with a scattering property differ-
ent from the surrounding medium and ihe corresponding image.
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scatterers, like a cyst, these echoes produced by the side or grating lobes will appear
in the void, reducing the comrast between the void and the surrounding medium.

4.1.4.3 Moises

An ultrasonic imaging system has two sources of noises: acoustic noises produced
by the wansducerfarray and spurions acoustic interactions and electronic noises
produced by the imaging system. Acoustic noises may result from the cross-1alk
among elements in an array and between the active element(s) and the supporn
structures, from spurious reflections and refractions, and from grating and side lobes.
The elecironic noises are generated by the cross-coupling of cables and electronic
elements, and active devices. Typically, acoustic noises are larger and more trouble-
some than electronic noises,

4.1.5 PHase ABeRrATION COMPENSATION

In commercial scanners, the sound velocity in tissues is assumed to be a constani.
This could cause image degradation if the sound velocity of a region of tissues
deviates substantially from this assumed value. It is known that fat and skin velocitics
differ appreciably from 1540 m/s. The predetermined time delays caleulaed with
the assumed velocity in the beam former may not be sufficiently accurate 1o achieve
proper focus. Various methods have been used to compensate for this aberration
caused by the phase difference of the pulses arriving at the transducers or arrays
(Flax and O°Donnell, 1988; Mock and Trahey, 1989).

One method uses a region of a tissue with prominent features, e.g., a blood
vessel, as a target. The arrival times of all returned echoes at each element of an
array are adjusted via cross-correlation of echoes or pulses returned from the target
region. Another method compensates for the velogity difference by adjusting the
delays of the arriving echoes until the brightness from a region of tissues is maxi-
mized. These methods have been demonstrated to be capable of improving image
quality under certain conditions. They have found very limited use because they
slow the frame rate and the improvement is marginal. One reason for the limited
success has been attributed to the fact that the phase difference in the elevation plane
cannol be compensated. Implementation of phase aberration compensation with
multidimensional arrays is under way and may yield fruitful results,

4.1.6 CusicAL APPLICATIONS

B-muode ultrasound has numerous applications because it is noninvasive and can
display two-dimensional cross-sectional images of anatomical structures in real time.
Some of the many applications of B-mede ultrasound include;

*  Obstetrics for monitering the siatus of the fetus
= Gynecology for diagnosing problems in the ovary
*  General radiology for diagnosing liver tumors and gall bladder diseases
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*  Wascular surgery for detecting arterial stenosis and deep vein thrombosis
and for characterizing atherosclerotic plagques

+  Cardiology for diagnosing valvular diseases and monitoring the integrity
of cardiac wall functions

4.2 M-MODE AND C-MODE

In M-mode display, one intensity-modulated A-line or one B-line is swept across
the monitor as a function of time al a rate much slower than the pulse repetition
frequency (PRF) of the A-line, as illustrated in Figure 4.16, The sweep of the
electron beam in the x-axis is controlled by a slow ramp generator: the triggering
of the y-axis is synchronized with the pulser. The rest of the device is similar to
the A-mode device, In this format, the ultrasound beam is fixed at a certain position
or angle and the displacement of a target relative to the probe along the beam
direction is displayed as a function of time. The motion of a swinging pendulum
#t positions o, b, and ¢ can be clearly discerned on the display. This type of display
is most useful for menitoring the motion of anatomical structisre—for example,
valves in the heart. Figure 4.17 shows the M-mode display of a mitral valve prolapse,
an abnormal displacement of the valvular leaflets,

C-mode is a form of display similar to conventional radiography if a second
transducer is used to detect the pulse after traversing a medium (illustrated in
Figure 4.18). The image obtained is then a two-dimensional gray-scale map of the

y-axis

Transducer Water tank

FIGURE 4.16 Block diagram of an M-maode ultrasonic imaging system.
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FIGURE 4.17 M-mode image of a mitral valve prolapse. The top of the figure is 2 B-mode
display of the heart. The white line indicates the ulirasound beam direction along which the
M-mode image in the botiom is acquired. (Counesy of GE Medical Systems.)
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FIGURE 4.18 Block dingram of o C-mode ulirasonic imaging syslem,
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FIGURE 4.19 Tune gate perfomis the function of wming on sl off a signal in time,

ulirasonic aftenuation cocfficient experienced by the pulse in the object. Reflection
type of Canode ulirasonography is also possible by using time gating 1o select
only the cchoes that originate from a certain plane or al a constant depth relative
1o the ransducer.

The concept of time gating is illusirated in Figure 4,19, The time gote is primarily
a switch that is twerned on by an external pulse and allows the input waveForm to
pass. The output signal consists of only the input waveform within the time duration
when the gate is on. C-mode display is seldom wsed in clinical scanners but is quite
popular in acoustic microscopy that can be operated in B-mode or in C-mode at
frequencies ranging from 40 MHz w0 3 GHz. Acoustic microscopy has many appli-
cations in nondestructive evaluation of materials such as integrated circuits, but is
of only limited interest in biomedicine.

4.3 ULTRASOUND COMPUTED TOMOGRAPHY (CT)

Computed wmography has been successfully used in x-ray and magnetic resonance
imaging to produce tomograms, defined as two-dimensional images of two-dimen-
sional slices. CT principle is quite straightforward and can easily be implemented
once the signals are digitized so that they can be processed with a computer (Shung
et al., 1992). A wwa-dimensional object of imerest is divided into many pixels or
voxels in three dimensions. The property of the pixel can be retrieved by performing
multiple measurements at different positions or angles with the imaging system. For
seray CT, s-ray generators and detectors are used 1o perform such measurgments Lo
estimate the x-ray attenuation coefficiems of all pixels. An image is formed from
mapping the estimated attenuation coelficient to a gray scale. It is plausible that CT
principle can be readily extended to ulirasound. The feasibility of ulrasound CT
has been studied for many years (Greenleaf, 1983).

Two types of vlirasound CT images (atenuation CT and velocity CT) can be
obtained beeause ultrasound propagation in a tissue is aflected by attenuation and
sound velocity. The difference is that, in one, the ulirasound property in a pixel 1o be
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Ultrasound Computed Tomegraphy
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FIGURE 4.20 Graphical illustration of ultrasound CT principle.

estimated is sound velocity, whereas in the other attenuation is estimated. A graphical
illustration of ulirasound attenuation CT is shown in Figure 4.20. One transducer is
used as a ransmitter and the other as a receiver. The object of interest is divided into
four pixcls, each assigned an intensity attenuation coefficient denoted by fi = 2o, The
pixel dimensions are represented by Av and Ay, The transmitted imensities are expo-
nentially related to the incident intensity. as discussed in Chapter 2. The transmitter
and receiver assembly is translated and then rotated to collect multiple sets of data,
In Figure 4.20. only four sets of data are shown. The data seis are inverted 1o extract
the ultrasound properties, assuming that Ax and Ay are equal (this is a valid assumption
when the number of pixels is large).

Mathematical iteration, ameng a host of methods, has been used 1o accomplish
the data inversion (Shung el al., 1992). Ulirasound CT has achieved limited success
to date. The reason is twolold. First, the ulirasound beam cannot be approximated as
a pencil beam because it is refracted as it propagates through an interface. In addition,
it suffers losses not only due to attenuation but also due to reflection at tissue interfaces
and beam diffeaction. Second, ultrasound cannot penetrate into regions of the body
that contain bones and air. Even so, ultrasound CT has been envisioned to have
potential applications in imaging organs such as the breast and 1esticle.

4.4 CODED EXCITATION IMAGING

The instantaneous intensity of the ransmited pulse and the energy contained in the
pulse are regulated by the FDA and are thus limited because of the concern with
potential bioeffects, Therefore, although increasing the pulse encrgy will increase
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Caded Excitation Imaging
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FIGURE 4.21 Excitation signals 1o the transducer of an ulimsonic imaging sysiem may be
encirled by frequency or pulse duration. The resultant benefit is the increased ultrasonic

encrgy imparied inio the body because of ihe longer exposure duration and thus the improved
signal-to-noise ratio and increased depth of penetration,

the signal-to-noise ratio of the returned echoes, this simply cannot be done and is
not 2 valid alternative in biomedical imaging. To overcome this limitation, several
seanner manufacturers have adopted a novel approach in which the increased energy
15 spread over a longer time duration while maintaining the instantaneous intensity
level. This form of imaging uses a transmitted signal consisting of chirp of coded
pulses (shown in Figure 4,21) (0" Donnell, 1992), The coded pulses can be frequency
modulated or pulse duration modulated. The returned echoes are matched with the
excitation codes to retrieve the pulse amplitude. The benefit of coded excitation
imaging is the increased depth of penetration at the cost of increased complexity,
reduced frame rate, and inferior axial resolution, These problems have now been
largely overcome. Coded excitation image quality is comparable 1o that obtained
with conventional B-mode imaging.

4.5 COMPOUND IMAGING

As was discussed in previous sections, a compound sean can suppress speckle
pattern, thus improving contrast and image quality at a cost of reduced scanning
speed. During the time when static scanners were the work horses, this was indeed
a problem. Increased speed in electronics and computer processing has allowed this
to be achieved in real time with linear arrays. The beam is electronically steered
into multiple directions and images superimposed. The superior image quality result-
ing from compounding is apparent. An image obtained with compound imaging is
shown in Figure 4.22,

4.6 SYNTHETIC APERTURE IMAGING

To reduce the cost in beam forming for arrays in which hundreds of electronic channels
are needed, synthetic aperture imaging can be used (Karaman and O Donnell, 1995),
This type of imaging can be accomplished in “receive™ only or in “transmit and
receive” Synthetic aperture imaging during *“receive” is illustrated in Figure 4.23, in
which four linear elements are shown. All four elemens are excited simultaneously
for iransmission 1o achieve the largest aperiure that is required 1o obtain the best lateeal



100 Diagnostic Ultrasound: Imaging and Blood Flow Measurements

Do Linky, Medizsl Cariler L12-5 §0 CWazsiCad

IMMON CARDTID PLAQUE
SonoCT™ IMAGING WITH XRES™ TECHNOLOGY

FIGURE 4.22 An image of a carotid anery comaining an atherosclerotic pligue obtuined by
real-time compound scanning. (Counesy of Philips Medical Systems.)
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FIGURE 4.23 Synthetic aperiure imaging during receplion.
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resolution. During reception, a switch is used to sample the waveform detected at ench
element 50 that only one channel of electronics is needed, in contrast 1o conventional
imaging in which four channels are needed. The data from all elements can be stored
in a memory for later processing: this includes applying the delays for focusing.
fillering. and scan conversion. The advantages of synthetic aperture imaging are
reduced cost and complexity, which are important in such cases as intravascular
imaging, in which the disposable probe is so small that it is impoessible to mount a
large number of integrated circuits in the probe.
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5 Doppler Flow .
Measurements

As was discussed earlier in Chapter 2, the Doppler effect provides a unique capability
for ultrasound 1o measure blood flow (Evans and MeDicken, 2000, Iensen, 1995),
Upon insonification by an ulirasound beam. the echoes scattered by blood carry
information about the velociy of blood flow. Blood flow measurements are fre-
quently performed in a clinical environment to assess the state of blood vessels and
functions of an organ. Ulrasonic Doppler instruments allow a measurement of
instantancous blood Aow velocity, Combined with pulse—echo instruments, instan-
taneous How rate ina blosd vessel as a funclion of time and cardiac output can be
measured noninvasively with ulirasound. At present, very few clinical oplions are
available 1o do so.

Figure 5.1 shows an ultrasound beam of frequency [ insonifying o blood vessel
making an angle of B relative to the velocity, v Here it is assumed that blood Mows
in a vessel with a uniform velocity v. The relurned echoes are Doppler shified. The
Dioppler shift frequency. £, is related to the ultrasound frequency. f by Equation (2.43):

- 2veos@

L_ S

!

where ¢ is the sound velocity in blood and may be assumed to be 1540 mis, The
Doppler-shified frequeencies happen to be inthe audio range for blood flow velocities
in the human body for an ulirasound frequency between | and |5 MHz.

Conventionally, two different approaches have been used for ultrasonic Doppler
flow measurements: continuous wave (CW) and pulsed wave (PW) Doppler,

5.1 NONDIRECTIONAL CW FLOW METERS

A CW system is shown in Figure 5.2, A probe consisting of two piezoelectric
elements, one for transmitling the ultrasound signal and one for receiving echoes
returned from bloed. is excited by an oscillator. The Doppler-shifted echoes are
amplificd, demodulmed, and band-pass filtered to remove the carrier frequency
and other spurious signals. Suppose that the ultrasound signal generated by the
oscillator is given by Acos(uv), where A denotes signal amplitude and o, the angular
frequency, = 2af. The demodulated signal would be

1
g, b, 00, ) = Acosion) B cosl{o +w, ] = o ABlcosl 2w+ ]+ cos(m )}
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Skin surfaoe

FIGURE 5.1 An ultrasound beam is incident upon a blood vessal and makes an angle of 0
relative to the direction of blood flow.

where the echoes are represented by Beos[(w + wyh] and wy, = 2rf,. The magnilude
of constant 8 is determined by the scattering strength of blood,

Much work has been done to better understand the relationship between the
Doppler power generated by blood and hematological and hemodynamic factors
(Shung et al., 1992; Mo and Cobbold, 1993). Doppler power from blood has been

e

F
v ~
1 Transmitling

3

' element

Doppler sound Average Doppler Speclratonograi
shift

FIGURE 5.2 Block disgram of a CW Doppler flow meter,
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Time domain Frequeney domain
Transenitbed signal

o L

Recelved signal

WAL L
TRTAY

Demodulated signal

FIGURE 5.3 Doppler signals in the time and frequency domain showing the effeet of
demodulation.

found to be related to Aow disturbance, hematoerit, and the degree of red blood
apgregation: this is in turn affecied by the concentration of plasma proteins such as
fibrinogen and local shear rate. The output of the demodulator contains the ultrasound
carrier frequency and the Doppler shift, as illustrated in Figure 5.3, where the signals
in the time and frequency domains are shown on the lefi and right, respectively. The
carrier signal can be readily removed by band-pass filtering by setting the cut-off
frequency of the band-pass filter at the high end 1o be much lower than the carrier
frequency.

A problem in ulirasonic Doppler blood Aow measurement is that the blood
vessels that produce large reflected echoes are slow moving as well. In Doppler
rerminology, these large, slow-moving echoes are called clutter signals (shown in
Figure 5.3 as f). The cut-off frequency of the band-pass filter at the low end must
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Clutter rejection

High pass or wall filter response

- —

L £y

FIGURE 5.4 Cluuer rejection filler or wall filter is used 19 suppress lurge echoes produced
by slow moving blood vessel walls.

be designed 1o minimize the interference of these clutier signals, The design of this
band-pass filter in the low-frequency region that performs the function of a high-
pass (also called clutter rejection) filter has been problematic because the magnitude
of clutter signals is several orders higher than those froam blood and may mask those
from slow moving blood (Figure 5.4) A filter with a very steep slope or a method
that carries out some forms of echo cancellation may be used (Jensen. 1996),

The signal after band-pass Rltering can be processed in dilferent ways. 11 may
be heard with a speaker because the Doppler shift is in the audible range. Alterna-
tively, a zero-crossing counter can be used 1o estimate the mean Doppler frequency,
or a specirum analyzer can be used o display the spectrum. The zero-crossing
counter estimates the number of zero-crossings of a signal. The number of zero-
crossings, V. and the mean frequency, . of a signal are given, respectively, by

| eeaa
T £ i (5.1)
_L P dr
I_ FPUNdf
-y {5_2':

) .[I"Pr,rm:r

where ([} is the probability density function at frequency J- For a pure sinusoidal
signal of frequency £, N = 2f. Complieation arises if the signal is not sinusoidal
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Cross-sectional view \':II 3
of thie vessel i

FIGURE 5.5 Laminar blood flow in an arery has a parabolic flow profile.

as in the case of Doppler flow measurements in which the blocd llow is not uniform.
For blood Mow in a vessel. the velocity is related to radial distance, r. shown in
Figure 5.5, by the following equation {Michols and O"Rourke, 1990):

(e

[5.3)

where
Vi 15 the peak velocity
nis an index indicating the nature of Aow
R is the radius of the blood vessel

For parabolic flow, n =2 and N = 1.15 £ where f_ is the maximal Doppler
frequency.

The spectrum is usually displayed in the format shown in Figure 5.6, in which
the venical axis indicates Doppler frequency or velocity, the horizontal indicates
axis time, and the gray scale indieates the intensity of the Doppler signal at that
frequency or velocity. At each instant of time, the line displayed represents the
Doppler spectrum calculated at that time within a 5- 1o 10-ms time window. From
the Doppler spectrum, the mean frequency or other frequencies (e.g.. median fre-
queney) where the Doppler power spectrum is split into two equal halves and mode
frequency. where the Doppler power is the highest. can be readily estimated.

Doppler flow meters have been used to assess vascular disorders noninvasively.
Flow disirbances near a stenosis cause the Doppler spectrum to broaden because
blood flow velocity Muctuates. However. a caveal must be recopnized 1o avoid mis-
diagnoses: ransit time speciral broadening. This is illustrated in Figure 5.7(a) for a
single scatterer traversing an ulirasound beam at velocity v A finite time is needed
for the scatterer to traverse the beam. In the time domain, a finite time duration is
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FIGURE 5.6 Specirasonogram of CW Doppler signals preduced by a mitral valve regurgi-
tation jet. The top image is a B-mode apical four-chamber view of the heart. The dotted line
indicates the direction of the Doppler beam, (Courtesy of GE Maedical Systems.)

defined by Ar (-3-dB time deration from peak value) shown in Figure 5.7(b). Trans-
lated into the frequency domain, the result 15 a spectrum with a bandwidth, Af, purely
caused by this transit time effect, instead of a single Doppler speciral line representing
velocity v This is graphically displayed in Figure 5.7(c).

5.2 DIRECTIOMNAL DOPPLER FLOW METERS

Mondirectional Doppler devices cannol differentiate the direction of blood fow, A
few methods have been developed to extract flow direction from the Doppler signal.

5.2.1 SiNGLE SIDEBAND FILTERING

In Figure 5.2, it is possible to divide the output from the demodulator into two paths.
In one path, a high-pass filter 15 used to filter ot signals at frequencies lower than
[+ in the other, a low-pass filter is used 1o filter out signals higher than £, as illustrated
in Figure 5.8, In this figure, the portions of the spectrum above and below [, are the
forward fow and reverse flow Doppler signals, respectively. In this way, the output
from one channel contains only Torward Nlow signals and the other contains reverse
flow signals, Although this approach is strmightforward, the design of the filters can
be difficult because the drop-off regions of these fillers are very close 1o £,
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Transducer

Time domain
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At Al = constant

Frequency demain

~ |-

FIGURE 5.7 Transil time broadening causes an increase in the bandwidth in the frequency
doienn of the Doppler spectaim.

5.2.2 Hererooyne DeEmMODULATION

The block diagram of a directional Doppler device that uses heterodyne demodula-
tion is given in Figure 5.9, A heterodyne oscillator generates a sinusoidal signal at
a frequency f,. The mixer between the oscillator and the heterodyne oscillater

Doppler spectrum
Low pass filter High pass filter

FIGURE 5.8 Two filters around the carrier frequency can be used to separate forward and
reverse flow,
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Heterodyne demadulation

o e e

f = forward, b = backward

FIGURE 5.9 Block diagram for heterodyne demodulation.

performs 2 multiplication operation. Its output is given by

g lw, . w) = Ccos(w )0 cos(i,r) = —;-Cﬂ{cmw,, + @, )i + cos{m, — o, )]

where C and D are the amplitudes of the signals produced by the oscillator and the
heterodyne oscillator, respectively.

For the sake of simplicity, assume that © = [ = | because here only the
frequencies are of concern. After low-pass filtering, only the cos(u, = w, ) term is
lefi. This signal is then mixed again with the signals detected by the receiving
transducer element that contain the Doppler-shifted frequencies in the forward and
backward directions, f, - f, and §, + f. The output of the second mixer is

Bp 00, 00, 00 00, ) = cos(i, — o, ) - [cos{od, + o, ) + coslo, — o, )]

[cos(2m, — w, + ) + cos(2, - @, — o,

b3 | =

+ cos(m, + o+ cos(m, = m, 1]

After low-pass filtering, the signal becomes
glw,.w .00 =cos(w, + @ ) +cos(w, - w, )]

The effect of heterodyne demedulation in comparisen 1o conventional demedulation
in the frequency domain is shown in Figure 5,10,

5.2.3 Quaprature Prase DEMODULATION

Figure 5.11 and Figure 5.12 show how quadrature phase demodulation can be used
to obtain directional information, Here, it is assumed again that the amplitudes of
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FIGURE 5.10 The effect of heterodyne demodulation in frequency domain,

signals are all equal o 1w simplify the mathematical operation. The direct channel
oulput is

coso ¢ -[cos(to, + ) + cos{to, — o, )]
= ]E[m{!mﬂ + 0, )1 +cos(2m, — @, )+ cosw f -+ cosw,f]

After low-pass filtering, the signal becomes cosy f + COS@,L.

L=t ]
Direct channel
LPF = cosiyf + OBt
cos [y + w0y = ) | — Coberent demadubation
/;-( LPF sintgt = sinbagt
oL \(/ Quadrature channel
w2 phase shift

con,L

FIGURE 5.11 Quadrature demodulaion.
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[Hirect chanmel —1—~ 7/2 phase shift >—‘ Reverse llow
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Cuadrasture channel —I'-" /2 phase shifl
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Direct channel Multiphy
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costdl
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FIGURE 5.12 Separation of forward and reverse flows can be accomplished in the phase

domain (2) and in the frequency domain (b).

The quadrature channel cutput is

ms{u:r“ - %]r feosto o i+ cos(u = o, )]
= sin oo s[cos(o, + w ) + cos(t, — o, W]

After low-pass fillering. the signal becomes —sinm + sint,f.

To retrieve the directional information from these signals. a phase domain
method and a frequency domain method may be used (illustrated in Figure 5.12a
and Figure 5.12b, respectively). In the phase domain method. the direct channel

output afier /2 phase shifi is summed with the quadrature channel ouput to yield
the reverse flow signal:

D)+ QU + RI2) = cos i 1+ cos i, f -sin[mrr-— %] +sin[mn;_ ;E] = 2oosm,)

The guadrature channel output afier w2 phase shift is summed with the direct channel
outpul 10 yield the forward flow signal, 2eosom,r,
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In the frequency domain method, the direct channel 5 : i
sinusoidal signal, sinw,t, and summed up with the candes lfri}:i :;uim_nnuu with a
plied by cosu,: el signal mult.

Dmxinmpn = sin - [cos 1+ s,

= . :
= 3 [sn(e0, =0, )+ sin(@,, +, ) +sin(e, ~ 0, I +sin(w, + w,))

Qirlcont ¢ = cosa f-[—sino 1+ sin i)

1. . :
- [sinfe, — w0 —sin(od -+, 0 = sinfto — )t + sin(o _ + )]
Therefore.

Drysimen ¢+ Qlebeontd ¢ = sin(oo — 0 )4+ sinle -+, )

5.3 PULSED DOPPLER FLOW METERS

A problem with a CW Doppler is s inability to differentiate the origing of the
Doppler signals produced within the ultrasound beam, Signals coming from blood
flowing in two blood vessels in the same vicinity, ¢.g., an arery anmd o vein, may
overlap. To alleviate this problem, a pulsed wave Doppler may be used. As illustrated
in Figure 5,13, ultrasound bursts of relatively long duration consisting of many cycles

Pulsed Doppler

Ea—

Transducer

FIGURE 5.13 Block diagram of pulsed Doppler flow meter,
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FIGURE 5.14 Principle used by pulsed Doppler io acquire Doppler signals,

are used 1o excite the probe. The returned echoes received by the same transdueer
are amplified and demodulated. The demodulated signal is then sampled and held
by a sample-and-hold circuil, which is triggered by the delayed pulses. The time-
delayed pulses allow the selection of the location where the Doppler shilt frequency
is monitored.

Figure 5.14 illustrates the principle behind pulsed Doppler low meters. Each
wavelorm in the left panel represents the echo waveform received by the transducer
after a burst is transmitted. The waveforms are separated by the pulse repetition
period (PRP). The time delay is set 1o allow the sampling of the waveform at points
a. b, e, d. and ¢. The sample-and-hold circuit samples the waveforms at these points
and holds the voltage at the sampled level until the next sampling time. a5 illustrated
in the right-hand pancl. Following band-pass filtering, the Doppler signal can be
displayed or heard as the CW Doppler.

A drawback of the pulsed Doppler is the limit of the highest Doppler frequency
or maximal velocity that it can measure, This is determined by the pulse repetition
frequency (PRF) of the device. which must be at least twice as large as the maximal
Doppler frequency. This may pose a problem when measuring high velocities in the
body. e.g.. outflow tracis of cardiac valves and stenosis in a blood vessel, To avoid
aliasing. the PRF of the pulsed Doppler device must be

PRF >2f.
. PRF > (dv_ Ve (5.4)
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where f_,, and v_,, are the maximal Doppler shift frequency and maximal velocity,
respectively. To avoid range ambiguity, all echoes must be received before the next
burst is transmined, i.e.,

I 2z
PRP = —— > —omm
PRF~ ¢

(5.5)

where z_., is the maximal depth of penetration. Combining Equation (5.4) and
Equation (5.5),

]

-
g = 5.6
Vaax * Trrun RS (5.9)

The term on the rdght side of the equation is a constant. This means that the
performance of the pulsed Doppler device is limited by the maximal velocity that
it ¢can detect or the maximal depth of penetration. To enhance one, the performance
of the other must be compromised. Modern high-end ultrasonic imaging machines
are equipped with CW and PW capabilities.

5.4 CLINICAL APPLICATIONS AND DOPPLER INDICES

Ultrasonic Doppler devices are inexpensive and are capable of yielding clinically
useful information roninvasively. Their primary applications have been in assessing
cardiovascular systems, e.g.. diagnosing stenosis in blood vessels and cardiac val-
vilar diseases. They have also been used to estimate cardiac valvular stenosis
{Feigenbaum, 1986). The velocity measured by the Doppler devices depends upon
the Doppler angle, which is difficult 1o estimate: therefore, a few indices that are
not angle dependent have been used frequently in a clinical setting to derive useful
diagnostic data.

Figure 5.13 shows the mean velocity waveform from a peripheral artery
obtained with a CW Doppler flow meter. The pulsatility index is defined as the
ratio of (5 = DM, where 5. D, and M are the peak, minimal, and mean velocities,
respectively, In this cxpression, the angle dependence is eliminated. The pulsatility
index has been found to be related to the resistance of the vessel downstream from
the measurement site. Another useful index is the Purcelot resistance index for the
carotid artery, which is defined as (5 = D)5,

5.5 POTENTIAL PROBLEMS IN DOPPLER
MEASUREMENTS

In Doppler flow measurements, preventive measures must be taken to avoid ermors
that may result from the following problems:

+  Erroncous Doppler angle estimation
«  Monuniform insonification of vessel by the ultrasound beam
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WV

FIGURE 5.15 Mean velocity waveform acquired with a CW flow meter frem a peripheral
blood vessel can be used 1o derive indices useful for diagnosing vascular discases.

= Aliasing of Doppler frequency estimation

* Intrinsic spectral broadening

Attenuation of intervening tissues between the probe and the region of
interest

*  Cluner signals generated by show moving moving large anatomical
structures

The Doppler angle can be better estimated with the aid of B-mode imaging,
although it is still not ideal because of the wonuosity of blood vessels. [f the sensitive
volume of the ulirasound beam or beams is smaller than the vessel, portions of the
blood will not be included in the measurement, resulting in estimated velocity values
that may deviate from the true values. Because the attenuation of tissues is linearly
proporional to frequency. the Doppler spectrum may be affected if deeper tissues
are interrogated, Other problems have been addressed in preceding sections.

5.6 TISSUE DOPPLER AND MULTIGATE DOPPLER

In the Doppler signal processing chain shown in Figure 3.2 and Figure 5.13, if only
large amplitude echoes of lower Doppler frequencies from tissues such as myocar-
dium or heart musele are retained and low amplitude echoes of higher Doppler
freguencies are suppressed, the motion of the tissues can be monitored, This will
be touched wpon again in the next chapter. An amplitede threshold can be set w
allow only the larger echoes 1o pass through. Tissue Doppler has been proven a
clinically useful 1ol for assessing the stale of myocardium.

In conventional pulsed Doppler, only one gate is used 1o measure blood Mow within
the sampled window or sampling volume confined by the beam width and the gate
duration. I Blood flow velocities at muliiple points along the ulirasound beam need
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1o be measured, pulsed Doppler flow meters with multiple gates (e.g.. 8 or 16 gates)
have been developed. These deviees allow the measurement of velocities in real fime
across the lumen and thus have been used frequently 0 determine the blood fow
velocity profile in aneries,
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6 Flow and Displacement
Imaging

Ultrasonic B-mode real-time imaging can be combined with Doppler in a scanner
so that the seanner is capable of providing not only anatomical information but also
blood fAow data. Both sets of mformation are displayed simultancously. A cursor
line is tvpically superimposed on the B-mode image 1o indicate the direction of the
Doppler beam. An FFT algorithm is used to compute the Doppler spectrum that is
displayed in real time. This type of scanner is called a duplex scanner; a duplex
image is shown in Figure 5.6. Alternatively, blood flow data can be displayed in real
time and superimposed with the B-mode image il the data acquisition rate and image
processing algorithms are sufficiently fast,

6.1 COLOR DOPPLER FLOW IMAGING

Color Doppler low imaging systems are duplex scanners capable of displaying B-
mode and Doppler blood fow data simulaneously in real time (Shung et al., 1992;
Routh. 1996; Jensen, 1996; Ferrara and DeAngelis, 1997). The Doppler information
is encoded in color, Conventionally, the color red is assigned to indicate Alow toward
the transducer, and blue is assigned to indicate flow away from the transducer, The
magnitude of the velocity is represented by different shades of the color. Typically,
the lighter the color, the higher the velocity. The color Doppler image 15 superim-
posed on the gray-scale B-mode image. A color Doppler image of a renal ransplant
i= shown in Figure 6.1,

The basic concept of the color Doppler is similar to that of the pulsed Doppler
instruments that extract the mean Doppler shift frequency from a sample volume
defined by the beam width and the gate width. The only exception is that the color
Doppler instrumentis are capable of estimating the mean Doppler shifts of many
sample volumes along a scan line in a very shon period of time —on the order of
30 to 50 ms. To be able to do so, fast algorithms must be developed. One such
algosithm was based upon the well-known Wiener—Khinchine theorem, which indi-
cates that the antocorrelation function H(x) of a function fir) is the Fourier transform
of the power spectrum A{w) of fr) (Kasai etal., 19835). Mathematically, this is given by

= [ swse-vd= [ P o (6.1
Alternatively, Hit) can be written in the form of

H‘t)=|H{1]|gm“=Iﬁ{"[]gﬁ"" (6.2)

119
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FIGURE 6.1 iSee color figure following page 80.) Color Doppler image of a renal transplan
obiained with a T-MHz curved array. The transplant vasculalure 15 represented by the color
image and the gray-scale B-mode image delineates the kidney anatomy where lirge cysis
{anechoic regions) are seen. (Courtesy of GE Medical Systems. )

where the magnitude and phase of H(T) are an even function and an odd lesction,

respectively. The symbol A 15 used 1o represent the magnitude of HiT) here,
From Equation (6.1).

H{D) = I Pio)deo (6.3)

H0) = ;'J- o) o oo (6.4)

where the dot operation represents the first derivative = dHi{T)/dT. Let < > denote
the mean of o and, from the definition of mean angular frequency and Equation
(6.3) and Equation (6.4),

-

oPlwydm ¢
T = -‘_;;j{:':]l] (6.5)
Plando 7
This equation can be manipulaied (o become
Fi0
jew>= i (6.6)

T OH
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Funthermore, the variance of angular frequency, @°, is given by

= Ll (6.7)

<w?> can be calculated from Equation (6.5) and <@?> by definition is

I_ WP@O 0

T OH(D)

<@ »=

= (6.8)
J- Pl deo

-

where the double dot operation denotes the second derivative = d*H(T)E.
Substituting Equation (6.8) into Equation (6.7},

Hoy | Hm
il 0] e 6.9
¢ [H{Q}I H(D) et

It can be further shown that, for an ultrasonic imaging system ransmitling pulses
with 2 pulse repetition frequency, T,

{mr=£~;-l (6, 100

ﬁ==i=[1—m (6.11)
H{0)
These are all simple arithmetic operations that require little time for computation if
the avtocorrelaiion function, H(T), can be estimated.
Equation (6.10) and Equation (6.11) can be found by considering the fact that,
for an even function, the first derivative of the function at the origin = 0 and for an
odd function the function = 0 at the origin. That is,

A0) = % o=0 and $0)=0 (6.12)
Therefore,
F(0) = A(D)eR® + JA(D)ePO$(0) = JA(D)(0) (6.13)

From Equation (6.6) and Equation (6.13),

ST —9(0) _ $(T)

cm> =M0) = T T
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which is Equation (6.10). This expression says that the mean frequency of a spectrum
is equal 1o the slope of the phase of the autocorrelation function at the origin. This
can be approximated by the difference in phase at the origin and at one pulse
repetition period. T, assuming that the autocorrelation function is sampled at internals
of T

Similarly, i can be shown from differentiating H(T) twice that

H(0) = A(0) = [$(0))* A(0) (6.14)

Here, A(T) can be expanded into a Taylor series, ignoring third-order and higher
terms and assuming that T is small:

A(T) = A(D) +‘—1:Jim} (6.15)

Rearranging Equation (6.15),

A(D) = [ A(x) - A(D)] 6.16)
=

H(0) can be found by substituting Equation (6.16) into Equmlan (6. 14}, Sub-
stituting H{0y, B0, and H{0) into Equation (6.9), Equation (6.11) is obtained.

ﬁ=ni I-.’-“-—El hnz_.. ]_M
5 Aoy | T H(D}

This expression indicates that the variance of the frequency can be estimated from
the magnitude of the autocorrelation function at the origin and at T,

Figure 6.2 shows a version of the autocomelation method implemented in a
commercial scanner a few years ago. Given a real-time function fi7). its quadrature

fie} Delsy T fiET) Integrator

Complex

R
multiplier
=

H, ()

Integrator  p—e= Hlt}

git) Delay T

L]

FIGURE 6.2 A lard-wired autocorrelator for estimating the amocormelation function H(T)
from a time signal fir).
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component g{f) can be found by shifting the time function by 90°. A complex function,
) = fif) + jgir), can be obtained. The complex muliiplier performs the operation:

Lfln+ jglell-LfGe = Th— jgle-T)]

The autocorrelation function is obtained by integrating the output of the complex
multiplier over a period of time, say, nT, where n represents the successive pulses
tramsmitted by a scanner to acquire the autecorrelation function, The three unknowns
in Equation (6100 and Equation (6.11) are readily awainable from the following
CXPTESSIONS:

= (2 o HAT)
|H(T)|= JH}T)+ H}T) and &(T)=1an EH,U‘}

where H, and A, are the real and imaginary pans of H, respectively.

It should be noted that H(7) is a function of time or is time dependent. The
accuracy of the estimated H(T) is ultimately determined by the time duration in
which the estimation is performed. The longer the time duration is, the beter the
accuracy is. This requirement must be compromised in real-time ultrasonic imaging.
The earliest color Doppler scanners had 30 scan lines with a frame rate of 15 per
second. The dwelling time of the ultrasound beam at any one direction is

I
5= 50.15 =1.33ms

If the depth of view is 10 em, the time needed for a pulse to make a round trip
or time of flight is 0,13 ms, assuming an ultrasound speed of 1540 m/fs. This means
that 1.33/0.13 = 10 ultrasound pulses can be transmitted in this time span and that
the autocorrelation function is computed and averaged after ten pulse transmissions.
The amocorrelator needs to compute the autocorrelation function for each pixel
along a scan line. This is illustrated in Figure 6.3, in which the solid curve and the
dotted curve represent, respectively, the pulse—echo waveform after each pulse trans-
missicn and the time variation of the echo at a certain pixel for which the autocor-
relation function is computed,

In a ealer Doppler system, the signal received by a probe is divided into three
paths: one for constructing the gray-scale B-mode image:; one for calculating the
flow information from Doppler data using a hard-wired autocorrelator; and one for
conventional Deppler measurements. This is delineated in Figure 6.4, Eight or more
shades are used in these systems to depict the magnitude of the velocity. The higher
the velocity is, the lighter the shade is. Because the basic principle of Doppler fow
mapping is similar to pulsed Doppler, the maximal Doppler frequency that can be
detected without aliasing is one-half of the pulse repetition frequency. Therefore, a
higher pulse repetition frequency 15 favored for avoiding aliasing and increasing the
accuracy of the autocorrelation.
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Boltage HIT} is computed from the sampled
date at these times

Hollage

Bram direction

Pixel at Zp,

Time

FIGURE 6.3 The auvtocorrelmion function from which the mean and the vorance of the
Doppler-shifted frequency are estimated is computed for each pixel along o scan line ina
color Doppler flow mapping system,

Commﬂ.uml Doppler
signal processor

--i * Lowtpass filter I—-l ‘AutoBcorrelator -l

[]
B Beocty 1 convner ji
I Bimode system } ]
/aN\

FIGURE 6.4 Block diagram of a color Dappler low mapping system.
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r Huw_:w.rf;r, limited by the frame rate .'!nd field of view, the pulse repetition
requency in most color Doppler systems is between 8 and 16 kHz, As o result
aliasing frequently occurs with color Doppler in cardiac imaging. To overcome 1h¢3;
problems, one can reduce the image size or use M-mode color Doppler, in which
the beam is fixed in one direction.

In the heart, the myocardium is in motion during a cardiac cycle, Tissue color
Doppler images of this motion can be acquired with color Doppler methods previ-
ously described as well. The difference lies in that myocardial motion is slower than
blood Aow and myocardial echoes are stronger than blood. The spurious Doppler
signals from blood in this case can be eliminated by thresholding the echoes. A
tissue Doppler image of the heart in which the color indieates the velocity of
myocardial motion is shown in Figure 6.5.

Many clinical applications have been found for color Doppler flow imaging, inclugd-
ing diagnosing tiny shunts in the heart wall and valvular regurgitation and stenosis. It
considerably reduces the examination time in many diseases associsted with fMow
disturbance. Problematic regions can be quickly identified first from the Mow mapping,
More quantitative conventional Doppler measurements are then made on these arcas,

Color Doppler has been now widely used in a variety of medical disciplines;
however, it has several shortcomings:

= Flow perpendicular to the beam cannot be reliably detected,

«  Higher blood flow velocity resulis in aliasing.

= lis spatial resolution is poorer than B-mode gray-scale imaging,

* The mean velocity estimated is the average velocily within a pixel or
vosel,

+  Because the color Doppler image is overlaid over the gray-scale B-mode, the
overlay process is determined arbitrarily by thresholding, which may result
in vessel wall overwrite ohscuring the slow blood flow signal near the wall.

« Large echoes due to slow moving lissues can cause the “color flash
artifact™ because they overlap echoes from flowing bleod.

6.2 COLOR DOPPLER POWER IMAGING

A new way of displaying color Doppler information, i.e., “power mode” or “energy
mokle”™ imaging, has been introduced to minimize some of the color Doppler prob-
lems (Rubin et al., 1994; Zagzebski, 1996) and has been well accepted by the climcal
community. All top-of-the-line scanners now have this option. Instead of the mean
Doppler shift. the power contained in the Doppler signal is displayed in this
approach. There are several advantages (o doing so:

* A threshold can be set to minimize the effect of noise.

* The data can be averaged to achicve a better signal-to-noise ratio.

»  The images are less dependent upon the Doppler angle.

» Aliasing is no longer a problem because only the power is detected. As
a result, signals from blood fowing in much smaller vessels can be
detected. The images so produced have an appearance similar w that of
x-ray angiography.
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Tizsae signal

Amplitude thresheld

Amplitude
o

Frequency
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b

FIGURE 6.5 (a) Tissue Doppler can be achieved by thresholding the Doppler signals so as
1o suppress the Doppler signal feom blood and retain only the |.'h1p'|:|||."| signals from tissues.
(b} Tissue Doppler image of myecardial motion. Colored arcas indicate velogity of myo-
cardium motion in the heant walls and anechoic regions indicae intracardiae blood pool
tSee color fipure following page 80 (Courtesy of Philips ATL.)
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A2 e

INTERMAL CAROTID ARTERY STENT

FIGURE 6.6 iSec color figure following page 80.) Color Doppler power image of carotid
artery acguired with a 12-MHz lingar array, The color in this case represents the power
comaincd in the Doppler signal rather than the mean Doppler-shified frequency. The bright-
ness of the color is proportional to the Doppler power and has nothing to do with the magnitede
of velovity. The presence of a color in a pixel merely means that a flow signal is detected in
that paxel. (Courtesy of Philips ATL.)

The disadvantages of this approach are that it is more susceptible 10 motion
artifacts because of frame averaging and the image containg no information on Aow
velocity and direction. A color Doppler “power” Doppler image of a carotid artery is
shown in Figure 6.6, The orange-colored region indicates that there is blood flow, The
gray-scale B-mode image delineates blood the vessel wall and surrounding tissues.

Power Doppler imaging is in fact easier 1o implement than conventional color
Doppler because Doppler “power” 15 readily available in conventional color Doppler
systems. H(0) in Eguation (6.11), which is needed to ealculate the variance of
Doppler frequencies, is the power contained in the Doppler spectrum. This becomes
apparent when setting T = 0 in Equation (6.1}, i.e.,

Hit=0) = j‘ fHryede = j_ Pioo)dow

6.3 TIME-DOMAIN FLOW ESTIMATION

Blood fAlow velocity has been estimated directly from B-mode images, termed speckle
tracking, or from radio frequency (RF) echoes. These allernatives accomplish blood
flow measurements in the time domain., Frame-to-frame tracking of movement of
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FIGURE 6.7 Cross-correlation can be used to estimate blood flow in time domain,

speckles generated by blood from B-mode images and direct correlation of radio
frequency (RF) echoes from blood show great promise,

Suppose that an ulirasonic beam emanating from a transducer is parallel to blood
flowing in a vessel and a signal, ¢(1). is received by the transducer from blood, as
shown in Figure 6.7. For frame-to-frame speckle tracking, (1) denotes the video
signal. If RF signals are used. then e(f) denotes the RF signal, Waveforms «,{(r) and
(1) are received at time ) and 1., which are separated by the pulse repetition period
(PRP}. If the distance, d, that the blood has moved within one PRP can be measurcd,
the velocity, W would be given by V = d/PRP.

A cross-comrelation approach has been developed 1o estimate the distance o
(Trahey et al, 1987; Jensen, 1996). A segment of the waveform or the windowed
waveform in a pixel, bordered by the dashed lines of e,(r) in Figure 6.7, is cross-
correlated with all segments of similar width of waveform e,(r) by computing the
onc-dimensional normalized cross-correlation coefficient, p. A match is found when
p is maximal. If the windewed waveforms are represented by N digitized signals,
E, = [e0). e,(1)....e(ih...e,(N = 1)) and E; = {£,(0). es(1)....ex0). ... ex(N — 1))
the normalized coefficient. p, can be computed from the following expression as £,
is correluted with different £, segments from waveform e,(r) by shifting the window
from one end of the waveform 1o the other,

o Tl -Elle, )~
VEL e - & P EN eyt —&, P

6.17)
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where 2, and £, are the mean values of e 5,4

windowed wavelform of &,(1) is shifted Ar El'umEl. I Mg

may be assumed that the velume of blood reg ”'"-‘-_ Windgy, P oceyp

maoved a :[ismncc d = cAN2, where e is yly N:::Ihle for the :‘;ﬁﬁmm of ¢

flow velocity can be estimated from Velociyy, Conseq ed e,(r) has
tiently, blood

V:E‘f_

r

where T is the pulse repetition period (PRF). 1f
of B relative 1o the Aow direction, Equation ,3543; ﬁmﬁ:jm‘b:d bt:l!'n miakes angle
the effect of the angle: modified 1o include

(6. 18)

cit
2T cos@ (6.19)
Time domain methods differ from Doppler methods in that they track displace-

ments. These methods can be used when there is no motion, but Doppler cannot
They have several advanmages over Doppler methods: '

+  Time domain methods are more immune 10 noise. This means that they
can be used in a noisier environment and need less averaging, yielding a
higher frame rate.

« There is no aliasing problem. The search will yield no results if the pulse
repetition frequency is not sufficiently high.

s« The spatial resolution attainable with these methods is higher than Doppler
methods because short pulses are used.

+ Two-dimensional flow information can be obiained by matching two-
dimensional blocks by computing two-dimensional correlation cocfficients.

Erame-1o-frame speckle tracking is more desirable in that the flow information
can be directly obtained from the B-mode images acquired by the scanner without
the need for additional hardware, although it yields poorer spatial resolution than
RF comrelation, s drawbacks are that the signal level from blood in the frequency
range of 3 to 10 MHz is 100 weak to obiain 2 reliable estimation and the frame rale
of 30 frames per second is oo low to estimate arterial blood flow velocity. The
former problem is becoming less of an issue because the performance of recent
scanners has been improved and it may be overcome by injecting a contrast agent:
a high frame scanner must be used to solve the latter problem. Several echocardio-
graphic scanners now are capable of providing a frame rate as high as 200 frames
per second with a smaller feld of view.

6.4 ELASTICITY IMAGING

Ultrasound has been widely used to differentiate cysts from solid Wwmors in wmor
imaging because liquid-containing cysis are typically echo poor. Howey :
solid tumors that are harder than surrounding tissues are missed mm::{;:ﬂ.::
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ultrasound because their echogenicity is similar 1o that of surrounding tissues, These
tumors or harder tissues are identifiable if their elastic properties can be imaged. Al
present. two ulirasound approaches have been developed to image tissue elasticity:
static and dynamic (Ophir et al., 1991; Lerner et al.. 1990).

6.4.1 EiLastocrRapHY

In the static approach dubbed elastography (Ophir et al.. 1991), a flat plate, which
may be the ultrasonic probe, is used 1o compress the tissue by a distance Az The
displacement of the tissue is estimated via cross-correlation from the returned RF
echoes, as previously discussed, Under ideal conditions and assuming a one-dimen-
sional case (ie., the compression is transmitted only in the z-direction), the stress
and strain can be estimated from the force applied and area of the plate or ransducer
and Az, respectively.

The Young's modulus of the tissue is then given by the ratio of longitudinal
stress 1o longitudinal strain. This idea can be illustrated by the following simple
example. which is illustrated in Figure 6.8(a) in which medivm | and 1T are perfecily
compressible and incompressible, When a stress, ¥, is applied, all points in medium
I will be displaced by Ax, whereas in medium 11 the displacement will be 0. This is
ploned in Figure 6.8(b) in which the strain in mediom 1 is given by ={Az)/L and the
Young's modulus by —(Lx)fAz.

This approach has been the focus of attention in breast and prostate imaging for
a number of years, An example is shown in Figure 6.9, in which the elastogram and
B-mode image of a multiple foci breast lesion are compared. Although elastography
may be capable of imaging elastic property of tissues, which cannot be achieved
with standard B-mode sonography, it has problems of the same nature as those for

-

_'l Az Strain
Mtdlmm L
[ 50 P AefL

Medium iR SRy
T R oy o

(b]

[a}

FIGURE 6.8 (a) A stress applied to medium | produces o displacement in medium L
i} Strain in mediom | and 11 s ploted as 2 function of depth,
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Maltifocal Breast Cancer i vy

SorcEra Elcstogram

FIGURE 6.9 A comparison of elastogram and B-made image of & multiphe Toci breast lesion
{Counesy of Dr. Jonathan Ophir at University of Texas Medical School ot Houston.)

B-mode sonography. The stress propagating into a tissue will be altenuated by
tissues, spread into other directions from the primary incident direction, and interact
with a boundary between two media of different elastic properties. The effect of
boundary on an elastogram can somelimes be distracting.

65.4.2 SONOELASTICITY IMAGING

Sonoeleasticity imaging (Lerner et al., 1990) is a dynamic approach in which a
motion monitoring device, e.g.. a color Doppler flow mapping system, i3 used 1o
measure the motion of tissues produced by the vibration of a source inserted into
one of the cavities of the body or placed extemally, as illustrated in Figure 6.10.
The source typically vibrates at a frequency of a few hundred henz to a few kiloheriz
so that a conventional Doppler device can be uged to monitor the motion with linle
modification. This approach has been used to assess prostate cancer with an intrasec-
tal vibrating source. Soncelasticity imaging suffers from similar problems mentionsd
previcusly, The vibration produced by the source is nonuniform and is altenuated
by tissues. The energy of the ulirasound generated by the scanner to probe the
vibration is also affected by attenuation.

6.5 B-FLOW IMAGING

B-mode blood Aow (B-Aow) imaging is a new method that improves the regolu-
tion, frame rate. and dynamic range of B-mode o image blood Aow and rissue
simultaneously (Chiao et al., 2000). It combines the coded excitation imaeing

e =
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FIGURE 6.10 Sonoclasiicity imaging i:||'|;.|:..'_¢_'\ the motion of tissues induced by a vibrator

B-Flow Image

B-Flow
Frocess

B-mode Image B-Flow Image

« Simultansous e and flow without overlay
* Intuitive B-mode-like display with full field of view
* Mo separate firings for flow == higher frame rate

Simultaneous Tissue & Flow
.. Without Overlay

FIGURE 6.11 A comparizon of B-mode and B-low images eblaimed from o carotid atery.
(Courtesy of GE Medical Systems. Milwaukee, W)
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previously described in Chapter 5 with a scheme to equalize tissue signals, which
is necessary because tissue echoes are often much higher than those from blood.
The gray scale of an echo is adjusted by correlating the echo waveforms tempo-
rally. The correlation function measures the similarity of two echo waveforms
and is determined by blood echogenicity, blood fAow velocity, and beam width,
A filter is designed to suppress large and slow or nonmoving echoes. The result
is that the image of blood in an image is enhanced so as to allow the betier
visualization of blood Now, especially close to the vessel wall. A comparison of
the B-mode and B-flow images of a carotid artery is shown in Figure 6.11. It is
evident that blood Mow is better visualized by B-flow imaging. The vessel lumen
where blood fAows in the B-mode image is basically anechoic,
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7 Contrast Medi, ]
Harmonic Imaging

E ication found. Iniensive
effons are under way to produce contrast agents for imaBiﬂ s:f:::\:mh?m:hﬂmbcm mor
vasculaiuere, and blood flow in various organs, iﬂ:lll{l'inggr_}.t | o T Tink
ultimate application may well be in quamim;ins perfusion that is hhlandmﬂiuwwlﬂ u-t.'cﬂa.i.n
region of the organ, which is as yet an unachisvable goal for many imaging modalities.

7.1 CONTRAST AGENTS

The primary requirements of an ulirasonic contrast agent are that it is (1) nontoxic; (2)
miose echogenic than lissues: {3) capable of traversing pulmonary circulation; (4) stable;
and (5) uniform in size. The third requirement is dictated by the need for intrvenous
imjection that would minimize the sk of intra-anerial injection. To allow the applications
of these agens 10 imaging lefl cardise structures and other pants of the body (e.g.. liver
and Kidney via intravenous injection], they must be smaller than a few microns and stable.
They need 1o persisi al least for a duration longer than a few tens of seeonds, To satisfy
the second requirement, o majority of these agenis utilize Microscopic air h“bhk-‘f- which
are extremely strong ultrasound scaterers because of the acoustic impedance musmatch.

711 Gaseous AGENTS

5 i 3 o i ion andfor mechanical agi-
Echogenic gaseous bubbles are produced by chemical action 3 ! :
tation. Rigorously stirring a saline solution has been shown Lo Pmd'i‘rh’;::f:bbh‘ with
a wide distribution of sizes. Typically, however, these bubbles wou e ‘if:gﬁ“mm
lifetime —in the order of a few seconds. Insonication of & s:n!mﬂ:;:m i w:::le:
of achieving the same result. Surface agents ﬂfﬂ?_bﬁ' added 0 #ma:ch g vk i
Air bubbles have the advantage of an acouslic 'mpemmllrr:inlcw;w.me echoes
stronger scattering and also resonate when insonified by an uire Al
from the bubbles can be further enhanced if the incident wm-::: for a free aie Euhble
frequency of the bubbics (Leighten, 1994). The resonaf rﬁ:;bb:lfc_ a. by
{a bubble without a shell). £, is related 10 the radios of 1

LI i1 (7.1)
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where
¥ is the ratio of the specific heats al constant pressure and ai consiani volume
of gas and equals 1.4 for air
Py is the hydrostatic ambient pressure and equals 1.013- 10 Pa or 1013 10°
dynicm® at | atm
p. 15 the density of the surrounding medium, e.g.. water

The scattering cross-section a1 2 MHz and resonant frequency of an air bubble
of 3-um radius can be casily calculated from Equation (2.38) and Equation (7.1).
assuming that the compressibility and density of air are 6.9-10°7 cm¥dyn and
1.3-10-* glem, respectively. Here, it is assumed that the compressibility term dom-
inates so that the density term can be neglected. Also, &, in the preseni case is >> G.

, ,
4 ( 2m O [
“‘_9“(110404] GrH F[4.ﬁ-1ﬂ'”]

= .04 10r* cm?®

This is much greater than the scattering cross-section of o red cell ot 2 MHz.
The resonant frequency for an air bubble of 3-um radius is

.} Js-ﬂm-u.ms.lm}
2r-3-10- 1.0
= 1.1-10° Hz or 1.1 MHz

‘i

If the bubble radius is decreased to 1.7 pm so as to resonate ot 2 MHe, the
scattering strengih from a bubble may be further increased. The resonant frequency
of a bubble as a function of radius is shown in Figure 7.1, Under the conditions that
the bubble size is much smaller than the wavelength, the bubble wall displacement
is much smaller than its radius, and the surround fluid is incompressible, the scat-
tering cross-section of an oscillating bubble is given by (Medwin, 1977)

dmat

O e (7.2)
where

a is the radius of the bubble

S, is the resonant frequency

[ is the frequency of the incident wave

# is a damping constant consisting of three terms: damping due to reradiation

of the ultrasound energy, thermal conductivity (energy loss due to thermal

diffusion), and shear viscosity of the surrounding medium (energy loss due
1o friction)
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FIGURE 7.1 Caleulated resonance frequency ve. radius of a free air bubble.
Equation (7.1) can be rewritten as
|
R Y % (1.3)
s 2e Y m

where 5. is the adiabatic stiffness of the bubble-fluid system defined as (change in
forcefchange in displacement) = 12myPya and m effective mass or radiation mass of
the system = 4%ta'p,. Here, an adiabatic equation of state is assumed. However, for
bubbles of small radii. surface tension becomes a significant additional restoring
force and needs 1o be considered. Bubble oscillation in this case is better approxi-
mated by an isothermal process.

Taking these factors into account, £, in Equation (7.1) is replaced by the average
interior pressure including surface tension, ¢F, and ¥ by the effective ratio of
specific heats in the presence of thermal conductivity, by, where b and ¢ are given by

smavmy 122 St

1| R
s 1)
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In Equation (7.4) and Equation (7.5), & is surface tension = 75 dynfcm for an
air bubble,

B=3(y+1) Elsinh & + sin g_};l{:o&hﬁ,—msﬁj

" (1.6)
E*(cosh& — cosE)+ Iy - 1)E(sinh § —sinE)
E=al2mp,C, K" {17
where
K_ is the thermal conductivity of air = 5.6- 107 calfem-sce-*C
P, is the density of air at sea level = 1.3-10~" gfem’
C,, is the specific heat at constant pressure for air = 0.24 calfg
w is the angular frequency
Including these parameters, Equation (7.1) should be modified 1w
PRy 8
" 2ma P

The scattering cross-section for a bubble of 1.7-pm radivs caleulated using
Equation (7.2) and Equation (7.8) is shown in Figure 7.2. A scatltering peak occurs
at approximately 2 MHz, the resonant frequency of the bubble.

10

10T -
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FIGURE 7.2 Calculated scatiering cross-section for a free bubble of 1.7-pm radius.
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For a beam of ultrasound propagating in a bubbly medium, attenuation will be
caused as previously described by scattering and absorption. However, in this case,
scattering is more dominant than absorption. For a suspension of bubbles of low
concentration where bubble size is smaller than the wavelength, the pressure atten-
uation coefficient is given by

ng

2

where n is the bubble concentration or number of bubbles per unit volume, when
the bubble concentration is very low.

7.1.2  EncapsuraTen GasEOUS AGENTS

Free air bubbles have a very short lifetime, which is not suitable for human appli=
cations, This problem can be overcome by encapsulating air with a shell. Two
commercial products, Albunex, and Optison {an improved version of Albunex). have
the plasma protein, albumin, as the shell material. Albunex contains air and Optison
contains a large molecule gas, perfleoropropane, that minimizes the diffusion of the
gas out of the shell, thus yielding a much longer bubble lifetime. These types of
agents are produced by insonicating human serum albumin solutions.

The effect of 2 shell on the resonant behavior has been taken into consideration
by assuming that the shell causes an additional restoring force to the bubble system,
which tends to increase the resonant frequency and decrease the scaitering cross-
section (de Jong, 1996). The contribution of the shell to the bubble stiffness is given by

5 =B|1-[—'IE;'1:= 8ns, (7.9)

where
5. 15 the shell stiffness
£ is the shell elasticity
I, is the wall thickness
v is Poisson's ratio of the shell material
5, = £ - v), the shell stiffness parameter defined as (change in force/change
in displacement) in dynes per centimeter

The resonant frequency of a bubble with a shell can be obtained from Equation
(7.3) by including an additional stiffness term:

£ =_I.. M {7101

in 1

The parameters given in Equation (7.10) are difficult to estimate. This may be
done by fitting experimental data to theoretical models. To better fit the experinental
dara to theory, an additional damping term accounting for internal friction or viscosity
within the shell was introduced by de Jong (1996} The optimal value for the shell
stiffness of the Albunex microspheres was estimated to be 8- 10° dynfom.
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7.1.3 Duowure Distmisumion ofF BUBBELES OF VARYING SI1ZE

It is exwremely difficult, if not impossible. to produce bubbles of a very narrow range
of size distribution. The sonicated solution typically has a larger size distribution
than the commercially produced agents. Albunex has 2 mean diameter of 3 1o 5 pm;
a large portion of the bubbles have a radius smaller than 10 pm. Figure 7.3 shows
the size distribution of Albunex and Optizon (FS069). When the volume concentra-
tion of the bubbles 15 lower than 1%, the mean scattering cross-section of the bubhles,
=g, >, can be calculated from

J- o (o, nladela
e (7.1
N
where
o {a.f) is the scanering cross-section of a bubble with a radius at ultrasound
frequency f

N iz the total number of bubbles

nlakda is the number of bubbles with a radius between « and o + oo (Morse and
Ingard, 1968)

In a distribution of bubbles, attenuation is dominated by scattering, so the mean
attenuation coefficient can be found in the same way by replacing @, with . The

——— Albunex lot = G906
conc. = 7.4 108

===~ F5069 bot sP94024
conc, & 7.5 W4

Concentration (%107 microspheresfml)
[

a .%1-']:]'...;5....20
Diameter {um)

FIGURE 7.3 Size distritations of two commeercial contrast apens, Albunex and Oﬂim (FS069).
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FIGURE 7.4 Experimental data and thearetical curve of attenuation coelficient as a function
of frequency for Albuncx.

attenuation coefficient of Abunex as a function of frequency is shown in Figure 7.4, in
which the maximal attenuation or scallering is seen 1o occur at approximately 2 MHz,

7.2 NONLINEAR INTERACTIONS BETWEEN
ULTRASOUND AND BUBBLES

The nonlinear response of a spherical bubble to a lime-varying pressure field in an
incompressible Auid has been sudied by many investigators, including Rayleigh
(1917) and Plesset (1949). It can be obtained by soclving the following Ray-
leigh-Plessel equation under certain assumplions:

#  The motion of the bubble iz symmetric.

*  The wavelength is much greater than the bubble radius.

* The bubble contains vapor and gas.

*  There is no rectified diffusion, which means the active pumping of gas
initially dissolved in the fluid surrounding the bubble into the bubble by
the sound field.

= The bubble oscillates according 10 the gas law with the polytropic con-
stant, Y.

The derivation of this equation can be found in Leighton (1994).

3 2 25
puaii+>p,d° = F!(ﬂ—':-] +P=R===yop.ai-Peoser  (1.12)
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where
a is the bubble radius
i, 15 the initial bubble radius
p.. 15 the density of surrounding medium
P, is the initial internal pressure of the bubble = P, — P, + 28/,
Py is the ambient pressure
P is the vapor pressure
& is the surface Lension
¥ 15 the damping constant
P, 15 the costr incident pressure

For an air bubble in water, P, = 2.33- 10* dyn/em® and P, = 1.013- 10" dynfom?
at | aim. The polytropic exponent or constant of gas W = by, where & is given by
Equation (7.4). For air, w = y under adiabatic conditions and = 1 under isothermal
conditions. The values for w for different gases have been measured (Crum, 1983)
Under adiabatic conditions, @ = 5/3, 775, and 4/3 for monoatomic, dimomic, and
trigtomic gas, respectively.

7.3 MODIFIED RAYLEIGH-PLESSET EQUATION
FOR ENCAPSULATED GAS BUBBLES

The Rayleigh-Plesset equation was modified by de Jong et al. (1994) o take the

shiell into consideration, including from the internal frictional loss and the restoring
force caused by shell stiffness:

Iy

- a 2% S 1 .

pudii+ 3 p i’ = P.[;f] +P,—&—;—ﬁ[a—;;]—mmhm—ﬁmw

(7.13)
where

¥, 15 the modified damping constant that accounts for the additional damping
caused by shell friction

8,uer 18 the shell elasticity parameter, assumed to be a constant = 8- 10° dynfcm
by de Jong et al. (1994) and de Jong (1996)

7.4 SOLUTIONS TO RAYLEIGH-PLESSET EQUATION

The Rayleigh-Plessel equaiion can be solved analyiically or numerically (de Jong
et al.. 1994). Figure 7.5 shows the numerical resulis on the change in radius and
velocity of an air bubble of 1.7-pm radius in water a1 20°C in the time domain and
frequency domain driven by a 30-cyele sinusoidal signal of 40 kPa amplitude at the
bubble resonant Mequency of 2 MHe. Imitally, the bubble is assumed to be resting.
Only the results for the last 10 cyeles, a time when the system is assumed to have
reached steady state, are shown, The bottom pangl shows the specira of the velocity
waveforms. As expected, at the maxima or minima of the radius variation of the
bubble. the velocity is wero.
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FIGURE 7.5 Response of an air bubble driven at its resonant frequency by an ulirasonic
wave of 40 kPa. Top: changes in radivs and velocity of bubble wall, Bottom: corresponding
Pm\“l ipcfll"a.

Figure 7.6 shows the response for Albunex of 2.4-pm radius driven at 2 MHz,
which exhibits a smaller swing in magnitude than a free bubble. Due to its larger
stiffness, the radius of Albunex is larger to maintain the resonant frequency at 2 MHz.
A value of BOOO dynfcm was used for the shell elasticity, 8, The additienal damping
due 1o shell friction was also included in the caloulation (Chang et al., 1998),

The computed scattering cross-section of an air bubble of 1.7-pm radius and
Albunex of 4.7-pm radius at first and second harmonics as a function of the driving
frequency is given in Figure 7.7 (de Jong et al., 1994; Chang et al., 1998), The
scattering cross-section peaks for first and second harmonics at 2 MHz. Beyond this
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FIGURE 7.6 Response of Albuncx driven a1 its resonant frequency by an ulimsonic wave of 40
kPa. Top: changes in radius and velocity of bubble wall. Botiom: coresponding power spectr

frequency. it approaches the physical scattering cross-section (dma®), Note that the
second harmonic response is only prominent in the vicinity of the resonant frequency.
The air bubble also has a secondary maximum at one-half of the resonant frequency.
which is a subharmonic frequency (not shown in the figure). The secondary maxi-
miuin, however, does not exist for Albunex. Figure 7.8 shows ihe scattered power as
a function of the radius from Albunex with a size distribution shown in Figure 7.3
for a transmitied l'mqm.'m:].r of 2 MHz and an amplitude of 40 kPa. The scaunered
power peaks at 4.7 pm Tor the first and second harmonic signals,
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FIGURE 7.7 Calculated scattering cross-section az a function of transmitted frequency at a
driving peak pressure of 40 kPa, Top: for a free bubble of 1.7-pm radius. Bowom: for Albunex
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FIGURE 7.8 Nommalized scaitered power at first and second harmonics as a function of
Albunex radius. The size distribution shown in Figure 7.3 is used. The transmined frequency
and peak pressure are 12 MHz and 40 kPa, respectively.

7.5 HARMONIC IMAGING

An exciting new application of the air-containing agents is found in harmonic imaging
and Doppler measurements in which the effect of the surrounding stationary structures
on the image and resulis is minimized. Harmonic imaging or Doppler measurements
following the injection of a gas-containing contrast agent are possible because only
microbubbles resonate when impinged upon by ultrasound and emit ultrasound a1
harmonic frequencies. Ultrasound at hasmonic frequencies will enly be produced by
anatomic structures that contain these agents. Tissues that do not contain gaseous
contrast agents presumably will not produce harmonic signals. A good example is
blood fowing in a blood vessel. Blood containing the conirast agent will produce
harmonic signals but the blood vessel will nod. The contrast between the blood and
the blood vessel will therefore be significantly improved in the resultant harmonic
image if only the echoes at the harmonic frequency are detected by the ransducer.
The simplest approach that may be taken in harmonic imaging is to generate a wide-
band signal acoustic signal. Only the harmonic signals are received for image Formation,
as illustrated in Figure 7.9, The array or ransducer is excited with the first harmonic signal
or fundamental frequency signal, which can be achieved with a one-cycle sinusoidal
signal, indicated by the thin solid line. The echoes received by the transducer are then
filtered 1o collect the data only at the harmonic frequency indicated by the dashed hne.
The bold line indicates the oniginal spectrum of the ransducer. A major problem associated
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Transmitted spectrum

Received spectrum

Spﬂuum
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Original spectrum
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Frequency

FIGURE 7.9 In harmenic imaging. the spectrum of a pulse within the bandwidth is divided
il two bands: ane for ransmitting the pulse at fundamental frequency and one for receiving
the secomd harmonic signal.

with such an approach is that it is impossible to suppress echoes at fundamental frequency
completely due to spectral leakage, i.e., the overlapping area of the two spectra. Thus,
they can corrupt the harmonic echoes,

Figure 7.10 and Figure 7.11 illustrate two other types of approaches that have
been used 1o overcome this problem: pulse inversion and amplitude medulation

Two pulses are semt 180" oot of phase and the two A-lines are summed

FIGURE 7.10 In pulse inversion harmonic imaging, two pulses | 80° out of phase are trans-
mitted. The retumed echoes ar fundamemal frequency will cancel each other out upon
summation (lop). whereas the echoes at harmenic frequency will not (bottom).
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FIGURE 7.11 In amplitude modulation harmonic imaging, two pulses of different ampli-
twdes, ¢, and &, = 0,25 ¢,, are transmitled. The larger pulse is assumed Lo produce o second
harmonic signal, whereas the smaller one does nol. Upon performing the mathematical

operation e, — de;, echoes at the fundamental frequency will be cancelled eut and the echoes
a1 harmonic frequency will not.

{ Averukiou, 2000). In pulse inversion, iwo pulses of 180% out of phase are transmitted
sequentially, The retumed echoes are summed up. The echoes at the fundamental
frequency will be cancelled out, but those at the harmonic frequencies will net. In
amplitude medulation, two pulses of different amplitudes are transmitted. The larger
pulse will produce echoes at harmonic frequencies, but the smaller pulse will not.
The signal at fundamental frequency may be subtracted outl by adjusting the ampli-
tude of the returned echoes. Only echoes at harmonie frequencies remain., [deally,
these approaches are less affected by speciral leakage,

7.6 NATIVE TISSUE HARMONIC IMAGING

Harmonic imaging can also be performed on tissues without the injection of a
contrast agent. Harmonic signals are produced as the ultrasound pulse penetrates
into the body because of the nonlinear interaction between the tissues and ulirasound
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energy (previously discussed in Section 2.8 in Chapter 2). Energy at the fundamental
frequency is partly absorbed, partly scanered, and parily converted into harmonic
and subharmonic signals, which increase initially, reach a plateaw. and then decrease.
Similar approaches described in Section 7.5 can be used 10 perform native tissue
harmonic imaging.

Mative tissue harmonic imaging has several advantages over conventional B-mode
imaging:

= It can penetrate more deeply into tissues because more harmonic signals are
generated until they are offset by the increased attenuation. Consequently. it
is frequently observed that harmonic images ane better when obese patients
are imnged.

= It has bewer lateral resolution because the beam is norrower due o the
higher receiving [requency.

* It 1s less noisy m the near field because the harmonic signal is small in
the near field.

* It has smaller side lobes.

Harmonic imaging also has drawbacks:

*  Axial resolution may be compromised as a result of the reduced band-
width.

= Adteouation is higher, thus shifiing the center frequency of the pulse to
lower frequencies,

7.7 CLINICAL APPLICATIONS OF CONTRAST AGENTS
AND HARMONIC IMAGING

When the contrast agents were first developed, their primary objective was in delin-
exting cardiac structures. For instance, cardiae chamber borders can be better defined
with the aid of a contrast agent, as illustrated in Figure 7.12, Since then, many
applications have been found, including enhancing color Doppler flow images to betier
visualize smaller blood vessels (e.g., renal and hepatic arteries). The destruction of
contrast agenls by insonicating ulirasound has been used 1o measure blood flow
stemming from the observation that the change in echogenicity following destruction
is related 1o blood flow velocity. The most useful application of ultrasonic contrast
agents appears 1o be in quantitating perfusion that is the blood supply 1o a cenain
region of an organ; this can seldom be done noninvasively. The wash-in and wash-out
times and other parameters that can be estimated form the change in echogenicity of
blood following the injection of a bolus of a contrast agent have been investigated as
indicators of blood perfusion (Goldberg et al, 1994, de Jong, 1996).

More recently, the interest in ultrasonic contrast agents hos focused on their
potential in drug delivery and gene therapy. Drugs con be carried by these agents in
the imerior or in the shell to a targeted organ, where they are released. The releasing
of a drug may be achieved by insonicating the agent by ultrasound. The agent may
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FIGURE 7.12 A four-chamber view of the hearnt with the interior of the cardin chamber
filled with bright echocs generated by & contrast agent. The borders of the cardine chamber
are beter delineated. Echo-poor zones in the cardiac chamber may be due (o the prescide of
thrombi, {Counesy of Philips Ulirasound, )

be carried by the blood stream passively 1o an organ of interest or it may actively
seek out the targeted tissues by binding them with specific molecules that interact
only with a certain group of molecules in a tissue (Lanza et al., 20000,
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8 Intracavity and
High-Frequency (HF)
Imaging

Conventional ultrasonic imaging systems typically use frequencies from 2 1o 15 MHz.
Scanners ai lower frequencies have the advantage of a larger depth of penetration but
suffer from poorer resolution. To improve spatial resolution, one obvious strategy
would be to increase the frequency. The axial resolution is determined by the pulse
duration or bandwidth of the pulse, For a fixed number of cycles per pulse, an increase
i freguency would result in a reduction in wavelength and thus pulse duration.

The relationship between frequency (wavelength) and lateral spatial resolution is
given by Equation (3,300, These relationships are graphically illustrated in Figure 8.1
and Figure 8.2, As ultrasound frequency is increased 1o 50 MHz, an axial resolution
and lateral resolution of better than 20 and 100 pm for an f number of 2.9 can be
achieved, respectively. The price to be paid is an increase in attenuation. The effect
of attenuation cocfficienmt of a few (ypes of tissues of clinical interest is shown in
Figure 8.3, At 50 MMz, the depth of penetration for most tissues would be limited
w4 to 5 mm. As was discussed, the depth of penetration may be increased slightly
by introducing novel signal processing methods such as coded excitation; however,
the range of frequencies that can be applied to a certain organ is limited.

8.1 IMAGING

Imtrncavity imaging such as transesophageal, transrectal, and transvaginal imaging
15 a partial solution o achieving improvements in spatial resolution. Imaging organs
such as the hean, prostate, and uterusfovary from the body surface does not usually
allow the wilization of frequencies higher than 5 MHz because they are deep-lying
ergans; however, probes may be modified 1o be ingerted through open cavities of
the body. Under these conditions, higher frequencies may be used because the probes
are in closer contact with the organ of interest.

B.1.1 TramsesopHaGEAL CARDIAC IMAGING

Phazed arrays consisting of more than 48 elements at frequencies from 5 to 7.5 MHz
can be mounted on the tip of an endoscope with a diameter less than 10 mm for
imaging the heart in the esophagus. The endoscope allows the manipulation of the
position and direction of the phased array. During scanning. the transesophagenl
probe is insered into the esophagus and the tip is positioned against the wall of the

153
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FIGURE 8.1 Caleulated axial resolution as a funciion of bandwidth.

Laterial Resolution vs.
Center Frequency

200 ‘ fe=329 o

E \ | — :r. - u,_?
3 150
: \
[
100
’ 1\"'-.
T =l
1]
0 25 50 75 100 125 150
Center Frequency [0 (MHz)

FIGURE 8.2 Calculated lateral resolution as a function of ulirasound center frequency.
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FIGURE 8.3 The effect of ultrasound anenuation of four different types of tissues plomed as
a function of depah at 50 MHz The transfer function is given by o= where o is the attenuation
coefficient and = is the propagation depth.

esophagus under local anesthesia. A majority of the probes are capable of bi-plane
imaging. i.c.. two orthagonal images are produced. More advanced versions can
produce images in any direction by mechanically rotating the array.

Transesophageal imaging of the heart yields better images of the whole hean
because of the higher frequencies as well as of the base of the heart, which cannom
be adequately accessed by transthoracic imaging. Additional benefits are that transe-
sophageal imaging allows comtinuous monitoring of the cardiac functions; this has
been proven valuable in anesthesiology during surgery. A photo of such a probe is
shown in Figure 8.4. Commercial catheters (10 French units, | F = 0.33 mm outer
diameter) mounted near the tip is @ linear array at a frequency of 8 MHz are also
available for intracardiac imaging. The catheter ean be guided to the heart by a guide
wire via a peripheral artery.

B8.1.2 TranSRECTAL AND TRANSVAGINAL IMAGING

Probes ot frequencies higher than 5 MHz are available for most of imaging systems
for insertion inta the rectum or vagina for better imaging of the prostale and
uerusfovary, A linear armay or curved linear array is mounted a1 the side or at the
tip of a probe. A Tull bladder, which used 1o be recommended For transabdominal
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FIGURE 8.4 A phow of a transesophageal probe. (Couriesy of Oldelll B.V.. Delfi. the
Metherlands. )

obstetrical imaging of a fetus, may now be repliced by transvaginal imaging. A
photo of several transrectal and transvaginal probes is shown in Figure 8.5.

8.1.3 Enporusmina IMaGinG

Catheter-based imaging systems have also been used o image the gastrointestinal
tract, including colon, esophagus, and stomach (Liv and Goldberg, 1999), A few
manufacturers have developed specialized ultrasonic imaging systems to accomplish
this by mounting ultrasonic transducersfarrays on the end of an endoscope.

FIGURE 8.5 A phoo showing several Lypes of ulirasound probes incleding linear arrays and
linear curved arrays, Deppler probes, and transrecial and transvaginal probes {long and slender

e in the upper hall of the phota). {Courtesy af’ Sound Technology Inc., Sune College,
Pennsylvania. )
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8.2 INTRAVASCULAR IMAGING

Imaging of the wall of blood vessels For the purpose of estimation of the degrec of
stenosis and characterization of atherosclerotic plagues has been pursued for many
years with a variety of imaging modalities (Pandian, 1989; Liv and Goldberg, 1999).
In the past, x-ray angiography has been the gold standard for assessing stenosis.
The drawback is that it is a form of fonizing radiation and the procedure invalves
the injection of a contrast agent. As a result, its role is being challenged by magnetic
resonance nnaging and ultrasound (Shung et al., 1992).

Plague composition characterization is of clinical importance in that it has been
hypothesized that vulnerable plagues consisting of a lipid core with a fibrous cap
are most likely 10 rupture, cousing the formation of clots and serious clinical con-
sequences such as stroke and hean attack. Imaging options for characierizing plague
composition are guite limited. Fiberoptic angioscopy. in which an optic fiber is
imroduced via catheterization 1o the site of interest for the visualization of plague
surface, and transcutancous wlirasound have been used. The former procedure
involves injection of saline for Aushing out light opagque blood and only visualizes
the lesion surface; the latter suffers from poor resolution. Intravascular ulirasound
and optical coberent tomography (OCT) are possible aliernatives to alleviating these
problems {Liu and Goldberg, 1999; Bouma and Tearney, 2002). Intravascular ultra-
sound scanners 1ypically are operated in the frequency range from 20 w 60 MHz
depending upon the imaging catheter used.

Two different types of imaging catheters are on the market today. In one, a
single-element transducer at a frequency from 30 1o 60 MHz, of 175 mm diameter,
and making an angle of 107 relative 1o the direction normal to the long axis of the
catheter, is mounted near the tip of the catheter. The transducer is mechamically
rotated at a very high speed (~ 1800 rpm) by a shaft. These catheters have a size of
iS5t 6 F In another, a 64-clement array at 20 MHz with a 1.54 pitch is mounted
ground the circumference of a 3.5 French catheter (1.2 mm outer diameter). The
elevation width of the array is 0.7 mm. Alse mounted on the catheter with the array
are several integrated circuit chips that perform the functions of low noise broadband
preamplification and multiplexing. A synthetic imaging approach in which one
element transmits and 14 elements reccive is used to form the image.

Figure 8.6 shows a catheler with a mechanically rotated transducer (top) and a
catheter with an array wrapped around the circumference (bottom). Although the
array catheter has a higher frame rate, it yields an image quality slightly inferior to
that of the mechanically rotated type, primarily because of its lower frequency.

In addition to plague characterization, intravascular wlrasound has been found
te be useful in guiding the placement of a stent and monitoring stent restenosis.
Figore 8.7 shows a 40-MHz image of an artery and Figure 8.8 shows a 20-MHz
image of a stent. Al present, all intravascular ultrasonic imaging devices use side-
looking catheters, which lack the capability of visualizing anatomic structures in
front of the catheter. This capability is important in order not o cause any injury 1o
the blood vessel, such as perforation and dissection, while the catheter is guided o
the site of interest. Efforts o develop forward-looking intravascular cotheters are
now under way.
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= Mechanbcal Transduces
— Transducer that rotates on a drive shafk

FIGURE 8.6 An intravascular imaging catheter with a mechanically rotated transducer (1op)

and a catheter with an armay wrapped around the cirgumference (hotlom). (Counesy of Boston
Sciemtific and Voleano Therapeutics.)

Catheter o

FIGURE 8.7 An -I!'I'IIISI: of an antery acquired ot 40 MHz by a catheler with a rodating Sil‘lgk'
element transducer, (Counesy of Boston Scientific.)

8.3 HIGH-FREQUENCY IMAGING

Scanners operated at frequencies higher than 20 MHz have been developed for
applications in aphthalmology, dermatology, and small-animal imaging. These
devices, called ulirasonic backscatter microscopes or ultrasonic biomicroscopes
(UBMs). typically obtain images by scanning a single-element ulirasonic transducer
in a sector format or linearly. The construction of a UBM is identical to that of a
static B-mode scamner (Briggs and Arneld, 1994; Pavlin and Foster, 1995),
Scanning can also be achieved by better wilizing the focus of the transducer by
incrementally moving the transducer in the axial direetion, called B-D (D stands for
depth) mode scan. A compasite image is Tormed by combing the focused segments
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FIGURE 8.8 (See color figure following page 80.) A 20-MHz imaging catheter is placed
at the midstent level. The right panel shows a longitudinal view of the stent. The echogenic
stent structure is clearly seen, (Couresy of Volcano Therapeutics.)

of multiple images acquired as the transducer is moved i the axial direction. This
mode of scanning improves lateral resolution by sacrificing frame rate. Commercial
UBMs can achieve a frame rate of 30/sec because the excursion range of the trans-
ducer is extrernely small.

High-frequency scanners that utilize linear arrays are not yet commercially
available, although exiensive investigations to develop HF amays and associated
imaging electranics are under way (Ritter et al., 2002). Conventional dicing tech-
nology may be used 1o fabricate linear arrays up to 50 MHe. For fabricating linear
arrays higher than 50 MHz. alternative technology, such as MEMS and laser dicing,
may need 1o be exploited. Other challenges are the high electrical impedance of the
small array elements that causes electrical impedance mismatch and the lack of high-
speed electronics needed for the development of the HF beam former,

High-lrequency ultrasound has many clinical applications. In ophthalmology,
scanners at 20 MHz or slightly lower have been used to imerrogate the posterior
components of the eye, including the retina. Those at 40 MHz and higher are useful
for visualizing the anterior segments of the eye, including the comea, Lo monitor
the state of comeal transplant, and diagnosing twmors and glaucoma. Figure 8.9
shows the anterior segments of the eye obtained by a UBM at 50 MHz in vitre, The
cornea, including the stroma, ins, and cilliary body, is clearly seen. Figure 310
shows an enlarged opening of the pupil when the light is twmed off,

Clinical applications of HF ultrasound in dermatology include characterization of
tmors and assessing the size of structures in the skin, e.g., the scbaceous 2land. An
image of the backhand skin obtained by a UBM at 30 MHz is shown in Figure 8.11.
Inophthalmology and dermatology, HF ultrasound competes with OCT, The resolution
of HF ultrasound is inferior but the depth of penetration is superior.
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FIGURE 8.9 A UBM image of the anterior segment of the eye obiained i vitrs,

Lights an

Lights off

Ultrasoaind cross-sections of the anterior segment of the cye

FIGURE 8.10 URBM images of the eye before and afier tuming off the light. (Courtesy of
Artemiz-2 VHF Arcsean [Ulralink]).
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FIGURE &.12 UBM images of mouse cmbryo at 40 MHz. (Counesy of Visualsonics,
Toronto, Canada.)
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Moninvasive imaging of small animals like mice and rats has recently generated
a great deal of interest because, for gene therapy, mice or rals are the prefemed
animal models. Due to the animals’ small size, clinical imaging devices are nol
capable of yielding sufficient resolution. MicroMRE (magnetic resonance), micreCT,
and microPET (positron emission tomography) designed specifically for small-
animal imaging have been developed and are commercially available. UBM has also
been used for small-animal imaging. Figure 8.12 shows an example.

8.4 ACOUSTIC MICROSCOPES

At frequencies higher than 100 MHz, UBM-like devices have been developed for
imaging cells and material structures. These devices are called scanning acoustic
microscopes (SAMs). The construction is similar 10 that of a UBM except that the
transducer design is somewhat different. Typically, a thin layer of zine oxide is
deposited on top of a tightly focused lens made of sapphire in order o minimize
the effect of attenuation. At a few gigahertz, SAM has a resolution comparable (o
that of a light microscope and the advantage of being able to penetrate light-opaque
miedia; however, it has not gained acceplance in the biomedical community because
of its limited capability and cost, It has been used mainly for nondestructive evalu-
ation of materials. A variation of SAM is the laser scanning acoustic microscope
(SLAM), in which the perturbation of the acoustic field generated by an ultrasonic
transducer by an object is mapped by scanning a laser (Kessler and Yuhas, 1979)
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Multidimensional
Imaging

A majority of conventional ultrasonic imaging systems are equipped with a variety
of probes, including lincar arrays of different frequencies, phased amays, and Dop-
pler iransducers, for performing many imaging funciions. Despite numerous
improvements that have been made in sharpening the image and eliminating artifacts,
problems associated with a lack of focusing on the elevation plane or control of
slice thickness remain.

Omne glaring example is the degradation of image conirast outside elevation focus.
Two-dimensional array is the ultimate solution to alleviate this problem (Light et al.,
1998 Smath et al., 2002). Unfortunately, for a 128 element x 128 element two-
dimensional array. the electronic channel and cable count would be enormously large.
expansive, and very difficult if not impossible to manage. As an intermediate step.
multidimensional arrays such as 1.25-D, 1.5-D, and 1.75-D arrays have been devel-
oped 1o partially solve the slice thickness problem. One central issue encountered in
all multiple dimensional arrays is that more time is needed for data acquisition and
signiél processing. Current scanners almost exclusively take the approach in which a
pulse is transmitted only after all the echoes within the field of view have been
received. To gain additional time without sacrificing image quality, the capability of
parallel processing is essential,

9.1 PARALLEL PROCESSING

Parallel processing may be achieved by transmitting multiple pulses at the same
time., This sirategy, however, would make the scanners more expansive and elec-
tronics more complicuted. Figure 9.1 shows a more reasonable solution, proposed
by Shauuck et al. (1984), which uses a lincar array. A broader beam than that
normally used in a lincar array is transminted and the returned echoes are detected
in 4 to 16 directions simultaneously: this is achieved by appropriately adjusting the
time delays.

In the initial approach (Shattuck et al,, 1984), analog delays were employed,
For reception at an angle of 8 + A8, where 8 is the angle of the ransmitted broad
beam and AB, is the angle between 8 and the ith received beam (i = 1. M), depending
on the design, M = 4 to 16, additional delay Ar, can be applied to the original delay
at a stecring angle &

At = Aty (8,R,) + %sin{ﬂﬂfl (9.1

163
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FIGURE 9.1 Parallel processing can be achieved by sending a broader beam anid receiving

the returned echoes in multiple directions. @ denotes the steering angle. The receiving beams
are much narrower than the transmitted beam.

where
R; is the focal distance of the beam
Al is the time delay needed to focus the beam al £, (see Equation 3.33) a1 an
angle B8
i 15 the number of the elemem
& is the pitch
¢ is the sound velocity in the surrounding medium

This expression is valid only if B and AB, are <267,

For one transmitted pulse, four lines are received for M = 4. This means that
the time needed 10 form one frame is reduced 10 one-fourth, representing an increass
of frame rate by four times. The price to pay for achieving this is a slight degradation

of lateral resolution (in that the transmitted beam is broader) and the more compli-
cated electronics.

9.2 MULTIDIMENSIONAL ARRAYS

Multidimensional arrays have been elassified into four categories: 1.25-0, 1.5-D, 1.75-
D, and two-dimensional arrays {Wildes ¢t al., 1997, These categories are illustrated in
Figure 9.2, which shows only the side views of these armys, A front view of o five-row
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Array Lens
- Frow 1250 Elevation direction
Axial direction
— I
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& row 1.75D

FIGURE 9.2 Sicke views of multiple dimensional arays.

1.5-D array can be found in Figure 3.33. For a one-dimensional amay, the elevation
aperture and focal distance are fixed, For a 1.25-D aray, the aperture size is variable,
but the focus is fixed. For near-field imaging, the switch is open and only the center row
5 wsed, For a 1.5-D array, dynamic focusing 1s achieved by adjusting the delays of
relrmed echoes andfor ransmitled pulses similarly to what can be done on the azimuth
plane. Aperture apodization may also be implemented. A 1.75-D arcay is similar o a
1.5-D array with the exception that there is no symmelry constraint. As in annular amays,
the areas of all rows are typically made equal to ensure equal sensitivity and inpuit
electrical impedance. Only a full two-dimensional array can allow dynamic focusing
and beam steering in azimuth and elevation directions.

The major advantage that can be gained by going w multidimensional arrays is
the better control of slice thickness and an improvement in contrast, The drowbacks
are (1) significant grating lobes present in the elevation direction if there are oo
few rows of elements; (2) an increase in the footpring and (3) increased complexity
in electronics,

A number of scanner manufaciurers have developed 1.5-D arrays. More than
1048 electronic channels are used for image acquisition. Significant improvement
in image gquality has been demonstrated.
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9.2.1 Two-Dimensional Arravs

To achieve three-dimensional imaging in real time, a two-dimensional array must
be used. A 128 clement x 128 element, two-dimensional array would allow the
performance achieved by a 128-clement, one-dimensional array in the azimuth
direction 1 be extended to the elevation direction, Three-dimensional imaging by
a two-dimensional array may be accomplished in two ways: pyramidal scan and
rectilinear scan, as illustrated in Figure 9,3 (Smith et al.. 2002, Yen and Smith, 2002).
In the former, the full iwo-dimensional aperture is used for beam steering amd

\
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b R RN

|
LR T

Ll

2. array 'P':,-ramidal SCON

tah

ALY

B R

Beam sweep direction

2-Ir array rectilinear scan
(k)

FIGURE 9.3 {a) Pyramidal scan by o two-dimensional array. (b) Rectilinear scan by a two-
dimensional arrav.
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focusing in the azimuth and elevation directions. In the later, only a limited aperture
is used and the beam is moved linearly in a'raster format (o acquire the full image
in three dimensions,

Rectilinear scan offers the advantage of reduced complexity and thus cost, but
suffers from an inferior resolution due to the smaller aperture size. Fabrication of
128 = 128 two dimensions is not an unsolvable problem and can be done. The
difficulty lies in the electrical impedance mismatch due to the small element size,
the enormous amount of electronic channels if all elements are connected, and
interconnection. Electrical impedance mismatch may be overcome by using piczo-
electric materials of high dielectric constant or multilayer piezoelectric materials
that are acoustically in series bul electrically in parallel (Goldberg and Smith, 1994).

Multilayer piezoelectric materials result in a reduction of 1/V® in output electrical
impedance of the array element, where NV is the number of layers, recalling that the
elecirical behavior of a piezoelectric transducer is much like a capacitor near reso-
nance. Multilayer lex circuits could be used 1o overcome the interconnection prob-
lem but the cable size would still be unmanageable. A multilayer flex configuration
for a 6 = 39 mm 1.5-D array is shown in Figure 9.4, in which Figure 9.4(a) is a
photo of the array assembly and Figure 9.4(b) is an enlarged view of o section. The
number of channel counts conceivably may be reduced by multiplexing or by
adopting @& sparse array approach (Smith et al,, 2002; Lockwood et al., 1996).

A full two-dimensional array reported 1o consist of 60 x 60 elements is now
commercially available for three-dimensional, real-time volumetric imaging, In this
device, multiplexing and fast electronics are presumably used to reduce the channel

Multi-Row Flex

(b}

FIGURE 9.4 iSee eolor fligure fllowing page 80.) (a) A photo of a 1.5-dimensional array
with multilzyer Hex, (b Enlarged view of a seetion of the flex, The line width and via hole
diameter are 25 aind 50 pan, respectively. {Courtesy of D, Wildes, GE.)
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Capacitive Micromachined Ultrasonic
Transducers [cMUT)

Silicon Mitride

Silicon Oxide

Gap width Vacuum

FIGURE 9.5 Construction of one ¢MUT cell,

count while maintaining a fast frame rate of 30 frames per second. Sparse arrays have
been pursued for many years as an altermative 1o partially circumvent this problem,

A more recent advance in transducer technology, which has a great potential for
making the fabrication of two-dimensional array mere cost-cffective and solving the
interconnection problem, is the capacitive micromachined ulirasonic transducer
(cMUT) (Ladabaum et al., 1998). This approach differs completely from the tradi-
tional transducer design strategy and has the advaniage that semiconductor wechnol-
ogy, which allows integration of transducers and electronics and miniaturization, is
used. s principle is illustrated in Figure 9.5,

The silicon nitride membrane and the silicon substrate form a capacitor that makes
the membrane vibrate upon the application of an AC voltage. The gold layer is an
elecirode. The sensitivity of the device is inversely proportional to the gap width, The
sensilivity increases as the gap widih decreases. The thickness of the membrang
determines the resonance frequency of the device. At 12 pm. the resonance frequency
is approximately 12 MHz, Figure 9.6(a) and Figure 9.6(b) show a photo of several
eMUT cells, in which the lighter colored structures are the cell membrane and
conductive paths, and an atomic force microscopic image of ane cell, respectively.

A 192-clement linear array fabricated from this technology is shown in Figure 9.7
and a corresponding image acquired by this array is shown in Figure 9.8 along with
an image oblained by a conventional PZT array. An improved axial resolution is clearly
seen due 10 the large bandwidih of eMUT. An additional advanage of cMUT is that
it is no longer necessary to match the acoustic impedance between the ransducer and
the loading medium, However, this technology has 2 couple of shoncomings: a slight
decrease in sensitivity and the need for a bias voltage on the order of 100V,
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each cell ks the width of a human hair

fa}

Atomic Foree Microscope (AFM) image of one of
thousands of cells an the surface of a Silicon
Ultrasound transducer
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FIGURE 9.6 (a) Photo showing several eMUT cells. (b) Atomic force McToscopic image of
one eMUT cell. (Coumesy of Sensant Corp.)
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eMUT Lincar Array

Interconmect

Arfay

FIGURE 9.7 (See color figure following page 80.) A photo of a eMUT 192-clement lincar
array. (Courtesy of Sensant Corp.)

9.2.2 SPARSE ARRAYS

To reduce the number of elements and channel count, sparse arrays may be used,
Piezoelectric elements are randomly placed on a predetermined aperure, as shown in
Figure 9.9, where all the elements may be used to transmit and receive or some of the
elements used for transmission and some for reception. The advantage of a sparse amay
is countered by the decrease in sensitivity due 10 the reduction in aperture size and an
increase in the side lobe pedestal or the noise Aoor owside of the main lobe. This has
been shown to be proportional to 1i{number of elements) (Lockwood et al., 1996)

]:rn:.p: cnmpnrisnn

Breast hbroadenoma at 9 MHZ

192 element eMUT Conventional PET
array array

FIGURE 9.8 Images of a breast cancer acquired by the cMUT array (left) and a conventional
PET amay (right). (Courtesy of Sensam Cormp.)
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FIGURE 9.9 A random sparse ammay in which the solid squares represent piczoeleciric
elements.

To overcome this problem, a periodic sparse array has been suggested by
Lockwood et al. (1996). The grating lobes caused by the large pitch in a sparse
periodic array may be alleviated by selecting different pitches for transmit and

receive arrays. Al a direction of ¢,, shown in Figure 9.10 at a distance r >> L
where L is the width of the array, the ransmitted radiation pattern is given by

Hy () = ja[ ]’[}‘d:‘. 92)

Hi=in(g.]
El

oS

.

FIGURE 9.10 Radiation geometry for a linear array.
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FIGURE 9.17 Transmit aperture function for a linéar array of pich, g. and element widih, b

where
Ho=sin ¢,
A is the wavelength
k is the wave number
y i5 the ransmit aperture function

This expression basically states that the radiation pattern of an aperture is the
Fourier transform of the aperture function (Steinberg, 1976). For a linear array. the
aperture function can be represented by Figure 9.11, where £ is the element width.
If the acoustic independent variable chosen is pressure. a,(o/A) would be a series of

pulses with a pressure ampliwnde p,. Here, the distance, x, is normalized with respect
to A If the receive radiation pattern is given by

H () = j'.:,, [%]a‘{ﬂ' d-;f_- (9.3)

A2
L x L x 2L £
Ny=8 N'REB N“-JS

FIGURE 9.12 Desirable effective aperiure function can be achieved by convoluting o transmit
aperiure function with a receive apernure function.
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FIGURE 9.13 Twao approaches that may be used 1o obtain a desired effective aperiure
funciion

where @, is the receive aperiure function. The two way pulse—ccho radiation patterm
would be

Hg(t0) = Hy ()H () = FTla, 1FTla; )= FTla, *aj) ©94)

where * denotes convolution and E(oA) = agda/h) * a,(xA) is frequently called the
effective aperture function or co-array function (Steinberg, 1976).

I the far field of the array, i.e., r>> L, the rectangular pulses may be represented
by impulses, as shown in Figure 9,12, Assuming that &, and M, elements are in the
tramsmit and receive apertures, respectively, following the convolution, the number
of elements in the effective aperture should be N = N + Ng — 1 with a width of
21 and a piich of one-half L.

The effective aperure can be reconstructed from the transmit and receive aper-
lure [unctions in a variety of ways, Figure 9.13 illustrates two of them {(Lockwood
et al., 1996), This approach is only valid for the far field of a nonfocused array and
al the focus of a phased array. In addition, a combination of apodization and addition
of extra elements is necessary to make it work successfully.

9.3 THREE-DIMENSIONAL IMAGING

Three-dimensional ulirasound (3DUS) is an imporiant new area of development. It
exploits the tomographical capability of ultrasound by acquiring multiple slices of
the images. Three-dimensional reconstruction can be accomplished offfine or in real
tume using two-dimensional arrays and parallel processing (Melson, 20000, 1f a
scanner is capable of displaying the volumetric images in réal time, it 15 often called
a four-dimensional scanner.

Offfine, three-dimensional imaging is achieved by free-hand scanning with electro-
magnetic position sensing or by mounting the probe on a mechanical translator whose
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FIGURE 9.14 (See color figure following page 80.) Three-dimensional image of a fetus in
uterus obtained offline. (Counesy of GE Medical Systems.)

position is encoded. The data acquired are displayed following image processing by
oplimized algorithms on a high-resolution monitor. Currently, three-dimensional ulra-
sound images are displayed in two ways: a series of multiplanar images onhogonal o
one another and rendered images that show the three-dimensional structures, Rotation
of the images is provided as an option, A three-dimensional image of a fetus obiined
offline and a three-dimensienal image of a heart obtained in real lime or by a four-
dimensional scanner are shown in Figure 9.14 and Figure 9.15, respectively.

FIGURE 9.15 Threc-dimensional image of aonic valve in gray scale and the aortic regur-
gitam jet in color obamed in real time. (Courtesy of Philips Medical Systems.)
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Some examples of clinical applications of three-dimensional ultrasound are
visualization of the coronal plane of a fetus, which is not possible with two-dimen-
sional ultrazound; measurement of organ volumes, including the heart; and guidance
of interventional procedures, including needle biopsy of prostate. Like several other
imaging modalities. the clinical impact of three-dimensional imaging is not yet firmly
established and merits further investigation. However, it is clear that, for 3DUS o
have a major elinical impact, its performance must match that of two-dimensional
ultrasound in terms of image quality and interactivity.
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1 0 Biological Effects
of Ultrasound

In earlicr years, for the sake of simplicity, ultrasound propagation iy

iissues was assumed to be a linear phenomenon because it was believ, ‘Slogical
power imparted by a diagnostic instrument was 50 low that nonlinear efy, that the
not occur. As the requirement for better sensitivity (signal-to-noise rativ) t5 could
quality grew, the peak and the average intensity used in diagnostic | d image
increased. Al sufficiently high ultrasonic pressure levels and intensities, j - TEOLS
1able that nonlinear effects appear as well as new acoustic phenomena, l'n; mel:-
most important are heating, wave distortion, cavitation, radiation force, an, nx.a i
ing (NCRP, 1983; Hamilton and Blackstock, 1998). Table 10.1 lists typica) i
output values for ultrasonic diagnostic instruments (ATUM, 19922; Pawgy, o 4
1994; Zagzebski, 1996). h

10.1 ACOUSTIC PHENOMENA AT HIGH-INTENSITY
LEVELS

10.1.1 Wave DistoRTION

As the power level of the acoustic wave it increased, the sinusoidal pressure wave is
distorted. This i¢ because when a medium is compressed, the propagatien velocity,
which is inversely proportional to the compressibility and the density, increases, This,
in regions of increased pressure, the propagation velocity is greater, causing the pressure
peaks to catch up with the pressure troughs. When this oceurs, the sinusoidal waveform
begins to look like a sawiooth waveform and significant energy is transferred to higher
harmonics of the wave, resulting in a higher absorption, as illustrated in Figure 2.20.

10.1.2 Heaning

Ultrasound energy is attenuated as it propagates in a medivm, Tn biological tissues,
a major portion of the energy is absorbed and converted into heat. At low ultrasound
intensity levels, the heat produced is rapidly diffused out, resulting in little change
in local temperature. However, as the intensity is increased, temperature rises.
Adverse biological effects may occur if the temperature is elevated 1o higher than
38.5°C (Barnett et al,, 1994).,

10.1.3 CaviTaTiON

The term cavitation is used to describe the behavior of gas bubbles in ultrasonic
fields. Two different types of cavitation may occur: transient or stable.

177
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TABLE 10.1
Typical Acoustic Qutputs of Diagnostic Ultrasonic Instruments

Operaling Mode  Peak Pressure (MPal Dy, (MWW Ly, (W/om® Power (mWW)

B-mode 1.68 18.7 174 I8

M-mode 1.5% 73 174 19
Pulsed Doppler 248 1140 283 30.7
Color fow 2,59 234 25 805

Transient cavitation describes the phenomenon in which microbubbles suddenly
grow and collapse in a liquid medium. The physical process can be described as
follows: bubbles in a medium are greatly expanded when pressure decreases rapidly.
The pressure increases one-half eyele later, causing bubbles to collapse and disap-
pear. For a very large pressure swing, the radius increases markedly, reaching a peak
well past the pressure mininum; as the pressure reaches a peak, the bubble collapses.
The internal bubble pressure can become very high, up o 80,000 ATM, with &
temperature approaching 10,000K. Such high temperature can cause decomposition
of water into chemically active acidic compeonents, causing serious biological cffecis.
A phenomenon called sonoluminescence, in which flashes of light with duration of
less than a few picoscconds are generated, may accompany the collapsing of the
bubbles (Leighton, 1994).

On the other hand, stable cavitation describes a phenomenon in which the
bubbles do not collapse as previously described. Under this circumstance, the behav-
ior of such bubbles is quite stable and is known as stable cavitation, which is more
likely 1o occur at lower ultrasound intensities.

Cavitation can be suppressed by degassing the liquid, increasing the viscosity
of the surrcunding medium, or by increasing the external pressure applied w0 the
system. It takes a finite amount of time for the gas bubble to respond 1o the pressure
change. Therefore, cavitation is a frequency-dependemt phenomenon. IF the ultra-
sound frequency is high enough, it should disappear.

10.1.4 Rapiation FORCE AND STREAMING

As ulrasound propagates in a fivid, transfer of momentum (o the mediom via
absorption causes acoustic streaming in the direction of the sound beam. If a discrete
object is present in the ultrasound beam, a radiation force is exerted on the object,
as discussed in Chapter 2. As the object moves. streaming of the fuid near the object
may occur, If the object is an air bubble, the oscillation of the bubble can also cause
streaming of the fluid. Because acoustic sireaming is related to absorption, nonlinear
interaction between ulirasound and a medium may increase the acoustic streaming
many fold. Acoustic streaming may induce shear stress on interfaces that border the
fluid and the object,



Binlogical Effects of Ultrasound 179

10.2 ULTRASOUND BIOEFFECTS

Ulirasound bioeffects have been classified into thermal effects or nonthermal effects
such as those caused by cavitation. However, in reality, these effects are usually
difficult to separate en animal preparations. A large body of data has been accumu-
lated over the years from water tank studies and animal siudies in an effort w0
eatablish whether diagnostic ultrasound produces any biological effects,

10.2.1 Tuermar ErrecTs

Resulis that delineate the relationzhip between lemperature elevation and exposure
duration needed to cause cell death are similar o those found for hyperthermia-

induced fetal abnormalities. They can be generalized to the following equation
(Barnew et al., 1994):

fyy =R AT {10.1)

whiere
iy 1% the exposure duration needed to produce bioeffects at 43°C
T s iemperaiure
i is duration of exposure at T
£, is 0,25 for T < 43°C and 0.5 for T > 43°C

A review of the literature shows that no lethal effects have been observed for T
below 417C. It can be assumed that exposures that elevate temperature up to 1.5°C
will not cause defects in embryonic development.

10.2.2 THermaL InDex

A parameter that 1akes into consideration the attenuation of the tissues, beam profile.
and tissue thermal properties was jointly proposed by the American Instinue of
Ultrasound in Medicine and National Electrical Manufacturers Association to indi-
cate the thermal effect of ultrasound more effectively so that the practitioners can
use the ALARA (as low a power level as is reasonably achievable) principle in
patient scanning. The manufacturers voluntanly display this index on the scanmer
(AIUM/NEMA, 1992). For ultrasound propagating in soft tissues during scanning,
the thermal index (TI) is given by

(10.2)

where W, and W, are, respectively, the average emitted power of the source in
witer defined by the beam profile and the estimated power needed 1o raise the target
tissue by 1°C based on tissue thermal models. To take (issue atlenuation into account.
W, in Equation (10.2) should be replaced by the derated power W (z) at a distance
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z from the source, assuming a constant attenuation coefficient for all sof tissues of
0.3 dBfem-MHz, which is 0.035 npfem=-MHz, Therefore,

Wy (2) = W, - 10003 (10.3)

where £ is the ultrasound cemer frequency.

Equation (10.2) may be used 1o calculate Tl for a scanning transducer with a
relatively small aperture size in soft tissues because the power would be the highest
at the face of the transducer where z =

e L (10.4)

(2100

where W, is in milliwatis and f in megahenz. For a W, = 100 mW at 3 MHz Tl= [ 4.

T1 for nonscan mode and Doppler mode may be different from that of the scan
mode because of differences in transducer aperture and the thermal maodel. T1 for
ultrasound propagating in a medium containing bones is also different from that
given by Equation (10.3) (AIUM/NEMA, 19923, AIUM/NEMA recommend that, if
a device cannot output a power level with a thermal index exceeding 1, it is not
necessary to display the TI. However, if it can exceed a T1 of |, the TI should be
displayed when it exceeds 0.4 in 0.2 increments.

10.3 MECHANICAL EFFECTS AND INDEX

Cavitation and other nonthermal effects induced by ulirasound have been shown 10
cause cell lysis, change in cell permeability, and lung damage. Cavitation threshold
is found to be related 1o the rarefactional peak pressure of an acoustic pulse that is
the peak of the negative going pressure (see, for instance, Figure 3.12), frequency,
pulsing conditions, and properties of the propagating medium including viscosily,
gas content, surface tension, and temperature (AIUM/MNEMA, 1992), Taking these
parameters into consideration, the mechanical index (M) is defined as

Proalzy,)
M= TL (10.5)
I
where

P is the derated peak rarefactional pressure in megapascals by 0.3 dBfemz-MHz
Z.. 15 the axial distance where the derated pulse intensity integral (Pll;,) = Ty (2
d7 1% maximal

Pl is illustrated in Figure 10,1, Therefore, fope, = PIpulse duration. The max-
imal allowable ML is 1.9, which is equivalent to a fepay oF 190 Wiem?,

Although MI has been adopied as a voluntary standard for assessing the mechan-
1cal bioeffects of ultrasound, it has several drawbacks, It does not consider (1) the
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FIGURE 10.1 Definition of PIL The upper panel shows the pulse intensity as a function z.
The bottom panel shows the spatial variation of PII.

dwell time, i.e.. time involved in patient examination; (2) patient temperature; and
(3} the effect of stable cavitation and other nonthermal mechanical effects. Further-
more, M1 was developed based on in viire experimenis using gas containing poly-
styrene spheres.

The data collected on biceffects of ulirasound are frequently inconsistent and
controversial, However, at the moment, it is safe to conclude from extensive epidemi-
alogical studies and the body of data available in the lierature (ATUM, 1992b) that, in
the low-megahenz frequency range, no adverse bioeffects have been observed on non-
human biological tissues exposed in vive under experimental ultrasound conditions if:

= When a thermal mechanism is involved, these conditions are for unfocused
beam, lopp,. below 100 mWiem? and for focused beam. Jgpr,, below
1'W/icm?, or thermal index below 2. Furthermore, adverse bioeffects have
nol been observed for higher values of T1 when it is less than

618!

0.6

where ¢ is the exposure (ime in minutes.

*  When a nonthermal mechanism is involved, these conditions are in sin
peak rarefactional pressure below approximately 0.3 MPa or M1 < approx-
imately 0.3 in tissues that contain well-defined gas bodies. Furthermore,
no such adverse effects have been reported for other tissues,
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FIGURE 10.2 Summary of the present knowledge of bioeffects of wlirasound.

In summary, the current consensus on possible biveffects of ultrasound can be
best illustrated by Figure 10.2, which shows that, (1) for long exposure lime, @5 long
a5 Igpy, is below 100 mW/iem?, no adverse biceffects have been observed: and. (2)
for short exposure time, the allowable intensity may be higher. As long as the energy
imparted to the tissues is smaller than 50 Jem?, no adverse bioeffects have been
abserved.

The output levels and bigeffect indices of a number of diagnostic ulirasound
instruments have been reported by Patton et al. (1994). As a final note. bioeffects
produced by uitrasound can also be used to its advantage for therapy — for example,
hyperthermia, high-intensity focused surgery (HIFQO), drug delivery, and gene trans-
fection (ter Haar, 2000; Miller, 2000).
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11 Methods for Measuring
Speed, Attenuation,
Absorption, and
Scattering

For a better interpretation of ulirasound images and an accurate measurement of the
strecture of o tissue (e.g., size or volume of a twmor), ulirasonic properties of
biological tissues such as velocily, absorplion, altenuation, and scatfering must be
known, A variety of methods can be used in virre (0 measure these properties.
Performing these measurements in vive, however, is a totally different matter. A
number of methods have been developed for in vive measurements with little success
{Greenleal, 1986; Shung and Thieme, [993).

11.1 VELOCITY
11.1.1  fw Vireo MetHoDs

Ulrasound velecity can be measured with a continuous wave excilation or with a
pulsed excitmion (Schwan, 1969),

11.1.1.1  Interferometric Method

This method, shown in Figere |11, uses continuous wave excitation and has
been used 1o measure the velocity in a liquid sample with negligible anenuation
to an accuracy of 0.1%. A standing wave is set up between the reflector and the
ransducer. The wavelength can be determined by adjusting the position of the
reflector, If the frequency is known, sound velocity can be easily calculated from
Equation (2.2},

11.1.1.2  Pulse=Echo Method

The same arrangement in Figure 11.1 can also be used for pulsed excitation, A
measerement of the time of flight 5 = Zule of the pulse, where x is the distance
between the reflecior and the transducer, would yield ¢. The accuracy of this method
relies on the sharpness of the pulse and is affected by the attenuation of the sample.
which can cause a change in the pulse shape. An improvement in accuracy can be
made by substituting the sample with a liguid, such as water, with a velocity that is
precisely known. From measurements of two time of Rights, ¢, and 1. in the sample

183
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Oscilloscope

Rellectar

Source

FIGURE 11.1 Experimental block diagram for i vitre ulirasound velocity measurements.

and in the reference liguid, and the relationships

X
I= E (1.1}
I = (11.2)

where ¢, and ¢, are sound velocity in the sample and in the reference liguid,
respectively, ¢, can be found from the following equation:

L
NB;‘“;’='T[E:"E:] {11.3)
ar
Ll (11.4)
I [

The advantage of using Eguation (11.4) is that time-of-flight measurements are
much more accurate than distance measurements, Because the distance measurement
is eliminated by merely replacing the sample by a liquid of known velocity, this
method is called the substitution method.

The pulse—echo approach can also be used 10 measure sound velocity in lissues,
The problem is that it is often difficult to estimate the thickness of the tissue
accurately, To maintain parallel interfaces between the transducer and the tissue as
well as between the tissue and the reflector, the tissue must be compressed and an
undesirable distonion of tissue structure may result. To allevime this problem, a
different approach, in which the need for measuring tissue thickness is eliminated
(Kuo el al., 1920), may be used, as illustrated in Figure 11.2. Assume that T, and
T, are time of flights with and without the sample in the propagation path and r,
and 1, are lime of Mights for the pulse to travel from the transducer 1o the front and
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FIGURE 11.2 Experimental block diagram for in wirs ultrasound velocity measurements
that eliminates the need for tssue thickness measurements by wiilizing only time of fights.

rear faces of the sample:

[ i, -k

I.=I—II-12=.I-'"L2'—"""-'-F"'E'=—I' (11.5)
rf“'xu—"*ﬁ ~% (11.6)
T, x+x, =x
T=_'_Lc +?'- (1.7

where ¢, and ¢, are sound velocity in water and in the sample, respectively. Sub-
stituting Equation {11.5) into Equation (11.7) and subtracting Equation {1 1.6) feom
Equation (11.7), it can be shown that

¢*=[J_LT i ! +|]..~h (11.8)
f: =1

Thiz equation shows that the sound velocity in the sample can be determined
from a measurement of four times of flight if ¢, is known. An altiernative to using
a reflector to reflect back the transmitted pulse would be to replace the reflector with
a hydrophone if the attenuation in the sample is high. In this way, the propagation
path is reduced by one-half.

11.1.1.3  Velocily Difference Method

Figure 11.3 shows this extremely accurate (to 0.01%) methed for measuring sound
velocity in a Aluid). A reference liquid and the sample Aluid are separated by a thin
membrane. If a carriage carrying the transmitting and receiving tronsducers is moved
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FIGURE 11.3 Experimental block diagram for the fixed-path method for ultrasound velocity
MEAsUrements.

by a distance Ax, it can be easily shown that the time of flight detected by the
receiving transducer, As, is given by

=£_ax

Ca .

At (11.9)

All parameters in Equation (11.9) are known excepd for ¢, Continuous excitation
can also be used with this method. Instead of measuring time of Might, the change
in the phase angle is determined.

11.1.2 In Vivo MetHoDs

Very few of the in vitrp methods can be applied to i wve conditions. As a result, a
number of investigations on possible in vive methodologies have been attempted. One of
these, called the image registration method (Chen et al., 1987), is shown in Figure 11.4,
If a targen tissue such as a blood vessel, designated as D, can be found in the boady by B-
miode imaging, transducer A emils a pulse and target D will show up in the image as B,
where AR = ¢, Ar where ¢, is the assumed velocity and As is the time of flight. Similacly,
for transducer A’ A'F" = ¢, Ar'. For the iriangle AA'D, it can be shown that

L _AD  AD AD | [

T-aB AD—AB‘=:5{]_EE]=1—‘1=¢|_¢|:
L]

|

(11.10)
where ¢, is the true velocity and A8 = (¢yfc )AD, Equation (11.10) can be rearranged
10 obtain the following equation

L
c‘Ec"-—L—I (11.11})
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FIGURE 11.4 The image regisiration method for in vive ultrasound velocity measurements
in which a selected target is imaged at two locations.

which indicates that the true velocity can be estimated from the assumed velocity
and the distances L and /.

L. can be physically measured and [ estimated from the image. The true position
of the target can be estimated by cross-correlation. Although this method appears
1o be promising, it has several problems, including the assumption that there is no
refraction at tissue boundaries and the ability o find a target tissue. Using this
method, Chen et al, (1987) found that in vive sound speed in normal liver was
1.578 = 10* emfs, whereas it was 1.547 x 10* cm/s in nonfauty cirrhotic liver.

An approach that uses a linear amray studied by Kondo et al. (2000) is shown
in Figure 11.5. If the distance betwesn two elements, Ay and sin 8, is known and
the propagation times along paths T,AR,, T,BR,, and T,CR, represented by 1y, £,

Limear array

= Skin

FIGURE 11.5 The cross-beam method for in wive ultrasound velocity measurements in which
a selected target is imaged by a linear array.
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and 1,,. respectively, can be measured, ¢, the local sound speed in the volume of
tissue defined by ABC, is given by

£y = (11.12)
[,,, = -u—zl]a

Here it is assumed that 8, = 8,.

11.2 ATTENUATION
11.2.1 In Vitro METHODS

Just as with velocity measurements, a variety of methods have been used for meas-
uring attenuation coefficient of biological ussues in virno,

11.2.1.1 Transmission Methods

Marrow-band bursts or broad-band pulses may be used, The former yields betier
signal-to-noise ratio, but can only be used to obtain the value at one frequency: the
latter allows the measurements of the attenuation coefficient over a frequency band,
but is susceptible 10 noise. These methods can be further classified as the fixed-path
method and the variable-path method,

As indicated by Equation {2.29), the pressure drops exponentially as the propa-
gation distance increases. If the separation between a transmitting transducer and a
receiving transducer is changed. a measurement of the change in the detected pressure
should yield the anenvation coefficient if beam diffraction loss can be appropriately
compensated. The advantage of the fixed-path method over the variable-path method
is that it is not necessary to correct for beam diffraction. The fixed-path method uses
the same arrangement shown in Figure 11.3 for measuring ultrasound attenuation in
fluids. Assuming that the attenuation coefficients in the reference liquid and the sample
liquid are ¢, and o and that g, and p, are the pressures before and after the carriage
movement, it is straightforward to show that

a:uu+Lln[ﬂ] (11,13}
Ax Ps

This approach is not suitable for measurements on biological tissues, A substitution
method has been developed to overcome this problem and is sull the most reliable
and most popular al present. An arrangement similar to that shown in Figure 11.2 is
used. Becouse the detecting device must have a small aperture to minimize the phase
cancellation effect or aperture averaging effect (Busse and Miller, 198 1), a hydrophone
is typically preferred as a receiver in attenuation measurements. This arrangement is
depicted in Figure 11.6, Assuming that the scope has the capability of Fourier trans-
form, the signals displayed on the oscilloscope received by the hydrophone without
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FIGURE 11.6 Experimental block diagram for in virro ultrasound atenuation measurements.

and with a specimen in the path, as a function of frequency, is given by

V(M= Rifle! (11.14)
V()= R (fleove-tesobT2 (11.15)

where

&, 15 the transfer function of the experimental system including the electronic and
ultrasonic components

T is the acoustic transmission coefficient at the tissue—water mterface

o, and o are the anenuation coefficients in the reference liquid and the sample
Dividing Equation {1 1.14) by Equation (11.15) and taking the log of both sides,
v

Y e (11.16)
Y.

Because the transmission coefficient between a liquid and a soft tissue

approaches 1, Equation (11.16) can be simplified o

=e‘“'"ﬂ"n {11-]?.}

==

Equation (11.17) shows that the attenuation coefficient of the sample can be deter-
mined from a measurement of lissue specimen thickness, x, . and the ratio of the detected
signals if the atenuation coefficient of the reference liguid is known, The advamage of
this method is that it is not necessary o know the experimental system transfer function
Ri /). Unlike velocity measurements, the accuracy of thickness measurement is not as
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FIGURE 11.7 Temperalure increase measured by a thermocouple after exposure to a pulss
of ultrascund in a tissue.

critical a factor in attenuation measurements. Specimen thickness, x_, can be measured
manually or with time-of-flight measurements,

11.2.1.2 Transienl Thermoelectric Method

As was mentioned in Chapler 2, ulirasonic altenuation in lissues consists of two
terms: absorption and scattering. In the medical ultrasound range from 2.5 1o 15 MHz,
scattering loss is minimal, 50 the transient thermoelectric method (Schwan, 1969;
Parker, 1983) that measures absorplion is also useful for measuring alténuation. In
this method, a thermocouple is embedded in the volume of tissue of interest exposed
by a rectangular acoustic pulse of known intensity. The temperature rise cansed by
the acoustic pulse measured by the thermocouple is shown in Figure 11.7. If the
diameter of the thermocouple wire is sufficiently small, the approximately linear rise
in temperature in the second phase is related to the absorption coefficient ~ o by the
following equation:

a=5f_’[£] (11.18)
J',

25\ ar

where C.. J., and [ are the specific heat at constant pressure of the tissue, the mechan-
ical-heat conversion factor = 4,18 Meal, and acoustic intensity, respectively, {%’-},‘
denotes the slope of the lemperalure rise as a function of time at time = £,

The first phase of temperature rise cannot be used because of the heat exchange
occurring between the tissue and the wire, For this method to be valid, the wire
diameter must be small (<75 pm}. the half power beam width greater than 3 mm
to minimize the heat loss by conduction 1o the surrounding regions: and the tem-
perature rise < 1%, These guidelines resirict the application of the technique to high-
frequency and tightly focused beams. A pulse decay technigue in which the viscous
heating artifact is minimized has been developed to overcome these problems
(Parker, 1983). In this method. a Gaussian imensity profile is assumed for the
ultrasound beam (see Figure 2.8) and the beam is scanned across an embedded
thermocouple of 51-pm diameter thermojunction, as shown in Figure 11,8, The
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FIGURE 11.8 A transducer is scanned across a thermocouple embedded in a tissue,

intensity profile is assumed 1o be

-t
flxy="le™ (11.19)

where x;, is a measure of the beam width. After an exposure of duration Ar and

assuming no significant heat conduction during the duration, the temperature distri-
bution along x should be

JI

T[.I}-Tf s (11.200
where, from Equation (11,18),
2o
Time——i_ 11.21
~=Ca ( ]

The temperature decay at a point x at a function of time following exposure has
been found theoretically (Parker, 1983) to be

LK "'::'-'u
?“:I f‘} m:{lf_i {1 1 -22}

At x =0 or on the beam axis,

-
= —— 2
T(0, ) FTyT (11.23)
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where &y is the thermal diffusitivity of the medium surrounding the heat sensor and
equals 1.5 % 107" emé/s for soft tissues,

Using Equation (11.23), 7, can be estimated from the time history of the
temperature decay on the axis given x, estimated from Equation (11.19) following
a measurement of the beam profile. Here it is assumed that the beam profile measured
in a water bath is similar to that in tissues and not affected by attenuation, Then,
from Eguation (11.21), the absorption coefficient & can be estimated becanse §_, &¢.
C,. and J arc known. The advantage of this method over the transient thermoelectric
method for highly focused beams was clearly demonstrated by Parker {1983).

11.2.2 In Vivo MEeTHODS

In vitro methods for anenuation measurements are difficult to implement in vive, A
few approaches have been studied for in vive estimation of attenuation and can be
classified into two categories: loss of amplitude methods and frequency shiflt methods
(Greenleaf, 1986). The central idea for both is 10 treat the tissuc as a unilform
distribution of scatterers. If the difference in transducer beam characteristics at
different depths in 2 tissue can be adequately compensated. the difference in echo
ampliude from tissues at different depths of the same volume is related 1o the
attenuation coefficient of the tissue and the separation in depth,

11.2.2.1  Loss of Amplitude Method

This method is illustrated in Figure 11.9, in which the amplitude drop as a function
of depth of penetration of the ultrasound beam or time of fight of the pulse is shown.

Echo Amplitade

Depth of Penetration z

FIGURE 11.9 The echo amplilsde seanered from o tissue decreases as a function of depth
of penetration. The solid line denotes the fitted curve.
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If beam diffraction can be adequately compensated, the drop should be exponential
and a curve-fitting algorithm may be used 10 estimate the attenuation coefficient.

11.2.2.2 Frequency Shift Method

The frequency shift method can be accomplished in the frequency domain by
measuring the spectral difference or in the ime domain by estimating the zero
crossing of the echo waveform (discussed in Chapter 5). This methed is illustrated
in Figure 11.10. Two regions of an A-line echo waveform, A and B at different
depths, are windowed for Fourier analysis shown in Figure 11.10{a) and (b).
Warious time window functions, e.g., Hamming. Blackman, and Henning windows,
may be used o minimize spectral distortion. The two spectra are then divided o
yield the slope of the atienuation curve shown in Figure 11,10(c) if beam diffraction
can be adequately compensated.

In logarithmic scale, the difference in the spectra yields the attenuation coeffi-
cient as a function of frequency. This process must be repeated many times before
any meaningful results can be obtained because biological tissues are far from being
homogeneous, The shift in center frequency of the transmitted pulse can also be
estimated from determining the zero crossing of the echo waveform. Attenuation
coefficients of normal liver and faty liver with values from 0.45 w 0,5 dBfem-MHz
and from (0.6 10 0.8 dBfom-MHz, respectively, have been reponted from in vive
measurements on humans with these methods.,

11.3 SCATTERING

The measurement of the scaltering properties of tissues is of paramount importance
because an ultrasonic image is formed from specularly reflected echoes from tissue
boundaries and diffusely scattered echoes from tissue parenchyma.

11.3.1 Inv Vireo METHODS

The scattering properties of a medium can only be measured under two extreme
cases; scaflerer size >> wavelengih and scaiterer size << wavelength. As was dis-
cussed in Chapter 2, for a distribution of scatterers, only if the scatterer concentration,
n, is very small, the intensity anenuation coefficient is given by

2a=n{a, +a,) [11.24)

A measurement of the anenuation coefficient would yield o,, assuming that o,
=> 0. This condition is satisfied only for large scallerers whose size is >> wave-
length. Therefore, only in the case in which the scatter concentration is extremely
small and the scatterer size 15 >> wavelength, can the scatiering cross-section be
obtained from measuring the attenuation coefficient of the medium, However, sev-
eral methods have been developed to measure the scattering properties of o medium
for a distribution of small scatlerers whose size is << wavelength (Shung and
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FIGURE 11.10 (a) The scanered echoes from two regions of a tissue, 4 and B, can be
windowed for spectral or wero crossing analysis, (b) Spectra of echoes from regions A and B.
{e) The difference of the two spectra in log scale can be fitted with a line to estimate the
attenuation cocfficient.
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FIGURE 11.11 Experimenial bleck diagram for i viteo ulirasound backscatiering measure-
menis.

Thieme, 1993). The simplest is the narrow-band substiwtion method, which was
developed by Sigelmann and Reid (1973).

Suppose that a volume of tissue is insonified by an ultrasound beam as illustrated
in Figure 1111, The transducer and the tissue are immersed in saline solution in a
water tank. The transducer is located a distance of R from the tissue and saline
interface. Saline is preferred over water for a tissue sample to prevent permeation
of water into the tissue. Here it is assumed further that R is >> transducer aperiure
and wavelength so that, a1 z > R, the wansducer can be treated as a point source.
Under these conditions, the intensity of ultrasound beam at & + z, is

fz)= ﬁe’w"“ (11.25)
&

where
Py denotes the total power emitted by the transducer
PyliR + z5)* is the spherical spreading of the energy emitted by a point source
g is the attenuation coefficient in saline
o is the altenuation coefficient in the tissue

If the transmitted ultrasound is a series of bursts at a frequency of £ with a
very marrow bandwidth, the intensity of the scattered wave from a region of
tissuc can be selected by time gating, which is illustrated in Figure 11,12, for
measurement,

HzmV
I ()= ——=iill | p-tmgR-Toz, ;
O P (11.26)
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FIGURE 11.12 Time gating allows the selection of a portion of the waveform for signal
processing. The gate behaves like a switch that is wmed on by a pulse, leting only the
waveform pass through within the time window controlled by the pulse durntion,

where
V is the scatiering volume, bounded by the beam width ot 8 + 2, and duration of
the gate, T, = Sc1/2
¢ 15 the sound velocity in the tissue
5 15 the beam cross-section at z,
1 is the backscautering coefficient defined in Chapter 2

It should be noted that 1) = ng,, where o, is the backseanering cross-section for very
small n,

However, for biological tissues, as was discussed in Chapter 2, o, is typically so
small that it is impossible to measure, In order 1o alleviate this problem, the backscat-
tering coefficient, which represents the intensity scattered into one solid angle in the
backward direction per unit incident intensity with a unit of lfeme-sr, is used, For this
definition 10 be valid, the scattering from one unit of volume of scatterers must be sa
weak that no multiple scanering oceurs. Otherwise, Equation (11.26) is not valid, Here
it is assumed that individual scattering volumes are independent so as to allow the use
of the product nV to represent the total scattered intensity from a volume of V.

The definition of scattering coefficient may be extended to dense distributions
of smaller scatterers (Shung and Thieme, 1993) where scatterers are correlated.
Biological tissues may be approximated as dense distributions of small scatterers
because, in medical ultrasound frequency range, the wavelength is typically much
greater than the sizes of tissue components.

The power received by the transducer of aperture size A can be obtained by
substituting Equation (11.25) imto Equation (11.26), assuming that & >> z,,

p = SR top-es, (1127

cP
2R
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FIGURE 11.13 Diagram illustrating the mirrer theory when o wave is impinging on a fla
reflecting surface.

The backseattering cocfficient can be estimated from Equation (11.27) by meas-
uring 5, Py, oo, and 0, because all other parameters are known. The cross-section of
the beam 5 at the site of measurement may be measered precisely with a hydrophone
or simply approximated by its =3-dB contour. The transmitted acoustic power, Py,
is difficult to estimate becavse the transfer functions of the electronic and acoustic
syslems must be known. For practical purposes, the need for this knowledge is
eliminated by performing an additional procedure — that is, measuring the reflected
power from a ideal flat reflector at the position where scatiéring measurement is
made. This is made possible by considering Figure 11.13, which shows that a flat
reflecior is placed at a distance of B from the ransducer, assuming that R + 2, ~ R,

For a nonfocused transducer, it is possible to make the approximation that, in
the far field of the ransducer, the ransducer can be treated as a point source located
at the center of the wansducer aperture. Applying the mirror theory, the transducer
as a receiver would appear as if it were located at a distance 2R from the source.
The power received from the reflector by the transducer of aperture size A is then

P =£‘l=*“v* (11.28)

rT 4R

where I is the reflectivity of the reflector and approaches 1. Assuming that " - 1
and dividing Equation (11.27) by Equation (11.28),

P, 25CTE

E (11.29)

Rearranging this equation, it can be found that

=L p=tocy (11.30)
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Equation (11.30) can be converted into decibel scale by taking the log of beth
sides of the equation and mulliplying by 10 — that is,

10logn = 10log B2 — 10log(285ct) = (10log P — 10log ) — 10 log(e =)
(11.31)

From this equation, it is easily seen that the backscattering coefficient, 1), can be
calculated by merely measuring the difference in the scatiering power and reflected
power in decibels if all other terms are known,

This method has been used to measure the scattering properties of a number of
tissues (Shung and Thiem, 1993). Results for several tissues are given in Table 2.1,
As indicated earlier, the mirmor theory is invoked 1o caleulate the reflected power
from a flat reflecior. This approach is valid only for nonfocused transducers. When
a focused transducer is used, error will result (Yuan and Shung. 1987). The reason
for this is illusirated in Figure 11.14, which shows that, for a focused transducer,
the imaginary point source is not located at R from the reflector, Not recOEnizing
this crucial assumption in utilizing the substitution method has resulted in a large
discrepancy in data reported in the literature for the backscattering coefficient of
iissues,

A wideband pulse may be transmitted instead of a burst consisting of several
cycles. Following Fourier transform, a backscattering coefficient over a frequency
band can be oblained by sacrificing the signal-to-noise ratio. A more accurate

Focused Beam
Won-focused Beam
i ]
-Z
P
iy E

FIGURE 11.14 Only a nonfocused wansducer can be approximated ag o point source for far-
field measurements, This approximation cannot be applied 1o focused transducers,
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substitution method that dees not involve any approximation and is therefore much
more computing inlensive was developed by Madsen et al. (1984).

For scattering measurements in highly absorptive media and at higher frequencies,
a panticulate reference medium whose scattering properties are well known may be
used when the utilization of a focused transducer is necessary 1o achieve the required
signal-to-noise ratio (Chen and Zagzebski, 1996; Wang and Shung, 1997).

11.3.2 I~ Vivo MetHoDs

The eray level of a tissue in an uliragonic B-mode image obtained by a scanner or
the echogenicity of a tissue i5 related in a nonlinear manner 1o the ultrasonic
backscattering coelficient of a tissue resulting from such signal processing steps as
time-gain—compensation, echo amplitude to gray-scale mapping. eic. in a scanner.
A one-lo-one cormespondence occurs between echogenicity and the backscattering
coefficient only if these processing schemes can be adequately compensated,
although it is extremely difficult 10 do. By merely quantitating the gray level or
echogenicity of a tissue in video images acquired by a scanner in vive following
appropriate standardization procedures, a number of studies have shown that i is
possible to differentiate diseased tissues from normal tissues in a variety of organs.

More quantitative data can be retrieved by acquiring and analyzing radie fre-
guency (RF) or raw data before signal processing rather than the video data. In fact,
a commercial system currently is equipped with an RF output for users who need
the RF data, The backscatiering coclficient and integrated backscatier (IB) have been
measured from a number of tissues in vive (Shung and Thieme, 1993). Most notable
achievements have been made in the heart (Miller et al., 1985 Shung and Thieme,
1993} and the eye (Coleman and Lizzi, 1983; Shung and Thieme, 1993) for the
purpose of tissue characterization.
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focusing, 63-67
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with harmonic imaging, 146
laminar, 107
separalion of forward and reverse flows, 112
simulianeous display with B-mode data, 119
viswalizing with conrast media, 135, 145
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Blood vessel stenosis
diagnosis through Doppler imaging, 115
visualization by intravascular imaging.
157-158
Blocd vessels
acoustic impedance of, 20
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slow movement of, 105
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Doppler elfect. in acoustic propagation, 35=36
Doppler low measurements, 103
climeal applications and Doppler indices, 115
darectional Doppler flow meters, 108-113
multigate Doppler, 116-117
nondirectional CW flow meters, 103108
potential problems in, 105=116
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Four-dimensional scanner, 76
Frame averaging. 91
in calor Dappler power imaging. 127
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Free dielectric consant, 41, 42
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Frequency domain methed, 113
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applications in diagnosing, 94
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Gasecus contrast agems, 135-139
Gene therapy
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149=150
small-animal high-frequency imaging in, 162
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suppression methods, 72
Gray-scale ulirasonic imaging. 79
A-mode and B-mode, 79-88
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beam fosming in, AE-00
clinical applications, 94-95
coded excitation imaging. 9500
compound imaging, 99
image quality in, 91=04
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Memode and C-neodde, 95-97
noise sources, 94
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speckle pattern in, 90-91
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ultrnsound computed tomography (CT), 97-98
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Harmonic amplitude, 34
Harmonic imaging. 2, 32, 146-148
amplitude modulation approach, 147-143
clinical applications of, [49=150
native tissue approach, 148149
pulse inversion approach, 147-148
scattered power in encapsulated gas
bubbles, 145
spectral leakage as disadvaniage of, 147
Hean imaging, 84-85. 175
scallering properties measurement in, 201
Heal, conversion of energy through absorption, 21
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Heated object scale, 79
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pawer, 104-103
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Henz, Hellmuh, 1
Heterodyne demodulation, 109=110
effect in frequency domain, 111
High-lrequency imaging. 2, 153, 158-162
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High-intensity focused tissue ablation, 3
High-pass filters, 108
Hodms, Joseph, |
Howry. Douglas, |
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Image acquisilion rate, slowed with compound
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Image enhancement, with contrast media, 135
Image format
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Image quality
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in grayscale imaging. 91-92
point spread function and, 92, 93
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Imaging cathelers, 157-158
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concerns, 17
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Imravascular imaging, 157-158
Intrinsic spectral broadening, |16
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Lead metaniobate. 40
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breast cancer images from, 170
grain size, 46
properties of, 43
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Lens focusing, 66
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Linear arrays, 39, 43, 68, 69-T5, 83, 163
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image format of, §7
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Liver tumors
B-mode ulirasound applications in diagnosing,
o4
increased mtenuation in, 32
Loading medium, 56
Lagarithmic compression, T9
Longitudinal strain, 8, 9
Longitudinal stress, 8
Longiudinal waves, 5, 12
Loss of amplinude attenuation measurement,
194=195
Low-frequency underwater applications, 45
Low-pass filers, 108
in heterodyne demodulation, 110
in quadrature phase demodulation. 111, 112
Lung damage, due 10 nonthermal effects, 180

M

M-mode imaging. 95-97
typical acoustic outputs of, 178
Magnetic resonance imaging (MRI), 2
in cardiology. 3
Malignant tumors, increased atenuation in, 32
Mazon model, 48, 49
Mass density, 11, 27
Marching
electrical and mechanical, 55
and transducer performance improvements, 55
Matching tayers, 53
Materinl geometries. 43
Marerials
acoustic impedance of, 17
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acoustic properties of sclecied, 14
BrA values for, 33
ransducer, 54
Mechanical index (MI1), 180-182
Mechanical maiching. iransducers, 53-55
Mechanical propenics, of plezoelectric materials,
41
Mechamical scanning, 39
Mechanical sector probes, 67
Mec¢hanical-sector scanners, 83
Mechanical sicering, annular arrays, 76
Medical imaging. role of ulrasound in. 2-3
Medium
compresaibility of, 11, 12
inhomogencity of, 20
volume of, 11
Medium displacement, 5
Medium velocity, 5
peak valoes of, 14
Microbubbles, 1446, 178
Microl'T, 162
MicrobR., 162
MicroPET, 162
Mirror theory, 200
Mitral walve prolapse, Mmode display of, %5-26
Mitral valve regurgitation, CW Doppler signals
of, 108
Momennem transfer, for reflectort vr. absorbers,
17
Motion artifacis, 127
Moving objects, Doppler effects and, 35-36
Mubidimensional arrays, 75=76, 164=165
control of slice thickness through, 164-165
for elecironic scanning, 39
sparse arrays, 170-173
twordimensional, 166=170
Multidimensional imaging. 2. 163
three-dimensional, 173-175
vaa multidimensional arrays, 164-173
via parallel processing, 163164
Multigate Doppler, 106-117
Multislice spiral CT, 3
Myocardium
acouslic properties of, 14
attenuation increases in infarcied, 32
backscaering properties of, 3031
tissuc Doppler images of, 126

M

Marrow-band substatution meakod, 197

Mational Ebecirical Manufacturers Association,
179

Native tissue harmonic imaging, 148-1449

Mear-field zone, 57
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Mepers per centimeter, converling 1o decibels
per centimeter, 21
Mewrology, 2
Mimum, Yasuhara, |
Moise
effect on spatial resolution, 92
in grayscale imaging. 94
minimizing wilth color Dappler power
imaging, 125
reduction with native fissse harmonse
imaging, 14%
Momdirectional CW flow meters, 103=108
Monionizing radiaton. salety of, 2
Monlinear scoustic phenomena. 32, 34, 177
Monlinearity parameter BIA, 12-3%

8]

Obese patiens
difficulty in obixining images from, 2
visualization with native tissue harmonic
imaging, 149
Obstetrics, 2
B-mode ultrascund applications in, 94
Oil eoupling mediam, 79
Operator receiving characlermstocs {ROC) curves,
21-92
Operator skill, 2
Ophthalmological applications, 158
high-frequency imaging, 159
Optical ceherent tomography (OCT). 157, 158
Optison, 139
bubble size distribuion, 140
Chrgan velumes, three-dimensional measarcment
of, 175
Organs, differences in speckle of texiural patiems,
a1
Osteoporesis, dingnostéc ulirasound for, 13
Ovarian diagnosis
B-moade ultrasound applications in, 94
vin trapsvaginal imaging, 155=136

P

Farallel processing, 163=164
Paralle] resonant frequencies, 50
Pariicle displacemeni. 5
in rarefaction region, 5
Paricle welocity, 5. 13-14
Pathology
and changes in ultrasonic backscatter, 30
clfects on tenuation coefficient of tisswes, 32
Patient temperanere., 181
Peak pressure, 57
Pediatrics, 2
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Pereeived frequency. vi, actual frequency. 36
Perfect absorbers, 17
Perfect reflectors. 17
Perfusion, guantitating with coatrast agents,
F40
Periodic sparse amays, 171
Phase change, 50
Phase domain method, 112
Phase velocity, 3
Phased amays, 70-72, 83
dynamic focusing and beam steering for, 74
image format with, 88
Fhilips four-dimensions! scanner, 76
Peezoceramic composkies, 45
Peeroceramic dises, 48
Piezoelectric composile materials, 44-45
natations for, 45
in two-timensional arrays, 167
Piezoelectric conslinmtive equations, 41-46
Piezoclectric effect, 3041
in sparse arrays, 170
Piezoeleciric materials
boundary conditions and, 42
choice of, 40-41
criteria fof choosing, 46
extent of freedom, 42
geometry of, 4344
properics of, 43
PFiezoeleciric polymers, 43-44
Picroclectric strain constant, 41, 42
Peezoelectric siress consionl, 41
Frston transdugers, 46
axial pressure profile, 57
Pitch, 68, 70, 73
effect on radiation pattern, 72
in lingar and phased array design, 72-73
Plaque composition characterization, 157
Plasma
compressibility for, 28
density for, 28
Point scaiterer, 72
Point speead lunction, 92, 93
Paisson’s ratia, 10, 11
Palyvinylidence diffluoride (FYDF), 43
Portability, of ultrasound equipment, 2
Pouprocessing, 87
Pawer imaging, 125-127
Preprocessing, 87
Pressure, 5, 11
relationship 1o siress, 13
Pressure amplitude distribution
conlinuous-wave single-element
transducer, 59
pulsed single-element wransduser, 61
Pressure reflection coefficient, 18

n

Pressure waves, 14-15
Probes, 163
exzmples, 156
Propagation distance, amplitede and, 35
Prostaste imaging. 130, 131
via transrectal imaging. 135
L; acouslic impedance of, 20
Pulsatility index, 115
Pulse daration, 15
as dererminant of axial and lsteral resolution,
63, B85
effect on resalving small objects, 53
Pulse-echo velocity measurement, 185-187
Pulse-ccho wavelomm, 52
cambined with Doppler measurements, 103
Q-factor for, 53
Pulse energy, polential biveffects of increasing,
9859
Pulse inversion harmonic imaging, 147=148
Pulse repetition frequency (PRF). 95, 114,
121
in color Doppler systems, 125
Pulse repetition period, 15, 129
for palsed Doppler flow meters, 114
and range ambiguity, 87
Pulsed Doppler flow meters, 113-115
principle of, 114
typical acoustic outpats of, 178
Pulsed uhrasonie feld, 61-62
Pulied wave excilation, velocity measurement via,
185-187
Pulsed wave (PW) Doppler devices, 1, 103
Purcelot resistamce index, 115
BYDFE See alse Polyvinylidence diffuoride
(PVDF)
propenties of, 43
Pyramidal scan, 166
PZT. See Lead zirconate titanate (FET)

Q

Q-factors, 53
Quadrature phase demodulation, 110-113,
122=123

R

Radiation balance, 17-18
Radiation force, 17, 178
Radiation pattern
and boundary conditions, 60
elfect of pitch on, 72
in far field of linear phased arrays, 71
Radistion pressure, 17
Radie frequency (RF) echoes, 127-128
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Radiology. 2
B-mode ultrasound applications fn. 94
wse of contrast media in, 135
Radionuclide emission omography, 2
Rainbow ulirasonic insaging, 79
Random sparse areays. 171
Range ambiguiiv, 87
Rare (action. regions of, 6
Rayleigh-Plesser equation, 141
medificd for encapsulated gas bubbles, 142
solations to, 142146
Real-time imaging, 2
aomie valve vin theee-dimensional
ultrasound, 174
B-maode. 119
Real-iime scanmers, 83
Reciangular elements, directivity function. &0
Rectilimenr scan, 166G
sdvamages amil dissdvaniages of, 167
Red blood cells, ulirasonie scaliering properiies
of, 28
Redwood model, 48
Redtection. 17-20, 30-21
dependence on clastic properies of tisswes, 20
Reflectors, 17
Refmaction, 17-20
Reid. John. |
Relaxation frequency, 23
Relaxaton phcrhm'n:rmn. 24
amd obsorpiion, 21-12, 23
Relaxation time, 23
Remole sensingfdelection, 29
Renal transplant, color Doppler image of. 120
Resolution limis
and pulse duration effects, 53
theonetical, 39
Resonant frequencies, 50
effect of albumin shell on, 139
for free air bubbles, 135, 136, 137
responie of oir bubbles at, 143
senes and parallel. 50
for iransducers, $6—47
Reverse piceochectric effect, 40
Ringing efffeci. 53
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Salety. of nonionicing radiation, 2. Ser alyoe
BacelTecis

Satomura, Shigeo, |

Scan-comverter, 831, Bb

Scanning acoustic microscopes (5AMs), 162

Scanning speed, reduced with compauml
scanming, S

Scattered intemsity, 25
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Scaitenng
in acoustic propagation, 25-32
dependence on tissoe elasticity, 20
froem myocordium, 30
rode in atlenuation, 192
Scauering amplitade function, 25
Scanenng cross-section, 25, 26, 27
in dilute bubble distribations, 140-141
for encapsulated gas bubbles, 143-144
for free air bubbles, 136, 138
as function of iransmitted frequency, 145
Scavering properties. 93-94
paseous air bubbbes, 115
measurement of, 195-201
in vitro methods of meaturement, 195-H01
in wive methods of measarement, 201
Schlleren system, 62-63
Second-stage amplification, 79
Self-focusng, 66
Series resonant fregquencies. S0
Shear madualus, 10
Shear streaim, 9 21
Shear siress, B, 12
introduction by scoustic ureaming, 178
Shear woves, 12-<13
Shell elasticity. encapsulated gaseous
babbles, 142
Sitle lobes
effect on contrast resalution, 93
reduction with native tissue hammonic
imaging. 149
unidesirzhility of, 59
Signal processing units, 83-84, 87
Signal-to-poise ratio, bioelTects al higher, 177
Silicon nitride, in cMUT cells, 168, 16%
Single-crystal femoeleciric materials, 46
Single-element ransducers. 30, 46-53
lecusing mechanisms, 67
ideal beam behavior, 58
pressure amplitsde disuribustion, 39
Single sideband filtering, 108=100
Sinusoidal movement. 5, 12
Siee eniformaty, of contrast agems, 133
Skin
BBM imaging of, 161
ultrasound ateneation in, 155
Skin vebocity, ™
Skull bone, acoustec properies of. 14
Slice thickmess
better controd through mulidimensional
amays, |65
control lacking in unidimensional
imaging, 163
kack of control throughout depih of view, 70
two-dimensional arrays as solwion o, 163
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Small-animal imaging
i gene therapy. 162
high-frequency imaging for, 158
by UEM, |61
Sncll's law, 18
Salud tumaes
differentiating from cysis, 120=131
bow echopenicity of., 20
Sonoelastieity imaging, 131, 132
Sonolaminescence, 178
Soundl. medium required for travel in 5
Soursl propagation velocity, 3
Sound velocity, 12
allemuatien estimations, 9§
CONEaNL fale in lisswes, 04
under pahological condiiions, 13
i lisswes with B-mode imaging. 82
Sparse arrays, 1T0-171
Spatial compounding. 91
Spatial peak pulse averaged intensity, 16
Spasial peak 1emporal average intensity, 16
Spatial peak temporal peak intensity, 32
Spatial point fesponse, 92
Spatial resolution
in color Doppler imnging. 125
deterioration ot b requencies, |33
elfect of comrast on, 92
ellect of Aoise on, 92
and image quality, 92
for rectilimear scan, 167
wilh time domain methods, 129
wavelength and, 7
Specamen thickness measuremen. 192
Speckle pasern, 83, 90-91
suppression through compound imaging. 99
Speckle tracking, 127-128
frame-to-frome. 129
Spectral leakage, 147
imprl.wnd with FII|\¢ imwers'mn!ampﬁludc
meidulation, 148
Spectrum analyeer, 106
Epn.'ular reflection, in inhomogensous media, 200
Spbenical ransducer, 66
Spherical void phamom, 93
Saable caviation, 177=178, 18]
Salic tissue elasticily imaging. 130-131
Henosis
diagnosis through Doppler, FI5
visunlization by imravascular imaging,
157-158
Stert placement, intravascular imaging as aid o,
157
Siored mechanical encrgy. 43
Strain mig, 32
Sircaming eflects, 178
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Saress and wrain relationships
in acoustic propagation, B=11
pressure and, 13

Suergery, 2

Synthetic aperture imaging, 99101

T

Tamaka, Kenji. |
Taylor series, 122
Temperawre, 5
Temporal averaged intensity, 15, 16
Temporal peak intensity, 15
Therapeutic ultr d, ws., dingnostic
ultrascund, 3
Thermal effects, 179
Thermal mdex, 179-180
Thermodynamic methad, 33
Thickness muode electromechanical coupling
cocllicient, 43
Three-dimenskonal imaging, 173-173
Thresholding effect. 123
Time-averaged imensity, 17
Time-domain flow estimation, 127=129
Time-gain-compensation (TGC) amplifier, 79-80
Time gating. 198
in B- and C-mode scanmers, 97
Time-of-fight, 51, 82, 123
specimen thickmess measurement via, 192
in velocity measurements. |86, 187, 188
Time signals, estimating amocorrelation function
from, 122
Tissue complexity. role in echogenicity, 20
Tissue displacement imaging, 2
Tissue Doppler, 116-117
myocardial motion images, 126
Tssue echoes, ve. blood echoes, 133
Tissue mation
manioring through Doppler mexturements,
116-117
in sopcelasticny imaging. 131
Tissues
absorplion coclfickenis in, 24
angular scatlenng pallem and freguency
dependencies. 29
scatenng behavior of, 28
“Total refection, 13
Total swored energy, 43
Transcwlaneous ultrasound. 157
Transducer assemblies. See Armys
Transducer design, 39
for linear armays and phased arrays, 72-74
as trade secred. 39
Transducer materialks, $0-41
ncouslic properties of, 54
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Transducers, 39
axial and lateral resolution of, 63
axial pressure profile, 57
bardwidih, 51
beam characteristics, 55-67
beam profiles. 57-61
cMUT, 168
coordinale system and mosmenclatare
used for, 60
directivity function of reclangular
elements, 50
Doppler, 163
electrical matching, 55
field wisualization and mapping. 62-63
focusing, 63-67
mechanical matching. 53-55
mechanically rotated, 158
near- and far-field zones, 57
performance factors, 53, 53
piezoslectnic constitulive equations
ad, 41-46
piczoclectric ellect and. 39-41
pulsed ultrasonic feld, 61=-62
O-factors in, 53
resonant frequencies for, 46
rolating single-element, 158
simgle-clement, 39, 158
three-port network design, 48
ultrasonic, 46-53
Tramsesophageal cardiac imaging, 153-153
Tramesophageal probe, 156
Tramsient cavilation, |77=178
Tramsient thermoelectric atienuation
measurement. 192-194
“Tramsat time spectral broadening, 107, 109
Transmission coefficient, 18
Transmission methods, atlenuation measurement,
100- 192
Transmitting constand, 44
Transrecial imaging. 153, 155-136
Transvaginal imaging, 153, 155-156
Traniverse waves, 13, See olto Shear waves
Tumar vasculatere, visualizing with contrast
media, 135
Tumors
characterization by high-frequency
imaging, 159
echogenicity as crileria for diagnosing, 20
increased atienuation in, 32
speckle patvern differentiztion from normal
tinsues, 91
therapeutic ulirasound in treatment of, 3
Two-dimensional arrays, 68, 75=Th, 166=1T0
as. solution to slice thickness control

problems, 163
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Ulirasomnic backscatter, See alre Bockscatiering
cross-section
of myccardium, 31
and pathological tissue changes, 30
Ulrasonic backscatter microscopes (LUBM), 158
eyes imaging by, 160
Ulirasonic beam power, radiation force and, 17
Ultrasonic biomicroscopes (UBM), 158, See aise
Ulirasonic backscater microscopes (UBM)
Ulirasonic field. visualizaion and mapping of,
62-63
Ulrasonic imaging
A-mode and B-mode, 79-88
clinical applications, $4-95
defined, 5
diffraction limitations of, 67
carly medical applications in Japan, 1
gray-scale, T9=101
histery of, -2
limitatiens of, 2
mechanical biseffects of, 17
rade in medical imagin:. 2=3
Ultrasonic imaging systems
A-mode, B0
B-mode. 82
C-maode, 96
color Doppler fAow mapping system, 124
CW Doppler Aow merer, 104
M-made, 95
pulsed Doppler Bow meter, 113
lypical scoustic cutputs of, 178
Ulirasonbe lsteral beam profile. 16
Ulirasonie pulse train, 15
Ulrazomie transdecers, 39, 46-53. See also
Transducers
Ultrasound computed tomography (CT), 97-98
Uerasound parameters, 5
Wierus, transvaginal visualization of, 155-136

v

Valvalar diseases
B-mode ultrnsound applications
in diagnosing, 95
color Doppler applications, 123
Variahle-path sticnuation measurement. 190-192
Vascular disorders
assesiment by Doppler Alow meters, 107
visualizing with contrast media, 135
‘Vascular surgery, B-mode ultrasound applicaions
in, G5
Velocity CT, 97
Velocity difference measurement, 1E7-188
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Velocity gradient, 22
\'-'¢|{I¢ily measarement, 185

imerferometric method, 183

pulse-echo method, 185-187

velocity difference method, 187-188

in vitro methods, 183188

in vivo methods, 188—190
Video signal vi. gray level mapping, Bl
Visualizability, of biological tisswes, 20
Valume coelMicien of thermal expansion, 33
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Wag,;‘ni.. Toshio, |
Wall filler, 106
Waler
acoustic propenies of, 14
BiA values for, 33
sond welocity im, 12
Wave distomien, 177
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Wave equations, 11=13
Waveform distoriion, 34
Wavelength
decreasing o improve focusing disance, 67
defined, 5-6
depiction of, 7
and spatial resolution of imaging sysem, 7
‘Wiener-Ehinchine theorem, 119
Wild, John, 1
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X-ray angiography, similarity to color Doppler
power imaging, 125
X-roy computed iomography (CTh 2
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Zero crossing analysis, 195, 196
Zero-crossing counter, 105=-106
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DIAGNOSTIC ULTRASOUND

Imaging and Blood Flow Measurements
K. Kirk Shung

Ulirasound imaging is one of the mast imponant and widely used diagnostic toals in modemn medicine,
second only to the conventional x-ray. Although considered a mature field, research continues for
. improving the capabilities, finding new uses for ultrasound technology, and driving down the cost
_of newer, more complicated procedures such ds intravascular ultrasound. Diagnosiic Ultrasound:
Imaging and Blood Flow Measurements presents new developments, fundamental physics,
instrumentation, system architecture, biological effects of ultrasound, and clinical applications that
reflect this initiative.

Keeping mathematical derivations to a minimum, this book begins with an overview of the field,
the strengths and weaknesses of the technology, and its role relative to other imaging modalities.
The book proceeds to describe the fundamental physics involved, a detailed examination of the
transducer, conventional imaging approaches, and Doppler measurements. The following chapters
explore new developments such as flow, displacement, contrast, harmonic, intracavity, and 4-D
imaging. The author concludes by reviewing current status and standards on bioeffects along with
a unique chapter on measuring ultrasonic properties of tissues that can be found nowhere else,

With'a holistic approach to ultrasound technology, this vital guide:

*, Provides a highly practical guide to the engineering aspects of ultrasound technology in an easy-
to-understand approach

. % Reflects the extensive experience of the author, based on 25 years of teaching engineering
courses on ulirasound

*. Focuses on the fundamental physics while keeping mathematical derivation to a minimum
+  Examines new developments such as contrast media, harmonic imaging, intracavity imaging,
and multidimensional imaging

*  Offers a unique chapter on methods for measuring ultrasonic properties of biological tissues,
not‘found anywhere else

Empﬁasi?jng the engineering and signal processing aspects of ultrasound technology rather than
taking a clinical perspective, Diagnostic Ultrasound: Imaging and Blood Flow Measurements
encourages and'enables further advances in this established yet dynamic field,
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