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Design of a Phased Array for the Generation 
of Adaptive Radiation Force Along a Path 
Surrounding a Breast Lesion for Dynamic 

Ultrasound Elastography Imaging
didace Ekeom, anis hadj henni, and Guy cloutier

Abstract—This work demonstrates, with numerical simula-
tions, the potential of an octagonal probe for the generation of 
radiation forces in a set of points following a path surrounding 
a breast lesion in the context of dynamic ultrasound elastog-
raphy imaging. Because of the in-going wave adaptive focusing 
strategy, the proposed method is adapted to induce shear wave 
fronts to interact optimally with complex lesions. Transducer 
elements were based on 1–3 piezocomposite material. Three-
dimensional simulations combining the finite element method 
and boundary element method with periodic boundary condi-
tions in the elevation direction were used to predict acoustic 
wave radiation in a targeted region of interest. The coupling 
factor of the piezocomposite material and the radiated power 
of the transducer were optimized. The transducer’s electrical 
impedance was targeted to 50 Ω. The probe was simulated by 
assembling the designed transducer elements to build an octag-
onal phased-array with 256 elements on each edge (for a total 
of 2048 elements). The central frequency is 4.54 MHz; simu-
lated transducer elements are able to deliver enough power 
and can generate the radiation force with a relatively low level 
of voltage excitation. Using dynamic transmitter beamform-
ing techniques, the radiation force along a path and resulting 
acoustic pattern in the breast were simulated assuming a linear 
isotropic medium. Magnitude and orientation of the acoustic 
intensity (radiation force) at any point of a generation path 
could be controlled for the case of an example representing 
a heterogeneous medium with an embedded soft mechanical 
inclusion.

I. Introduction

developments in ultrasound (Us) elastography ini-
tially aimed at studying changes in stiffness proper-

ties of biological organs under pathological conditions [1]. 

With quasi-static compression of an organ (e.g., a breast), 
a stiffer tissue region will experience less axial strain than 
a softer one. consequently, by color mapping displace-
ments in millimeters and/or deformations in percent, con-
trast images of suspected lesions can be obtained. after 
two decades of development, most manufacturers are now 
offering Us elastography packages and clinical validations 
have been conducted [2]–[5]. however, a major limitation 
of this imaging method is its high interobserver variabil-
ity [4], [6]. Improvements may be to compute axial-shear 
strain elastograms [7], and to use more robust displace-
ment or deformation algorithms. nevertheless, compres-
sion elastography does not give quantitative assessment 
of tissue stiffness (i.e., young’s elastic modulus), and arti-
facts are induced by unknown boundary conditions.

contrary to quasi-static methods, dynamic elastogra-
phy was introduced [8]–[10] to map the viscoelasticity of 
living tissues by studying traveling shear wave properties 
in the probed medium. The tracking of shear waves with 
doppler-based or radio-frequency (rF)-based methods al-
lows local determination of velocity Vs and attenuation αs 
in a tissue. Theoretically, viscoelasticity maps can be ob-
tained from measured Vs and αs by assuming appropriate 
rheological models of probed tissues. a simpler implemen-
tation allows quantitative elasticity maps if one assumes 
linear, homogeneous, isotropic, incompressible, and non-
viscous materials (hooke’s law gives Gs ≈ 3 2ρVs ,  where Gs 
is the shear elasticity modulus and ρ is the tissue density, 
which is assumed constant). a commercial version of this 
implementation [11] was introduced for imaging and quan-
tifying the shear elasticity modulus of breast lesions. The 
proposed technique creates localized quasi-plane shear 
waves of high amplitude by moving the ultrasonic foci 
points faster than the shear wave speed at different depths 
on a straight line. resulting shear waves interfere con-
structively along a Mach cone, creating quasi-plane shear 
wave fronts propagating in opposite directions. according 
to recent clinical reports [12]–[14], the technique seems 
reproducible and improves specificity compared with B-
mode Us alone.

currently, shear wave elastography implementation is 
mainly done with a unique shear wave directivity pattern 
or a quasi-spherical pattern in the case of point vibra-
tions, as summarized next. quasi-plane shear waves typi-
cally perpendicular to the transmitted beam are used for 
the supersonic imaging method [15], whereas the crawling 
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wave sonoelastography approach relies on the transmis-
sion of two phase-shifted vibrations moving in opposite 
directions to generate a low-frequency shear wave front 
[16]. For the ultrasound-stimulated vibro-acoustography 
method, a confocal transducer transmits beating waves 
at a focal point [17]. In the case of the acoustic radia-
tion force impulse imaging approach, local vibrations are 
induced by successively transmitting a high-energy pulse 
at several focal points [18]. The newly developed shear-
wave-induced resonance elastography (sWIrE) method 
uses horizontal [19] or torsional [20] polarized shear waves. 
Variants of these different methods also proposed limited 
shear wave directivity patterns [21]–[23].

The objective of the current study was thus to design 
a strategy to polarize shear waves in any directions for 
developments with a goal of providing a new screening 
method for breast cancer based on shear wave viscoelas-
ticity imaging. In our previous work with sWIrE [20], 
we proved the efficacy of torsional waves to produce in 
vivo mechanical resonance of a fibroadenoma. however in 
that study, an external source of vibration was applied at 
the surface of the breast to produce the torsional wave-
front, which is not efficient because of the attenuation of 
shear waves by breast tissues. The current study dem-
onstrates that an octagonal array, with an appropriate 
focusing strategy, can produce inward propagating shear 
waves with torsional wavefronts for in vivo applications. 
a second challenge for inducing torsional shear waves or 
any types of polarized shear wave fronts is to produce 
enough energy to generate in situ radiation pressure. our 
study also demonstrates that this is possible by optimiz-
ing material and electronic designs of the proposed oc-
tagonal array probe. note that the current design with 
2048 elements was inspired by developments made in the 
field of breast Us computed tomography (cT), for which 
reflectivity, speed of sound, and attenuation are typically 
mapped [24]–[26]. To our knowledge, none of these designs 
considered in situ radiation pressure generation.

In detail, the current study shows numerically the fea-
sibility of a piezocomposite Us probe that can generate 
radiation forces in a set of foci points following an ar-
bitrary path (closed or open) around a region of inter-
est (roI; typically, a tumor). With such an approach, we 
intend to generate a shear wave front that fits the tumor 
contour after the propagation of low-frequency in-going 
shear waves over a couple of wavelengths to induce tis-
sue displacements. To achieve this specification, a high-
sensitivity octagonal phased array with 2048 transducer 
elements was designed. It can theoretically produce an 
acoustic spatial-peak pulse-average intensity of 190 W/
cm2 at several foci points simultaneously and generate Us 
radiation forces respecting the guidelines of the U.s. Food 
and drug administration (Fda) [27]. The center frequen-
cy of the transducer was set at 4.54 Mhz. The transduc-
er’s electrical impedance without cable at its resonance 
frequency was targeted to 50 Ω to match the electrical 
impedance of standard electrical termination. during the 
conceptual phase, the voltage excitation was imposed as 

low as possible to theoretically limit overheating of trans-
ducer elements.

II. Transducer design and simulation

A. Design and Optimization of Piezocomposite Material

The 1–3 piezocomposite was used as active material 
because it has a high thickness mode coupling factor and 
because its dielectric constant and acoustic impedance 
can be tailored. The mechanical impedance was selected 
to optimize the transmission of acoustic power into the 
tissue. several piezoelectric ceramic and polymer mate-
rials were envisaged to achieve the targeted application. 
With regard to its high electromechanical coupling factor 
and its high dielectric constant, PZT-5h (MTc Electroc-
eramics, Thornhill, UK) [28] was selected as the ceramic 
phase. For the polymer phase we selected dow epoxy resin 
loaded with alumina (dow chemical co., Varennes, cq, 
canada), which has a relatively high shear wave velocity 
[29]. This selection was done to reduce parasitic modes 
resulting from lateral waves. PZT-5h and dow material 
data are given in Table I.

The shape was optimized by considering the piezo-
composite texture that has been used for phased-array 
transducers. The piezocomposite thickness h was fixed to 
330 μm, and the polymer width and depth were selected 
as 250 and 115 μm, respectively. The kerf width separat-
ing two neighboring transducer elements was 50 μm. The 
1–3 piezocomposite was made of two ceramic pillars with 
square cross-sections of width Lc. This parameter Lc was 
a variable to optimize in our simulations (i.e., to optimize 
according to the volume fraction of PZT-5h).

TaBlE I. simulated Piezocomposite Phase Material data. 

Parameter PZT-5h dow

ρ (kg/m3) 7500 1760
C 11E  (GPa) 126 17.8
C 12E  (GPa) 79.5 8.6
C 13E  (GPa) 84.1 8.6
C 33E  (GPa) 117 17.8
C 44E  (GPa) 23 8.6
C 66E  (GPa) 23.2 4.6
Qm 195 30
e15 17 0
e31 −6.6 0
e33 23.3 0
k33 0.752 0
kt 0.505 0
ε ε11 0
S / 1700 3.9
ε ε33 0
S / 1470 3.9

tg δe 0.01538 0.01333

Parameters: ρ is the density, CijE is the elastic stiffness, Qm is the 
mechanical quality factor, eij is the piezoelectric constant, k33 is the 
longitudinal coupling factor, kt is the thickness coupling factor, ε εij

S/ 0 is 
the relative dielectric constant, and tg δe is the dielectric dissipation 
factor.
Most values of selected parameters were taken from [28] and [29]; 
others were estimated.
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other optimization quantities were the thickness-mode 
coupling factor kt, the dielectric constant ε εij

S/ 0,  and the 
mechanical impedance zm. Finite element method (FEM; 
version 12.0, ansys, canonsburg, Pa) undamped reso-
nance and antiresonance modal analyses were performed 
for different values of the ceramic phase width (Lc). only 
one cell of the piezocomposite material was meshed (Fig. 
1). To take into account potential lateral waves propagat-
ing in the piezocomposite plate, periodic boundary condi-
tions were applied with Floquet parameters γx = γy = 0. 
The electrical resonance frequency Fr and antiresonance 
frequency Fa were directly extracted from the FEM modal 
analysis. The thickness-mode coupling factor kt and me-
chanical impedance zm of the piezocomposite plate were 
then evaluated, respectively, with
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where ρ is the density of the piezocomposite material. 
FEM electrostatic analyses were also performed for dif-
ferent values of the ceramic phase width Lc. The static 
capacitance (C0) was extracted and the dielectric constant 
of the piezocomposite material was computed with
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where S is the surface of the active area (115 × 250 μm) 
and ε0 is the free-space permittivity. The optimal piezo-
composite material could be obtained by adjusting the 
volume fraction of the ceramic phase. decreasing the 
volume fraction decreases the mechanical impedance but 
causes the deterioration of the coupling factor, and of 
the dielectric constant, and allows propagation of lateral 
waves. a trade-off had thus to be made between the low 
mechanical impedance and high coupling factor and di-
electric constant.

B. Design and Simulation of the Transducer

The piezocomposite structure designed as described in 
the previous section was used as the active material of 
the transducer. To amplify the radiating acoustic power 
for a given voltage, two piezocomposite layers with oppo-
site polarization were assembled and the transducer was 
air-backed. This choice has the advantage of limiting the 
driving voltage, and hence avoiding overheating of the 
transducer. It also helped to match the electrical imped-
ance to the targeted value of 50 Ω. another advantage 
of the new transducer design that can produce radiation 
power at a low voltage is to avoid redesigning the front-
end and power supply of the Us scanner for future ex-
perimental validation. Because the mechanical impedance 
of the piezocomposite layer is one magnitude higher than 
that of biological tissues, a matching layer with interme-
diate mechanical impedance was needed. We selected a 
0–3 composite of hysol (henkel corp., Bay Point, ca) 
and alumina with 20% volume fraction of aluminum [30] 
and a matching layer thickness of 50 μm. Its mechani-
cal impedance and thickness were chosen to optimize the 
transmission of acoustic power. a continuous matching 
layer is limiting because of lateral mode propagation that 
couples energy between neighboring transducer elements. 
To overcome this problem, the matching layer was diced 
completely in the elevation direction. The resulting simu-
lated kerf was filled with polyethylene [29]. all electrodes 
were modeled as being made of 2-μm-thick gold. External 
electrodes were connected to ground. Internal electrodes 
were derived and separated by a 10-μm conductive epoxy 
bonding layer (E-solder 3022 electrically conductive adhe-
sive [31], Von roll holding, Wädenswil, switzerland). This 
layer was also completely diced to limit propagation of lat-
eral modes. The resulting kerf was filled with polyimide. 
The transducer elevation dimension was 10.35 mm. Fig. 2 
shows the transversal section of a transducer subelement 
and Table II gives material data considered for the trans-
ducer design.

Because transducer elements were air-backed, lateral 
modes may propagate in the piezocomposite plate. The 
main concerns for the transducer design were the evalua-
tion of lateral modes in vacuum and in water (frequency 
positions and electrical impedance amplitude) and the de-
termination of the electroacoustic response. lateral modes 
can be generated by periodic structures in the transducer 
design. FEM simulations with periodic boundary condi-
tions were thus performed in the lateral direction for the 
Floquet parameter γx equal to 0 and 0.5. The electro-
acoustic response was obtained by combining the FEM 
approach with the boundary element method (BEM) us-
ing a proprietary software plug-in compatible with ansys 
(Microsonics, saint-avertin, France). a specific rigid-baf-
fle Green’s function that takes into account acoustic radia-
tion conditions of the entire transducer in the elevation 
direction was implemented. crosstalk between neighbor-
ing elements was not taken into consideration.Fig. 1. 1–3 piezocomposite texture of the transducer subelement. 
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C. Beamforming and Ultrasound Field Simulation

This section deals with Us propagation and dynamic 
beamforming techniques for the proposed transducer de-
sign. The goal was to evaluate the Us field and the electri-
cal excitation that could generate a given radiation force 
(magnitude and orientation) at a given focus point inside 
a roI typically including a breast tumor.

The fabrication of a circular phased array would need a 
shaping step, mechanically weakening the device, especial-
ly when considering air-backed transducers. however, the 
fabrication of a polygonal phased array made of several 
linear arrays does not need any curvature of transducer 
elements. In this work, we designed an octagonal phased 
array for hand-held application. Its schematic overview is 
presented in Fig. 3. The probe was obtained by assembling 
the previously designed transducer to build the phased 
array, with 256 elements on each edge. The probed roI 
diameter (i.e., an average breast cross section) was sup-
posed to be in the range of 12 to 15 cm. The Us coupling 
medium between the octagonal transducer and the roI 
was water. In this section, possible nonlinear acoustic ef-
fects on the Us field and shear wave propagation within 
the breast tissue, modeled as water, were neglected. The 
velocity of compression waves and the density of water 
used for these simulations are given in Table II. The roI 
was located in the far field of the transducer. Each trans-
ducer element was supposed to radiate independently in 
an open half-space rigid baffle. Finally, because the Us 
firing duration to generate the radiation force was typi-
cally 100 to 700 cycles, simulations were performed in the 
frequency domain to increase performance.

let P in Fig. 3 be the focal point for a given beam ori-
entation within the roI. The unit vector 

�
u  (or alterna-

tively u) defines the radiation force orientation (or acous-
tic axis). The active aperture for a given focal point is 
chosen with an f-number of 2 so that P0 is a point located 
in a transducer array. P0P has the same orientation as the 
acoustic axis and Pi describes a given transducer element 

of the Us aperture including P0. other parameters rele-
vant to understanding (4) are r, r0, and ri, which are vec-
tors representing the positions of points P, P0, and Pi. The 
electrical potential Φi was set to zero for transducer ele-
ments located outside the Us aperture. Inside the Us ap-
erture, for a transducer element located at Pi, the electri-
cal potential Φi in the frequency domain was expressed as

 Φ Φi
i je i=
−
−

+








− − −
0

0

0

21
4 1 0
r r
r r

k r r r r( ), (4)

where Φ0 is the electrical potential of the transducer ele-
ment located at point P0; |ri – r0| is the distance between 
transducer elements i and 0; |r – ri| for i = −Nap/2, …, 0, 
…, Nap/2, where Nap + 1 is the number of elements in the 
Us aperture, is the distance between the focus point and 
transducer element i; k is the wave number of longitudinal 
compression waves in the roI; and j is the pure imaginary 

Fig. 2. Transducer subelement. 

TaBlE II. simulated Material data of Transducer layers 
and of the coupling Medium Mimicking the Breast Tissue 

(i.e., Water for the simulation of the Us Field). 

Material ρ (kg/m3) Vc (m/s) Vs (m/s) Qm

E-solder 3022 [31] 3200 1850 840 195
Gold 19320 3194 1186 0
hysol–alumina [30] 1720 2836 1380 75
Polyethylene [29] 900 1944 527 50
Polyimide 1500 2200 1058 100
Water 1000 1500 — 5000

Parameters: ρ is the density, Vc is the velocity of the compression wave, 
Vs is the velocity of the shear wave, and Qm is the mechanical quality 
factor.

Fig. 3. schematic cross-sectional view of the octagonal probe around a 
region of interest (roI). 
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number. The time delay at each element was defined so 
that all waves arriving at the focal point were in phase. 
several apodization functions were tested to limit side 
lobes in the pressure field. a parabolic apodization was 
selected with the minimum electrical potential sent to the 
central transducer element at P0, and the maximum po-
tential transmitted at both extremities of the ultrasound 
aperture.

according to the boundary integral representation, the 
Us pressure field at position x inside the roI was mod-
eled as

 P x U G x x Sm x
m

N

m

( ) ( , ) ,= − ′ ′
=

+

∫∑ρω 2

1

1

n d
ap

Φ
Γ

 (5)

where ρ is the propagating medium density (of water or, 
equivalently, of the roI), ω is the angular frequency, Un 
is the average normal displacement on Γm extracted from 
the FEM-BEM analysis, Γm is the radiating area of the 
transducer element m, and G is the half-space rigid-baffle 
acoustic Green’s function. The integral of (5) provides a 
simple but exact three-dimensional representation of the 
pressure radiating from the active elements of the octago-
nal phased array, assuming that transducer elements are 
mounted on a rigid baffle [29]. The Gauss numerical inte-
gration procedure was used to calculate this integral ac-
curately. The problem is linearly dependent on Φ0. To fit 
the targeted acoustic intensity at the focal point, Φ0 could 
be fixed during the postprocessing.

D. Geometry Considered for Producing a Radiation  
Force Around a Tumor

results presented in this study were inspired by the 
realistic breast lesion geometry presented in Fig. 4. The 
tumor contour was simplified to an ellipse with a 19.6 mm 
major axis and a 13.3 mm minor axis. Two realistic el-
liptic contours with these dimensions but with different 
locations and orientations are illustrated in Fig. 5. In this 
study, beamforming simulations to induce radiation pres-
sure were limited to the case of the angulated lesions of 
Fig. 4 (i.e., top-right lesion of Fig. 5).

as illustrated in Fig. 5, a vector tangent to each point 
of an enlarged version of the tumor contour was defined to 
represent the desired radiation force orientation. For each 
vector, an Us aperture oriented in the 

�
u  direction (see Fig. 

3) was selected to produce a radiation force aligned with 
that vector. The translation distance, illustrated in Fig. 5, 
between the tumor and the radiation force path is flexible 
and can be modified to favor in-going shear wave concen-
tration and then to increase the shear displacement ampli-
tude in and around the modeled tumor. This distance 
typically corresponded to some shear wave wavelengths 
for the targeted intensity of 190 W/cm2 on the radiation 
force propagation path.

E. Finite Element Simulation of Low-Frequency  
Shear Waves

This section presents a two-dimensional simulation of 
shear waves generated by radiation forces into the probed 
tissue. The elastodynamic field was obtained by solving 
the equation of motion in the frequency domain:

 ρω λ µ µ2 2U U U F+ + ∇∇ ⋅ − ∇× ∇× =( ) ( ) ( ) . (6)

In this equation, ρ is the tissue density, ω is the angu-
lar frequency, U is the displacement vector, λ and μ are 
lamé viscoelastic coefficients, and F is the Us radiation 
vector force. To avoid reflections on external boundaries 
of the meshed domain, a perfectly attenuating matching 
layer was considered outside of the simulated roI. The 

Fig. 4. Ultrasound image of a breast with a quasi-elliptic lesion (benign 
fibroadenoma).

Fig. 5. Focalization paths around two tumors (horizontal ellipse 1 and 
angulated ellipse 2). arrows indicate the focalization points of each ul-
trasound aperture required to produce the radiation pressure path. The 
translation distance between foci points and the contour of each tumor is 
adaptable because of the flexibility of the octagonal probe design. dotted 
squares simply illustrate regions of interest within a breast. 
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radiation force F was assumed to be a 600-hz harmonic 
wave defined as a volumic pushing force inducing a motion 
toward the probed lesion. Its expression can be calculated 
by [10]

 F =
2αc

c

I t
V
∆
, (7)

where αc is the Us attenuation of compression waves, I is 
the local acoustical intensity, Δt is the duration of trans-
mitted harmonic waves, and Vc is the velocity of Us com-
pression waves in the tissue.

a force vector was defined for each mesh node by con-
sidering the simulated radiation force field. First, nonzero 
force vectors (i.e., amplitude and direction) in the radia-
tion force field were identified and precisely located. Then, 
the 2-d components (Fx, Fy) of the force vectors were re-
ported to the nodes of the FEM mesh. Because the FEM 
spatial mesh did not correspond to the mesh of the force 
field, we implemented a linear interpolation method to 
match, without discontinuity, force vectors to the FEM 
nodes. To take into account the presence of mechanical 
heterogeneities into the propagation medium, different 
shear moduli Gs (i.e., the value of the second lamé coef-
ficient μ in (6), which is equivalent to Gs) were attributed 
to each medium. The first lamé coefficient λ was fixed to 
3 + 0.03i GPa. Table III gives simulated values of density 
and shear modulus Gs for the breast tissue and tumor 
inclusion.

III. results

A. Performance of the 1–3 Piezocomposite Material

In these simulations, the ceramic phase length Lc 
ranged from 37.91 to 96.67 μm. This corresponds to vol-
ume fractions of PZT-5h of 0.10 to 0.65. For tested values 
of Lc (i.e., of volume fractions, because other dimensions 
were fixed), the thickness-mode coupling factor, dielectric 
constant, and mechanical impedance were evaluated. re-
sults of Fig. 6 obtained by FEM show the thickness-mode 
coupling factor versus mechanical impedance of the pi-
ezocomposite material. smith’s model [29] (1-d analyti-
cal model) is presented for comparison. one can see that 
smith’s model overestimates the coupling factor because 
the energy lost in lateral motions was not taken into ac-
count. The piezocomposite optimal thickness-mode cou-
pling factor was around 0.56 to 0.58 for a volume frac-
tion of PZT-5h ranging from 0.40 to 0.60. The associated 
mechanical impedance ranged from 13.71 to 18.55 Mrayl 
and the relative dielectric constant varied from 490 to 673.

B. Performance of the Transducer

The active element of the 1–3 piezocomposite trans-
ducer presented in Fig. 2 was formed by two ceramic rods 
with square cross sections of 85 × 85 μm. These dimen-
sions correspond to a ceramic volume fraction of 0.50. 
Therefore, the associated thickness mode coupling factor 

was 0.57, the mechanical impedance was 17.38 Mrayl and 
the dielectric constant was 612 ε0 (ε0 is the free-space per-
mittivity). The hysol–alumina 50-μm matching layer on 
top of the transducer that was necessary to optimize the 
transfer of acoustical power toward the radiating medium 
had an impedance of 4.87 Mrayl. The transducer was free 
of lateral modes for operating frequencies between 3 to 
6 Mhz. although not quantified, the crosstalk between 
neighbor transducer elements was likely limited because 
of the absence of lateral wave propagation. Fig. 7 shows 
the harmonic impedance of the transducer vibrating in 
vacuum for two values of the Floquet parameter γx (0 and 
0.5). one can see that the first lateral mode appears over 
6.5 Mhz.

The electroacoustical response of the transducer radi-
ating into the tissue (mimicked as water) was calculated 
and results are displayed in Fig. 8. The resonance and 
antiresonance frequency peaks were located at 4.51 and 
5.58 Mhz, respectively. a summary of electroacoustical 
parameters (without cables) of the simulated transducer 
is presented in Table IV.

C. Focalization Around a Tumor

as previously mentioned in section II-d, the shape of 
a benign fibroadenoma was simplified to an ellipse with 
a major axis of 19.6 mm and a minor axis of 13.3 mm 
(major axis angle of 30°). a summary of tested electrical 
excitation parameters of the octagonal probe that allowed 
achieving the targeted spatial-peak pulse-average inten-
sity of 190 W/cm2 along the elliptic path is provided in 
Table V. With tested apertures, the lateral beam width 
was about 1 mm, whereas focal axial dimensions ranged 
from 8 to 12 mm.

Fig. 9 presents an example of the acoustic intensity 
field and resulting simulated displacement field achieved 
with successive focused Us beams. The pressure inside 
the closed path embedding the simulated tumor is about 
−20 to −30 dB below the pressure along the path. no 
Us beam is crossing the inside domain of the closed path 
because of the convexity of the radiation pressure pattern. 
The pressure outside the path is about −10 dB below that 
of the maximum on the path.

as shown in Fig. 9(a), Us beams generated by a set 
of transducer elements of the octagonal array probe were 
focused at different positions around the inclined ellipse 
mimicking the mechanical heterogeneity (i.e., the lesion). 
For each firing position indicated by an arrow in Fig. 5, 
a beam was selected to align its focal spot parallel to the 

TaBlE III. simulated Breast Tissue and Tumor  
Inclusion Material data. 

ρ (kg/m3) Gs (Pa)

Breast tissue 1100 70 000 + 3500i
Tumor 1100 40 000 + 2000i

Parameters: ρ is the density and Gs is the viscoelastic shear modulus, 
the real part corresponds to the storage modulus and the imaginary 
part to the loss modulus.
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desired radiation force orientation (i.e., parallel to the ar-
row). Fig. 9(a) displays the intensity of each beam that 
is mainly concentrated within the focal spot. To generate 
the desired radiation pressure path, other beams were suc-
cessively selected to match the other radiation force orien-
tations. By using quasi-simultaneous focusing (i.e., short 
time delay between successive beams), constructive shear 
wave patterns as in Fig. 9(b) could be generated. In this 
example, focal spots of successive moving beams made one 
turn around the ellipse to create in-going shear waves. In 
practice, it would be feasible to design a programmable 
logic multiplexer to sequentially activate the desired ele-
ments of the octagonal probe to produce successive mov-
ing beams.

For the simulated result of Fig. 9, the elliptic path 
and inclination angle had to be determined from a priori 

knowledge of the geometrical shape of the heterogeneity. 
as one can see on this figure, the acoustic intensity is well 
focused on the elliptic path surrounding the tumor. one 
can also observe significant acoustic intensities for some 
regions outside of the desired path. This is due to the 
adaptive focusing strategy that enhanced the superposi-
tion of Us beams in regions near the linear arrays forming 
the octagonal probe. For practical implementation, no a 
priori on the lesion geometry may be necessary if one se-
quentially and automatically targets different closed roIs 
within the breast.

Fig. 9(b) shows the calculated stationary displacement 
field in the roI at the central frequency of propagating 
shear waves, which was calculated by considering the mean 
acoustic radiation forces of Fig. 9(a) coupled to the FEM 
simulations. More specifically, the displacement field is the 
magnitude of displacements calculated from the cartesian 

Fig. 6. Thickness-mode coupling factor kt versus mechanical impedance 
zm of the piezocomposite for different PZT-5h volume fractions v, cor-
responding to different ceramic phase lengths Lc. 

Fig. 7. Electrical harmonic impedance of the transducer in vacuum ver-
sus frequency for two values of the Floquet parameter γx. 

Fig. 8. Electrical impedance of the transducer in water versus frequency 
(θ is the phase angle). 

TaBlE IV. Electroacoustic Parameters  
of the simulated Transducer. 

Fr 4.51 Mhz
Fa 5.38 Mhz
kt 0.58
C0 85.40 pF
|Z(Fr)| 49.06 Ω
Fc 4.54 Mhz
lcF(@ −6dB) 4.30 Mhz
hcF(@ −6dB) 4.79 Mhz
BW(@ −6dB) 10.90%
Un(Fc) 2.05 nm/V
Π(Fc) 7.34 mW/V

Parameters: Fr is the resonance frequency, Fa is the antiresonance 
frequency, kt is the thickness mode coupling factor, C0 is the static 
capacitance, |Z(Fr)| is the electrical impedance module at the resonance 
frequency, Fc is the central frequency for which the radiated power is 
maximum, lcF(@ −6dB) is the low cutoff frequency at −6 dB of the 
radiated power, hcF(@ −6dB) is the high cutoff frequency at −6 dB 
of the radiated power, BW(@ −6dB) is the bandwidth at −6 dB of the 
radiated power, Un(Fc) is the average normal displacement over the 
radiating surface of the transducer at the central frequency, and Π(Fc) 
is the radiated acoustic power at the central frequency.
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components of the displacement vectors. Physically, this 
is the magnitude of the torsional displacement induced by 
the combination of the radiation forces. according to this 
figure, it is clearly observable that generated shear waves 
follow well the imposed generation path. Indeed, shear 
waves have an elliptical shape and exhibit a focusing effect 
near and into the mechanical heterogeneity. This results 
in an increase of the displacement intensity into the simu-
lated tumor.

To conclude, this example shows the potential of 2-d 
radiation forces in the context of breast tumor elastogra-
phy. By soundly concentrating the shear wave energy, the 
gain in displacement amplitude should permit enhance-
ment of the elastographic image quality and contribute 
to perform precise viscoelastic characterization and map-
ping. To ensure an optimal shear wave convergence, the 
proposed approach permits generation of convergent shear 
waves following adaptive paths by properly considering 
the tumor shape and position.

IV. discussion

The manual palpation of breasts to detect hard nod-
ules is the primary screening method of cancer. although 
a lesion may be missed on mammograms or incorrectly 
identified as benign or malignant with B-mode Us and/or 
magnetic resonance imaging, it usually involves changes 
in mechanical properties resulting from cellular modifica-
tions and neovascularization. In this study, we proposed 
the theoretical design of an octagonal probe for generat-
ing radiation pressure sources around a suspected lesion 
and in-going propagating shear waves. By experimentally 
tracking these waves to map the displacement field and 
by formulating an appropriate inverse problem, quantita-
tive viscoelasticity assessments of breast lesions may be 
feasible. our long-term vision is to develop a noninva-
sive scanning instrument based on the octagonal probe 
design to produce 2-d or 3-d breast reconstructions of its 
viscoelasticity for screening and diagnosis. This could be 
implemented in the framework of our recently developed 
shear-wave-induced resonance elastography (sWIrE) 
method [20]. Three-dimensional images would be obtained 
by translating the probe of Fig. 3 from the thorax to the 
extremity of the breast. With the current design, another 
superimposed array would be necessary for optimal im-
aging of propagating shear waves because the octagonal 
probe was designed to optimize the transmission of acous-
tic power at a low excitation voltage (to optimize the con-
nectivity with standard Us scanner because of the pos-
sibility of generating radiation pressures without specific 

changes of the front-end of the scanner or adaptation of 
the power supply).

In the current study, 1–3 piezocomposite material was 
optimized and used to design a high-sensitivity transducer 
with two layers without backing. The transducer elements 

TaBlE V. simulated ranges of Electrical Excitation Parameters  
of the octagonal array Transducer. 

|Φ0| 0.45 to 0.92 V
Maximum of |Φi| 1.06 to 1.60 V
number of firing elements Nap + 1 per focal point 95 to 215

Fig. 9. (a) acoustic intensity in watts per centimeter squared induced 
by successively focused ultrasound beams around the idealized elliptic 
tumor (represented by a dashed line). (b) The corresponding simulated 
normalized [0, 1] displacement field induced by the adaptive radiation 
force. shear displacement is more important into the elliptic heterogene-
ity because of the wave focusing effect. 
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were optimized for a central frequency of 4.54 Mhz. To 
adapt the shear wave front to the tumor location and ge-
ometry, a focusing strategy presented in section III-c was 
developed and theoretically implemented. acoustic simu-
lations were performed with an exact linear formulation. 
The low-amplitude electrical excitation that could gen-
erate the radiation force along a path and the resulting 
acoustic pattern in a roI were evaluated. The magni-
tude and orientation of the acoustic intensity (radiation 
force) could be controlled at any point along a path that 
was circular for the example presented in this study. Be-
cause of the low-voltage excitation level, we predict that 
transducer overheating would be negligible. Us beam 
forming simulations were then coupled to low-frequency 
elastodynamic simulations. In-going shear waves match-
ing the tumor contour could be obtained and shear wave 
displacements in the tumor were increased with respect to 
surrounding tissues outside the roI. The proposed trans-
ducer design theoretically allowed enhancing of the tissue 
mechanical response by respecting the safety limitations 
on the acoustic power deposited by Us focusing. The next 
step would be to fabricate the phased array with its con-
trol electronics for experimental evaluations.

as introduced earlier, a possible improvement of this 
work would be the design of a dual Us phased array that 
would generate a radiation force and perform imaging of 
propagating shear waves. To achieve these specifications, 
the transducer bandwidth would have to be above 60% if 
rF shear wave tracking is envisaged or lower for doppler-
based tracking methods. Whatever the tracking strategy 
adopted, B-mode imaging would be an important option 
and a large bandwidth would thus be required. The Us 
transducer bandwidth is mainly limited by the first lateral 
mode. To overcome this problem, one solution would be 
to use a ceramic phase with a high shear velocity. how-
ever, the coupling factor, the dielectric constant, and the 
mechanical impedance would likely not be in acceptable 
ranges. another solution would be to design pseudo-ran-
dom 1–3 piezocomposite transducer textures.

V. conclusion

all major organizations recommend X-ray mammogra-
phy with screening programs varying from annual evalu-
ation beginning at 40 years of age to biannual mammog-
raphy for women older than 50. Mammography reduces 
breast cancer mortality by 20% to 35% for women between 
50 and 69 years of age, and slightly less in younger wom-
en [32]. In the sub-population of young pre-menopausal 
women, the sensitivity of mammography is decreased be-
cause of the high breast parenchyma density that reduces 
image contrast. consequently, X-ray mammography can 
detect approximately 85% of cancer tumors in women 
aged over 50, but only 50% to 70% of malignant lesions 
in younger women with dense breast parenchyma [32], 
[33]. on the other hand, many women are re-called after 
screening mammography for investigation of abnormali-

ties which are subsequently found not to be malignant. 
Indeed, approximately 95% of suspected abnormalities on 
mammograms are not cancerous (poor specificity) [32]. 
The exact nature of the lesion is verified by additional 
mammographic views or standard Us, with occasional 
use of magnetic resonance imaging for select cases. When 
suspicious enough, percutaneous biopsy or surgical exci-
sion confirms the diagnosis, where histopathology is used 
for therapy planning. compared with existing dynamic 
Us elastography methods, our technique may be advanta-
geous because of its high flexibility to generate different 
shear wave fronts and its possible integration into a dedi-
cated 3-d Us dynamic elastography scanner for screening 
and diagnosis.
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