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Based on the high frame rate (HFR) imaging theories, an extended HFR imaging method has been developed recently in our lab where multiple limited-diffraction array beams or steered plane waves are
used in transmissions to reconstruct a high quality image of an equivalent dynamic focusing in both
transmissions and receptions. The method has the potential to simplify imaging systems because the fast
Fourier transform and square-wave aperture weightings can be used. The method is also flexible in using
different numbers of transmissions for a continuous trade-off between image quality and frame rate. In
this paper, we study the effects of phase aberration and noise on the extended HFR imaging method with
in vitro experiments and compare the results with those obtained with a conventional delay-and-sum
(D&S) method of a fixed-transmission focus and a dynamically-focused reception. In the experiments,
an ATS539 tissue-mimicking phantom and an Acuson V2 phase array transducer (128 elements, 2.5
MHz, and 0.15-mm pitch) were used. The transducer was driven by a homemade general-purpose HFR
imaging system that was capable of producing both the limited-diffraction array beams and steered plane
waves and echo data were acquired with the same system and then transferred to a personal computer via
a universal serial bus (USB) 2.0 link for image reconstructions. The phase aberration was introduced by
adding random phase shifts to both transmission and reception beams. The random noise was added to
the received radiofrequency echo data. Results show that the phase aberration and noise degrade both the
extended HFR and the conventional delay-and-sum (D&S) imaging method. However, images reconstructed with the extended HFR imaging method have an overall higher quality than those with the D&S
method given the phase aberration and noise models studied.
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I. INTRODUCTION
In 1941, Stratton studied a Bessel beam that does not diffract in theory.1 In 1987, Durnin
studied the Bessel beam experimentally2, 3 and termed it “nondiffracting beam” or “diffraction-free beam.” Because any practical beams that are produced with a finite energy and aperture will eventually diffract, Durnin’s terminologies were controversial and thus a new
4
term “limited-diffraction beams” was used by us. In 1991, new families of limited-diffrac5-8
tion beams called X waves were discovered. Unlike the Bessel beams, X waves contain
multiple frequencies and have the same phase and group velocities. In theory, limited-diffraction beams can propagate to an infinite distance without spreading. When these beams
are produced with a finite aperture and energy, they have a large depth of field (i.e., they do
not diffract over a large distance). Because of this property, limited-diffraction beams and
105
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other related beams have been studied extensively by many researchers in medical imaging,9-12 tissue property identification,13 nondestructive evaluation (NDE) of materials,14 blood
flow velocity15 and velocity vector16 imaging, fast ultrasound field computation for two-dimensional (2D) array transducers,17 optical coherent tomography (OCT),18 optical communications,19 and optics20 and physics21 areas. The importance of these beams and their
applications has also been reported by featured articles.22-24
Based on the X wave theories,5-8 a two-dimensional (2D) and three-dimensional (3D) high
frame rate (HFR) imaging method was developed in 1997.25-27 This method uses the fast Fourier transform (FFT) to reconstruct images and thus reduces computations and may simplify
imaging systems. Recently, the method has been extended to include various transmission
28-30
31, 32
33-35
schemes, such as multiple limited-diffraction array beam
and steered plane wave
transmissions. Multiple transmissions increase image signal-to-noise ratio (SNR), resolution
and contrast over a large field of view, achieving an equivalent dynamic focusing in both
28-30
transmissions and receptions. This allows a continuous trade-off between image quality
and frame rate for various medical applications. In addition, square-waves, instead of exact
sine and cosine aperture weightings, can be applied to limited-diffraction array beam transmissions28 and receptions36 to further improve the image quality and simplify imaging systems.
Phase aberration of biological soft tissues and signal noise of imaging systems are two major limiting factors on the quality of medical ultrasound imaging. The phase aberration is due
to an error of an assumption of speed of sound of objects to be imaged (first-order) and/or
variations of the speed of sound in inhomogeneous objects (second order). The phase aberration distorts wave fronts and introduces errors in beamforming, lowering image contrast and
resolution. In transmission, the phase aberration affects beam focusing and steering. In reception, it causes misalignment of echo signals and diminishes the signals in coherent summations of image reconstructions. In addition to the phase aberration, the signal noise of
imaging systems is another source of distortions that degrades the image quality by lowering
the SNR and image contrast. Because ultrasound signals are attenuated exponentially with
the increase of propagation distances, the noise limits the depth where usable ultrasound images can be reconstructed.
Because both the phase aberration and noise degrade image qualities and may cause inaccurate clinical interpretations of images, many researchers have studied their effects on medical ultrasound imaging and proposed methods for the correction of the phase aberration and
the reduction of noises. For example, Flax and O’Donnell used a cross-correlation peak to
measure the difference of arrival time on transducer elements to get phase correction profiles
to compensate for phase aberration.37 Nock et al used a speckle brightness method to do a
phase correction, where the signal from each element of the transducer was aligned relative
to a summed signal of all elements.38 Freiburger et al developed a local correlation and phase
closure method, in which the local phase closure was enforced within 4-element loop to correct phase errors.39 Rachlin tried to detect the difference of linear components in phase spectra of echoes and estimated phase correction profiles from the matrix of arrival time
measurements.40 Ng et al evaluated and reviewed several phase aberration correction algorithms.41 To reduce image noises and improve the SNR of imaging systems, O’Donnell used
a pseudo-chirp code excitation to increase the penetration of ultrasound.42 Shen et al used a
post-beamforming technique to enhance contrast resolutions.43 Aussel and Monchalin applied a deconvolution technique to echo data to reduce structure noises.44
Although the effects of both the phase aberration45 and noise46 have been studied previ25-27
ously for the HFR imaging method and have been compared with the conventional de47
lay-and-sum (D&S) method, they have not been studied for the extended HFR imaging
28-30
methods. In this paper, the effects of both the phase aberration and noise for the extended
HFR imaging methods were studied with in vitro experiments on an ATS539 tissue-mimick-

PHASE ABERRATION AND NOISE EFFECTS ON HFR IMAGING

107

ing phantom (ATS Laboratory, Inc.). The experiments were conducted with a homemade
general-purpose HFR imaging system28, 48, 49 and an Acuson V2 phased-array transducer
(Acuson Corp., Mountain View, CA, USA) of 128 elements, 2.5-MHz center frequency, and
0.15-mm pitch. The phase aberration was introduced by adding random phase shifts (phase
screens) to both transmission and reception beams. The random noise was added to the received radiofrequency (rf) echo data. For comparison, experiments were also conducted
with the conventional D&S method of a fixed transmission focus of 70 mm and a dynamically-focused reception. Results show that both the phase aberration and noise degrade the
quality of both the extended HFR imaging and the conventional D&S methods. However,
the overall quality of images reconstructed with the extended HFR imaging method is higher
than that of the D&S method under the same phase aberration and noise conditions and the
models studied. This demonstrates that the extended HFR imaging method could be a useful
tool for medical ultrasound imaging.

II. THEORY OF EXTENDED HFR IMAGING METHODS
A. Theory
28-30

The following is a brief summary of the theory of the extended HFR imaging method
that is used to reconstruct images in this paper. Assuming that there is a 2D array transducer
(a one-dimensional (1D) array is a special case of a 2D array) and the transducer is weighted
r
r
with a limited-diffraction array beam,25-27,31, 32 F RArray ( r0 , t), for a point scatterer located at r0 =
r
T
(x0, y0, z0) that is illuminated by a wave, F Array ( r0 , t), produced with the same transducer, ignoring multiple scattering (Born approximation),50, 51 one obtains an echo signal from all the
scatterers within a volume, V (see Eq. (8) of reference 28):
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where f ( r0 ) is an object function related to the scattering strength of the scatterers, t is the
time, * represents convolution with respect to time and where (see Eqs. (6) and (7) of reference 28, respectively):
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r
r
where K R = ( k x R , k y R , k zR ) and K T = ( k xT , k yT , k zT ) are the wave vectors of the array beams
in reception and transmission, k zR = k 2 - k x R - k y R ³ 0 and k zT = k 2 - k xT - k yT ³ 0,
where k = w/c, w = 2pf is the angular frequency, f is the frequency, c is the speed of sound in
the medium and where k x R , k y R , k xT and k yT are free parameters. T(k) and A(k) are the trans52
fer functions of the transducer for the reception and transmission, respectively, and H(k) is
53
the Heaviside step function.
Taking a temporal Fourier transform of Rk x + k xT , k y + k y (t) in Eq. (1) with respect to the time,
R
R
T
t, one obtains a relationship between the temporal Fourier transform of received echo signal
and the spatial Fourier transform of the object function (see Eqs. (8) and (9) of reference 28):
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spatial Fourier transform of the object function, f ( r0 ). Because of the relationship between a
limited-diffraction array beam aperture weighting and a 2D Fourier transform of echo sig28 ~
nals of transducer elements over the same transducer aperture, Rk ' , k ' ( w) is the same as a 3D
x
y
Fourier transform of the echo signal over both the transducer aperture and time.
In the following, a 2D version of Eqs. (4) and (5) (simply setting k yT = k y R º 0) will be
used for the reconstructions of images with the extended HFR imaging method through an
inverse Fourier transform of F ( k x' , k z' ).28
B. Image reconstruction methods
To reconstruct images with the extended HFR imaging method, two transmission scenar31-32
ios were used. One was with limited-diffraction array beams
and the other was with
steered plane waves. To acquire data, an Acuson V2 transducer was used, which is a 1D array with 128 elements, 2.5-MHz center frequency, 0.15-mm pitch, and 14-mm elevation dimension of a fixed 68-mm elevation focal length. To reconstruct images, the minimum and
28
maximum frequencies were set to 0 and 5 MHz, respectively. For limited-diffraction array
beam transmissions, the free parameter, k xT , was equally spaced from 0 to k xT - max , where
k xT - max = kcsin(p/4) and k c= 2pfc/c, and where fc was the center frequency of the transducer and
p/4 was a specified maximum equivalent steering angle off the axis of the transducer at the
center frequency. For each k xT , both sine and cosine aperture weightings with a square-wave
approximation were applied (see Eq. (16) of reference 28). Setting five steps of k xT , one obtains a total of 11 transmissions (one for a cosine weighting at k xT = 0, 5 for cosine
weightings at other k xT , and another five for sine weightings corresponding to the cosine
weightings). For 91 transmissions, there were 45 steps of k xT . Both 11 and 91 transmissions
were used in the image reconstructions and both of which had the same field of view that was
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larger than ±45°. For each pair of sine and cosine transmissions, two areas of the coverage of
F ( k x' , k z' ) were obtained (see Eq. (16) in reference 28). The final image was obtained by coherently summing the sub-images reconstructed from the partial coverage of F ( k x' , k z' ).28
The coherent superposition increased the image resolution, contrast, field of view and SNR.
The image quality was improved as the number of transmissions increased. To obtain the
Fourier-space coverage, a relationship between the coordinates of the echo Fourier domain,
~
29, 30
Rk ' , k ' ( w), and the spatial Fourier domain of the object function, F ( k x' , k z' ), was used:
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For steered plane wave transmissions,25-27, 33-35 linear time delays were applied to the transmission signals along transducer elements:

t ( x1 ) = - x1 sin z T / c

(7)

where x1Î(-D/2,D/2) is the position of the center of an element of the transducer, D is the aperture size of the transducer, and zT is the steering or Axicon angle of an X wave5-8 (see also
Eq. (2) of reference 28) that was fixed for each transmission. The steering angle was changed
from -p/4 to p/4 in 11 and 91 equally-spaced steps for 11 and 91 transmissions, respectively.
From each transmission, an area in the spatial Fourier domain of the object function was covered through Eqs. (4) and (5). Images were reconstructed with a coherent superposition of all
sub-images reconstructed from each transmission. Using a 2D case of Eq. (5), where k xT =
ksinzT, a relation between the coordinates of the echo Fourier domain and the spatial Fourier
29, 30
domain of the object function can be obtained , which was used to reconstruct the images
for steered plane wave transmissions in this paper:

ì
k xR = k x' - k sin z T
ï
í
k z'2 + k x'2
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2k z cos z T + 2k x' sin z T
î

(8)

For comparison, the conventional D&S method with a fixed transmission focal length of
70 mm and a dynamically-focused reception was also used to reconstruct images. In image
28
reconstructions, 91 transmissions were produced with an evenly-spaced sinzT, where zT
was also ranged from -p/4 to p/4. This resulted in more transmissions at smaller steering angles than at larger ones. To reconstruct images of 11 transmissions with the D&S method,
one out of every nine radial lines was extracted from the 91 transmissions over an image field
of view of ±p/4 and then the 11 lines were used to form an image with a bilinear interpolation. This approach shows that, when the image frame rate is increased (use only 11 transmissions) while maintaining a large field of view (e.g., ±p/4), the extended HFR imaging
method where a wide transmit beam is used outperforms the conventional D&S method
where a tightly focused transmit beam is used. To avoid the degradation of image quality of
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the D&S method, in most commercial imaging systems, either image depth or the field of
view has to be reduced when the image frame rate is increased.

III. EXPERIMENT CONDITIONS
A. Experimental methods
To study the effects of the phase aberration and noise on the extended HFR imaging
method with the limited-diffraction array beam and steered plane wave transmissions, in vitro experiments were performed with the homemade general-purpose HFR imaging system.28, 48, 49 The system has 128 independent channels, each has a broadband (about 0.05-10
MHz) linear power amplifier in transmission and is capable of producing ±144V arbitrary
waveforms with a 40-MHz/12-bit digital-to-analog (D/A) converter on a 75-W resistive load
with a 6.25-ns time delay accuracy (the time-delay circuits use a 160-MHz clock). The system also has 128 independent high gain (up to 108 dB), low-noise, and wideband (about
0.25-10 MHz) time-gain-control (TGC) amplifiers. Echo signals from each receive channel
are digitized with a 40-MHz/12-bit analog-to-digital (A/D) converter and stored in an
SDRAM of up to 512 MB. Data are transferred to a personal computer (PC) via a universal
serial bus (USB) 2.0 port for image reconstructions and the system is controlled with the
28
same PC via the same USB link.
In the experiments, the transducer described in the previous section was used. A one-cycle
sine wave pulse at the center frequency (2.5 MHz) was used to excite the transducer and the
time between adjacent transmissions was 187 ms, which gave a maximum image frame rate
of 486 and 59 frames/s for 11 and 91 transmissions, respectively. The rf echo signals were received with the same array and the signals were digitized at 40-MHz sampling rate and then
down sampled to 10 MHz for the extended HFR imaging method to reduce computations in
image reconstructions. The down sampling was possible because the echo signals were Fourier transformed with FFT (see Eq. (4)) in the extended HFR imaging method and the maximum frequency was 5 MHz. All frequency components beyond 5 MHz were ignored
(filtered out) and thus 10 MHz sampling rate was adequate. For the D&S method, the sampling rate remained at 40 MHz so that the delay computation would be accurate.
An ATS539 multifunction tissue-mimicking phantom was used in the experiments. A
cross-sectional structure of the phantom and the area for imaging are shown in figure 1. The
phantom has a 0.5 dB/cm/MHz attenuation and a speed of sound of 1,450 m/s. The imaging
area contains both line and cylindrical cystic targets. The diameter of the monofilament nylon wire targets is 0.12 mm and the diameters of the anechoic cylindrical cysts are 8, 6, 4, 3,
and 2 mm (from left to right), respectively.
B. Phase-aberration experiments
The phase aberration is a source of distortion in image reconstructions. Although the
phase aberration was studied in detail previously45 for the HFR imaging method with a single
plane wave transmission at zT = 0,25-27 it has not been studied for the extended HFR imaging
method where partially reconstructed images are superposed coherently to form a final image. In medical imaging, the phase aberration is most severe in fat layers near the surface of
transducers. Therefore, in this study, we assume that the phase aberration causes only time
shifts in both transmission and reception beams. We also assume that the phase shift profiles
across the transducer array elements are given by those in figure 2,45 which were obtained by
filtering a pseudo-random sequence with a spatial low-pass filter of a cut-off frequency of
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FIG. 1 Cross section and imaging areas of an ATS539 multipurpose tissue-mimicking phantom (ATS Laboratories, Inc.). The fan-shaped area (bounded by dashed lines) indicates the imaging area. Regions I (circular with
6.3-mm diameter and concentric with the cyst) and II (square with 19 mm on each side but excluding the circle) represent the cystic and background areas for the computation of contrasts of the cyst. The center of the cyst is at about
55.2 mm from the surface and the cyst has a diameter of 8 mm.

Lateral Distance (mm)
FIG. 2 Two-phase screens with random phase distributions. The same phase screens were applied to both transmissions and receptions in the experiments. The first (solid line) and the second (dotted line) phase screens have
maximum phase shifts of l/2 and 3l/4, respectively, where l = 0.6 mm is the wavelength. The transducer aperture is
19.2 mm, which is also the width of the phase screens. The phase screen has a maximum spatial frequency of p/l.
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about p/l, where l = 0.6 mm was the center wavelength of the transducer. The ranges of the
phase shifts of the phase profiles were ±0.25l (or ±0.5p) and ±0.375l (or ±0.75p), respectively. To introduce the phase aberration in the experiment, the imaging system was programmed to delay transmission pulse for each transducer element according to the phase
profile using one of the phase shift ranges. For each image reconstruction, all transmissions
and receptions used the same phase profile and the shift range, which is the case in practical
medical imaging. The flexibility of our imaging system has allowed us to do the experiments
without using a physical phase screen and given us an opportunity to study the effects of different phase screens on the extended HFR imaging method in the future. However, a physical phase screen may allow one to study phase distortions that is originated some distance
from the surface of a transducer.
C. Noise experiments
In addition to the phase aberration, noise of an imaging system may reduce the image quality.46 In a real imaging system, noise problems are complicated. There are many sources of
noises and each may have different statistical characteristics and effects on image reconstructions. However, in this paper, we will only study the effects of a bandpass random noise
of a fixed amplitude over the entire imaging depth. In the experiments, a pseudo-random sequence was first produced by a computer. Then, the sequence was filtered with a bandpass
filter of a -6 dB bandwidth of about 81% of the center frequency of the transducer (used a
Blackman window as the filter5, 25 to mimic a bandpassed nature of the transducer and the
matched bandpass filter of commercial imaging systems). Furthermore, the noise was assumed to have a fixed amplitude for echoes returned from all depths and was added to the rf
echo signals after the TGC amplifiers. This maintained about the same SNR due to the added
noise for all depths. The peak amplitudes of the noise were set to be 25% and 50%, respectively, relative to the peak values of the echo signals (notice that although the choices of the
peak amplitude ratios were arbitrary, they were used consistently for all the imaging methods for which comparisons were made to support the conclusions of the paper). Due to the
leaking of transmission signals into the receivers through the transmit/receive (T/R)
switches, the peak value of the echo signals from each transducer element was about the
same and was given by the saturated values near the surface of the transducer. Because of the
TGC, the echoes have more or less the same amplitude for the entire imaging depth and for
all of the 128 receive channels in all experiments. Therefore, the SNR was roughly determined by the ratio of the peak amplitude of the echo signals to the peak noise amplitude. Images were then reconstructed with the noise added echoes using the methods given in the
previous section. The experiments had also naturally included the noise from the imaging
system itself, which degraded image quality at a deeper depth.
It should be noticed that this simplified noise model would not affect the ability to assess
the effects of noise on various image reconstruction methods since the results can always be
compared at the same depths, although the added noise could be reduced in depths that are
closer to the transducer surface due to smaller TGC gains. In practical imaging system, the
SNR at deeper depths are of most concerns because signals may be attenuated heavily at
those depths.

IV. RESULTS
Images reconstructed with the limited-diffraction array beam and the steered plane wave
imaging with 11 and 91 transmissions under no phase shift, ±0.25l random shifts and
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FIG. 3 Results of in vitro experiments on an ATS539 tissue-mimicking phantom (see the imaging area shown in
figure 1) with limited-diffraction array beam transmissions. An Acuson V2 phased array (128 elements, 2.5-MHz
center frequency, 0.15-mm pitch, and 14-mm elevation aperture with a 68-mm elevation focal length) transducer
and a homemade general-purpose high frame rate imaging system were used in the experiments. The phase screens
in figure 2 were applied to the transducer elements in both transmissions and receptions. The speed of sound of the
phantom was 1,450 m/s and the depth of images was 120 mm. Images were log-compressed with a dynamic range of
50 dB. The time between adjacent transmissions was 187 ms. Panels (a), (b) and (c) represent images reconstructed
with 11 transmissions (486 frames/s) after applying random phase screens of 0, -0.25l to 0.25l, and -0.375l to
0.375l maximum ranges of phase-shifts, respectively, where l = 0.6 mm is the center wavelength. Panels (d), (e),
and (f) are the same as panels (a), (b) and (c), respectively, except that they were reconstructed with 91 transmissions
(59 frames/s).

±0.375l random shifts are shown in figure 3 and figure 4, respectively. As a comparison,
images reconstructed with the conventional D&S method with a transmission focal length of
70 mm and a dynamically-focused reception under the same conditions are shown in figure
5.
Results of the effects of the noise on the limited-diffraction array beam and steered planewave imaging are shown in figure 6 and figure 7, respectively. Similar to figure 5, images reconstructed with the D&S method under the same conditions of the noise are shown in figure
8 for comparison.
To study quantitatively the degradation of the contrast of an anechoic region due to the
phase aberration or noise, the following formula was used to calculate the contrast:45

Cc = 20 log10

mi
mo

(9)

where mi and mo were mean values inside and outside of the envelope detected images of the
cyst, respectively. For an anechoic region, an ideal imaging system would produce a contrast
value of -¥ according to Eq. (9). Any increase of Cc is due to the imperfection of the imaging
system.
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FIG. 4 Same as figure 3 except that the steered plane waves, instead of the limited-diffraction array beams, were
used in transmissions.

FIG. 5 Same as figure 3 except that the delay-and-sum (D&S) method, instead of the limited-diffraction array
beam imaging, was used for image reconstructions. The D&S method had a transmission focal length of 70 mm and
a dynamically-focused reception. The focus is marked with a < sign in each panel. The results of 11 transmissions
(top row) were obtained from those of 91 transmissions (bottom row) by evenly extracting each transmission out of
every 9 over the ±45° field of view and were produced with a bilinear interpolation.
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FIG. 6 Effects of random noise of an imaging system on the limited-diffraction array beam imaging. The experiment conditions and the figure layout are the same as those of figure 3, except that a bandpass filtered random noise
with peak amplitudes of 0% (panels (a) and (d)), 25% (panels (b) and (e)), and 50% (panels (c) and (f)) relative to the
peak amplitudes of the received signals were added.

FIG. 7 Same as figure 6 except that the steered plane waves, instead of the limited-diffraction array beams, were
used in transmissions.
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FIG. 8 Same as figure 6 except that the delay-and-sum (D&S) method, instead of the limited-diffraction array
beam imaging, was used for image reconstructions. The experiment conditions of the D&S method are the same as
those of figure 5.

The areas for the calculations of mi and mo are shown in regions I and II, respectively, in
figure 1. Region I has a diameter of 6.3 mm that is concentric with the cyst and region II is a
square area with 19 mm on each side but excluding region I. The cystic target was located at
about 55.2 mm in depth. The calculated contrasts for both the extended HFR imaging and the
D&S methods are shown in figure 9.

V. DISCUSSION
A. Orders of phase aberrations
There are two orders of phase aberrations. One is an error of the assumption of the speed of
sound of background tissues (first order) from the value of the speed of sound used in image
reconstructions. The other is due to tissue inhomogeneity (second order). The second-order
phase aberration is usually the main source of distortion in medical imaging. For most biological soft tissues, a speed of sound of 1,540 m/s is usually assumed. In this paper, only the
second-order phase aberration was investigated and the speed of sound of the rubber-based
ATS539 phantom was assumed to be 1,450 m/s which was given in the product specifications.
B. Phase aberration models
Phase aberration models in biological soft tissues are complicated. Organs in the human
body are not homogeneous in terms of the speed of sound. Moreover, refractions may occur
on the boundaries between different organs or different structures within an organ. Therefore, a distributed phase aberration model would be more appropriate to characterize such
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FIG. 9 Comparison of contrasts of a cylindrical cystic target of an ATS539 multifunction tissue-mimicking
phantom using regions I and II shown in figure 1 for the effects of the phase aberration (panels (1) and (2)) and noise
(panels (3) and (4)) on different imaging methods. For a perfect imaging system, the cystic target should have a -¥
dB contrast. Top two panels show results with 11 transmissions (TXs), while bottom two show those of 91 TXs. The
solid lines with a ‘star’ symbol (red) represent the results of the limited-diffraction array beam (LDB) imaging; the
dotted lines with ‘square’ symbol (blue) are the results of the steered plane wave (SPW) imaging; and the dotted
lines with a ‘circle’ symbol (black) are those of the Delay-and-sum (D&S) method with transmission focal length of
70 mm and a dynamically focused reception.

distortions. However, in practice, it is difficult to compensate for a distributed phase aberration. Fortunately, the internal organs of human body usually have a relatively smaller phase
aberration than that of the fat layers under the skin, which is near the surface of the transducer. Thus, a phase screen model is often used where the aberration layers of fat are simplified as a thin sheet of transparent but phase-shifting screen that is placed in front of the
transducer, i.e., the phase aberration causes only random time shifts in both transmit and receive echoes. In this paper, only the phase screen model was used.
C. Effects of phase aberration
The magnitude of phase aberration has a dramatic effect on the quality of reconstructed
images. From figures 3-5, it is clear that for a peak-to-peak random phase shift magnitude of
0.5 center wavelengths across the transducer aperture of about 32 wavelengths, the image
contrast is reduced significantly (see panels (b) and (e) in figures 3-5). As the magnitude increases to 0.75 center wavelengths, the image contrast is reduced further and the cystic targets are almost invisible (see panels (c) and (f) in figures 3-5). For the D&S method, the
images reconstructed have a lower overall contrast as compared to those reconstructed with
the limited-diffraction array beam and the steered plane wave methods using the same phase
screens (compare the panels of figure 5 to the corresponding panels of figures. 3 and 4). This
is because the images reconstructed with the D&S method of a fixed transmission focus and
dynamically-focused reception does not have a very high overall quality as compared to
those reconstructed with the extended HFR imaging method even without the phase aberra-
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tion (compare panels (a) and (d) among figures 3-5). This observation is interesting because
it demonstrates that for stationary objects,54 the extended HFR imaging method produces
higher quality images than the D&S method regardless of the phase aberration, in addition to
many other advantages as mentioned before.28
In figure 9, it seems to indicate that the contrast of images reconstructed with the D&S
method with 11 transmissions is higher than that with the extended HFR method. However,
this is of little interest because with 11 transmissions, the image resolution of the D&S
method is so poor that the object shapes are severely distorted (Figs. 3-5), which renders
these images useless for medical diagnosis. This indicates that without using the wide transmit beams that are used in the extended HFR imaging method, the benefit of a tightly focused
transmit beam of the conventional D&S method may be lost when image frame rate is increased while maintaining a large image depth and field of view.
D. System noises
As mentioned before, the noise of an imaging system is complicated and may be described
with different statistical models. In this paper, a simplified approach was used for a preliminary study of the effects of the noise, i.e., the noise was added to the echo signals after the signals were amplified by the TGC amplifiers. In practical imaging systems, TGC amplifiers
precede A/D converters. Thus, such noise is equivalent to that produced at the input of the
A/D converters. If the same amount of noise were added before the TGC amplifiers, the SNR
would be further reduced for echoes returned from deeper depths due to the attenuation of ultrasound by tissues. Even though in our study the SNR is maintained about constant for all
depths due to the TGC compensation, the effects of noise are still larger for object at deeper
depths because of a reduced resolution and lowered contrast of the original images (Figs.
6-8). Despite of the simplified noise model, the comparison studies performed are valid because the noise added at different depths remains localized around the respective depths.
From the simplified model of the noise, it is found that the overall image quality is higher
for the extended HFR imaging method as compared to that of the D&S under similar noise
conditions (Figs. 6-8). The higher noise immunity may be due to the coherent summation
used in the extended HFR imaging method.
As mentioned before, the comparison of the contrast of 11 transmissions shown in figure 9
(b) for the extended HFR imaging and the D&S method is not suitable for an assessment of
the image quality because the quality of the images reconstructed with the D&S method is
very poor.
E. Extended HFR and D&S Imaging
From the experiment results, it is clear that in the absence of the phase aberration, noise,
and motion,54 the extended HFR imaging method produces higher quality images than the
conventional D&S method with a fixed transmission focus of 70 mm and a dynamically-focused reception given the same number of transmissions (compare panels (a) and (d) among
figures 3-8). In addition, as the number of transmissions increases, image quality is improved for all the methods (see panels (a) and (d) in figures 3-8). This is consistent with our
previous studies.28-30 Even with the phase aberration and noise, it is found that the extended
HFR imaging method still outperforms the conventional D&S method in general. This may
be because the extended HFR imaging method reconstructs higher-quality images to start
with. It is worth noting that although the extended HFR imaging method lacks of transmission focusing in each transmission, which may reduce the SNR for each sub-image reconstructed from the transmission, the noise of the final images reconstructed is reduced
significantly via the coherently superposition.
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VI. CONCLUSION
Recently, the 2D and 3D high frame rate (HFR) imaging method25-27 was extended to include multiple transmissions with limited-diffraction array beams31, 32 (or their square-wave
approximations28, 36) and steered plane waves33-35 to obtain high quality images of equivalent
dynamic focusing in both transmissions and receptions.28-30 In this paper, the effects of both
the phase aberration and noise on the extended HFR imaging method have been studied with
in vitro experiments on an ATS539 multipurpose tissue-mimicking phantom. The experi28, 48, 49
ments were performed with a homemade general-purpose HFR imaging system
and an
Acuson V2 128-element and 2.5-MHz phased array transducer and results are compared un47
der the same conditions to those of the conventional delay-and-sum (D&S) method with a
transmission focus of 70 mm and a dynamically focused reception. The results show that images reconstructed with the extended HFR imaging method have a higher quality than those
reconstructed with the D&S method, given the phase aberration and noise models studied.
This may be due to the coherent superposition of multiple sub-images used in the extended
HFR imaging method. This also demonstrates that, under the phase aberration and noise
models studied, the extended HFR imaging method is superior to the conventional D&S
method in terms of the image resolution, contrast and immunity to both phase aberration and
noise effects for stationary objects,54 in addition to having other advantages such as simplifying imaging systems.28, 36
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