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(57) ABSTRACT

A medical ultrasound system comprises an ultrasound trans-
ducer (1) for emitting and receiving ultrasound, and a
processor (51). The ultrasound transducer (1) is electrically
connected to the processor (51), and the processor (51) is
configured to determine an ultrasound based tomographic
image subject to ultrasound waves (usr) received by the
ultrasound transducer (1) in response to ultrasound waves
emitted by the ultrasound transducer (1) and scattered and/or
reflected by tissue to be investigated.
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SYSTEM AND METHOD FOR SPEED AND
ATTENUATION RECONSTRUCTION IN
ULTRASOUND IMAGING

TECHNICAL FIELD

[0001] The invention relates to a medical ultrasound sys-
tem and to a related method.

BACKGROUND OF THE INVENTION

[0002] Tumors and certain other anomalies in tissue are
not always detectable in conventional B-mode ultrasound
systems. However, these pathologies may present high con-
trast regarding other ultrasound characteristics, such as
ultrasound propagation speed and attenuation. In order to
obtain spatially-resolved images of these parameters, simi-
larly to X-ray Computed Tomography (CT), ultrasound
waves are transmitted through tissue and recorded at mul-
tiple angular directions, a family of methods known in the
art as Ultrasound Computed Tomography (USCT). How-
ever, air (e.g., lungs) and bones behave as natural barriers to
the propagation of ultrasound, limiting the applicability of
ultrasound to soft tissue regions accessible from the skin
(acoustic windows). Therefore, on the contrary of X-ray CT
or Magnetic Resonance Imaging (MRI) full-body USCT is
not feasible.

[0003] Medical applicability of USCT is currently limited
mainly to the breast. This presently requires high-end appli-
cation-specific Ultrasound Computed Tomography (USCT)
equipment, based on a large number of stationary ultrasound
sensors positioned around the breast, see “Breast density
measurements with ultrasound tomography: A comparison
with film and digital mammography”, Duric et al., Med.
Phys. 40 (1), 2013, or by mechanically rotating ultrasound
sensors around the breast, see “Imaging of Sound Speed
Using Reflection Ultrasound Tomography”, Nebeker et al.
Ultrasound Med 2012, 31, pp 1389-1404, both of which
systems require the immersion of the breast in water and
scanning it with a bulky custom-made ultrasound system.
Though accurate results, such systems are burdensome in
daily clinical use, they require additional space in the clinics
and specialized personnel to perform, and they are typically
costly and are constructed highly application-specific, in
contrast to typical ultrasound systems that allow for wide-
range of clinical uses.

[0004] In the method described in WO 2015/091519 Al a
Frequency Domain Reconstruction (here abbreviated as
FDR) is proposed. Particularly, the Discrete Fourier Trans-
form (DFT) At(k.k ,¢,p,) of the local echo phase shift
At(x,2,9,0,) between two directions ¢ and @, over the
image region (x,z) is calculated for determining the local
sound speed ¢(x,z). Then, harmonic components (k k) of
the slowness o(k k) are determined in the frequency
domain using a relation equivalent to:

Ok k) =T (kR o K, 0) AT (R K 80,0)

[0005] wherein o(k_.k,) is the DFT of the slowness o(x,z),
wherein the slowness 0(x,z) is the reciprocal of the sound
speed minus an average slowness, and T,  is a matrix.
However, this method suffers from significant image recon-
struction artefacts and a loss of resolution in the axial
direction for moderate noise levels, which limit its applica-
bility. As described in WO 2015/091519:

[0006] The ill-posedness of the reconstruction results in

low frequency artefacts that disturb the baseline of the bulk
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sound speed, as well as in high frequency artefacts that
spread downwards through the image (page 22, Lines
14-17).

[0007] With growing regularization of T, , artefacts due
to the ill-posedness of the reconstruction are reduced, but
“limited view artefacts”, i.e. blurring of the upper and lower
edges of the contrast regions and a drop of the base line
adjacent to the left and right edges, become stronger, result-
ing in gradual loss of axial resolution. (page 22, Lines
17-25).

[0008] The local information can only be fully taken
advantage of in the absence of noise when the regularization
can be low. In practice, the local phase shift may be
determined using echo phase tracking, which is prone to
errors. With growing strength of regularization, the resulting
image converges to an image with no axial resolution and
with artifacts (page 23, Lines 12-13), (page 25, Lines
13-16).

[0009] “Because of regularization, part of the spatial fre-
quencies of the image are missing and the pixel gray level
does not directly represent sound speed” (page 26, Lines
6-3).

[0010] “The calculation of the calculation of the DFT
requires that o(x,z) is defined over the full image region
(x,z). However, often in real tissue, strongly hypo-echoic
regions such as large blood vessel lead to regions of missing
data in the local echo phase shift maps, which, if not
accommodated, lead to image reconstruction artifacts” (page
29—Line 16-19).

[0011] An in-depth analysis of this method associates the
observed artefacts to an inappropriate regularization strat-
egy, which limits the axial resolution, see “Computer ultra-
sound tomography in echo mode for imaging speed of sound
using pulse-echo sonography: proof of principle”, Jaeger et
al. 2015, Ultrasound in Med. & Biol., Vol 41, No. 1, pages
235-250. The phase noise after sound-speed reconstruction
results in a regular structure of high-spatial frequency
streaks that run diagonally through the image, which is the
main cause of loss of contrast in cases of low regularization.
The regular structure of the image noise indicates that it is
produced by an inappropriate regularization strategy.

SUMMARY OF THE INVENTION

[0012] The problem to be solved is therefore to enable a
widespread use of ultrasound computed tomography
(USCT). This problem is solved by an ultrasound transducer
for emitting and receiving ultrasound, which ultrasound
transducer is electrically connected to a processor. The
processor is configured to determine an ultrasound based
tomographic image subject to ultrasound waves received by
the ultrasound transducer in response to ultrasound waves
emitted by the ultrasound transducer and scattered and/or
reflected by tissue to be investigated.

[0013] Hence, a single-sided inspection of an organ and/or
tissue structure accessible is provided with conventional
ultrasound. Single-sided means that the ultrasound trans-
ducer that preferably is a hand-held represents the sole
ultrasound emitting and receiving entity, such that tissue to
be investigated is approached by the ultrasound transducer
from one side only. Preferably, the ultrasound transducer has
a common housing for a set of emitter elements and a set of
receiver elements for emitting and receiving ultrasound
waves respectively. In particular, there is no man-made
reflector involved in the measurements. Instead, the emitted
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ultrasound waves are scattered and/or reflected by tissue to
be investigated, and in particular by structures in the tissue
such as inclusions which represent one of spots or regions in
the tissue with different ultrasound transmission character-
istics than other regions in the tissue. Accordingly, it is
preferred that the proposed system operates without any
reflecting means other than the tissue itself.

[0014] Preferably, a novel image reconstruction method is
applied, which can be built upon conventional hand-held
ultrasound hardware. The minimum hardware required for
implementing this method is the ultrasound transducer
capable of emitting ultrasound waves and receiving and
preferably recording ultrasound waves reflected and/or scat-
tered at tissue structures, and the processor.

[0015] Preferably, the reconstruction method executed by
the processor is based on misalignments in ultrasound
parameters between images taken from different angles
between the ultrasound transducer and the tissue to be
investigated. Such misalignment, also referred to as mis-
registration, in the ultrasound parameter, such as speed of
sound, may be found in one or more or all areas of the
investigated area of the tissue, each area referred to as cell,
which cell is exposed to at least two ultrasound waves
emitted from different angles. Preferably, in exposing the
area of tissue to be investigated to ultrasound waves from
different angles, paths of the ultrasound waves travel
through at least partly different regions of the investigated
area. Preferably, the regularization comprised in the recon-
struction step is applied directly on the ultrasound param-
eters determined for each spatial region, ie. cell, for the
tissue, which spatial region preferably is a discrete area.
Preferably, a spatial domain reconstruction is applied for
image generation based on the mis-registrations detected
and/or computed in the discretized problem space of the
tissue.

[0016] For a single measurement from one angular direc-
tion with respect to the tissue, it is preferred to emit an
ultrasound wave by one of the emitter elements, and receive
and record the scattered and/or reflected ultrasound wave by
all the receiver elements.

[0017] According to an aspect of the present invention, an
ultrasound image reconstruction method is proposed,
wherein a plurality of ultrasound signals is collected to allow
access to set of cells in the imaged domain from paths
passing through different domain regions, wherein the local
mis-registrations between these plurality of ultrasound sig-
nals are determined, and wherein a spatial-domain recon-
struction is employed based on computed mis-registrations
in a discretized problem space.

[0018] Preferably, a system of equations is solved which
relates to a discrete set of time measurements with speed of
sound values in a discrete number of cells.

[0019] Preferably, the time measurements are expressed
by a linear combination of the speed of sound values in the
discrete number of cells.

[0020] Preferably, a system At=Lo is solved wherein the
weighted path lengths are assembled in a matrix L of
dimensions [MxC] and wherein the matrix L. represents
geometric information that depends on the transmitter-re-
ceiver setup of the transducer and the size and shape of the
cells, in particular their granularity/resolution. The speed of
sound values per cell ¢ are preferably assembled in the
vector o of dimensions [Cx1], and the time measurements
tm in the vector At of dimensions [Mx1]. The overall
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number of time measurements M preferably is equal to or
larger than the number of cells C for a determined linear
system.

[0021] Preferably, prior physical information is incorpo-
rated, such as iteratively compensating wave refractions,
wave path uncertainties, or others, preferably with a scheme
in which the path measurements are iteratively actualized.
[0022] Preferably, prior information about lesion, aka tis-
sue structures, is incorporated, such as location, size, delin-
eation. For instance, a single speed of sound value is
determined for a lesion region and a background region
outside the lesion region each.

[0023] Preferably, acquisition of multi-static data is
applied (every single element transmits sequentially, and all
receiver signals are acquired), from which different path
measurements can be generated (plane wave, synthetic aper-
ture, focused . . . ).

[0024] Preferably, quantitative reconstruction is applied
including procedures for estimated background speed of
sound value and the quantitative speed of sound contrast in
the inclusions. Preferably, observed timing differences with
respect to an initial assumed speed of sound estimate may
allow estimating these values.

[0025] A USCT method is proposed, which only requires
single-sided access to the tissue to reconstruct ultrasound
acoustic properties, and can preferably be implemented on a
conventional medical ultrasound array, i.e. the ultrasound
transducer, which can be hand-operated by a sonographer.
Preferably, by combining different ultrasound transmitter
excitations with image registration techniques, for instance
speckle tracking, followed by a novel spatial domain recon-
struction, local variations of speed of sound (SoS) in the
tissue can be imaged.

[0026] The method is well suited to image organs in which
only single-sided access 1s possible, such as liver, kidney,
etc. However, it also significantly simplifies the clinical
workflow for organs in which double-sided access is pos-
sible, in particular the breast, since no water bath, additional
hardware elements are necessary to reconstruct USCT
parameters.

[0027] The medical ultrasound system is used in a medical
context: The medical ultrasound system may be used for one
or more of medical screening, diagnosis, staging (e.g. of
cancer), preoperative planning, intra-operative guidance,
and post-operative follow-up.

[0028] Preferably, the ultrasound transducer is hand-held
which is meant to be portable, or mobile. The ultrasound
transducer can be held by a sonographer such as a doctor or
a nurse during inspecting a patient.

[0029] The medical ultrasound system preferably is char-
acterized by a Spatial Domain Reconstruction (SDR), for
which time measurements are received and/or recorded by
the ultrasound transducer for specific ultrasound wave
propagation paths traversing a set of discretized tissue cells.
Preferably, speed of sound variations in each of these cells
are calculated from discretized relations between the speed
of sound increments in individual tissue cells and the
cumulative time measurements recorded by the transducer,
given defined propagation paths. Thus the relations are
defined and solved directly in an arbitrary spatial grid. With
respect to previous art the following advantages are
obtained:

[0030] Spatial regularization can directly be applied in the
spatial domain to solve the inverse problem, which allows
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for introducing available prior information about the recon-
structed sound-speed distributions. For instance, it is pos-
sible to find the solution amongst the set of possible solu-
tions that provides the best geometric delineation of
inclusions (portions of the tissue that may be considered as
tumorous), and the best accuracy for the sound-speed values
in the inclusions. For instance, if the position and geometry
of inclusions are a priori known (from instance from an
ultrasound B-mode image), a reconstruction can be defined
which determines the best sound-speed values in the inclu-
sions.

[0031] Quantitative speed-of-sound images, for example,
are obtained in m/s, which provide a quantitative biomarker
for tissue diagnosis and differentiation.

[0032] The inverse problem can be solved, even if time
measurements are only available for partial regions of the
tissue domain and a harmonic decomposition of the image
cannot be calculated. Similarly, the reliability of time mea-
surements at specific tissue structures, for instance,
expressed in terms of a correlation coefficient, can be
directly incorporated into the regularization of the inverse
problem.

[0033] Arbitrarily complex path geometries can be easily
incorporated with simple relations (scaling and additions),
which allows defining arbitrary measurement configurations
and correcting for physical effects such as wave refraction.
[0034] Other advantageous embodiments are listed in the
dependent claims as well as in the description below.

BRIEF DESCRIPTION OF THE DRAWINGS

[0035] The embodiments defined above and further
embodiments, features and advantages of the present inven-
tion can also be derived from the examples to be described
hereinafter and are explained with reference to the annexed
drawings, wherein:

[0036] FIG. 1 illustrates a measuring scenario including a
medical ultrasound system according to an embodiment of
the present invention;

[0037] FIG. 2 illustrates preferred strategies for the defi-
nition of a set of wave propagation paths p, from which time
measurements T,, can be extracted, according to embodi-
ments of the present invention;

[0038] FIG. 3 illustrates different measurement
approaches according to embodiments of the present inven-
tion;

[0039] FIG. 4 illustrates a medical ultrasound system
according to an embodiment of the present invention;
[0040] FIGS. 5 to 7 shows measurement results of a
medical ultrasound system according to an embodiment of
the present invention;

[0041] FIG. 8 illustrates a method and a medical ultra-
sound system according to an embodiment of the present
invention.

DETAILED DESCRIPTION OF THE DRAWINGS

[0042] In a generic implementation of a medical ultra-
sound system illustrated in FIG. 1, an ultrasound transducer
1 emits and receives ultrasound waves along a total of P
wave propagation paths p, corresponding to predefined
trajectories, along which ultrasound waves propagate.
Accordingly, the time delay t,, is measured in form of a time
difference between the time of emission of the ultrasound
wave by one or more elements Tx of a set of emitter
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elements of the ultrasound transducer 1, and the time of
receipt of the reflected ultrasound wave by one and prefer-
ably more and preferably all of elements Rx of a set of
receiver elements, that may preferably be arranged in a row
in the transducer 1. The transducer 1 accesses tissue T for
investigation. This time delay t, is also referred to as time of
flight. For tissue structures mx, either of natural or artificial
nature, for which the position and/or geometry is accurately
known, 1, can be measured in absolute terms. In general, if
the actual position of the tissue structures cannot be accu-
rately determined, relative measurements T, can be
obtained, which compare the time of flight along a pre-
defined set of N paths {p,,}={po, p,Kpx} with N<P.

Eq D1

Tm = Z Win,plp
P

[0043] The weights w,,, , typically take the values +1 or -1
to express a relative measurement. Paths p which are not part
of the measurement m are zero weighted.

[0044] For instance, in the most simple version two dis-
tinct paths j (test) and 1 (reference), are compared for each
measurement, in which case

Cutt; €D, i Eq. D2

[0045] In this case, w,, =1 for p=i, w,, ,==1 for p=j, and
W, »~0 otherwise.

[0046] Preferably all paths converge to the same point or
region in space.

[0047] Consequently, the same tissue position X,y prefer-
ably 1s accessed from two different wave propagation paths
pl,p2 corresponding to two different angles 01, 02. The
relative time measurements _m at coordinate x, y are pref-
erably obtained from a timing shift observed in the images
seen from these two angles, i.e. in the ultrasound waves
received.

[0048] Preferably, a spatially-resolved speed-of-sound
(SoS) image is determined based on multiple time measure-
ments as expressed by Eq. D.1.

[0049] For this purpose, the tissue region insonified by the
transducer is discretized into a finite number of cells ¢ that
reflect locations in the tissue. Without loss of generality, for
a two-dimensional ultrasound system, for instance, it is
preferred that a linear or a convex array of emitter and
receiver elements is used so that the wave propagation is
referred to a single plane defined by the radiation axis of the
emitter and receiver elements, collectively referred to as
transducer elements, and the tissue region is defined by one
plane, in which the cells are located. The plane is then
discretized into cells traversed by the paths p.

[0050] This cell structure supports the localization of
portions/structures m of tissue that may be considered as
tumorous, which portions are also referred to inclusions. The
cell size is to be defined upfront and determines the reso-
lution of the image. The process of determining the ultra-
sound parameter per cell based on the time of flight values
is also referred to as reconstruction. Finally, a processor 51
of the medical ultrasound system is configured to convert the
ultrasound parameter values as determined into an image
that preferably is shown to medical personnel on a screen of
the system. The conversion may include a coding of the
ultrasound parameter values into colors, for example, or into
grey scales.
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[0051] With a path length 1, [m] per ray path p and cell ¢
from the transmitter Tx to the reflecting structure m and back
to the receiver Rx, the time of flight values t, are calculated
in function of speed sound (SoS) increments o, —also
referred to as slowness increments, per cell ¢, i.e.:

Eq D3

¢
t, = Zluco—c
=1

[0052] This equation illustrates the time of flight values t,
for a certain path p as a sum of individual speed of sound
values o, per cell c, for the number of cells C that are
travelled along the subject p path with the portion of the path
length 1, . per individual cell c. Substituting Eq. D3 in Eqg.
D.1 the relative time measurements T,, are expressed in
function of o,

Eq. D4

c < c
Tm = % Wm,p[Z lp,co—c] = % [Z Wm,plp,C]U—c = ZLm,cU'c
pt 7 =1

{pm} c=1

m=1KM,M=C

[0053] The last equality merges the path lengths 1, . and
measurement weights w,, , in a single linear combination of
weighted path lengths L, ., which is summarized with a
matrix L.

[0054] The overall number of time measurement M pref-
erably is equal to or larger than the number of cells C for a
determined linear system. The system represented by equa-
tion D.4 can be expressed in matrix form for all measure-
ments M and discretized cells C as At=Lo, wherein the
weighted path lengths are assembled in a matrix L of
dimensions [MxC] and represent geometric information that
depends on the transmitter-receiver setup of the transducer
and the size and shape of the cells, in particular their
granularity/resolution. The speed of sound values o, per cell
¢ are assembled in the vector o of dimensions [Cx1], and the
time measurements T, in the vector At of dimensions [Mx1].
[0055] In a first approximation, the path lengths 1, . for
each ray path p are calculated as the segment length tra-
versing the cell ¢ (FIG. 1). For those skilled in the art,
interpolation strategies are available, which can be utilized
to improve the ray path representation on a discrete grid.
These include nearest neighbor interpolation, linear intet-
polation and higher order interpolation kernels. By adding a
certain kernel function or smoothness function to describe
pressure distribution across the ray cross-section, the con-
sistency and stability of the solvers is known to be enhanced.
These kernel functions may be position dependent and obey
both physical and computer graphics considerations.

Path Time Measurement Strategies

[0056] The inversion of Eq. D.4 requires the acquisition of
relative time measurements t,, which incorporate paths with
respect to tissue structures, which can be identified in the
ultrasound data. The recorded ultrasound signals can be
described as a superposition of echoes at reflecting tissue
structures m1, m2, . . . . In the most simple description, each
echo is a delayed ultrasound wave. So if the echo corre-
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sponding to the same tissue structure can be identified for
two different wave propagation paths, the relative time
measurement T,, can be obtained.

[0057] In a possible scenario, a series of echogenic fea-
tures are identified in the recorded ultrasound signals. These
can for example include natural geometric features (vessels,
air/bone interfaces) or artificial features (microbubbles,
catheters, biopsy needles, embedded reflectors). If the posi-
tion and geometry of these features are well-defined, the
problem reduces to a tracking problem, from which absolute
time measurements can be obtained for each path. If the
position and geometry of the reflecting features is not
accurately known (for instance, due to the unknown speed-
of-sound distribution), relative measurements that contain
the same feature can still be obtained along different wave
propagation paths, which is known in several contexts by
“multipath” or “spatial diversity”. Image registration proce-
dures well known in the literature can then be applied to
align the reflectivity patterns obtained from different path
directions. The local mis-registration residuals provides
relative time measurements for these paths.

[0058] In another possible scenario, which is preferred for
soft tissue (for instance breast, liver, muscle, myocardium),
the recorded ultrasound signals comprise of a superposition
of a larger number of microscopic features (for instance,
individual tissue cells), which converge into homogeneous
textured patterns or speckle, typically showing Rayleigh
distribution. Each tissue region is known to show a unique
speckle tracking. Speckle tracking (ST) algorithms are well-
known in the ultrasound elastography literature, which pro-
vide “best texture match” between two displaced/scaled/
rotated versions of the same speckle patterns, allowing to
determine displacements in the echo signals. Some well-
known algorithms are Digital Image Correlation and Optic
Flow. These algorithms allow the registration of speckle
patterns obtained from different path directions.

[0059] In a preferred version, which is implemented for
the illustrated examples, a correlation measurement is
defined between two different speckle patterns:

Fx—x,y—ylm; 1] Eq. T.1
ny[mv I’L] = =
O30y
w2
(3l + 1+ K] = Tl ] [ + K] = ]}
k=-Wf2
oylm, nle(m]
w2
aybmnl= Y Iylm+n+ k)= 3l )P
k=—W/2
w2
odml= Y 15+ k] - %)
k=-Wp2
w2
T=(W+1)! X [m+k]
k=—W/2
W72
F=(W+1)! Z Y[+ n+k]
k=—W/2
m=0 ... M-1, n==-5 ... §
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in which two discretized one-dimensional ultrasound signals
x[m] (reference) and y[m] (test) containing the same mis-
aligned speckle patterns are compared. x and y are associ-
ated to two different path configurations containing echoes
of common speckle patterns. The sample index m corre-
sponds to discretized time samples of the signal recorded by
the ultrasound receiver, or in general to any other time-
distance scale. S is a defined search window in which the
signal match is found. If available, prior information can be
incorporated to the search window. W is the correlation
block size, or number of samples uses for texture matching.
For each sample m and possible displacement n, ¢,,,[m:n] is
the normalized correlation coefficient, which provides a
measurement of linear relationship between the two signals,
irrespective of echo energy/scale. The scale factors 0, and o,
correspond to the variances of the signals x and y. With Eq.
T.1 the optimum displacement at each tissue position n is
calculated as:

Rop[m] = argmaxc, ,[m, n)
m

Eq. T2

[0060] The displacement measurements n,,, obtained at
different tissue positions m, scaled in time units, provide a
set of time measurements t,, which can be used as input data

for equation Eq. D 4.

[0061] Eq. T.1 may be extended to signals of higher
dimensional order x[m,, m, ... ],1y[m,, m, . ..], for which
higher order correlations are performed. For instance (as
exemplified below in FIG. 6 and FIG. 7), two-dimensional
correlations may be performed by simultaneously consider-
ing ultrasound signal traces corresponding to adjacent
receiver elements or by considering adjacent beam formed
lines.

[0062] A quality measurement q,, for the registration, can
be obtained at each m by calculating q,,=c,.[m, n,,,,|, which
provides the correlation between the two matched texture
patterns. ¢, [m, n,,] ranges between -1 . . . 1, with the
largest positive values providing the best correlation. Sev-
eral physical mechanisms (for instance low tissue echoge-
neicity) can lead to loss of speckle coherence and poor
registration quality. A threshold can be defined, below which
displacement measurements are discarded in Eq. D.4.

[0063] Even if time measurements are not available in a
wide range of tissue cell positions m, speed of sound values
can still be reconstructed for these cells ¢, as long as
sufficient measurements are available for a determined sys-
tem At=Lo. This is illustrated with an example in FIG. 1.
Even if the measurements m1 and m2 are obtained outside
the tumorous inclusion region, the compared paths {p1, p2}
for m1 traverse the inclusion and allow differentiating it with
respect to m2 {p3, p4}, where the inclusion is not insonified.
This is an important advantage of the presented invention
with respect to prior FDR art, in which time measurements
ml, m2 are required at all calculated cell positions c1, ¢2 to
be able to perform a harmonic decomposition of o.

[0064] Inamore general scenario the quality measurement
(negative values are zeroed) or a transformation of it can be
incorporated into the solution term Eq D.4 to regularize the
solution term. For instance, if the optimum solution is
expressed as a minimization process

Jan. 9, 2020

¢ = arg minf]|A7 - Lal,},

o

the quality measurements q,,, for each measurement m can be
cast into a vector q of dimensions [Mx1] and the solution
can be expressed as:

& = arg min{llg” I(Ar— Lo)ll,) EqT3
o

[0065] where I is the identity matrix of rank M. Potential
for such an inclusion of observation quality into the image
reconstruction is another advantage of the presented inven-
tion.

[0066] The simple texture matching described here can be
generalized to incorporate regularization information, for
instance, physical and geometric constraints given by the
way the matched patterns are generated (see next section) or
continuity constraints. The registration can then be defined
as an optimization problem based on the minimization cost
fanction, which simultaneously incorporates the information
of all measurements m. Such cost can also be minimized
using discrete and graph-based optimization techniques
well-known to those skilled in the art, such as graph-cuts,
Markov-random Fields, and Conditional Random Fields.
Outlier detection algorithms, for instance Random sample
consensus (RANSAC) can be used to filter out undesired
structures from the time measurements. Texture matching
redundancies between different path combinations may also
be exploited to improve speckle tracking quality.

Path Definition Strategies

[0067] FIG. 2 exemplifies preferred strategies for defini-
tion of a set of wave propagation paths p, from which time
measurements T1,, can be extracted according to some of the
methods outlined above. Even if the Spatial Domain Recon-
struction (SDR) allows for arbitrary path comparisons, cer-
tain path properties are preferred. Sufficient diversity should
be provided to solve the inverse problem Eq T.3. For
instance, it is well-known from the theory of computed
tomography reconstruction that the conditioning of the
reconstruction improves if the reconstructed cells are tra-
versed by a wide range of path directions. The defined paths
preferably highlight the matched tissue features or patterns,
so that accurate measurements ¢,, can be obtained in the
registration step. Incremental differences between paths are
also more bound to provide a good matching quality than
larger differences. An organized path definition in function
of a few simple parameters 6,—i.e. the angle of the path in
the plane e.g. relative to a longitudinal axis of the ultrasound
transducer, or relative to a horizontal axis of the ultrasound
transduced , e.g. represented by a linear row of transducer
elements—that can be adjusted in the ultrasound transducer
is also desired to simplify the measurement process, as well
as to optimize measurement speed.

[0068] In a preferred embodiment, a single transducer
with N transducer elements is operated in “multi-static” or
“full matrix” mode, with each element individually firing
and the rest receiving. This concept is equivalent to ultra-
sound imaging with transmitter and receiver aperture of one
element. This provides a total of NxN time traces for the
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transducer and provides the most generic representation of a
linear tissue model. The multi-static matrix can be repre-
sented as A(t, tx, rx), where t is the time coordinate, and tx
and rx are respectively the transmit and receive indexes. The
firing process can be optimized for real time operation, for
instance, by simultaneously recording all receive channels
rx for each firing element tx. The signal to noise ratio can be
also be optimized by coding the signals before transmission.
The coding can be performed in either or both time and
spatial domains, and allows to measure the multi-static
matrix with significantly improved signal to noise ratio.
[0069] FIG. 2 illustrates several examples of path defini-
tion strategies. Non-focused wavefronts can be generated to
achieve a large tissue coverage in front of the ultrasound
transducer 1. Non-focused wavefronts are plane wavefronts
or full aperture wavefronts, which are shown in FIG. 2a as
white areas embraced by a dashed area representing areas
not exposed to the ultrasound wavefront, and synthetic
aperture or single-element circular wavefronts are shown in
FIG. 256 by means of an arrow.

[0070] In the case of plane wavefronts (FIG. 2a), spatial
diversity can be obtained by controlling the angle of inci-
dence 6 of the plane wavefront. Consequently, the same
tissue position m can be accessed from two different wave
propagation paths (p1, p2) corresponding to two different
angles (81, 82) and a time measurement T, can be obtained
by subtracting the time difference between the two paths pl,
p2. Plane wavefronts are synthesized by firing all elements
of the ultrasound transducer (full aperture) with controlled
transmit delays between transmit elements to achieve a
coherent wavefront. For instance, for a linear array of
transducer elements with element separation pitch as pic-
tured in FIG. 2a and a plane wavefront of angle 61, the
transmitter delays for element index tx are adjusted as:

delay(ex)=tx*pitch*sin(01)/vp,

[0071] with v being the average speed of sound in the
inspected tissue. Details of vz calculation are described
below. v can be estimated to an accuracy of 1% or better
with known global image registration methods. This leads to
atypical precision of 0.1° or better in the generated angle 61,
which can be iteratively refined from the speed-of-sound
reconstruction results. Plane wavefronts B(t, 6, rx) of arbi-
trary angle 6 can be synthesized from a recorded multi-static
matrix by time-shifting and scaling and summing the
recorded tx traces for each rx element:

B, 0, ) = Z apodization(zx)A(z — delay(zx), £x, rx) Eq. P.1

23

[0072] It should be noted that, due to their angulation,
plane wavefronts provide only limited coverage of the tissue
domain. The dashed regions in FIG. 2 are “shadow regions”,
which are not accessible by the plane wavefront. If two such
plane wavefronts 01 and 62 are compared to obtain a time
measurement at point m, such point m preferably is within
the coverage region of both plane wavefronts.

[0073] Circular wavefronts can be generated by firing one
element at a time (FIG. 25). In this case a full coverage of
the tissue region in front of the transducer 1 is obtained
while typically there is no shadow region in the tissue. In this
case, the same transmit delay can be applied for all transmit
elements. Spatial diversity is obtained by comparing two
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paths pl or p2 of circular wavefronts generated by two
different transducer elements T1 and T2 representing respec-
tive paths p1 and p2 with corresponding angles 61 and 62
with respect to the same tissue position m.

[0074] Clutter may complicate time measurements <, if
the matched tissue structures are overlapped with echoes
from other reflecting tissue structures, which coincide with
the reflections of these structures. This problem can be
addressed by collimating the transmitted ultrasound energy
in a localized beam that propagates only through a defined
region of the tissue. For the plane wavefronts described in
FIG. 2a this can be achieved by limiting the aperture of the
transmitted plane wavefront, as it is illustrated in FIG. 2¢. A
natural collimation of the plane wavefront is obtained at the
near field distance NF=Aperture®/4/v,*freq, where the
Aperture is expressed in distance units [m], and freq is the
frequency of the transmitted ultrasound pulses. Starting
from the multistatic matrix A(t, tx, rx) and applying Eq. P.1
for limited apertures, collimated wavefronts can be obtained
at arbitrary tissue positions. Collimation as well reduces the
extent of “shadow regions”, especially in the region close to
the transducer emitting surface (near field).

[0075] Another possibility to reduce clutter is to generate
a focused ultrasound beam at defined measurement points
m, so that tissue reflectivity is maximized in a small region
around the desired measurement point m. In this case the
time delays of the transmit elements are adjusted to achieve
a constructive interference at the position m: delay(tx)=-
distance(tx, m)/vB, where distance(tx, m) is the geometric
distance between the transmit element Tx and the measure-
ment point m. Spatial diversity can in this case be achieved
by synthesized focused ultrasound beams with different
steering angles 01 and 62, as illustrated in FIG. 2d. Focused
ultrasound beams at an arbitrary tissue position can be
generated from the multistatic matrix A(t, tx, rx) by applying
Eq. P.1. with the aforementioned delay(tx). A full aperture of
finite size can be used to generate focused ultrasound beams.
Undesired physical effects, such as side-lobes or near-field
interferences, can be minimized by ensuring a constant ratio
#f=depth/aperture, or by scaling the signals of the transmit
aperture with an apodization function apodization(tx), for
instance a Hanning, Hamming or Gaussian window.
Apodization can also be applied to the collimated plane
wavefronts described in FIG. 2¢.

[0076] Circular wavefronts with increased signal to noise
ratio may also be generating by firing multiple elements at
a time, and combining their contributions with Eq. P.1. This
concept is known to those skilled in the art as “virtual
sources”. The center of the circular source is in this case
defined by focusing the ultrasound waves at a position m in
front or behind the transducer radiation surface. The same
mechanism may be used to achieve collimated sources in the
transducer elevation plane. In general, several techniques are
known for improving the signal to noise ratio by firing
multiple elements with different transmit pulses, for
instance, by using different delays, apodizations (including
positive/negative/zero-sign), or different pulse functions.

[0077] So far, spatial diversity and clutter reduction have
been described in terms of the ultrasound transmit process.
However, the ultrasound receive process can also be con-
trolled to provide additional spatial diversity and clutter
reduction. This is illustrated in FIG. 2e. Similarly to Eq. P.1.,
by delaying and summing the ultrasound signals recorded by
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individual receiver elements, focusing and steering with
respect to specific points m are achieved. Eq P.1 is then
generalized as Eq. P.2:

B(m, O, gr)c) = Eq P2

Z Z apodization(zx, rx)A(t(m) — delay(zx) — delay(rx), rx, rx)

m oo

[0078] Eq. P.2 computes tissue reflectivity patterns for a
set of measurement points m in function of diversity param-
eters defined in transmission 0, and reception 0,. Fach
B(m) can be understood as a beamformed ultrasound image.
If an additional demodulation process is applied to B(m), it
results in a so-called conventional ultrasound B-mode
image. Therefore, ultrasound B-mode images obtained in
function of different diversity parameters 6 can be registered
to obtain relative time measurements T, and subsequently to
reconstruct the speed of sound distribution with Eq. D.4.
However, in general, beamformed ultrasound images (radio-
frequency RF or demodulated 1Q data) are preferred, since
the phase (time) can be tracked more precisely from the
carrier frequency.

[0079] If the speed of sound distribution is constant at all
inspected tissue regions and the average speed of sound v
1s accurately known, then all B(m, 0,,, 8,.) provide the same
image B(m, 6,, 6, )=B(m). If this is not the case, small
mis-registrations are observed between the images B(m, 6,,,
0,.), which can be determined with the matching algorithms
described in the previous section. Expressed in time units,
the misregistrations (apparent motion/displacements)
between two arbitrary images B(m, 0,) and B(m, 0,) provide
relative time measurements T,, which enable the recon-
struction of the speed of sound perturbations o, at each cell
with respect to the assumed nominal values vj.

[0080] Given a recorded multi-static matrix and sufficient
computational resources, all techniques described above can
be applied to the multi-static matrix A(t, tx, rx) to obtain a
large number of time measurements t,,, which can be then
used to solve the unknown speed of sound distribution from
Eq. D.4. Following the synthetic aperture concept illustrated
in FIG. 25, the theoretical maximum number of diversity
paths for a given measurement point m, assuming that the
point can be resolved, is given by the number of recorded
transmit-receive combinations NxN. The maximum number
of measurement points m over a defined tissue region is
given by a discretization of the tissue region by the best
achievable spatial resolution with ultrasound waves, which
is typically an order of magnitude larger than the wavelength
lambda=v/f, with f being the dominating frequency of the
ultrasound signals. This as well corresponds to the best
spatial resolution of the cells ¢ for the reconstructed speed-
of-sound distribution o. Therefore, a maximum of NxN
measurements is theoretically available for each cell c,
which provides a highly overdetermined system Eq. D.4, in
which robust reconstructions can be achieved.

[0081] Three-dimensional reconstructions can be
achieved for 2D-matrix array probes, other transducer con-
structs with more than one element placed or imaging in the
out-of-plane direction. These allow for an extension of the
spatial diversity strategies outlined in FIG. 2. For instance,
arbitrarily oriented plane wavefronts can be obtained (both
in plane and out of plane inclination). Both spherical waves
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(single element fired) and cylindrical waves (a row or
columns of elements simultaneously fired) can be used for
spatial diversity. Similar considerations to those above
regarding the maximum number of diversity paths apply.
[0082] In one example, relative time measurenients m are
performed at each cell ¢ by comparing plane wavefronts at
angles_01=20° and -20°_with respect to_02=0°. Preferably,
the_t,, values were generated using a ray tracing algorithm,
so that no uncertainties due to speckle tracking or unac-
counted wave propagation paths are present. Random noise
was then added to the _m matrix, following a Gaussian
distribution with zero mean and a standard deviation
expressed as percentage with {1,2,5,10,20,50,56,63}% of
the peak_t,, value for each example, which correspond to a
signal-to-noise ratio of {t40,34,26,20,14,6,5,4} dB.

Incorporation of Physical Wave Propagation into
Reconstruction

[0083] Physical wave propagation trajectories can be
incorporated in a straight forward way to the Spatial Domain
Regularization (SDR). An example is shown in FIG. 3. In a
first iteration, a homogeneous background is assumed as
prior information and straight ray tracing is used to calculate
a speed of sound image. This first image can be used in a
second iteration to compute more realistic ultrasound propa-
gation paths in order to improve the beamforming and
reduce clutter in the speckle tracking. Moreover, the prior
information can be introduced into the spatial regularization,
allowing for adjusting the wave propagation paths to
describe the actual wave trajectories under consideration of
wave refraction effects. This process can be iteratively
repeated until a convergence is obtained. Moreover, the full
wave equation can be simulated for the prior configuration
and a time surface can be computed for each tissue position,
from which the gradients determine the possible ray trajec-
tories at all points. It is also possible (time reversal physics)
to reverse the wave propagation of received signals through
a simulation model—with or without prior inclusion infor-
mation—, to achieve convergences at originating scatter
sources. Overall all these strategies can be used to improve
the image contrast and resolution and the speckle tracking
accuracy.

Solving Reconstruction Problem, Inversion of
Sound-Speed Matrix

[0084] Finding o, which contains the slowness o, values
per cell ¢, is the inverse problem:

At=Lo

[0085] The resulting matrix o hence represents the speed
of sound distribution across the cells ¢, i.e. for the virtual
cells the tissue T in the subject plane is divided into, and in
particular the cells ¢ that are affected by an inclusion m, see
e.g. FIG. 1, given that the speed of sound in such cells is
different to the speed of sound in cells that cover non-
tumorous tissue.

[0086] It is preferred, that for identifying a cell ¢ in the
plane, Cartesian coordinates x and y are used, preferably in
an orientation with y normal to the transducer surface in the
center, also referred to as vertical direction, and x orthogonal
to that, also referred to as horizontal direction. The indices
iand j are then respectively used to enumerate cells in x and
y directions. For 2D matrix array transducers, trivially a 3rd

Eq. S.1
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axis z orthogonal to the other two axes can be introduced in
order to generate a 3D cell grid for reconstructions in 3D
domain.

[0087] In a preferred implementation, the quantitative
speed of sound values are directly calculated from the
slowness values as:

vx, yy=oix, )t

[0088] In another preferred implementation, both the
delays At, and slowness increments o, as written in equa-
tion S.1, represent perturbations caused by inclusions with
respect to homogeneous tissue, that is, a tissue model in
which no inclusions are present.

[0089] Preferably, a pre-step is then used to estimate the
average speed of sound v out of the measured time delay
matrix. t, then corresponds to the delay residuals after
subtracting from t, the delays caused by the homogeneous
tissue, that is,

AL=1,-2 CZF,C/VB

[0090] Quantitative speed of sound images v[m,s] are
calculated from v and the slowness increments ofs/m] for
an individual cell ¢ addressed by coordinates x and y in the
plane

Eq. 5.2

v, y)=va(l+ol, y)™ Eq. 5.3

[0091] A first estimate of v is obtained from the known
tissue type (for soft tissue the nominal value is 1540 m/s).
Several global optimization methods are known in the
literature to estimate v to an accuracy of approximately 1%,
for instance, by iteratively adjusting v until the smearing of
speckle patterns is minimized. Also the time measurements
obtained for certain diversity configurations will show sys-
tematic baseline patterns if the wrong v, is used. Analysis of
such patterns can be used to further refine the value of v;.
An example is shown with Eq. E2.

[0092] Therefore, it is desired to solve an incomplete
reconstruction problem according to equation (Eq. S.2),
which is inherently ill-posed. This means that the corre-
sponding mathematical equations cannot be solved uniquely.
Several potential solutions for the speed of sound matrix o,
or more general for the ultrasound parameter matrix, are
possible. However, in solving equation (Eq. S.2) it is pre-
ferred and desired to find the solution amongst the set of
possible solutions that provides the best geometric delinea-
tion of inclusions, and the best accuracy for the sound-speed
values in the inclusions. However, the set of possible solu-
tions is not to be determined: It is sufficient to determine the
solution out of the set of possible solutions without the need
to know these other possible solutions.

[0093] Preferably, this optimization approach is imple-
mented by:

& = arg minf]|Az - Lo} Eq. 54
o

[0094] wherein it is determined, for which specific speed
of sound values o out of the possible speed of sound values
a the error function At-I1.*g, and preferably the second norm
thereof, is minimized. Nevertheless, any norm can be used
for this cost term, such as 1-norm L1. However, in some
scenarios the solution for o in this numerically solved
problem still may result in low image quality, where low
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resolution in vertical direction can be observed, while arti-
facts may impede the identification and segmentation of
tumors.

[0095] Therefore, it is preferred that mathematical regu-
larization is introduced to obtain numerically bounded solu-
tions, which allow for satisfactory reconstructions of the
position and geometry of one or more tumorous inclusions
in a homogeneous tissue background.

[0096] In a first embodiment, a regularizing assumption is
introduced for the smoothness of the SoS-image according
to:

&y = arg minll|Ar - Lo, + A Del,) Eq. S5
(e

[0097] Accordingly, not only the error function At-L*o is
minimized but a sum of the error function and an additional
term D*o. D is a gradient matrix introducing which cells are
adjacent to each other, and, correspondingly, D*o denotes
the gradient of the speed-of-sound o of adjacent cells in the
plane. The usage of the term D*o is based on the insight that
desired solutions of equation Eq. S.2 show one or more
closed inclusion geometries in a homogeneous tissue back-
ground. Hence, out of the set of possible SoS values solving
the equation Eq. S.2, those are selected, that at least in
combination with minimizing the error function with piece-
wise constant cell values with sudden transitions where
necessary.

[0098] However, in another embodiment, D can be any
other related property, such as curvature matrix (to regular-
ize 2nd order derivatives), DFT/DCT to regularize fre-
quency components, or any wavelet transform, etc. Hence,
the ultrasound parameter values can be dependent on “other
linear combinations” D, such as curvature, discrete Fourier/
cosine transform, wavelet transform, of the ultrasound
parameter values, and thus their derivatives.

[0099] Ina preferred embodiment, |Dol|, minimizes a sum
of horizontal and vertical gradients of the reconstructed
image, and A is a constant.

[0100] The norm n of the smoothness term D*o critically
influences the reconstruction results. For example, if the
L2-norm (n=2), which is defined for an arbitrary vector X,
as |lx|,== q(xq)2 , is applied to D¥*g, a closed linear solution
(Tikhonov regularization) of equation Eq. S.5 can be found,
but smooth gradients are favored with respect to sharp
gradients. Large jumps in the SoS values of adjacent cells,
which may contain different tissue, are penalized unneces-
sarily with the [.2-norm, creating unrealistically smoothed

results.

[0101] However, if the L1-norm n=1 is used [[x]|,=Z,Ix I,
which in the context of regularization is also referred to as
total variation (TV) regularization or compressive sensing,
sharp and smooth gradients are equally weighted, which
leads to the reconstruction of piecewise homogeneous
regions. With n=1, equation Eq. S. 5 becomes a convex
problem, in particular a Second Order Cone Programming
problem, which preferably is iteratively solved, with opti-
mization methods such as the Interior Point Method and
Alternating Directions Method of Multipliers (ADMM).

[0102] According to various embodiments of the present
invention, the regularization term that preferably contributes
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to the optimization can be calculated by one norm which
shows TV behavior, such as L1-norm, see Eq. S.6, or 1.2,
1-norms, see Eq S.7:

Dol =%, o

11011,7 0 1410y 54 =0y Eq. 5.6

_ 2
D0l =2, V16, 1 ~0: ;410 =0,, Y

[0103] Generally, in such grid-like organization of cells in
the plane, where cells are arranged next to each other in rows
in the horizontal direction as such forming columns of cells
in the vertical direction, each cell has at least one neighbor
in the horizontal direction and at least one neighbor in the
vertical direction. Hence, such regularization term intro-
duces directional gradients, and specifically gradients along
the x-axis and another gradient along the y-axis. The indices
1 and j of each cell ¢ refers to a position along the x and the
y-axis respectively. The resulting SoS based image success-
fully filters out limited-angle artifacts and delineates closed
inclusion geometries. Accordingly, the amount of informa-
tion available in each angular direction is incorporated into
the smoothness reconstruction.

[0104] As laid out above, missing angular orientations
owed to the non-360° setup of the transducer lead to
distortion in the reconstructed SoS image. However, it is
known up-front which angular orientations are available for
each cell, since the wave propagation/ray paths are defined
by the hand-held apparatus, apart from small perturbations
introduced by tumorous inclusions. Hence, it is very pre-
ferred to weight the SoS gradient contributions in different
angular directions, and preferably according to the avail-
ability and/or impact of ray information in each of these
directions. The resulting regularization may be referred to as
“Anisotropically Weighted Spatial Regularization”. In a
specific embodiment, this concept is combined with the total
variation approach and is referred to, in the following, as
“Anisotropically Weighted Total Variation” (AWTV).
[0105] Hence, in a most basic form for two directions such
as the orthogonal directions x and y referred to above, a
constant K is introduced in the regularization term as weight,
which balances horizontal and vertical gradients according
to the available ray information in each direction:

Eq. 5.7

J+1

Do w2 xlo

[0106] This can similarly be achieved for equation S.7 by
weighting axial components differently by parameter k.
Note that non-axis-aligned weighting can also be achieved
by projecting derivative components in equations S.6 and
S.7 onto tensors, although we herein prefer axis-aligned
weighting. The weight K can be tuned for each individual
cell c. However, in a preferred embodiment, a single value
K is defined for the full image, i.e. the same weight Kk is
applied to all gradients of the one axis while the weight 1-«
is applied to all gradients of the other axis y. Under the
assumption that k=0.5, the gradients along one of the
directions/axis are emphasized over the gradients along the
other direction/axis. In a very preferred embodiment, k=0.9.
[0107] In another embodiment, the gradient directions
used in the regularization is not limited to orthogonal
directions. More than two gradient directions can be intro-
duced in the spatial regularization term, which then may be
referred to as “Multi-Angle AWTV” (MA-AWTV):

HDG‘WA—AWTV;EMEQ:{Q l.cxzmMKa‘qu‘

[0108] where D, 0=Do-e, is the directional derivative
along the unit vector with inclination c.

~0; +(1-K)lo;, -0;

Eq. 5.8

1)

Eq. 5.9
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[0109] Given the maximum available angle 6, .. the gra-
dient directions a for a total of N, different directions are
preferably chosen as follows:

fa} = {#i, 180° - 43}, Eg S. 10

1 2

¢i € {ngmaxmv gmaxmv K, gmax}

[0110] and the weights i, are preferably calculated with
the following algorithm:
[0111] 1) Initialize weights K, ={0};
[0112] 2) For each wave path p crossing cell c:
[0113] a. calculate the inclination of the wave path 0;
[0114] b. Increase the weight x, of the closest gradient
direction {0} with respect to ¢ by the geometric
overlap of path p with cell ¢. If 8>8,,,_, do not increase
Ky
[0115] 3) Average {x} over all cells.
[0116] Note that not including the directions outside the
imaging angular span [-8,,,, 0,,..] effectively assigns them
no regularization. This avoids over-constraining directions,
for which no boundary information is available, which
reduces image artifacts. For conventional medical ultra-
sound arrays, 6>30° leads to strong grating lobes and
cluttering and are typically not used.
[0117] For plane wave emissions as illustrated in FIG. 2a,
the maximum angle 0, . is obtained as the maximum plane
wave inclination. For other path/diversity configurations a
different subset of angles may provide better results.
[0118] Ifstep 3 is omitted, cell-specific k,, values can also
be used. In a preferred embodiment, three gradient direc-
tions are used, preferably: [0,8,,.,-6,..], wherein 0° is
defined as first direction y along the y-axis, i.e. orthogonal
to the second direction along the x-axis defined by the
longitudinal extension of the transducer.
[0119] In a preferred embodiment, equation S.5 specifi-
cally is embodied as:

Fawry = argrnin{IIAt— Lol + Eq. S.11
a

AZ‘.J\/[Klo'Hl,j — o P+ [ = R)lo 1 — o 11 }

[0120] In a different embodiment, equation S.5 specifi-
cally is embodied as:

& 4upy = awgmin Eg. S.12
c

{1a0= Lol +23 7, Moerj =031+ (=0l gt =03

[0121] And in a further embodiment, equation S.5 spe-
cifically is embodied as:

Frga-awry = Eq. S.13

ang min {1ar- Lol +03, Za:wl st oy kelDacl}
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[0122] To keep the same regularization constant for equa-
tion S.11 and equation S.12, the weights are preferably
normalized such that = _x=1.

[0123] Tt is also possible to use L.2,1-norm of Eq. S.7 for
the error function term, |At-Lol, ,, or any other norm that
shows TV behavior.

[0124] 1In a preferred embodiment, the constant A, also
referred to as regularization constant, is set depending on
one or more of an image resolution, aspect ratio, the number
of time measurements M. The image resolution may be
given by parameter h, which denotes the height of a cell, and
preferably also the width of a cell in case of square cells. An
empirical formula is provided below in Eq. E.1, which may
need to be adjusted for different path diversity configura-
tions.

[0125] In a preferred embodiment, the ultrasound param-
eter values are determined for several emitted ultrasound
frequencies allowing to reconstruct frequency-dependence
of such parameter. The measurement preferably would be
repeated while setting the emitter frequency to different
values in the ultrasound machine. This may allow for
nonlinear SoS and attenuation reconstruction. Then, differ-
ent reconstructed parameters may, e.g. in their rate of change
per frequency, reveal information.

[0126] In a preferred embodiment, for a specific line of
cells, and most preferably for the lowest or the highest row
of cells in the horizontal direction x no regularization is
applied. Hence, the values for those cells are found based
solely on the error function according to equation S.4 when
looking for the best speed of sound values for the cells of this
row. By such means baseline artifacts can be released: Small
DC components in the slowness distributions o may lead to
staircase artifacts in the vertical direction of the images
reconstructed with equation S.11 or equation S.12. These
artifacts can be minimized by defining a release line in the
image, i.e. a row of cells, for which no smoothness regu-
larization is applied. Typically this is performed for the
lowest horizontal line (j=1). The release line accumulates
DC components in o, which are then homogeneously dis-
tributed over the image. Equation S.11 is then rewritten as:

Eq. S.14
v =arg min <||Ar — Lij|; +
o

L
A Z Ko, = 0l + (L=l oy — 04
<=2

!
Gawry =v+ (U)AZ Til
w1

[0127] Moreover, in the edges of the reconstructed image
the gradients are not defined. Preferably, o,,, =0, 0, ,,,=0is
set as boundary condition, which leads to a minimization of
the edge slowness values, and provides a good stability in
the reconstructions.

[0128] In an embodiment, prior information may be avail-
able with respect to the tissue to be examined. In such
scenario, constant SoS values may be assigned for some
regions of the reconstructed image. For instance, given
breast tissue, a constant sound speed value each may be
assigned one or more of cystic regions or fat layers. Prior

Jan. 9, 2020

information preferably referring to a region in the tissue may
be introduced with the following preferred algorithm:
[0129] 1) Error function ||At-La]|,,

[0130] a) Group all o values belonging to the same
region prior information is available for region into a
single value;

[0131] b) Sum all columns of L corresponding to the
grouped o values;

[0132] 2) Regularization term |[Dof|,,

[0133] a) Group all o values belonging to the same
region prior information is available for into a single
value;

[0134] Db) Sum all columns of D corresponding to the
grouped o values.

[0135] In this embodiment, a region comprising multiple
cells in the plane is treated uniformly and is assigned the
known speed of sound value. Such a grouped o region
shows longer associated relative path lengths 1, in L.
Consequently, an error weighting of the grouped region
preferably is proportional to their surface.

[0136] Since the gradient matrix D preferably contains
differences of the form [+1, -1] for adjacent cells, regular-
ization constraints corresponding to grouped o values will
vanish. However, the edges of the prior known regions
preferably will preserve the regularization constraints.
[0137] Total variation, as .1 norm used in embodiments of
the reconstruction of the image, in particular performs well
in reconstructing piecewise constant image regions such as
inclusions, as typical for tumors and their surroundings.
However, in some scenarios, it may be required to recon-
struct smooth SoS regions. In these cases, the above total
variation may show staircase artifacts. A possibility to
alleviate these effects is to consider higher order differences
in the smoothness regularization. A particular example is
Total Generalized Variation:

1Dy =H§H{IIDU—VII1+||DV—DVT||1} Eq. 8. 15

[0138] which balances between the first and second
derivatives of the function. Accordingly, in another embodi-
ment, the processor is configured to determine the speed of
sound values by minimizing according to the following
fanction:

1DAlrGy-awrv = Hgn{zijlk(ﬂ'm,j -0 —vil+ Eq. S. 16

(L= K@ 11 = i) = val + 1DV = DVl

[0139] Other examples include bilateral filter, guided fil-
ters and curvature filters, among others, which accommodate
specific curvatures/smoothness (piecewise linear, piecewise
smooth, Gaussian).

Extension to Other Acoustic Parameters

[0140] Spatial Domain Reconstruction refers here to the
reconstruction of parameters that characterize the transmis-
sion of ultrasound through tissue structures. It does not refer
to beamforming methods to generate images of tissue reflec-
tivity patterns (conventional B-mode images).
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[0141] The ultrasound parameter that is determined can be
one of:

[0142] speed of (ultra) sound

[0143] acoustic attenuation

[0144] frequency dependent acoustic quantities, e.g.

frequency dependent SoS and attenuation
[0145]

[0146] In one embodiment, the tomographic image recon-
struction is based on acoustic attenuation. The acoustic
attenuation o(dB/cm) describes the loss of signal amplitude
due to absorption and scattering in tissue. Attenuation mea-
surements can be performed as follows with any embodi-
ments of the invention.

[0147] For instance, in the registration method described
in Eq T.1, o,[m] and o,[m] represent cumulative energy
values for the measurement point m for two different wave
propagation paths. These, for instance, can be computed
from signal envelopes, signal peaks, or similar methods
known to those skilled in the art. In one embodiment,
speed-of-sound reconstructions may be used to compensate
for aberrations between different paths to better align signals
for more accurate comparative energy measurements. Rela-
tive amplitude measurements can be expressed in linear
scale as:

speed of sound dispersion

a[m]=0,[m)/o,[m]

[0148] The amplitude measurements are a function of the
speckle pattern reflectivity and the acoustic attenuation. The
speckle pattern reflectivity can be modeled in function of the
path direction, and removed from the relative amplitude
measurements. The remaining amplitude variations are due
to acoustic attenuation Aa,,. For instance, if isotropic reflec-
tivity patterns are assumed, then a,=Aa . Expressing then
Aa,, in logarithmic units a formally equivalent relation to Eq.
D.4 in terms of acoustic attenuation o[dB/m)] at tissue cells
¢ is obtained:

Eq. 4.1

c Eq A2
20log{Ady,) = Z I

c=1

[0149] Eq. A2 can be solved with all the methods
described in the invention for Eq. D.4. All image recon-
struction methods described in connection with speed of
sound can be applied.

[0150] In another embodiment, the tomographic image
reconstruction is based on frequency-dependent acoustic
quantities. For instance, given the registration method
described in Eq T.1, the power spectral densities at the
measured tissue position m for both paths S, [m, f] and S [m,
f] from the sample sets ylm+n,, +K] and x[m+k], with
k=[-W/2, W/2] defining the correlation block size. S (m, f)
and S, (m, f) are computed in a straight forward way with
spectral estimation methods well known in the art, e.g.,
Bartlett’s method, least-squares spectral analysis, wavelet
analysis or short-time Fourier transform. In this process,
windowing functions can be applied to the samples in
ylm+n,,,+k] and x[m+k] to reduce edge discontinuities, e.g.
Hanning, Gaussian, etc. Then, frequency-dependent relative
amplitude measurements are calculated:

alm, £1=8,Im, §1/8.Im, §] Eq. 4.3
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[0151] Applying then Eq A.2, the acoustic attenuation can
be solved in function of the frequency o (f)

[0152] A similar method can be applied to compute fre-
quency-dependent speed of sound values by analyzing the
phase information contained in y[m+n,,+k] and x[m+k].
First, y[m+n,,+k] and x[m+k] are expressed in the fre-
quency domain f, for instance with a Fourier, cosine or
wavelet transform. The phase differences ¢, (m, f)-¢,(m, f)
in function of the frequency f are then directly associated to
frequency-dependent relative time measurements <,,(f):

T m, £)-9,0m, £))/(-2nf)

[0153] Given <, (f), all image reconstruction methods
described in connection to speed-of-sound can be applied to
invert the frequency-dependent speed-of-sound distribution
o (f) for each tissue cell ¢. The speed of sound dispersion
x_(f) can then be obtained at each cell as follows from both
o(f) and the average speed of sound value vy, the latter of
which can be measured with one of the aforementioned
methods.

va(e, H=vp(14(H) =0 +o (F)

Eq. 4.4

Eq. 4.5

Reconstructions with Multiple Measurements

[0154] Multiple ultrasound data collected from several
observations can also be combined in the reconstruction
equation above to solve altogether at once, to increase
accuracy and robustness. Expected consistency of additive
displacements across several observation frames may also
be used to boost accuracy and resolve ambiguities by
removing outliers in displacement estimations similarly to
registration rectification methods in [3].

A Possible Embodiment of Measurement Setup

[0155] In such embodiment, the ultrasound transducer
comprises at least an element for emitting ultrasound, pref-
erably at some frequency in a range between 1 MHz and 40
MHz, and more preferably in a range between 3 MHz and
14 MHz. The ultrasound transducer preferably converts
electrical signals into ultrasound waves, e.g. by means of a
piezoelectric converter as such element. In a very preferred
embodiment, the ultrasound transducer also comprises at
least one receiver element, and preferably more, for receiv-
ing ultrasound waves, and in particular for receiving
reflected ultrasound waves as will be explained below, and
for converting the received ultrasound waves into electrical
signals.

[0156] For this purpose, the ultrasound transducer com-
prises a set of emitter elements and a set of receiver
elements. While the elements of the sets may be different
elements such that emitter elements only are capable of
emitting ultrasound while receiver elements only are capable
of receiving ultrasound, in a different embodiment a single
transducer element may be configured to emit and receive
ultrasound. Such transducer element is referred to act as
emitter element and as receiver element respectively. Each
set preferably comprises two or more elements, and prefer-
ably more than hundred elements.

[0157] Preferably, a combination of an emitter element
and a receiver element—also referred to as pair—is operated
at the same time, i.e. the processor triggers the respective
emitter element to emit an ultrasound wave, while the
receiver element receives the emitted and reflected ultra-
sound wave with a certain delay.
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[0158] At the receiver element, the received reflected
ultrasound wave is converted into an electrical signal over
time, also referred to as radio frequency (RF) trace.

[0159] Given that various emitter—receiver element com-
binations are triggered sequentially by the processor, it is
preferred that for each combination the corresponding RF
trace is recorded. Preferably, all possible emitter element—
receiver element combinations are triggered and define the
set of combinations. However, in a different embodiment,
only a selection out of all possible combinations is defined
in the set of combinations.

[0160] In a preferred embodiment, a single transducer
with N transducer elements is applied. and a “multi-static
matrix”, with RF traces, and/or corresponding time of flight
values for all possible NxN emitter elementxreceiver ele-
ment combinations is recorded. It is then preferred, that for
identifying a certain path p, an index for the transducer
emitter element e and the transducer receiver element r are
used, so that the time of flight tp and te, r are equivalent. It
is possible to acquire the “multi-static matrix” in real time,
for instance, by simultaneously recording the RF traces of
multiple receiver elements.

[0161] Other variations are possible: For instance, several
adjacent emitter elements may be fired simultaneously or
with an incremental time-delay, generating a so-called
“plane-wave” emission, to increase an acoustic intensity
level coupled into the measured tissue, and/or the RF traces
of several adjacent transducers may be averaged or com-
bined in any form to reduce noise. Hence, the preferred
starting point to the image reconstruction is a set of digitized
RF traces acquired by individual receiver elements upon
specific emitter firings, hence, each corresponding to an
emitter element—receiver element position pair.

[0162] In another embodiment, the apparatus may include
a matrix transducer with a two-dimensional array of trans-
ducer elements, which allows the processing unit to recon-
struct three-dimensional images, by combining emitter—
receiver pair information in different planes. In a different
embodiment, the two-dimensional hand-held apparatus can
be used multiple times, each in a different plane, in order to
generate a three-dimensional image stack. The here outlined
hand-held apparatus can also be incorporated to an auto-
mated scanning system that provides three-dimensional
image stack, but sequentially moving along multiple planes,
which sequential movement is automatically controlled.
[0163] In a different embodiment, the two-dimensional
hand-held apparatus can be used multiple times, each in a
different plane, in order to generate a three-dimensional
image stack. The here outlined hand-held apparatus can also
be incorporated to an automated scanning system that pro-
vides three-dimensional image stack, but sequentially mov-
ing along multiple planes, which sequential movement is
automatically controlled.

[0164] In a preferred embodiment, the transducer has a
linear array of transducer elements, and hence, a flat, lon-
gitudinal extension along these elements. However, other
geometries of the transducer are possible, for instance,
convex implementations. Preferable, the geometric paths
between transducer pairs and specific internal tissue posi-
tions can be defined for such other geometries, which in
general is possible for any arbitrary geometry. For this
purpose, ray tracing equations or more advanced full wave
simulation approaches, e.g. finite-difference time-domain
simulations, can be applied.
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Applicability Scenarios

[0165] It is preferred that the apparatus is used in Ultra-
sound Computed Tomography (USCT) in the medical
domain to detect tumorous inclusions in breast tissue, which
may not be visible in conventional B-mode images or may
be visible but may not be diagnosed or categorized in
B-mode images alone.

[0166] Preferably, the ultrasound parameter that is deter-
mined per cell can be one of speed of (ultra)sound, acoustic
attenuation, frequency dependent acoustic quantities, speed
of sound dispersion. Although the previous and following
embodiments are mostly referred to the speed of sound
determined as ultrasound parameter, it is understood that in
any of the following embodiments, the speed of sound may
be replaced by acoustic attenuation as relevant ultrasound
parameter, or any of the other parameters as listed.

[0167] The measured ultrasound parameters can be in turn
combined to estimate other tissue properties, such as for
instance the tissue temperature (e.g., during an ablation
treatment), or the mass density, or in general any property of
healthy or diseased tissue, which correlates with the mea-
sured ultrasound parameters. Repeated ultrasound measure-
ments can be used to monitor tissue changes in time.
[0168] The measured ultrasound parameters can as well be
determined in function of an external perturbation applied to
the tissue, such as a mechanical excitation (for instance, a
pre-compression or a vibration field, such as vocal fremitus),
or a temperature field (for instance, during an ablation
treatment), among others.

[0169] A standard ultrasound transducer can be employed,
which is known e.g. from conventional B-mode scanning, in
contrast to customized and costly transducer mechanisms of
the known systems, which then also allows a clinician to
simultaneously use this transducer for conventional clinical
B-mode imaging, by simply using different processing pipe-
lines for the recorded data.

[0170] The presented invention provides a low-cost hand-
held alternative to state-of-the-art high-end ultrasound
tomography systems. Conventional B-mode systems can be
used for USCT with the same hardware plus dedicated
software. The present invention can be used as an add-on to
conventional B-mode ultrasound equipment, particularly for
breast cancer detection. The invention may allow for the
detection of other anomalies of the subject tissue such as
lesion/fibroadenoma/cysts, also giving information about
size and/or depth and/or location.

[0171] Apart from breast scanning, a broad range of other
applications and targets may be envisaged, medical imaging
for other organs and tissue structures which can be measured
with conventional ultrasound waves such as musculoskeletal
system, liver, kidney, spleen, prostate, brain, thyroid, and in
general for non-destructive testing of materials, biological or
non-biological. The hardware (for instance, transducer
geometry, pulse frequency, duration and signal level) and
software (regularization parameters, amplitude and dis-
placement tracking algorithms) can be optimized for each
application scenario.

Implementation Examples

[0172] FIG. 5 illustrates in columns a) ten different
examples of artificial inclusions (black and white) in a
homogeneous tissue (grey). Black colors correspond to high
speed of sound values, whereas white color corresponds to
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low speed of sound values. Columns b) to ) show images
based on simulation results of a virtual transducer extending
at the top line of each sample. Relative time measurements
T, are simulated at each tissue cell coordinate ¢ by compar-
ing plane wavefronts at angles 61 ==20° and 20° with
respect to 82 =0°. This follows the spatial diversity genera-
tion strategy illustrated in FIG. 2a. The t,, values are directly
generated with a ray tracing algorithm, so that no uncertain-
ties due to texture matching or unaccounted wave propaga-
tion paths are present. Random noise is then added to the T,
matrix, following a Gaussian distribution with zero mean
and a standard deviation expressed as percentage (10% or
50%) of the peak t,, value for each example. An example of
T, is plotted for tissue model P1 and noise level=10%.
[0173] The Spatial Domain Reconstuction (SDR) obtained
with an embodiment of the proposed invention are compared
to reconstructions obtained with the same setup for the
Frequency Domain Reconstruction (FDR) method known
from previous art WO 2015/091519. Specifically, for SDR
the “multi-angle anisotropically weighted total variation
(MA-AWTV)” with three gradient directions is used Eq.
S.13. The regularization parameters are adjusted in both
FDR and SDR cases so that the best possible image quality
is obtained (above the noise level with best vertical resolu-
tion). The same regularization parameter A=0.0125 is used
for all SDR examples. The empty regions of <, due to the
non-adjacent plane wave regions (FI1G. 2b, dashed regions)
are not included in the reconstruction for SDR, and zero
valued for FDR.

[0174] The FDR images are of relatively lower contrast
already at moderate noise levels of 10%, such that the
inclusion geometries P6 and P8 and P11 cannot be resolved.
For noise levels of 50%, the inclusion geometries P3, P4, P5,
P6, P7, P8, P9 cannot be resolved. Two kinds of image
distortion, which were previously reported by WO 2015/
091519, or Jaeger et al. 2015 are observed, which are
common to limited-angle computed tomography algorithms:
a) Resolution loss along missing angular directions: for
instance, since ray paths parallel to the transducer surface
are missing, the reconstruction precision is significantly
lower in the vertical direction, b) strong streaking artifacts:
these are the consequence of the regularization in the
frequency domain, and probably due to the steep elimination
of certain frequency components from the image spectrum,
¢) artifacts are also observed at the bottom of P2 due to the
zero-filled <, regions. The speed-of-sound values recon-
structed with FDR are also significantly reduced with
respect to the defined setup values.

[0175] On the contrary, the spatial regularization applied
by the SDR method presently described achieves piecewise
delineation of homogeneous inclusions, effectively filtering
out noise from the images. Both reconstructions at noise
level 10% and 50% show consistent results, with minor
image degradation. Remaining artifacts include the disap-
pearance of one of the inclusions of P4 for noise=50%,
corresponding to a corner region where only few T, mea-
surements are available.

[0176] Therefore, given the same <, data, the proposed
SDR method achieves a significant improvement of inclu-
sion delineation for moderate noise scenarios with respect to
prior art. Quantitative speed of sound images are obtained,
which closely match the defined setup values. Therefore, a
quantitative imaging biomarker can be obtained from this
method for tissue differentiation and diagnosis.

Jan. 9, 2020

[0177] FIG. 6 and FIG. 7 provide examples of the clinical
applicability of embodiments of the present invention to
tumor delineation and differentiation. In-vivo data were
recorded at the University Hospital of Zurich for a female
patient showing a cancerous lesion—which biopsy revealed
as invasive ductal carcinoma (FIG. 6), and a second female
patient showing a benign lesion—confirmed to be a fibroad-
enoma (FIG. 7). Conventional ultrasound B-mode images
are provided for both lesions, both appearing as a dark
region followed by a shadow region, which do not show a
delineation and differentiation of the lesions in terms of gray
level contrast. Multi-static data A(t, tx, rx) was acquired
based on a commercial FDA-approved SonixTouch research
ultrasound machine, from Ultrasonix Medical Corporation,
Richmond, BC, Canada. The ultrasound transducer is here a
commercial linear array (L14-5, Ultrasonix). It comprises a
total of N=128 transducer elements, with a pitch between
elements of 300 pm, an element elevation of 7 mm, and a
total aperture of 38 mm. A multi-channel data acquisition
board (SonixDaq, Ultrasonix) collects raw pre-beamformed
data in parallel with a sampling frequency of fs=40 MHz and
12 bits per sample. The process is repeated for all transmitter
elements, so that a total of N? time traces were recorded in
<0.1 s (about 100 MB). The transducer provides two-
dimensional ultrasound imaging in a plane perpendicular to
the transducer elements, with the width of the image corre-
sponding to the linear array direction, and the depth corre-
sponding to the perpendicular direction to the transducer
elements, along which ultrasound echoes are recorded in
fanction of time. Plane wavefronts were synthesized from
the multi-static data, see Eq. P.1, between 6=-22.5° and
22.5° with 0.5° steps. Beamformed images B(x,y,0) were
generated at each width x (mm) and depth y (mm) coordi-
nate were calculated with Eq. P.2. for each angle 6, by
choosing the delays(rx) as:
delay(rx)=1/vg*(x*sin (8)+y*cos(0)+sqrt((x—pitch*rx)
%)

[0178] The displacement tracking (motion estimation)
algorithm described in Eq T.1 was applied between beam-
formed images corresponding to increasing 0 pairs. A tex-
ture correlation block of 1x1 mm? (52x3 pixels®) was used,
with a search range of 0.125 us. A one-dimensional corre-
lation search was performed in y, using a zero-normalized
cross-correlation (ZNCCC) to find the vertical displacement
Ay in meters at each point (X, y). Ay is calculated from Eq
T.2 as:

Ay=n,,*pixel_size_y;

[0179] where nopt is the displacement in pixels and pixel_
size_y is the recorded pixel size in y. For a sampling
frequency f5 of the ultrasound system [s_, ], pixel_size_y is
calculated as:

pixel_size_y=1A4/fs*vp

[0180] The vertical displacement measurements Ay were
then converted to time measurements with:

™, /vp/cos(6)

[0181] Time measurements T,, with correlation coeffi-
cients ¢ [m, n,,,[>0.5 were discarded from the measure-
ments. The time measurements were cumulated so that time
measurements of [0=-22.5, -17.5, -12.5, -7.5, -2.5, 2.5,
7.5,12.5,17.5, 22.51]° with respect to 0° were input to the
reconstruction. Specifically, for SDR the “multi-angle aniso-
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tropically weighted total variation (MA-AWTV)” with three
gradient (-22.5°, 0°, 22.5° directions was used.

[0182] The path lengths 1, . were calculated with linear
interpolation.

[0183] The regularization constant was calculated for this
configuration as follows:

h w
A:MEM 5

[0184] whereh is the output pixel size (here 0.5 mm), href
equals the transducer pitch (300 pm), D and W are the
reconstructed image depth and width, and M is the number
of time measurements incorporated considered in the inverse
problem Eq. D.4. The reference regularization constant
depends on the spatial diversity strategy used and the type of
spatial regularization applied. For plane waves and MA-
AWTYV with L1-norm solution term, it has been empirically
found that A, ~=2.1E-7, provides a good performance for a
broad range of experimental configurations. Accordingly, in
the calculated examples, A=0.09.

[0185] Prior to the SDR reconstruction, the average speed
of sound v was adjusted to its actual value as follows:
Considering two different plane wave angles 61 and 62 and
an initial estimate of the average speed of sound ¥, the
misadjustment of v translates into an increasing time delay
with depth coordinate y:

Eq El

T(y)=(cos10,-cos ™10 ) (vp =Pyt Eq.E2

[0186] from where the actual average speed of sound v,
can be estimate from a linear fit.

[0187] FIG. 6 and FIG. 7 show speed-of-sound images
reconstructed with the SDR method. The measurement data
At shows large empty regions corresponding to the tissue
regions no displacement information could be extracted.
These were observed for instance in image areas not tra-
versed by the plane wavefront, but also in the low echoge-
nicity region observed around the breast lesions. In general,
any displacement tracking algorithm may show tracking
failures, corresponding to image areas, where speckle infor-
mation is not sufficient for extracting displacements. The
presently suggested SDR reconstruction can handle these
empty regions, allowing inputting incomplete tracked
frames into the reconstruction.

[0188] An FDR requires a complete At measurement for
all the tissue region. The combination of a large part of
measurement data missing, together with the noise of the
speckle measurements leads to a poor reconstruction, in
which the tumorous inclusions cannot be delineated. On the
contrary, the SDR reconstruction provides a clear delinea-
tion of the malignant tumor region, in agreement with the
inclusion visible in the B-mode image. Moreover, the sound-
speed imaging allows for a sharp delineation of the tumor
area where sound-speed changes occur, which is not pos-
sible in the B-mode images, due to the shadowing (increased
acoustic attenuation) behind the lesions. A clear differentia-
tion is observed between malign (>5% speed-of-sound con-
trast) and benign lesions (about 2% speed-of-sound con-
trast), which allows for quantitative differentiation. These
values are in quantitative agreement with prior speed of
sound observations obtained with full-angle ultrasound
computed tomography (USCT) of the breast. It is remark-
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able that despite the lack of time measurement information
in the malign tumor region of FIG. 6, the tumor can be
sharply delineated. As illustrated in FIG. 1, the required
reconstruction information is obtained from behind the
tumorous lesion, corresponding to paths that have traversed
the lesion. The Spatial Domain Regularization (SDR)
approach presently presented is capable of capturing irregu-
larly distributed time measurement information and cor-
rectly regularizing it for a sharp delineation of speed of
sound inclusions.

Displacement Estimation for Reflector-Less
Reconstruction

[0189] Displacement estimation preferably is used in elas-
tography, where local displacements are observed in
response to some external excitation in order to estimate
tissue viscoelasticity. Displacement tracking preferably is
used in order to infer apparent displacements due to differ-
ences in speed-of-sound (SoS). The accumulation of local
SoS along different sound paths cause a physical point in
space to appear at slightly different locations. When two
beamformed frames from two different viewing angles are
compared and the apparent displacement between them are
estimated, this represents the difference of cumulative SoS
between rays (waves) arriving at that point from those two
angular directions.

[0190] For displacement tracking, there exist several tech-
niques, including gradient-based, phase-based, and Doppler-
based methods. Displacement tracking methods are typically
classified based on the type of signal [RF, in-phase and
quadrature (I/Q), envelope, and B-mode] and the domain on
which they operate (i.e., time, phase, or frequency).

[0191] Since phase based estimators are limited by a
horizon of half ultrasound wavelength, phase unwrapping
preferably is also applied in displacement tracking. Peak-
based estimators can preferably also be applied.

[0192] To increase precision, up-sampling methods, as
well as subsampling using function fitting or pattern match-
ing techniques may also be suggested.

[0193] Although a 1D displacement estimator may be
used, multi-dimensional (e.g. 2D) displacement/motion esti-
mation techniques may help leverage complementary infor-
mation from different axes, and thus resolve estimation
ambiguities.

[0194] Elastography often uses the temporal consistency
of motion across consecutive image frames in time. Simi-
larly, the consistency of apparent displacements across mul-
tiple consecutive plane-wave angles may be used to filter out
observation outliers.

[0195] The image processing and analysis techniques of
optical flow and image registration may also be capable of
finding displacements. This then allows for standard tech-
niques, such as parametric (B-spline) or non-parametric
displacement estimators, as well as using the consistency of
displacement across several frames to increase accuracy and
resolve ambiguities by removing outliers in displacement
estimations.

[0196] The content of the following papers is introduced
by way of reference:

[0197] [1] F. Viola and W. Walker, “A comparison of the
performance of timedelay estimators in medical ultrasound,”
IEEE Trans. Ultrason. Ferroelectr. Freq. Control, vol. 50, pp.
392-401, Apr. 2003.
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[0198] [2] Reza Zahiri-Azar, Orcun Goksel, and Septimiu
E. Salcudean: “Sub-sample Displacement Estimation from
Digitized Ultrasound RF Signals Using Multi-Dimensional
Polynomial Fitting of the Cross-correlation Function”, IEEE
Trans Ultrasonics, Ferroelectrics, and Frequency Control
57(11):2403-20, Nov 2010.

[0199] [3] Tobias Gass, Gabor Szekely, and Orcun Goksel:
“Consistency-Based Rectification of Non-Rigid Registra-
tions”, SPIE J Medical Imaging 2(1):014005, May 2015.

General

[0200] In one embodiment, the ultrasound transducer may
comprise a set of transducer elements each containing one
emitter element and one receiver element, or a combined
emitter and receiver element.

[0201] In one embodiment, the emitter elements of the set
and the receiver elements of the set, or the transducer
elements respectively, are arranged in a straight row. Pref-
erably, the first direction of the gradients of the ultrasound
parameters is a direction y orthogonal to a longitudinal
extension of the set of emitter elements Tx and the set of
receiver elements Rx, or the transducer elements respec-
tively, and the second direction x is orthogonal to the first
direction y.

[0202] In a different embodiment, the emitter elements of
the set and the receiver elements of the set, or the transducer
elements respectively, are arranged in a curved line, and
preferably along a convex line. Each transducer element, or
each emitter element and receiver element, has a principal
direction referred to as radiation axis along which the
transducer element emits ultrasound. Preferably, the first
direction y of the gradients of the ultrasound parameters
represents an average of the radiation axes of the set of
emitter elements Tx and the set of receiver elements Rx, or
the set of the transducer elements respectively. The second
direction x is orthogonal to the first direction y.

[0203] In a different embodiment, the second direction is
defined by a maximum angle ¢, with respect to the first
direction, which maximum angle ¢,,,. is defined by a maxi-
mum inclination of the ultrasound beam or non-focused
ultrasound wavefront transmitted by the set of emitter ele-
ments Tx and received by the set of receiver elements Rx,
and a third direction preferably is defined by the negative
maximum angle ($,,,,.).

[0204] In this context, every transducer element may have
a defined radiating axis y. However, several transducer
elements together (array) can allow angulation of the ultra-
sound transmission, for instance, by generating plane waves
with a defined angle, or by generating a steered ultrasound
beam. For a particular measurement scenario, a maximum
angle that preferably can be generated is referred to as ¢,,, ..
which preferably is dependent on physical constraints as
side lobes, or design decisions to use just a limited set of
angles.

[0205] FIG. 4 illustrates a block diagram of a medical
ultrasound system according to an embodiment of the pres-
ent invention, employing two different approaches in gen-
erating an ultrasound based tomographic image, and includ-
ing one or more preferred buildings blocks already
addressed in the previous sections. In different embodi-
ments, only one of the approaches of generating an ultra-
sound based tomographic image is implemented and is
applied in a medical ultrasound system.
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[0206] For both approaches, ultrasound signal frames are
generated from the tissue to be investigated in block 110,
preferably by means of an ultrasound transducer. Each frame
preferably represents an ultrasound wave received by one or
more receiver elements of the transducer in response to an
ultrasound wave emitted by one or more of the emitter
elements of the transducer. Each frame, and hence each
measurement preferably is taken from a different plane-
wave angle, i.e. by holding the transducer in a different angle
relative to the tissue to be investigated, such as is illustrated
in FIG. 1, for example.

[0207] Inthe first approach, i.e. a first embodiment, timing
of the ultrasound signal frames corresponding to different
paths through the tissue/angles of the ultrasound transducer
is evaluated. For this purpose, displacement tracking is
performed in block 120 for any frames corresponding to
different measurement angles, however with a focus on the
same location of the tissue. Next, local mis-registration
between two or more frames is performed in block 125.
Based on such mis-registrations, represented e.g. by differ-
ences in the measurements in time, a spatial-domain recon-
struction is applied in block 130, which effectively leads to
a determination of a speed of sound distribution over the
discretized tissue region, see block 135. The speed of sound
distribution may then be graphically displayed as ultrasound
based tomographic image.

[0208] In a second approach, i.e. a second embodiment,
the ultrasound parameter to be determined per discretized
cell of the tissue is not speed of sound but attenuation,
instead. Accordingly, it is not timing information in the
received ultrasound signal frames that is evaluated, but it is
the amplitude or power of the ultrasound signal frames
received, see block 140. Hence, an amplitude or power
comparison is performed for any frames corresponding to
different measurement angles, however with a focus on the
same location of the tissue. Next, instead of local timing
mis-registrations, local amplitude/power shifts are deter-
mined in block 145 for the respective signal frames. Again,
a spatial domain reconstruction is applied in block 150
providing an attenuation distribution over the discretized
tissue region, see block 155. The attenuation distribution
may then be graphically displayed as an ultrasound-based
tomographic image.

[0209] FIG. 8 illustrates a method and a medical ultra-
sound system according to an embodiment of the present
invention. The physical set-up of the medical ultrasound
system of FIG. 8a) 1s identical to the set-up shown in FIG.
1. However, the ultrasound parameter extracted from the
measurements is different: While in FIG. 1, the ultrasound
parameter investigated is speed of sound, in FIG. 8, it is
attenuation of the ultrasound wave. Accordingly, if put into
context with the embodiment of FIG. 4, the embodiment of
FIG. 1 may represent a system/an approach including the
upper branch of the block diagram of FIG. 4, while the
embodiment of FIG. 8 may represent a system including the
lower branch of the block diagram of FIG. 4.

[0210] In the illustration of FIG. 8a), again, two sample
ultrasound waves are directed towards location ml in the
wave-plane. In this example, the waves are referred to as
RF1 and RF2, wherein wave RF1 takes path pl inclined by
angle o with respect to the row of the elements of the
transducer 1, while wave RF2 takes path p2 inclined by
angle p with respect to the row of elements of the transducer
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1. Along path p1, there is no inclusion, while along path p2,
inclusion i is traversed between locations ul and u2.
[0211] InFIG. 85), an envelope of the amplitude or power
of the corresponding waves is referred to by RF1 and RF2
their travel through the tissue T. It can be derived, that wave
RF1 not passing any inclusion is less damped than wave RF2
passing the inclusion i. A difference in the envelope of the
amplitudes of the waves (such as received at the correspond-
ing receiver elements) is referred to as shift in amplitude or
power Aa in FIG. 85), comparable to the difference of time
of flight values for the embodiment of FIG. 1. Accordingly,
instead of a time difference between the time of flight values
of two waves travelling different paths through the tissue
resulting in the determination of speed of sound values for
the individual cells, such as shown in FIG. 1, now a
difference between the amplitudes/powers of two
wavesAand more precisely of the two reflected waves as
received by the receiver elementsAallows for determining
attenuation values for the individual cells according to FIG.
8.

[0212] Analogue to equation S.1, the equation for the
attenuation being the relevant ultrasound parameter is

20*log(Aa)=La Eq. Z.1

[0213] wherein o represents the attenuation image of the
tissue, i.e. attenuation values assigned to the discrete cells
the tissue is virtualized in,

[0214] wherein Aa represents the difference in amplitudes
as per F1G. 8b),

[0215] wherein [ again is a matrix including weighted
path lengths geometric information that depends on the
transmitter-receiver setup of the transducer and the size and
shape of the cells, in particular their granularity/resolution.

1. Medical ultrasound system, comprising:

an ultrasound transducer for emitting and receiving ultra-

sound; and

a processor,

wherein the ultrasound transducer is electrically con-

nected to the processor, and

wherein the processor is configured to
determine an ultrasound based tomographic image subject to
ultrasound waves received by the ultrasound transducer in
response to ultrasound waves emitted by the ultrasound
transducer and scattered and/or reflected by tissue to be
investigated.

2. The medical ultrasound system according to claim 1,
absent a man-made reflector for reflecting the emitted ultra-
sound waves.

3. The medical ultrasound system according to claim 1,

wherein the ultrasound transducer is a handheld ultra-

sound apparatus.
4. The medical ultrasound system according to claim 1,
wherein the ultrasound transducer comprises a set of
emitter elements and a set of receiver elements,

wherein the processor is configured to, for a set of emitter
element—receiver element combinations, trigger the
emitter elements of the set of emitter element—receiver
element combinations to each emit an ultrasound wave,

wherein the processor is configured to, for each of the
emitter element—receiver element combinations of the
set, determine a time of flight value or an amplitude or
an amplitude measurement for the ultrasound wave
travelling from the emitter element to the receiver
element,
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wherein the processor is configured to determine ultra-
sound parameter values of the ultrasound wave for cells
in a plane defined by the emitted ultrasound wave
dependent on the time of flight values or the amplitudes
or the amplitude measurements, and

wherein the processor is configured to convert the ultra-
sound parameter values into the image.

5. The medical ultrasound system according to claim 4,

wherein the processor is configured to determine the
ultrasound parameter values dependent on a difference
of the time of flight values for different ultrasound wave
propagation paths defined by different emitter ele-
ment—receiver element combinations of the set, and
wherein the ultrasound parameter is speed of sound.

6. The medical ultrasound system according to claim 4,

wherein the processor is configured to solve a system of
equations which relates a discrete set of time measure-
ments to the speed of sound values in a discrete number
of the cells,

wherein a time measurement of the set represents a
difference of the time of flight values for different
ultrasound wave propagation paths,

wherein the processor is configured to determine the
speed of sound values for the cells by solving the
system of equations.

7. The medical ultrasound system according to claim 5,

wherein the processor is configured to calculate speed of
sound variations in each of the cells of the set from
discretized relations between speed of sound incre-
ments in individual cells of the set and the cumulative
time measurements recorded by the transducer, given
defined propagation paths.

8. The medical ultrasound system according to claim 6,

wherein the time measurements are expressed by a linear
combination of the speed of sound values in the dis-
crete number of cells.

9. The medical ultrasound system according to claim 5,

wherein the ultrasound wave propagation paths of the set
all convert to or traverse a common point or region in
the insonified space, or

wherein the ultrasound wave has a diverging wavefront,
or

wherein the ultrasound wave has a circular wavefront.

10. The medical ultrasound system according to claim 4,

wherein the processor is configured to determine the
ultrasound parameter values out of a set of ultrasound
parameter values dependent on gradients of ultrasound
parameter values of neighboring cells.

11. The medical ultrasound system according to claim 4,

wherein the processor is configured to determine the
ultrasound parameter values out of a set of ultrasound
parameter values dependent on gradients of ultrasound
parameter values of neighboring cells in at least two
directions in the plane.

12. The medical ultrasound system according to claim 11,

wherein the processor is configured to determine the
ultrasound parameter values out of the set of ultrasound
parameter values dependent on gradients of ultrasound
parameter values in a first direction in the plane, and
dependent on a gradient of ultrasound parameter values
in a second direction in the plane different to the first
direction.
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13. The medical ultrasound system according to claim 12,

wherein the first direction is a direction orthogonal to a
longitudinal extension of the set of emitter elements
and the set of receiver elements, and wherein the
second direction is orthogonal to the first direction,

preferably wherein the emitter elements of the set and the
receiver elements of the set are arranged in a straight
row.

14. The medical ultrasound system according to claim 12,

wherein each transducer element including one emitter
and one receiver element has a principal direction
referred to as radiation axis along which the transducer
element emits ultrasound,

wherein the first direction represents an average of the
radiation axes of the set of emitter elements and the set
of receiver elements,

wherein the second direction is a direction orthogonal to
a longitudinal extension of the set of emitter elements
and the set of receiver elements, and wherein the
second direction is orthogonal to the first direction,

preferably wherein the emitter elements of the set and the
receiver elements of the set are arranged in a curved
line, and preferably in a convex line.

15. The medical ultrasound system according to claim 12,

wherein the processor is configured to determine the
ultrasound parameter values out of the set of ultrasound
parameter values in addition dependent on gradients of
ultrasound parameter values in a third direction in the
plane, preferably different to the first and second direc-
tion.

16. The medical ultrasound system according to claim 15,

wherein the second direction is defined by a maximum
angle with respect to the first direction, which is defined
by a maximum inclination of the ultrasound beam or
non-focused ultrasound wavefront transmitted by the
set of emitter elements and received by the set of
receiver elements, wherein the third direction is defined
by the negative maximum angle.

17. The medical ultrasound system according to claim 3,

wherein the processor is configured to determine the
ultrasound parameter values out of a set of ultrasound
parameter values dependent on weighted gradients of
ultrasound parameter values of neighboring cells in at
least two directions in the plane.

18. The medical ultrasound system according to claim 17,

wherein the processor is configured to apply the same
weight to all gradients of the same direction, and
different weights per direction.

19. The medical ultrasound system according to claim 12,

wherein the processor is configured to apply a first weight
to all gradients of the first direction, and a second
weight to all gradients of the second direction, wherein
the first weight exceeds the second weight.

20. The medical ultrasound system according to claim 12,

wherein the processor is configured to apply a first weight
to all gradients of the first direction, a second weight to
all gradients of the second direction, and a third weight
to all gradients of the third direction.

21. The medical ultrasound system according to claim 1,

wherein the processor is configured to determine the
speed of sound value for each cell either as a single
value, or in function of the frequency, or in function of
any perturbation applied to the tissue.
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22. The medical ultrasound system according to claim 4,
wherein the ultrasound parameter is acoustic attenuation,
wherein the processor is configured to determine an
acoustic attenuation value for each cell, preferably
either as a single value, or in function of the frequency,
or in function of any perturbation applied to the tissue.
23. The medical ultrasound system according to claim 4,
wherein the ultrasound parameter values are identified at
several emitted ultrasound frequencies allowing to
reconstruct frequency-dependence of such parameter.
24. The medical ultrasound system according to claim 1,
wherein the processor is configured to determine a distance
between the transducer and a structure in the tissue depen-
dent on a time of flight value in response to triggering an
ultrasound wave at the transducer.
25. The medical ultrasound system according to claim 1,
wherein the processing unit is configured to apply total-
variation regularization in the calculation of tomo-
graphic ultrasound images, and
in particular wherein in the total variation regularization
the equation to be solved follows the form argmin_
of|At-Lo]|_p+A|Dal|_q} or any combination of such
forms, where At is a vector of measured quantities, o
the unknown vector to be reconstructed, L a matrix
geometrically calculated under consideration of the
setup geometry, D a gradient matrix and A a constant,
p and q are orders of the respective norms, and
wherein the equation is solved with convex optimization,
wherein p=1 and g=1.
26. The medical ultrasound system according to claim 4,
comprising operating the ultrasound transducer by emit-
ting an ultrasound wave by a single emitter element and
the receiver elements receiving the emitted and scat-
tered and/or reflected ultrasound wave,
and preferably operating the ultrasound transducer such
that subsequently each emitter element emits an ultra-
sound wave and the receiver elements receive the
emitted and scattered and/or reflected ultrasound wave.
27. Method for determining an ultrasound based tomo-
graphic image, comprising;
emitting ultrasound by an ultrasound transducer towards
tissue to be investigated, and receiving ultrasound
scattered and/or reflected by tissue to be investigated by
the ultrasound transducer; and
determining the ultrasound based tomographic image
subject to the ultrasound waves received by the ultra-
sound transducer by a processor.
28. The method for determining an ultrasound based
tomographic image according to claim 27, comprising:
collecting a plurality of ultrasound signals to allow access
to a set of points in an imaged domain from paths
passing through different domain regions;
determining local mis-registrations between these plural-
ity of ultrasound signals;
employing a spatial-domain reconstruction based on the
mis-registrations in a discretized problem space; and
determining the ultrasound based tomographic image
from the spatial-domain reconstruction for the dis-
cretized problem space.
29. Method for determining an ultrasound based tomo-
graphic image, comprising:
collecting a plurality of ultrasound signals to allow access
to a set of points in an imaged domain from paths
passing through different domain regions;
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determining local mis-registrations between the plurality
of ultrasound signals;

employing a spatial-domain reconstruction based on the
mis-registrations in a discretized problem space; and

determining the ultrasound based tomographic image
from the spatial-domain reconstruction for the dis-
cretized problem space.
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