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Getting Started

 What Is Ultrasound?

Ultrasound refers to an acoustic wave whose frequency is 
greater than the upper limit of human hearing, which is 
usually considered to be 20 kHz. Medical ultrasound oper-
ates at a much higher frequency range (generally 1–15 MHz) 
and it is inaudible. Medical ultrasound images are pro-
duced based on the interaction between the ultrasound 
waves with the human body. For this reason, producing 
and interpreting an ultrasound image require an under-
standing of the ultrasound waves, their transmission and 
reception by sensors, and the mechanisms by which they 
interact with biological tissues.

 Ultrasound Waves

Unlike electromagnetic waves used in optical imaging, X- ray, 
and computed tomography (CT), ultrasound waves are 
mechanical waves that require a physical medium to propa-
gate through. For example, ultrasound waves can travel in 
water or human tissue, but not in a vacuum. Ultrasound waves 
transport mechanical energy through the local vibration of 
particles. In other terms, an ultrasound wave propagates by the 
backwards and forwards movement of the particles in the 
medium. It is important to note that while the wave travels, the 
particles themselves are merely displaced locally, with no net 
transport of the particles themselves. For example, if a lighted 
candle is placed in front of a loudspeaker, the flame may flicker 
due to local vibrations, but the flame would not be extin-
guished since there is no net flow of air, even though the sound 
can travel far away from the speaker [1]. While propagating in 

a medium, both the physical characteristics of the ultrasound 
wave and the medium are important for understanding the 
wave behaviour. Therefore, this section will first introduce 
the  relevant physical processes and parameters that affect 
ultrasound wave propagation.

Ultrasound Wave Propagation

There are many types of acoustic waves, such as longitudinal, 
shear, torsional, and surface waves. The mechanical energy 
contained in one form of an acoustic wave can be converted 
to another, so most of the time these waves do not exist in 
isolation. However, for the sake of simplicity we will only 
describe the longitudinal or compressional waves, which are 
most commonly used in B- mode and Doppler imaging.

The propagation of longitudinal ultrasound waves is illus-
trated in Figure 1.1 using discrete particles. As we know, human 
tissue is not made up of discrete particles, but rather a continu-
ous medium with a more complicated structure. This is merely 
a simplified physical model to explain wave propagation. 
During the wave propagation, particles are displaced due to the 
acoustic pressure in parallel to the direction of motion of the 
longitudinal wave, as illustrated in Figure  1.1a–c. When the 
pressure of the medium is increased by the wave, which is 
called the compression phase, particles in adjacent regions 
move towards each other. During the reduced pressure phase 
(rarefaction), particles move apart from each other. During 
these two phases, the change in the concentration of particles 
changes the local density, shown in Figure 1.1d as the higher- 
density regions with darker colours. This change in local den-
sity can be related to the change in acoustic pressure, which is 
also proportional to the velocity of the particles, Figure 1.1e. 

1

0005410580.INDD   1 12-11-2023   12:12:53

CO
PYRIG

HTED
 M

ATERIA
L



Getting Started2

Table 1.1  Ultrasound properties of common materials and tissue.

Material Speed of sound c (m/s)
Acoustic impedance Z 
(MRayl) Density, ρ (103 kg/m3)

Attenuation coefficient 
at 1 MHz (dB/cm)

Air 330 0.0004 0.0012 1.2

Blood 1570 1.61 1.026 0.2

Lung 697 0.31 0.45 1.6– 4.8

Fat 1450 1.38 0.95 0.6

Liver 1550 1.65 1.06 0.9

Muscle 1590 1.70 1.07 1.5– 3.5

Bone 4000 7.80 1.95 13

Soft tissue (mean) 1540 1.63 – 0.6

Water 1480 1.48 1 0.002

Particle velocity should not be confused with the speed of 
sound. The ultrasound wave travels, while the particles oscillate 
around their original position. The particle velocity is relatively 
small in comparison to the speed of sound in the medium.

Speed of Sound, Frequency, and Wavelength

A propagating ultrasound wave can be characterised by its 
speed, frequency, and wavelength. Similar to other types of 
waves, the speed of propagation of an ultrasound wave is 
determined by the medium it is travelling in. Propagation 
speed is usually referred to as the speed of sound, denoted 
by ‘c’, and it is a function of the density, ‘ρ’, and stiffness, ‘k’, 
of the medium, as shown in Equation 1.1:

 c k  (1.1)

Tissue with low density and high stiffness has a high 
speed of sound, whereas high density and low stiffness lead 
to low speed of sound. See Table  1.1 for speed of sound 
values in different tissue types and materials [2, 3].

In addition to speed of sound, the frequency, ‘f ’, and the 
wavelength, ‘λ’, of the ultrasound wave are crucial param-
eters for medical ultrasound imaging. The frequency of a 
wave is the reciprocal of the time duration of a single oscil-
lation cycle of the wave and carries a unit of Hz. The wave-
length is the length of a single cycle of the wave and is 
linked to frequency and speed of sound, as in Equation 1.2:

 c
f

 (1.2)

In short, frequency has the timing information about the 
wave for a given space, and wavelength has the spatial 
(relating to physical space) information about the wave at a 
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Figure 1.1  (a–e) Longitudinal wave propagation using a simplified physical model depicted graphically. A detailed explanation is in 
the text above.
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given time. Ultrasound image resolution is related to 
 frequency/wavelength and is usually better at higher fre-
quencies and shorter wavelengths. At a given  ultrasound 
imaging frequency, the wavelength changes proportionally 
with the speed of sound. For medical ultrasound imaging, 
the speed of sound is usually assumed to be constant for 
the tissue and in order to change the image resolution, one 
needs to change the imaging frequency. For example, for 
an average speed of sound in soft tissues of 1540 m/s, the 
wavelength is 0.77 mm at 2 MHz and 0.154 mm at 10 MHz.

Acoustic Impedance

Acoustic impedance is the effective resistance of a 
medium to the applied acoustic pressure. For example, 
the particle velocity in soft tissue will be higher than the 
particle velocity in bone for the same applied pressure 
due to the difference in their acoustic impedance (see 
Table 1.1). The acoustic impedance, ‘Z’, of a material is 
determined by its density and stiffness values, as shown 
in Equation 1.3:

 Z k  (1.3)

 Physical Processes That Affect 
Ultrasound Waves

Reflection

When an ultrasound wave travelling through a medium 
reaches an interface of another medium with a different 
acoustic impedance, some portion of the ultrasound wave is 
reflected, as shown in Figures 1.2 and 1.3. The amplitudes 

of the transmitted and reflected ultrasound waves depend 
on the difference between the acoustic impedances of both 
media, see Figure 1.3. This can be formulated as the reflec-
tion coefficient, shown in Equation 1.4:

 R
Z Z
Z Z

2 1

2 1
 (1.4)

The interfaces with higher reflection coefficients appear 
brighter on an ultrasound B- mode image, since a large por-
tion of the ultrasound wave is reflected back. Reflection 
coefficients at some common interfaces are shown in 
Table 1.2.

It should be remembered that the underlying model for 
the equation of the reflection coefficient is based on specu-
lar reflection, which means a reflection from a perfectly flat 
surface or an interface.

In reality, the reflection of ultrasound waves can be con-
sidered either specular or diffuse (https://radiologykey.
com/physics- of- ultrasound- 2). When the ultrasound waves 
encounter a large smooth surface such as bone, the reflected 
echoes have relatively uniform direction. This is a type of 
specular reflection, as shown on the left of Figure 1.2. When 
the ultrasound waves reflect from a soft tissue interface, 
such as fat–liver, the reflected echoes can propagate towards 
different directions. This is a type of diffuse reflection, as 
shown on the right of Figure 1.2.

Refraction

Refraction is the bending of a wave when it enters a medium 
with a different speed. It is commonly observed with all 
types of waves. For example, when looked from above, a 
spoon appears to be bent in a glass full of water. The reason 
for this is that the light emerging from the water is refracted 

Incident
Wave

Incident
Wave

Echo

Echo

Diffuse ReflectorFlat Reflector

Figure 1.2  Specular (left) and diffuse (right) reflection.
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away from the normal, causing the apparent position of the 
spoon to be displaced from its real position, due to the differ-
ence in the speed of light in water and in air.

Refraction of ultrasound waves occurs at boundaries 
between different types of tissue (different speeds of 
sound), as shown in Figure 1.3. In ultrasound imaging, this 
can cause displacement of the target from its true relative 
position. If the speed of sound is the same in both media, 
then the transmitted ultrasound wave carries on in the 
same direction as the incident wave.

Scattering

Human tissue has inhomogeneities. When these inhomo-
geneities are much smaller than the wavelength, then the 
ultrasound wave is scattered in many directions, as shown 
in Figure 1.3. Most of the ultrasound wave travels forward 
and a certain portion of the wave’s energy is redirected in a 
direction other than the principal direction of propagation. 
Scattering reduces the amplitude of the initial propagating 
ultrasound wave, but the lost energy due to scattering is not 
converted to heat.

Scattering plays an important role in blood velocity 
 estimation. Blood cells (e.g. erythrocytes are 6–8 μm) are 
usually much smaller than ultrasound imaging wave-
lengths (>100 μm). Therefore, blood does not reflect but 
scatter the ultrasound waves.

Absorption

Ultrasound waves are pressure waves. They change the 
local density by compression and rarefaction, where not all 
adjacent particles move together. When particles are mov-
ing towards each other they experience friction. In medical 
imaging, this friction is caused by the viscoelastic behav-
iour of human soft tissue, which is effectively the resist-
ance against the motion.

When the local compression generated by the ultrasound 
waves are resisted by the friction of the soft tissue, heat is 
generated. In other words, there will be tiny differences in 
temperature between regions of compression and rarefac-
tion. Tissue will conduct heat from the higher- temperature 
region to the lower. This overall process will result in a bulk 
rise in temperature of the tissue due to viscous losses. 
Consequently, the energy of the travelling ultrasound 
waves will be lost after propagation.

Attenuation

Attenuation means a reduction in the amplitude of ultra-
sound waves. In ultrasound imaging, attenuation of the 
transmitted waves is usually as a result of absorption, but 
other physical processes also attenuate the waves, such as 
reflection, refraction, scattering, and diffraction. The 
amount of attenuation is usually expressed in terms of the 
attenuation coefficient, as shown in Table 1.1.

Skin Skin

Incident Wave

(a) (b)

Reflected Wave

Refracted Wave

θi θr
Tissue A

Tissue B

(Acoustic Impedance Z1)

(Acoustic Impedance Z2)

Incident Wave

Scattered Waves

Forward Wave

Small inhomogeneity

Tissue

Figure 1.3  (a) Reflected, refracted, and (b) scattered waves.

Table 1.2  Reflection coefficients at some common interfaces.

Interface R

Liver–air 0.9995

Liver–lung 0.684

Liver–bone 0.651

Liver–fat 0.089

Liver–muscle 0.0149

Liver–blood 0.0123
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The most important practical implication of attenuation 
is that it is hard to achieve good resolution in deep tissue. 
The image spatial resolution is better at higher ultrasound 
frequencies. However, the attenuation in tissue is also 
higher at higher frequencies. Over a given distance, higher- 
frequency sound waves have more attenuation than lower- 
frequency waves. This results in a natural trade- off 
between image resolution (frequency) and imaging depth 
(penetration). The functionalities to increase the signal 
amplification with depth in all ultrasound systems, known 
as time gain compensation (TGC), can, to a limited extent, 
recover weak signals in deep tissues.

 Ultrasound Transducers

A transducer is a device that converts one type of energy into 
another. An ultrasound transducer generates ultrasound waves 
by converting electrical energy into mechanical energy. 
Conversely, an ultrasound transducer can convert mechani-
cal energy into electrical energy. This duality is particularly 
useful for imaging applications, where the same ultrasound 
transducer can generate ultrasound waves and also sense the 
reflected echoes from the human body. Inside all ultrasound 
imaging probes there are transducer elements that convert 
electrical signals into ultrasound and, conversely, ultrasonic 
waves into electrical signals. There are several different 
methods to fabricate an ultrasound transducer. In this sec-
tion, we will only explain the piezoelectric materials, which 
are used in most ultrasound probes.

Piezoelectric Effect

In precise terms, piezoelectric materials work with the prin-
ciple of piezoelectric effect, which is the induction of an 
 electric charge in response to an applied mechanical strain. 
The piezoelectric effect explains how ultrasound sensors can 

detect pressure changes. This effect may be reversed, and the 
piezoelectric material can be used to generate pressure waves 
by applying an electric field.

Ultrasound waves can be generated by applying an alter-
nating current (AC) with a frequency closer to the working 
frequency of the transducer. The AC voltage produces 
expansions and contractions of the piezoelectric material, 
which eventually create the compression and rarefaction 
phases of the ultrasound waves, as shown in Figure  1.4. 
Usually the displacement on the surface of the piezoelectric 
material is proportional to the applied voltage. When pres-
sure is applied to the piezoelectric material, it produces 
voltage proportional to the pressure.

Resonance Frequency
The frequency at which the transducer is most efficient is 
the resonance frequency. The transducer is also the most 
sensitive as a receiver at its resonance. If the applied volt-
age is at the resonance frequency of the transducer, it gen-
erates ultrasound waves with the highest amplitude, as 
shown in Figure 1.5.

The thickness and shape of the piezoelectric material 
determine the resonance frequency of the ultrasound 
transducer. The same piezoelectric material can be cut and 
shaped in different sizes to produce transducers working at 
different frequencies.

Transducer Bandwidth
Bandwidth is the range of frequencies at which the trans-
ducer can operate without significant loss. Piezoelectric 
materials are resonant systems that work well only at the 
resonance frequency, but this is not ideal for imaging appli-
cations. Imaging applications require a transducer that can 
work at a range of frequencies. For this reason, manufac-
turers apply damping to reduce the resonance behaviour.

Figure 1.6 shows the response of a resonant and a highly 
damped transducer. The undamped transducer has unwanted 

Piezoelectric Material

Voltage

time

time

Thickness

Figure 1.4  Changes in voltage across both sides of the piezoelectric material causes changes in the thickness.

0005410580.INDD   5 12-11-2023   12:13:02



Getting Started6

Resonant Transducer

Damped Transducer
small pulse

large pulse

short duration

long duration

1

(a)

(b)

0

A
m

pl
itu

de
A

m
pl

itu
de

–1

1

0

–1

0 0.2 0.4 0.6

Time

0.8 1

0 0.2 0.4 0.6 0.8 1

Amplitude

frequency

No damping

Resonant
frequency

Medium damping
Heavy damping

Figure  1.6  Response of a highly resonant trans-
ducer and damped transducer to a short electrical 
pulse. (a) Transducer response measured as a 
 function of time. (b) The corresponding frequency 
response.

ringing even after the electrical signal stops. This long- 
duration response of the transducer is not ideal for imaging. 
A good imaging pulse has a short duration in time, so it can 
be used to determine objects close to each other. A short 
pulse contains a range of frequencies and is better accommo-
dated by a transducer with wide bandwidth, such as the 
damped transducer shown in Figure 1.6.

Single- Element Transducer

Single- element ultrasound transducers are fabricated by 
using one plate of piezoelectric material, as illustrated in 
Figure 1.7. A thin plate of piezoelectric material (shown in 
dark blue) is coated on both sides with a conductive layer, 

forming electrodes. Both electrodes are bonded to electrical 
leads that are connected to an external system to transmit 
or receive ultrasound waves. The front electrode is usually 
connected to the metallic case of the transducer and the 
electrical ground for safety. The back electrode is the elec-
trically active lead. In order to transmit an ultrasound 
wave, an oscillating voltage is applied to the electrodes. 
A matching layer is specifically designed for a target appli-
cation, such as imaging the human body, and it increases 
the coupling efficiency of the transducer to the body. An 
acoustic lens may be placed in front of the matching layer 
to create a weak focal zone. This is particularly useful for 
small (small in comparison to the operating wavelength) 
transducers that diverge ultrasound waves outside the 
imaging region. The backing layer is specifically designed 
to absorb unwanted internal reverberations. It effectively 
dampens the resonance behaviour of the piezoelectric 
material and increases its bandwidth.

Imaging with a Single Element
A single- element transducer can act as a transmitter and 
also as a receiver. This makes it possible to measure the 
elapsed time between the transmission of an ultrasound 
pulse and the reception of its echo from a reflecting or scat-
tering target. If the speed of sound in the medium is 
known, then the distance to the source of the echo can be 

Amplitude

frequencyResonant
frequency

Figure  1.5  Resonance behaviour of piezoelectric ultrasound 
transducers.
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calculated. After a single measurement, the depth and the 
amplitude of the echo, which are related to the ultrasonic 
properties of the target, can be calculated.

This measurement method is usually called a pulse–echo 
method or an A- scan. It is possible to generate an image by 
moving the transducer element and performing several 
A- scan measurements. However, this is not practical for 
imaging, since it requires a mechanical motion and knowl-
edge of the exact transducer location in order to precisely 
combine the A- scan measurements. The mechanical scan-
ning method is slower than the electronic scanning 
method, which will be explained in the next section.

Array Transducers and Transmit Beamforming

Most clinical ultrasound imaging probes consist of an array 
of transducer elements. Arrays provide flexibility as the 
transmitted ultrasound beam can be changed on the fly, 
which is not possible with solid apertures or single- element 
transducers. The array transducers usually have hundreds 
of elements with a single front electrode connecting all ele-
ments together to the electrical ground. This is important 

for safety and also reduces fabrication complexity. Each 
element has individual electrodes at the rear, and these are 
connected to the imaging system with a separate cable, as 
shown in Figure  1.8. The ultrasound system can control 
each element individually during the transmit and receive 
cycles. By controlling the timing of transmission in each 
element, the ultrasound beam can be focused or steered 
electronically at different depths and directions in so- called 
transmit beamforming.

Line- by- Line Scan
The most common ultrasound imaging method is line- by- 
line image formation. In this method, the ultrasound 
energy is focused into a long and narrow region, as illus-
trated by the arrows in Figure 1.9 for different type of imag-
ing probes. The received echoes from each transmission 
form a single line in the ultrasound image. After complet-
ing a transmit–receive sequence, the scan line is moved to 
the next position. The repositioning of the scan line is 
achieved electronically by controlling the timing of trans-
ducer elements. Electronically scanned arrays do not have 
any moving parts compared to mechanically scanned solid 
apertures, which are slow and require maintenance. It 
should be noted that the ‘image line’ is in reality a 
3D  volume, as shown in Figure 1.9d, narrower at the focal 
plane and wider elsewhere.

 Ultrasound Image Formation

The transmitted ultrasound waves propagate through tis-
sue and are reflected and scattered from tissue boundaries 
and small inhomogeneities wherever there is an acoustic 
impedance mismatch. A portion of these reflected and 
scattered ultrasound waves travels back to the transducer 
and is then converted to electrical signals by the transducer 
elements. Each element on the transducer provides a dis-
tinct electrical signal where the timing of each signal 
accommodates the distance information. Signals from each 
element are normally called channel signal. All channel 

Piezoelectric
material

Back electrode Front electrode

Acoustic
lens

Matching
layer

Electrical

connections

to electrodes

Backing layer
(dampening)

Figure 1.7  An ultrasound transducer’s internal architecture.

1 common ground connection
(front electrode)

128 connections from each
element (rear electrodes)

Backing
layer

128 piezoelectric
elements

Matching
layer

Ultrasound Probe

Figure 1.8  Schematic of an array transducer.

0005410580.INDD   7 12-11-2023   12:13:07



Getting Started8

signals are processed to reconstruct the images in different 
imaging modes with three main steps, pre- processing to 
amplify signals and remove noises, receive beamforming to 
reconstruct the image, and post- processing to enhance the 
image quality.

Pre- processing and Receive Beamforming

Pre- processing
Pre- processing is to enhance the received signals and remove 
noises for each channel signal before the receive beamform-
ing. The first step is to amplify the received channel signals, 
as their amplitudes are generally too small to be processed 
directly by a beamformer. Besides the signal pre- amplifiers, 
to which users do not have access, there are two types of 
amplifiers that can be controlled by users: an overall ampli-
fier and a TGC (Figure 1.10). The overall amplifier enhances 
the received signals as a whole, regardless of where these 

signals are originating from, while the TGC amplifies the 
signals based on the arrival time to have later- arriving sig-
nals from deeper regions being amplified more as they are 
more attenuated. Although these user- controlled amplifiers 
are to enhance the received signals, they also amplify the 
noise. To ensure a sufficient signal- to- noise ratio (SNR), a 
certain level of transmission power is required.

Band pass and other filters may also be used after the 
amplifications to remove some electrical noise in the sig-
nals. Signals received at each channel are analogue signals, 
which vary continuously. The beamforming and all post- 
processing in modern scanners are done in digital form. 
Therefore, analogue- to- digital conversion (ADC) is always 
required for digital processing.

Delay- and- Sum Receive Beamforming
In receive beamforming, the echoes received from all trans-
ducer elements are realigned in time through pre- 
determined time delays, so that only the echoes originating 
from the same spatial locations (pixels) are summed. In 
clinical ultrasound scanners, the images in all modes are 
typically formed with line- by- line transmitting and receiv-
ing, so signals from each transducer element are realigned 
to focus at specified depth(s) for each scanning line after 
the ADC. The realignment is done by compensating for the 
arriving delay time, which is determined by the path length 
between the specified depth and the individual elements, 
as shown in Figure 1.11. Then the realigned signals corre-
sponding to a certain spatial location (pixel) are summed. 
This beamforming method is called delay- and- sum (DAS). 
In order for every pixel, or depth along the scan line, to be 
in focus in the reconstructed image, the delays to arrival 
time in DAS need to be adjusted dynamically to achieve 

TGC
controls

Figure  1.10  The typical time gain compensation (TGC) slide 
controls for different gains at different depths.

Scanning lines

(a) (b) (c) (d)

Scanning lines

Focal zone

Single scanning line

Active elements
Passive elements

Linear Array Probe Curved Array Probe Phased Array Probe Single Imaging Line

Figure 1.9  The line- by- line scanning approach is illustrated for different types of ultrasound probes used for liver scans. (a) Linear 
array. (b) Curvilinear array. (c) Phased array. (d) An imaging line.
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continuous advancement of the focusing depth and have 
what it is called ‘dynamic focusing in reception’.

Most ultrasound imaging modes, including B- mode 
ultrasound, Doppler ultrasound, and elastography, need to 
have the pre- processing and line- by- line receive beam-
forming procedure before the image display. The differ-
ences among those imaging modes start from 
post- processing after line- by- line beamforming, which will 
be explained in the following sections.

B- Mode Ultrasound

B- mode ultrasound in this chapter (B stands for bright-
ness) refers to virtualising the tissue structures based on 
the brightness of received signals. According to the fre-
quency components of the received signals selected for 
B- mode imaging, there is fundamental frequency imaging 
or harmonic imaging.

When an acoustic wave propagates in the human body, 
in addition to the attenuation of its amplitude, its initial 
shape and frequency compositions can also be gradually 
altered by the tissue as it propagates, a phenomenon called 
non- linear propagation. This is due to the fact that the local 
tissue density does not respond entirely proportionally to 
the local ultrasound compression or rarefaction pressure, 
especially at high acoustic pressures. Consequently, the 
propagating wave, as well as the received signals, not only 
has the same frequency components as the transmitted 
pulse (called fundamental frequency), but also harmonic 
frequencies, which are multiples of the transmitted fre-
quencies. This distortion tends to occur when the transmit-
ted pulse has high pressure or when there are ultrasound 
contrast media along the propagation path.

The different frequency components of the received sig-
nals have different characteristics, and the choice of which 
component to use forms the basis of the two imaging 

approaches, fundamental frequency imaging and  harmonic 
imaging. Image reconstruction in both categories is to be 
explained in this section.

Fundamental Frequency B- Mode Imaging
This imaging approach assumes that the higher harmonic 
frequencies in the received signals can be discarded and 
only considers the fundamental frequency components. 
After the DAS beamforming, the summed signal is still in 
the radio frequency (RF) domain, oscillating at the trans-
mitted frequency when non- linear propagation is ignored. 
This RF signal can be described as a modulated sinusoidal 
signal, which has the amplitude and phase information. In 
B- mode imaging, it is the amplitude information that 
determines the brightness of the image; the phase informa-
tion is normally discarded. A procedure called amplitude 
demodulation is applied to extract this envelope informa-
tion by removing the oscillating carrier frequency, as 
shown in Figure 1.12. Envelopes from each scanning line 
will be used to form a two- dimensional B- mode image.

Harmonic Imaging
In harmonic imaging, signals at the transmitted funda-
mental frequency are removed from the beamformed RF 
signal, and only the harmonic components are selected for 
extracting the envelope information and forming B- mode 
images. This is typically done by filtering out the funda-
mental components with a bandpass filter. One of the 
advantages of using harmonic components is that the 
beam width in the lateral direction is narrower than that of 
the fundamental components (Figure  1.13), which will 
give better lateral resolution, as explained in the next sec-
tion. After removing the fundamental frequency compo-
nents, amplitude demodulation is also needed to extract 
envelopes from harmonic components in each scanning 
line to form the 2D image.

Summed
signal

Sum
Align
the

signals

Signals
in phase

Signals out
of phase

Active
elements

Echo source
at specific

depth

Figure 1.11  The delay- and- sum receive beamforming method for obtaining the in- phase summation of signals from individual active 
elements at a specific focusing depth. ‘Dynamic focusing’ means the delays need to be calculated for multiple depths.
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Figure 1.13  Computed harmonic beam profiles in 
the focal plane of a 2.25 MHz transducer, where lat-
eral resolution is much improved with harmonic 
imaging. Source: Reproduced by permission from 
Duck, F.A., Baker, A.C., Starritt, H.C. (eds) (1998) 
Ultrasound in Medicine, Boca Raton, FL: CRC Press.

Image Resolutions
When evaluating the performance of an imaging system, 
the user should consider three different resolutions: tem-
poral resolution, spatial resolution, and contrast resolu-
tion. The temporal resolution is to measure how many 
image frames can be reconstructed per second (fps). High 
temporal resolution is required to capture the fast- moving 
objects in the tissue, such as the moving heart and 
blood flow.

Spatial resolution is to evaluate the ability of an imaging 
system to distinguish the two closest points in a 3D object 
space. It includes the spatial resolution in the axial direc-
tion, lateral direction, and elevational direction in the 
ultrasound imaging coordinates (Figure  1.14). Spatial 

 resolution in the axial direction is determined by the 
length of the transmitted pulse (Figure  1.12), which in 
turn is determined by the central frequency of the trans-
mission and the bandwidth of the system. In the lateral 
direction, the resolution is related to the lateral beam 
width (Figure 1.12) and depends on the size of the trans-
ducer aperture and the imaging depth; it is typically 
between one and two wavelengths of the transmitted 
waves. In the elevational direction, the resolution is deter-
mined by the thickness of the scan plane, also called slice 
thickness, which varies with depth. Most transducers have 
a fixed focusing depth in the elevational direction, 
achieved by a cylindrical acoustic lens attached to the 
transducer face. Even with the lens focusing, the slice 

pulse length

beam
width

scanning
line

(a)

(b)

(c)

Figure  1.12  A pulsed ultrasound beam to image 
two point sources along one scanning line shown on 
the left. (a) The beamformed radio frequency signal. 
(b) Amplitude modulation applied to get the enve-
lope of the two point sources. (c) The extracted enve-
lope on this scanning line for the image display. 
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thickness is generally larger than the beam width in the 
lateral direction.

Contrast resolution defines the ability to differentiate 
an area of tissue from its surroundings. This ability is 
important in ultrasound diagnosis, since it can help iden-
tify different organs and monitor pathological change. 
Compared to magnetic resonance imaging (MRI), ultra-
sound imaging has relatively less contrast resolution due 
to the similar echogenicity of different soft tissues in 
the body.

Image Display
Before displaying the image on the screen, it is necessary to 
compress the signals into a certain dynamic range. This is 
because the reflected intensity from different tissues 
spreads over a large range. If all these intensities were dis-
played on the screen in a linear scale, the weak echoes scat-
tered from most soft tissues would be dark in the image, 
and only the echoes from large surfaces/interfaces would 
stand out. To address this issue, the large- range intensity 
values of echoes are compressed to simultaneously display 
strong echoes from, for instance, organ interfaces and weak 
signals from within soft tissues. This compression process 
is normally a non- linear procedure such as logarithm com-
pression, which amplifies the weak echoes more than it 
does the large echoes. In commercial ultrasound scanners, 
the non- linear compression curve can be adjusted to have a 
different dynamic range for the final image display.

After compression, the image can be displayed on the 
screen for diagnosis. From ultrasound transmission to final 
display the whole process can be in real time. Modern com-
mercial systems may also use some advanced filters to 
reduce the speckle effect in the image or further smooth 
the image for an improved visual display.

Doppler Ultrasound

Medical Doppler ultrasound uses ultrasonic waves for 
measuring blood flow in the cardiovascular system as 
well as tissue motion. It has been widely used in clinical 
practice; its high temporal resolution and real- time imag-
ing make it a unique modality for blood flow measure-
ments. Over the past 50 years, most Doppler systems may 
be categorised as the continuous wave (CW) Doppler sys-
tem and the pulsed wave (PW) Doppler system. The two 
types of system have their own advantages, but PW sys-
tems are more commonly used in modern scanners. In 
Doppler ultrasound, ultrasonic waves are transmitted 
through a transducer and are scattered by the moving red 
blood cells and then received by the same aperture (in a 
PW system) or a separate one (in a CW system) for extract-
ing the blood flow velocities with signal processing algo-
rithms. Both CW and PW systems are based on the 
Doppler effect for the estimation of blood flow or tissue 
motion velocities.

Doppler Effect
The Doppler effect refers to the shift in the observed fre-
quency of a wave as a result of motion from the wave 
source or from the observer. In ultrasound flow imaging 
the ultrasound transducer, which is fixed in one position, 
transmits a sound wave at a frequency of ft and this sound 
wave will hit blood cells; meanwhile the blood cells are 
moving at a velocity of v. The frequency fr of the sound 
wave scattered by blood cells and received by the trans-
ducer will have the relation shown in Equation 1.5:

 f f v
cd t

2  (1.5)

If the blood flow is static, the received wave and trans-
mitted wave have the same frequency, so the Doppler 
frequency shift will be zero (Figure 1.15). The received 
wave will have a higher frequency than the transmitted 
wave if the blood cells are moving towards the trans-
ducer, producing a positive Doppler frequency shift, 
and vice versa. When there is an angle θ between the 
direction of the moving blood cells and the ultrasonic 
sound wave beam direction, a triangular relation needs 
to be considered, giving the final Doppler frequency in 
Equation 1.6:

Transducer

Elevational (y)

lateral (x)

Imaging
plane

Axial (z)

Figure  1.14  The conventional coordinate system in an ultra-
sound imaging system. 
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 f f
vcos

cd t
2

 (1.6)

From this relation, it is clear that the angle between the 
transmitted sound beam and the flow must be smaller than 
90° to generate a shift in frequency. To avoid a 90° beam 
incident, the transmitted beam sometimes is intentionally 
steered to have a small angle to the vessel wall. From 
Equation 1.6, it can also be seen that a typical blood veloc-
ity of 1 m/s will only produce a Doppler frequency of about 
6.4 kHz when the transmitted frequency is 5 MHz, which is 
a very small fraction of the transmitted frequency 
(about 0.1%).

Flow Measurement and Imaging Using Doppler
There are different types of clinical Doppler techniques, 
depending on the way ultrasound waves are transmitted 
and echo data processed. CW Doppler transmits a constant 
wave with one transducer (or a group of transducer ele-
ments) and receives with another, while PW Doppler uses 
the same transducer element(s) for both transmission and 
reception.

Once the echo signals are received they need to be pro-
cessed to extract the blood flow information. While some 
processing is different between the Doppler techniques, 
the processing steps in common include demodulation and 
tissue clutter filtering. The demodulation is to remove the 
transmitted carrier frequency in the RF signal so that only 
the frequency changes caused by motions are kept. This 
procedure is similar to that in B- mode imaging, but in 
Doppler imaging the phase information also needs to be 
extracted. In practice, motions of the tissue within the path 
of the ultrasound beam, which could be introduced by pul-
satile flow in blood vessels and the pumping heart or 
breathing, also generate Doppler signals together with the 
moving blood. Doppler signals caused by tissue motions 
need to be removed to have an unbiased estimation of 
blood flow velocities. Typically, signals from moving tis-
sues have about 40 dB (100 times) higher amplitude than 

signals from moving blood cells. In contrast, the Doppler 
frequency components arising from tissue motions are 
lower than those from moving blood cells, as blood cells 
can move at a velocity as high as a few metres per second 
(up to ~5 m/s), while even the myocardium and the heart 
valves normally move at a speed of less than 0.1 m/s. The 
differences in frequency between Doppler signals from 
moving blood cells and moving tissues make it possible to 
separate them. Clutter in Doppler ultrasound refers to tis-
sue signals that interfere with the detection of moving 
blood cells, and can be filtered out by a high- pass filter in 
the frequency domain. This is also called a ‘wall filter’, 
although it is not limited to removing signals coming from 
the moving vessel walls. The hypothesis is that clutter has 
lower- frequency components, so a high- pass filter in the 
frequency domain can remove the clutter by choosing the 
right frequency threshold. This frequency filter will remove 
any signals below that threshold, meaning signals from 
slow- moving blood cells are also cut off altogether. In mod-
ern ultrasound scanners, the cut- off threshold can be 
adjusted by the user depending on different clinical 
applications.

Continuous Wave Doppler System
In a CW system, ultrasound waves are continuously trans-
mitted by one set of elements in the transducer and received 
continuously by a separate set of elements, as shown in 
Figure 1.16. The biggest disadvantage of the CW system is 
that it does not provide specific depth information about 
where the blood flow is being measured. The measure-
ments are made within the whole sensitive region, which is 
the overlap region of the transmitted and received beams 
(Figure 1.16), and depends on the positions of transmitting 
and receiving apertures and the transmitting beam steering 
angle. The CW system is still commonly used in clinical 
practice, as it has the advantage of being able to measure 
blood flow with very high velocity.

After demodulation and clutter filtering, what remains 
are the Doppler signals arising from the moving blood cells 
from within the sensitive region, as shown in Figure 1.16. 
The next step is to estimate the frequency components, 
which are related to the blood flow velocities. In the CW 

Transmit beam

Receive beam

Sensitive region

Transducer

Figure 1.16  Continuous wave Doppler system. 
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Figure 1.15  Doppler effect occurring due to blood cell motion. 
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system, the estimator used is called fast Fourier transform 
(FFT), which takes a segment of 5–20 ms of the Doppler 
signal samples to generate one frequency spectrum. 
Frequency components in this spectrum are converted into 
velocities according to Equation 1.6. A series of FFTs need 
to be done to process all the received signals for a real- time 
display.

The flow velocity display in a CW system is called a sono-
gram, as shown in Figure 1.17. In a sonogram, the horizon-
tal axis represents the time and the estimated velocity is 
shown along the vertical axis. Each column of the sono-
gram is one spectrum estimated by the FFT estimator. The 
brightness of each pixel in the sonogram relates to the 
number of blood cells travelling at a particular velocity 
within the sensitive region. The horizontal baseline corre-
sponds to zero velocity, which is the defining line for posi-
tive and negative flow with regard to the transducer. 
Normally, it is designed to have positive velocity (blood 
moving towards the transducer) locate above this baseline 
and negative velocity (blood moving away from the trans-
ducer) below the baseline. This convention can be changed 
by the operator in the scanner’s settings. The Doppler shift 
frequency in medical imaging is generally within the audi-
ble range so that it can also be played by a speaker for clini-
cians to listen to.

Pulsed Wave Doppler System
In a PW system, pulsed waves are transmitted and the same 
transducer can be used both for transmission and recep-
tion. A PW system is shown in Figure 1.18.

The advantage of PW Doppler is that both the depth and 
size of the region of interest for acquiring Doppler signals 
(also called sample volume or range gate) are known, and 
can be adjusted manually by the operator on the screen of 
the scanner in real time. The transmitting time of each pulse 
can be used as a reference to retrieve the depth information 
of the received signal by assuming that the speed of sound in 
tissue is constant and known. There are three different 

Doppler imaging modes that are based on the PW system: 
spectral Doppler, colour Doppler, and power Doppler.

Spectral Doppler
Spectral Doppler in the PW system is very similar to CW 
Doppler in terms of signal processing in demodulation, 
clutter filtering, frequency estimation, and display, making 
them indistinguishable to some degree. The only difference 
is that the signal is not received continuously but in a 
pulsed way. It is also this difference that allows the opera-
tor to adjust the sensitive region (depth and length of the 
range gate) in PW spectral Doppler, and a velocity sono-
gram can be displayed in real time. The ability to have these 
real- time adjustments and the availability of quantitative 
velocity information makes spectral Doppler one of the 
most common Doppler techniques in clinical practice. The 
disadvantage of a PW system compared to a CW system is 
that it has an aliasing problem when the blood flow to be 
measured is moving at high speed. This issue will be 
explained later.

In PW spectral Doppler, samples within the echoes cor-
responding to consecutive pulses originating from the cho-
sen depth are combined in sequence to form a sampled 
Doppler signal. Then the same processing as in CW Doppler 
is applied to generate spectra for sonogram display 
(Figure 1.17). The chosen depth in the sampling procedure 
corresponds to a fixed spatial position, and it is adjustable 
by the user.

The sampling procedure in pulsed signals could cause 
aliasing when the blood flow is moving at high speed. This 
is similar to that in sampling theory, where a higher sam-
pling rate is required to keep the higher- frequency compo-
nents in a signal (the Nyquist theorem). In the PW system, 
each received pulse provides the Doppler signal with one 
sample. Blood flow moving at high speed will generate 
high- frequency components in the Doppler signal, as 
explained in Equation 1.5, meaning that a higher sampling 
frequency is required to avoid aliasing. The sampling rate 
in the PW system is the pulse repetition frequency (PRF) of 
the system, which is limited by the speed of sound for a 
specific imaging depth. According to the Nyquist rule, the 
PRF must be at least twice as high as the maximum Doppler 
shift frequency component.
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Figure  1.17  A sonogram of continuous wave Doppler and 
pulsed wave spectral Doppler.
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Figure 1.18  Pulsed wave spectral Doppler system. 

0005410580.INDD   13 12-11-2023   12:13:26



Getting Started14

According to Equation 1.5, the Doppler shift frequency is 
6.4 kHz when the blood cells move at 1 m/s and the transmit-
ted frequency is 5 MHz, so the PRF must be more than 
12.8 kHz. It is difficult to achieve such a high PRF for a PW 
system, as it is always interleaved with B- mode and/or colour 
Doppler to obtain a duplex or triplex mode in clinical prac-
tice. One way to mitigate this issue is to use a lower transmit-
ted frequency to have a proportionally lower Doppler shift 
frequency under the same blood velocity. This is the reason 
the transmitted frequency in PW spectral Doppler is nor-
mally lower than 5 MHz, to avoid aliasing for high- speed 
blood flow applications. Another way is to adjust the base-
line in the sonogram to give a larger range in the direction 
(positive or negative) where the flow velocity is larger.

Colour Doppler
Spectral Doppler can only measure the blood flow velocities 
from within a range gate. It is not able to cover a larger region 
of interest, although it allows the user to adjust the location of 
the range gate. Colour Doppler is for a 2D blood velocity visu-
alisation, and it always works together with B- mode imaging 
to have the colour- coded velocity map superimposed on the 
B- mode image. In most modern scanners, it is also possible to 
combine anatomical B- mode image, spectral Doppler sono-
gram, and colour- coded velocity map into one image on the 
scanner’s screen, as shown in Figure  1.19. This is possible 
because all these three modes are based on pulsed wave 
transmitting and receiving, so interleaving strategies can 
be designed to allow them to work in a dedicated sequence.

In CW Doppler and spectral Doppler, there is only one 
received ultrasound beam to estimate the flow velocity 
along one scanning line. In colour Doppler, a series of 
beams sweeping along the transducer’s element array are 
transmitted and received, forming an 2D region of interest 

in a similar way as is done in standard B- mode imaging. 
Each of these beams is transmitted and received in the same 
way as in spectral Doppler, but it contains multiple adjacent 
range gates along its scanning line rather than only one 
range gate. Within each range rate, it is the mean velocity 
component (instead of a spectrum in CW or PW Doppler) 
along the beam direction that is being estimated in colour 
Doppler. The same demodulation and clutter filtering are 
done here as in CW Doppler and spectral Doppler. In princi-
ple, the mean velocity in each range gate can also be derived 
by FFT of the demodulated Doppler signal to the frequency 
domain, followed by extracting the mean frequency shift in 
the spectrum. However, this is not how it is done in most 
commercial scanners, since this method would take too 
much time to have a 2D mean velocity map in real time.

Instead, an autocorrelation estimator is adopted in col-
our Doppler, which can directly obtain the mean flow 
velocity through estimating the mean ‘phase shift’ at each 
location with an ensemble of consecutive received echoes. 
The number of pulses required along each scanning line is 
important for the estimation. Typically over 10 pulses per 
scan line are necessary for an acceptable mean velocity 
estimation, especially for low- level velocities. This means 
the frame rate in colour Doppler will be reduced by 
≥10 times compared with B- mode imaging. The compro-
mise between the frame rate and the quality of velocity 
estimation in colour Doppler presents challenges in deal-
ing with fast flow while maintaining the real- time imaging 
frame rate. Two measures can be taken to increase the 
frame rate in colour Doppler without compromising veloc-
ity estimation. The first one is to restrict the imaging field 
of view by defining a colour box, and only estimating the 
colour- coded velocities within the colour box. The size and 
position of this colour box can be adjusted by the user. In 
this way, the number of scanning lines is reduced to only 
fill up the colour box, and each scanning line does not need 
to cover the whole depth on the B- mode image. The second 
method could be to have a lower line density, meaning less 
time needed for each imaging frame. A typical colour box is 
given in Figure  1.19. Normally in colour Doppler, red is 
used to represent the blood flow moving towards the trans-
ducer and blue for the flow moving in the opposite direc-
tion, but this can be changed by the user in the settings.

Power Doppler
Most of the basics discussed in colour Doppler remain the 
same in power Doppler, except that power Doppler dis-
plays the power of the blood flow signals, a measure of the 
amount of blood cells, instead of the mean flow velocity of 
the blood cells as in colour Doppler. The calculated signal 
power is proportional to the square of the amplitude of the 
demodulated and clutter- filtered Doppler signal, and this 

Figure 1.19  B- mode, spectral Doppler, and colour Doppler in a 
triplex mode assessing flow in the portal vein.
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power information can also be estimated by the autocorre-
lation estimator used in colour Doppler.

An example of power Doppler is shown in Figure 1.20, 
where the colour relates to the local density of moving 
blood cells. Since there is no directional information about 
the moving blood cells in the signal power, the conventional 
power Doppler method does not contain information on the 
blood flow direction. The instrument settings for displaying 
colour Doppler and power Doppler are usually the same.

Compared to colour Doppler, which can image the flow 
dynamics, power Doppler does not generate velocity infor-
mation and could be optimised, for instance through tem-
poral averaging, to have better sensitivity for visualising 
vascular morphology. Temporal averaging can reduce the 
noise level in the image, making it possible to distinguish 
small vessels. Flow direction information can also be intro-
duced to power Doppler, for example by incorporating flow 
direction estimation from colour Doppler.

Challenges with Doppler Flow Imaging
While tissue signals can be suppressed and blood flow can 
be specifically imaged using Doppler techniques, there are 
significant limitations. Doppler techniques depend on the 
echoes from blood cells that are very weak, more than an 
order of magnitude weaker than surrounding tissues. 
Therefore, Doppler signals are usually noisy, and it is diffi-
cult to detect the signal from small vessels such as small 
arterioles, venules, and capillaries.

Microbubble Contrast Agents

Microbubble contrast agents are micro- sized gas bubbles. 
They are sufficiently small that after being introduced, typi-
cally through intravenous injection, they are able to cross 
the capillary bed of the pulmonary circulation. At the same 
time, these bubbles are big enough that they do not cross the 
vascular endothelium, making them true intravascular 

agents compared to the MRI or CT agents, which often can 
leak out of the vasculature. In order to prevent the bubbles 
from rapidly dissolving and/or agglomerating, they are sta-
bilised by a coating of a biocompatible surfactant or polymer 
(see Figure  1.21), most commonly phospholipids or pro-
teins. This coating both lowers the interfacial tension at the 
bubble surface and also provides a barrier to gas diffusion.

Despite being similar in size to red blood cells, bubbles 
are much more efficient scatterers of ultrasound owing to 
the fact that they are filled with gas. The gas presents a 
significant interface with acoustic impedance mismatch 
where strong scattering occurs. Furthermore, due to the 
gas being highly compressible, bubbles undergo volumet-
ric oscillations in response to the oscillatory ultrasound 
pressure changes, and can absorb and reradiate the inci-
dent sound efficiently rather than merely acting as passive 
reflectors. This makes bubbles highly sensitive agents, and 
it has been well demonstrated that with the appropriate 
imaging parameters, a single micro- sized bubble can be 
detected by an ultrasound scanner. Following injection, the 
bubbles circulate throughout the vascular space and greatly 
increase the amplitude of the scattered signals from within 
the blood, making the blood flow from very small vessels 
and even capillaries detectable.

Figure 1.20  A typical colour- coded box estimated 
from power Doppler superimposed on a B- mode 
image. Source: Reproduced by permission from 
Hoskins, P.R., Martin, M.K., Thrush, T.A. (2019) 
Diagnostic Ultrasound: hysics and Equipment, 
London: Taylor & Francis.

Bright-field Micrograph
(scale bar = 10 μm)

Lipid monolayer

gas

Poly(ethyleneqlycol) tether

Figure  1.21  Microbubble contrast agents. Left: bright- field 
micrograph of a microbubble population; right: the compositions 
of a typical microbubble contrast agent.

0005410580.INDD   15 12-11-2023   12:13:30



Getting Started16

While Doppler signals can be significantly enhanced by 
microbubbles, imaging small vessels presents an extra 
challenge, as the flow velocity in such small vessels is low. 
Doppler techniques rely on the difference in velocity 
between flow and tissue to remove the tissue clutter from 
Doppler signals. Within small vessels where flow can be as 
low as millimetres per second, it is difficult to distinguish 
flow from tissue clutter based only on Doppler velocity esti-
mation, particularly when tissue is also in motion.

Non-linearBehaviourof Microbubbles
Microbubbles’ behaviour under ultrasound heavily depends 
on the amplitude of the ultrasound. The transmit amplitude 
of the ultrasound is usually indicated by the mechanical 
index (MI) displayed on the scanner screen. MI is a measure 
of the potential for mechanical bioeffects (cavitation) in tis-
sue owing to ultrasound exposure, and is defined as the 
peak negative ultrasound pressure in kPa divided by the 
square root of the ultrasound frequency in MHz. At a very 
low MI, the microbubbles undergo volumetric oscillation 
with radius change approximately proportional to the ultra-
sound pressure; that is, the oscillation is linear. As the MI 
increases some microbubbles starts to oscillate, with greater 
radius changes that are no longer proportional to the ultra-
sound pressure changes. This is a non- linear process and 
higher harmonic signals with frequencies at multiples of 
the fundamental ultrasound frequency can be generated by 
the microbubble oscillation, even at an MI as low as 0.05. 
When the MI goes above a certain level (typically between 
0.1 and 0.3 depending on the bubble types and ultrasound 
frequency), some microbubbles start to be destroyed by 
ultrasound, resulting in reduced contrast enhancement.

BubbleImaging:HighMechanicalIndexDestructiveImaging
versusLowMechanicalIndexBubble-SpecificImaging
At a high MI microbubbles are easily destroyed and hence 
the contrast enhancement only happens in the very first few 
imaging frames with a ‘flash’ in image intensity. This is due to 

the fact that the microbubbles can generate strong echo signals 
while being destroyed. However, in order to maintain the con-
trast enhancement, lower MIs have to be used. Currently in 
clinical practice, depending on the different parts of the body 
and the agent type, the MI typically ranges from 0.04 to 0.3.

While microbubbles can significantly enhance the signal 
from within the blood, the amplitude of the echoes from 
within the blood is still at a similar level to those of sur-
rounding tissues. Doppler can be used to separate blood 
flow from the tissue depending on the motion (blood flow). 
However, there is a lower limit in flow velocity for Doppler 
detection: when the flow velocity is close to tissue motion 
(due to the heart or breathing), blood flow can no longer be 
separated from surrounding tissue using Doppler, even 
when microbubble contrast agents are present.

Bubble- specific imaging techniques have been developed 
to separate the bubble echoes from tissue echoes based on the 
harmonic signals in the echoes. At a low MI, tissue generally 
does not produce higher harmonic signals and only bubbles 
do. Such harmonic signals specifically from microbubbles 
can be separated from tissue by using multiple pulse trans-
missions such as pulse inversion or amplitude modulation, 
as shown in Figure  1.22. In pulse inversion, positive pulse 
and its inverse are transmitted, and the corresponding 
received pulses can be summed to form a signal for the image 
reconstruction. The summed signal will only contain the 
harmonic components that from tissue are caused by 
microbubbles even when they are stationary, as fundamental 
components from tissue are cancelled out due to the linearity. 
In amplitude modulation, two pulses are transmitted at dif-
ferent levels of amplitude (normally the amplitude of one 
pulse is doubled, as shown in Figure 1.13); received echo 1 is 
first multiplied by a factor of two and subtracted from echo 2 
to remove the fundamental components from tissue.

QuantificationBasedon Contrast-EnhancedUltrasound
In contrast- enhanced ultrasound (CEUS), a time series of 
contrast- specific images can be obtained, and the tissue 

Methods
Pulse inversion Amplitude modulation

Low amplitude

High amplitude
(twice as the

low amplitude)

Pulses

Pulse 1

Pulse 2 –

+

Figure 1.22  The pulse inversion and amplitude 
modulation methods for harmonic imaging. 
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uptake of the bubbles can thus be measured as a function 
of time. Quantification of CEUS can be based on image 
intensity or the timing of the tissue uptake of the bubbles. 
A curve of image intensity versus time (the so- called time–
intensity curve, TIC) can be produced for any pixel or 
region of interest within the image plane. Such a curve 
contains information on tissue perfusion. Two types of TIC 
can be obtained, depending on whether the bubbles are 
administered as a bolus injection or via a constant infusion. 
A bolus is relatively simple to administer and more com-
mon in clinical practice, while a constant infusion is often 
combined with a ‘destruction–replenishment’ mode in 
which higher- MI ultrasound pulses are used to destroy the 
bubbles in the imaging plane, followed by low- MI ultra-
sound pulses to monitor replenishment in the tissue. This 
technique is unique to ultrasound, as no other clinical 
imaging modalities can deactivate their contrast- enhancing 
agents to create a new input function. Examples of the two 
types of TIC are shown in Figure 1.23.

Elastography

Tissue stiffness carries diagnostic information: for example, 
cancerous tissue is usually harder than normal tissue. 
Manual palpation, such as in the breast, has been proven to 
be effective, but only for shallow targets, and it is subjective. 
Elastography uses imaging to non- invasively detect internal 
tissue displacement as a result of applied forces, based on 
which a map of tissue elasticity property can be obtained. For 
example, in Figure 1.24, if we have an imaging tool to show 

that the red part of the spring is harder to compress, then we 
will know that part is stiffer than the rest of the spring.

There are a few key quantities in tissue elastography. The 
first is tissue displacement, which can be measured using 
imaging and target tracking. The second is stress, which is 
the applied force per unit area and has units of pressure. The 
third is strain, ε, which is the fractional change in length, 
that is, the ratio of total deformation to the initial dimension 
of the material body, ε = ∆L/L. Here L is the initial dimen-
sion and delta L is the deformation due to the applied force.

An elastography was initially defined as a strain image, 
but it is not quantitative, and the strain value does not only 
depend on tissue stiffness. Young’s modulus (E), E = σ/ε, 
which describes longitudinal deformation in terms of strain 
ε in response to longitudinal stress σ, and the tissue shear 
modulus, which relates transverse strain to transverse stress, 
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Figure 1.23  Clinical examples of a time–intensity curve for (a) a bolus injection in a liver; and (b) constant infusion with destruction–
replenishment in the myocardium. Oscillations in the signals were mainly caused by tissue motion during imaging, while in (b) cardiac 
systole may also have contributed to the oscillation. Note that the y- axes between (a) and (b) are not comparable as they were acquired 
with different scanner settings on different patients. Source: Tang, M.-X., Mulvana, H., Gauthier, T. et al. (2011), Interface  ocus, 1(4): 
1520–1539. Reproduced with permission of The Royal Society.

Figure  1.24  Principle of elastography: the blue spring, which 
simulates soft tissue, compresses more under force than the red 
spring, which simulates harder tissue. An elastography system 
can measure the compression of different tissue under force and 
hence detect their stiffness.
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are found to be useful tissue stiffness parameters. Such 
parameters can be obtained by matching the displacements 
measured from ultrasound images before and after force is 
applied with those calculated based on a theoretical tissue 
deformation model with tissue stiffness parameters.

ShearWaveElastography
A more recent advance to quantitatively measure tissue 
stiffness is shear wave elastography. In a shear wave, tissue 
oscillates perpendicularly to the direction of wave propaga-
tion. This is in contrast to a longitudinal wave, where tissue 
oscillates in the same direction as wave propagation. Such 
a shear wave can be generated through an external mechan-
ical force, or via a push within the tissue remotely gener-
ated by ultrasound. When ultrasound is scattered, reflected, 
or absorbed, energy and momentum are transferred to the 
medium, inducing a force, termed an acoustic radiation 
force (ARF). Such an ARF can be used to remotely push 
tissue at a certain location and generate shear waves origi-
nating from this location non- invasively.

Shear wave elastography is based on the relationship in 
Equation 1.7 between tissue shear modulus μ, tissue den-
sity ρ, and shear wave velocity c:

 cSH
SH  (1.7)

Assuming a known and constant density of the tissue, 
the tissue shear modulus μ can be calculated if we know 
the shear wave velocity c. This velocity can be obtained by 
ultrasound imaging of the tissue displacement due to the 
shear waves. Tissue displacement can be obtained by com-
paring the beamformed image data between consecutive 
frames through cross- correlation, for instance. When the 
shear wave passes a certain spatial location in the image, 
its tissue displacement will increase and decrease over 
time, as shown in Figure 1.25. If we observe the tissue dis-
placements over time at two chosen spatial positions with 
known distance, we can calculate the shear wave velocity 

by dividing the distance by the time difference between 
the two peaks in Figure 1.25.

Given that typical shear wave velocity in soft tissue is in 
at least metres per second, and an ultrasound imaging field 
of view is typically a few centimetres, a very high image 
frame rate, typically at thousands of frames per second, is 
required to capture the shear wave propagation in the tis-
sue in order to calculate the spatially resolved local velocity 
distributions.

Ultrasound Imaging Artefacts

Ultrasound images usually contain not only information 
on tissue structure and function, but also some features and 
interferences, including speckle, noise, and artefacts. These 
three features exist in almost all ultrasound imaging modes 
due to the underlying physics and assumptions made in the 
imaging. It is important for users to understand these features 
so that the images can be better interpreted in the diagnosis.

Noise
In a broad sense, there are two types of noise in ultrasound 
imaging, electronic noise and acoustic noise. The first type 
is the noise generated by the electronics and can be meas-
ured by the SNR. Averaging between consecutive frames of 
the images could increase the SNR, but it will also bring 
down the frame rate (temporal resolution). The SNR could 
also be increased by transmitting at a higher acoustical 
power, up to the safety limit. The second type of noise is 
called acoustic noise, which is commonly referred to as the 
speckle pattern, explained below.

Speckles
Speckles refer to the granular texture in images generated 
due to the scattering of waves by multiple and closely situ-
ated sub- wavelength scatters. As explained previously, an 
ultrasound system has certain spatial resolutions in a 3D 
space, which is typically of an order of more than a wave-
length. This means that any objects/scatters much smaller 
than a wavelength cannot be resolved as separate objects. 
This volume is often called the sample volume. As a result, 
the brightness of the corresponding pixel in the image is 
formed by the coherent addition of echoes from all scatters 
within the sample volume. This coherent addition produces 
a granular texture called speckle in B- mode images 
(Figure 1.26). It is tempting to imagine that the speckle pat-
tern represents the true structure within the sample vol-
ume. However, this is not the case, and the speckle patterns 
appear random and are often perceived as noisy, although 
this pattern is determined once the positions of the scatters 
and the transducer are determined. Therefore, the speckle 
patterns do contain information on the underling tissue 
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Figure 1.25  Principle of shear wave elasticity estimation: the two 
curves show tissue displacements at two spatial positions over 
time, measured by the imaging system. As the spatial distance and 
time of peak displacement between the two positions are known, 
shear wave velocity can be calculated, based on which the average 
shear modulus between the two spatial points can be estimated.
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structure. While work has been done to reduce or remove 
the speckles to generate seemingly less noisy images, some 
other studies have also been trying to use the speckle pattern 
to detect the abnormalities by tissue characterisation algo-
rithms, since the speckle pattern will change in a statistical 
sense if there is abnormal structure in the sample volume.

Artefacts
In ultrasound image formation there are several assump-
tions regarding ultrasound propagation in and its interac-
tion with tissue. Artefacts could be produced if those 
assumptions are violated. These assumptions include 
(i) the speed of sound is constant (1540 m/s in soft tissue); 
(ii) the ultrasound pulse travels in a straight line; (iii) all 
energy is confined in the ultrasound beam, whose shape is 
straight and narrow in 3D space; (iv) the attenuation in tis-
sue is constant; and (v) the pulse travels only to targets that 
are on the beam axis and back to the transducer, and hence 
echo signals at each point in time are only dependent on 
the reflection/scattering characteristics of the correspond-
ing on- beam point in space. Each of these assumptions, 
when broken, can bring visible image artefacts. Detailed 
explanations and illustrations of various artefacts arising 
from these assumptions can be found in [3]. A good under-
standing of artefacts is important in interpreting the recon-
structed images for diagnosis.

B- Mode Artefacts
In the formation of B- mode images, artefacts, which 
mainly include reverberation, double reflection, side lobes, 
acoustic shadowing, and post- cystic enhancement, are 
explained in what follows.

Reverberation
Multiple reflections of the ultrasound wave between the 
transducer piezoelectrical material surface and a strongly 
reflecting structure at depth create ‘ghost’ reflections. Such 
multiple reflections appear later in time and since the ultra-
sound scanner does not account for such multiple reflec-
tions, it ‘thinks’ there are similar- looking objects below the 
reflecting structure deeper in the tissue, at integer multiples 
of depth. Such reverberation image artefact is also seen 
close to the transducer surface, especially when the imaging 
transducer is in the air/not in contact with skin, due to the 
highly reflective transducer casing–air/skin interface. 
Figure  1.26b shows an example of reverberation artefact 
within the gallbladder, depicted by the arrowheads owing to 
the highly reflective tissue interfaces closer to the transducer.

DoubleReflections
A mirror image of an object can be formed, when the ultra-
sound wave is strongly reflected by a tissue interface (e.g. a 
vessel wall, as shown in Figure 1.27) before reaching a target 

(a) (b)

Figure 1.26  (a) The ultrasound B- mode speckle pattern of scatterers within a tissue- mimicking material. These scatterers are densely 
distributed and their size is smaller than the sound wavelength. (b) An ultrasound image showing some reverbration artefacts (arrows) 
due to highly reflective tissue interfaces above.
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and scattered back to the transducer. In this case echoes are 
received by the transducer from the target, which is off 
beam. As the ultrasound scanner assume the echoes are 
always from the targets on beam, the off- beam object in this 
case appears as a fake on- beam object deeper in the image.

SideLobes
While ultrasound scanners assume that the ultrasound 
imaging pulse travels in a single straight line and the shape 
of the beam is straight and narrow, in reality the cross- 
section of the ultrasound beam in the lateral direction has 
not only a peak (called the main lobe), but also long tails 
with ripples in them (called side lobes, see Figure  1.13). 
This means there is some off- beam energy potentially 
 generating detectable echoes from off- beam targets. The 
transducer/machine cannot differentiate between echoes 

from the main beam versus those returning from these off- 
beam sidelobes, which results in the generation of multiple 
images of the same object at different (wrong) spatial 
location(s) (see Figure 1.27b).

AcousticShadowing
One assumption by the ultrasound scanner is that the 
attenuation coefficient of the tissue is constant, so that the 
compensation of the attenuation is only a function of 
depth/time, the so- called TGC. However, tissue attenua-
tion is not constant and any region of very high attenua-
tion effectively blocks the beam path, so that very little 
signal gets through, causing loss of detail or even any sig-
nals in image below this region. Figure  1.27c shows an 
example of such acoustic shadowing in the gallbladder 
caused by a stone.

transducer

(a)

(c)

(b)

(d)

vessel

artefact

Figure 1.27  (a) Illustration of double reflection artefact. (b) A, ascites; B, bowel; the arrowhead depicts a sidelobe artefact. (c) An image 
of a gall bladder with a highly attenuating object casting a ‘dark’/acoustic shadow posteriorly. (d) An image of a liver with a liquid filled 
cavity indicated by letter c, which casts a ‘bright’ shadow or ‘through transmission’ posteriorly owing to the reduced attenuation of the 
sound waves by the ‘cavity’.
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Post-cysticEnhancement
The principle of this post- cystic enhancement artefact is the 
same as acoustic shadowing, except that instead of a region 
of very high attenuation, the presence of any region of 
abnormally low attenuation (e.g. a fluid- filled cyst) causes 
over- compensation of gain below this low attenuation 
region, making deeper structures too bright. Figure 1.27d 
shows an example of such post- cystic enhancement (cyst 
labelled as c).

Artefacts in Doppler Ultrasound
Generally, the artefacts introduced in B- mode imaging also 
have similar effects on Doppler ultrasound. On top of that, 
there are some other artefacts that are associated with the 
estimation of blood flow velocities. For PW Doppler sys-
tems, an aliasing issue always exists when the flow is mov-
ing too fast. Aliasing will result in high velocities wrapping 
around the top of the display being shown as flow in the 
opposite direction (Figure  1.28). In colour Doppler, the 
aliasing will cause the high- velocity positive flow to be dis-
played as a negative flow with the wrong colour 
(Figure 1.29). It should be noted that this aliasing problem 
does not exist in CW systems.

Another well- known artefact in Doppler imaging is its 
angle dependence, which applies to most Doppler modes. 
The underlying reason is that Doppler- based methods can 
only detect the velocities projected in the acoustic beam 
direction. As a result, the angle between the beam direction 
and the real flow direction must be known to derive the real 
flow velocity. However, this angle information normally is 
not available due to the complexities of flow in the cardio-
vascular system. In practice, it is often assumed that the 
blood is moving parallel to the vessel’s long axis, so the angle 

between the acoustic beam and the vessel’s long axis is used 
to derive the true flow velocity. This beam–vessel angle is 
obtained by displaying the beam path on the screen together 
with an indicating bar manually adjusted to be parallel to 
the vessel (Figure  1.19) in spectral Doppler. In colour 
Doppler, since the dynamic velocity colour map is of more 
interest than the absolute velocity values, the angle inde-
pendence is not as important as it is in spectral Doppler, as 
long as the colour box is steered to have a non- normal angle 
to the vessels inside. Power Doppler only detects the power 
of the motion to distinguish flow from static tissue. The 
angle dependence issue has little effect in this case, unless 
the angle between the flow and the beam direction is 
close to 90°.

In PW spectral Doppler, an inverted mirror image of 
the Doppler spectrum may be observed if the gain for PW 
spectral Doppler is set too high (Figure 1.30). A high gain 
could cause the system to be overloaded and not be able 
to separate the forward and reverse flows. The mirror 
image in the sonogram is not from the true reverse flow 
and it can be removed by turning down the Doppler gain. 
In colour Doppler, even though the clutter filter is applied 
to remove the signals from moving tissue, it cannot 
remove all of them. These unwanted Doppler shifts will 
produce patterns of colours not associated with blood 
flow within regions of tissue. The clutter filter could also 
remove some low- frequency Doppler signals arising from 
slow- moving blood flow near the vessel wall. Also, some 
unexpected movements from the transducer or the 
human body could produce the so- called flash artefact, 
which appears as false areas of colour on the col-
our image.
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Figure 1.28  The pulse repetition frequency is not high enough 
and the aliasing issue causes the high positive velocities wrap-
ping around the display to be shown as negative velocities in the 
opposite direction.

Figure 1.29  The pulse repetition frequency is not high enough 
and the aliasing issue causes the colour in the high- velocity area 
to be displayed as the wrong colour.
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