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�Introduction

Modern ultrasound systems are very sophisti-
cated and provide the ability to display real-time 
moving images of the heart, together with quanti-
tative data on blood flow and tissue motion. The 
output is displayed in real time, either as two-
dimensional tomographic (‘slice’) images or, 
more recently, rendered 3-dimensional ‘volume’ 
images from which individual sectional planes 
can be extracted.

This chapter will review the fundamental prin-
ciples of ultrasound imaging necessary for clini-
cal applications. Many regard physics as a 
‘necessary evil’, to be endured and then forgotten 
once they have moved on to the clinical applica-
tions. However, understanding the physics behind 
the echo and Doppler images is vital in optimiz-
ing the machine settings, understanding artifacts 
and reaching an accurate diagnostic conclusion. 
Conscious of these facts, the primary aim of this 
chapter will be in two areas:

	(a)	 Basic understanding of how images and flow 
velocity data are obtained;

	(b)	 How limitations of physics and current tech-
nology can result in image distortion and 
artifacts that not infrequently result in seri-
ous misdiagnoses.

�Basic Concepts of Sound

Echocardiography utilizes high frequency sound 
(pressure) waves to produce images of the heart 
and to study blood flow within the cardiac cham-
bers and blood vessels. It is closely analogous to 
radar and the reader familiar with the way in 
which information from radar or a marine depth-
sounder is gathered and displayed will recognise 
many similarities in the two techniques. Because 
there are fundamental differences in the physical 
principles underlying imaging of the heart’s 
structure and studying blood flow, these will be 
considered separately, whereas in practice images 
and blood flow data are usually displayed and 
recorded superimposed or concurrently.

Sound (pressure) waves are generated by a 
vibrating object, and transmitted through a solid, 
liquid or gaseous medium as pressure fluctua-
tions—waves of alternating compression and rar-
efaction. The velocity at which a medium 
propagates waves is primarily determined by its 
density, being higher in a solid, whose molecules 
are close together, than in a liquid or a gas.
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The normal sound range for humans are fre-
quencies from about 30 Hz to 15,000 Hz. Dogs 
and other animals have a higher range thus most 
people cannot hear dog whistles. The term ultra-
sound is used for any frequencies above the nor-
mal range for humans.

Ultrasound (pressure) waves and light waves 
share many properties. When a beam of light 
passes from one medium to another, part of the 
energy is reflected and the path of the transmitted 
portion is deviated by refraction. In the same 
way, when ultrasound (pressure) waves encoun-
ter an interface between two different body tis-
sues, blood and muscle for example, some of the 
incident energy is reflected.

Ultrasound (pressure) waves travel in air at 
approximately 300 m.s−1 and in soft body tissues 
the average value is about 1540 m.s−1. There is a 
fundamental relationship between propagation 
velocity, the frequency (pitch) of the waves and 
their wavelength (the distance between two suc-
cessive maxima or minima in the train of pressure 
cycles) noted in the following equation.

Propagation Velocity Frequency Wavelength= ´

In soft body tissues (1540  m.s−1), at a fre-
quency of 1000 Hz (Hertz, or cycles per second), 
the wavelength is 1.54  m. Common sense dic-
tates that this is too great to image the heart, 
which is only about 15 cm across and which con-
tains structures less than 1 mm thick. To achieve 
a wavelength of 1 mm, the frequency has to be 
1,540,000 Hz, or 1.54 MHz, which is in the ultra-
sound range as opposed to the hearing range.

Ultrasound waves are usually generated and 
detected by ceramic crystals, which exhibit strong 
piezo-electric properties. Piezo-electric means that 
when an electric potential is applied to the ceramic 
crystal they mechanically change shape or deform. 
The term transducer is applied to the imaging ultra-
sound device because they convert electric energy 
into mechanical, and vice-versa. The material that 
has been used almost exclusively for imaging 
transducers is Lead Zirconate Titanate. This nor-
mally is in the form of a polycrystalline ceramic 
material and is ‘polarised’ by applying an electric 
field to align the electrical axes of the microscopic 
crystals. The alignment is, however, not perfect but 
a new process has been introduced recently, which 
allows production of large, single crystals, which 

have a single polarisation axis, and this promises 
to improve transducer performance significantly. 
An echocardiographic transducer comprises one 
or more such crystals, mounted on an absorbent 
backing. When electric impulses are applied to the 
crystal, it vibrates at a frequency determined by its 
mechanical dimensions, in the same way that a bell 
vibrates when struck by a hammer. Transducers 
used for echocardiography typically generate fre-
quencies in the range 1.5–7 MHz. The same crystal 
is used to detect returning echoes from ultrasonic 
waves it has generated.

�Imaging Modalities

�The Ultrasound Beam

Images of cardiac structures are formed by trans-
mitting a stream of very brief ‘pulses’ of ultra-
sonic waves into the chest. Each pulse comprises 
only a few waves and lasts 1–2  microseconds 
(μs). One to two millionth of a second! As a pulse 
travels through the chest wall, the pericardium 
and the heart, it crosses a succession of interfaces 
between different types of tissue: blood, muscle, 
fat etc. At each interface, a proportion of the inci-
dent energy is reflected, the remainder being 
transmitted into deeper tissue layers. When two 
interfaces are widespread compared to the ultra-
sound wavelength, the reflections become specu-
lar or mirror-like with the angle of reflection 
equal to the angle of incidence. When the inci-
dent angle is 90° more energy will the reflected 
and return to the transducer as an echo.

A 90° incident angle is not typical in clini-
cal practice and limits the quality of echo sig-
nals from many cardiac structures. Fortunately, 
the fact that body tissue interfaces are not totally 
smooth allows the return of some echoes even if 
the interface is not perpendicular to the ultrasound 
beam. The transmitted portion of the ultrasound 
pulse may then encounter additional interfaces 
and further echoes return to the transducer.

The time delay between transmission of an 
ultrasound pulse and arrival of an echo back at 
the transducer (round-trip-time) is calculated by:

Time Delay Interface Distance
Propagation Velocity

= ´2 /
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Accordingly, if the propagation velocity is 
known and the time delay can be measured, the 
distance of each echo-generating interface from 
the transducer can be determined. It is important 
to note that the machine actually measures time 
delay and derives the distance from an assumed 
value for the propagation velocity in soft tis-
sues. If, however, the ultrasound passes through 
an object having different transmission charac-
teristics from soft tissue, e.g. a silicone valve 
prosthesis, the time delay of returning echoes 
will change and the derived distance measure-
ments will be false.

The total time for all echoes to return depends 
on the distance of the furthest structure of inter-
est. This may be up to 24  cm, for which the 
round trip time in soft tissue is approximately 
300 μs. Only then can a second ultrasound pulse 
be transmitted, but even so it is possible to send 
more than 3000 pulses each second. This stream 
of brief ultrasound pulses emanating from the 
transducer is referred to as an ‘ultrasound beam.’ 
The first echoes to return and strike the piezo-
electric crystal arise from structures closest to 
the transducer, followed in succession by those 
from more distant interfaces. The electrical sig-
nals generated are amplified and processed to 
form a visual display illustrating the relative 
distances of the reflecting structures from the 
transducer, with the signal intensities providing 
some information about the nature of the 
interfaces.

�The 2-D Sector Scan

In order to generate two-dimensional tomographic 
(slice) images of the heart, the ultrasound beam has 
to be scanned across a section of the heart. The lim-
ited access to the heart afforded by spaces between 
the ribs and lungs dictates that cardiac scanners are 
of the sector scan type. The transducer is manually 
positioned on the chest and held steady while the 
ultrasound beam sweeps rapidly back and forth 
across a sector of an arc to create a fan shaped sec-
tor scan, similar to a lighthouse beam that sweeps 
across the sea, illuminating objects in its path. In 
order to avoid blurring of the image by the heart’s 
motion, at least 30 images per second are required. 
The maximum attainable image frame rate is pri-
marily the result of a trade-off between the required 
image depth, which limits the number of pulses 
transmitted per second, and the sector angle and 
image line density, but other factors such as the dis-
play mode and imaging processing power of the 
machine are now involved. Image frame rate is 
shown on the display screen and may be as high as 
150 s−1 or as low as 6 s−1.

A single piezo-electric crystal can be sliced 
into as many as 256 very thin strips with each 
individually connected to the electric pulse gen-
erator, which activates them in a very rapid and 
very precisely controlled sequence, as shown in 
Fig. 1.1. The wavelets from each crystal element 
merge to form a compound ultrasound wave. By 
varying the electrical activation sequence, the 

2 × 1 cm crystal cut into
thin slices, each

connected separately to
pulse generator

‘Wavelets’ arising from
crystal elements merge to
form a compound wave
(Huyghens’ Principle)

Direction of resulting
compound wave

Pulsing
Sequence

Computer-controlled
Pulse generator

Fig. 1.1  How the 
ultrasound beam 
direction is controlled 
by pulsing the crystal 
elements in sequence

1  Physical Principles of Ultrasound
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direction of the compound wave can be changed 
and a series of pulses generated to form a sector 
scan configuration. For a sector angle of 90° and 
working depth of 15 cm, each image comprises 
about 200 scan lines and takes about 40 ms.

Once a pulse is transmitted the echoes start to 
return immediately to strike the transducer and 
deform the crystal piezo-electric elements form-
ing an ultrasound signal, which is first amplified 
then demodulated. The echo signals resulting 
from a single ultrasound pulse now comprise a 
sequence of electronic ‘blips’ representing the 
intensities of the echo reflections it generated 
(Fig. 1.2). To facilitate further processing the sig-
nals are digitized into a series of numbers, whose 
values represent the echo amplitudes at discrete 
intervals and allocated to a digital memory store.

The basic image data comprises a series of 
radial scan lines like spokes of a wheel which are 
relatively close together close to the transducer 
but tend to spread apart with increased depth 
(Fig.  1.3). The scan lines were evident in the 

Echoes return from
tissue interfaces

Sequence of electrical
signals from returning

echoes

Fig. 1.2  Echoes returning from tissue interfaces are con-
verted into electrical impulses

Ultrasound beam scanned
across the heart

Displayed image: this is an actual image
made with an early scanners before

introduction of the electronic scan converter

Fig. 1.3  The ultrasound beam is scanned rapidly to and fro across the heart and the echo signals are converted into an 
electronically generated image

G. J. Leech et al.
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early 2-D scanners of the 1970s (Fig.  1.4) but 
current machines use digital scan convertors that 
assign image values to the ‘empty’ memory cells 
based on averages of surrounding cells. The aver-
aging process employs proprietary algorithms 
specific for each vendor and accounts for some of 
the differences in image display. The scan lines 
form a sector scan image and is representative of 
a matrix of numbers that enable the power of 
digital computer processing to be harnessed to 
further process and form the visual ultrasound 
image displayed on the monitor screen.

�M-Mode

M-mode  (M is for motion) only interrogates 
structures along a single axis (think ‘ice-pick’ or 
‘needle biopsy’ view) with tissue interfaces rep-
resented as dots on the display screen. In order to 
show motion patterns, a linear sweep is added 
resulting in a graphic display as shown in Fig. 1.5. 
M-mode can be more difficult to understand for 
the non-specialist but continues to have relevance 
due to its high temporal resolution (1000 lines.s−1 
compared to 25 for a 2-D image) which is supe-
rior for timing as well as the fact that several car-
diac cycles can be displayed on a on a single 
image.

�Critical Ultrasound Concepts: 
Attenuation, Reflection and Depth 
Compensation

�Attenuation: The Decrease 
in Amplitude and Intensity as a Wave 
Travels Through a Medium
Ultrasound can travel great distances in water, 
but soft body tissues are ‘spongy’ and non-
homogenous, resulting in attenuation of the ultra-
sound waves. The degree of attenuation depends 
greatly on the frequency. At 2.5 MHz, approxi-
mately half of the amplitude is lost for every 
4  cm of path length, rising to half per 2  cm at 
5 MHz and half in only 1 cm at 7.5 MHz This is 
a cumulative effect so at 5 MHz the wave ampli-
tude reaching a structure 16  cm distant is only 
1/256 (½ × ½ × ½ × ½ × ½ × ½ × ½ × ½) of that 
transmitted.

�Reflection: The Amount of Sound/
Signal Returned from a Boundary/
Medium (Echo Reflection)
The proportion reflected at a tissue interface 
depends mainly on the difference in density of 
the tissues. Where there is a large difference, 
such as an interface with air or bone, most of the 
incident energy is reflected, creating an intense 
echo but leaving little to penetrate further to 

Fig. 1.4  (Left) Ultrasound image made in 1977 prior to 
introduction of scan converters and (Right) from a modern 
machine. The scan converter interpolates the spaces 

between the actual scan lines and creates a more aestheti-
cally pleasing image, but does not add new information

1  Physical Principles of Ultrasound
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deeper structures. It is for this reason that the 
operator has to manipulate the transducer to 
avoid ribs and lungs, and that a contact gel is used 
to eliminate any air between the transducer and 
the chest wall. In contrast, there is relatively little 
difference in the densities of blood, muscle and 
fat, so echoes from interfaces between them are 
very small—something like 0.1% of the incident 
amplitude. The echoes are then further attenuated 
as they return to the transducer, with the result 
that the amount reaching the transducer is very 
small indeed. In the case illustrated above, 
approximately (1/256)  ×  (1/1000)  ×  (1/256) or 
just 1/65,000,000 of the transmitted amplitude!

�Time Gain Compensation (TGC or 
Depth Compensation): Adjusts or 
Equalizes the Amplitude of Received 
Signals to Account for Attenuation 
and Reflection
Not only is this a very small signal to detect, but 
the amplification level required would be vastly 
greater than that needed for the same interface at 

a range of 4 cm, for which the returning signal 
would be approximately (1/4) × (1/1000) × (1/4) 
or 1/16,000. To overcome this problem, the 
machine incorporates Depth Compensation or 
Time-Gain Compensation (TGC). This automati-
cally increases the amplification during the time 
echoes from a particular pulse return, so that the 
last to arrive are amplified much more than the 
first. Most of this compensation is built into the 
machine, but the user can fine-tune it by means of 
a bank of slider controls that adjust the amplifica-
tion at selected depths (Fig. 1.6).

�Resolution of Ultrasound Images

The quality of all images is affected by process-
ing imperfections and random ‘noise’. Resolution 
is quantified by measuring how close together 
two objects can be without their images blur-
ring into one. In an ultrasound image resolution 
is limited by inability to generate infinitely brief 
pulses and spreading of the beam by diffraction. 

Fig. 1.5  “M-mode” display of the motion pattern of the mitral valve. The beam direction is indicated on the small 
image icon at the top of the display

G. J. Leech et al.
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Measurements along the direction of the beam 
are termed axial or range resolution and measure-
ments of right-angles to the beam direction (beam 
to beam) are termed lateral resolution. Lateral 
resolution can further be divided into azimuthal 
resolution, in the plane of the scan, and elevation 
resolution, above and below the scan plane.

Axial resolution is determined by the pulse 
duration. Since each pulse comprises a short 
burst of waves lasting about 2 μs, with the propa-
gation velocity 1500  m.s−1, this means that the 
length of the pulse is about 3 mm. If it encounters 
two objects thinner than the axial length then the 
two objects will merge and appear as one. Axial 
resolution can be improved by (a) employing a 
higher ultrasound frequency, for which the pulse 
duration is corresponding shorter, and (b) reduc-
ing ‘ringing’ by lowering the transmitted power 
(Mechanical Index).

The ultrasound beam comprises a central main 
beam, which diverges with increasing distance 
from the transducer, surrounded by a number of 
smaller, secondary beams called ‘side lobes’, as 
shown diagrammatically in Fig. 1.7. These arise 

Fig. 1.6  Typical TGC control panel which allows adjust-
ment of the returning echo images at various depths

Fig. 1.7  Lateral 
Resolution: (Left) the 
ultrasound beam detects 
only the time taken for 
echoes to return to the 
transducer, so only their 
axial separation is 
registered. (Right) if 
more than one object is 
illuminated by the beam 
at the same range, the 
echo signals cannot be 
resolved

1  Physical Principles of Ultrasound
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from the physics of wave propagation, and from 
the fact that the ultrasound transducer comprises 
a number of individual crystal elements.

Lateral resolution is primarily determined by 
the ultrasound beam width. As shown in Fig. 1.7, 
if two objects are the same depth but very close 
to each other then there will be no differentia-
tion between the two objects because they are in 
the same beam (or its side-lobes) and due to the 
lateral resolution cannot be resolved. With the 
image generated by scanning the beam across 
the image plane, this means that an object is 
detected over a range of beam directions, result-
ing in lateral ‘smearing’ on the display, or mul-
tiple representations of a small object such as a 
pacemaker wire. Lateral resolution is the chief 
factor limiting the quality of all ultrasound 
images and is worse than axial resolution, typi-
cally by a factor of 10. Lateral resolution can be 
improved by making the ultrasound beam nar-
rower utilizing focus in both transmit and 
receive modes. In addition, the pulsing sequence 
in a phased array transducer can be modified to 
provide additional variable focusing as shown in 
Fig.  1.8. In most ultrasound systems, this 
improves focussing only in the azimuthal plane, 
but some of the more sophisticated machines 
have matrix arrays, in which the crystal ele-

ments are sliced in two directions, providing the 
ability for focussing also in the elevation plane. 
Even so, the beam illuminates un-wanted 
objects, but it is possible also to filter some of 
these selectively using dynamic receive focus-
sing. As show diagrammatically in Fig.  1.9, 
echoes from a particular object do not arrive at 
all the crystal elements in the transducer simul-
taneously, but the electrical impulses they gen-
erate can be selectively delayed so that those 
from a particular distance and/or direction rein-
force each other, whilst those from other sources 
do not.

�Artifacts: Attenuation, Reverberation 
and Mirror (Ghost)

Attenuation Artifact: Is a Shadowing Effect or 
Appearance  The intensity of an echo is deter-
mined by the product of the ultrasound beam 
intensity and the structure of the reflecting 
object. If the scanned region is essentially of 
similar material such as a blood-filled chamber 
then the image would appear homogenous. 
However, if the area within the beam is not 
homogeneous (silicone or bio prosthetic valves), 
then the image in this region will be more intense 

Focal Zone

Focal Zone

Improves Focus only in
the Azimuthal Plane

Fig. 1.8  Modification 
of the electronic pulsing 
sequence generates a 
curved wavefront 
allowing focus in the 
Azimuthal plane to be 
adjusted by the operator

G. J. Leech et al.
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and generate an artefact that might be interpreted 
as shadowing or even mistaken as a mass within 
the chamber.

Reverberation Artifact: Is a Bright Display of 
Reflections That May/May Not Have a Ring 
Down Appearance  The presence of structures 
having transmission and attenuation character-
istics greatly different from soft tissue is also 
the cause of reverberation and multiple reflec-
tion artifacts, one of the most common sources 
of misinterpretation of images. Referring to 
Fig.  1.10, an ultrasound beam crossing a struc-
ture normally generates two echoes—one from 
each interface. However, the echo returning from 
the further interface has to cross the nearer inter-
face, so part of it is again reflected. This second-
ary reflection then meets the distant interface a 
second time, where further reflection occurs, 
and so on. Under normal circumstances this 
effect is not seen because soft-tissue reflections 
are weak. For example, if the original echo is 

0.1% of the incident wave, the secondary echo 
has undergone two further reflections and is only 
(0.1% × 0.1% × 0.1%) and too small to register. 
However, if the object is a very strong reflector 
such as a calcified or prosthetic valve with each 
reflection, say, 10% of the incident wave then the 
secondary or higher-order reverberation echoes 
are strong enough to be detected and are shown 
as multiple images of the object (Fig. 1.11).

Mirror Artifact: Is a Mirror Reflection or 
Ghost Image of a True Structure  Another con-
sequence of a high-intensity echo is that it can 
bounce off the transducer face, or a strongly 
reflecting structure like the pericardium, and 
back again to the object, creating a secondary 
‘ghost’ image (Fig. 1.12). The clue to recogniz-
ing a mirror artifact is that they are always exactly 
twice as far away from the transducer as a high-
intensity echo, and if the primary structure moves 
a certain distance, the image generated by multi-
ple reflections moves twice as far (Table 1.1).

Summing
Amplifier

Computer-controlled
Variable delay

Transducer

Σ

Σ

Fig. 1.9  Dynamic Receive Focussing: As echoes from more distant objects arrive, the delay is changed to keep them 
in focus, at the same time dispersing off-axis echoes

1  Physical Principles of Ultrasound
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�Parallel Processing

So far, the emphasis has been on the formation of 
images by detecting the time it takes for echo sig-
nals to return to the transducer and their intensi-

ties. With this method the electrical activity is 
unified though the transducer contains a number of 
crystal elements. Image quality is constrained by 
the scan line density and the beam width. However, 
this is not the way the human eye forms an image 

P P

Q

Q2

Q3

Q
d d

d

d

Fig. 1.10  Multiple 
reflection artifact: If an 
object generates intense 
echoes, higher-order 
reflections are still 
strong enough to register 
on the display

Fig. 1.11  (Left) Diagram and (Right) ultrasound image 
of a bi-leaflet prosthetic mitral valve showing multiple 
reflections from the strongly reflecting hemi-discs. 

Note  how the scan converter has tried to “fill in” the 
spaces between the echoes

G. J. Leech et al.
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(Fig. 1.13). Instead of the eye scanning across the 
field of view, the scene is flooded with light and 
image data from it is focussed onto the millions of 
individual receptors that comprise the retina. 
Impulses from these are fed simultaneously to the 
brain, which processes them to form an image to 
complete the scene. With the advances in crystal 
and transducer technology—parallel processing 
has become the norm. Currently most imaging 
systems operate with two or more parallel process-
ing paths (Fig. 1.14) unless they have real-time 3D 
capability for which there is advanced proprietary 
parallel processing. Yet there is great benefit with 

having multiple separate detectors because it can 
provide a wider/thicker image slice. With a thicker 
slice or wide ultrasound beam an echo from an 
object in the centre of the beam axis arrives simul-
taneously at the two detector channels, but those 
from off-axis objects reach one detector channel 
before the other. The resulting phase delay allows 
the computer to assign them to corresponding 
memory cells. As the beam direction changes, 
objects previously on the central beam axis are still 
detected, but their echoes are now out of phase, 
and can be assigned to the correct memory loca-
tion, where they add to those from the previous 
pulse. Several major advantages follow:

	1.	 It is no longer necessary to have a very narrow 
transmitted beam, and to have as many trans-
mitted pulses per image, so the frame rate can 
be increased.

	2.	 By detecting both amplitude and phase data, 
the total amount of information is doubled.

	3.	 The image data in each memory cell is built 
up over several pulses, thus improving sensi-
tivity and reducing noise and allowing higher 
imaging frequencies to be used with conse-
quent improvement in resolution.

Fig. 1.12  Artifact mimicking a mass in the left atrium resulting from very strong echoes from the calcified mitral valve 
bouncing off the transducer face

Table 1.1  Minimising false diagnoses from image 
artifacts

• � Always use minimum power consistent with 
obtaining an image

•  Beware of ‘objects’ that:
 � – �Are twice as far from the transducer as intense 

reflectors
 � – �Lie on an arc centered at the transducer and/or 

have an intense reflection
 � – �Are in the centre of the scan sector and a few 

centimetres from the transducer

If in doubt, see if they are still present when transducer 
position and image plane are altered

1  Physical Principles of Ultrasound
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�Grey Scale

The intensity of an echo depends on the nature of 
the tissue interface. As shown earlier, there is a 
wide range of echo intensities, with a calcified 

structure generating an echo many thousands of 
times more intense than a boundary between, say, 
blood and newly formed thrombus. However, the 
ultrasound display can only represent a fraction 
of these specific shades of grey. The typical scan 
converter image memory only has a range of 64 
shades of grey. As a result the image gets tagged 
white for all intense echoes and black for all 
weak echoes with almost no grey tones. This can 
to some extent be overcome by compressing the 
intensity scale to create a softer image, but at the 
expense of loss of boundary definition (Figs. 1.15 
and 1.16).

�Harmonic Imaging

�Contrast Harmonic
Second Harmonic imaging was originally devel-
oped in order to enhance signals from encapsulated 
contrast media. These are proprietary products and 
comprise very small (1–3 μm) microspheres with a 
hard outer shell containing a gas. At very low ultra-
sound power levels, these act as normal scatterers, 

Data processed simultaneously
in the brain to create the image

Lens focuses
rays onto target

Illuminating
beam

Multiple detectors
receive signals from
all targets
simultaneously

Fig. 1.13  In the eye, a lens focuses reflected light onto an array of detectors, signals from which are processed simul-
taneously (‘Parallel Processing’) by the brain to create the image

Receiver Channel

Phase Shift

1 2

Fig. 1.14  Parallel processing: with two receiver chan-
nels, the machine can detect from which part of the illumi-
nated region a particular echo arises

G. J. Leech et al.
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but with slightly greater power (but still lower than 
normally used for imaging) the pressure waves dis-
tort them and they vibrate, emitting energy at the 
second harmonic frequency. A display based only 
on the second harmonic Doppler frequency thus 
selectively comes from the microspheres rather 
than from tissue or blood. The addition of echo 
contrast greatly enhances the quality of both images 
of blood-filled cavities and of Doppler signals, giv-
ing a clear velocity profile for even very small jets. 
At high ultrasound power levels, the microspheres 
shatter, releasing the contained gas, and generating 
a brief, but very intense, echo.

�Tissue Harmonic Imaging
Fourier’s Theorem is a powerful mathematical 
tool for analysing waves. It states that any repeti-
tive wave, of whatever shape, can be constructed 
by adding together a number of regular sine 
waves of varying frequencies and amplitudes. 
The basic building block for a particular complex 
wave is a sine wave having the same frequency, 
and termed the ‘fundamental’. The detail that 
gives the complex wave its shape is provided by 
adding to the fundamental further sine waves 
having frequencies that are exact multiples of 
that of the fundamental. These are called 

No
Compression

True Signal
Amplitude

Optimised
Compression

High
Compression

Display max. white

Dynamic
Range

Display max.
black

Fig. 1.15  Compression: Compressing the echo signal amplitudes helps overcome the very limited dynamic range of 
the display

Fig. 1.16  Echo images with (left) low grey scale compression (27 dB) giving a harsh ‘black and white’ image and 
(right) high compression (100 dB) resulting in an overly ‘soft’ image

1  Physical Principles of Ultrasound
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harmonics (the second harmonic has twice the 
frequency of the fundamental, the third harmonic 
three times, and so on). To form a complex wave 
perfectly, theory requires an infinite number of 
harmonics, but their contributions become 
smaller as the frequency increases and in practice 
a fundamental plus ten harmonics provides an 
adequate representation of the complex wave 
(Fig. 1.17). The reason why a violin and a trum-
pet playing the same note sound different is that, 
though they generate the same fundamental fre-
quency, their harmonic contents are different.

A pure sine wave contains no harmonics, but 
if its shape is distorted it means that harmonics 
have been added. This is what happens as an 
ultrasound pulse travels through the body, the 
sine wave becomes distorted and creates harmon-
ics. As shown in Fig.  1.18, when the positive 
pressure region of the wave passes through the 
tissue, it compresses it, and the negative part of 
the wave vice-versa. The density of the 
compressed tissue increases, so the positive pres-
sure part of the wave travels faster and conversely 
the negative pressure part travels more slowly. 
The fact that the wave shape changes as it pro-
gresses through the body means that it has 
acquired a harmonic component, which applied 
to Fourier analysis illustrates a mainly second 

harmonic, with a smaller proportion of fourth 
harmonic, and so on.

When a 2 MHz ultrasound pulse is transmit-
ted into the body, the echoes that return are not 
pure 2  MHz sine waves, but include some of 
its second harmonic (4 MHz), and a little of its 
fourth harmonic (8  MHz). By selectively filter-
ing out the 2  MHz fundamental, it is possible 
to form the image from the 4 MHz second har-
monic component. The second harmonic image 
is mainly created from the most intense central 
part of the beam from greater depths because 
wave distortion increases as the wave travels 
through the body. As a result, a relatively small 
amount of harmonics arise from proximal struc-
tures. Harmonic imaging provides the following 
benefits:

	1.	 It combines the penetration power of a trans-
mitted low fundamental frequency with the 
improved image resolution of the harmonic 
and twice the frequency.

	2.	 The harmonic image is preferentially derived 
from deeper structures, and reduces artefacts 
from proximal objects such as ribs

	3.	 The harmonic image away from the central 
beam axis is relatively weak and thus not so 
susceptible to off-axis artifacts.

Sine wave fundamental +
1/3 of its third harmonic

Fundamental + 1/3 of its
third harmonic, + 1/5 of its
fifth harmonic

Fundamental
Fundamental + 3rd

Harmonic

3rd Harmonic

With addition of just 10
harmonics, the sine wave
approximates to a square
wave

Fig. 1.17  Fourier 
Analysis: the principle 
by which a complex 
wave can be created by 
addition of sine waves, 
or broken down into its 
sine-wave components
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The improvement in image quality obtained 
from second harmonic imaging is such that it 
should be mandatory for all new machine pro-
curement and machines without it should be 
regarded as obsolete.

There is one limitation associated with har-
monic imaging. Because the image is now 
formed from echoes of a single frequency, 
some ‘texture’ is lost and structures such as 
valve leaflets may appear artificially thick. 
Therefore, it is good practice to image with 
high fundamental frequency provided image 
quality is good.

�Transesophageal Imaging

2-D imaging from a phased array transducer 
positioned in the esophagus has been commer-
cially available since the 1980s. The transducer 
(Fig. 1.19) is similar in construction to a gastro-
scope, but in place of the fibre-optic bundle used 

for light imaging, a miniature ultrasound trans-
ducer is mounted at its tip. Current available 
elements range from 64, 128 or 256 depending 
on the ultrasound system/vendor. Due to the 
insertion of the probe there is no attenuation 
from the chest wall and can operated at higher 
frequencies (up to 14 MHz) thereby producing 
excellent image quality. Since limited manipu-
lation is possible within the esophagus, the 
complete transducer array can be rotated by a 
small electric motor controlled by the operator 
to provide image planes that correspond to the 
orthogonal axes of the heart despite the fact that 
these are not naturally aligned with the axis of 
the esophagus. Since the image acquisition is 
semi invasive, special precautions need to be 
taken to prevent accidental harm to the patient 
through heating of the transducer. The potential 
for it to apply 300-V electrical impulses to the 
back of the heart also requires it to be checked 
regularly to ensure integrity of the electrical 
insulation.

High
pressure

Increased
Tissue
Density Increased

wave velocity

Fundamental

2nd Harmonic

Reduced
Tissue
Density

Reduced wave
velocity

Wave
Propagation

Low
pressure

Fig. 1.18  Distortion of a wave as it travels through a compressible medium gives it a significant second-harmonic 
content
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�Real-Time 3D Imaging

3D imaging is similar to 2D image except, instead 
of acquiring frames per second there are volumes 
of ultrasound information acquired per second. 
To achieve this has required overcoming several 
daunting technological challenges. The first is the 
construction of the transducer. Instead of cutting 
a crystal into slices, with wires attached to their 
edges, the crystal now has to be cut into a matrix 
of minute squares, each only 2–3 times the width 
of a human hair, and a wire attached to each one 
(Fig.  1.20). Even when this is done, the total 
number of wires is such as to make the connect-
ing cable too unwieldy for clinical use, so the 
‘front-end’ beam forming and image processing 
has to be controlled by electronics built into the 
transducer, without making it too large or heavy 
for the operator to hold.

The second problem is to process the enor-
mous amount of data in real time. In the earliest 
machines real-time imaging was possible only in 
parasternal views (where the smaller depth allows 
higher pulse rates), and involved significant com-
promises of frame rate and image depth, with a 
lot of inter-beam smoothing and interpolation. 
Currently, the image quality is not as good as that 
of 2-D images, but with ever-increasing com-
puter power it is only a matter of time before this 
is overcome.

The final problem is that of displaying the data 
on two-dimensional video screens. This is done 
by computer-generated texturing and shadowing 
to emphasise closer structures and create the 
impression of a 3-dimensional solid which can be 

rotated and tilted by a trackball, and from which 
individual 2-D sections can be extracted 
(Fig. 1.21). The clinical possibilities for real-time 
3-D imaging are enormous and will be explored 
in depth in subsequent chapters.

�Doppler Echocardiography

�Doppler Principles

The specular ultrasound echoes used for imaging 
the heart are derived from relatively extensive 
tissue interfaces. When the ultrasound beam 

Fig. 1.19  Transoesophageal transducer

Human Hair

Fig. 1.20  Photomicrograph of the matrix array in a real-
time 3-D imaging transducer

Fig. 1.21  Textured 3-D image from the parasternal 
window
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encounters much smaller structures, it interacts 
with them in a completely different way, and 
instead of being reflected along a defined path, it 
is scattered equally in all directions just as the 
circular ripples formed when a small stone is 
thrown into a pond. The consequence is that 
most of the incident energy is dissipated, but a 
small amount returns along the incident path and 
can be detected, though the resulting signals are 
much weaker than the specular image echoes. 
Red blood cells are ideal scatterers; although the 
echo from a single cell is negligible, signals 
from millions of them added together can be 
detected and, if the blood is moving, the fre-
quency of the backscattered echoes is modified 
by the Doppler effect.

The Doppler effect was first described in 
1843 by Christian Doppler, an Austrian 
Mathematician and scientist. He studied the 
light spectra of double stars and hypothesised 
that the shifts he observed in the hydrogen 
spectral lines arose from rotation of the stars 
about each other. If a star is moving towards the 
earth the spectral lines are shifted towards blue, 
and if its distance is increasing, the shift is 
towards red. Doppler’s theory was confirmed 
by Buys Ballot in a classical experiment with 
two trumpeters, one on a moving train and the 
other on the station. Both played the same note, 
but observers heard the pitch of the note from 

the passing train change as it first approached 
then receded. As the wave source moves 
towards the observer, the waves are com-
pressed, decreasing the wavelength and increas-
ing the pitch, and as the source moves away 
from the observer, the apparent wavelength 
increases and pitch lowers.

Similarly, if an ultrasound beam encounters 
a stream of moving blood, returning backscat-
tered echoes have a slightly different frequency 
from that of the transmitted beam, the differ-
ence being known as the Doppler shift, or 
Doppler frequency. The Doppler equation 
(Fig. 1.22) shows how this can be used to cal-
culate the blood flow velocity. For a velocity 
of 1 m.s−1 and ultrasound frequency 2.5 MHz 
the Doppler shift is about 3.3 kHz, only 0.1%, 
but readily detected and directly proportional 
to the blood velocity. Note, that the applica-
tion of the Doppler equation requires that the 
angle between the beam axis and blood flow 
direction either must be known, or must be so 
small that its cosine is effectively unity. Also, 
the Doppler shift for a given blood velocity is 
related to the ultrasound frequency, so is twice 
as large for the same blood velocity at 5 MHz 
as for 2.5 MHz.

In practice, blood in an artery does not all flow 
at the same velocity, due to friction at the walls. 
Furthermore, with pulsatile flow the velocity is 

V = Blood Velocity

f – f ’ 2.f.(V.Cos θ)
c=

(C = Ultrasound Velocity)

Received
Frequency

f ’
Transmitted
Frequency f

θ

Fig. 1.22  The Doppler 
equation, relating flow 
velocity to the 
ultrasound ‘Doppler 
Shift’
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constantly changing, resulting in complex flow 
patterns. The interrogating ultrasound beam does 
not therefore return just one Doppler shift, but a 
spectrum of frequencies, like the orchestra tuning 
up before a performance. The complex mix of 
Doppler shifts is analysed and the resulting 
velocity data is used to generate a Spectral 
Doppler Display (Fig. 1.23). The spectrum shows 
the range of velocities detected at each point in 
the cardiac cycle, with flow towards the trans-
ducer shown above the baseline and flow away 
from the transducer below it. The density of the 
image shows the amplitude of the signal at each 
Doppler shift, which depends on the number of 
scatterers, and the proportion of blood flow at 
that velocity. A line tracing the outer edge of the 
spectrum shows the peak velocity and a line 
through the centre of the band approximates to 
the mean velocity (Fig. 1.24).

�Pulsed Wave (PW) Doppler

PW Doppler extracts flow velocity information 
from the echoes generated during imaging. As 
well as the high-amplitude, specular echoes aris-
ing from tissue interfaces, the returning signals 
contain backscattered echoes from blood. A mov-
able electronic cursor on the 2-D image indicates 
the location of the ‘sample volume’ from which 
Doppler signals are extracted, amplified and ana-
lysed to provide velocity data (Fig.  1.25). It 
should be noted, however, that whereas the axial 
extent of the sample volume can be made quite 
small, its lateral extent, governed by the ultra-
sound beam width, is usually significantly greater 
than suggested by the icon on the display. PW 
Doppler overcomes the lack of depth discrimina-
tion of CW, but this benefit is offset by the prob-
lem of aliasing.

Complex Doppler Frequencies

time sample

Frequency
(Velocity)

‘Grey Scale’ Spectral Display

Signal
Intensity

Fast Fourier Transform (FFT) Analyser
separates individual frequency components

Time

Component Amplitudes
represented by Pixel intensities

Fig. 1.23  Breaking down a complex waveform into its sine-wave components to generate a spectral Doppler display
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�Aliasing Effect
Although PW Doppler allows spatial localisa-
tion of the flow signals, it suffers from a funda-
mental technical limitation that severely restricts 
its clinical use. This is called ‘aliasing’ and it 
arises from the fact that there are significant 
time intervals between the ultrasound pulses. 
Most people are familiar with aliasing as it 
affects cinema films. The movie camera takes a 
sequence of individual pictures and between 
exposures the camera shutter is closed while the 

film is advanced. Moving objects are thus seen 
as a sequence of ‘snapshots’ with time gaps 
between them. This causes the phenomenon 
typified in the ‘Western’ where, as the stage-
coach with its spoke wheels starts to move, the 
wheels initially are seen to turn normally but, as 
its speed increases, they appear to stop moving, 
or rotate in reverse. The explanation of this is 
shown in Fig. 1.26. Provided the wheel rotates 
less than half a turn between images, all is well, 
but if it turns faster the images are ambiguous.

Flow towards Transducer
Peak Velocity

Mean Velocity

Flow away from Transducer

Baseline

Fig. 1.24  Spectral 
Doppler display of flow 
in a carotid artery

Specular echoes used
to form 2-D image

Echoes

Velocity display

Spectral
Analyser

Backscattered
echoes from

‘Sample Volume’

Fig. 1.25  Principle of 
pulsed-wave (PW) 
Doppler
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This is an example of Nyquist’s Theorem, 
a very powerful tool of information theory. It 
states that for a wave to be reproduced accu-
rately, it has to be sampled at least twice per 
cycle. Applied to PW Doppler, this means that 
the highest blood velocity that can be detected 
without ambiguity is that whose Doppler shift 
is equal to half the pulse repetition frequency 
(PRF) of the imaging system. This is called 
the ‘Nyquist Limit’. The PRF is determined by 
the imaging depth, so as depth increases, the 
PRF, and the Nyquist Limit, are correspond-
ingly reduced. This is the basis of the so-called 
‘Range-Velocity Product’ which has constant 
value for a given ultrasound frequency: dou-
bling the sample depth halves the aliasing 
velocity, and vice-versa. Since Doppler shift is 
also proportional to the ultrasound frequency, 
aliasing can be reduced, and the Range-Velocity 
Product increased, by lowering the ultrasound 
frequency.

The practical effect of aliasing in PW Doppler 
is illustrated in Fig. 1.27. The tops of the posi-
tive velocities that exceed the Nyquist Limit 
are cut off and displayed as negative velocities, 

corresponding to the stagecoach wheel turning 
in reverse. A simple calculation shows that alias-
ing occurs at quite modest blood velocities: for 
a working depth of 15  cm, the round-trip time 
is approximately 200 μs and the maximum PRF 
5000 s−1. For an ultrasound frequency of 2.5 MHz, 
the Nyquist Limit is thus 2500 Hz and aliasing 
occurs at blood velocities above 0.75 m.s−1; and 
at 5  MHz aliasing begins at only 0.375  m.s−1. 
Provided that the flow is predominantly towards 
or away from the transducer, the zero velocity 
baseline can be shifted to favour one direction at 
the expense of the other, and it is thus possible to 
increase the aliasing velocity by a factor of up to 
two. Beyond this nothing can be done, and when 
high velocities are encountered, the display over-
laps and it not possible to tell whether the flow 
is towards or away from the transducer, let alone 
measure the velocity (Fig. 1.28).

�Clinical Applications of PW Doppler
The limitation imposed by aliasing makes PW 
Doppler generally unsuitable for quantifying 
obstructive valve lesions and its main clinical 
applications are to be found where spatial locali-

time

a

b

c

d

Fig. 1.26  Aliasing: (a) the imaging rate is high and the 
arrow is seen to rotate in a counter-clockwise direction; 
(b) with only two images per revolution, the direction of 
rotation is unknown; (c) with less that two images per 

revolution, it appears to rotate in a clockwise direction; 
(d) with only one image per revolution, it appears to be 
stationary
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sation is important, and velocities are relatively 
low (1–2 m.s−1 or less). Examples include:

•	 Flow waveforms across normal mitral and tri-
cuspid valves (e.g. for evaluating diastolic 
function and respiratory flow variation)

•	 Flow waveforms in the left- and right-
ventricular outflow tracts (e.g. for Continuity 
Equation calculations and for separating sub-
valvular from valvular lesions)

•	 Calculating Stroke Volumes in the aorta and 
pulmonary artery (e.g. for cardiac output and 
Qp/Qs shunt calculations).

•	 Pulmonary venous flow waveforms

�High PRF PW Doppler
The primary factor determining the aliasing 
velocity is the PRF, limited by working depth. If, 
the PRF is doubled, instead of Doppler shift data 
returning only from a single depth, it will arrive 
simultaneously from more than one sample vol-
ume, leading to ambiguity (Fig. 1.29). However, 
since the PRF has been doubled, so has the alias-
ing velocity. This technique, called ‘High PRF’ 
or ‘Extended range’ Doppler, can lead to confu-
sion as to the origin of Doppler signals, but by 
judicious placement of the beam so that the addi-
tional sample volumes are not in high-velocity 
areas, this usually can be avoided (Table 1.2).

Baseline

Baseline
Shifted

Aliasing

Fig. 1.27  Mild Aliasing 
can be removed by 
shifting the zero-
velocity baseline

Unambiguous
(CW)

Ambiguous
(PW)

Nyquist Limit

Nyquist Limit

+1/2f0

-1/2f0

Fig. 1.28  A high velocity jet caused severe Aliasing and the PW spectral display overlaps, resulting in loss of all veloc-
ity and direction data
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�Color Flow Imaging

The PW Doppler principle can be extended to 
detect backscattered echoes, not just from a sin-
gle ‘sample volume’ but from a matrix of small 
‘pixels’ on the 2-D image, or 3-dimensional 
‘voxels’ on a real-time 3-D image. To analyse 
the Doppler shifts in real time imposes burdens 
on the processing system, and it is not possible 
to display the full spectral data from numerous 
sample points simultaneously, but basic velocity 
information can be provided in the form of a dis-
play in which the color of each pixel indicates 
the local flow direction and the approximate 
velocity. (Fig.  1.30). The color flow data are 
superimposed on the 2-D or M-mode image. The 
standard convention is for flow towards the 
transducer to be shown as red and flow away 
from the transducer in blue; this is actually oppo-
site to the observation Doppler made when he 
studied the stars, but it apparently arose when 

pioneering investigators looked at flow in their 
own carotid arteries and thought it ought to be 
colored red!

�Advantages of Color Flow Imaging
Since its introduction in the mid-1980s, color 
Doppler has contributed greatly both to our 
understanding of blood flow patterns within the 
heart and great vessels, and also to diagnosis and 
management of heart disease. Many of these will 
become apparent in later Chapters, but broadly 
they can be listed as follows:

•	 It provides a rapid, comprehensive ‘overview’ 
of blood flow. This enables the echocardiogra-
pher rapidly to ascertain the presence of valve 
and shunt lesions, especially the un-expected, 
such as finding a persistent arterial duct in a 
middle-aged patient presenting with ‘left heart 
failure’

•	 It shows the spatial localization and extent of 
flow jets, for example the site of a VSD, or 
the path of an eccentric mxf jet from degen-
erative mitral valve disease. This also allows 
the operator to align the display cursor cor-
rectly for measuring the jet velocity with CW 
Doppler.

•	 When superimposed on an M-mode, it pro-
vides excellent temporal localisation, for 
example to show the point at which a prolaps-
ing mitral valve starts to leak (Fig. 1.31).

Velocity data from a single
sample is derived only
from selected depth, but is
subject to severe Aliasing

Data from several samples
arrive simultaneously:
there is some depth
ambiguity, but Aliasing is
reduced

Fig. 1.29  High PRF 
Doppler reduces 
Aliasing, but introduces 
some depth ambiguity

Table 1.2  Comparison of spectral Doppler modes

Mode Velocity data Depth data
Continuous 
wave (CW)

Correct None

Pulsed wave 
(PW)

Limited by aliasing Correct

High PRF Aliasing velocity 
doubled, or 
quadrupled

May be 
ambiguous
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�Limitations of Color Flow Imaging
While color Doppler has undoubtedly enriched 
understanding of blood flow within the heart, and 
is invaluable for detecting valve regurgitation and 
shunts lesions, it does have severe technical limi-

tations, which must be understood if the images 
are to be interpreted correctly.

Reduced Frame Rate  To form a 2-D image and 
superimpose color Doppler on it requires three or 

Fig. 1.30  A colour flow image is formed by sampling flow velocity at a number of points and indicating mean velocity 
values by coloured pixels superimposed on the 2-D image

Mitral valve closes Regurgitation begins

Fig. 1.31  Superimposing 
color on an M-mode 
recording relates the 
timing of valve 
movements to blood flow 
in this patient with 
HOCM
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more ultrasound pulses to be transmitted along 
each image line, with consequent reduction in 
frame rate and/or line density. With modern 
parallel-processing systems, this is less important 
than it used to be, but still requires the operator to 
minimise sector depth and angle, and restrict the 
color sector size if acceptable frame rates are to 
be maintained.

Aliasing  Since color Doppler is derived from 
PW Doppler, it suffers from aliasing, and to an 
even greater degree, because the effective PRF 
is reduced. Aliasing in a color image typically 
occurs at velocities above 0.5 m.s−1. It manifests 
on a color display as color inversion: red turning 
to blue, and vice-versa (Fig.  1.32). Thus, for 
steady flow towards the transducer, a velocity of 
0.4  m.s−1 is represented by pale red but as it 
increases to 0.6 m.s−1 it becomes pale blue. At 
1.0 m.s−1 (twice the aliasing velocity) the color 
display shows black; at 1.4 m.s−1 pale red again, 
1.6 m.s−1 pale blue, and so on. There is, how-
ever, one application where the limitation 
imposed by aliasing has been turned into a ben-
efit, and this is in the Proximal Isovelocity 
Surface Area (PISA) method for calculating 
instantaneous volumetric flow rates, which 
exploits the fact that as blood accelerates as it 

approaches a restrictive orifice, the velocity at 
which the color aliases is precisely known.

Mean Velocity, Peak Velocity and Turbulence  A 
color display can only show velocity at one point 
and at one time by a single color and it was there-
fore sensible that this should represent the mean 
velocity. Color Doppler does not attempt to show 
peak velocities. However, when flow is turbulent, 
there is a wide spectrum of local velocities: high 
and low, forward and reverse. This is indicated on 
a CW display as an increased peak velocity and 
broadening of the spectral band, but since the 
mean velocity is unchanged, it presented a chal-
lenge to color Doppler. The solution was to anal-
yse the time-variance of local velocity, and where 
the same pixel detects greatly different velocities 
in successive images, to modify the display, for 
example by showing those pixels in green. This is 
called variance mapping, but it places further 
strain on frame rates and aliasing velocity so is 
seldom used.

Flow Angle  Since the Doppler shift is the prod-
uct of blood velocity and the cosine of the angle 
between the flow axis and the ultrasound beam, 
the apparent velocity on a color display is deter-
mined both by the true blood velocity and by the 
angle at which the flow vector is intersected by 
the scanning beam. Not only does this mean that 
constant flow velocity is represented by a range 
of colors, but it can additionally introduce alias-
ing at higher velocities (Fig. 1.33).

�Tissue Doppler Imaging (TDI)

All moving objects intersected by the ultrasound 
beam generate Doppler shifts. For study of blood 
flow, Doppler signals from moving heart struc-
tures such as valve leaflets are removed by selec-
tive filtering, since they would generate 
high-amplitude artefacts. The filtering is possible 
because the characteristics of Doppler signals 
from blood and tissue are markedly different: 
blood generally has high velocities, and relatively 
low signal amplitude since the red cell scatterers 
are relatively sparse. Conversely, muscle and 

+0.5m/s

-0.5m/s
0.80.7

0.6

0.5

0.4

0.3 0.2

0.1

0

0.9

Increasing
velocity

Fig. 1.32  Aliasing in color Doppler. As velocity towards 
the transducer increases, the display changes from dark to 
light red. At the Aliasing velocity, it ‘flips’ to pale blue, 
and thence to darker blue. With further velocity increase, 
this process repeats. Once Aliasing has occurred, the 
observer no longer knows the true velocity
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valve tissue have much slower velocities and 
higher signal amplitudes as the cells are packed 
together (Fig.  1.34). The extent to which low 
velocities are removed can be controlled by the 
operator; excessive low-velocity attenuation 
causes a dark band either side of the zero-velocity 
baseline and is undesirable for recording, say, 
venous flows.

If, instead of removing low velocities, the high 
velocity signals from blood are filtered out and 
the velocity and amplification scales suitably 
adjusted, Doppler signals from tissue motions 
can be recorded, either as PW spectral displays or 
in color (2-D or M-mode) (Figs. 1.35 and 1.36).

�Power Mode (Amplitude) Imaging

As stated previously, the Doppler Shift is deter-
mined by velocity, but the intensity of the Doppler 
signal relates to the number of scatterers within 
the ultrasound beam. If there are a lot of scatter-
ers, but they are moving in random directions, the 
net velocity will be zero, but the amplitude of the 
Doppler signal remains high (Fig. 1.37). Thus, a 
display showing the amplitude or power of the 
Doppler signal shows the density of scatterers, 
regardless of their velocities. This type of display 
is used, often in conjunction with harmonic 
mode, in contrast studies (Table 1.3).

1 metre/sec

away zero towards

0.5 m/s

0.5 m/s

Velocity vector

Fig. 1.33  The velocity 
indicated by a color 
display is determined 
both by the true velocity, 
and the angle at which 
the flow vector intersects 
the scanning beam

Signal
Amplitude

Doppler Shift

Blood

Tissue

Low Pass High PassFilter Frequency

Tissue:
Low Velocity
Many scatterers

Blood:
High Velocity
Few scatterers

Fig. 1.34  By selectively 
filtering out high 
velocities, Doppler 
signals from tissue are 
displayed and those from 
blood are suppressed, 
and vice-versa
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Fig. 1.35  Doppler recordings showing (Left) blood velocity through the mitral valve and (Right) the velocity of the 
valve annulus

Fig. 1.36  Tissue 
velocity shown in the 
form of a colour 
M-mode

High mean Velocity

Lower mean Velocity, but
same number of scatterers,
so same Signal Amplitude

ZERO mean Velocity, but
same Signal Amplitude

Fig. 1.37  Doppler signal Amplitude is determined by the 
number of scatterers, and is independent of their 
velocities

Table 1.3  Summary of Doppler modes

Doppler mode Display
Spectral: Velocity:
 � Continuous wave (CW)  � Blood: high 

velocities
 � Pulsed wave (PW)  � Tissue: low 

velocities
 � High PRF Signal amplitude 

(power):
 � Blood: low 

amplitude
Color flow mapping (2-D and 
M-mode)

 � Tissue: high 
amplitude

Fundamental & harmonic Strain rate
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�Continuous-Wave (CW) Spectral 
Doppler

Instead of the brief pulses used for imaging, 
Continuous Wave (CW) Doppler requires transmis-
sion of a continuous train of sinusoidal ultrasound 
waves, and simultaneous reception of the returning 
backscattered echoes. This is achieved either by 
using a special dedicated transducer (commonly 
referred to as a ‘pencil probe’) containing two sepa-
rate crystals, or by assigning the crystal elements in 
the imaging transducer to two groups, one for trans-
mission and the other to detect the echoes. CW 
Doppler provides quantitative data on blood veloci-
ties of any magnitude, enabling flow volumes and 
pressure gradients to be calculated.

�The Continuity Equation and Flow 
Through a Restricting Orifice

Referring to Fig.  1.38, if a fluid, which is not 
compressible, flows along a rigid-walled pipe, 
the amount entering one end of the pipe must be 
the same as that leaving the other end. If the 

diameter of the pipe changes, this still holds true, 
so a reduction in cross-sectional area is compen-
sated for by an increase in mean velocity. This 
principle, known as the Continuity Equation, can 
be expressed as A1 × V1 = A2 × V2. Provided three 
of the terms in the equation are known, the fourth 
can be derived. This is used, for example, to 
determine the valve orifice area in aortic stenosis. 
The orifice is too small and irregular to be mea-
sured directly, but if the area of the outflow tract 
up-stream is measured, together with the 
up-stream and trans-valvular velocities, then the 
valve area can be calculated.

Figure 1.39 shows the application of 
Bernoulli’s Equation to the pressure-velocity 
relationships in mitral valve stenosis. In this 
example, and most clinical cases of obstructed 
blood flow (valve stenoses, aortic coarctation, 
restrictive VSD, etc.) the upstream velocity is 
small compared to the downstream velocity and 
the difference is further magnified when the val-
ues are squared, making it admissible to omit this 
term. In this case, the equation becomes:

P P V1 2
24- =

Velocity = V1 V2

A2Area = A1

Same volume per second flows in each section, therefore: A1 × V1 = A2 × V2

Fig. 1.38  The 
Continuity Equation

Pressure
Energy

Pressure Energy Lost = Velocity Energy Gained

Since VLA is usually small, (VLA)2 can be ignored

PLA

PLA - PLV = I/2. ρ [.(VLV)2 - (VLA)2]

PLA - PLV = I/2. ρ.(VLV)2

I/2. ρ .(VLA)2

I/2. ρ .(VLV)2

(ρ = Blood Density)

PLV

PLA

PLV

VLA

VLV

Left Atrium:

Left Ventricle:

Pressure Gradient = 4x(Jet Velocity)2

Velocity
Energy

Fig. 1.39  Application 
of Bernoulli’s Equation 
to left heart pressure-
velocity relationships in 
mitral stenosis
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when pressure is measured in mmHg and veloc-
ity in metres/second. This is the simple, easily 
memorized relationship, first introduced into 
clinical cardiology by Dr. Liv Hatle and col-
leagues in 1978, has largely superseded invasive 
pressure measurements for evaluation of cardiac 
lesions.

Successful application of CW Doppler to 
measure pressure gradients requires some appre-
ciation of its limitations, the greatest of which is 
the requirement to align the ultrasound beam 
with the direction of blood flow. Application of 
the Doppler Equation requires that the angle 
between the ultrasound beam and the blood flow 
be known, or for the angle to be sufficiently small 
that its cosine is effectively unity. In practice this 
means aligning the beam to within 15° of the 
flow, for which the cosine is 0.97 and the error in 
the value of (velocity)2 is <7%.

One potential disadvantage of CW Doppler is 
that it provides no information on the distance at 
which a flow signal is detected, since it employs 
a continuous stream of waves, and cannot detect 
the round-trip time of any individual echo. It 
therefore cannot indicate the distance to any 
moving blood stream, and if it encounters more 
than one (e.g. normal ventricular inflow through 
the mitral valve together with a regurgitant stream 
from the aortic valve), it superimposes the two. 
Although this appears to be a major problem, it 
usually is not the case in clinical practice, since 
identification of the source of a high velocity jet 
is usually apparent from the image and from the 
flow velocity profile. It was, however, to over-
come this limitation that an alternative form of 
Doppler display pulsed wave (PW) was 
developed.

�Is Ultrasound Safe?

Ultrasound is a form of energy, and at high 
power levels can be used to coagulate tissues, 
heat deep muscles or clean dirty surgical instru-
ments. Potential harmful effects are related to 
the beam intensity and ultrasound frequency. 
The energy lost through attenuation as the beam 
passes through tissues is converted to heat. The 

peak intensity as the ultrasound pulse passes 
may be quite high, but in pulsed modes (but not 
CW), there are large gaps between pulses (pulse 
duration 2 μs, interval between pulses 200 μs) 
so the average heating is quite low. The term 
used to express this is Thermal Index and is the 
ratio of the actual beam power to that required 
to raise the temperature of a specific tissue by 
1 °C. A particular issue arises with trans-esoph-
ageal scanning, where the transducer face is in 
contact with the esophagus and local heating 
could, in the event of a fault within the trans-
ducer, cause tissue necrosis. For this reason, the 
probe tip temperature is monitored and there is 
an automatic thermal cut-out in the event it 
becomes too high.

The pressure fluctuations within tissues as 
the ultrasound waves travel through them can 
be quite high. The potential for harm is quanti-
fied by the Mechanical Index, a parameter 
derived by dividing the peak negative wave 
pressure by the square root of the ultrasound 
frequency. Transthoracic scanning has caused 
hemorrhagic lesions on the lung surface of 
monkeys at MI 1.8. For this reason, most com-
mercial cardiac scanners limit the maximum 
power to MI 1.1.

The fact is that in over almost half a century of 
use, involving millions of scans in a wide variety 
of clinical settings (including trans-vaginal fetal 
imaging), no case of harm to a patient from diag-
nostic ultrasound has ever been documented. By 
any standards the risk-benefit ratio of diagnostic 
ultrasound is negligibly low, but there is no such 
thing as zero-risk and to minimise it the user 
should always employ the ‘ALARA’ principle 
(As Low As Reasonably Achievable) for machine 
power levels and patient exposure times.

�Conclusions

The modern echo machine derives a great deal of 
information from echoes generated from the 
ultrasound beam it transmits into the body. These 
include specular echoes from which real-time 
2-D/3-D images and M-mode traces are formed 
to study cardiac structures and their motion 
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patterns; and Doppler signals from backscattered 
from blood and tissues that can be processed to 
provide spectral displays and color flow maps. 
Additional processing produces derived data 
such as strain rate and power mode imaging. It 
can be likened to a toolkit, all powered by a sin-
gle source, the ultrasound beam. Each tool has its 

own particular applications; to use it optimally 
requires appreciation of its features, strengths 
and weaknesses. Together they form a powerful, 
non-invasive diagnostic armoury, which has rev-
olutionised cardiac diagnosis in almost every 
area of clinical activity from primary care to the 
operating room.
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