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Abstract

Delivery of chemotherapeutic agents administered intravenously to
solid tumors tissue in optimal quantities is one of the challenges in the
clinic. However, ultrasound improves the delivery of the chemothera-
peutic agents various ways depending on the frequency and the acous-
tic intensity applied though thermal and/or mechanical interactions
with the biological tissues. The mechanical interaction arises due to
the ultrasound parameters through acoustic radiation force or cavita-
tion. The purpose of this study was hence to investigate the potential
of ultrasound radiation force for the enhancement of drug uptake in
prostate tumors invivo using poly(butylcyanoacrylate)(PBCA) nano
particles and doxorubicin(Dox) .

In this work, the performance of the transducer (3D probe: LA
8.0/128/4D -1169) used of this experiment was studied. The safety
issues for both the transducer and the patient that can occur due to
the mechanical and thermal damage which are the main critical limits
were discussed. In addition, a high power acoustic waves that are pre-
cisely localized and precisely controlled in amplitude was the second
limit which was required, hence studied. The optimal drive voltage
and duty cycle for probe was therefore found to be 18V and 1.25%
respectively at 8MHz transmitted frequency and 1.25µ sec long pulse
with reputation frequency of (PRF) 10KHz.

In addition, form the maximum possible settings of the transducer,
the ultrasound radiation force (URF), ultrasound thermal heating of
the tissue (UTH), and temperature on the tissue were simulated, and
found 9800N/m3, 49µJ/m and 4µoK respectively. Lastly, based on
these findings, invivo animal experiment on mice, in which a prostate
cancer cells model implemented, was performed, and the distribution
of the administered doxorubicin (Dox) and poly(butylcyanoacrylate)
(PBCA) nanoparticles on the target tissue was tested. Hence, al-
though it is a little difficult to give a concrete conclusion on the im-
pact of URF on the distribution and penetration of the Dox and the
PBCA nano particle with out analyzing in a quantified way, the con-
focal laser scanning microscopy reveled no legible significant difference
was observed for the distribution of the two drugs when we compared
without and with ultrasound exposures.
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1 INTRODUCTION

1 Introduction

1.1 Background and motivation

Cancer is one of the worst systematic diseases in human kind that requires
a systematic and adequate methods of treatment. It is the uncontrolled
growth of cells coupled with malignant behavior through invasion and metas-
tasis which is a leading cause of death worldwide, accounting for 7.6 million
deaths (around 13% of all deaths) in 2008 [2]. It can be treated using radio-
therapy, chemotherapy, or surgery or a combination of two or more of the
treatment methods .

For the case of chemotherapy which is the cancer treatment with chemother-
apeutic agents that are administered in to the patient, the therapeutic agent
has a long and complex way from the point of entry into the circulation to its
target cells since they are administered through the blood . Delivery of these
chemotherapeutic agents in vivo is therefore a broader issue in the clinic since
they could not be delivered to tumor tissue in optimal quantities.

One of the factors that limit the delivery of the nano particles is ab-
normalities in vascularization of the solid tumors [3–5]. However, compared
to normal tissues, blood vessels in tumors are leaky, possessing large gaps
between endothelial cells. The second characteristic of microenvironment of
solid tumors that limit the delivery of the large chemotherapeutic molecules is
high interstitial pressure at the center of a tumor prevents diffusion of drug
molecules through the interstitium-extracellular matrix [6–8]. These hin-
drances to drug delivery create spatial gradients in drug concentrations such
that chemotherapeutic agents fail to reach in sufficient dose in to tumors. A
huge amount of resources are going for overcoming these problems [3,5,9–15].
One strategy for overcoming such problem is hence by modulating the tu-
mor microenvironment itself for example chemically using enzymes, and/ or
physically by radiation or ultrasound [4,5, 12] .

There has been recent interest in therapeutic applications of ultrasound,
primarily because of the medical and cost benefits that could be realized
by the non-invasive nature of the procedure. Ultrasound may improve the
delivery of cytostatica and nano-particles in various ways depending on the
frequency and the acoustic intensity applied though thermal and/or mechani-
cal interactions with the biological tissues. The mechanical interaction effects
through cavitation which is the formation and oscillation of gas bubbles, and
acoustic radiation force that evolves the transfer of momentum from the ul-
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1.2 Purpose of this study 1 INTRODUCTION

trasound wave that causes translation of the particles.

Recent development in high-intensity focused ultrasound (HIFU) trans-
ducer design, for instance, demonstrates to increase a variety of drug delivery
due to interaction with the biological tissues through hypothermia and acous-
tic cavitation [10] using a pulse mode with a low acoustic powers and duty
cycles. There are also vast amount of studies on the use of cavitaion and
acoustic radiation force for guiding the targeted microbbules to the vessel
wall, for example, Dayton [16, 17]. Radiation force has also shown a possi-
bility of creating gaps between endothelial cells [18], and widen intracellular
space to enhance the interstitial transport [19].

There are also an immense amount of researches that studied about the
properties of the tumors itself. Hence, it is shown that tumors angiogenic vas-
culature exhibits larger junction between the endothelial cells [9, 20]. More-
over, the blood perfusion of tumors are lower than that of normal tissues that
can be a possibility for reducing the dissipation of heat from the tumors [21].

Therefore, all of effects of the ultrasound waves such as hyportherma,
acastic cavitations, and acoustic radiation force, and unique structural and
vascular characteristics of the tumors provide hope in improving the delivery
of the chemotherapeutic agents to the target tissues [9] .

1.2 Purpose of this study

Knowledge of the acoustic mechanisms of interaction of ultrasound propa-
gation with tissues and its unique features facilitated the development of
diagnostic and therapeutic ultrasound. Ultrasounds have been used for the
past half-century for imaging the body by using waves with frequency usu-
ally in the range 1MHz-50MHz. Today, ultrasonic imaging has become a
standard medical procedure for patient diagnosis and a means of provid-
ing non invasive therapy, and the current research suggests promising new
therapeutic applications of ultrasound in the delivery of drugs and genetic
material [22],thrombolysis [23],opening of the blood brain barrier [18, 24] ,
and tumor therapy.

One of the unique feature of ultrasound is, hence, the ability to focused
irradiation to provide selective therapeutic action on the regions of inter-
est for better targeting of therapy through heating, acoustic radiation force,
and/or acoustic cavitation.
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1.3 Structure of this report 1 INTRODUCTION

The transport of drugs to the target cells through the extracellular trans-
port in the interstitium and across the blood vessels is done by convection and
diffusion. However, as mentioned earlier, these transports are heterogeneous
in tumors [25]. Due to the imperfect walls of the capillaries and the imper-
fect lymphatic drainage in the tumor, the tumor interstitial fluid pressure is
high pressure compared to the normal tissue, with very low pressure gradient
from the tumor capillaries and throughout the tumor interstitial fluid [14].
Thus, the transport of the cytostatica from the capillaries towards the cells
is mainly produced by diffusion proportional to the negative concentration
gradient of the drug, which is a slow process.

Therefore, ultrasound radiation force has a potential to increase the low
pressure gradient from the tumor capillaries and throughout the tumor inter-
stitial fluid, hence the convection.This increases the transport of the admin-
istered macromolecules and nanoparticles from the capillaries towards the
cells in tumors. The target of the project is to study the use of ultrasound
for this purpose.

Therefore, the general objective of the work is to develop a therapy ul-
trasound radiation force mediated drug delivery experiment and test in vivo
experiment on mice. Hence, the first goal of this study is to study the perfor-
mance of the probe used on the experiment, and find the optimal transmitted
frequency, drive voltage for the probe, and duty cycle of the pulses that can
give minimum heating of the transducer with maximum surface pressure.
The second goal is to find the optimal aperture of the traducer with the
already selected frequency, voltage, and duty cycle so as to have maximum
radiation force on the focus by controlling the heating of the tissue. The third
and last goal of this thesis is to develop invivo experiment and test the distri-
bution of the administered doxorubicin (Dox) and poly(butylcyanoacrylate)
(PBCA) nanoparticles on the prostate tumors. In the invivo experiment, we
used twelve mice on which three of the mice are injected a Dox , and another
three are with PBCA nano particles , both groups followed with isonification
of ularasound radiation force (URF). And the other two groups, of three
mice each, where one group are only with Dox, and the other group are with
PBCA nano particles for observing the effect of the URF on the distribution
of the drugs

1.3 Structure of this report

In this paper, we will first introduces the micro environment of the cancer
cells and the non linear ultrasound wave equations which is used for modeling

3



1.3 Structure of this report 1 INTRODUCTION

of ultrasound radiation force, then a theoretical discussion of the ultrasound
radiation force and transducer heating are discussed.

We then shows the material and methods used starting with the char-
acterization and performance of the transducer used on the experiment. In
this last part we analyze and simulate some of the parameters used in our
numerical evaluations. We will then describe the equations used to model
ultrasound radiation force produced by focused nonlinear ultrasound, and set
the parameters used in the computations. At last we will describe the vivo
experiment that demonstrate the effect of ultrasound radiation force (URF)
for drug delivery.
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2 BACKGROUND

2 Background

2.1 Tumor anatomy and Biology

Chemotherapeutic agents are administered in to the patient through the
blood vessels , and goes long and complex way from the point of entry into
the circulation and to extracellular matrix and then to its target tumors
cells. Due to the aggressive growth of malignant tumors, the capillaries of
the tumor have imperfect walls, hence this abnormal characteristic of the
tumor microenvironment leads to deficiencies in transvascular transport. In
addition, the abnormality of the extrancellular matrix also causes a lack of
interstitial transport. [3–5]. Both affects the efficacy of chemotherapeutic
agents.

2.1.1 Structure of Extracellular matrix (ECM)( interstitium)

Extracellular matrix(ECM) is the region that surrounds animal cells. It is
a complex structure composed of glycoproteins and fibrous proteins such as
collagen ,fibers etc as show in figure 1. It is connected to the cytoplasms
via integrin proteins present in the plasma membrane. Integrin can also
communicate with the intracellular molecules so that communication can
exist between the extracellular matrix and cytoplasm. It is the region where
the transport of chemotherapeutic agents and nanoparticles is worst due to its
complexity. Moreover, it is believed that the content of the fibrillar collagen
on the tumor has an inverse relationship with the interstitial diffusion of
macromolecules [26].

2.1.2 Transport mechanisms of drugs from the capillaries to the
cells in tumors

The delivery of cancer chemotherapeutic and nanomedicine is done through
vascular , transvascular, and interstitial transports [25,27].The vascular trans-
port is done based on the perfusion rate of the blood. The blood flow of
therapeutic agents on the capillary (convection transport) is given by:

q1 =
∇P
FR

(2.1)

Where q1 is flow rate vessel due to convection, ∇P is the pressure gradient
on the capillary, and FR is the flow resistance which is given by:

FR = ηZ (2.2)

5



2.1 Tumor anatomy and Biology 2 BACKGROUND

Figure 1: Structure of Extracellular matrix (ECM)

Where η is the apparent viscosity(viscosity resistance) of the medium, and
Z is the geometrical resistance.
Therefore;

q1 =
∇P
η.Z

(2.3)

In tumors, the geometrical resistance and viscosity are higher compared to
normal tissue due to their peculiar geometry and branching patterns, and
due to hemoconcentration respectively.

Where as, both in the transvascular, and extracellular transport in the
interstitium which is the penetration and distribution of the drugs into the
extracellular matrix and into the target cells, proceeds by a combination of
diffusive and convective transports. Diffusion depends up on the concentra-
tion of the gradients, while convention depends on the pressure gradient of
the system.This pressure gradient could arise from the extracellular and in-
tracellular fluid pressures in the case of interstitial transport.
In tumors, the tumor interstitial fluid (TIF) which is a watery phase ac-
cumulates inside the tumor interstitium is high pressure constitutes which
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2.1 Tumor anatomy and Biology 2 BACKGROUND

obstacles to drug delivery [11]. The intestinal fluid pressure (IFP) of human
tumor ranging from a minimum of 2.6mm-Hg to a maximum of 40mm-Hg
in contrast to the IFP of normal tissue which is typically between -3 and
+3mm-Hg [15].

Similarly, the convection for trasvascular transport is driven by the pres-
sure gradient across the microvessel wall which is also minimal at the center
of solid tumors because of the elevated interstitial fluid pressure (IFP) that
is approximately equal to the microvascular pressure [25, 27].These limits
drug penetration across vessel walls into tumors (transvascular) and through
tumor tissue (interstitial) to slow diffusion.

However, the gradient of the pressure is minimum at the center of the solid
tumor which is approximately equal to the microvascular pressure [28]. This
will reduce the transport through the extracellular matrix by convection.

Using Fick’s fist law of diffusion, the measure of flux (mol/m2.s) which
is the amount of therapeutic agents moved through a cross sectional area in
a given time, is given by:

~J = −D.∇n (2.4)

But q2 = A.J Hence equation (2.4) becomes

q2 = −D.A.∇n (2.5)

where q2 is flow of the therapeutics agents due to diffusion, D is diffusion
coefficient, ∇n is concentration gradient, and A is area of the target region
(cross-sectional area).

2.1.3 Thermal regulation of blood flow in tumors

Heat is a natural byproduct of metabolism of the tissue and it is regulated
through a homeostatic process in which the tissue temperature is controlled
by different mechanisms in which it is believed that the dissipation of heat
through blood flow is the dominant factor in the thermoregulation of tissues
during heating [29].

But for tumors, depending on the age, size and type of the tumors, the
distribution of blood perfusion in tumors is quite heterogeneous. Therefore,
it is believed that the temperature of tumors rises higher than that in the
surrounding normal tissues during heating [21], which could be effective for
the treatment through ultrasound thermal heating of the tissue. While for
the effect of ultrasound radiation force, the heating could help to increase the
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blood flow for having constant flow of the targeted particles on the region of
interest.

2.2 Prostate cancer

Prostate is a gland in a male reproductive system located in the pelvic, under
the urinary bladder and in front of the rectum . Prostate cancer is classified
as an adenocarcinoma, or glandular cancer, that begins when prostate gland
cells mutate into cancer cells .As other types of cancers, it metastasize to the
other parts of the body, particularly to bones and lymph nodes, but most of
the prostate cancer grows slowly and at early stages has no symptoms [30].
This cancer type is one of the main leading cause of death in men world wide,
and are most likely to occur above the age of 50.

However, it is most successfully treated when found early. Hence, early
detections of the protest caner can reduce the mortality rate and the im-
pact on the cured patients health. The presence of prostate cancer may be
detected by prostate-specific antigen (PSA), or digital rectal examination
(DRE) test. Like other types of cancers, the most common treatments are
surgery, radiation, hormone therapy, and chemotherapy.

2.3 Ultrasound basic theory

Ultrasounds (US) waves is the name given to sound waves with frequencies
greater than that of human hearing, at approximately greater than 20kHz.
The use of ultrasound in medicine is wide ranging and continues to expand.

The purpose of this report is to understand the application of localized
radiation force in therapeutics that requires a nonlinear absorption mecha-
nism for local enhancement of radiation force, in contrast to the linear losses
that occur along the entire path of the ultrasound wave propagation. Hence,
we will therefore restrict ourselves to modeling of the nonlinear propagation
of ultrasonic waves in tissues.

The acoustic phenomena analyzed in this work take place in a tissue that
can be approximate as fluid medium. It is assumed that the fluid medium is
continuous and remains continuous under the action of any external pertur-
bation.

When a sound wave propagates through an isotropic and heterogeneous
materials, the variation of displacement along the propagation direction will
cause a compression of the material, which generates a pressure. For small
volume change, the relative volume compression is given by

8
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− δv

∆V
= ∇~ψ(~r, t) (2.6)

where ~ψ(~r, t) is the particle displacement vector from an equilibrium position
~r.
As a compressional wave propagates, the relative displacement of different
parts of the medium leads to localized changes of density. These are de-
scribed by mass density condensation ρ1/ρo, Here, ρo is the density in the
unstrained material whileρ1 = (ρ− ρo)/ρo.
Localized changes of density cause localized changes of pressure, p, (referred
to as acoustic pressure) through the equation of state(p = p(ρ, S)) for the
medium at isentrope S = So using Taylor series is given by:

p = P − Po = Aρ1/ρo +B(ρ1/ρo)
2)/2 + ..... (2.7)

Where P is the absolute pressure, Po is the ambient pressure ,and A, B are
constants which are given by:
A = ρo(

∂p
∂ρ

) |0,S and B = ρ2
o(
∂2p
∂ρ2

) |0,S
where the subscripts in the partial derivatives indicate that they are evalu-
ated at the unstrained state for an isentropic process.
If only the first term is taken we obtain the linear wave equation which the
acoustic pressure, p, also satisfies .But for diagnostic devices it is necessary
to consider nonlinear waves in which in two order are considered.Hence, we
will use the two order of the equation.
Therefore, following the tissue elasticity equation, the acoustic pressure to
the second order of ∇~ψ(~r, t) is given by

p = −A∇~ψ(~r, t) + Aβn(∇~ψ(~r, t))2 (2.8)

Where βn = 1 + B
2A

which is called the nonlinear parameter of the material.
And the net force on the volume element is given by the localized changes of
pressure (the negative pressure gradient) and is proportional to its volume.
Using Newton’s second law for a plane wave, the relation between the force
and acceleration is given by [31]:

ρ(~r, t)
∂~u(~r, t)

∂t
= −∇p(~r, t) (2.9)

and also the compressibility for a plane wave is given:

∂p(~r, t)

∂t
= −κ−1∇~u(~r, t) (2.10)

where ρ(~r, t) is the mass density as a functions of spatial and time coordi-
nates, and ~u(~r, t) is the particle velocity. This equation is generally valid for
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beams with a smooth phase around the main propagation direction [32].

Using equation (2.8) , equation (2.6) can be rewrite as the constitutive
equation for the nonlinear tissue elasticity

δv

∆V
= −∇. ~ψ(~r, t) = (1− βp(~r)p(~r, t))κ(~r)p(~r, t) + hab ⊗t κ(~r)p(~r, t) (2.11)

Where κ(~r) is the linear bulk compressibility of the material, and βp(~r) =
βn(~r)κ(~r), and and hab(~r, t) is a convolution kernel that represents absorption
of wave energy to heat.This equation describes the relation between the rela-
tive volume compression of a small volume of tissue with an applied acoustic
pressure p.
Combining equations (2.4) and (2.6), the wave equation for a homogeneous
nonlinear tissue becomes :

∇(
1

ρ(~r, t)
(∇p(~r, t)))− (1− βp(~r)p(~r, t))κ(~r)p(~r, t)− hab ⊗t κ(~r)p(~r, t) = 0

(2.12)
But soft tissues are composed of different material types such as fat,

muscle, connective tissue, ..etc which gives spatial variations of the mass
density and elasticity. Hence we need to introduce spatial heterogeneity. We
will model this heterogeneous material by separating the material parameters
into a slowly varying (scale ∼ λ) component (denoted with the subscript a
for average) and a rapidly varying component (denoted with the subscript f
for fluctuations), i.e.

ρ(~r, t) = ρa(~r) + ρf (~r) (2.13)

βn(~r) = βna(~r) + βnf (~r) (2.14)

(2.15)

And we note that the second term of equation (2.12) has also a slow and fast
variation of the compressibility and density.
Let us introduce γ =

ρf
ρ

we get that

1

ρ
=

ρa
ρρa

=
ρ− ρf
ρρa

=
1

ρa
− γ

ρa
(2.16)
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and inserting this into (2.13) and approximating ∇ρa ≈ 0, we get:

∇2p(~r, t)− 1

co(~r)2

∂2p(~r, t)

∂t2︸ ︷︷ ︸
linear propagation

+
βp(~r)

co(~r)2

∂2p(~r, t))2

∂t2︸ ︷︷ ︸
nonlinear propagation

−hab(~r, t)⊗t
1

co(~r)2

∂2p(~r, t)

∂t2︸ ︷︷ ︸
absorption

=
σl(~r)

co(~r)2

∂2p(~r, t)

∂t2
+∇(γ(~r)∇p(~r, t)︸ ︷︷ ︸

Linear scattering source terms

− σn(~r)

co(~r)2

∂2p(~r, t)2

∂t2︸ ︷︷ ︸
Nonlinear scattering source term

(2.17)

where co(~r) is the linear wave propagation velocity for low field amplitudes
which is given by:

co(~r) =
1√

ρa(~r)κa(~r)
(2.18)

and the nonlinear wave propagation velocity (c(~r)) is given as

c(~r) =
1√

ρa(~r)κa(~r)(1− βnκa(~r)p(~r, t))
(2.19)

≈ co(1 + βnκap) (2.20)

And σl(~r) andγ(~r) are linear scattering parameters given by the relative
spatial variation of the material compressibility and mass density, and σn(~r)
is a nonlinear scattering parameter.

σl(~r) =
κf (~r)

κa(~r)
(2.21)

σn(~r) = (2βna(2 + σl)σl + βnf (1 + σl)
2)κap (2.22)

≈ 4βnaσlκap (2.23)

From the nonlinear wave equation (2.17) we observe that, the wave is
propagating with a propagating velocity that depends on the volume com-
pression that the relative variation of the wave velocity is less than 0.05
[31, 32], and the squared pressure term on the left hand side of the nonlin-
ear wave equation models the generation of nonlinear forward propagation
effects. The squaring of the pressure generates harmonics of the center fre-
quency of the forward propagating pulse.In addition , the linear and nonlinear
scattering sources are generated due to the linear and nonlinear parameters
of the material.Thus, increases in absorption of the wave in the medium,
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means also increase in radiation force for diagnostic devices as we will see
the relation in section 3. Example of the linear non-distorted pulse ,and the
nonlinear distorted pulse are shown in fig 2.

(a) Non distorted pulse (b) Distorted pulse

Figure 2: Non distorted pulse, and the distorted pulse due to non linearity

The nonlinear heterogeneous wave propagation equation(2.17) is complex
and must be solved by numerical simulations, as we will see later when using
ABERSIM [33] which is a soft were developed by Department of Circulation
and Medical Imaging1.

1Norwegian University of Science and Technology, Trondheim, Norway
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3 Ultrasound radiation force

3.1 Introduction

To apply acoustic radiation force for drug delivery, we need to understand
how the ultrasound (acoustic) radiation force is generated on the target ob-
ject.

Since sound waves carry momentum, when this sound wave in a medium
hits an object, part of its momentum becomes a force on the object. As
discussed in section 2.3, nonlinear properties of wave motion in the propa-
gating medium increases the absorption, hence to the radiation force on the
object. Since the physical processes leading to acoustic radiation force are
quite complex, we will simplify to viscous fluid medium and a small vol-
ume object as reference to [31]. But before we described the radiation force,
first we will see the relation between radiation intensity and the pressure,
then the acoustic radiation pattern of the wave in a medium, and then the
frequency dependent attenuation coefficient of the ultrasound wave in tissues.

We will then describe the performance of transducer, and at last we will
show the theoretical simulation method used for simulation of the URF,
ultrasound thermal heating(UTH) on the tissues, and Temperature on the
tissues.

3.2 Radiation intensity

Ultrasonic waves propagated through medium through exchange of energy
between potential and kinetic energy. Hence, part of the exchange energy on
the small volume element ∆V is used to built up acoustic wave energy, while
the other is lost due to acoustic energy absorption as heat. For analysis of
the energy transfer in acoustic wave motion in detail refer to reference [31].
For a pressure wave propagating in a medium, the acoustic radiation intensity
(~I) which is a measure of the flow of the acoustic energy per unit time unit
are carried by the sound wave radiated by a source, is defined as the product
of the sound pressure p(~r, t) and the particle velocity u(~r, t) in the medium
through which the sound wave is traveling :

I(z, t) = p(~r, t)u(~r, t) (3.1)

The average radiation intensity over a cycle is given by :

< I(z, t) >= Re[
p(~r, t)u(~r, t)∗

2
] (3.2)
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where <> indicates average , ∗ indicates the complex conjugate ,and Re
indicates taking the real part of the product. For a plane wave, and using
accelaration relation Eq (2.9), the average intensity becomes:

< I(~r, t) >=
p2
o

2Zo
(3.3)

where p2
o is the input pressure amplitude, and Zo is the acoustic characteristic

impedance of the medium.

3.3 Acoustic radiation pattern

3.3.1 Basic theory

The radiation field of an ultrasonic transducer is evaluated as the principle
of Huygens principle, which states that every point of a wave front generated
from finite aperture may be considered the source of secondary wavelets that
spread out in all directions with a speed equal to the speed of propagation
of the waves.To calculate the beam profile of an ultrasonic transducer, the
transducer surface is modeled as an infinite number of point sources, each
emitting a spherical wave. The field at a particular location consists of the
summation of the spherical wavelets generated by all the point sources on
the transducer [31].

3.3.2 Radiation Pattern

The acoustic wave produced due to the vibration of the transducer surface
will propagate to the load which is biological material in medical ultrasound
transducers. Hence, the radiation pattern depends upon the vibration of the
transducer surface, and geometrical structure of the element of the trans-
ducer. For one elements transducer of a plane vibrating surface in a rigid
baffle assumption, the radiated acoustic energy in the frequency domain is
given by [31]

H(~r, w) =

∫
st

d2ro
e−ik|~r−~ro|

2π | ~r − ~ro |
L(~r, ~ro)Mn(~ro) (3.4)

Where Mn(~ro) = ρUn(~ro) is represents the surface momentum distribution,
and L(~r, ~ro) is absorption .
Hence, the pressure field is given by

P (~r, w) = iwH(~r, w) = iw

∫
st

d2ro
e−ik|~r−~ro|

2π | ~r − ~ro |
L(~r, ~ro)Mn(~ro) (3.5)
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To get a simplified relation between the pressure wave propagated on the
radiated medium and the aperture of the element, let us simplify the Eq.
(3.5) assuming that the wave is radiated from a rectangular aperture element
with incident pressure of Po, and propagating in a linear medium.

P (~r, w) = iw

∫
st

d2ro
e−ik|~r−~ro|

2π | ~r − ~ro |
L(~r, ~ro)Po (3.6)

The pressure at the focus (F), which is the distance of the beam axis from
the radiating surface to the point where the acoustic response is maximum,
will become

PF (~r, w) = iw

∫
st

d2ro
e−ikF

2πF
Po (3.7)

where k = kr − ikd, where kr is the propagation wave number and kd is the
absorption. Hence, integrating Eq. (3.7)

PF (~r, w) = iw
e−ikrF−kdF

2πF
PoAt (3.8)

Where At is area of the transmitting aperture.
Therefore, we see from Eq (3.3) that the average intensity is proportional to
the pressure square, hence to the area of the transmitted aperture squared.
The intensity on the focus would be, hence, increased by increasing the trans-
mitting aperture of the transducer, but we are also limited by heating of the
tissue, and also on the 3dB or 6dB opening angle of the beam depending on
the depth of the focus and center frequency as we see in the next paragraph.

For an array with M number of elements , the radiated acoustic energy
is given by [31]:

H(~r, w) =
∑
m

wme
−iwτm 1

2π
| ~r − ~rm |)e−ik|~r− ~rm|L(| ~r − ~rm |, w)Hel(~e~r−~rm)

(3.9)
Where Hel(~e~r−~rm) is represents the element directivity function,τm focusing
delay for element number m, wm is the apodization and L is absorption .

Using Franuhofer approximation for array field, we can separate the ar-
ray factor (A(~r, w)) and element factor(Hel(~r, w)) [31]. Hence, at far field of
the medium, for a rectangular-aperture transducer with length of 2a in the
azimuth direction(x1) and 2b in the elevation direction (x2) , the radiated
acoustic energy is [31]:

H(~r, w) =
sin(Mkp/2(sin(θ − sinθo)))
(sin(kp/2(sin(θ − sinθo))))

Hel(~r, w) = A(~r, w)Hel(~r, w) (3.10)
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where θ is the angle of the beam form axial axis (z), and θo is the steering
angle ,p is the center to center distance between array elements, A(~r, w) is
called array factor or diffraction factor.

And the directivity function of the beamHel(~r, w), for a piston equivalent
radiation surface hypothesis that is the velocity profile at the acoustic port of
the transducer is uniform, and the element as a rigid baffle means that a rigid
reflection in which the gradient of the pressure on the surface on interface of
medium is zero, is given by:

Hel(φ, ψ) =
1

r
sinc(2a/λsin(φ))sinc(2b/λsin(ψ)) (3.11)

where Hel(φ, ψ) is the spacial frequency response of the single element and is
obtained by taking the Fourier transform of the uniform distribution of the
excitation across the aperture size of the element, and sin(φ) = x1/r and
sin(ψ) = x2/r , ~r is the direction of the beam. And sinc denotes the sinc
function sin(πx)/πx .

From equation (3.11), the beam width in the azimuth and elevation direc-
tions is given by the period of the corresponding sinc functions. For a given
depth r, the period in the azimuth direction is proportional to the (λ/2a)
from the property of the sin function, hence the beam width. Similarly, the
period in the elevation direction is proportional to the (λ/2b) .

Hence, base on the -3dB beam profile of equation (3.11), we can select
the number of elements that can get contribution from the elements for a
given focal length and center frequency.

3.3.3 Focal area of the beam

Focal area of the beam is the area in which the acoustic response is maximum,
and is given by the beam width multiplied by the depth of the focus. The
beam width(DF (XdB) is defined by the lateral/elevation beam width at
the focus with XdB amplitude of the beam loss with respect the maximum
value. And the beam depth is the focal zone around the focus where the
beam amplitude is within XdB of the maximum value. It is the region where
the traducer performs best.

The theoretical evaluation of the beam width on equation (3.11) at focus
depth of ZF is:

DF (−XdB) = 2.ZF sin(φ(−XdB)) (3.12)
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Where sin(φ(−XdB)) is the angle from the focus to the end point of the
aperture at -XdB of the beam.

3.4 Attenuation in tissue

Acoustic attenuation is a measure of the energy loss of sound propagation
in media. We know that the soft tissue are composed of complex molecules
with dimensions approximately 10-100nm [31].Hence, when ultrasound beam
propagate in medium, it is attenuated in three ways depending on the di-
mensions of the interacting medium. When the dimension of the interacting
medium is larger than to the wave length of the wave, the ultrasound beam
can be attenuated through reflection and scattering at interface , where as
when the dimension of the medium is equal to the wave length, the wave ac-
tuates through scattering. While, when dimension of the medium is smaller
than that of the wave length of the propagating wave, the beam can be at-
tenuated through absorption. The acoustic absorption can occurs by heat
conduction between the particles and the fluid, or/ and by viscous friction
between the particles and the fluid due to the difference in compressibility
and mass density.

Ultrasound wave propagating in soft biological tissue is connected with
dispersion ,hence the acoustic attenuation typically exhibits a frequency de-
pendence which can be described by a power law given by [33,34]:

σ(f) = af b (3.13)

Where σ(f) is the attenuation coefficient, f is the frequency, a is the attenu-
ation constant, and b is the frequency- power exponent.

Acoustic attenuation in water is a frequency-squared dependent (b=2)
while for most soft tissues b is from 1 to 2 [35], hence, besides the medium
length and attenuation constant(a), attenuation coefficient in soft tissue
is also non-linearly dependent on the frequency of the incident ultrasound
beam. Increasing the frequency will increase the resolution but also attenua-
tion. Therefore, there is a tradeoff between resolution and attenuation when
we select the operating frequency of a transducer. For imaging, we need to
have a higher signal to noise ratio for having good resolution where as for
therapeutic applications it is the attenuation which is more important for
having higher transfer of energy to the medium.
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3.5 Ultrasound Radiation force

As illustrated in section 3.4 when ultrasonic sound waves propagates to a
tissue, it interacts with the medium through absorption and scattering mech-
anisms. These interactions results a transfer of momentum from the prop-
agating ultrasonic wave to the tissue which is called ultrasound radiation
force (URF). URF is a time averaged force exerted by an acoustic field on an
object or boundary surface. Modeling tissue as a viscous fluid in response to
ultrasonic wave propagation, under plane wave assumptions, acoustic radia-
tion force (F) can be related to the acoustic extinction cross section (σe) and
ultrasound propagation velocity (c) of the tissue, and the temporal average
intensity of the acoustic beam (I) by:

∆F =
σe < I > ∆V

c
(3.14)

This force is in the form of a body force in the direction of the wave propa-
gation. And the ultrasound intensity ( I) is proportional to the square of the
pressure as equation (3.1), and σe = σa + σsis the extinction cross section of
acoustic intensity, as the sum of the the absorption cross section σa and the
scattering cross section σs. It is good to note the contributions of scattering
in the computation of the momentum transfer is very few, which seems rea-
sonable in soft tissues where the majority of the attenuation of ultrasound
arises from absorption.

As equation (3.14) we see that radiation force, is connected with inten-
sity, hence, energy densities, which is a quadratic terms containing squares
of velocities and displacements. Therefore, any theory dealing with acoustic
radiation force must retain at least all second order terms to valid even at
small amplitudes.

It is also important to note that the intensity depends on focusing and
absorption, which both depends on frequency, and similarly do the extinction
cross section depend on frequency. Therefore, it is necessary to model the
frequency dependent extinction cross section of the wave on the medium.

The maximum radiation force that can be achieved in the focal region
hence depend the aperture and focal length of the transducer, and the ampli-
tude and frequency of the irradiated acoustic wave. Moreover, the increase
on radiation force at focal region depends on non linear absorption of the
medium resulted from the non linear propagation of wave form distortion
which causes higher order harmonics.These dependencies open for optimiza-
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tion of radiation aperture, focusing, and frequency of the ultrasound radia-
tion force beam, depending on the depth and dimensions of the irradiated
medium that is tumor in our case.

Depending on the above parameters, the ultrasound radiation force can
be used for streaming purposes, increasing the pressure gradient on the ECM,
and changing the permeability of the blood vessels. This streaming occurs
in direction of the beam away from the transducer [36]. All the parameters
are adjusted depending on the performance of the transducer.

3.6 Transducer heating

A medical ultrasound transducers are driven by an electrical power in which a
significant percentage of this power is lost as thermal power on the transducer
itself. This causes an increase in temperature through out the probe, specially
at the front face [37]. This can cause a damage to the transducer itself, and/or
biological effect by generating heat on tissues. The other mechanisms that
can cause biological effect is due to the absorption of ultrasound when it
propagates through the tissue. These two effects can make the medical use
of ultrasound hazardous if precautions are not taken. In this section we will
see only to first case.

As reference [38], the amount of heat dissipated on the transducer due to
the thermal effect is given by:

Q = mc∆T (3.15)

Where m is mass of the transducer, c is specific heat capacity of the trans-
ducer, ∆T is change in temperature.This can be written as

Q/∆t = mc∆T/∆t⇒ ∆T/∆t = Wt/mc (3.16)

Where Wt is the power dissipated on the transducer. Note that, we denoted
power with W not to create confusion with pressure.

∆T/∆t = Wt/ρLAc (3.17)

where ρ, L , and A are the density, thickness and area of the transducer
respectively.
Here we will assumed that the transducer is as a single thermal unit, and
is driven by the electric power of the piezoelectric material.Therefore, Wt =
We −Wa , Where We and Wa are the electric input power and the acoustic
out power of the transducer respectively.
Thus, Wt = We(1− η), where η is efficiency of the transducer.
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For a transducer operating in to a load, then the rate of change in tempera-
ture will be:

∆T/∆t =
We(1− η)

ρLAc
(3.18)

The heat is generated only from the piezoelectric material, and the thickness
(L) of the piezoelectric material is λ/2, so,L = co/2f where co and f are the
velocity of sound and center frequency of the piezoelectric material.

∆T/∆t =
We2f(1− η)

ρcoAc
(3.19)

This can be written as:

∆T/∆t =
I.2f.(1− η)

ρcoc
(3.20)

Where I = We/A which is the intensity of the transducer.
Knowing the properties of the piezoelectric material, equation (3.19) or (3.20)
can be used for simulation of the heat dissipated on the the probe.

3.7 Simulation of power and heat lost on the trans-
ducer based on measurements

We note that both the ultrasound radiation force (URF) and the tissue heat-
ing (UTH) are ∼ P 2. Hence, to get high values of URF and UTH it is
important to have as high transmit pressure as possible. However, maximal
transmit pressure is limited by heating of the transducer array, and can also
give unwanted tissue heating when running the ultrasound radiation force
scanning. We therefore run pulsed scanning sequences, where we define:
Ton time period of pulse on
Toff time period of pulse off
Tr = Ton + Toff reputation period of pulses

Note that, the URF and UTH have different purposes which depend on
the center frequency of the probe, hence we select the center frequency based
on the purpose. For this work ,for instance, we focus on the URF.

Driving the transmit transducer with the voltage amplitude Vtt at the
angular frequency wo, the power delivered to the transducer array is

Win(wo) = Nel
| Vtt |2

2 | Zel(wo) |
cosθel(wo) (3.21)
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whereNel is the number of elements in the transmit aperture, and Zel is the
electric input impedance to the array element with phase θel. A transmis-
sion line model assumption for the cable is used to estimate the electrical
impedance of the element transducer. A simplified circuit diagram of the
one transducer element impedance with the transmission model assumption
of the cable is shown in figure 3. More over, it is assumed that the transmis-
sion is lossless.

V (cn)V g

Zg I(cn) Zc I(el)

ZelV (tt)

Zcn

Figure 3: Equivalent circuit Schematics used in the estimation to model the
cable, with the transducer impedance.

Where Vg and Zg are the voltage source and internal impedance of the
generator respectively, and the input impedance Zcn is given by

Zcn = Zc
Zel + jZctan(kl)

Zc + jZeltan(kl)
(3.22)

Where Zc =
√

(L/C),ccable =
√

(1/(LC)) which is the speed of the signal
on the cable.
and kl = 2π

λcable
lcable and lcable is length of the cable.

For estimation of the voltage applied on the transducer element( Vtt), we
represented the transmission line as lumped circuit shown in figure 4.

Where
Za = iZctan(γ/2) , Zb = iZc

sin(γ)
, and γ = kL where, Zc is characteristic

impedance of the cable, k is the wave number. Hence,the applied voltage on
the element can be estimated using :

Vtt = HitVcn (3.23)

where Hit is the electrical transfer function from the connector to the element
that can be evaluated from the impedance.
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Vcn Vtt

Icn
Za Za Iel

Zb Zel

Figure 4: Lumped equivalent circuit of the transmission line with the trans-
ducer load

The output acoustic power is

Wac(wo) = NelAel
| Pt |2

2Zo
= NelAel

Z2
o | Htt(wo) |2| Vtt |2

2Zo

= NelAel
Z2
o | Htt(wo) |2| Vtt |2

2
(3.24)

Pt(wo) = ZoHtt(wo)Vtt and At = NelAel
whereHtt is the transfer function from element voltage to surface vibration
velocity of the transducer array element. Ael is the radiation area of the
transducer element, At is the whole transmit aperture area. The efficiency
of the transducer is hence

η(wo) =
Wac(wo)

Win(wo)
= Ael

Zo | Htt |2| Zel(wo) |
cosθel(wo)

= Ael
| Pt(wo) |2| Zel(wo) |

cosθel(wo) | Vtt(wo) |2 Zo
(3.25)

and the loss fraction is the transducer loss in relation to the transmitted
acoustic power

γtt(wo) =
Wtrl(wo)

Wac(wo)
=
Win(wo)−Wac(wo)

Wac(wo)
=

1

η(wo)
− 1 (3.26)

The heat loss in the transducer per pulse is

Qtrl(wo) = Wtrl(wo)Ton = γtt(wo)ηtt(wo)Win(wo)Ton

= (1− ηtt(wo))Nel
cosθel(wo) | Vtt(wo) |2

2 | Zel(wo) |
Ton (3.27)

which gives an average heat power delivered to the transducer assembly

Wtrav(wo) =
Qtrl(wo)

Tr
= (1− ηtt(wo))Nel

cosθel(wo) | Vtt(wo) |2

2 | Zel(wo) |
Ton
Tr

(3.28)
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where we note thatTon
Tr

is the duty cycle of the pulsing scheme.The maximum
average heat power Wtrm that can be delivered to the transducer assembly
is determined from experiments by the varying the driven voltage and duty
cycle. This gives the maximal driving voltage (Vttm(wo)) at angular cen-
ter frequency wo and duty cycle. This gives us the maximum transmitted
pressure as

| Ptm(wo) |= ZoHtt(wo) | Vttm(wo) | (3.29)

We use ABERSIM to simulate the maximal transmitted wave Pm(r, w;wo)
with Ptm as the transmit pressure amplitude of the transmit burst at angular
frequency wo. This allows us to calculate the maximal radiation force from
Eqs. (3.45) and (3.47), and tissue heat delivery from Eqs. (3.51) and (3.52),
limited by probe transfer function, probe heating and maximal transmitter
voltage, as a function of the transmitted center angular frequency wo.

3.8 Simulation of beams

3.8.1 Introduction of ABERSIM for simulation of the wave equa-
tion

As mentioned in section 2.3 the solution to the wave equation of equation
(2.17) can be evaluated only numerically. Hence, an ABERSIM [33] which is
a soft were developed by Department of Circulation and Medical Imaging2,
is used to simulate the wave equation numerically.

Abersim is an open-source toolkit for simulating 3D nonlinear acoustic
forward wave propagation through heterogeneous and absorbing medium like
soft tissue [40]. The software has an interface for MATLAB, which allows an
easy access to the processing of treated data, and graphic displays, as well
as a pure C implementation for computational speed purpose and has also
advantage of MPI parallel computing resources.For more detail refer to the
ABERSIM manual.

For the simulation of the wave equation we neglect the left hand side of
the scattering terms in equation (2.17) that gives [41]

∇2p(~r, t)− 1

co(~r)2

∂2p(~r, t)

∂t2
+
βp(~r)

co(~r)2

∂2p(~r, t))2

∂t2
− hab(~r, t)⊗t

1

co(~r)2

∂2p(~r, t)

∂t2
= 0

(3.30)

2Norwegian University of Science and Technology, Trondheim, Norway
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The wave equation has two solutions propagating in opposite directions.
Hence. ABERSIM selects the solution only propagating into the body, i.e.
the positive z-direction, and solves it at a user-defined range of depth steps.
Introducing a retarded time τ which is given by

τ = (t− z/co), p(z, t)→ p̂(z, τ) (3.31)

Eq.(3.30) in terms of the retarded time becomes

∂2p̂

∂z2
− 2

co(~r)

∂2p̂

∂z∂τ
+∇2

⊥p̂+
βp(~r)

co(~r)2

∂2p̂2

∂τ 2
− hab ⊗t

1

co(~r)2

∂2p̂

∂τ 2
= 0 (3.32)

Assuming the beam as a collimated we can use the paraxial approximation
which means that we can neglect ∂2p̂

∂z2
, hence, equation (3.32) will left only

∂2p̂

∂z∂τ
=
co(~r)

2
∇2
⊥p̂︸ ︷︷ ︸

diffraction

−hab ⊗t
1

2co(~r)

∂2p̂

∂τ 2︸ ︷︷ ︸
absorption

+
βp(~r)

2co(~r)

∂2p̂2

∂τ 2︸ ︷︷ ︸
nonlinear distortion

(3.33)

The temporal Fourier transform of equation. (3.33) hence becomes

dp̂(z, ~r⊥, w)

dz
=− ico(~r)

2w
∇2
⊥p̂(z, ~r⊥, w)− iw

2co(~r)
Habp̂(z, ~r⊥, w)

+
iwβp(z, ~r⊥)

2co(~r)
p̂(z, ~r⊥, w)⊗w p̂(z, ~r⊥, w) (3.34)

3.8.2 Numerical estimation of extinction cross section

To simulate the intensity as a function of depth, and especially in the focal
region, we use ABERSIM. We then need an assessment of the extinction
cross section, which is defined through

dI = −σe(w)Ids (3.35)

where I is the intensity averaged across one oscillation. Using the relationship
between the pressure amplitude and the average intensity I = P 2/2Z0 we
get:

dI =
PdP

Z0
= −σe(w)P 2

2Z0
ds⇒ dP =

σe(w)

2
Pds (3.36)

for constant extinction cross section we hence get for plane waves

I(w, z) = Io exp(σe(w)z)P (w, z) = Po exp(
σe(w)

2
z) (3.37)
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We write the frequency variation of the extinction cross section as

σe(w) = σa(w) + σs(w) = σao((
w

wo
)b + σro(

w

wo
)a) (3.38)

where σro = σso
σao
≈ 0.15− 0.2 and a ∼ 2− 4 and b ∼ 1− 1.5

To get numerical values of the extinction cross section we relate this to
the wave attenuation that is measured as

σe(w) =
2log(Po/P )

zloge
(3.39)

2log(Po/P ) ∼ αdB/cmMHz ∼ 102dB/mMHz where α is typically 0.5.
This gives
2log(Po/P ) = (20loge)σe(w)z

2
= 102αzfo

σe(wo) = σao(1 + σro) =
10αwo
loge2π

m−1 (3.40)

Selecting a value for σro, we get the extinction cross section as a function
of angular frequency w for a burst of pressure oscillations transmitted with
center angular frequency wo

σe(wo;w) = σao(wo)((
w

wo
)b + σro(

w

wo
)a)m−1 (3.41)

σao(wo) = 10α
(1+σro)loge

wo

2π
m−1

For fo = 8MHz, and α = 0.5, we get at wo

σe(wo;w) = σao(1+σro) =
10αwo
loge2π

m−1 =
10 ∗ 0.5 ∗ 2π ∗ 8

loge ∗ 2π
m−1 =

92

1 + σro
m−1

(3.42)

3.8.3 Simulation of the wave equation including the extinction
cross section

Since ABERSIM has a potential to solve the diffraction, absorption, and
the nonlinear distortion terms separately using the splitting approach [33],
it simulates the wave equation with the extinction cross section . From
Eq.(3.34) , we get for plane waves

dP (z, w)

dz
=

w

2co
Habi(w)P =

σe(w)P

2
(3.43)

where the last relation is obtained comparing to Eq.3.36. We hence see that

Habi(w;wo) =
−co
w
σe(wo;w) =

−coσao(wo)
w

((
w

wo
)b + σro(

w

wo
)a)m−1 (3.44)

This expression is inserted into the ABERSIM for simulation of the wave
field.
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3.8.4 Ultrasound radiation force (URF) simulation

We assume that we transmit a burst of pressure oscillations at center angular
frequency wo and duration Tp. From simulations of the pressure wave field
with ABERSIM, we calculate the radiation force from equation (3.14) as

F̄ (0, z, wo) =
∆F (z, wo)

∆V
=

1

2πcZoTp

∫
dwσe(wo;w) | P (z, 0, wo, w) |2(N/m3)

(3.45)
where Tp is the pulse length and P(w,0,z) is the Fourier transform of the
whole ultrasound pulse. We note that

cZo = ρc2 =
1

κ
(3.46)

Inserting the expressions for the extinction cross section, we get

F̄ (0, z, wo) =
σao(wo)

2πcZoTp

∫
dw((

w

wo
)b + σro(

w

wo
)a) | P (z, 0, wo, w) |2(N/m3)

(3.47)
We have made use of Perceval theorem

ḡ(~r) =
1

Tp

∫
dtg(t;~r)2 =

1

2πTp

∫
dw | g(w;~r) |2 (3.48)

3.8.5 Comparison of URF to pressure gradient

A pressure p(~r, t)acting on a surface S of a (fluid) volume V produces the
following net force on the volume

~F (~r, t) =

∫
d2r~np(~r, t)2 = −

∫
d3r∇p(~r, t) (3.49)

where ~n is the outward unit normal to the surface S. For a small volume ∆V
we approximate the volume integral as

∆~F (~r, t) = −∇p(~r, t)∆V (3.50)

Comparing to Eq.(3.14) we see that the pressure gradient produces a similar
volume force as the radiation force. This ∆F

∆v
has the form of a pressure

gradient with the unit Pa/m. Pressures in the body are usually measured in
mmHg, which has the following relation to Pa/m
1mmHg ∼ ρHggh = 13546∗103Kg/m3∗9.81m/s2∗10−3m = 132.9N/m2(Pa)
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3.8.6 Ultrasound thermal heating(UTH) on the tissue simulation

Energy delivered to the tissue is the amount of energy absorbed on the tissue
from the propagation of the ultrasound wave. Hence it related to the intensity
and the abortion cross section.Therefore, energy delivered to the tissue per
pulse and unit length of the beam is

∆Qh(z, wo)

∆z
=

1

2πZo

∫
dwσa(w) | P (z, ~r⊥, wo;w) |2Joule/m (3.51)

Dividing this expression with the pulse length, Tp, we get power delivered,
i.e. I Watt/m. This also holds for the rest of the expressions below. Inserting
the expression for σa from equation (3.38), we get

∆Qh(z, wo)

∆z
=
σao(wo)

2πZo

∫
dw(w/wo)

b

∫
d2r⊥ | P (z, ~r⊥, wo;w) |2Joule/m

(3.52)
We define the area of the beam as

Ab(z, w, wo) =

∫
d2r⊥ | P (z, ~r⊥, wo;w) |2

| P (z, 0, wo;w) |2
Joule/m (3.53)∫

d2r⊥ | P (z, ~r⊥, wo;w) |2 = Ab(z, w, wo) | P (z, 0, wo;w) |2
This allows us to write Eq.(3.49) as

∆Qh(z, wo)

∆z
=

1

2πZo

∫
dwσa(w)Ab(z, w, wo) | P (z, 0, wo;w) |2 (3.54)

Energy per m3 delivered to the tissue, averaged across the beam

∆Qh(z, wo)

∆V
=

∆Qh(z, wo)

∆zAb(z, wo)

=
1

2πZoAb(z, wo)

∫
dwσa(w,wo)

∫
d2r⊥ | P (z, ~r⊥, wo;w) |2Joule/m3

(3.55)

Applying the definition of Ab in Eq.(23,24) we get

∆Qh(z, wo)

∆V
=

1

2πZoAb(z, wo)

∫
dwσa(w)Ab(z, w, wo) | P (z, 0, wo;w) |2

(3.56)
SI-units:Nm/s = Watt,Nm = Joule = Watts To find the heating given by
a pulse, the volumetric heat capacity for constant pressure of the tissue is
approximately [42]

Cp = 4.2106Joule/m3oK (3.57)
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3.8.7 Acoustic temperature on tissue simulation

A large challenge in calculation of the increase in temperature of the tissue, is
that blood flow and thermal diffusion provides a strong transport of delivered
heat to neighboring tissue, i.e.cooling. Neglecting the cooling of blood flow
and diffusion, we can calculate the temperature increase from one ultrasound
pulse as

∆T =
∆Qh(z, wo)

∆V Cp

=
1

2πZoAb(z, wo)Cp

∫
dwσa(w)Ab(z, w, wo) | P (z, 0, wo;w) |2oK (3.58)

To include the effect of cooling from blood flow and diffusion, we consider
a fairly large region of the tumor. The scanning pattern and number of
ultrasound pulses per unit time, will then give the heat energy delivered to
the region, while blood flow (volume/sec) through the region presents heat
energy removed from the region. We can assume that the heat capacity of
blood and tissue is close to the same, but knowing the heat transfer coefficient
from tissue to blood is essential.
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4 Material and Methods

4.1 Introduction

In this section we will introduce the transducer used for the experiment and
shows the measurment methods for describing the performance of transducer.
Then we will describe the simulation set up method used for simulation of
the URF, ultrasound thermal heating(UTH) on the tissues, and Temperature
on the tissues. At last we will describe the methods and materials used in
vivo experiment on mice.

4.2 Transducer performance

4.2.1 Presentation of the transducer

The transducer used on the experiment is called a 3D probe ans shown in
figure 5b. It is used for imaging and therapy with ultrasound radiation force
implementing on Ultrasonix SonixRP (Ultrasonix Medical Corp., Vancouver,
Canada) scanner presented in figure 5a in a convectional imaging modality
and a new therapy scanning modality software which is implemented by De-
partment of Circulation and Medical Imaging3. It is designed and manufac-
tured by Vermon (Tours, France, [39]) with a product name of LA 8.0/128/4D
-1169, and has 128 elements in a linear array organized in a stack as show
in figure 6. The general specification of the transducer is shown in the table
1. The transducer has also a lens for elevation focusing which is desired to
transmit the highest energy to the focus. The probe has a capacity to scan
mechanically in the elevation with a selected speed , and to the azimuth
directions with in a chosen foci’s depending the region of interest.

3Norwegian University of Science and Technology, Trondheim, Norway
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(a) Ultrasonic scanner

(b) 3D probe

Figure 5: The Ultrrasonic sonixRP scanner and the 3D probe

Figure 6: 3D transducer Linear array element stack [1]
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Table 1: The characteristic specification of the transducer

center frequency 8 MHz

Band width 5.6MHz, > 70%

Number of elements 128 active

pitch 0.3mm

Elevation element width 5mm

Elevation focus 28mm

This is characteristic specification of the transducer from the manufacturer

4.2.2 Electrical impedance and Acoustic pressure measurements

The electrical impedance of the transducer element and the acoustic power
propagating out of one transducer element when loaded in water were mea-
sured. The magnitude and phase of electrical impedance of the transducer,
128 elements, is measured using an impedance analyzer. The impedance ana-
lyzer that we used is Agilent 4294A Precision Impedance Analyzer (Hewlett-
Packard, Palo Alto, CA). Before used, the instrument was calibrated when
both in open and short states with load to compensate the impedance of the
cables that used to connect with transducer’s connector and the analyzer.
A computer is used to analyze the data which was collected using a matlab
software of the instrument.

The acoustic field generated by one elements were characterized by per-
forming an acoustic measurement in degassed, deionized water with a 3 axis
scanning system designed for use in the characterization and measurement
of ultrasonic beams as shown in the set up figure 7. Since the transducer is
loaded on the water, we can assume that the medium is homogeneous and
linear medium which means that we neglect the absorption . A ten cycles
pulse from a pulse generator ((Wave generator WW2571, from Tabor Elec-
tronics Ltd ) was used to generate a 16V electric pulse centered at 8MHz
. Pressure wave form were collected using a calibrated 200µm diameter hy-
drophone (HGL-1426, Onda Corporation) and displayed on a LeCroy Xs44s
digital storage oscilloscope. The measured pressure waveforms was in axial
direction.
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Figure 7: Acoustic pressure measurement set up in water tank using hy-
drophone.

4.2.3 Temperature measurement on the transducer

To experience the heating of the transducer, a temperature measurement
was done when the probe is loaded to air, and to a glove of water similar
to the set up for our real experiment. The measurement of temperature on
the transducer surface was done using temperature Sensor: Omega HH147,
RS232 Data Logger Thermometer, with K probes, affixed to front of probe
(on the dome) avoiding any contact from the acoustic out put wave, and on
the side of the probe , by doing some gel and tape to improve contact .The
transducer was driven by the Ultrasonix SonixMDP ultrasound scanner. The
set up of the experiment is shown in figure 8. Moreover, we measured the
surface temperature with a Fluke Ti10 IR-thermographic camera of range
8-14µm to get some information on the heating exactly inside the elements
in addition to the after mentioned measurements. We measured the tem-
perature by varying the input power, duty cycle, and the aperture using the
scanner.
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Figure 8: Temperature measurement set up on the transducer using tem-
perature Sensor: Omega HH147, RS232 Data Logger Thermometer with K
probes affixed to front of probe

4.3 Simulation of beams

4.3.1 Set up and Procedures of the simulation of URF, UTH, and
Temperature on the tissue in ABERSIM

The full 3D non-linear wave propagation of the pulses were simulated with
ABERSIM based on the procedures of reference [33]. The matlab code ver-
sion of R2010a used for the simulation is shown in appendix C. The simu-
lation is done based the pulse characteristic of the transducer and the tissue
characteristics shown in table 2 and 3 respectively.

Moreover, the frequency dependent absorption coefficient used in this
simulation are also in table 4. Although we implemented a prostate cancer-
ous cells on the leg of the mice in our experiment, the tissue parameters as
shown in table 3 are selected based on the average properties of the soft tis-
sues. Because, most of the propagation distance takes place in water but only
approximately 3mm focal depth on the tissue. And the simulation method
has also a lack of capacity to simulate the propagation according to spe-
cific boundary properties of the medium . Therefore, it is reasonable to use
the average properties of the tissue than the specified tissue parameter for
the whole propagation distance.And the attenuation constant of the health
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prostate tissue is found to be 0.78±0.24dB/MHz.cm [43] which could affect
the result of our simulation with small magnitudes. Hence, our simulations
are an approximation values. The parameters such as acoustic pressure out-
put, pulsed duration, pulse repetition frequency, and duty cycle were chosen
based the performance of the transducer.

In addition, the acoustic pressure beams at focus (25mm) was charac-
terized using hydrophone in water tank following the previous procedures
except that the probe is connected with the scanner, for half aperture with
single pulse, and for 14.4mm (48 elements) aperture with 48cycles where both
were driven with 22volt amplitude at 8MHz. The measurements were done
both in azimuth and elevation directions. The set up is the same to figure 7,
except that the transducer was connected to the scanner.

Table 2: The pulse characteristic of the transducer

center frequency fc(MHz) 5-11

Number of periods Np 10

Number of elements 32 - 128

Azimuth Aperture (Da (mm)) 9.6-38.4

Focal length in azimuth (Fa(mm)) 25

Focal length in elevation (Fe(mm)) 25

Acoustic pressure output (Po(MPa)) 0.15

Pulse duration(Ton(µs)) 1.25

Simulation resolution in elevation (mm) 3.10−4

Simulation resolution in azimuth (mm) 3.10−4

Simulation resolution in axial (mm) 1.10−3

The pulse characteristic of the transducer used ABERSIM simulation. The
frequencies and the focus are selected based on the band width of the trans-
ducer and elevation focusing respectively. While the other parameters are
depending on the performance of the transducer.
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Table 3: Average acoustic parameters values for soft tissues

co(m/s) ρ(kg/m3) κ(10−12Pa−1) βn Cp(106JoK−1m−3)

1561 1060 420 3.9 4.2

Reference [44], [43] [44] [32] [42]

Since most of the propagation distance takes place in water but only ap-
proximately 3mm focal depth on the prostate tissue, we used average tissue
acoustic characteristic in ABERSIM simulation.

Table 4: The frequency dependent attenuation coefficient

αdB/cm.MHz αro a b

0.5 [44] 0.15 2.5 1.1

The frequency dependent attenuation coefficient used in ABERSIM simula-
tion, where, αro = αso/αao is ratio of the scattering attenuation constant
to absorption attenuation constant, a is the frequency- power exponent for
scattering, b is the frequency- power exponent for absorption. The values of
the αro,a, and b are chosen for having maximum URF

4.4 Animal experiment

4.4.1 Mice and Tumors

The experiment is done on Female Balb/c nude mice (C.Cg/AnNTac-Foxn1nu
NE9, Taconic, Denmark) based on the apparatus below and PC-3 prostate
adenocarcinoma cells (American Type Culture Collection, Manassas, VA,
USA) which were cultured in Dulbeccos Modified Eagle Medium (Life Tech-
nologies Corporation, Carlsbad, CA, USA) with 10 % FBS at 37C and
5%CO2 were injected on the one hind leg between the hip and the knee.
All the procedures were done based on reference [45], hence, a more detailed
procedure of the preparation of the cells and injection to the mice can be
found at that reference. The size of the tumor on the each mice exposed
to the ultrasound were measured and shown in table 5.All the tumors have
an elliptical shape as shown in figure 9 with an average dimension of their
volume of 15mm in axial, 22mm in azimuth and 7mm in elevation.
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Table 5: Size of the tumor measured, and set up for the therapy scanning.

Parameters Mouse192 M. 193 M. 194 M. 197 M. 198 M. 201

Drug Dox Dox Dox NP NP NP

Depth (mm) 25 22 24 24 25 25

Axial size of tumor(mm) 16 14 16 16 14 12

Azimuth size tumor(mm) 24 20 19 26 24 20

Elevation size tumor(mm) 6 8 9 8 5 6

Number of foci) 5 5 5 5 5 4

Length of focus F1(mm)) 19 19 19 19 19 22

Length of focus F2(mm)) 22 22 22 22 22 25

Length of focus F3(mm)) 25 25 25 25 25 28

Length of focus F4(mm)) 28 28 28 28 28 31

Length of focus F5(mm)) 31 31 31 31 31

The table shows the sizes of the tumor measured using 3D-mode imaging,
and set up for the therapy scanning.The number of focus are found from the
axial beam width, and their positions are chosen depending on the elevation
focus. Note: Dox is doxorubicin, NP is PBCA nanoparticles , and M is
mouse. Depth is the distance from the surface of the probe to the center of
the tumor.
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Figure 9: B-mode Image of one of the tumors exposed to radiation force. The
figure shows the size and positioning of the tumor during the experiment.The
elliptical shape of the tumor describes the azimuth and axial dimensions of
the tumor center at 25mm from the surface of the probe.

4.4.2 Drugs

Doxorubicin is a cytotoxic drug used in chemotherapy, and has also fluores-
cent substance which is useful to observe the distribution and penetration
of the drug on the target region during confocal microscopy analysis. The
halve-life of dox is from 12 to 18.5 hours when released from libosomes [46].
It was administered at a dosage of 10 mg/kg, and at a concentration of 1
mg/kg. Since the mice had a body weight of 20 g, they were given 200 ul
intravenously.

Poly(butylcyanoacrylate) (PBCA) nanoparticles which is a drug used
for treatment of tumors in the brain, was obtained from SINTEF 4PBCA
nanoparticles. Its size is around 100nm, and do not contain any cytotoxic
drug, hence they are labeled with the fluorescent dye Rhodamine 6G to

4Company for Scientific and Industrial Research, NTNU
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observe the distribution and penetration of the drug on the target region
using confocal microscope. The concentration of the drug administered in-
travenously on the mice was 6,2 mg/ml and 200 ul.

4.4.3 Ultrasound Exposure Set-Up and Treatment

The traducer presented in section 4.2.1 was used for insonfication of the
tumor. The transmit frequency of the transducer is 8MHz, and have acous-
tic intensity at the focus of 20.94 W/cm2 with a peak negative pressure of
0.5MPa as described in table 8. It was connected to the ultrasonics RP scan-
ner and in contact with a water bag in which the water was deionized and
degassed by boiling and was at room temperature at the time of ultrasound
exposure. The bag has an acoustic characteristic impedance of water so as
to reduce the reflection, hence absorption, of the sound wave from and in
the water bag. And a gel was placed between both the tumor and the wa-
ter bag, and the water bag and the transducer to have good acoustic contact.

The ultrasonic RP scan was used for 3D imaging using the sonix soft ware
for imaging using that transducer for positioning and measuring of the tumor
size both in azimuth and elevation directions,and for therapy scanning. The
therapy software which is developed by Department of Circulation and Med-
ical Imaging5 has a capacity to scan in multi foci’s depending on the axial
tumor size at one azimuth to have a constant intensity over the whole irradi-
ated tumor area, and we used one element steps which is 0.3mm in azimuth
scan plane to avoid any untreated regions and have a concentrated beams
due to the small magnitude of the heating resulted from the simulation which
hardly cause cavitaton on the tissue, and also to run the probe mechanically
in the elevation direction (normal to the azimuth plane) (with a beam width
of 1.5mm) from -20o to 20o depending the size of the tumor in the elevation
direction with a constant speed.This means that with one scan, it will cover
an area of 0.45mm2 of the tumor. And the number of foci’s are selected based
on the -6dB axial beam width of the URF which is 3mm, as shown in table 5.

The mice were administered with Dox and PBCA nanoparticles drugs in-
travenously via the vein during the treatment as described in terms of groups
and group sizes in table 6. Half of the mice were exposed to ultrasound radi-
ation force prior to injection, while the other half were unexposed controls.
The URF is done immediately after the administration of the drug since the
circulation time for the drug to be on the target region with high concentra-

5Norwegian University of Science and Technology (NTNU), Trondheim, Norway
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tion will not take longer time.

The duration of the ultrasound exposure was 10 minutes means that with
a duty cycle of 1.25%,hence,with the effective exposure of 7.5 seconds . And
for the mice that did not get URF, the drugs were also allowed to circulate
for 10 minutes. After completion of the ultrasound exposure a bolus of 100
ul at a concentration of 1 mg/ml of fluorescent (FITC-lectin) which is a pho-
tosensitive material, were given intravenously to label the blood vessels [45]
for visualizing blood vessels in the microscope, followed by preparation of
frozen tumor sections for analyzing using confocal microscopy.

The mice were given surgical anesthesia by a subcutaneous injection of
Hypnorm and Dormicum and placed in a flat table into the insonfication area
where the center of the tumor was aligned by guiding through imaging so that
the tumor was located in the area of maximum intensity of the sound waves,
as illustrated in figure 10. Each mouse then received an intravenous injec-
tion of their respective drugs via the vein and thereafter was exposed to URF.

Figure 10: The figure demonstrates an overview of the set up of the exper-
iment (the scales are not correct). The anesthetized mice are situated on
the flat table and a water bag with gel in both its upper and lower side of
the water bag for acoustic coupling with the ultrasound transducer. The
transducer is in contact over the upper part of the water bag and generates
a focused pulses to the mice.

In addition, the temperature of the tumor were measured both before and
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around 20 seconds after isonfication to determine the increase in temperature
on the tumor tissue due to ultrasound radiation force exposure.

Table 6: The experimental description of the groups and group sizes of the
mouse studied in the experiment

Group 1 3 mice Doxorubicin URF

Group 2 3 mice Doxorubicin -

Group 3 3 mice PBCA nanoparticles URF

Group 4 3 mice PBCA nanoparticles -

4.4.4 Confocal laser scanning microscope

For studying the effect of the ultrasound radiation force on the distribution
of the released doxorubcin , PBCA nano-particles and blood vessels using
confocal laser scanning microscope CLSM (Leica SP8, Jena, Germany), the
frozen tumor were made in tumor sections after insonfication and embed-
ded in OTC Tissue Tek and frozen in liquid nitrogen. Tumor sections were
made at five depth levels, with 25 µm between each level. Then, the tissues
were placed in microscopic slides and imaged with confocal laser scanning
microscopy using an objective of 20x/0.7 using a tile scan function.The im-
age were taken along a radial track from the periphery through the center to
the other periphery with a resolution of 512 X 512 pixels. The image size of
each section are 581.25x581.25 µm, hence, pixels sizes of 1.14 x 1.14 µm.

Doxorubicin and FITC-bound lectin was excited using 540nm helium/-
neon and 488 argon laser lines respectively, and detected in the range of
560-650 nm and 500-550nm respectively. While the nano paricles was exited
using 510nm helium/neon laser line and detected in the range of 510-570nm.
During the image acquisition all the necessary settings such as laser current,
transmission, detector gain, and amplitude gain and amplitude offset were
chosen to minimize noise and to use most of the gray scale.
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5 Results

5.1 Result about 3D probe performance

5.1.1 Electrical impedance

For computing the input power and efficiency of the transducer, knowing the
electrical impedance of the element is very essential as equation (3.21) shows.
Therefore, the electrical impedance of each element of the transducer at the
connector is first measured using the impedance analyzer are shown in figure
11a. At 8MHz, the magnitude of their impedance are distributed from 32
to 50 Ω and phase of -55 to -32◦. For the 64th element for example, has a
magnitude of 32 Ω and phase -50 ◦ as shown in figure 11b. To estimate the
impedance of the transducer at the electrodes, three different models for the
the 2.15m coaxial cable of capacitance 60pF/m and characteristic impedance
of 80Ω are used. The electrical impedance of one element estimated on the
electrode is hence shown in figure 11b. It is found that the transmission and
the π models gave us approximately the same values while the capacitance
model is off from the two models. However, since we driven with the high
frequency which is 8MHz in the experiment, it is reasonable to approximate
the 2.15m coaxial cable to a transmission model than the other two models
used on the computation. Hence, the magnitude and phase of the electrical
impedance of the element at 8MHz is found 86 Ω and -64◦. These numerical
value was used in all our computations.
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(a) Electrical impedance measured for all
elements

(b) Estimated electrical impedance of one
element

Figure 11: Electrical impedance of each element of the transducer measured
on connector, and estimated for one element on the electrode using three
models assumption for the cable: 1) the cable as a capacitor, 2) the cable as
a π-model ,and 3) the cable as a transmission model.

5.1.2 Power dissipated on the transducer

In order to compute the power dissipated on the transducer, we computed
the driven voltage on the element as shown in figure 12b, hence the power
input on the transducer based equation (3.21). The driven voltage on the
electrode is estimated from the electrical transfer function as show in figure
13 using eq.(3.23) and found to be approximately twice of the input volt-
age at the connector. In addition, as shown in figure 14a, we measured the
acoustic pressure at 1.5mm from the surface of the transducer from the axial
beam measured, and found 94 kPa at 8MHz center frequency, and the axial
beam profile which is the root mean square value of the pressure from 10
elements of the transducer is shown for further information in figure 14b.

The acoustic pressure measured from the 10 center elements is used for
estimation of the surface acoustic pressure of the probe from one element.
Since the elements are excited from a signal generator, the beams are unfo-
cused , hence, on the far-field region of the beam the amplitude of the beam
falls off gradually from the main lobe of the beam due to diffraction. The
far-field region from the 10 elements with 0.3mm in azimuth and 5mm in el-
evation direction each as shown in table ?? of the transducer will be around
( rf = D2

a/(2λ)) is 23mm , whereλ is the wave length of the wave, and Da is
the azimuth of the transducer.
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Hence, at around 1.5mm from the surface of the probe, we will be on the
extreme near-field region of the beam ,i.erf/4 = 5.75mm, in which the beam
will have less diffraction and will be more less constant for a homogeneous
medium, so that the surface pressure of the transducer element is approxi-
mated to that pressure, and hence computed the output acoustic power using
the estimated surface acoustic pressure. From these computations we esti-
mated the power and heat dissipated on the transducer as show in figure 15
.

(a) Voltage on the connector (b) Voltage on the electrode

Figure 12: Voltage input on connector and on electrode respectively . The
input voltage is measure while the voltage on the electrode is simulated using
the electrical transfer function from the connector to the electrode
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Figure 13: The electrical transfer function from the connector to the electrode
simulated using the impedances
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(a) Pressure on the surface of the transducer

(b) The axial beam profile of the pressure measured from the 10
elements

Figure 14: Pressure on the surface of the transducer estimated and the axial
beam profile of the pressure measured from the 10 elements by exciting with
10.9V on the connector (22V on the electrode) of 8MHz center frequency.
The surface pressure found is 94kPa.
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(a) Heat delivered on the transducer from
48 elements

(b) Power delivered from 48 elements

Figure 15: Heat and Power delivered on the transducer from 48 elements at
8MHz of 22V amplitude on the electrodes (or 10.9 V on the connectors). The
power delivered is as function of on time (Ton) and repetition time(Tr)

An estimation of the power and heat dissipated on the transducer as
shown in figure 15 has been obtained from the measured total acoustic power
output when loaded into water combined with an estimate of the transducer’s
efficiency and the input electrical power to the transducer.The input electri-
cal power of the transducer can vary depending on the driven voltage and
frequency. Similarly, the efficiency of the transducer really dependent on the
design and material property of the transducer, and also on the bandwidth
of the transducer. Therefore, when the transducer element is excited with
10 cycles pulse of 10V amplitude on the connector (22V on the electrode
calculated from the electrical transfer function show in figure 13) at 8MHz
frequency, we got an electrical input power of 17.1Watt per element, and an
acoustic power of 53.4mWatt per element. Hence, we have got an efficiency
of 0.31% as shown in figure 16. These estimations were obtained from mea-
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surements of electrical power delivered to the transducer, and measured total
acoustic power [38] .

Figure 16: Efficiency of one element of the transducer estimated at 8MHz.
This evaluated from the input electrical input power and the acoustic out put
power at 8MHz transmit frequency of the transducer, and is found 0.31%

The power dissipated on the transducer as function of driving voltage on
the electrode and duty cycle is show in figure 17. These were evaluated based
on equation (3.28) except that the driven voltage is a peak voltage but not
frequency dependent voltage. From this measurement, we see for instance
at 35V with duty cycle of 5% that, 7 Watt of power will be dissipated.
However, it is not easy to determine the effect of this amount of power on
the transducer with out having a clear picture about the material properties
of the probe. Hence, to understand and answer the above question we did
temperature measurements .
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Figure 17: The power dissipated on the transducer of 48elements with respect
applied voltage on the electrode

The surface pressure estimated per element on the transducer as a func-
tion of amplitude voltage on the connector is shown in figure 18. Transducer
is a linear time invariant system, hence, the surface pressures has a linear de-
pendence on the driven voltage, and was calculated for varies driven voltages
from the surface pressure measured at 10V as shown in figure 14a.
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Figure 18: surface pressure estimated per element on the transducer as a
function of amplitude voltage on the connector. This is estimated from the
measured acoustic pressure driven by 10V. Hence, we found the surface pres-
sure of 0.15MPa for 18V .

5.1.3 Temperature measurements for the 3D probe

The temperature of the transducer is one of the key element for characteriz-
ing the performance of a transducer. If the heat capacity of the transducer
materials are known, we can easily convert the estimated dissipated power
to the temperature to see the change in temperature on the surface. Hence,
we experienced the increase in temperature of the traducer surface with time
by varying the input power and the aperture of the transducer with different
duty cycles.

The increase in temperature of the 3D probe surface with respect the
driving voltage and duty cycle for a certain duration measured for the full
and half aperture size of the probe when loaded in air are shown in the figure
19 and 20 respectively. And we have got maximum increase in temperature
of 22oC and 20oC from 2µsec pules length and 3.3% duty cycle driven by
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45V (41.5Watt ∼ 21.8Watt/cm2) , and 6µsec pules length and 6.5% duty
cycle driven by 45V(41.3Watt ∼ 43Watt/cm2) from the full and half aper-
tures respectively. In addition, we see that when the driven voltage is 25V
with 10% duty cycle (39.2 ∼ 20.4Watt/cm2) for the full aperture, and to
30V with 10% duty cycle (28.2Watt ∼ 29.4Watt/cm2) for the half aperture ,
the maximum temperature is around 50oC. The voltages were read directly
converting from the power level index of the wikisonix document [47].

Moreover, as shown in figure 21, the temperature increase experienced
from the 48 elements when loaded in water bag was 5oC when we increased
the driven voltage to 36V (voltage were monitored using a 1MOhm10 :
1probe and a LeCroy Xs44s digital storage oscilloscope), which seems rea-
sonable due to the cooling.

However, the inside surface temperature on the elements measured with
IR-thermographic camera using a scheme of 20 volt and 18 volt amplitudes
with 10cycles pulses of 1.25% duty cycle for an aperture size of 14.4mm (48
elements) settings also resulted to a raise of the temperature to 57oC in 5min
, and 53oC in 10min and remained constant. One example of such measure-
ment is shown in figure 22. The image shows the distribution of the heat on
the active elements of the array.
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Figure 19: Temperature measured on the probe when loaded in air for full
aperture.Note: Ton is the time at which the pulse is on

Figure 20: Temperature measured on the probe when loaded in air for half
aperture.Note: Ton is the time at which the pulse is on
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Figure 21: Temperature measured on the probe when loaded in water for
14.4mm aperture (48 elements) :Note that, Ton is the time at which the pulse
is on, the voltage is a peak voltage and was monitored using a 1MOhm10 :
1probe and a LeCroy Xs44s digital storage oscilloscope.

Figure 22: Thermal image of 4DL probe, showing heating of active elements
of array. Dark area to left shows the thermocouple sensor affixed to the
probe.
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5.2 Results from beam simulations

5.2.1 Beam Profile simulated and measured using water tank

The measurement in water tank, and simulation for the beam profiles in
the azimuth and elevation planes allows for understanding of the azimuth
and elevation beam widths induced on the focal plane.The measurements
were done for 19.4mm aperture(64 elements) and 14.4mm aperture of (48
elements) driven by an amplitude voltage of 22V at 8MHz center frequency
as shown in figure 23 and 25 respectively. An ABERSIM simulation was
done for the azimuth and elevation directions with water acoustic properties
for 14.4mm aperture of (48 elements) as shown in figure 25 and table 7, but
for both directions, we found a large difference between the measured and
simualted results. In the elevation direction, the deviation is occurred due
to the elevation focus with lens which was focused at 28mm depth.

While for the azimuth direction, the deviation from the measurement
could possible also be affected by the size of the active elements of the ar-
ray which could be smaller than the pitch (the distance between two center
elements) of the element 0.3mm, since we don’t know how much kerf (the
spacing between two neighboring elements) are used. In addition, the eleva-
tion focus due to lens has also impact on the result of the azimuth width of
the measurement. From the two results, we have got the -6dB beam widths
measured of 1.5mm azimuth and 2mm in elevation on the focus for both
apertures while 0.4mm and 1mm in azimuth and elevation from the simula-
tion respectively as shown in tabel 7.

From the rf pressures shown in figure 24 for the 19.4mm aperture and 26
14.4mm aperture, we found at the focus a +1.6MPa and -0.5 MPa pressure,
and +1.3MPa and -0.6 MPa pressure respectively and found until 6th har-
monics which possible can increase the extinction cross section, hence the
ultrasound radiation force. Similarly, as we see on the pulse form on the
focus from the ABERSIM simulation in figure 27b, we only observed until
1st harmonics (even until 2nd) with almost negligible distortion of the beam,
but this was due to the low initial surface pressure (figure27a) as it is proven
in figure 28b with large surface pressure (28a) but with the same setting of
the other parameters. As equation (3.8), the pressure in focus is proportional
to the area of the transmuting aperture, the pressure from the 14.4mm aper-
ture is hence decreased by a factor of 0.7 which is the ratio of their azimuth
diameters. The mechanical index (MI) becomes 0.2 which is a measure of
the potential that can induce cavitatin in tissues. Figure 31 also shows the
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propagation of the beam from the ABERSIM simulation, hence describes the
shape of the beam profile over the whole medium.

(a) Azimuth beam profile (b) Elevation beam profile

Figure 23: Azimuth and elevation beam profile at focus of 25mm for half
aperture measured in water driven with 22V amplitude from a cycle pulse

Figure 24: rf signal and frequency spectrum of pressure on focus of 25mm
measured in water driven with 22V amplitude
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(a) Azimuth beam profile

(b) Elevation beam profile

Figure 25: a)Azimuth and elevation beam profile measured and simulated
using ABERSIM at focus of 25mm for 14.4mm aperture measured in water
driven with 22V amplitude from 48 pulses

Figure 26: rf signal and frequency spectrum of the pressure on focus of 25mm
measured in water driven with 22V amplitude
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Table 7: The beam width from 14.4mm aperture

Measured Simulated
-3dB -6dB -3dB -6dB

Azimuth beam width(mm) 0.9 1.5 0.268 0.354
Elevation beam width(mm) 1.2 2 0.71 0.98

The beam width measured and simulated using ABERSIM from 14.4mm
aperture from figure 25

(a) Initial pulse (b) Pulse form at the focus

Figure 27: Initial and at focus pulse forms used and simulated on the ABER-
SIM simulation for simulation of URF, UTH, and temperature on the tissue
respectively from 0.15MPa surface pressure
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(a) Initial pulse
(b) Pulse form at the focus

Figure 28: Initial and at focus pulse forms used and simulated on the ABER-
SIM simulation respectively from 2MPa surface pressure. This is only to show
distortion of the field at focus

Figure 29: Azimuth and elevation beam profile simulated at 8MHz center
frequency of 14.4mm aperture. The color bar indicates pressure in MPa
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5.2.2 Radiation force

Figure 30a shows the magnitude of the ultrasound radiation force(URF) as
functions of transmitted frequency and depth from 14.4mm (48 elements)
aperture size. It is found that the magnitude really dependent on the trans-
mitted frequency of the probe. Therefore, as we observed in figure 30b, it
reveled that the magnitude of the URF is maximum which is 9.8KN/m3 at
8MHz center frequency at the focus (25mm depth), and a pressure of 0.9MPa
at the focus as shown in figure 31. The decrement of the pressure from the
measured pressure on the water tank is due to loss on the medium in the
simulation.

Moreover, the figures in figure 32 shows that the magnitude of the URF
increase with increase in aperture size at the focus with 8MHz center fre-
quency and peaked at half aperture size(19.2mm) but it is constant after an
aperture size of 20.1mm. Because the contribution form the elements far
from the center elements of the array would be small due to small opening
angle at 25mm focus. However, the ultrasound thermal heating and tem-
perature of the tissue are also increasing as it is shown in figure 34and 36
respectively.

In addition, the -6dB axial beam width of the URF at the focus was eval-
uated based figure 31 and found to be 3mm .
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(a) Radiation force at different center fre-
quencies with respect depth

(b) Radiation force at focus of 25mm

Figure 30: Radiation force from a single 10 cycle pulse a) at different fre-
quencies with respect depth, b) at focus of 25mm with respect frequencies
, both from 14.4mm (48 elements) aperture size, and found a maximum of
9.8KN/m3 at 8MHz

Figure 31: Radiation force axial profile at focus of 25mm simulated at 8MHz
center frequency of 14.4mm aperture
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(a) Radiation force at 8Mhz with respect
depth

(b) Radiation force at focus of 25mm with
respect to aperture size

Figure 32: Radiation force from a single 10 cycle pulse a) at 8MHz frequency
with different aperture size and depth, b) at 8MHz center frequency and
focus of 25mm with respect aperture size

5.2.3 Heat delivered on the tissue

Figure 33a shows the magnitude of the ultrasound thermal heating (UTH) of
the tissues as functions of transmitted frequency and depth from 14.4mm (48
elements) aperture size. And it is found that the heat delivered dependent on
the transmitted frequency of the probe and has a monotone attenuation with
depth for each transmitted frequency since it is the total absorbed power that
does the tissue heating, as shown in figure 33b . Therefore, as we observed
in figure 33b, it reveled that the magnitude of the UTH at 8MHz center fre-
quency at the focus (25mm depth) is approximately 49µJ/m.

However, the figures in figure 34 shows that the magnitude of the UTH
increased with increasing in aperture size at the focus at 8MHz center fre-
quency. When the aperture size increased to 25mm, the magnitude of the
UTH will be approximately doubled.
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(a) Heat delivered at different center fre-
quencies with respect depth

(b) Heat delivered at focus of 25mm

Figure 33: Heat delivered to the tissue from a single 10 cycle pulse a) at
different frequencies with respect depth, b) at focus of 25mm with respect
frequencies, both from 14.4mm (48 elements) aperture size

(a) Heat delivered at 8Mhz with respect
depth

(b) Heat delivered at focus of 25mm with
respect to aperture size

Figure 34: Heat delivered to the tissue from a single 10 cycle pulse a) at
8MHz frequency with different aperture size and depth, b) at 8MHz center
frequency and focus of 25mm with respect aperture size

5.2.4 Temperature delivered on the tissue

From figure 35 , we found the temperature on the tissue exposed due to the
pressure wave is in the range of µoK and is maximum at 8MHz transmit
frequency for 14.4mm aperture size at focus (25mm). In addition, figure
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36 reveled that, the temperature increase with increasing aperture size until
20mm but remain constant if the aperture is increased farther more. The
reason is due to small in f-number (FN).

(a) Temperature delivered at different
center frequencies with respect depth

(b) Temperature delivered at focus of
25mm

Figure 35: Temperature delivered to the tissue from a single 10 cycle pulse a)
at different frequencies with respect depth, b)at focus of 25mm with respect
frequencies, both from 14.4mm (48 elements) aperture size

(a) Temperature delivered at 8Mhz with
respect depth

(b) Temperature delivered at focus of
25mm with respect to aperture size

Figure 36: Temperature delivered to the tissue from a single 10 cycle pulse
a) at 8MHz frequency with different aperture size and depth, b) at 8MHz
center frequency and focus of 25mm with respect aperture size
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5.3 Result from animal experiment

5.3.1 Thermal effect

The temperature measured on the mice before and after exposure to URF
shows a 0.1oC decrement in temperature on the tissue. The temperature
measured before the exposure was 28.2oC while after the exposure become
28.1oC.

5.3.2 Distribution of Dox

Comparison of the dox distributions in prostate tumors between mice treated
without ultrasound (Dox alone) and with ultrasound (Ultrasound and Dox
together) obtained form the confocal laser microscopy are shown in figures
37. The result shows a higher dox fluorescence at the periphery of the tumor
sections than at center for both of the exposure and non-exposure groups.
However, since the dox are small in size, diffusion will play a great role in
transporting them from the vessels to ECM. However, it is found also much
florescence in side the cells. In the insonation groups, there were hardly to
see the blood vessels through out the tumor sections, and the fluorescent
signals of dox are very week, and not accurately distinguished but there is
good distributions of florescence . However, it is very difficult to conclude
with out comparing the quantified values of the florescences from the two
treatment methods. Hence, an intensive further analysis is required. Since
it takes much time for such analysis, we didn’t get time to do it.

5.3.3 Distribution of PBCA nanoprticles

The distribution of the PBCA nano particles in prostate tumors between
mice treated without ultrasound (nano particles alone) and with ultrasound
(Ultrasound and nano particles together) obtained form the confocal laser
microscopy are also shown in figure 38. However, distinguishing the nano-
particles from the background signal level in both of the treatments is difficult
and also no significant difference between the two treatments. However, in
the ultrasound exposed groups we found very few blood vessels compare to
the unexposed control. We gave enough concentration of nano particles but
they could be diluted or trapped on the vessels. However, we see some dotes
but are difficult to differentiate whether they are art facts or nano particles.
So, other method of analysis has to be done.
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(a) Dox with out ultrasound

(b) Dox with ultrasound

Figure 37: Confocal laser scanning microscopy images doxorubicin from sec-
tions of tumors not exposed to ultrasound (a), and exposed to 8MHz transmit
frequency ultrasound. The image shows distribution of doxorubicin (green)
and FITC labeled capillaries(red). In ultrasound-exposed tumors, it is hardly
to see the blood vessels.
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(a) Nano particle with out ultrasound

(b) Nano particle with ultrasound

Figure 38: Confocal laser scanning microscopy images of nano particle from
sections of tumors not exposed to ultrasound (a), and exposed to 8MHz trans-
mit frequency ultrasound. The image shows distribution of rhodamine(red)
and FITC labeled capillaries(green). In ultrasound-exposed tumors, there
are very few blood vessels compared to the unexposed treated tumor.
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6 Discussions

6.1 Power and heat losses

Designing a transducer for maximum URF and also UTH is limited by the
heating of the transducer assembly due to electrical or mechanical and ra-
diation losses , and the maximum available voltage from the transmitters
(scanner). Both the mechanical as well as radiation losses are produced due
to the thickness vibrations while the electrical loss is due to the material
itself and resistance of the electrodes. Therefore, the performance of the
transducer is determined by properties of the material elements, and its de-
sign. However, the heating of the transducer can be hence controlled mainly
using the maximum possible voltage driven for the elements but also through
the length and reputation of the pulses. These parameters are selected base
on the dissipated power on it as equation (3.28).

From the result in figure 16, it is found that the transducer is ineffi-
cient for high power applications. One reason could be due to its opera-
tion for a broad-band pulse [38] so that some parts of the electrical power
could be contained on the spectral components. The second reason is the
design and property of the materials of the probe [48]. In addition, since
the transducer is designed for imaging, the dome (plastic material on the
outer surface of the probe, c = 2220ms−1 [1]) and the liquid material in
between(c = 1370ms−1 [1]) could have higher acoustic impedance so that
some acoustic waves were attenuated hence lower the heat on the surface of
the transducer’s dome, and also seems to have lower thermal conductivity
as we did in temperature measurements. The result indicates that, there is
more power loss on the transducer which limits the supply voltage, in other
words to the out pressure and ultrasound radiation force.

Using equation(3.29), we estimated the maximum transmitted pressure
from the transducer. From that equation, we can see that the only vari-
able that we need to estimate is the maximum voltage from the transmitters
which is linear dependent to the pressure, but also to the power dissipated
on the transducer.

Therefore, when we see the result of figure 15b, the power dissipated on
the transducer could be adjusted by selecting appropriate voltage and duty
cycle. For example, at lower voltage and duty cycle, the power loss is not
much that can damage the transducer or create heat on the surface that can
burn the tissue in contact to the transducer surface, although the dissipated
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power could be lost mostly on the lens [37] which is located on the surface of
the transducer than other materials around the transducer. However, if it is
loaded to cooling system like water, part of the heat lost on the transducer
could dissipated to the medium if the transducer will be used for such system
like to our experiment.

From the temperature measurement results which we were used to under-
stand the loss of the power, we observed that, the increase in temperature
is more pronounced with the driving voltage, but other factors such as duty
cycle, aperture size, frequency and efficiency are also important parameters
as we see in equation (3.28) [38]. According to International Standards tem-
perature limits, the maximum temperature of the probe in contact with the
patient to 43oC, either internally or externally, or to 50oC when running in
air [49].These limits could be for the transducers which have a direct contact
with patient. But in our system we used a water bag for having a homo-
geneous medium and lower attenuation of the wave from the surface of the
probe to our focusing (target).

In addition, clinical use for external ultrasound probes limits temperature
rise above ambient to 27oC when operating in air and 10oC when operating
into a tissue mimicking phantom [1], but here the time limitations are not
detailed. Hence, as our temperature measurements show in figures 19, 20
and 21 reveled that, the maximum increase in temperature is 22oC , 20oC
and 5oC respectively which are on the limits.

From K probe thermometer measurements, it seems that the transducer
array has a large thermal conductivity and would therefore spread out the
heating. However, the inside surface temperature on the elements measured
with IR-thermographic camera using a scheme of 20 volt and 18 volt am-
plitudes with 10cycles pulses of 1.125% duty cycle for an aperture size of
14.4mm (48 elements) settings resulted to raise the inside surface tempera-
ture of the array to 57oC in 5min , and 53oC in 10min and remained constant,
respectively. However, the maximum inside temperature of piezocomposite
materials limited by low thermal glass transition temperature (Tg) usually
around 60oC ( 140oF ) for low power application transducers, while, a high
glass transition temperature ( Tg ) above 120oC polymer matrices for high
power application transducers [48].But, here there is no any clear information
for which of the two application it is.

Hence, from these temperature measurements, we conclude that:
1) The transducer is for a low power application so that the maximum in-
side temperature of the array should be less than 60oC [48]. In addition,
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since the probe is designed for imaging and was hence designed to have a
direct contact with patient, the International Standards temperature limits,
the maximum temperature of the probe in contact with the patient to 43oC,
either internally or externally, or to 50oC when running in air [49] must also
fulfilled.
2) The dome and the liquid materials could have low thermal conductivity .
3) Since the efficiency of the transducer found is too low, the out put acoustic
power is attenuated on the dome and the liquid materials so that it becomes
difficult detect the heat by the K probe thermometer as comparable to what
is lost on the elements.

6.2 Selection of the voltage and duty cycle

The safety issues for both the transducer and the patient that can occur due
to the mechanical and thermal damage are the main critical limits when we
are thinking on the choosing the voltage and duty cycle. In addition, a high
power acoustic waves that are precisely localized and precisely controlled in
amplitude are also required. Therefore, the driven voltage and the duty cycle
was selected based on these two important requirements.

The main determinant elements for selection of the voltage and duty cycle
hence are the loss of power, and the surface pressure on the transducer, and
has an inverse effect in relation to the voltage means that an increase in volt-
age will increase the surface pressure which is required, but also increases the
power loss which has a negative impact on the transducer. Hence, there is a
tradeoff between the power loss and surface pressure on selecting the driven
voltage. While, the duty cycle has effects on the power loss and exposure
time during the scan which has also an inverse relationship.

Therefore, from all the results, found from the power losses and temper-
ature, measurements, the transducer will be safe if it is driven at 8MHz with
a maximum voltage of 18V on the connector and duty cycle of 1.25% means
that a pulse length of 1.125µ sec and pulse repetition frequency of 10KHz.

Therefore, from the result in figure 18 at 18V (voltage on the connector),
we estimated the maximum possible transmitted pressure from the trans-
ducer is 0.15MPa (0.68W.cm−2 ∼ 10.2mW/element). This surface pressure,
with the duty cycle and the pulse length chosen were set on the ABERSIM
simulation for estimation of the URF, UTH, and temperature on the tissue.
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6.3 Ultrasound radiation force (URF)

One of the main mechanical effect of interaction of the high focused ultra-
sound intensity with biological tissues is through radiation force. It is the
transfer of momentum from the ultrasound waves to the particles that in-
duced a translation in the direction of the propagation of the waves. If the
size of the particles are comparable to the size of the water molecules, we
can treat the system as a fluid in which the momentum transfered to the
particles from the local URF will cause streaming on the medium which is
called acoustic streaming [50]. While if the system has less liquid, such as
solid tissue, the URF which is transfered momentum from the ultrasound to
the tissue will induce a small displacement and strain on the tissue, hence
translation of particles. However, the translation of the particles depends on
sizes and structure of the therapeutic particles, magnitude of the local URF,
and the medium itself.

We known that it is the local ultrasound radiation force that produces
transport of drugs, and hence is the local radiation force maximum on beam
axis in the focal region which is important due less coupling on the medium.
However, the maximum radiation force that can be achieved in the focal
region depend on the aperture and focal length of the transducer, and the
amplitude and frequency (in relation to extinction cross section dependency)
of the irradiated acoustic wave in addition to the nonlinearity of the medium
which increase the extinction cross section, and focusing for increasing the
local average intensity [51]. As stated in previous section, the amplitude of
the pulse and center frequency were selected based on the performance and
design of the transducer, and extinction cross section depends on the prop-
erties of the medium. While, the number of elements used are selected based
on the following three reasons:
1) the azimuth focal length.
2) amount of radiation force, heat and temperature on the focus.
3) power dissipated to the transducer.

The azimuth focal length which is 25mm chosen was restricted by the
elevation focus of the transducer due to lens at 28mm [1], although we have
a possibility to use a multiple foci on the scanning plan. From this azimuth
focus, the minimum f-number (FN) for a -3dB opening angle of the beam
is 1.7 for 8MHz frequency of one element as example. Hence,we can have a
maximum elements of 49 from this FN and focus.

Form the results shown in figures 32b and 34b, both radiation force and
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heating will increase with increase in aperture size, but maximum radiation
force is achieved at lower frequencies for the bigger aperture size since the
-3dB opening angle at lower frequency is large, we get contributions from
most of the elements, where as for larger frequencies, the opening angle gets
lower. However, for 48 elements, the maximum radiation force will become
at 8MHz due to the after-mentioned reasons. In addition, at 8Mhz frequency
there is a 25% increase in URF from half aperture size than from 48 elements
aperture size as reference to figure 32, but the heating of the transducer will
increase by 33% since the heating of the transducer is proportional with the
power delivered to a single element.

From figure 30b we found that the magnitude of the ultrasound radi-
ation force is 9.8KN/m3 (a pressure gradient of 9800Pa/m). This force
corresponds to 1g/cm3 which is the density of water. The total magnitude
of the radiation force will increase with respect the duty cycle. Hence the
impulse transfered will then depend on the effective exposure (time) of irra-
diated medium. However, due to the vectorial nature of the radiation force
with respect the capillaries as shown in (B.8), for an even distribution of
the capillary directions and radiating in a single direction, approximately, in
average, to a minimum of 60 % of the force contributes efficiently for pushing
the particles. Hence, this pressure gradient could compensated to the lack
of pressure gradient of tumors [14] by reducing the intestinal fluid pressure
(IFP) of patient tumor that ranges from a minimum of 2.6mm-Hg to a max-
imum of 40mm-Hg in contrast to the IFP of normal tissue which is typically
between -3 and +3mm-Hg [15], and increase the convection of the therapeu-
tic agents from the capillaries to the tumor tissue deep in to the interstitial
of the tumor tissue until inside of the tumor cells [11]. In addition, this force
could induce small displacements and strains on the tissue.

However, the attenuation constant of the health prostate tissue is found
0.78± 0.24dB/MHz.cm [43] , and could a have a small impact on attenuat-
ing the pressure wave and decrease the magnitude of the radiation force.

6.4 Ultrasound thermal heating (UTH) and Tempera-
ture on the tissue

One of the ultrasound mechanisms that create biological effect due to ex-
posure is through the generation of heat on tissues.The heat generation re-
sultants from this absorption of energy where the volumetric rate of heat
,as show in equation (3.56), being produced is directly proportional to the
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specific absorption coefficient of the tissue being exposed and the intensity
of the ultrasound wave. However, there is a more transversal coupling due to
the blood flow which has a thermal conductivity of 0.572W/m.K (plasma,
human) and thermal diffusivity of 1210cm2/s (plasma, human) for normal
and unperfused blood [52], which decreases the heat and temperature al-
though the dissipation of the heat due to blood flow is lower in tumors than
in normal tissue [21].

The net amount of heat generated in the tissue, and the temperature
elevation resulting at focus are shown in figures 33 and 35 with a maximum
values in the range of µJ/m and µoK respectively. Their magnitude shows
that they are too small to make any cavitation for the tissues and also to
have any thermal effect on the process of the delivery. And the result of the
temperature was also proved during an animal experiment though tempera-
ture measurement before and after exposure to the URF.
The other two main parameter of monitoring safety of the diagnostic and
therapeutic application of ultrasound are the mechanical index(MI), which
provides a measure of the potential for inducing acoustic cavitation, and
the thermal index (TI), which estimates the expected tissue heating. The
estimated mechanical index(MI) is 0.2 (from the negative peak pressure of
0.6MPa at 8MHz transmitted frequency ) which is below the threshold limit
of 1.9. And the TI describes the temperature rise in the tissue and have got
almost negligible both from the simulated, and measured before and after
exposure.

Therefore,the pulse characteristic of the transducer and the tissue char-
acteristics used for this study are shown in table 8. All the parameters were
chosen based the performance of the transducer and the maximum acoustic
radiation force that can be achieved with a minimum tissue heating.
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Table 8: The pulse characteristic of the transducer used in the experiment.

center frequency fc(MHz) 8

Number of periods Np 10

Number of elements 48

Azimuth Aperture (Da (mm)) 14.4

Focal length in azimuth (Fa(mm)) 25

Focal length in elevation (Fe(mm)) 25

F-number (F# = F/Da) 1.7

Acoustic pressure output on focus (Pf(MPa)) 0.83 *

Pulse duration (Ton(µs)) 1.25

Pulse repetition frequency (PRF (KHz)) 10

Duty cycle (%) 1.25

Azimuth beam width (mm) at -6dB 0.3

Elevation beam width (mm) at -6dB 1.5

Axial beam width (mm) at -6dB 3

Intensity on focus (Watt/cm2) 20.9

Mechanical index (MI) 0.2 *

The pulse characteristic of the transducer used in the experiment which are
selected based on the theoretical simulations and measured results. Note that
the acoustic pressure output was directly convert from the 22V measured to
18V which were used on the experiment using linear dependency. Note that:
* indicates result from hydrophone measurements

6.5 Effect of the URF exposure on the drugs

Previous studies shows that ultrasound has a capacity to increase local up-
take of drugs in solid tumor through mechanical interactions with tissues.
The mechanical interactions arises through cavitation or radiation force de-
pending on the parameters of the ultrasound. In this study, the effect of
ultrasound radiation force on the uptake of doxorubicin and PBCA nano
particles in prostate tumors were investigated. Although it is very difficult
to give a concrete conclusion without comparing the quantified values of the
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florescences for doxorubicin and PBCA nano particles from each of the two
treatment methods, the fluorescence photomicrographs no legible significant
difference was observed for the distribution of the two drugs when we com-
pared without and with ultrasound exposures. However, the distribution
of the two drugs are different which could be arisen due to the difference
in transport properties of the two drugs. In addition, to understand the
distribution of the drugs, the visualization of the blood vessels is essential.
However, this is hardly seen on both of the drugs in the ultrasound exposure
controls.

Ultrasound radiation force(URF) is generated by a propagating acous-
tic wave in which part of its momentum is transferred to its propagation
medium through loss mechanisms. These forces can induce small displace-
ments and strains on less fluid tissues, such as solid tissues, and also induce
streaming on the fluid medium which is know as acoustic streaming. The
small displacement on the tissues create gaps between endothelial cells [18],
and widen the intracellular space to enhance the interstitial transport [19],
hence increase the drug extravasation [53]. In addition, the URF ( pressure
gradient) could compensated to the lack of pressure gradient of tumors [14]
by reducing the intestinal fluid pressure (IFP) of patient tumor and increase
the convection of the therapeutic agents from the capillaries to the tumor
tissue deep in to the interstitial of the tumor tissue until inside of the tumor
cells [11]. However, magnitude of ultrasound radiation force dependents on
tissue properties and ultrasonic beam characteristics .

The ultrasonic beam characteristics is determined by the performance of
the transducer. The maximum radiation force that can be achieved in the
focal region is proportional to the average intensity of the wave which in-
creases with increase in acoustic power of the transducer, and the extinction
cross section of the medium that increase due to non linear absorption of the
medium resulted from the non linear propagation of wave form distortion
which causes higher order harmonics which is also frequency and acoustic
power dependent.

In the previous studies in pulsed focused ultrasound(pFUS), acoustic in-
tensities used ranges from ∼1110W/cm2 [54] to ∼ 2660 W/cm2 ( peak nega-
tive pressure of 8.95 MPa) [10] although it is not clear which acoustic inten-
sity will give the maximal enhancement on the delivery. In the two studies,
the transmitted frequency was 1MHz, and used liposomal doxorubicin, and
nanoparticles with a diameter of 200 nm drugs respectivelly, and also shown
that the enhancement was nonthermal but cavitation is present . In our sys-
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tem, the intensity used were 20.9 W/cm2(peak negative pressure of 0.5MPa)
which is much smaller than the other studies to avoid the cavitaton mecha-
nisms, but we used higher transmit frequency 8MHz to increase the extinction
cross section, hence the URF. The intensity or pressure at the focal region
could increase by increasing the acoustic power, hence the URF, which may
help to increased interstitial space and vessel wall opening, and/or increase
the convection of the therapeutic agents from the capillaries to the tumor
tissue deep in to the interstitial of the tumor tissue until inside of the tumor
cells [11] and enhance drug uptake in tumors. However, in order to keep the
transducer and the thermal heating of the tissue at safe level, the option to
increase power is limited due to the power loss on the transducer and the
temperature increase in the tissue.

The nonthermal effect of the ultrasound increases the blood flow and
capillary permeability [55] which enhance the supply of fluids form the vas-
culature hence the drugs. However, a decrease in temperature was observed.
This decrement is due to the cooling of the tumor and the surrounding tissue
within the water bag and gel used as a medium during the exposure. And it
is also consistent with UTH simulated which is in the range of µoK. Hence
there is no theraml mechanism for the distribution of both doxorubicin and
PBCA nano particles drugs.

However, the delivery of the drugs could be affected not only by the mag-
nitude of the URF but also by effective exposure time, the concentration of
the drugs, and the size of the irradiated tumor. The fist two parametrs are
really defined by the performance of the transducer. In addition, ultrasound
exposure can also shot down the blood vessels by creating microbbles on
the vessels [56]. Goertz and his co-workers [56] studied the uptake of doc-
etaxel in same type of tumor cells to our study, and found that relatively low
ultrasound exposure levels (lower than employed in ablative high intensity
focused ultrasound) achieve anti-vascular tumors which causes shut-down of
the blood flow. In their study, a 1MHz transducer with a peak negative pres-
sure at focus of 1.65MPa were used. Hence, the tumor blood vessels might
be hence affected by the URF for both of the administered drugs.

To best of our knowledge, this is the first microscopic study of the ef-
fect of URF exposure at 8MHz on the therapeutic agents distribution and
penetration on the cells.
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7 Conclusion

Although it is very difficult to give a concrete conclusion without compar-
ing the quantified values of the florescences for doxorubicin and PBCA nano
particles from each of the two treatment methods, the fluorescence photomi-
crographs no legible significant difference was observed for the distribution
of the two drugs when we compared without and with ultrasound exposures.

In this study we used 8MHz exposure to increase the ultrasound radia-
tion force that are precisely localized and precisely controlled in amplitude
in the focal zone. This is found by increasing extinction cross section of the
wave with the possible maximum acoustic power waves that keeps the trans-
ducer and the tissue in safe level, and the thermal and acoustic cavitation
mechanisms has to be also excluded . However, in this study, the option to
increase power is mainly limited due to the power loss on the transducer.
Therefore, the optimal drive voltage and duty cycle for probe was therefore
found to be 18V and 1.25% respectively at 8MHz transmitted frequency and
1.25µ sec long pulse with reputation frequency of (PRF) 10KHz. According
our simulation, we found an ultrasound radiation force of 9800N/m3 which
corresponds to 75mmHg/m.

However, the structural nature of the tumor, particularly the extracellu-
lar matrix, and some electrostatic forces originated from the nano particles
(drugs) and charges originated from the micro or macro molecular composi-
tion of the medium (tumor) could produce an anti drag force that can effect
the transport of the drugs to the specified target. Moreover, the attenuation
constant of the health prostate tissue is found 0.78 ± 0.24dB/MHz.cm [43]
, and could a have a small impact on attenuating the pressure wave and
decrease the magnitude of the radiation force.

Hence, the impact of the ultrasound radiation force is not clear yet, but
a further analysis should be done in quantifying the distribution and pene-
tration of the drugs for more comparison.

8 Further work

To gain a greater understanding of the mechanisms of the ultrasound radi-
ation force mediated drug delivery, we will need to continue the procedures
with higher acoustic power, and also the magnitude of the URF and the other
parameters has to be simulated in accordance with respect to the boundary
conditions of the individual medium.
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Appendices

A Electrical Transfer function of the trans-

ducer element

The electrical transfer function is used to estimate the voltage on the elec-
trode using the electrical impedance of the cable as a transmission model,
and the transducer element impedance at the connector as shown in figure
4. We have only a possibility to measure the voltage and impedance at the
connector. Therefore, in order to know the voltage on the electrodes , hence
we evaluated the electrical transfer function as follows:

By definition transfer function is given by:

H =
V o

V i
=
Vtt
Vcn

=
Zel
Zeq

(A.1)

Where Zeq is the equivalent impedance of the circuit. Using circuit diagram
analysis, Zeq can be written as:

Zeq =
Zel(Zb + Za) + 2ZaZb + Z2

a

Zel + Za + Zb
(A.2)

Hence, H will become:

H =
Zel(Zel + Za + Zb)

Zel(Zb + Za) + 2ZaZb + Z2
a

(A.3)

Where Zel is the estimated impedance on the element on the electrode, and
Za and Zb are as stated in figure 4.

B Radiation force efficiency with uniform

capillary direction

Radiation force is a vector quantity that describes both by magnitude and
direction. Hence, assume the radiation force is in the x3 -direction and the
capillaries has angle φ with the x3 -direction. The component of the radiation
force normal to the capillary is then given by:

∆Fn = ∆Fsinφ (B.1)
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With uniform distribution of the direction of the capillaries, the average
fraction of the radiation force normal to capillaries is

∆F̄ =
∆F2π

∫ π
0
dφsinφsinφ

2π
∫ π

0
dφsinφ

=
π/2

2
∆F ≈ 0.75∆F (B.2)

When φ is small, the component of the radiation force normal to the capillary
becomes:

∆Fn = ∆Fsinmφ (B.3)

which gives an average radiation force of

∆F̄ =
∆F2π

∫ π
0
dφsinmφsinφ

2π
∫ π

0
dφsinφ

(B.4)

Fro example when m=2 , equation (B.4) evaluates as

∆F̄ =
∆F2π

∫ π
0
dφsin2φsinφ

2π
∫ π

0
dφsinφ

=
4/3

2
∆F ≈ 0.67∆F (B.5)

And for m=4 we calculate the numerator as∫ π

0

dφsin4φsinφ =

∫ π

0

dφ(1− cos2φ)2sinφ =

∫ π

0

dφ(1− cos2φ+ cos4φ)sinφ

= −cosφ+
2

3
cos3φ− 1

5
cos5φeπ0 = 2− 4/3 + 2/5 = 16/15

(B.6)

Inserting into equation (B.4):

∆F̄ =
16/15

2
∆F ≈ 0.53∆F (B.7)

In general we can reduce to

∆F̄ ≈ 0.6∆F (B.8)
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C Matlab code

C.1 Electric impedance , surface pressure, efficiency
and power losses

1 % E l e c t r i c a l imedance e lements
2 c l o s e a l l ; c l e a r a l l ; c l c
3 f o r i =1:128
4

5 f i l ename=s t r c a t ( ’ Zc ’ , i n t 2 s t r ( i ) , ’ . mat ’ ) ;
6 load ( f i l ename )
7 f v e c ( i , : )=f ;
8 mag vec ( i , : )= mag ;
9 phase vec ( i , : )= phase ;

10 end
11

12 f i g u r e ;
13 subplot ( 2 , 1 , 1 )
14 f o r i =1:128
15 p lo t ( f v e c ( 1 , : ) ∗1e−6,mag vec ( i , : ) )
16 ylim ( [ 0 200 ] ) ; g r i d
17 x l a b e l ( ’ f r equency [MHz] ’ ) ; y l a b e l ( ’ abs (Z) [Ohm] ’ ) ;
18 t i t l e ( ’ Measured 3D prpbe E l e c t r i c a l impedance o f each

element ’ ) ;
19 l eghand l e = legend ( ’ abs (Z) o f 128 e lements ’ , ’ l o c a t i o n ’

, ’NE ’ ) ;
20 l egend ( leghandle , ’ boxo f f ’ ) ; % no box around legend
21 hold on
22

23 end
24 f o r i =1:128
25 subplot ( 2 , 1 , 2 )
26 p lo t ( f v e c ( 1 , : ) ∗1e−6, phase vec ( i , : ) )
27 x l a b e l ( ’ f r equency [MHz] ’ ) ; y l a b e l ( ’ phase [ degree ] ’ ) ;
28 t i t l e ( ’ Measured 3D probe Phase o f each element ’ ) ;
29 hold on
30 %end
31 end
32 %% f o r f i n d i n g impedance o f the t ra sduce r at e l e c t r o d

form e l e . ckt model
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33 %c a p a c i t o r model
34 R=0; % assume r e s i t a n c e o f the genera to r in ohm
35 l =2.15; % length o f the cab l e
36 Cc= l ∗60e−12; %
37 f t=f v e c ( 6 4 , : ) ;
38 mag tun= mag vec ( 6 4 , : ) ;
39 phase tun= phase vec ( 6 4 , : ) ∗ pi . / 1 8 0 ;
40 Zi=mag tun .∗ exp (1 i .∗ phase tun ) ;
41 Z xd= Zi ./(1+R−(1 i ∗2∗ pi ∗Cc∗ f t .∗ Zi )−1 i ∗2∗ pi ∗Cc∗ f t ∗R) ;
42

43 % For p i model
44 C1=Cc /2 ;
45 Zo= 80 ; % c h a r a c t e r s t i c impedance o f the cab l e
46 Lo= Zoˆ2∗Cc ; %c h a r a c t e r s t i c inductance
47 Z xdt= (1 i ∗2∗ pi ∗ f t ∗Lo+R+Zi .∗ ( ( 2∗ pi ∗ f t ) .ˆ2∗C1∗Lo−1−1 i ∗ pi

∗ f t ∗C1∗R) ) . / ( ( Zi .∗ ( 2 i ∗2∗ pi ∗ f t ∗C1)−1 i ∗(2∗ pi ∗ f t ) .ˆ3∗C1
ˆ2∗Lo) +(2∗ pi ∗ f t ) .ˆ2∗Lo∗C1−1) ;

48

49 % f o r Transmision model
50 Lt=0;% s e r i e s tuning inductor on the element
51 L=Lo ; % H/m % i have to check ( c h a r a c t e r s t i c

inductance o f the cab l e
52 Zc=Zo ; %s q r t (L/Cc) ; c h a r a c t e r s i t c impedance o f the

cab l e (80 ohm)
53 c c a b l e=l ∗ s q r t (1/(L∗Cc) ) ;
54 k l=2∗pi ∗ f t ∗ l . / c c a b l e ;
55 Zg=R; % r e s i t a n c e o f the genera to r
56 Z xdtt=Zc∗( Zi−1 i ∗Zc .∗ tan ( k l )−1 i ∗2∗ pi .∗ f t ∗Lt+Zg) . / ( Zc−1 i

∗Zi .∗ tan ( k l )−2∗pi .∗ f t ∗Lt .∗ tan ( k l )−1 i ∗Zg .∗ tan ( k l ) ) ;
57

58 f i g u r e
59 subplot ( 2 , 1 , 1 )
60 p lo t ( f t ∗1e−6,mag vec ( 2 , : ) , f t ∗1e−6, abs ( Z xd ) , f t ∗1e−6, abs

( Z xdt ) , f t ∗1e−6, abs ( Z xdtt ) )
61 t i t l e ( ’ 3D probe E l e c r i c a l impadace o f one element at

connector and at e l e c r i c a l port s imulated ’ )
62 x l a b e l ( ’ f r equency [MHz] ’ ) ; y l a b e l ( ’ abs (Z) [Ohm] ’ ) ;
63 l eghand l e = legend ( ’ at connector ’ , ’ c a p a c i t o r model ’ , ’

p i model ’ , ’ Transmision model ’ , ’ l o c a t i o n ’ , ’NE ’ ) ;
64 l egend ( leghandle , ’ boxo f f ’ ) ; % no box around legend
65 ylim ( [ 0 150 ] )

88



Appendix Appendix

66 hold on
67 l i n e (8 , mag vec ( 2 , : ) )
68 subplot ( 2 , 1 , 2 )
69 p lo t ( f t ∗1e−6, phase vec ( 2 , : ) , f t ∗1e−6 ,( ang le ( Z xd ) ∗180./

p i ) , f t ∗1e−6 ,( ang le ( Z xdt ) ∗180./ p i ) , f t ∗1e−6 ,( ang le (
Z xdtt ) ∗180./ p i ) )

70 t i t l e ( ’ 3D probe phase o f one element at connector and
at e l e c r i c a l port ’ )

71 x l a b e l ( ’ f r equency [MHz] ’ ) ; y l a b e l ( ’ phase [ degree ] ’ ) ;
72 l eghand l e = legend ( ’ at connector measured ’ , ’ c a p a c i t o r

model cab l e ’ , ’ p i model cab l e ’ , ’ Transmision model
cab l e ’ , ’ l o c a t i o n ’ , ’NE ’ ) ;

73 l egend ( leghandle , ’ boxo f f ’ ) ; % no box around legend
74 a x i s ( [ 0 20 −100 0 ] )
75 %% s u r f a c e p r e s su r e (Po) e s t imat ion us ing hydrophone

measurement
76 addpath C:\ Users\ pete r \Desktop\ProbeLab\ProbeLab1 . 5
77 Z L= 1.5 e6 ;N=25000; m=1;n=94;
78 z 10elem = 1 . 5 : 0 . 5 : 4 8 ; i =1;
79 f i l ename1=s t r c a t ( ’ z a x i s p r e s s 3 D 1 0 c y c l e . mat ’ ) ; %

t h i s i s from my data1 ( the same with . . kPa . mat)
80 load ( f i l ename1 )
81 f i l ename2=s t r c a t ( ’ i nput vo l t age 10e l em . mat ’ ) ; % t h i s

i s from my data1
82 load ( f i l ename2 )
83

84 r f i n p u t ( : , 1 )=r f ; r f p r e s ( : , : , 1 )=Data1 . Pres sure . r f ;
85 w=tukeywin (25000−8000 ,0.2) ; win=[ z e r o s (8000 ,1) ;w ] ;
86 r f p r e s w i n d ( : , 1 , 1 )=win .∗ r f p r e s ( : , i , 1 ) ; % resam

by P/Q∗N
87 rms pres 10e lem ( 1 , : , 1 )=s q r t (mean( r f p r e s ( : , : , 1 ) . ˆ 2 )

) ; % resampl ing w i l l not change any t ing her
88 to ( 1 , : , 1 )=Data1 . t0 ; Ts=Data1 . Ts (1 , 1 ) ; f s =1/Ts ;
89 f =(0:(N−1) ) .∗ f s /N; t =(0:N−1) .∗Ts ; % at N=80 i s 8

MH
90 RF pres ( : , : , 1 )=f f t ( r f p r e s ( : , : , 1 ) ,N) ; RF input f f t

( : , 1 )= f f t ( r f i n p u t ( : , 1 ) ,N) ;
91 RF pres wind ( : , 1 , 1 )=f f t ( r f p r e s w i n d ( : , 1 , 1 ) ,N) ;
92 e=max( abs ( RF input f f t ( : , 1 ) ) ) /1000 ; % to avoid

d i v i s i o n by zero
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93 Htt ( : , 1 )= ( squeeze ( RF pres wind ( : , i , 1 ) ) .∗ conj (
RF input f f t ( : , 1 ) ) ) . / ( ( ( abs ( RF input f f t ( : , 1 ) ) )∗Z L
)+e ) ;

94 h=i f f t ( Htt ( : , 1 ) ) ;
95 % f o r phase
96 RF pres se l c=f f t ( i f f t s h i f t ( ( squeeze ( r f p r e s

(10000 :18000 , i , 1 ) ) ) ) ) ;
97 RF inputse lc=f f t ( i f f t s h i f t ( ( r f i n p u t ( 1 : l ength (

RF pres se l c ) , 1 ) ) ) ) ;
98 M=8000;
99 f s e l =(0:(M) ) .∗ f s /M; t s e l =(0:M) .∗Ts ;

100 e2=max( abs ( RF inputse lc ) ) /1000 ; % to avoid d i v i s i o n
by zero

101 f i g u r e
102 subplot ( 2 , 1 , 1 )
103 p lo t ( f ∗1e−6, abs ( Po 10elem ) ∗1e−6) ;
104 t i t l e ( ’ Estimated pr e s su r e on the s u r f a c e from 10

elements ’ )
105 x l a b e l ( ’ f (MHz) ’ ) ; y l a b e l ( ’MPa ’ ) ; g r i d ;
106 xlim ( [ 0 2 0 ] ) ;%ylim ([−100 100 ] )
107

108 subplot ( 2 , 1 , 2 )
109 p lo t ( t ∗1e6 , r f p r e s ( : , i , 1 ) ∗1e−3)
110 t i t l e ( ’ Estimated pr e s su r e on the s u r f a c e ’ )
111 x l a b e l ( ’ t ( microsec ) ’ ) ; y l a b e l ( ’KPa ’ ) ; g r i d ;
112 f i g u r e
113 subplot ( 2 , 1 , 1 )
114 p lo t ( f ∗1e−6, abs ( Po 10e lem 10cyc le ) ∗1e−6) ; %% windowed
115 t i t l e ( ’ Measured pr e s su r e on the s u r f a c e from 10

elements ’ )
116 x l a b e l ( ’ f (MHz) ’ ) ; y l a b e l ( ’MPa ’ ) ; g r i d ;
117 xlim ( [ 0 2 0 ] ) ;%ylim ([−100 100 ]
118 subplot ( 2 , 1 , 2 )
119 p lo t ( t ∗1e6 , r f p r e s w i n d ( : , i , 1 ) ∗1e−3)
120 t i t l e ( ’ Measured pr e s su r e on the s u r f a c e ’ )
121 x l a b e l ( ’ t ( microsec ) ’ ) ; y l a b e l ( ’KPa ’ ) ; g r i d
122 %% in put vo l tage
123 f i g u r e
124 subplot ( 2 , 1 , 1 )
125 p lo t ( t ∗1e6 , ( r f i n p u t ) ) ;

90



Appendix Appendix

126 t i t l e ( ’ Input vo l tage on the connector to the 10
e lements ’ )

127 x l a b e l ( ’ t ( microsec ) ’ ) ; y l a b e l ( ’V ’ ) ; g r i d ;
128 xlim ( [ 0 2 . 0 ] )
129

130 subplot ( 2 , 1 , 2 )
131 p lo t ( f ∗1e−6, abs ( V 10cyc le ) ) ;
132 t i t l e ( ’ vo l t age as func t i on f requency on the connector ’

)
133 x l a b e l ( ’ f (MHz) ’ ) ; y l a b e l ( ’ v ’ ) ; g r i d ;
134 xlim ( [ 0 2 0 ] ) ;%ylim ([−100 100 ] )
135 f i g u r e
136 p lo t ( z 10elem , rms pres 10e lem ( 1 , : , 1 ) ∗1e−3)
137 t i t l e ( ’ Axia l beam p r o f i l e from 10 elements ’ )
138 x l a b e l ( ’ Axia l d i s t anc e (mm) ’ ) ; y l a b e l ( ’ Amplitude (KPa) ’

) ; g r i d ;
139 f i g u r e
140 p lo t ( t ∗1e6 , ( h) )%%% impulse responce
141 t i t l e ( ’ 3D probe impulse responce ’ )
142 x l a b e l ( ’ t ( microsec ) ’ ) ; y l a b e l ( ’ Amplitude (m/v . s ) ’ ) ; g r i d

;
143 f i g u r e
144 subplot ( 2 , 1 , 1 )
145 p lo t ( f ∗1e−6 ,20∗ l og10 ( abs ( Htt ( : , 1 ) ) . /max( abs ( Htt ( : , 1 ) ) )

) )
146 t i t l e ( ’ 3D probe Trans fe r func t i on ’ )
147 x l a b e l ( ’ f (MHz) ’ ) ; y l a b e l ( ’ Amplitude (dB) ’ ) ; g r i d ;
148 xlim ( [ 0 2 0 ] ) ; yl im ([−60 0 ] )
149 hold on
150 l i n e ( f ∗1e−6,−6)
151 subplot ( 2 , 1 , 2 )
152 phase=angle ( f f t s h i f t ( Htt2 ) ) ;%∗180./ p i ;
153 phas=(detrend ( unwrap ( ( ( phase ) ) ) ) ) ;%∗180./ p i ;
154 p lo t ( f s e l ∗1e−6,phas ) ;
155 t i t l e ( ’ phase ’ )
156 x l a b e l ( ’ f (MHz) ’ ) ; y l a b e l ( ’ rad ’ ) ; g r i d ;
157 xlim ( [ 0 2 0 ] ) ;%ylim ([−100 100 ] )
158 f i g u r e
159 p lo t ( f ∗1e−6, abs ( Htt ( : , 1 ) ) ) ;
160 t i t l e ( ’ Estimated t r a n s f e r func t i on on the s u r f a c e ’ )
161 x l a b e l ( ’ f (MHz) ’ ) ; y l a b e l ( ’MPa ’ ) ; g r i d ;
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162 xlim ( [ 0 2 0 ] ) ;%ylim ([−100 100 ] )
163

164 %% E f f i c i e n c y , power l o s s , e s imat ions
165 c l o s e a l l ; c l e a r a l l ; c l c ;
166 Z L= 1.5 e6 ; %
167 Z e l= Z xdtt ; % impedance from the Transmion model

assumtions
168 V in=i f f t ( V 10cyc le ) ;
169 V Lp=decimate ( V in , ( 2 . 5 e9 /125 e6 ) , ’ f i r ’ ) ;
170 Po in=i f f t ( Po 10e lem 10cyc le ) ;
171 Po Lp=decimate ( Po in , ( 2 . 5 e9 /125 e6 ) , ’ f i r ’ ) ;
172 Htt in= i f f t ( Ht t 10cyc l e ) ;
173 Htt Lp=decimate ( Htt in , ( 2 . 5 e9 /125 e6 ) , ’ f i r ’ ) ;
174 N=4096; f s =125e6 ; Ts=1/ f s ; M=(2.5 e9 /125 e6 ) ; %sampling

f a c t o r f o r amplitude
175 fv =(0:(N−1) ) .∗ f s /N; tv =(0:N−1) .∗Ts ;
176 V LPfft=f f t (V Lp ,N) ;
177 Po LPfft=f f t ( Po Lp ,N) ;
178 Htt LPf f t=f f t ( Htt Lp ,N) ;
179 Htt log =20.∗ l og10 ( abs ( Htt LPf f t ) . /max( abs ( Htt LPf f t ) ) ) ;
180 fv2=fv ( 1 : f l o o r ( l ength ( fv ) /6)−26) ; % only i n t e r p l a t i o n

f o r our o r g i n a l s i g n a l measured , so 0−20MHz 8
181 Z e l i n t e r p=in t e rp1 ( f t , Z e l , fv2 , ’ s p l i n e ’ ) ; % t h i s

becomes as fun fv2
182 Z e l i 2 = [ Z e l i n t e r p , z e r o s ( 1 , ( l ength ( fv ) /2)−l ength (

Z e l i n t e r p ) ) ] ;
183 Z e l s i g n a l = [ Z e l i 2 , f l i p l r ( conj ( Z e l i 2 ) ) ] ;
184 ang e l= ang le ( Z e l s i g n a l ) ∗180./ p i ;
185 G hf =1./ r e a l ( Z e l s i g n a l ) ;
186 A = ( 0 . 3∗5 ) ∗1e−6; % area o f one element
187 Zo= Z L ; % in water (MRayl= M. kg/mˆ2 s )
188 Zc=80;
189 l =2.15; % length o f the cab l e
190 Cc= l ∗60e−12;
191 Lt=0;% s e r i e s tuning inductor on the element
192 L=Zcˆ2∗Cc ;
193 f h f =8e6 ;
194 c c a b l e=l ∗ s q r t (1/(L∗Cc) ) ;
195 k l=2∗pi ∗ fv ( 1 : l ength ( fv ) /2)∗ l . / c c a b l e ;
196 Zg=0;
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197 Num=Z e l i 2 . ∗ ( ( Z e l i 2 .∗ s i n ( k l ) + 1 i ∗Zc .∗ tan ( k l /2) ) .∗
s i n ( k l )−1 i ∗Zc ) ;

198 Den=Z e l i 2 .∗ ( 1 i ∗Zc .∗ tan ( k l /2) .∗ s i n ( k l )−1 i ∗Zc )+2∗Zcˆ2∗
tan ( k l /2)−Zc ˆ2 .∗ tan ( k l /2) . ˆ 2 . ∗ s i n ( k l ) ;

199 Hit2=Num. / ( Den) ;
200 H i t 2 s i g n a l = [ Hit2 , f l i p l r ( conj ( Hit2 ) ) ] ;
201 V tt= V LPfft .∗ H i t 2 s i g n a l ’ ;
202 H t t e l e c t r o d e= Htt LPfft ’ . / H i t 2 s i g n a l ;
203 Po hf= Po LPfft ’ ;
204 f 1= 8 .00 e +006; %fv (263)
205 Nc=263; % 8MHz
206 Win= abs ( V tt (Nc) ) ˆ2∗( cos ( ang le ( Z e l s i g n a l (Nc) ) ) ) /(2∗

abs ( Z e l s i g n a l (Nc) )∗Mˆ2) ; % e l e c ( from imp) =0.0025
207 Wac= A∗abs ( Po hf (Nc) ) ˆ2/(2∗Zo∗Mˆ2) ;
208 e wo2= Wac/Win ; % out/ in e f f i c
209 Po pk=(max( r e a l ( i f f t ( Po 10e lem 10cyc le ) ) ) ) ;
210 V pk=(max( r e a l ( i f f t ( ( V LPfft ) ) ) ) ) ; % on the connector
211 V tt pk=(max( r e a l ( i f f t ( V tt ) ) ) ) ; % on the e l e c t r o d e
212 e wo= ( ( abs ( Po hf (Nc) ) ) ˆ2∗A∗abs ( Z e l s i g n a l (Nc) ) / ( ( abs (

V tt (Nc) ) ) ˆ2∗( cos ( ang le ( Z e l s i g n a l (Nc) ) ) )∗Zo∗1) ) ;%
or by subs t ing the eq .

213 e e l 10by10 =(( abs ( Z e l s i g n a l ) ) . ∗ ( abs ( Po hf ) ) .ˆ2∗A) . / ( (
cos ( ang le ( Z e l s i g n a l ) ) ) . ∗ ( abs ( V tt ) ) ’ . ˆ2∗Zo+(max( (
cos ( ang le ( Z e l s i g n a l ) ) ) . ∗ ( abs ( V tt ) ) ’ . ˆ2∗Zo) /100) ) ;

214 Nel =48; %number o f e lements
215 Toff =0;%1∗1e−6; % in micro seconds
216 T on =(0 :1 :20 ) ∗1e−6; % in micro seconds
217 nT on=length ( T on ) ;
218 Tr =(0 :1 :60 ) ∗1e−6; %
219 nTr=length (Tr ) ;
220 W trav=ze ro s ( nT on , nTr ) ; %length ( T on )=121
221

222 f o r nn=1:nTr
223 f o r kk=1:nT on %se
224 H trav=(1−e wo ) ∗( abs ( V tt (Nc) ) ) . ˆ 2 . ∗ cos ( ang le (

Z e l s i g n a l (Nc) ) ) . / ( 2 . ∗ abs ( Z e l s i g n a l (Nc) )∗M
ˆ2) ;% at w

225 Q tr= Nel∗T on.∗(1− e wo ) ∗( abs ( V tt (Nc) ) ) . ˆ 2 . ∗ cos (
ang le ( Z e l s i g n a l (Nc) ) ) . / ( 2 . ∗ abs ( Z e l s i g n a l (
Nc) )∗Mˆ2) ;% at wo
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226 W trav ( kk , nn )=Nel∗H trav∗T on ( kk ) . / Tr (nn) ; % ( J/
s=Watt) at wo

227 end
228 end
229

230 %% in terms o f duty c y c l e (To/Tr in%)
231 duty = 0 : 0 . 0 1 : 1 ;
232 V expect=(V pk : 100 ) ; % Note Vtt=Hit∗Vcon
233 nV expect=length ( V expect ) ;
234 nduty=length ( duty ) ;
235 W expect=ze ro s ( nV expect , nduty ) ;
236 Po tm=ze ro s (1 , nV expect ) ;
237 temp tm=ze ro s ( nT on , nV expect ) ;
238 f o r mm=1: nV expect
239 f o r r r =1:nduty
240 W expect (mm, r r )= Nel∗duty ( r r ) .∗(1− e wo )∗ V expect

(mm) . ˆ 2 . ∗ ( cos ( ang le ( Z e l s i g n a l (Nc) ) ) ) . / ( 2∗ abs
( Z e l s i g n a l (Nc) ) ) ;

241 end
242 Po tm (1 ,mm)=Po pk∗V expect (mm) . / V pk ; % l i n e a r

dependency
243 end
244 f i g u r e
245 subplot ( 2 , 1 , 1 )
246 p lo t ( tv ∗1e6 , r e a l ( i f f t ( V tt ) ) ) ;
247 t i t l e ( ’ Input vo l tage on the e l e c t r o d e from 10 c y c l e ’ )
248 x l a b e l ( ’ t ( microsec ) ’ ) ; y l a b e l ( ’V ’ ) ; g r i d ;
249 xlim ( [ 0 2 ] )
250 subplot ( 2 , 1 , 2 )
251 p lo t ( fv ∗1e−6, abs ( V tt ) ) ;
252 t i t l e ( ’ Power spectrum of vo l tage on the e l e c t r o d e ’ )
253 x l a b e l ( ’ f (MHz) ’ ) ; y l a b e l ( ’ v o l t ’ ) ; g r i d ;
254 xlim ( [ 0 2 0 ] ) ;%ylim ([−100 100 ] )
255 f e l=fv ( 1 : l ength ( fv ) /2) ; t e l=tv ( 1 : l ength ( tv ) /2) ;
256 f i g u r e
257 p lo t ( f e l ∗1e−6, abs ( Hit2 ) ) ;
258 t i t l e ( ’ E l e c t r i c a l t r a n s f e r func t i on form connector to

e l e c t r o d e ’ )
259 x l a b e l ( ’ f (MHz) ’ ) ; y l a b e l ( ’ abs (H) ’ ) ; g r i d ;
260 xlim ( [ 0 2 0 ] )
261 %plo t o f heat , power , temperature
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262 f i g u r e
263 mesh (Tr∗1e6 , T on∗1e6 , abs ( W trav ) ) ; c o l o rba r ;
264 t i t l e ( ’ Power d i s s i p a t e d on the t ransducer ’ )
265 y l a b e l ( ’ T {on} [ microsec ] ’ ) ; x l a b e l ( ’ T r ( microsec ) ’ ) ;

z l a b e l ( ’Wtrav [ Watt ] ’ )
266 f i g u r e
267 p lo t ( T on∗1e6 , abs ( Q tr ) ) ; g r i d ;
268 t i t l e ( ’ Heat on the t ransducer ’ )
269 x l a b e l ( ’ T {on} [ microsec ] ’ ) ; y l a b e l ( ’dQ [ J ] ’ ) ;
270 f i g u r e
271 mesh ( duty ∗100 , V expect , abs ( W expect ) ) ; c o l o rba r ;
272 t i t l e ( ’ Power d i s s i p a t e d on the t ransducer as func t i on

o f vo l t age and duty c y c l e ’ )
273 x l a b e l ( ’ duty [%] ’ ) ; y l a b e l ( ’V [ v ] ’ ) ; z l a b e l ( ’W [ watt ] ’ )

;
274 % pre s su r e o f vo l t age
275 f i g u r e
276 p lo t ( V expect , abs ( Po tm ) ∗1e−6)
277 t i t l e ( ’ P o s s i b l e s u r f a c e p r e s su r e vs vo l a tge ’ )
278 x l a b e l ( ’Vttm [ v o l t ] ’ ) ; y l a b e l ( ’Ptm [MPa] ’ ) ; g r i d ;
279 f i g u r e
280 p lo t ( fv ∗1e−6, abs ( e e l 10by10 ) ∗100)
281 t i t l e ( ’ E f f i c i e n c y o f the t ransducer element ’ )
282 x l a b e l ( ’ f [MHz] ’ ) ; y l a b e l ( ’ e t t a [%] ’ ) ; g r i d ;
283 xlim ( [ 0 2 0 ] ) ; yl im ( [ 0 1 ] )

C.2 Beam profiles

1 %% Azimuth and e l e v a t i o n beam p r o f i l e 64 elem
es t imat i on from hydrophone meas

2 % Azimuth from 64 elements
3 f i l ename=s t r c a t ( ’ p r e s x a x i s s c a n 6 4 e l e m . mat ’ ) ;
4 load ( f i l ename )
5 i =1;
6 r f p r e s a z i ( : , : , i )=Data1 . Pres sure . r f ; to ( 1 , : , i )=

Data1 . t0 ; Ts ( 1 , : , i )=Data1 . Ts ;
7 r m s p r e s a z i ( 1 , : , i )=s q r t (mean( r f p r e s a z i ( : , : , i ) . ˆ 2 ) )

;
8 f s =1/Ts (1 , 1 , 1 ) ; f =(0:(N−1) ) .∗ f s /N; t =(0:N−1) .∗Ts

(1 , 1 , 1 ) ;
9 RF pres ( : , : , i )=f f t ( r f p r e s ( : , : , i ) ,N) ;
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10 %Azimuth beam p r o f i l e at d i f f e r e n t depth t h i s i s x , dB .
11 f i g u r e
12 p lo t ( x11 ,20∗ l og10 ( r m s p r e s a z i ( 1 , : , 1 ) /max( r m s p r e s a z i

( 1 , : , 1 ) ) ) ) ;
13 t i t l e ( ’ Azimuth beam p r o f i l e at f o cus from h a l f

aper ture ’ )
14 x l a b e l ( ’ Azimuth (mm) ’ ) ; y l a b e l ( ’ Amplitude (dB) ’ ) ; g r i d ;
15 l eghand l e = legend ( ’ at 25mm’ , ’ l o c a t i o n ’ , ’NE ’ ) ;
16 l egend ( leghandle , ’ boxo f f ’ ) ; % no box around legend
17 hold on
18 l i n e ( x11 ,−6)
19 f i g u r e
20 p lo t ( t ∗1e6 , r f p r e s a z i ( : , 4 1 , 1 ) ∗1e−6) ;
21 t i t l e ( ’ r f s i g n a l o f the p r e s su r e at f o cu s from h a l f

aper ture ’ )
22 x l a b e l ( ’ t ( microsec ) ’ ) ; y l a b e l ( ’ Pres sure (MPa) ’ ) ; g r i d ;
23 l eghand l e = legend ( ’ at 25mm’ , ’ l o c a t i o n ’ , ’NE ’ ) ;
24 l egend ( leghandle , ’ boxo f f ’ ) ; % no box around legend
25 hold on
26 xlim ( [ 0 2 ] )
27 % e l e v a t i o n scan from 64 elements
28 f i l ename=s t r c a t ( ’ p r e s yax i s s can 64e l em same wi th128 .

mat ’ ) ;
29 load ( f i l ename )
30

31 r f p r e s a z i ( : , : , i )=Data1 . Pres sure . r f ; to ( 1 , : , i )=
Data1 . t0 ; Ts ( 1 , : , i )=Data1 . Ts ;

32 r m s p r e s a z i ( 1 , : , i )=s q r t (mean( r f p r e s a z i ( : , : , i ) . ˆ 2 ) )
;

33 f s =1/Ts (1 , 1 , 1 ) ; f =(0:(N−1) ) .∗ f s /N; t =(0:N−1) .∗Ts
(1 , 1 , 1 ) ;

34 RF pres ( : , : , i )=f f t ( r f p r e s ( : , : , i ) ,N) ;
35 %Elevaton beam p r o f i l e at d i f f e r e n t depth t h i s i s x ,

dB .
36 f i g u r e
37 p lo t ( x11 ,20∗ l og10 ( r m s p r e s a z i ( 1 , : , 1 ) /max( r m s p r e s a z i

( 1 , : , 1 ) ) ) ) ;
38 t i t l e ( ’ E levat ion beam p r o f i l e at f o cu s from h a l f

aper ture ’ )
39 x l a b e l ( ’ E levat ion (mm) ’ ) ; y l a b e l ( ’ Amplitude (dB) ’ ) ; g r i d ;
40 l eghand l e = legend ( ’ at 25mm’ , ’ l o c a t i o n ’ , ’NE ’ ) ;
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41 l egend ( leghandle , ’ boxo f f ’ ) ; % no box around legend
42 hold on
43 l i n e ( x11 ,−6)
44 f i g u r e
45 p lo t ( t ∗1e6 , r f p r e s a z i ( : , 4 1 , 1 ) ∗1e−6) ;
46 t i t l e ( ’ r f s i g n a l o f the p r e s su r e at f o cu s from h a l f

aper ture ’ )
47 x l a b e l ( ’ t ( microsec ) ’ ) ; y l a b e l ( ’ Pres sure (MPa) ’ ) ; g r i d ;
48 l eghand l e = legend ( ’ at 25mm’ , ’ l o c a t i o n ’ , ’NE ’ ) ;
49 l egend ( leghandle , ’ boxo f f ’ ) ; % no box around legend
50 hold on
51 %% Azimuth and e l evaton beam p r o f i l e hydrohphone meas

from 48 elements
52 % Azimuth f o r 48 e lements
53 f i l ename1=s t r c a t ( ’ pre s s xscan data1 14w . mat ’ ) ;
54 load ( f i l ename1 )
55 r f p r e s ( : , : , i )=Data1 . Pressure . r f ; r f v o l t ( : , : , i )=

Data1 . Voltage . r f ;
56 to ( 1 , : , i )=Data1 . t0 ; Ts ( 1 , : , i )=Data1 . Ts ;
57 rms pres ( 1 , : , i )=s q r t (mean( r f p r e s ( : , : , i ) . ˆ 2 ) ) ;
58 f s =1/Ts (1 , 1 , 1 ) ; f =(0:(N−1) ) .∗ f s /N; t =(0:N−1) .∗Ts

(1 , 1 , 1 ) ;
59 RF pres ( : , : , i )=f f t ( r f p r e s ( : , : , i ) ,N) ;
60 %Azimuth beam p r o f i l e at d i f f e r e n t depth t h i s i s x , dB .
61 f i g u r e
62 p lo t ( x11 ,20∗ l og10 ( rms pres ( 1 , : , 1 ) /max( rms pres ( 1 , : , 1 ) ) )

) ;
63 x l a b e l ( ’ Azimth d i s t anc e (mm) ’ ) ; y l a b e l ( ’ Amplitude (dB) ’

) ; g r i d ;
64 hold on
65 l i n e ( x11 ,−6)
66 xlim ([−10 1 0 ] ) ; yl im ([−40 0 ] )
67 f i g u r e ;
68 p lo t ( t ∗1e6 , r f p r e s ( : , 4 1 , i ) ∗1e−6) ; g r i d ;
69 x l a b e l ( ’ time ( microsec ) ’ ) ; y l a b e l ( ’ Pf (MPa) ’ ) ; g r i d ;
70 xlim ( [ 0 2 0 ] )
71 %elevaton from 48 elements
72 f i l ename1=s t r c a t ( ’ pre s s yscan data4 8w . mat ’ ) ;
73 load ( f i l ename1 )
74 r f p r e s ( : , : , i )=Data4 . Pressure . r f ; to ( 1 , : , i )=Data4 . t0

; Ts ( 1 , : , i )=Data4 . Ts ;
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75 rms pres ( 1 , : , i )=s q r t (mean( r f p r e s ( : , : , i ) . ˆ 2 ) ) ;
76 f s =1/Ts (1 , 1 , 1 ) ; f =(0:(N−1) ) .∗ f s /N; t =(0:N−1) .∗Ts

(1 , 1 , 1 ) ;
77 RF pres ( : , : , i )=f f t ( r f p r e s ( : , : , i ) ,N) ;
78 %Elevat ion beam p r o f i l e at d i f f e r e n t depth t h i s i s x ,

dB .
79 f i g u r e
80 p lo t ( x11 ,20∗ l og10 ( rms pres ( 1 , : , 1 ) /max( rms pres ( 1 , : , 1 ) ) )

) ;
81 x l a b e l ( ’ E levat ion d i s t ance (mm) ’ ) ; y l a b e l ( ’ Amplitude (

dB) ’ ) ; g r i d ;
82 hold on
83 l i n e ( x11 ,−6)
84 xlim ([−10 1 0 ] )
85 f i g u r e ;
86 p lo t ( t ∗1e6 , r f p r e s ( : , 4 1 , i ) ∗1e−6) ; g r i d ;
87 x l a b e l ( ’ time ( microsec ) ’ ) ; y l a b e l ( ’ Pf (MPa) ’ ) ; g r i d ;
88 xlim ( [ 0 2 0 ] )

C.3 Simulation of URF, UTH, and Temperature

1 run f r eq s = [ 5 : 1 1 ] ∗ 1 e6 ; %8e6;%
2 n f r e q s = length ( run f r eq s ) ;
3

4 % Run s imu la t i on s f o r a l l s e tups
5 f o r kk = 1 : n f r e q s
6 c l o s e a l l ;
7

8 p r c t r l = in i tPropcontro lMat ;
9 p r c t r l . nw = 1024 ;

10 p r c t r l . nx = 64 ;
11 p r c t r l . ny = 64 ;
12 p r c t r l . f c = run f r eq s ( kk ) ; %
13 p r c t r l . Fs = 10∗ p r c t r l . f c ;
14 p r c t r l . F s l f = 10∗ p r c t r l . f c ;
15 p r c t r l .Rmax = 40e−3;
16 p r c t r l . c0 = 1561 ;
17 p r c t r l . beta n = 3 .9 e6 ; %( e6 i s s c a l i n g f a c t o r )
18 p r c t r l . kappa = 4.12 e−10;
19 p r c t r l . dx = 3e−4;
20 p r c t r l . dy = 3e−4;
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21 p r c t r l . e s i z e x=p r c t r l . dx ;
22 p r c t r l . e s i z e y=p r c t r l . dy ;
23

24 cp = 4 .2 e6 ; % Joule / Kelvin Volumetric heat
capac i ty

25

26 nt = p r c t r l . nw ;
27 nw = nt ;
28 nx = p r c t r l . nx ;
29 ny = p r c t r l . ny ;
30 dx = p r c t r l . dx ;
31 dy = p r c t r l . dy ;
32 dz = p r c t r l . dz ;
33

34 c0 = p r c t r l . c0 ;
35

36 xx = (−nx /2 : nx/2−1) .∗ dx ;
37 yy = (−ny /2 : ny/2−1) .∗ dy ;
38

39 mx = nx/2+1;
40 my = ny/2+1;
41

42 nz = c e i l ( p r c t r l .Rmax/ p r c t r l . dz ) ;
43 %% Pulse gene ra t i on
44 % Center f r e q u e n c i e s
45 f c = p r c t r l . f c ; %

HF and LF
46 Fs = p r c t r l . Fs ;
47 F = [25 e−3, 25e−3] ;
48 Ap hf =[14.4 e−3, 5e−3] ;% [F(1) /Fnumber azi , F(2 ) /

Fnumber elev ] ;
49 Ap = Ap hf ;
50 % Sur face p r e s su r e
51 u0 hf = 0 . 1 5 ;
52 % Pulse l ength
53 Nmul = 5 ; % d
54 Np = Nmul∗ 2 . 0 ;% pu l s e l eng th expres sed as a number

o f pe r i od s ( c y c l e s )
55 Tp = Np/ f c ;
56 o f f s e t = 0 ;
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57 pulse form = ’TUKEY’ ; % Pulseform SYMMETRIC,
ASYMMETRIC or TUKEY

58 l e n s e f o c = 1 ; % Lense over LF
59 apod = 0 ; % Transmit apod i za t i on
60 % Create HF and LF p u l s e s
61 [ u hf , p r c t r l ] = exc i tat ionGen ( p r c t r l , Ap, . . .
62 u0 hf , f c (1 ) , Np(1) , pulseform , F , apod ) ;
63 u0 = u hf ;
64 f = i f f t s h i f t ((− f l o o r (nw/2) : c e i l (nw/2)−1) ’ ) ∗ p r c t r l .

Fs/nw ;
65 w = 2∗ pi ∗ f ;
66 t = ((− f l o o r (nw/2) : c e i l (nw/2)−1) ’ ) ∗1/ p r c t r l . Fs ;
67

68 % Plot i n i t i a l s u r f a c e e x c i t a t i o n
69 f i g u r e ;
70 subplot ( 2 , 1 , 1 ) ;
71 p lo t ( t , squeeze ( u0 ( : ,mx,my) ) , ’ r ’ ) ;
72 t i t l e ( ’ I n i t i a l pu l s e ’ ) ;
73 g r id on ;
74

75 subplot ( 2 , 1 , 2 ) ;
76 p lo t ( f , abs ( f f t ( u0 ( : ,mx,my) ) ) , ’ r ’ ) ;
77 xlim ( [ 0 50 ]∗1 e6 ) ;
78 g r id on ;
79

80 %% Absorbtion parameters
81 % Absorbtion and e x t i n c t i o n cros s−s e c t i o n params
82 s igma a0 = 0 . 5 ;% 0 . 7 8 ; % % dB / cmMHz
83 s igma r0 =0.15;% 0 . 2 ; % i n c r e a s e i n g the va l e w i l l

dec reas the u r f
84 b = 1 . 1 ;
85 a =2.5;
86 w0 = 2∗ pi ∗ f c (1 ) ;
87 n l f l a g = 2 ;
88 %% Wavenumbers
89 zz = ( dz : dz : p r c t r l .Rmax) ∗1 e3 ;
90

91 % Absorbtion and e x t i n c t i o n cros s−s e c t i o n
92 [ l o s s , ex t i n c ] = getAbsorbtionMat ( p r c t r l , sigma a0 ,

s igma r0 , b , a , w0) ;
93 % Wavenumber operator
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94 Kz = getWavenumbersMat ( p r c t r l , 2 . 5 , 1 . 1 , l o s s ) ; %
0 .52 to 2 .5

95

96 %% Run s imu la t i on
97 [ ˜ , on ax , b p r f a z i , b p r f e l e v ] = propagateMat ( p r c t r l ,

. . .
98 Kz , u0 , i o d i r , n l f l a g , 0 , 0 ) ;
99

100 %% Calcu la te r a d i a t i o n f o r c e and temperature
i n c r e a s e due to one pu l s e

101 % [N / mˆ3 ]
102 F = radForceCalc ( p r c t r l , ext inc , f f t ( on ax ) , 1060 ,

Tp) ;
103

104 temp pressure = max( on ax ) ; % temporay pr e s su r e
105 %pre s su r e ( kk )= temp pressure (25) ;
106 % [K]
107 dT = heatGenCalc ( p r c t r l , w0 , sigma a0 , s igma r0 , b ,

f f t ( on ax ) , 1060 , cp ) ;
108

109 %% Calcu la te Energy d e l i v e r e d to t i s s u e pr pu l s e
and un i t l ength

110 % [ J / m]
111 dE = ze ro s ( nz , 1 ) ;
112 f o r i i = 1 : nz
113 tmp = load ( [ i o d i r , ’ ’ , num2str ( i i ) , ’mm. mat ’ ] )

;
114 dE( i i ) = ca l cEnergyDe l ive red ( p r c t r l , w0 ,

sigma a0 , b , . . .
115 s igma r0 , f f t (tmp . u z ) , 1060) ;
116 end
117 end
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