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7) ABSTRACT

Systems and methods for adaptive clutter demodulation in
ultrasound imaging are provided. The method includes
obtaining a plurality of beamformed radiofrequency (RF)
lines representing an ultrasound scan and computing dis-
placements between adjacent ones of the plurality of beam-
formed RF lines. The method also includes generating
shifted RF lines through depth based on the computed
displacements and normalizing the shifted RF lines to yield
normalized RF lines. The method also includes assembling
an ultrasound image based on the normalized RF lines.

100
( BEGIN )
102 f

\

y

OBTAIN BEAMFORMED RF LINES DURING
ULTRASOUND SCAN
104

\ A

COMPUTE DISPLACEMENTS BETWEEN ADJACENT ONES OF
BEAMFORMED RF LINES
106

A 4

OBTAIN SHIFTED RF LINES THROUGH DEPTH
108

A 4

NORMALIZE EACH INTERPOLATED RF LINE
110

\ 4

GENERATE ULTRASOUND IMAGE
FROM NORMALIZED RF LINES
112

A\ 4

RETURN
114




Patent Application Publication = May 18,2017 Sheet 1 of 12 US 2017/0135675 Al

C=Y /7
|

OBTAIN BEAMFORMED RF LINES DURING
ULTRASOUND SCAN
104

!

COMPUTE DISPLACEMENTS BETWEEN ADJACENT ONES OF
BEAMFORMED RF LINES
106

:

OBTAIN SHIFTED RF LINES THROUGH DEPTH
108

!

NORMALIZE EACH INTERPOLATED RF LINE
110

!

GENERATE ULTRASOUND IMAGE
FROM NORMALIZED RF LINES
112

1
gl (o)




Patent Application Publication = May 18,2017 Sheet 2 of 12 US 2017/0135675 Al

7.8MHz Imaging Frequency
1000 : . S

DAL dinnd™ ' 49

it

800

&

D
&
&S
% = 3
&5
&

400

Bandwidth {(Hz)

Epv
£
{sjui} AHOOBA

200,

L

0 -20 -40 ~60 80 100
Power {(dB)

Fig. 2a



Patent Application Publication = May 18,2017 Sheet 3 of 12 US 2017/0135675 Al

3.1MHz Imaging Frequency

1000 123
800 199
¥ <
< 600 : 74 &
= o0 Baseline | 8
ke, &
= —
T 400 49 3
& z
200 i 25

/71 Adaptively
" e 3 Demodulated
0 -20 -40 -60 -80 -100

Power (dB)

Fig. 2b



Patent Application Publication = May 18,2017 Sheet 4 of 12 US 2017/0135675 Al

200;

10

150-

e
o3

Bandwidth (Hz)

53

{syuaw) Ayooiep

0"~.VM-'->°'W"W\2~ - e v " <t:” Lt :

‘  NoMed Fit.
0 -20 -40 -60 -80  -100
Power (dB)

Fig. 2¢



Patent Application Publication = May 18,2017 Sheet 5 of 12 US 2017/0135675 Al

Depth Sample 990
680 After amplitude
demodulation
(182.00B)

@ |
g 640
?
= 620+

600

°80; 1000 2000 3000

Slow-time points

Fig. 3a



Patent Application Publication = May 18,2017 Sheet 6 of 12 US 2017/0135675 Al

Depth Sample 1240

1550

Bassline |
(196.5d8) | |

sy
£
-
L

Amplitude

o %)
~
N
LI

After amplitude

demodulation
(196.0dB)
1490, 1000 2000 3000
Slow-time points

Fig. 3b



Patent Application Publication

Reilative Power (dB)

iz.(:}%

May 18,2017 Sheet 7 of 12

US 2017/0135675 Al

. Proposed Filter +
20Hz High Pass

Cuff
tHelosse

N 2{}%2 High Pass

S0Hz

High Pass

5 0 15 20

Time (s)

Fig. 4a

25



Patent Application Publication = May 18,2017 Sheet 8 of 12 US 2017/0135675 Al

Fig. 4b

W
s} ey it ey s} wdogy

) -

5

£
1
3
£
3
3

Propossd
20Hz High Pass
50Hxz High Pass



US 2017/0135675 Al

May 18,2017 Sheet 9 of 12

Patent Application Publication

qg "84

e {10} BO g smuady {aml s anuady Loy ro g BaaRdy £ TS0 aunuaty {110} Bh sinusdy
05~ e g 0 5o S0 0 g9 L28 TE § TS 3 1 & 5400 80 oI5 ¢ SN + TR *5 8 |

{wnt yideg

5]

FPOR-Y P HiA Pal L4 THI TPRw SE Hid PO i PR ON
eg ‘34
) {13 80 sunliady {L07 80 unusdhy {1150} S04 ety Gy "80g sy {1us} 80 aunpuedy
M..wmas g mm, N i mw ; e i P Aimw VE um.w;mw ! mw X 4

{v{?
<]
W e

{

RO H L H PR b PR SE i TPeRy Hixd PO BN



Patent Application Publication = May 18,2017 Sheet 10 of 12 US 2017/0135675 Al

@ al Proposed Filter + |
g | 20Hz High Pass
g .
3 2
(1.
O 2%
o Contract Release?CHZ High Pass
5 {8s) {13s) |
5 10 15 20 25 30
Time (s)

Fig. 6a



Patent Application Publication = May 18,2017 Sheet 11 of 12 US 2017/0135675 Al

s

Apmertave Py, fore

Fig. 6b

Aporiure Pog i

e

]
T} gty

Proposed

£ £
A B
XL £
N 4
oo ke
£ o
™ Y



US 2017/0135675 Al

May 18,2017 Sheet 12 of 12

Patent Application Publication

L "84

084 1HOVAUELIN B

1474 \V\\\M ,w

Ol ,

m HOSVIAVO U TOUINOD

=

474

AV 1dSIO

HEdd OO

HOSSI008d

k

HOLINOW

HOSS300Hd
AY1dSIO

- OSSO0
| HE 1ddOO-NON

[5OHR0S LNSAS DINIL]
ﬁr //vmm
3%
UIONGSNYHL
o7




US 2017/0135675 Al

ADAPTIVE CLUTTER DEMODULATION
FOR ULTRASOUND IMAGING

CROSS-REFERENCE TO RELATED
APPLICATIONS

[0001] This application claims priority to and the benefit
of US. Provisional Patent Application No. 62/254,290,
entitled “Adaptive clutter demodulation scheme for measur-
ing low velocity blood flow,” filed on Nov. 12, 2013, the
contents of which are herein incorporated by reference in
their entirety.

STATEMENT REGARDING FEDERALLY
FUNDED RESEARCH

[0002] This invention was made with government support
under grant numbers 1RO1HL128715 and S100D016216-
01 awarded by National Institutes of Health. The govern-
ment has certain rights in the invention

FIELD OF THE INVENTION

[0003] The present invention relates to ultrasound imag-
ing, and more specifically to apparatus and methods for
adaptive clutter demodulation in ultrasound imaging.

BACKGROUND

[0004] Blood perfusion imaging with ultrasound is still
extremely challenging but also clinically invaluable. Perfu-
sion, which encompasses the slowest flow in the smallest
vasculature, 1s a crucial component for evaluating applica-
tions like tumor treatment and monitoring because it
involves the exchange of nutrients between blood and tissue.
Measuring perfusion with ultrasound is challenging because
tissue motion artifacts, otherwise known as tissue clutter,
interfere with the signal from slowly moving blood. Contrast
agents have been employed to enhance ultrasound imaging
for measuring slower flow [1]. However, apart from adding
to the cost, invasiveness, and variability of tissue clutter
interference problem, ultrasound imaging without contrast
agent could enable unlimited real-time measurements of
perfusion, which would substantially improve current under-
standing, monitoring, and diagnosis of vascular diseases and
cancers.

[0005] The signal from tissue has been variably reported
in the literature as being as low as 10-100 times and up to
100 dB larger than the signal from blood [2-7]. Filters are
therefore required in conventional ultrasound blood flow
imaging to remove the overpowering tissue clutter signal
and uncover the signal from blood flow. Apart from the
tissue signal being stronger than the blood signal, tissue also
moves at lower frequencies or velocities than most blood
flow. Therefore, conventional techniques that use standard
high pass filters are sensitive to blood motion that is faster
than tissue motion. For lower blood velocities, conventional
high pass filters become less effective because tissue clutter
can have Doppler frequencies similar to or even higher than
those from slower flow. This results in the tissue clutter
signal overlapping with, and overpowering, the signal from
lower velocity blood flow. Conventional Doppler methods
are therefore limited to blood velocities higher than those of
tissue clutter. Two primary sources of tissue clutter are
sonographer hand motion and patient physiological motion.
Considering only these sources of clutter, Heimdal et al.
estimated theoretical lower bounds on blood velocity esti-
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mates at different imaging frequencies with conventional
Doppler imaging [4]. Based on this work, it has been long
claimed that ultrasound without contrast agent is limited to
blood velocities greater than 5 mm/s for center frequencies
less than 8 MHz [1, 4]. This limitation eliminates sensitivity
to small vessels such as capillaries, venules, and 17-32 pm
diameter arterioles, which have average velocities of 0.33
mny/s, 3.3 mm/s and 2-4 mm/s, respectively [4, 8]. Perfusion
imaging is therefore seemingly impossible with conven-
tional ultrasound methods because perfusion constitutes the
slowest blood flow in the capillaries or smallest vasculature.

[0006] Conventional high pass filters have been investi-
gated extensively for the purpose of suppressing tissue
clutter in Doppler ultrasound imaging. Among the most
commonly used are infinite and finite impulse response (IIR
and FIR) filters and polynomial regression filters [5-7]. Each
of these can be optimized in terms of frequency response
parameters for maximal tissue removal and blood flow
preservation. Additionally, since short ensemble lengths
have made high pass filtering difficult in the past, the
development of high frame rate acquisition techniques,
including plane wave and plane wave synthetic aperture
imaging, have allowed for the implementation of more
effective high pass filtering [9, 10]. However, none of these
conventional techniques account for the overlap between the
tissue clutter and low velocity blood flow signals. Thus, even
a perfectly optimized and sufficiently sampled conventional
high pass filter will be unable to preserve slow flow.

[0007] Advanced pre-filtering techniques have been pro-
posed to improve signal separation of tissue and slow flow.
Among these is the method by Thomas and Hall, expanded
upon by Bjaerum and Torp, which involves adaptively
modulating the tissue clutter bandwidth to be centered
around DC before applying a conventional high pass filter
[3, 11]. This method is useful for conventional Doppler
acquisitions with shorter ensemble lengths that can result in
a non-zero tissue clutter mean Doppler frequency that inter-
feres with uniform blood flow. However, with the develop-
ment of the aforementioned high frame rate acquisition
techniques, longer ensemble lengths are more easily
achieved. With these longer acquisition sequences, the Dop-
pler frequency shift of tissue clutter becomes less of a
problem since tissue does not typically move uniformly over
long periods of time and will therefore already be centered
about DC. Furthermore, due to the spectral broadening of
the tissue clutter signal caused by sonographer hand motion
and patient physiological motion, even if the tissue clutter
signal is modulated to be centered about DC, the bandwidth
of the clutter still makes it impossible to separate the blood
signal from the tissue clutter signal. Due to the tissue
spectral broadening problem encountered in the frequency
domain of the slow-time dimension (i.e., along the
ensemble), other methods have been proposed that aim to
incorporate time domain and/or spatial dimensional infor-
mation to better separate tissue clutter from low velocity
blood flow [7, 12]. These methods use singular value decom-
position (SVD) or principle/independent component analy-
sis (PCA/ICA) to take advantage of the temporally and
spatially coherent nature of tissue compared to the tempo-
rally and spatially incoherent nature of blood flow. For
example, Gallippi and Trahey proposed a time-domain blind
source separation (BSS) technique that used principle or
independent component analysis with polynomial regression
to adaptively filter out tissue clutter [12]. Demene et al. also
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proposed an SVD algorithm using plane wave synthetic
aperture imaging to incorporate the spatial characteristics of
blood and tissue while also benefiting from large slow-time
ensemble sizes [7]. Although these methods have improved
slow flow measurements with ultrasound, the spectral broad-
ening of the tissue clutter bandwidth is still an issue that
ultimately limits the preservation of slow flow signal with
the previously proposed methods.

[0008] Alternative beamforming methods have also been
shown to improve slow flow estimation, including coherent
flow power Doppler (CFPD) [13, 14]. CFPD increases
sensitivity to slow flow by suppressing thermal noise and
clutter [14]. However, spectral broadening of the tissue
clutter signal will still limit estimation of the slowest flow.

SUMMARY

[0009] Embodiments of the invention concern systems
and methods for adaptive clutter demodulation in ultrasound
imaging. In a first embodiment of the invention, there is
provided a method. The method includes obtaining a plu-
rality of beamformed radiofrequency (RF) lines representing
an ultrasound scan and computing displacements between
temporally adjacent ones of the plurality of beamformed RF
lines. The method also includes generating shifted RF lines
through depth based on the computed displacements and
normalizing the shifted RF lines to yield normalized RF
lines. The method also includes assembling an ultrasound
image based on the normalized RF lines.

[0010] In the method, the computing can include calcu-
lating relative displacements between the plurality of beam-
formed RF lines and reconstructing absolute displacements
for the plurality of beamformed RF lines based on the
relative displacements. The relative displacements can be
calculated using an autocorrelation method and the absolute
displacements can be reconstructed by one of a modeling
approach (e.g., a least squares approach) or an external
motion tracking approach.

[0011] In the method, the generating of the shifted lines
can include shifting from the computed absolute displace-
ment to zero displacement. The generating of the shifted
lines can be performed by calculating a non-rigid shift of the
plurality of beamformed RF lines from the computed abso-
lute displacement to zero displacement. This calculation can
be performed using a shape-preserving piecewise cubic
interpolation or other interpolation technique.

[0012] In the method, the normalizing can include scaling
the shifted RF lines according to a ratio of a power of an
envelope of the plurality of beamformed RF lines and an
amplitude of the envelope of the plurality of beamformed
RF lines. The normalizing further can also include, prior to
the scaling, resampling the normalization function to
account for additional non-rigid shifts in the shifted RF
lines. For example, by median filtering the ratio through
slow-time.

[0013] In a second embodiment, an ultrasound system is
provided. The system includes at least one transducer front
end, at least one display processor configured for assembling
an ultrasound image based on received RF line data, and at
least one Doppler processor coupled to the at least one
transducer front end and the at least one display processor.
In the system, the at least one Doppler processor is config-
ured for obtaining, from the at least one transducer front end,
a plurality of beamformed RF lines associated with an
ultrasound scan and computing displacements between adja-
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cent ones of the plurality of beamformed RF lines. The at
least one Doppler processor is also configured for generating
shifted RF lines through depth based on the computed
displacements, normalizing the shifted RF lines to yield
normalized RF lines, and transmitting data representing the
normalized RF lines to the at least one display processor.
[0014] In the system, the computing can include calculat-
ing relative displacements between the plurality of beam-
formed RF lines and reconstructing absolute displacements
for the plurality of beamformed RF lines based on the
relative displacements. The relative displacements can be
calculated using an autocorrelation method and the absolute
displacements can be reconstructed by one of a modeling
approach (e.g., a least squares approach) or an external
motion tracking approach.

[0015] In the system, generating of the shifted lines can
include shifting from the computed absolute displacement to
zero displacement. The generating of the shifted lines can be
performed by calculating a non-rigid shift of the plurality of
beamformed RF lines from the computed absolute displace-
ment to zero displacement. This calculation can be per-
formed using a shape-preserving piecewise cubic interpola-
tion or other interpolation technique.

[0016] In the system, the normalizing can include scaling
the shifted RF lines according to a ratio of a power of an
envelope of the plurality of beamformed RF lines and an
amplitude of the envelope of the plurality of beamformed
RF lines. The normalizing further can also include, prior to
the scaling, resampling the normalization function to
account for non-rigid shifts in the shifted RF lines. For
example, by median filtering the ratio through slow-time.
[0017] In a third embodiment, there is provide a non-
transitory computer-readable medium, having stored thereon
a computer program executable by a computing device. The
computer program includes code sections for causing the
computing device to obtain a plurality of beamformed
radiofrequency (RF) lines representing an ultrasound scan
and compute displacements between adjacent ones of the
plurality of beamformed RF lines. The computer program
also includes code sections for causing the computing device
to generate shifted RF lines through depth based on the
computed displacements, normalize the shifted RF lines to
yield normalized RF lines, and assemble an ultrasound
image based on the normalized RF lines.

[0018] The computer-readable medium can also include
code sections for causing the computing device to compute
the displacements by calculating relative displacements
between the plurality of beamformed RF lines and recon-
struct absolute displacements for the plurality of beam-
formed RF lines based on the relative displacements.
[0019] The computer-readable medium can also include
code sections for causing the computing device to generate
the shifted lines by shifting the beamformed RF lines from
the computed absolute displacement to zero displacement.
[0020] The computer-readable medium can also include
code sections for causing the computing device to normalize
the shifted RF lines by scaling the shifted RF lines according
to a ratio of a power of an envelope of the plurality of
beamformed RF lines and an amplitude of the envelope of
the plurality of beamformed RF lines.

BRIEF DESCRIPTION OF THE DRAWINGS

[0021] FIG. 1 is a flowchart of steps in an exemplary
process in accordance with an exemplary embodiment;
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[0022] FIG. 2a is an x-y plot of median bandwidths and
corresponding velocities computed across depths and avet-
aged across subjects for three beamforming methods before
and after adaptive demodulation in accordance with the
various embodiments;

[0023] FIG. 256 is an x-y plot of median bandwidths and
corresponding velocities computed across depths and aver-
aged across subjects are shown for a single plane wave
beamforming method before and after adaptive demodula-
tion in accordance with the various embodiments;

[0024] FIG. 2¢ is an x-y plot of median bandwidths and
corresponding velocities computed across depths and aver-
aged across subjects for an SPW acquisition method and for
different steps of the adaptive demodulation scheme in
accordance with the various embodiments;

[0025] FIGS. 3a and 35 are x-y plots of amplitude through
slow-time for two example depths;

[0026] FIG. 4a is an x-y plot of median relative power
with respect to the last in vivo arterial occlusion time point
is plotted for every 50 ms for various filtering cases,
including a filtering case in accordance with the various
embodiments;

[0027] FIG. 4b shows power Doppler and corresponding
B-mode images for 2, 8, 22, and 30 second time points of the
in vivo arterial occlusion scan for each filtering case in FIG.
da;

[0028] FIGS. 5a¢ and 55 show power Doppler images for
the 2 and 5 second time points of in vivo arterial occlusion
scans and muscle contraction scans, respectively.

[0029] FIG. 6a is an x-y plot of median relative power
with respect to the last in vivo muscle contraction time point
plotted for every 50 ms for various filtering cases, including
a filtering case in accordance with the various embodiments;
[0030] FIG. 65 shows power Doppler and corresponding
B-mode images for 5, 17, 26, and 30 second time points of
the in vivo muscle contraction scan for each filtering case in
FIG. 6a; and

[0031] FIG. 7 shows an exemplary ultrasound device that
can be configured for implementing the various embodi-
ments.

DETAILED DESCRIPTION

[0032] The present invention is described with reference
to the attached figures, wherein like reference numerals are
used throughout the figures to designate similar or equiva-
lent elements. The figures are not drawn to scale and they are
provided merely to illustrate the instant invention. Several
aspects of the invention are described below with reference
to example applications for illustration. It should be under-
stood that numerous specific details, relationships, and
methods are set forth to provide a full understanding of the
invention. One having ordinary skill in the relevant art,
however, will readily recognize that the invention can be
practiced without one or more of the specific details or with
other methods. In other instances, well-known structures or
operations are not shown in detail to avoid obscuring the
invention. The present invention is not limited by the
illustrated ordering of acts or events, as some acts may occur
in different orders and/or concurrently with other acts or
events, Furthermore, not all illustrated acts or events are
required to implement a methodology in accordance with the
present invention.

[0033] As noted above, due to spectral broadening caused
by patient motion and sonographer motion, conventional
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Doppler methods are limited to blood flow above 5-10 mm/s
for clinical imaging frequencies. In turn, this eliminates
sensitivity to slow flow or perfusion [4]. To address this, the
various embodiments are directed to an adaptive clutter
demodulation scheme that suppresses the bandwidth of
tissue clutter while still preserving signal from slow blood
flow. This approach successfully reduces hand motion spec-
trum bandwidths, allowing for the detection of blood veloci-
ties well below assumed theoretical limits. Additionally, this
type of filter results in a higher dynamic range between the
lowest and highest blood flow time points compared to
conventional filters for both in vivo studies.

[0034] Theory
[0035] Tissue Clutter and Blood Flow Models
[0036] A model for tissue vibration and blood flow has

been previously derived by Heimdal and Torp [4]. For the
purposes of describing the various embodiments, one can
consider a simple realization of their classic model relevant
to a single resolution cell. Assuming only stationary tissue is
present in the field of view, the resulting Doppler signal at
a given spatial location and slow-time point, t, could be
represented as the sum of the complex amplitudes of the
tissue scatterers,

M-1 e8]
Stissue(l) = Z Am
m=0

where A is the complex amplitude of a single scatterer and
M is the total number of tissue scatterers. Since the scatterers
are stationary over time, this signal is constant in the time
domain and thus a delta function at DC in the frequency
domain.

[0037] Similarly, if only blood were present, the resulting
signal at time t could be represented as the sum of complex
amplitudes modulated by the velocity term of each scatterer
since each blood scatterer is moving at some variable speed,

M-l ) 2
Shlood(l) = Z Apphen®
n=0

where
A n
and

2v,()cos(6,)woT
¢

Wall) =

are the amplitude and angular frequency of a single blood
scatterer, respectively, and N is the total number of blood
scatterers. In the angular frequency equation, ¢ is the speed
of sound, v, (t) is the velocity of a single scatterer at time t,
0, is the beam-to-flow angle of a single scatterer, o, is the
transmit frequency, and T is the time between pulses or the
inverse of the pulse repetition frequency (PRF). Since blood
scatterers will be moving at some distribution of velocities,
this signal would be broad-band and centered about the
mean frequency or velocity of the blood scatterers in the
frequency domain.
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[0038] When both stationary tissue and flowing blood are
present simultaneously, the signals in (1) and (2) are
summed, as

M-1 N-1 3)
Stissue+hlood () = Z Ap + Z Anejﬂ/n(f)f
m=0 n=0

Conceptually, for this case, the tissue and flowing blood
signals are well separated in the frequency domain. Tissue
clutter is therefore easily removed with conventional tech-
niques.

[0039] When sonographer hand motion and patient physi-
ological motion are present, the signal will include an
additional velocity term that describes the resulting axial
motion of both the tissue and blood scatterers,

=

-1 N-1 ) 4
A+ Z Anej“’n(’)’ % e/“’physioﬂono(’)’
0 n=0

Siissue-+blood (1) =

3
I

where ¢, 0., 18 the angular frequency produced by
patient physiological and sonographer hand motion. This
motion causes a phase modulation that contributes to the
spectral broadening of the tissue clutter bandwidth and
causes an overlap between the tissue clutter and blood flow
signals in the frequency domain. This spectral broadening
makes conventional high pass filtering of the tissue clutter
signal difficult when trying to image lower velocity blood
flow.

[0040]

[0041] The various embodiments are directed to a method
that aims to estimate and correct for the patient physiologi-
cal and sonographer hand motion in order to remove the
added velocity term in (4),

Adaptive Clutter Demodulation Model

M-1 N-1 ) ®
Z An ¥ Z Ayedont|x
m=0 n=0

ej“’physioﬁono(’)’ X e’j‘:’physioﬂono(’)’

Stissue-+blood () =

where (I)physiomno is an estimate of the angular frequency
produced by patient physiological and sonographer hand
motion. By correcting for this motion at each depth through
slow-time, we are adaptively demodulating the tissue clutter
bandwidth. In doing so, we are ideally left with (3), which,

again, can easily be addressed with conventional filters.

[0042] However, due to both tissue motion and inherent
scanner variability, there will also be an amplitude modu-
lation that will further contribute to the spectral broadening
of the tissue clutter signal [4]. Amplitude modulation from
tissue motion could result from residual axial motion as well
as lateral and elevational motion. Looking only at the tissue
signal portion of (3) (i.e., (1)), after the described phase
demodulation, this amplitude modulation can be simply
described by a time dependence of the amplitude term in (1),
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M-1 (6)
Stissue (I) = Z Am(D)
m=0

[0043] To correct for this time dependence of the tissue
amplitude, the signal at each time point can be normalized
to the amplitude of the envelope or magnitude of the signal
at that time point. Additionally, to preserve the power of the
original signal, each term can then be multiplied by the
power of the envelope of the signal. These operations are
summarized in the following equation,

L M
3 BussuelDl
£l

J L

Jrom(D) = ———
L Ani0

[0044] whereL is the total number of slow-time points. By
applying this correction to the tissue only signal, we remove
the time dependence and are ideally left with (1),

M

-1

®

Stissue (1) =

—
i

Am(l)] X faon(1)

0

=
L

An

il
&

[0045] However, this operation becomes more compli-
cated when applied to (3) since f, (1) will reflect amplitude
modulation of both tissue and blood and will subsequently
also demodulate the blood signal amplitude (which will
likely also exhibit a time dependence of the amplitude term),

)]

L
2. IStissuerblood (l)|2
=1

fnorm([) = L

M-1 N-1 ]
Y An(D+ T An(neient
m=0 =0

M-1 N-1

, (10)
Stisuesblood 1) = [Z An(D+ ) An(z)ef‘“ﬂ‘”’]fmm(r)

m=0 n=0

[0046] To avoid demodulating the blood signal amplitude,
we can take advantage of the difference in temporal coher-
ence length between tissue and blood. The blood signal has
a shorter coherence length so it is possible to apply a median
filter to f (1) that is large enough to not incorporate
changes in blood amplitude while still small enough to
capture significant tissue amplitude modulation. In doing so,
we can approximate (7) from (9),

L (11
Y Wrissuesbtood DI

L
fnorm([) =R m

-1 N-1 ] k
2 AnD+ I A (efenr
m=0 n=0
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-continued

Soll

|Sris:ue (l)lz

L
M-1
2 Anll)
m=0

[0047] where R{xk} represents the median filter opera-
tion on signal x of size k samples. Substituting the median
filtered £, ,.(t) for (9) in (10), tissue amplitude modulation
can be removed while blood amplitude modulation is pre-
served,

M-1 N-1 (12)
An()+ D AR | foom(0

0 n=0

g

Stissuetblood () =

g
— T

N-1
~ > Anln)+ Z An(Defen
{i] n=0

3
i

One is then left with (3), which, again, can easily be
addressed with conventional filters.

[0048]

[0049] An ultrasound imaging process 100, implementing
the described phase demodulation, is shown in FIG. 1. This
process can be implemented for processing acquired ultra-
sound data using software, dedicated hardware, or a com-
bination of software and hardware. In particular embodi-
ments, the process can be implemented by Doppler
processor configured to receive the echo data and to output
flow data, which can be subsequently combined with ana-
tomic data generated by a conventional ultrasound processor
(e.g., a non-Doppler processor) to form a complete image
with anatomic and flow data.

[0050] Although the methodology described below and
discussed above refers primarily to power Doppler methods,
the various embodiments are not limited in this regard.
Rather, the same type of processing can be used with other
ultrasound flow detection methods.

[0051] The process begins at step 102 and proceeds to step
104. At step 104, RF lines generated during an ultrasound
scan (or rather the data representing such RF lines) is
obtained. For example, signals representing echo data
received by a transducer of an ultrasound device can be
converted to beamformed RF line data. The generation of
such data is not limited to any particular method.

[0052] Thereafter, at step 106, the displacements between
adjacent ones of the beamformed RF lines are obtained. In
some embodiments, step 106 can first involve using a
standard 2D autocorrelation method to compute relative
displacements between temporally adjacent beamformed
radio frequency (RF) lines [17]. However, in other embodi-
ments, the displacements can be obtained via other methods,
including, but not limited to frequency domain methods,
time-domain methods, Bayesian methods, and hybrid
approaches. Step 106 can also involve, similar to approaches
used in phase aberration estimation [18], [19], computing
absolute displacements relative to the first RF line. In some
embodiments, this can be performed via some type of
modeling technique or approach. For example, absolute
displacements can be reconstructed by solving the system of
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equations in a least square error sense. An exemplary system
of equations is shown below in (13):

0 1 0 0 .. 0| Dy=0 13
dor 100 D
&0 1 -1 ¢ ..0| D

= .0

dy 112 0 0 0 ..1 Dy

where d, represents the relative displacement estimate
between time steps m and n (assuming thatd,, =-d, ., which
is not true for all motion estimators), D, represents absolute
displacement at slow-time point 1, and L represents the

number of samples through slow-time.

[0053] Once the displacements are computed at step 106,
the process can proceed to step 108 where the RF lines are
shifted through depth. This step involves performing a
non-rigid shift of the RF lines. In some embodiments, this
can be implemented via some type of interpolation. For
example, step 106 can involve using a shape-preserving
piecewise cubic interpolation (or any other interpolation
technique) to interpolate each RF line through depth from
the computed absolute displacement to zero displacement.
This is equivalent to adaptively demodulating the slow-time
Doppler signal based on the tissue motion as discussed
above with respect to (5). For this method to work, one
assumes that the tissue is sufficiently bright relative to the
blood signal so that only tissue displacement is reflected in
the 2D autocorrelation [20]. However, where the tissue is not
sufficiently bright relative to the blood signal, other dis-
placement estimators besides autocorrelation methods can
be used. For example, biased motion estimators can be used,
such as those that utilize Bayes theorem.

[0054] As described in the previous section, to minimize
tissue signal amplitude variation through slow-time while
still preserving the power of the signal, each shifted RF
signal through slow-time is normalized. Thus, at step 110,
the shifted RF lines obtained at step 108 can be normalized.
For example, the shifted RF lines can be normalized to the
amplitude of the envelope of the signal divided by the
amplitude of the power of the envelope of the signal. This
normalization function is described above in equation (11).
In some embodiments, the normalization function is resa-
mpled, to account for the non-rigid shift of the RF lines,
before the correction (i.e., the normalization) is provided at
step 110 to avoid blood signal amplitude demodulation, as
described in the previous section. For example, this can
involve the normalization function being median filtered
through slow-time.

[0055] The normalized RF lines can then be used at step
112 to generate an ultrasound image. Step 112 can involve
any conventional ultrasound imaging processes, including,
but not limited to application of a clutter filter to the
normalized RF lines. For example, a traditional infinite
impulse filter (IIR) or a spatiotemporal filter based on
singular value decomposition (SVD) or a principal compo-
nent analysis (PCA) type of decomposition. Thereafter, the
process can proceed to step 114 to resume previous process-
ing, including repeating process 100 for other ultrasound
datasets.
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Examples

[0056] The examples shown here are not intended to limit
the various embodiments. Rather they are presented solely
for illustrative purposes.

[0057] Data Acquisition and Beamforming

[0058] Channel data from plane wave transmit sequences
were acquired using a Verasonics Vantage Ultrasound Sys-
tem (Verasonics, Inc., Kirkland, Wash.), [12-5 linear array
probe, and C5-2 curvilinear array probe. Data were acquired
at center frequencies of 7.8 MHz and 3.1 MHz to end depths
of 3 cm and 8 cm with the L12-5 and C5-2 probes,
respectively.

[0059] Three different plane wave acquisition methods
were used and will be referred to as follows: single plane
wave (SPW), plane wave synthetic aperture (PWSA), and
multple plane wave (MPW). For the SPW method, 0° plane
waves were acquired at a PRF of 1 kHz. For the PWSA case,
plane waves angled between -8° to 8° spaced by 2° were
acquired at a PRF of 9 kHz. All 9 angles were used to
generate a single frame using the method by Montaldo et al.,
resulting in a final PRF of 1 kHz [10]. For the MPW case,
0° plane waves were acquired at a PRF of 9 kHz and 9
consecutive plane waves were summed together after beam-
forming to generate a single frame, again resulting in a final
PRF of 1 kHz.

[0060] All data sets were beamformed with a Harm
apodization on receive, and aperture growth with an F/# of
2 was implemented during beamforming. To obtain a final
sampling frequency greater than or equal to 50 MHz, RF
data were upsampled through depth by an integer number of
samples (i.e. 62.5 MHz and 50 MHz for the data acquired
with the L12-5 and C5-2 probes, respectively). Before
further processing, a FIR band-pass filter was applied to the
beamformed RF data.

[0061] All beamforming and signal processing for all
studies were done in MATLAB R2014a (The MathWorks,
Inc., Natick, Mass.).

[0062] Sonographer Hand Motion Phantom Experiment
[0063] Six volunteers were recruited for three separate
trials to acquire channel data of a quality assurance phantom
(CIRS Model 040GSE, Norfolk, Va.) for 3 s using a transmit
voltage of 30.7V. For the first trial, the [L12-5 probe and
PWSA acquisition method were used. The 0° plane wave
acquisitions from this sequence were used to generate SPW
data. For the second trial, the L12-5 probe and MPW
acquisition method were used. Since the PWSA and MPW
methods theoretically improve SNR, trials 1 and 2 were
performed to assess signal-to-noise ratio (SNR) limitations
of the standard SPW method that is used for all other studies
in this paper. Additionally, since the PWSA method focuses
on transmit while the SPW and MPW methods do not, the
effects of transmit beamforming induced spectral broaden-
ing were also examined. The third trial used the C5-2 probe
and SPW acquisition method. This trial provided an assess-
ment of the algorithm at a lower imaging frequency (3.1
MHz), compared to the standard 7.8 MHz imaging fre-
quency used for the rest of the studies. For all three trials, the
phantom was stationary, so that sonographer hand motion
was the only variable causing clutter motion in the acquired
data. All four imaging cases are summarized in Table I and
labeled as cases 1 through 4.

[0064] Foreach imaging case, the center line of each plane
wave acquisition was beamformed to generate an M-mode
image. The adaptive clutter demodulation scheme was per-
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formed on each M-mode image. A median filter of 35
samples (35 ms) was used for the amplitude demodulation.
Using the same cutoffs as the first band-pass filter, an
additional FIR band-pass filter was applied to the RF data
through depth. Median full-width bandwidths through depth
were computed for dB values down to =100 dB for spectra
before and after adaptive demodulation. Median bandwidths
were then averaged across subjects. Corresponding velocity
estimates in mm/s were computed using

_ [ e+ 1000

v
2% fy

where f'is slow-time frequency in Hz, ¢ is the speed of sound
in m/s, and f; is the center frequency in MHz.

[0065] Additionally, to compare the individual effects of
the phase and amplitude demodulation steps, bandwidth
values were also computed for data without the amplitude
demodulation for the SPW case from trial 1 (imaging case
2). Furthermore, two additional median filters of size 71 and
141 samples (71 ms and 141 ms) as well as amplitude
demodulation with no median filtering were compared for
this case to assess the effects of median filtering on the tissue
clutter bandwidth.

[0066] No Motion Phantom Experiment

[0067] To illustrate inherent scanner amplitude variability
and to demonstrate the need for the described amplitude
demodulation step in the proposed algorithm, a no motion
phantom experiment was performed. The [.12-5 probe and
SPW acquisition method were used to acquire data of the
same quality assurance phantom used for the sonographer
hand motion experiment using a transmit voltage of 30.7V.
For this experiment, a ring stand and probe holder were used
to ensure that no sonographer hand motion, patient physi-
ological motion, or blood flow were present. This imaging
case is summarized in Table T and labeled as case 5.
[0068] The center line of each plane wave acquisition was
beamformed to generate an M-mode RF image. Amplitude
through slow-time was qualitatively compared between raw
RF data, phase demodulated RF data, and phase and ampli-
tude demodulated (with no median filtering) RF data for two
example depths. Additionally, the power of each signal was
computed and compared to ensure that the amplitude
demodulation preserves signal power as expected.

[0069] In Vivo Experiments

[0070] Two experiments were performed to assess in vivo
feasibility: an arterial occlusion (reactive hyperemia) experi-
ment and a muscle contraction (exercise hyperemia) experi-
ment. Informed written consent in accordance with Vander-
bilt University’s institutional review board (IRB) was given
by two subjects prior to the start of the studies. The first
subject was a healthy 35 year old male, and the second
subject was a healthy 44 year old male. For both studies,
data were acquired at a transmit voltage of 16.1V using the
L12-5 probe and SPW method.

[0071] For the arterial occlusion experiment, ultrasound
data were acquired of the first subject’s left gastrocnemius
muscle. To prevent the muscle from being compressed
against the scanning bed, the subject’s left calf was raised
slightly and his left foot was secured while lying supine. To
ensure continual contact of the probe, hand-held assistance
was used in combination with a stationary holder to hold the
probe beneath the gastrocnemius muscle. Just above the
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subject’s left knee, a thigh blood pressure cuff (Model CC22,
Hokanson, Bellevue, Wash.) was placed and inflated within
1 s to 300 mmHg using a rapid cuff inflator (Model E20,
Hokanson, Bellevue, Wash.). To induce arterial occlusion in
the calf, the cuff was kept inflated for 5 min [21-23]. Data
were acquired for 30 s after the 5 minute occlusion. The cuff
was rapidly released about 4 s into the scan. This imaging
case is summarized in Table I and labeled as case 6.
[0072] For the muscle contraction experiment, ultrasound
data were acquired of the second subject’s left tibialis
anterior muscle. While lying supine, the subject’s left calf
was slightly raised and his left foot was secured in a
custom-built foot device [24]. A trained sonographer held
the probe on the tibialis anterior muscle and data were
acquired for 30 s. About 8 s into the scan the subject was
instructed to dorsiflex his left foot to contract and induce
perfusion in the tibialis anterior muscle. After 5 s the subject
relaxed his foot. This imaging case is summarized in Table
I and labeled as case 7.

[0073] For both in vivo studies, for every 50 ms time
point, data were broken up into 2 s time frames, and each
time point was processed separately. Using parallel receive
beamforming, full images were formed from each plane-
wave transmit.

[0074] Adaptive clutter demodulation was applied to each
in vivo time point. A median filter of 35 samples (35 ms) was
used for the amplitude demodulation. Using the same cutoffs
as the first band-pass filter, an additional FIR band-pass filter
was applied to the RF data through depth. Three fourth order
Butterworth filtering cases were compared: a 20 Hz high
pass applied to adaptively demodulated RF data (proposed
filter case), a 20 Hz high pass applied to normal RF data, and
a 50 Hz high pass applied to normal RF data. For each
method and signal through slow-time, a mirror reflection of
the first 20 points was added to the beginning of the signal
before filtering and removed after filtering. Power Doppler
images were generated by computing amplitude at each

pixel using
L
s’
p= =1 ,
L

where L is the number of slow-time points and s(1) is the
slow-time signal at time 1. A 5x5 spatial median filter and a
7x1 slow-time median filter were applied to each power
Doppler image.

[0075] For each filtering case and time point, the relative
change in power from the last time point was measured at
each pixel within a muscle region of interest (ROI). To
improve robustness to outliers, for each filtering case, each
image was scaled to the 90th percentile of the image with the
highest median ROI value. Additionally, due to large motion
artifacts during the cuff release and contraction of the
muscle, time points with Sth percentile normalized cross
correlation values below 0.995 were not included when
measuring the dynamic ranges of the relative median power
and when scaling the images.

[0076] Adaptive demodulation with no median filtering
and with median filters of size 71 and 141 samples (71 ms
and 141 ms) were also compared for single time point for
each in vivo case to further assess the effects of amplitude
demodulation.
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TABLE 1

Imaging cases are summarized by field of view (FOV), tissue
clutter source, probe, acquisition method, and transmit voltage.

Motion Transmit
Clutter Probe Acq. Voltage
Case FOV Source (Frequency) Method (V)
1 Phantom  Hand L12-5 (7.8 MHz) PWSA 30.7
2 Phantom Hand 112-5 (7.8 MHz) SPW 30.7
3 Phantom  Hand L12-5 (7.8 MHz) MPW 30.7
4 Phantom  Hand C5-2 (3.1 MHz) SPW 30.7
5  Phantom  Nomne L12-5 (7.8 MHz) SPW 307
6 in vivo Patient & 1.12-5 (7.8 MHz) SPW 16.1
Hand
7 in vivo Patient & L12-5 (7.8 MHz) SPW 16.1
Hand
[0077] SNR Comparison

[0078] The phantom and in vivo studies could potentially
result in different SNRs due to different transmit voltages
used for the acquisitions. Additionally, the PWSA and MPW
methods will likely result in increased SNR. To quantify
potential differences in SNR and its effect on the proposed
algorithm, SNR was computed in each case using

SNR = —,
1

where p is the slow-time RF A-line to A-line normalized
cross correlation value [25]. Kernel sizes of 5 and 1.25
wavelengths were used for the normalized cross correlation
estimates for the in vivo contraction study and all other
studies, respectively. The RF-lines were upsampled to a
sampling frequency of 156 MHz to improve the quality of
the estimate. A sliding window of 1 sample was used to
estimate p for every pair of RF lines over the first 2 s of data
from the in vivo and phantom acquisitions. A Fisher trans-
formation was performed, and then averaged the estimates
of p. The SNR was then estimated after performing the
inverse transformation.

[0079] Results
[0080] Sonographer Hand Motion Phantom Results
[0081] For the data acquired with the 1.12-5 probe (7.8

MHz imaging frequency, imaging cases 1-3), adaptive
demodulation resulted in median full-width bandwidths
through depth averaged across subjects below 20 Hz at -60
dB for all three acquisition methods, allowing for velocities
below 1 mm/s to potentially be detected, as seen in FIG. 1a
and Table II.

[0082] FIG. 2a shows the median bandwidths and corre-
sponding velocities computed across depths and averaged
across subjects are shown for three beamforming methods,
SPW (teal), PWSA (orange), and MPW (purple), before
(solid) and after (dashed) adaptive demodulation (with a 35
sample median filter during amplitude demodulation) at dB
values down to =100 dB for the data acquired with the [.12-5
probe (7.8 MHz imaging frequency, imaging cases 1-3).
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TABLE 2

Median bandwidths (BWs) through depth averaged across subjects
and corresponding velocities at -60 dB before and after adaptive
demodulation for the sonographer hand motion experiment (imaging
cases 1-4). Standard error of the mean is shown in parenthesis for

each measurement.

Imaging BW Velocity Before BW Velocity After
Case  Before (Hz) (mn's) After (Hz) (mms)
1 168 (£21.8) 8.28 (x1.07) 9.67 (+442) 048 (x0.22)
2 220 (£32.0) 10.8 (x1.58) 12.6 (£5.40)  0.62 (£0.27)
3 183 (£29.7) 9.02 (£1.46) 13.0 (£5.28)  0.64 (x0.26)
4 150 (£14.3) 185 (x1.76) 174 (z4.13)  2.14 (x0.51)
[0083] For the data acquired with the C5-2 probe (3.1

MHz frequency, imaging case 4), adaptive demodulation
resulted in an average median full-width bandwidth of 17.4
Hz at -60 dB, allowing for velocities below 2.14 mm/s to
potentially be detected, as shown in FIG. 15 and Table II.

[0084] FIG. 25 shows the median bandwidths and corre-
sponding velocities computed across depths and averaged
across subjects are shown for the SPW beamforming method
before (solid) and after (dashed) adaptive demodulation
(with a 35 sample median filter during amplitude demodu-
lation) at dB values down to -100 dB for the data acquired
with the C5-2 probe (3.1 MHz imaging frequency, imaging
case 4).

[0085] FIG. 2¢ and Table III show the results for the
individual effects of phase and amplitude demodulation as
well as the effects of median filtering with the amplitude
demodulation on the tissue clutter bandwidth for the L12-5
SPW method (7.8 MHz imaging frequency, imaging case 2).

[0086] In particular, FIG. 2¢ shows the median band-
widths and corresponding velocities computed across depths
and averaged across subjects at dB values down to -100 dB
for the data acquired with L.12-5 probe and SPW acquisition
method (7.8 MHz imaging frequency, imaging case 2) for
different steps of the adaptive demodulation scheme. The
bandwidth axis is cropped to highlight differences at -60 dB.
Baseline bandwidths are shown as the solid teal line, band-
widths after phase demodulation are shown as the green
dotted line, and bandwidths after phase & amplitude
demodulation with different sized median filters are shown
as follows: 141 (pink dotted line), 71 (purple dotted), 35
(teal dotted), no median filter (orange dotted).

[0087] These results show that the amplitude demodula-
tion improves the bandwidth suppression and that smaller
median filter sample sizes result in lower bandwidths. At
-60 dB, phase demodulation (no amplitude demodulation)
resulted in a full-width bandwidth of 37.3 Hz (1.84 mny/s).
Amplitude demodulation further improved the bandwidth
suppression, with smaller median filter sizes resulting in
increased suppression. Amplitude demodulation with no
median filtering decreased the bandwidth to 4.69 Hz (0.23
mny/s) while amplitude demodulation with 35 sample
median filtering decreased the bandwidth to 12.6 Hz (0.62
mny/s).
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TABLE 3

Median bandwidths (BWs) through depth averaged across subjects and
corresponding velocities at —60 dB after adaptive demodulation with
phase demodulation, phase & amplitude demoedulation with varying

median filter sizes, and phase & amplitude demodulation with no

median filtering for data acquired with the L12-5 probe and SPW

acquisition method (7.8 MHz imaging frequency, imaging case 2).
Standard error of the mean is shown in parenthesis for each

measurement.

Velocity After
Demed. Method BW After (Hz) (mm/s)
Phase 37.3 (£6.31) 1.84 (+0.31)
Phase & Amp. (No 4.69 (£1.19) 0.23 (+0.06)
Med. Filt.)
Phase & Amp. (Med. 12.6 (£5.40) 0.62 (+0.27)
Filt. 35)
Phase & Amp. (Med. 23.8 (£6.33) 1.17 (£0.31)
Filt. 71)
Phase & Amp. (Med. 28.7 (+4.93) 1.42 (£0.24)

Filt. 141)

[0088] No Motion Phantom Results

[0089] For the no motion phantom case, amplitude at
single depths through slow-time are shown in FIGS. 3a and
34 for the baseline RF data, phase demodulated RF data, and
phase and amplitude demodulated RF data (without median
filtering).

[0090] In particular, FIGS. 3¢ and 36 show amplitude
through slow-time for example depths of 990 and 1240. For
each depth, amplitude is shown for the raw RF data (medium
gray), phase demodulated RF data (light gray), and phase &
amplitude demodulated RF data with no median filtering
(black). Individual power estimates in dB for each line are
shown next to corresponding labels.

[0091] Based on these results, since no added motion is
present, it is clear that amplitude modulation can result from
inherent scanner variation. From the two example depths
from the same data set shown in FIGS. 3a and 34, large
variable trends in amplitude modulation are present in the
baseline data. Amplitude decreases through slow-time in
FIG. 3a while it increases through slow-time in FIG. 3b. For
both example depths, phase demodulation is able to correct
for this larger bias, while amplitude demodulation is able to
correct for additional smaller variations in amplitude, as
seen in FIGS. 3a and 3b4. Additionally, both phase and
amplitude demodulation preserve the power of the baseline
signal as seen in the power estimates shown next to corre-
sponding labels in FIGS. 3a and 3b.

[0092] In Vivo Results

[0093] In vivo results are shown in FIGS. 4a, 4b, 5a, 55,
6a, and 6b.

[0094] In particular, FIG. 4a shows the median relative

power with respect to the last in vivo arterial occlusion time
point is plotted for every 50 ms for each filtering case:
proposed filter+20 Hz high pass Butterworth (black), 20 Hz
high pass Butterworth (medium gray), and 50 Hz high pass
Butterworth (light gray). The time point at which the cuff
was released is marked by the dark gray vertical dotted line
(at about 4 s). FIG. 4b shows the power Doppler and
corresponding B-mode images (bottom row) for 2, 8, 22, and
30 second time points of the in vivo arterial occlusion scan
for each filtering case: proposed filter+20 Hz high pass
Butterworth (first row), 20 Hz high pass Butterworth (sec-
ond row), and 50 Hz high pass Butterworth (third row). For
each filtering case, each image is scaled to the 90% percen-
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tile of the power Doppler image with the highest median
value within a fixed muscle ROI. Time points between 4.55
and 6.95 seconds were excluded when computing the scal-
ing for the power Doppler images.

[0095] FIGS. 5a¢ and 55 show power Doppler images for
the 2 and 5 second time points of the in vivo arterial
occlusion scans and muscle contraction scans, respectively,
for data processed with no median filter (first column) as
well as with median filters of size 35 (second column), 71
(third column), and 141 (fourth column). The corresponding
B-mode images are shown in the last column. For each case,
the power Doppler images are scaled to the 90% percentile
of the power Doppler image with the highest median value
within a fixed muscle ROI across all time points. For the
arterial occlusion images in (a), time points between 4.55
and 6.95 seconds were excluded when computing the scal-
ing for the power Doppler images. The power Doppler color
bar in this figure is rounded to the closest decimal to
summarize all three cases, but the actual maximums of each
image from left to right are as follows: 1.1, 1.4, 1.3, and 1 4.
For the muscle contraction images in (b), time points
between 7.7 and 15.65 seconds were excluded when com-
puting the scaling for the power Doppler images. The power
Doppler color bar in this figure is rounded to the closest
decimal to summarize all three cases, but the actual maxi-
mums of each image from left to right are as follows: 1.3,
1.6, 1.8, and 1.9.

[0096] FIG. 6a shows the median relative power with
respect to the last in vivo muscle contraction time point is
plotted for every 50 ms for each filtering case: proposed
filter+20 Hz high pass Butterworth (black), 20 Hz high pass
Butterworth (medium gray), and 50 Hz high pass Butter-
worth (light gray). The time points at which the muscle
contracted and released are marked with arrows (at about 8
s and 13 s, respectively). FIG. 65 shows power Doppler and
corresponding B-mode images (bottom row) are shown for
5, 17, 26, and 30 second time points of the in vivo muscle
contraction scan for each filtering case: proposed filter+20
Hz high pass Butterworth (first row), 20 Hz high pass
Butterworth (second row), and 50 Hz high pass Butterworth
(third row). For each filtering case, each image is scaled to
the 90% percentile of the power Doppler image with the
highest median value within a fixed muscle ROI. Time
points between 7.7 and 15.65 seconds were excluded when
computing the scaling for the power Doppler images.

[0097] Turning first to FIGS. 4a and 4b, FIG. 4a shows
that the proposed filter case resulted in a larger dynamic
range compared to the two conventional filters for the in
vivo arterial occlusion study. Dynamic ranges between the
highest and lowest blood flow time points were 4.73 dB, 2.1
dB and 0.15 dB for the proposed, 20 Hz conventional, and
50 Hz conventional filters, respectively. FIG. 45 further
supports these results qualitatively. Compared to the con-
ventional filter cases, the proposed filter case shows larger
differences between the time point during occlusion (2 s) and
the time points after occlusion (8, 22, and 30 s). Addition-
ally, the conventional filter cases show structure that is
strongly correlated to structure seen in the B-mode images,
whereas the proposed filter case exhibits more independent
structure, especially within the muscle ROI (between 0.5
and 1 cm depths).

[0098] Time points between 4.55 s and 6.95 s were
excluded when determining the axis in FIG. 4a and the
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scaling of the images in FIG. 4b. Excluded time points had
5th percentile normalized cross correlation values below
0.995.

[0099] As noted above, FIG. 5a compares power Doppler
images at the 2 second time point of different median filter
sizes used during amplitude demodulation. Increasing the
size of the median filter increases the amount of B-mode
structure seen in the power Doppler image. This trend
supports the results from the hand motion study which
showed increased suppression of the tissue clutter with
decreased median filter sizes used for the amplitude
demodulation.

[0100] Similar results were observed for the muscle con-
traction study. FIG. 6a shows that the proposed filter case
resulted in a larger dynamic range compared to the two
conventional filters for the in vivo muscle contraction study.
Dynamic ranges between the highest and lowest blood flow
time points were 4.80 dB, 1.95 dB and 0.16 dB for the
proposed, 20 Hz conventional, and 50 Hz conventional
filters, respectively.

[0101] FIG. 65 further supports these results qualitatively.
Compared to the conventional filter cases, the proposed filter
case shows larger differences between the time point before
contraction (5 s) and the time points after contraction (17
and 26 s). Again, the conventional filter cases show structure
that is strongly correlated to structure seen in the B-mode
images, whereas the proposed filter case exhibits more
independent structure, especially within the muscle ROI
(between 0.5 and 1 cm depths).

[0102] Time points between 7.7 s and 15.65 s were
excluded when determining the axis in FIG. 6a and the
scaling of the images in FIG. 65. Excluded time points had
5th percentile normalized cross correlation values below
0.995.

[0103] FIG. 56 shows power Doppler images at the 5
second time point for the proposed filter case with different
median filter sizes used for the amplitude demodulation.
Similar to the in vivo occlusion study, increasing the size of
the median filter appears to increase the amount of B-mode
structure seen in the power Doppler image. Again, this trend
supports the results from the hand motion study which
showed increased suppression of the tissue clutter with
decreased median filter sizes used for the amplitude
demodulation.

[0104] SNR Results

[0105] SNR values for the hand motion data acquisitions
were computed to be 37.7 dB, 45.3 dB, and 46.4 dB, for the
SPW, PWSA, and MPW sequences, respectively. For the in
vivo data, SNR was computed to be 36.8 dB and 40.9 dB,
for the occlusion and contraction studies, respectively.

Discussion

[0106] The sonographer hand motion bandwidth results
demonstrate that adaptive demodulation according to the
various embodiments can isolate slow flow velocities from
tissue clutter at relative blood signals at least 60 dB lower
than the tissue. Others have reported the amplitudes of blood
signals as being up to 100 dB lower than tissue clutter [3].
For the tested system, the signal to noise limit is reached
around 70 dB below tissue after adaptive demodulation. The
PWSA and MPW sequence modifications used for the hand
motion studies both improve SNR and lower the noise floor
by about 10 dB (as seen in FIG. 1a). However, the MPW
case did not result in improved bandwidth suppression at
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-60 dB, and only a minor improvement with the PWSA
sequence was observed (as seen in Table II). Since the
PWSA sequence also improves resolution and image quality,
the improvement seen with PWSA, although small, is not
negligible and is likely due to decreased intrinsic spectral
broadening resulting from the transmit beam shape. Since
the SPW and MPW methods have lower resolution due to
unfocused transmit beams, intrinsic spectral broadening will
result from geometrical focal broadening during receive
beamforming, resulting in larger bandwidths of the tissue
clutter [26]. This suggests that intrinsic spectral broadening
is a more immediate limitation of the methods described
herein compared to SNR. Apart from sequence modifica-
tions, higher transmit voltage also improves SNR. However,
the use of a higher transmit voltage (30.7V) for the hand
motion phantom SPW study did not result in a substantially
higher SNR value compared to the in vivo studies which
used the same acquisition sequence using only half the
transmit voltage (16.1V). This is likely due to the phantom
and in vivo data being acquired on different media. How-
ever, this further suggests that SNR is not a significant direct
limitation of the method of the various embodiments.

[0107] The stationary phantom experiment illustrated the
presence of signal amplitude modulation through slow-time
even when no blood flow, hand motion, or patient physi-
ological motion are present. The results from this experi-
ment demonstrate that the amplitude demodulation process
of the various embodiments can be used to significantly
suppress the tissue clutter bandwidth. In principle, the
amplitude demodulation method described herein proposed
would also affect the blood signal amplitude. Accordingly,
as discussed above, median filtering of the amplitude
demodulation function can be used to ensure that tissue
signal is the primary contributor to the amplitude modula-
tion estimate. Ideally, the median filter should be long
enough to avoid suppression of the blood signal and short
enough to allow for maximal tissue clutter suppression. For
example, if blood flows outside of a given pixel faster than
the acquisition rate (i.e. blood is incoherent between con-
secutive acquisitions), small median filter sizes would suf-
fice. Although little is known about the coherence length of
slow flow, it is plausible that when imaging slow flow, the
blood signal will be coherent across a longer time than with
fast flow. Therefore, larger filter sizes would be required to
ensure the blood signal amplitude is not demodulated. A
median filter of 35 samples was used for the experiments
described herein.

[0108] Expected reactive and exercise hyperemia behav-
iors are well characterized, which provided reasonable stan-
dards for an algorithm in accordance with the various
embodiments in applicable clinical settings. Both the arterial
occlusion and contraction studies are consistent with previ-
ous findings of perfusion and blood-oxygen-level-dependent
(BOLD) MRI characteristics under these conditions. For the
arterial occlusion study, Lebon et al. and Englund et al. both
showed time to peak perfusion times between 15 and 20 s
after arterial occlusion in the calf muscle, which agrees with
the results shown in FIG. 4a [27, 28]. For the adaptively
demodulated data with a 20 Hz high pass filter in accordance
with an embodiment, the peak blood flow time point occurs
at about 22 s, which is about 18 s after the cuff was released
(cuff was released at about 4 s), as seen in FIG. 4a. Similarly
for the contraction study, Towse et al. showed that peak
BOLD signal intensity occurs between 5-7 s post-muscle
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contraction, which correlates with the results shown in FIG.
6a [24, 29]. In FIG. 6a, the proposed filter method of the
various embodiments resulted in peak power at about 17 s
which is approximately 5 s post-contraction (last contraction
time point occurs at about 12 s). It is also important to note
that the median power Doppler values in both FIGS. 44 and
6a are referenced to the last time point for each case.
Although power Doppler values below or at least at zero
during occlusion and before contraction were expected,
assuming there should be increased perfusion post-occlusion
and post-contraction, this was not the case. However, results
found in the literature show similar trends in perfusion
values, with post-occlusion and post-contraction values even
decreasing to values below those during occlusion and
before contraction after reaching peak perfusion [24, 27, 28].

[0109] FIG. 7 illustrates an embodiment of an ultrasound
machine, generally designated 5, that can be configured for
implementing the various embodiments. A transducer 10
(including a probe for example) transmits ultrasound waves
into a subject (live tissue for example) by converting elec-
trical analog signals to ultrasonic energy and receives the
ultrasound waves backscattered from the subject by con-
verting ultrasonic energy to analog electrical signals. A
front-end 20, that in one embodiment includes a receiver,
transmitter, and beamformer, may be used to create the
necessary transmitted waveforms, beam patterns, receiver
filtering techniques, and demodulation schemes that are used
for the various imaging modes. Front-end 20 performs such
functions, converting digital data to analog data and vice
versa. Front-end 20 interfaces to transducer 10 using analog
interface 15 and interfaces to a non-Doppler processor 30, a
Doppler processor 40 and a control processor 50 over a bus
70 (digital bus for example). Bus 70 may include several
digital sub-buses, each sub-bus having its own unique con-
figuration and providing digital data interfaces to various
parts of the ultrasound machine 5.

[0110] Non-Doppler processor 30 is, in one embodiment,
adapted to provide amplitude detection functions and data
compression functions (e.g., image compression and forma-
tion methods) used for imaging modes such as B-mode,
M-mode, and harmonic imaging. Doppler processor 40, in
one embodiment provides clutter filtering functions and
movement parameter estimation functions used for imaging
modes such as tissue velocity imaging (TVI), strain rate
imaging (SRI), and color M-mode and B-mode. In one
embodiment, the two processors, 30 and 40, accept digital
signal data from the front-end 20, process the digital signal
data into estimated parameter values, and pass the estimated
parameter values to processor 50 and a display 75 over
digital bus 70. The estimated parameter values may be
created using the received signals in frequency bands cen-
tered at the fundamental, harmonics, or sub-harmonics of the
transmitted signals in a manner known to those skilled in the
art.

[0111] Display 75 is adapted, in one embodiment, to
provide scan-conversion functions, color mapping func-
tions, and tissue/flow arbitration functions, performed by a
display processor 80 which accepts digital parameter values
from processors 30, 40, and 50, processes, maps, and
formats the digital data for display, converts the digital
display data to analog display signals, and communicate the
analog display signals to a monitor 90. Monitor 90 accepts
the analog display signals from display processor 80 and
displays the resultant image.
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[0112] A user interface 60 enables user commands to be
input by the operator to the ultrasound machine 5 through
control processor 50. User interface 60 may include a
keyboard, mouse, switches, knobs, buttons, track balls, foot
pedals, a microphone for inputting voice commands and
on-screen menus, among other devices.

[0113] Atimingevent source 65 generates a cardiac timing
event signal 66 that represents the cardiac waveform of the
subject. The timing event signal 66 is input to ultrasound
machine 5 through control processor 50.

[0114] In one embodiment, control processor 50 includes
the main, central processor of the ultrasound machine 5,
interfacing to various other parts of the ultrasound machine
5 through digital bus 70. Control processor 50 executes the
various data algorithms and functions for the various imag-
ing and diagnostic modes. Digital data and commands may
be communicated between control processor 50 and other
various parts of the ultrasound machine 5. As an alternative,
the functions performed by control processor 50 may be
performed by multiple processors, or may be integrated into
processors 30, 40, or 80, or any combination thereof. As a
further alternative, the functions of processors 30, 40, 50,
and 80 may be integrated into a single PC backend.

[0115] While various embodiments of the present inven-
tion have been described above, it should be understood that
they have been presented by way of example only, and not
limitation. Numerous changes to the disclosed embodiments
can be made in accordance with the disclosure herein
without departing from the spirit or scope of the invention.
Thus, the breadth and scope of the present invention should
not be limited by any of the above described embodiments.
Rather, the scope of the invention should be defined in
accordance with the following claims and their equivalents.

[0116] Although the invention has been illustrated and
described with respect to one or more implementations,
equivalent alterations and modifications will occur to others
skilled in the art upon the reading and understanding of this
specification and the annexed drawings. In addition, while a
particular feature of the invention may have been disclosed
with respect to only one of several implementations, such
feature may be combined with one or more other features of
the other implementations as may be desired and advanta-
geous for any given or particular application.

[0117] The terminology used herein is for the purpose of
describing particular embodiments only and is not intended
to be limiting of the invention. As used herein, the singular
forms “a”, “an” and “the” are intended to include the plural
forms as well, unless the context clearly indicates otherwise.
Furthermore, to the extent that the terms “including”,
“includes”, “having”, “has”, “with”, or variants thereof are
used in either the detailed description and/or the claims, such
terms are intended to be inclusive in a manner similar to the

term “comprising.”

[0118] Unless otherwise defined, all terms (including tech-
nical and scientific terms) used herein have the same mean-
ing as commonly understood by one of ordinary skill in the
art to which this invention belongs. It will be further
understood that terms, such as those defined in commonly
used dictionaries, should be interpreted as having a meaning
that is consistent with their meaning in the context of the
relevant art and will not be interpreted in an idealized or
overly formal sense unless expressly so defined herein.
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What is claimed is:

1. A method, comprising:

obtaining a plurality of beamformed radiofrequency (RF)

lines representing an ultrasound scan;

computing displacements between adjacent ones of the

plurality of beamformed RF lines;

generating shifted RF lines through depth based on the

computed displacements;

normalizing the shifted RF lines to yield normalized RF

lines; and

assembling an ultrasound image based on the normalized

RF lines.

2. The method of claim 1, wherein the computing com-
prises:

calculating relative displacements between the plurality

of beamformed RF lines; and

reconstructing absolute displacements for the plurality of

beamformed RF lines based on the relative displace-
ments.

3. The method of claim 2, wherein the relative displace-
ments are calculated using an autocorrelation method.

4. The method of claim 2, wherein the absolute displace-
ments are reconstructed by a modeling approach.

5. The method of claim 1, wherein the generating of the
shifted lines comprises calculating a non-rigid shift of the
plurality of beamformed RF lines from the computed abso-
lute displacement to zero displacement.

6. The method of claim 5, wherein the calculating of the
non-rigid shift is performed using an interpolation.

7. The method of claim 1, wherein the normalizing
comprises scaling the shifted RF lines according to a ratio of
a power of an envelope of the plurality of beamformed RF
lines and an amplitude of the envelope of the plurality of
beamformed RF lines.

8. The method of claim 7, wherein the normalizing further
comprises, prior to the scaling, resampling the normalization
fanction to account for non-rigid shifts in the shifted RF
lines.

9. A ultrasound system, comprising:

at least one transducer front end;

at least one display processor configured for assembling

an ultrasound images based on received RF line data;
and
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at least one Doppler processor coupled to the at least one

transducer front end and the at least one display pro-

cessor, the at least one Doppler processor configured

for:

obtaining, from the at least one transducer front end, a
plurality of beamformed RF lines associated with an
ultrasound scan,

computing displacements between adjacent ones of the
plurality of beamformed RF lines,

generating shifted RF lines through depth based on the
computed displacements,

normalizing the shifted RF lines to yield normalized RF
lines, and

transmitting data representing the normalized RF lines
to the at least one display processor.

10. The ultrasound system of claim 9, wherein the com-
puting comprises:

calculating relative displacements between the plurality

of beamformed RF lines; and

reconstructing absolute displacements for the plurality of

beamformed RF lines based on the relative displace-
ments.

11. The ultrasound system of claim 10, wherein the
relative displacements are calculated using an autocorrela-
tion method.

12. The ultrasound system of claim 10, wherein the
absolute displacements are reconstructed by a modeling
approach.

13. The ultrasound system of claim 9, wherein the gen-
erating of the shifted lines comprises calculating a non-rigid
shift of the plurality of beamformed RF lines from the
computed absolute displacement to zero displacement.

14. The ultrasound system of claim 13, wherein the
calculating of the non-rigid shift is performed using an
interpolation.

15. The ultrasound system of claim 9, wherein the nor-
malizing comprises scaling the shifted RF lines according to
a ratio of a power of an envelope of the plurality of
beamformed RF lines and an amplitude of the envelope of
the plurality of beamformed RF lines.

13
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16. The ultrasound system of claim 15, wherein the
normalizing further comprises, prior to the scaling, resam-
pling the normalization function to account for non-rigid
shifts in the shifted RF lines.

17. A non-transitory computer-readable medium, having
stored thereon a computer program executable by a com-
puting device, computer program comprising a plurality of
code sections for causing the computing device to:

obtain a plurality of beamformed radiofrequency (RF)

lines representing an ultrasound scan;

compute displacements between adjacent ones of the

plurality of beamformed RF lines;

generate shifted RF lines through depth based on the

computed displacements;

normalize the shifted RF lines to yield normalized RF

lines; and

assemble an ultrasound image based on the normalized

RF lines.

18. The computer-readable medium of claim 17, wherein
the plurality of code sections for the computing further
comprise code sections for causing the computing device to:

calculate relative displacements between the plurality of

beamformed RF lines; and

reconstruct absolute displacements for the plurality of

beamformed RF lines based on the relative displace-
ments.

19. The computer-readable medium of claim 17, wherein
the plurality of code sections for the generating of the shifted
lines comprises code sections for causing the computing
device to calculate a non-rigid shift of the plurality of
beamformed RF lines from the computed absolute displace-
ment to zero displacement.

20. The computer-readable medium of claim 17, wherein
the plurality of code sections for the normalizing comprises
code sections for causing the computing device to scale the
shifted RF lines according to a ratio of a power of an
envelope of the plurality of beamformed RF lines and an
amplitude of the envelope of the plurality of beamformed
RF lines.
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