
ABSTRACT 

MA, JIANGUO. Multi-frequency Ultrasound Transducers and Their Applications in Tissue 

Ablation and Intravascular Acoustic Angiography. (Under the direction of Dr. Xiaoning Jiang). 

Ultrasonic wave has been broadly applied to biomedical therapy and diagnosis as a means 

to deliver energy or information or both. Broadband ultrasound transducers have been 

increasingly important in advanced imaging and therapy. However, transducers made of high 

efficiency materials such as Lead zirconium titanate (PZT) or relaxor-based lead titanate 

(relaxor-PT) single crystals are limited in bandwidth (-6 dB fractional bandwidth less than 

100%) because of the material properties and existing transducer designs. In this dissertation 

research, multi-layer, multi-frequency transducers were designed with the assistance of 

microwave theory to analyze wave propagation in the transducers, and these transducers were 

then fabricated and tested for both therapeutic and diagnostic applications.  

Firstly, a dual frequency high intensity focused ultrasound (HIFU) transducer was designed 

with two identical active layers (PZT-2) bonded together, which broke the symmetry of the 

vibration boundary conditions and generated 1.5 MHz and 3 MHz ultrasonic waves with 

almost the same amplitudes. Acoustic power outputs of the single or dual frequency waves 

were calibrated with an acoustic power meter. The tissue ablation with 6 W acoustic power 

output from this transducer illustrated consistently higher heat generation efficiency with the 

dual frequency wave than conventional single frequency ones. The high efficiency of dual 

frequency HIFU tissue ablation indicated the possibility of reducing the energy deposition and 

ablation time for the same heat generation as in the conventional tissue ablations, which is 

expected to promote the safety and reduce the cost of the HIFU treatment. 



Secondly, dual frequency intravascular ultrasound (IVUS) transducers were investigated 

with a low frequency (6.5 or 5 MHz) transmitter to excite nonlinear vibration of ultrasound 

contrast agent (microbubbles) and a high frequency (30 MHz) receiver to detect the super-

harmonic responses from microbubbles. An anti-matching layer was sandwiched between the 

two active elements to suppress the aliasing echo in high frequency receiving waves and to 

enhance the low frequency wave propagation. Microwave theory were introduced to 

demonstrate the wave propagation in the multi-layer transducers. The transmitter (6.5 MHz or 

5 MHz) was evaluated by a hydrophone and at least 1 MPa pressure was generated. The 

receiver was characterized by pulse echo experiment, and it showed the loop sensitivity of -27 

dB and the -20 dB pulse length of 116 ns. Aliasing echo was suppressed to -23.7 dB compared 

to the target reflection signal.  Imaging result elucidated the detection of a cellulose micro-tube 

(mimicking vasa vasorum) with diameter of 200 µm. The measured length of the pulses 

received from microbubbles was equivalent to about 70 µm, indicating its capability of high 

resolution intravascular acoustic angiography, which is promising for assessment of plaque 

vulnerability and diagnosis of atherosclerotic cardiovascular disease. 

In conclusion, multi-frequency ultrasound exhibited unique performances which can be 

significant in biomedical applications for both therapy and diagnosis. The wave propagation 

control methods in the multi-layer transducers were successfully demonstrated for 

development of advanced multi-frequency ultrasound transducers. Specific dual frequency 

HIFU transducers were studied to achieve high efficiency heat generation for enhanced tissue 

ablations, and the dual frequency IVUS transducers were demonstrated for vasa vasorum 

imaging and acoustic angiography for vulnerable plaque identifications.  
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Introduction 

Piezoelectric ultrasound transducers have been widely utilized in biomedical applications 

as energy transduction between electrical and mechanical forms [1, 2]. According to recent 

research [3, 4], very broadband (-6 dB fractional bandwidth > 100%) ultrasound suggested 

promising features in both therapy and diagnosis. However, conventional transducer designs 

using high efficiency piezoelectric materials such as Lead zirconium titanate (PZT) ceramics 

or relaxor-based lead titanate (relaxor-PT) single crystals were limited in bandwidth (-6 dB 

fractional bandwidth < 100%). In order to take the advantage of the broadband ultrasound wave, 

multi-layer, multi-frequency transducers were investigated in this research. Vibration modes 

in the multi-frequency transducers are relatively complex compared to single frequency 

transducers. To make the analysis more intuitive, the multi-layer transducer was analyzed as a 

microwave circuit with transmission lines. In this chapter, background of the related 

information was introduced, including the piezoelectricity, ultrasonic wave, medical 

applications of ultrasound, and microwave theory. At the end of this chapter, a brief 

introduction of the dissertation structure was described. 
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1.1  Piezoelectricity 

1.1.1 Piezoelectric effect 

Background 

An electrical insulator can be polarized by an applied electric field E . Electric charges 

inside the material do not flow freely or accumulate at the surfaces as a conductor, but just 

shift slightly by the external electric field from their equilibrium positions. As the positive and 

negative charges shift towards opposite directions, the material shows net negative charge at 

the high electric potential side and positive charge at the low electric potential side. This 

phenomenon is dielectric polarization, which is defined as 0P E  , where 0  is the 

dielectric constant in vacuum and   is the electric susceptibility. The dielectric polarization 

generates an internal electric dipoles that compensate the external electric field and result in a 

lower electric field inside the material. If the material is originally centro-symmetric or 

isotropic, then the material can be deformed by the external electrical field because of 

polarization, and this effect is denominated as the electrostrictivity, as shown in Figure 1.1. 

The dipoles are generated by external force, so the material is always elongated by the external 

electric field (Figure 1.1 b and c). Mechanical compression could not generate charges on the 

surfaces because there are no inherent dipole if external electric field is absent (Figure 1.1 d). 

A classification of the dielectric materials is shown in Figure 1.2.  
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Figure 1.1 Schematic diagram of electrostrictive material a) at the initial shape, b) and c) with external electric field, and 

d) with external mechanical compression.  

 

 

Figure 1.2 Classification of the dielectric materials. 

 

On the contrary if the material is non-centrosymmetric (Figure 1.3 a), the external electric 

field could either expand (Figure 1.3 b) or compress (Figure 1.3 c) the material with a relatively 

large deformation compared to electrostrictive effect. The non-centrosymmetry of the material 

indicates the fact that the positive charge center does not overlap the negative one. An applied 

external source pushes the positive center to the low potential direction while pushing the 

negative center to the positive direction. As a result, the material expands if the external electric 
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field is the same as the polarization of the material and shrinks if it is reversed. Such electric 

field-induced deformation is denominated as reverse piezoelectric effect and such material is 

denominated as piezoelectric material. If the polarization is sensitive to temperature, then the 

material is pyroelectric material. Some pyroelectric materials are ferroelectric materials, the 

characteristics of which are that the polarization can be reversed by external electric field, and 

residual polarization exists after the external electric field is removed. Most high performance 

piezoelectric materials are ferroelectric materials, such as Lead zirconium titanate (PZT) or 

relaxor-based lead titanate (relaxor-PT) such as lead magnesium niobate-lead titanate (PMN-

PT). Relationships among these materials are shown in Figure 1.2.  

 

 

Figure 1.3 Schematic diagram of the reverse piezoelectricity: a) at the initial shape without external electric field; b) 

expanded by external forward electrical field; and c) compressed by reverse electric field. 
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Applying force on the piezoelectric material in the polarization direction, electric charges 

are generated. This is the direct piezoelectric effect found by Curie brothers [5] earlier than the 

reverse piezoelectric effect. In steady state (Figure 1.4 a), the internal diversion of positive and 

negative charge center is neutralized by the ambient charges so that there are no net charges 

on the surfaces. The applied external force pushes the two charge centers closer (Figure 1.4 c) 

or pull them farther (Figure 1.4 b), breaking the neutralization and generating net charges at 

surfaces of the piezoelectric material. The direct and reverse piezoelectric effects are the 

opposite scenarios that transduce the energy between electrical and mechanical form. 

 

 

Figure 1.4 Schematic diagram of the direct piezoelectricity: a) at the initial shape without external pressure; b) being 

stretched by external force; c) being compressed by external force. 
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Theory and terminologies 

Piezoelectric equations are employed to illustrate such an electro-mechanical coupling 

effect. The electrical parameters consist of electric field and electric displacement, which are 

related by the electrical coefficients such as dielectric permittivity, electric susceptibility and 

so on. The mechanical parameters consist of stress and strain, which are related by elastic 

stiffness and compliance. The piezoelectric coefficients are those coupling the electrical and 

mechanical parameters. A collection of the parameters and coefficients are shown in Table 1.1. 

The two units for d, g, e, and h respectively are equivalent taken the identity of [ ] [ / ]V N m C . 

 



 

7 

 

Table 1.1 Piezoelectric parameters and coefficients. 

Parameters and coefficients Symbols Units 

Stress T N/m2 

Strain S - 

Electric field E V/m 

Electric flux density D N/m2 

Polarization P C/m2 

Elastic stiffness c N/m2 

Elastic compliance s m2/N 

Dielectric permittivity ε F/m 

Electric susceptibility χ - 

Relative permittivity ɛr - 

𝑝𝑜𝑙𝑎𝑟𝑖𝑧𝑎𝑡𝑖𝑜𝑛

𝑠𝑡𝑟𝑒𝑠𝑠
 or 

𝑠𝑡𝑟𝑎𝑖𝑛

𝑒𝑙𝑒𝑐𝑡𝑟𝑖𝑐 𝑓𝑖𝑒𝑙𝑑
 d C/N or m/V 

𝑒𝑙𝑒𝑐𝑡𝑟𝑖𝑐 𝑓𝑖𝑒𝑙𝑑

𝑠𝑡𝑟𝑒𝑠𝑠
 or 

𝑠𝑡𝑟𝑎𝑖𝑛

𝑝𝑜𝑙𝑎𝑟𝑖𝑧𝑎𝑡𝑖𝑜𝑛
 g V•m/N or m2/C 

𝑝𝑜𝑙𝑎𝑟𝑖𝑧𝑎𝑡𝑖𝑜𝑛

𝑠𝑡𝑟𝑎𝑖𝑛
 or 

𝑠𝑡𝑟𝑒𝑠𝑠

𝑒𝑙𝑒𝑐𝑡𝑟𝑖𝑐 𝑓𝑖𝑒𝑙𝑑
 e C/m2 or N/V•m 

𝑒𝑙𝑒𝑐𝑡𝑟𝑖𝑐 𝑓𝑖𝑒𝑙𝑑

𝑠𝑡𝑟𝑎𝑖𝑛
 or 

𝑠𝑡𝑟𝑒𝑠𝑠

𝑝𝑜𝑙𝑎𝑟𝑖𝑧𝑎𝑡𝑖𝑜𝑛
 h V/m or N/C 

Electromechanical coupling k - 

 

 



 

8 

 

Without piezoelectricity, the dielectric properties and the mechanical deformation 

properties are isolated. For electric properties, the relationships among dielectric parameters 

are 0 0 rPD EE    , where the relative permittivity is 1r   . For mechanical 

properties, the relationship between strain and stress is governed by Hooke’s Law S sT  or 

T cS  ( 1/s c ). 

Taking the piezoelectricity into account, the electrical and mechanical parameters are all 

coupled together by the electromechanical coupling coefficients d, g, e and h. In the calculation 

of parameters in one field (electrical or mechanical), boundary conditions in the other field 

(mechanical or electrical) need to be defined as well.  

The electrical parameters are calculated by defining the mechanical boundary condition as 

“free” or “clamped”. If the material is mechanically free, then the stress (pressure) is constant 

while movement is free at the surface. The electrical parameters are 

 TD E dT  , (1.1) 

 / TE D gT  , (1.2) 

where the superscripts ()T
 indicate the constant stress. If the material is clamped, then the 

boundaries of the material are fixed while the stress can vary. In this case, the electrical 

parameters are 

 SD E eS  , (1.3) 

 / SE D hS  , (1.4) 
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where the superscripts ()S
 indicate the constant strain. 

Similarly, the mechanical parameters are calculated by defining the electrical boundary 

conditions as “short circuit” or “open circuit”. If the electrical boundary condition is short 

circuit at surfaces of the material, then the mechanical parameters are 

 ES dE Ts  , (1.5) 

 ET eE c S   , (1.6) 

where the superscripts ()E
 indicate the constant electric field (short circuit). If the electrical 

boundary is open circuit at surfaces of the material, then the mechanical parameters are 

 
DS gD Ts  , (1.7) 

 DT hD c S   , (1.8) 

where the superscripts ()D
 indicate the constant electric flux (open circuit). 

Equations (1.1) – (1.8) are associated with on one another. The relationships among 

electromechanical coupling coefficients are  

 
E Td es g  , (1.9) 

 E Se dc h  , (1.10) 

 /D Tg hs d  , (1.11) 

 /D Sh gc e  . (1.12) 
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The energy transform efficiency is defined as  

 
2 stored mechanical energy

input electrical y
k

energ
  (1.13) 

or 

 
2 stored electrical energ

k
mechanic

y

input al energy
 . (1.14) 

and k  denominates the electromechanical coupling factor and indicates the energy 

transduction efficiency between electrical and mechanical forms. The efficiency can be 

calculated from the coupling coefficients as 

 
2 2 2 2

2
T

T E S D E D

Sd e g h

s
k

c s s

 

 
    . (1.15) 

Dynamic behavior of the piezoelectric materials (Figure 1.5 a) could be equivalent to an 

AC electric circuit for analysis (Figure 1.5 b) [6]. In the equivalent circuit, 0C  is the static 

capacitance defined as 0 /C A d , where A  and d  are the area and thickness of the 

piezoelectric material.  Equivalence of the other parameters are labeled in Figure 1.5. The 

mechanical system includes the external excitation force F , mass M , spring constant K , and 

the damper MR . The equivalent electrical system consist of the excitation voltage V , inductor 

L , the parallel and serial capacitors 0C  and C , and the damper ER . Equivalences between the 

two groups are 
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 . (1.16) 

Parameters of the equivalence are shown in Figure 1.5.  

 

 

Figure 1.5 a) Mechanical schematic diagram of the dynamic behavior of the piezoelectric material and b) the electrical 

equivalent circuit. c) Impedance response of the vibrating system. 

 

The impedance of a piezoelectric resonator is a function of the frequency (Figure 1.5 c). 

The resonant frequency rf  is the frequency with minimum impedance. Losses of most 

piezoelectric materials are usually sufficiently small (~ 1%). If the loss is neglected, then the 

resonant frequency is the LCR serial branch resonance sf  
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1 1

2
r sf

L
f

C
  . (1.17) 

The anti-resonant frequency af  is the frequency of the parallel resonance pf . Neglecting the 

loss, the anti-resonant frequency is 

 0

0

1

2
a pf

L
f

C C

CC


   . (1.18) 

The electromechanical coupling factor k  can be calculated from the resonant frequency and 

anti-resonant frequency, which could be measured by an impedance analyzer. 

 2 cot
2 2

a rr

a a

f ff

f f
k

   
  

 
 . (1.19) 

In order to describe the anisotropic piezoelectric materials, all the piezoelectric parameters 

and coefficients are tensors in the 3D space. Electrical parameters D and E are first-rank tensor 

(vector) so that   is a second-rank tensor. In mechanical field, S and T are second-rank tensors 

so that c  and s  are fourth-rank tensors. Piezoelectric coefficients correlate the electrical D and 

E with mechanical S and T, so they are third-rand tensors. In the right-handed Cartesian 

coordinate system, the X-, Y-, and Z-axes are represented by 1, 2, 3 and the rotations with the 

X-, Y-, and Z-axis are represented by 4, 5, and 6, respectively (Figure 1.6). For conventional 

ultrasonic transducers, the poling direction is attributed to axis 3. Based on such definition, the 

mechanical parameters S and T can be reduced to a 6-value vector, so that all the coefficients 

could be reduced to second-order tensors (matrices). According to the routine, two numbers 
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are used as a subscript to indicate the direction of the parameter with the former one donating 

electric and latter one donating mechanical fields. For example, a parameter 31d  correlates the 

electric field in the poling direction (3-axis) and the mechanical strain in the lateral direction 

(1-axis).  

 

 

Figure 1.6 Coordinate system used to indicate the piezoelectric constants. 

 

In longitudinal vibrating transducer with both fields corresponding to the poling direction, 

the coefficient 33d  is one of the key value indicating the electric field induced strain or stress 

induced electric flux. The electromechanical coupling factor 33k  is another critical value 
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representing the energy transduction efficiency in the longitudinal direction. The  value is 

approximately achievable only if the piezoelectric material is not clamped, which requires the 

shape of the material to be a long (3-axis) bar. In most cases, the piezoelectric materials are 

used with a shape of thin plate with polarization in the thickness direction (3-axis). In that case, 

the material is clamped in the lateral direction and the coupling factor is replaced by tk  with 

the subscript ()t  representing the thickness mode. 

1.1.2 Piezoelectric materials for ultrasound transducers 

Taking advantage of the transduction capability between electrical and mechanical energy, 

piezoelectric materials are widely used in for ultrasonic wave (> 20 kHz) generation from 

electrical wave input, or electrical wave generation from mechanical wave input. Piezoelectric 

materials consist of many forms of materials, including crystal, ceramic, polymer, and 

composites of piezoelectric material with passive polymers. 

Introduction of piezoelectric materials 

Quartz, a piezoelectric crystal, was the first material found with piezoelectricity, which is 

one of the few naturally available piezoelectric materials. Quartz exhibits extremely high (~ 

410  order) quality factor (Q factor), together with good reliability, long life and very low 

dependency on temperature. Consequently, quartz could provide extremely stable frequency 

output, which has been widely used for watch and electrical oscillation clocks for digital circuit. 

Quartz was also used as ultrasound transducers for tissue ablation [7] and marine sonar in early 

33k
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days. However, the piezoelectric performance of quartz is very low, with 33 ~ 2 /d pC N  and 

~ 0.07tk . Quartz was seldom used for ultrasound transducer any more after PZT was 

developed around 1952. 

PZT, Pb[Zr1-xTix]O3 ( 0 1x   ), is a ceramic with perovskite crystal structure (Figure 1.7 

a, b) that exhibits much higher piezoelectric properties than natural piezoelectric materials [8] 

and, therefore, was the most widely used as active material for ultrasound transducers after 

being developed. Structure of PZT depends on both the percentage of Ti (
Ti

Zr Ti
 in mol) and 

the temperature of the material (Figure 1.7 c) [9]. At temperature higher than the Curie 

temperature TC ( ~ 350 C ), PZT is a cubic structure (Figure 1.7 a) without polarization and 

therefore no piezoelectricity. Below Curie temperature, PZT exhibits polarization (Figure 1.7 

b) and it performs the best piezoelectricity at a Ti percentage of 48 ~ 52% , close to the 

morphotropic phase boundary (MPB). For different applications, PZT materials are modified 

to induce domain wall motions for different properties. If donors are doped, metal (cation) 

vacancies are generated to produce high piezoelectric properties, with the expense of larger 

loss due to the internal friction. The high piezoelectric coefficients, high loss, donors doped 

PZTs are usually named as “soft PZT”, which are used in low power applications such as 

imaging transducers to take advantage of the performance without being damaged by the high 

loss. Typical piezoelectric constants of soft PZT are 33 ~ 400 700 /d pC N , loss ~ 1 2.2% , 

and 33 ~ 0.7 0.75k  . On the contrary, if the PZT is doped with acceptors, oxygen (anion) 

vacancies are generated, lowering the loss but sacrificing the piezoelectric properties of PZT. 
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The acceptor doped PZTs are usually named as “hard PZT”, which are typically used in high 

power applications to avoid heat generation from the high loss even with compromised 

piezoelectric properties. Typical piezoelectric constants of hard PZT are 

33 ~ 200 350 /d pC N , loss ~ 0.2 0.5% , and 33 ~ 0.68 0.7k  . Actually, there is no strict 

threshold between soft PZT and hard PZT. Various doping recipes were used to cover the 

performances range from soft PZT to hard PZT. 

 

 

Figure 1.7 Perovskite structure of the PZT material a) in a cubic shape at T > TC and b) in polarized shape at T < TC. c) 

Phase transformation of PZT dependent on the composition and temperature. 

 

Relaxor based ferroelectric single crystal [10] is a group of piezoelectric material possessing 

extraordinary piezoelectric properties, 33 2500 / Nd pC , ~ 0.6tk , and 33 0.9k  . This group 

of relaxor-PT based crystals include Pb[Mg1/3Nb2/3]O3–PbTiO3 (PMN-PT), Pb[Zn1/3Nb2/3]O3-

PbTiO3 (PZN-PT), Pb[Yb1/2Nb1/2]O3–PbTiO3 (PYN-PT), Pb[In1/2Nb1/2]O3–
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Pb[Mg1/3Nb2/3]O3–PbTiO3 (PIN-PMN-PT) and so on [11, 12]. PMN-PT exhibits superior 

performances (d33~2800 pC/N, k33~0.94) [13] in the relaxor-PT family and is consequently 

one of the most widely used material for high end piezoelectric transducers. The drawback of 

PMN-PT material is the relatively low operation temperature (Curie temperature Tc = 130 – 

170 °C, phase transformation temperature Trt = 60-95 °C), so that other alternative relaxor-PT 

crystals (Tc = 200 – 360 °C, Trt > 100 °C) are also widely researched for high temperature 

applications, although the piezoelectric properties are slightly lower (d33 ~ 1200, k33 ~ 0.9) [11, 

14]. In addition to the working temperature, the coercive field of relaxor-PT based crystals are 

usually lower than PZT. Because of the high piezoelectric properties and the relatively more 

vulnerability to temperature and electric field, relaxor-PT based crystals are preferred for low 

power imaging transducers, whereas not ideal for high temperature high power applications. 

The semi crystalline polymer polyvinylidene fluoride PVDF, ([C2H2F2]n) and the 

copolymer polyvinyledenedifluoride–trifluoroethylene P(VDF-TrFE)  exhibit polarization 

because of the asymmetry alignment of hydrogen and fluorine atoms (PVDF in Figure 1.8) 

[15]. As a polymer, PVDF exhibits very different properties from the piezoelectric ceramics 

or crystals [16]. Characteristic acoustic impedance and stiffness of PVDF are very low, making 

it an ideal material for acoustic wave reception. Besides, its flexibility and mechanical stability 

assured that it could be easily manufactured to various shapes. However, its low piezoelectric 

properties, 33 ~ 30 / Nd pC  and ~ 0.15tk , limit its utilization where high transmission 

performances are required. Dielectric constant of PVDF ( ~ 7r ) is much lower than PZT 

( 1000r  ) and PMN-PT ( ~ 4000 6000r  ), leading to a relatively high electrical 
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impedance for small aperture transducers. P(VDF-TrFE) has similar structure as PVDF but, in 

some units ([C2H2F2]), one of the two hydrogen atoms is replaced by fluorine atoms, which 

makes the chain unit as ([C2HF3]). Properties of P(VDF-TrFE) is dependent on the ratio of 

trifluoroethylene, and the density of P(VDF-TrFE) is usually higher the fluorine atom is 

heavier than the hydrogen one. 

 

 

Figure 1.8 Schematic diagram of the carbon chain of PVDF polymer. 

 

Properties of these widely used piezoelectric materials are summarized in Table 1.2. 

Relaxor-PT based crystals are supreme in the piezoelectric properties, which are widely used 

for high performance transducers. PZT materials show relatively high piezoelectric constants, 

and, especially hard PZT, are more robust in high voltage, high temperature (< 350 °C) 

conditions, so that they are also widely used as sensors, actuators and transducers. PVDF has 

low piezoelectric properties and high compliance, and, consequently, is usually used as 
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broadband sensors. Piezoelectricity of quartz is very low so few transducers were made of 

quartz nowadays. As is shown in the table, 33k  value differs a lot from tk  for a specific 

piezoelectric material. As stated previously, a piezoelectric material exhibits 33k  only if its 

shape is a long bar in the poling direction. Unfortunately, considering the frequency response, 

beam forming and electric impedance of the transducers, actual dimensions of the piezoelectric 

material are commonly in plate shape, the electromechanical coupling factor of which is tk  

instead of 33k .  
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Table 1.2 Properties of the piezoelectric materials discussed above. 

Piezoelectric 

material 

Piezoelectric 

constant d 

(pC/N) 

Dielectric 

constant εr 

Young’s 

Modulus 

(GPa) 

Quality 

factor 

Electromechanical 

coupling k 

Quartz 33 ~ 2d  3.8 76 – 79 4 610 10  ~ 0.07tk  

soft PZT 
33 ~ 400 700d 

 

1800 – 

5000 

~ 60 30  

~ 0.5tk  

33 ~ 0.7 0.75k   

hard PZT 
33 ~ 200 350d 

 

1000 – 

1400 

~ 77 1900  

~ 0.5tk  

33 ~ 0.68 0.7k   

PMN-PT  

33 ~ 2800d  

31 ~ 1330d   

4000 - 

6000 

~ 18 ~ 40 

~ 0.6tk  

33 ~ 0.94k  

other 

relaxor-PT 

33 ~ 900 2000d 

 

~ 5000 ~ 22 

100 - 

1300 

~ 0.6tk  

33 ~ 0.9k  

PMN-PT 1-3 

composite 

33 ~ 2800d  

31 ~ 1330d   

~ 3000   0.7tk   

PVDF 33 ~ 30d   7 3.5 3 10  ~ 0.15tk  
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In order to benefit from the piezoelectric properties of 33k  rather than tk , piezoelectric 

composites were developed with 1 dimensional connection (poling direction) for piezoelectric 

material and 3 dimensional connections for the passive filling material (Figure 1.9), and 

thereby is denominated as 1-3 composite. Excellent features are exhibited by the piezoelectric 

1-3 composite. First, the quasi long bar structure of the piezoelectric posts leads to the release 

of clamp in the lateral dimension so that the composites exhibit approximately 33k  

performance [17, 18]. Second, characteristic acoustic impedance of the materials decreases 

greatly due to the decrease of acoustic group velocity and density, which results in a much 

better acoustic impedance match and significantly increases the acoustic wave propagation 

from the piezoelectric material to the medium (usually water or organic tissue) and vice versa. 

Third, the lateral resonant frequency were designed to be at least twice of the thickness 

resonance, so that the periodic structure  suppressed the frequency coupling around or lower 

than the thickness resonant frequency. Various techniques have been developed to fabricate 

the 1-3 piezoelectric material, including dice-and-fill [17-20], laser micro-machining [21-24], 

interdigital bonding [25-28], PZT fiber bundling [29], PZT paste molding [30-33] and deep 

reactive ion etching [34-37]. Dice-and-fill method is easy to realize but is limited within 20 

MHz, beyond which undesirable lateral resonance coupling is inevitable regarding to actual 

blade thickness available. Interdigital bonding method overcomes the operating frequency 

limitation but is very cost-ineffective. Fiber bundling method is cost-effective but the random 

distribution of PZT fibers and low volume fraction of PZT result in relatively low performance. 

PZT molding can’t fabricate very high frequency (< 40 MHz) PZT composite either because 
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thin posts are too brittle when demolding. Both PZT fiber bundling and PZT molding work on 

PZT only, which could not benefit from the high 33k  value of relaxor-PT crystal materials. 

Deep reactive ion etching works especially well for high frequency 1-3 composite fabrication 

but is cost-ineffective in low frequency composite fabrication because of too long etching time. 

 

 

Figure 1.9 Structure of piezoelectric 1-3 composite consisting of active posts and passive filling materials (usually epoxy). 

 

Piezoelectric materials for high power applications 

High power ultrasound has been utilized in various medical applications [38]. The major 

application is high power therapy, delivering high acoustic power to malignant tissue inside 

body for non-invasive treatment. High power ultrasound transducers are used to generate high 

intensity focused ultrasound (HIFU) as a non-invasive therapy to cure diseases from tumors, 

cancers, thrombosis and so on [39]. Other medical applications include drug delivery [40, 41], 
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acoustic radiation force imaging (ARFI) [42], release of micro-pallet with cells [43], and so 

on. Besides medical applications, high power ultrasound transducers act as sonar projectors 

[44] and cleaners [45] as well. In all these applications, ultrasound functions as a power carrier 

with the purpose of energy delivery. High intensity ultrasound is generated by the transducers, 

with the companion of high electric field, heating of transducers due to loss, and so on. As a 

result, temperature properties, Q factor or loss, and coercive field are critical to make sure the 

transducers are not damaged. According to Table 1.2, materials (groups) satisfying such 

requirements are hard PZT and high power purposed relaxor-PT crystals.  

In the hard PZT group, various acceptors doped PZTs have been developed for high power 

applications. Typical hard PZTs have Q factors of ~ 1000 and loss < 1%, including PZT-2, 

PZT-8, PZT-4D, NCE40, NCE41, NCE80, Navy Type I, Navy Type III, and so on. Curie 

temperatures of these PZTs are 50 C2CT   . Density and sound speed are about 7600 kg/m3 

and 4400 m/s so the characteristic acoustic impedance is about 33 MRayl. Coercive field of 

hard PZT are about 10 – 150 kV/cm [46]. 

Various high power, high temperature, low loss, relaxor-PT based piezoelectric single 

crystals were developed due to their high piezoelectric performance. PIN-PMN-PT is one of 

the typical high power crystals with ~ 200 300CT C  , ~ 95 140rt CT   , 1000Q  , loss ~ 

0.4%, coercive field ~9 kV/cm  and a little compromise on the piezoelectric properties with 

33 ~ 900 /d pC N  and  33 ~ 0.89k  [47]. Mn-PMN-PZ-PT has a little higher piezoelectric 

performance than PIM-PMN-PT but slightly lower coercive field (~ 6.3 kV/cm). Doped PIN-
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PMN-PT with Mn could further increase the TC ( 208 C ) and Trt (116 C ) with sacrifice of 

33d  (267 pC/N) [48]. In general, relaxor-PT based piezoelectric crystals exhibit higher 

piezoelectric properties than PZT but are a little more vulnerable in high power conditions. 

In transducer design, materials with superior piezoelectric properties are preferable as long 

as it is robust enough to work without being damaged in applications.  

Piezoelectric materials for biomedical imaging applications 

Transducers for biomedical imaging are usually excited by low power input and very low 

duty cycles with short pulses and low pulse repetition frequency (PRF). As a result, low power 

piezoelectric materials are used in medical imaging applications to benefit from high properties 

of the materials. Typical low power materials are soft PZT and relaxor-PT crystals, especially 

PMN-PT single crystals, referring to Table 1.2. 

Donor doped soft PZT are developed for high piezoelectricity in the low power applications, 

including PZT-5A, PZT-5H, NCE55, NCE56, NCE59, Navy Type II, Navy Type VI, and so 

on. Dielectric loss of these materials are about 1.4 ~ 2.2% and Curie temperature is about 

180 310 C  . Relatively high loss does not cause high temperature rise with the low voltage, 

short pulse input. Coercive field of these soft PZT is about 8 - 15 kV/cm so that the relatively 

low voltage input does not damage the PZT materials. 

Most of the relaxor-PT piezoelectric crystals are suitable for imaging because of their 

relatively high piezoelectric constants despite their low working temperature. PMN-PT (~ 33% 

of PT) is one of highest performance piezoelectric crystals with 33 ~ 2820 /d pC N  and 
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33 ~ 0.94k  [13] although with almost the lowest working temperature ~ 155CT C  and 

~ 65Trt C  [48]. Working temperatures of most relaxor-PT materials are generally lower than 

that of soft PZT, but are high enough in most cases, which are human body temperature ( 37 C ) 

or room temperature ( 25 C ).  

Piezoelectric composite materials [18] are superior in biomedical imaging applications 

because of the high electromechanical coupling coefficients and relatively low acoustic 

impedances. In imaging applications, major concern of imaging ultrasound transducer is the 

bandwidth (pulse length) instead of the temperature. Ultrasound imaging basically utilizes 

pulse-echo method and time-of-flight of ultrasonic pulses reveals the spatial impedance change 

boundaries. At a given frequency, the fewer cycles there are in one pulse, the higher resolution 

the imaging is to differentiate targets next to one another. The echo signals are more or less 

like a single frequency wave convoluted with Hamming window and the fewer cycles there 

are, the wider the frequency spreads out around the center frequency. Unfortunately, traditional 

matching layer does not work well in the wide band impedance matching due to the 

significantly impedance mismatch between PZTs or relaxor-PTs ( 32M lZ Ray ). Bandwidth 

could be greatly increased if the impedance of the piezoelectric materials decreases. 

Combining piezoelectric material and polymers alternatively in a periodic manner, 

piezoelectric composite has much lower acoustic impedance (like 18 MRayl) than bulk PZTs 

or relaxor-PTs due to the decrease of both material density and sound speed. Besides the 

broadband, another merit of piezoelectric material is much higher electromechanical coupling 

factor ( 33~ k  versus tk ) if the composite material is fabricated in 1-3 connectivity (Figure 1.9). 
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Relaxor-PTs based 1-3 composite are more promising than soft PZT ones regarding to their 

superior 33k  value (Table 1.2).  

1.2 Ultrasonic wave 

1.2.1 Theory and terminologies 

Plane wave 

Ultrasonic wave is basically the mechanical vibration with both time and spatial dependency. 

In most biomedical ultrasonic applications, the wave propagates in fluid or soft tissues so that 

shear wave diminishes very fast and only longitudinal wave propagates. One medical exception 

that involved solid medium and shear wave is the transcranial application [49] which is not the 

topic here. In this research, only longitudinal wave is discussed. Considering a one dimensional 

(1-D) wave (Figure 1.10), a slice of the medium in the propagation direction is shown at 

position x  to dx x . If the pressure is p  at position x  and dp
p

x
x





 at dx x , then 

according to Hooke’s Law,  

 
u p

x E





 , (1.20) 

where u  is the displacement of the particles in the medium and E  is the bulk modulus of the 

material. According to Newton’s Second Law,  

 
2
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p u

x t


 


 
 , (1.21) 
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where   is the density of the medium material and t  is time. Combination of (1.20) and (1.21) 

yields 1-D Helmholtz equation:  

 
2 2

2 2 2

1
0

u u

x c t

 
 

 
 , (1.22) 

where c  is the sound speed defined as  

 2c
E


  . (1.23) 

General solution of Equation (1.22) is  

 
( ) ( )( , ) j t kx j t kxBeu x t Ae     , (1.24) 

where   is the angular frequency and k  is the wave number defined as 1 /   (   is the 

wavelength). The general solution (1.24) is the plane wave propagation equation consisting 

both forward ( x  positive direction) wave and backward ( x  negative direction) wave with the 

amplitude of A  and B  for each wave. The Equation (1.24) is a general form for ultrasonic 

wave in a certain frequency. There might be more than one frequencies in the medium, in 

which case the waveform is the superposition of the waves at each frequency. 
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Figure 1.10 Schematic diagram of 1-D wave propagation. 

 

Standing wave 

If the boundaries are terminated at 0x   and x L (Figure 1.10), then the wave 

propagation is specialized according to the boundary conditions. If 1 2 0Z Z Z  , indicating 

that the boundaries are perfectly matched at 0x   and x L , then the wave propagates 

without any reflection, performing the same as the plane wave. On the contrary, if 1 0Z Z  and 

2 0Z Z , then the specific medium vibrates as a standing wave. Starting from extreme 

conditions, the boundaries are considered as free or fixed, with boundary impedances 1Z  and 

2Z  equaling to zero or infinity. There are 3 types of boundary conditions at these impedances: 

free-free, fixed-fixed and fixed-free. Three groups of vibration modes exist at these boundary 

conditions. 
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For a free-free boundary condition, both sides of the boundaries are free to move so that 

there is no stress at either boundary. According to (1.20),  

 
0

0
x

u

x 




  , (1.25) 
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  . (1.26) 

Constrained with the boundary condition, the vibration modes are 

 ( , ) cos( ) , ( 1, 2,3,...)nj t

n n

n x
u x t A e n

L


   , (1.27) 

where n  donates the n th harmonic vibration mode. Equation (1.27) is the general form of the 

standing wave in the medium with free-free boundary conditions. The first 3 vibration modes 

in the group are shown in Figure 1.11. Furthermore, if the boundaries are symmetric ( 1 2Z Z ), 

then center surface ( / 2x L ) of the medium stays stationary if not specifically excited. In 

that case,  

 /2| 0x Lu    , (1.28) 

and the even order harmonics does not show up. Vibration modes in this case are 

 ( , ) cos( ) , ( 1,3,5,...)nj t

n n

n x
u x t A e n

L


   . (1.29) 

This group of vibration modes in Equation (1.29) is very close to active piezoelectric materials 

in piezoelectric transducers, which has low (not exactly free) impedance boundaries at both 
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sides and the two boundaries are almost symmetric. In most cases, the piezoelectric plates work 

at the fundamental frequency. 

On the opposite, a fixed-fixed boundary condition indicates the medium is clamped at both 

boundaries, resulting in no displacement at the boundaries as 

 0| 0xu    , (1.30) 

 | 0x Lu    . (1.31) 

Vibration modes at this boundary condition are 

 ( , ) sin( ) , ( 1, 2,3,...)nj t

n n

n x
u x t A e n

L


   . (1.32) 

The first 3 vibration modes are shown in Figure 1.11.  

A third boundary condition is the fixed-free boundary condition, with one boundary of zero 

displacement and the other of zero stress. It is an equivalent issue either to be fixed at 0x   or 

x L . So in this topic, the fixed boundary is located at  0x   while the free boundary is 

located at x L . The boundaries are 

 0| 0xu    , (1.33) 

 0
x L

u

x 




  . (1.34) 

Vibration modes at this boundary conditions are  
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 ( , ) sin( ) , ( 1,3,5,...)
2

nj t

n n

n x
u x t A e n

L


   . (1.35) 

The first 3 vibration modes are shown in Figure 1.11. The transducer matching layer (~ 4 – 7 

MRayl) is close to the fundamental vibration mode with fixed-free boundary condition. The 

piezoelectric materials are the quasi-fixed boundary because of the high impedance of PZTs 

or relaxor-PTs (> 32 MRayl). The wave propagation medium out of the transducer, usually 

water or tissue, is the quasi-free boundary with impedance of 1.5 MRayl. The matching layer 

bridges the high impedance of piezoelectric materials with the low impedance medium outside 

of the transducer and enhanced the wave transmission efficiency at a certain frequency range. 

 

 

Figure 1.11 Standing wave vibration modes of the free-free, fixed-fixed, and fixed-free boundary conditions. 
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The theoretical calculations elucidate the basic vibration modes. In actual conditions, 

however, neither the active piezoelectric material nor the matching layer are exactly in these 

vibration modes. Matching layer makes the wave propagates towards the medium so that an 

impulse excitation diminishes with time.  

Reflection and scattering 

Acoustic energy is partially reflected and partially transmitted at mismatched boundaries 

(Figure 1.12 a). A matched boundary indicates the fact that the equivalent impedances across 

the boundary are in complex conjugate with each other (
*

1 2Z Z , with the star standing for 

complex conjugate operation). If 1Z  and 2Z  are real values, then 1 2Z Z . If the boundary is 

not matched (
*

1 2Z Z ), the reflection coefficient PR  and transmission coefficient PT  are 

given as 

 
*
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 , (1.36) 
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where the subscript ()P  stands for the pressure. Traditional ultrasound imaging technique was 

developed based on the reflection at impedance difference boundaries. An impulse is sent 

towards the target and the time-of-flight of the echo is used to calculate the distance of the 

target from the transducer, which is denominated as pulse-echo method. Amplitude of the echo 

ultrasound envelope reveals the boundary information including the boundary position, 
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impedance difference and so on. Consequently this 1-D imaging in time (axial space) domain 

is named as A-mode (amplitude-mode) imaging. 

 

 

Figure 1.12 a) Reflection and transmission of ultrasonic wave at impedance boundaries. b) Scattering of acoustic wave 

at particles smaller than the wavelength. 

 

If the reflecting boundary is not infinitely (or sufficiently) large plane but a small particle 

with similar or smaller dimension compared with the wavelength, then it acts as a scattering 

point source (Figure 1.12 b), with quasi-sphere wave given as 
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where A  is the pressure amplitude at the surface of the scatter source and r  is the distance to 

the center of the scatter source. Similar as reflection described in Equation (1.36), a higher 
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impedance difference between the medium and the particle results in higher scattering 

amplitude. A larger size of the scattering particle also leads to higher scattering amplitude. The 

scattering amplitude in the two-dimensional (2-D) space is usually displayed with brightness, 

and is thus named as B-mode (brightness-mode). B-mode imaging is the classic and the most 

widely used method in clinical ultrasound imaging. 

Attenuation 

Calculations above are based on an assumption that the loss is negligible in the wave 

propagation. As the acoustic wave propagates in a lossy medium, a portion of the mechanical 

energy is converted into thermal energy and dissipated. For the plane wave, the output pressure 

amplitude P  is  

 0

xP P e   (1.40) 

where 0P  is the initial input pressure amplitude and   is the frequency dependent attenuation 

coefficient usually given in dB/cm/MHz. At the back side (opposite side from the wave 

propagation field) of the transducers, a high lossy material is usually connected to the 

piezoelectric material so as to absorb the excessive acoustic wave and eliminate the reflection 

from back of the transducer. Such energy absorbing layer is named as backing layer. 

Ultrasound characteristics 

Power intensity I  describes the acoustic power W  per unit area A  

 I
W

A
 . (1.41) 
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The power intensity is directly related to the acoustic pressure as 

 
2

0

(1 )T t
I

p
dt

T Z
  . (1.42) 

High acoustic power intensity could be achieved by focusing acoustic wave to a point by 

acoustic lens or phase array for a high power therapy or higher resolution imaging. 

Mechanical index (MI) is another pressure related parameter to describe the pressure 

strength, which is defined as the peak negative pressure (PNP) in MPa, divided by the square 

root of frequency in MHz, 

 
( )

( )

PNP MPa
M

f
I

MHz
 . (1.43) 

The MI is highly related to bio-tissue nonlinearities because the tissue or microbubbles exhibit 

highly nonlinear vibrations at high rarefaction pressure. Detailed acoustic-tissue interaction 

will be discussed in the next sub-section. 

In ultrasonic imaging, as mentioned above, the target distance is calculated from the time-

of-flight of the echo. A short, distinct echo is ideal for a high resolution, high sensitivity 

imaging. The pulse length is routinely defined as the time interval out of which the amplitude 

of the wave envelope is lower than -20 dB. A short pulse length correlates to a wider band in 

frequency domain. There are many forms of definition of the bandwidth, directly in Hz, in 

octaves, and in fractional percentage. In ultrasound imaging routine, a fractional bandwidth at 

-6 dB is used to describe the pass band (half amplitude) divided by the center frequency. The 
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distinction of the echo from noise is denoted by the signal to noise ratio (SNR), which is also 

described in dB. A high transmission and high reception transducer tends to produce higher 

SNR images for a given target. The overall transmission and reception capability of a 

transducer is combined as the loop sensitivity, which is defined as the echo voltage amplitude 

versus the transmitting excitation voltage. In short, a broadband, high loop sensitivity 

transducer is ideal for ultrasonic the imaging. 

1.2.2 Interaction between ultrasound and tissue medium 

In either biomedical ultrasound imaging or therapy, interactions between ultrasound and 

tissue are utilized based on certain characteristics. One of the most widely used is the scattering 

of ultrasound by tissue in B-mode imaging stated above. In this research, more advanced 

interactions are involved including bio-heating, cavitation and nonlinear vibration of 

ultrasound agent (usually microbubbles). 

Bio-heating 

Bio-heating effect makes use of the attenuation as ultrasound propagates in tissue. 

According to Equation (1.40) to (1.42), the attenuation induced power loss in unit area at 

position x  to position x x   is 

 
2 2

0 (1 )x xI I e e      . (1.44) 

where 0I  is the initial power intensity at reference position 0x  . The following conclusions 

are obtained from Equation (1.44): 
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 power loss at position x  is proportional to the acoustic intensity; 

 deeper (larger x ) position has lower power loss; 

 the intensity vanishes faster with larger attenuation  . 

In most cases, characteristics of 1-dimensional plane wave are not ideal for biomedical 

applications. Typical applications of bio-heating mechanism are ultrasound treatment of 

tumors, cancers or benign diseases [50], generating heat from ultrasound wave to kill the tumor 

or cancer cells. Focused ultrasound (FUS) was implemented to solve the problem. Large 

aperture ultrasound transducer was designed to generate moderate intensity ultrasound at the 

surface of the transducer and high intensity ultrasound was achieved at the focal point by 

constructive interference. High intensity at the focal point induced high power loss, the energy 

of which is transformed into heat for treatment. 

Attenuation induced bio-heating is not an efficient mechanism to convert ultrasonic energy 

into heat because a large portion of the energy continues propagating into deeper tissue. At 

high intensity with high MI, cavitation effect is induced, which could greatly enhance the heat 

generation efficiency [51]. 

Cavitation 

Cavitation is the interaction between ultrasound and microbubbles, including bubble grow, 

vibration (expansion and compression in size), and implosion. According to the microbubble 

responses, cavitation is classified as two types: inertial cavitation and stable cavitation. 
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The inertial cavitation happens if the absolute value of acoustic negative pressure is higher 

than a threshold (high acoustic intensity), when the microbubbles grow in size and then 

collapse rapidly. The growth of microbubbles generally requires a surface as nuclei, which 

could be impurities in the liquid, or small undissolved microbubbles within the liquid. Such 

low pressure microbubbles implode violently when subjected to high pressure ambiance, and 

high temperature (thousands of degrees) and high pressure (kilobars) are generated, which 

induce a variety of chemical reactions [52]. The extreme condition and shock wave generated 

by inertial cavitation are destructive and harmful to tissue [53, 54]. Experiment showed that 

inertial cavitation significantly increased the heating efficiency by re-radiation of the incident 

ultrasound wave as broadband noise emission, which plays a major role in HIFU treatment 

[51].  

Stable cavitation refers to the microbubble vibration, i.e. alternation of microbubble size 

due to the external pressure applied on it. It happens if the external pressure (either positive or 

negative) is not high enough to generate or destroy existing microbubbles. Because 

microbubbles are more resistant to compression than to expansion, its vibration is highly 

nonlinear and a variety of frequencies (sub-harmonics, harmonics and super-harmonics, i.e. 

higher than the third order harmonics) are generated in the backscattering signal [55]. 

Detection and visualization of signals at these frequencies are sub-harmonic, harmonic or 

super-harmonic imaging. These techniques eliminated the strong fundamental frequency 

scattering from normal tissue and visualize the microbubble-enriched regions only, such as 

microbubble flooded blood vessels. High contrast to tissue ratio was achieved by imaging with 
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the nonlinearities of microbubbles [56-58]. In the applications with stable cavitation only, 

acoustic intensity is not high enough to grow microbubbles from nuclei. Existing microbubbles 

are needed to be added to the system. 

The two types of cavitation are classified to describe different microbubble responses, but 

are not isolated in actual conditions. For example, both types exist in HIFU treatment after 

microbubbles are generated by inertial cavitation. Ultrasonic cavitation has been a powerful 

tool for both treatment and diagnosis. 

1.3 Medical applications of ultrasound 

1.3.1 High intensity focused ultrasound 

High intensity focused ultrasound (HIFU) is a non-invasive treatment that delivers energy 

of acoustic wave to target, generating heat to damage diseased cells selectively at the focal 

point of the acoustic beam [59]. It can be used in many therapeutic applications such as drug 

delivery [38], control of bleeding [60], tumor or cancer ablation in prostate, liver, breast, 

kidney, sarcoma, uterine fibroids, and so on [61]. This therapeutic method was non-invasive, 

safe, repeatable [62], with demonstrated efficacy, and low-associated morbidity [63]. Major 

limitations of HIFU therapy were the long treatment time [62], which may last 1 hour for tumor 

of 3 mm diameter and more than 6 hour for tumors of 10 mm diameter [61] because each focal 

zone is a small volume with typically ellipsoidal in shape of ~ 1.5 cm in length and 1.5 mm in 

width [64]. A high efficiency HIFU ablation method would reduce the treatment time with 

limited power deposition. Another limitation of HIFU treatment is that the lesion position 
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needs to be in the acoustic window, otherwise, it is hard to heat the target without too much 

heating on the obstacles. HIFU transducer arrays [65] and time reversal beam focusing method 

[66] were developed to expend the application of HIFU to targets beneath ribs and skulls. 

Technological development suggested that HIFU is likely to play an significant role for non-

invasive therapy in future [67, 68]. 

As the treatment is beneath body surface (usually 2 – 9 cm [69]) without incision, real time 

monitor of the treatment is necessary. Magnetic resonance imaging (MRI) was usually used 

for the monitoring because it exhibits excellent detecting ability on the temperature inside body 

[70, 71] although the resolution and frame rate were not very high [72]. Ultrasound imaging 

was also applied as visualization of the heating effect including B-mode imaging [73], M-mode 

imaging [74], and ultrasound computed tomography [75] 

1.3.2 Imaging ultrasound  

Ultrasonic biomedical imaging covers enormous types of imaging techniques including 

traditional B-mode imaging [76], Doppler imaging [77], acoustic radiation force impulse 

(ARFI) imaging [42], contrast enhanced imaging [78], photoacoustic imaging [79], acousto-

optic imaging [80], harmonic imaging [81], and so on. Among these imaging techniques, ARFI 

is a special case that requires high intensity (> 2 MPa), quasi-continuous wave (300 – 1200 

cycles) to generate radiation force for the imaging. Tissue harmonic imaging and contrast 

harmonic imaging, either for intravascular environment or not, transmit moderate pressure (~ 

1 MPa) and short pulse (1 – 2 cycles) ultrasound wave to excite the non-linearity of tissue or 

bubble and detect the harmonic signal, so low power piezoelectric materials (soft PZT or PMN-
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PT) are good enough for this application. Doppler imaging uses several cycles (~ 10) at low 

acoustic intensity and detects the frequency shift of the received signal to calculate the 

movement of the target according to Doppler effect. Other imaging techniques utilizes low 

intensity, short pulses (~ 1 cycle), which are typically low power requirement of the transducers. 

In short, biomedical imaging applications (except ARFI) uses ultrasound to deliver information 

instead of energy so that generally low power ultrasound is needed, and hence high 

performance piezoelectric materials are ideal despite their low working temperature and high 

loss. 

Based on the sound wave delivering method, the ultrasound applications can be classified 

as transcutaneous and percutaneous. The transcutaneous ultrasound delivering method is to 

generated ultrasonic wave outside of the body and deliver the wave through the skin [82]. 

Advantage of this imaging method was the non-invasive feature and no much limitation on the 

dimension of the transducers, so that it was the most well developed and widely used for real-

time three-dimensional imaging [76]. This transcutaneous imaging mechanism is mainly 

limited by the penetration depth in applications which high frequency ultrasound was needed 

for high resolution imaging. In applications such as blood vessel wall imaging and vasa 

vasorum angiography, percutaneous ultrasound method was usually used, which delivered 

ultrasonic wave by an intravascular ultrasound (IVUS) transducer inside a catheter [83]. 

Visualization of the vessel structure could be reconstructed slice by slice by rotating the 

transducer and pulling it back through the catheter simultaneously [84]. Conventional IVUS 

imaging was very effective in detecting the coronary vessel wall structures and plaque 
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morphologies [85], but was not optimal for vasa vasorum imaging [86], details of which would 

be discussed in Chapter 3. 

1.4 Microwave 

In the multi-layer ultrasound transducer design, it is complicated to analyze the interactions 

among the layers and it is hard to find out an intuitive guideline on how to choose the layer 

parameters, such as thickness, impedance and so on. On the other hand, the electromagnetic 

wave equations are mathematically identical with acoustic wave, and microwave theory is 

well-developed on the calculation of multiple elements cascade. Hence, microwave theory can 

be introduced as a guidance of the multi-layer transducer design. 

Microwave theory [87] processes the electromagnetic field in a distributed wave manner 

instead of lamped elements. Energy is stored and transmitted as a distributed field. Electric 

energy exists as the electric field in the dielectric material (including vacuum) between 

electrodes, and magnetic energy exists as the magnetic field induced by alternating current in 

the electrode and electric displacement in the dielectric materials. Characteristics of the 

distributed field are highly dependent on the frequency, dimension, boundary conditions, and 

so on, which are studied as the transmission line theory. 

1.4.1 Transmission line 

Concept 

Transmission line is a section of cable that stores and transmits electromagnetic wave as a 

distributed field in the dielectric materials. Transmission line effect shows up because the wave 
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speed is finite and the electromagnetic field takes time to transmit from one end to the other. 

If the length of the line is significantly shorter than the wavelength, then the variation of 

electromagnetic field in the electrode and dielectric material is trivial. In that case, the 

transmission line could be considered as simply a conductor that connects the elements at the 

two ends. However, if the transmission line is longer or comparable with the wavelength, then 

the transmission line acts as a waveguide and the waveform in the transmission line is 

determined by the impedance conditions at the boundaries.  

Characteristics 

Transmission line is a typical distributed component with varying electromagnetic field 

characteristics along the line. Both voltage (electric field) and current (change of magnetic 

field) are propagating in a wave form with sinusoidal variation in both space and time domains. 

Equivalent (input or output) impedance of the line, defined as /Z V I , also varies along the 

line in both amplitude and phase in a sinusoidal manner. The schematic diagram of the 

transmission line is shown in Figure 1.13. 

 

 

Figure 1.13 Schematic diagram of the transmission line circuit. 



 

44 

 

The input impedance inZ  at the port of the line is  
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where 0Z  is the characteristic impedance of the line, LZ  is the impedance of the load and l  is 

the length of the line. The propagation constant   is defined as  

 j      (1.46) 

where   is the attenuation coefficient and   is the phase constant. In many cases, low loss 

transmission lines are used. If the attenuation   is negligible, then the input impedance 

reduces to  
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If the Thevenin’s equivalent impedance of the source at the input port of the line is SZ , then 

the reflection coefficient at the port is  
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 , (1.48) 

where 
*

SZ  is the complex conjugate of the source impedance SZ . If the line is lossless, there 

is no energy dissipation on the line. As a result, the transmission coefficient T  is calculated 

from the principle of energy conservation  

 21 | |T     . (1.49) 
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Multiple functions can be achieved by using the transmission lines. First, most transmission 

lines are low loss because the conductance of dielectric material is low and the resistance of 

electrode is low as well if the frequency is not extremely high. Low energy dissipation happens 

on the line. Second, impedance at the port can be tuned by adjusting the characteristic 

impedance and the length of the line, so that the reflection coefficient can be tuned to be 

matched or mismatched according to specific applications. Third, according to Equation (1.47), 

if the impedance is matched at the load ( 0LZ Z ), then the input impedance inZ  is always 

equal to 0Z  no matter how long the line is. The matched ports can be extended by a long 

matched transmission line. Because of their outstanding characteristics, transmission lines are 

widely used in microwave devices as the impedance matching network, and as energy 

transmission connection from microwave source to amplifier, from amplifier to transmitting 

antenna, from receiving antenna to signal processing unit, and so on.  

Cascade properties 

Multiple sections of transmission lines could be connected as a chain in cascade, with the 

rear sections acting as the load while the precedent acting as the source. Input impedance could 

be calculated section by section from the very end of the chain, and the reflection coefficient 

is calculated from the input and output impedance at the adjacent ports. Such calculation could 

be simplified as matric multiplication of ABCD parameters. The ABCD parameters are defined 

as 
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where V  and I  are the voltage and current, respectively, at the ports a and b denoted by 

subscripts ()a  and ()b . If N  components are cascaded in the chain, then the equivalent ABCD 

parameters of the chain is 
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For a section of transmission line, the ABCD parameters are 
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where 0 01 /Y Z  and other parameters are defined above. The input impedance of a cascade 

chain could be calculated directly from the equivalent ABCD parameters. 

1.4.2 Smith chart 

The reflection coefficient can be plotted in a polar plot that has a radius of one (Figure 1.14). 

Modulus of the vector in the polar plot elucidate the amplitude of the reflection coefficient and 

the angle denote the phase. The center point has a perfect matching with no reflection because 

its magnitude is 0 (green dot in Figure 1.14 a). At the unit circle with magnitude of 1, there is 

100% reflection and no transmission (red phasor in Figure 1.14 a). Plotting a reflection 

coefficient on the polar plot enables convenient interpretation of the properties of a reflection. 
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Figure 1.14 Example of a) an impedance Smith chart and b) an admittance Smith chart. 

 

Normalized impedance could be added in the polar plot, which is denominated as Smith 

chart (Figure 1.14 a). Real values of the impedance (resistance) are labeled on the horizontal 

axis of the chart while imaginary values (reactance) are labeled on the circles. Constant 

resistance lines are circles in the Smith chart with values marked on the horizontal axis. 

Constant reactance lines in the chart are the curves marked with imaginary numbers. The 

complex values inside the Smith chart are impedances with both resistance and reactance. 

Normalized admittance could also be added to the Smith chart (Figure 1.14 b), which is used 

for a shunt elements network.  
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1.4.3 Impedance matching 

A matched network is the network without reflection. If the network is lossless, the 

maximum power is delivered to the load. In most cases, maximum power delivery is desirable 

to minimize the power consumption for the same power output, to reduce heat dissipation in 

the system, and to increase the system stability due to low (if any) reflection from the load.  

A matched impedance indicates the fact that the impedances of the source and load (each 

might include a series of matching networks) are complex conjugate (
*

S LZ Z ). Typically the 

output Thevenin’s equivalent impedance of the source is 50 Ω, and the load is matched to 50 

Ω by the matching network. In order to make maximum power delivery, the network is usually 

matched with lossless (ideal case) elements such as capacitor, inductor and transmission lines.  

The impedance Smith chart is used for serial connected elements in the matching network. 

A serial connected capacitor decreases the imaginary value of the impedance along the constant 

resistance curve because there is no change on the real value of the impedance. A serial 

connected inductor increases the imaginary value of the impedance along the constant curve 

as well. A transmission line shifts the impedance around a circle (arrows in Figure 1.15 a). The 

admittance Smith chart is used for shunt connected elements in the matching network. An 

inductor decreases the imaginary value of the admittance while a capacitor increases the 

imaginary value of the admittance (blue arrows in Figure 1.14).  In short, an inductor shifts the 

curve upwards while a capacitor shift it downwards for both serial and shunt connections, but 



 

49 

 

on different curve, constant resistance for shunt connection and constant conductance for shunt 

connection.  

For a lossless transmission line, the impedance or admittance is shifted following a circle 

but not along the constant resistance or constant conductance (Figure 1.15). If the impedances 

are normalized to the characteristic impedance, then the center of the circle is at the center of 

the Smith chart. Otherwise, the center of the circle depends both on the normalized impedance 

and the impedance of the load. The shifting direction is clockwise with a period of / 2l  . 

In other words, the input impedance keeps constant after inserting a section of transmission 

line with half wavelength. Such periodicity could also be easily predicted from Equation (1.47).  

 

 

Figure 1.15 Locus of a transmission line in the Smith chart. 
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Quarter wavelength impedance inverter is often used in impedance matching network. With 

a quarter wavelength long transmission line, the Equation (1.47) reduces to 
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in

L

Z
Z

Z
  . (1.53) 

The input impedance at the quarter wavelength transmission line is reversely proportional to 

the load impedance. If the Smith chart is normalized to the characteristic impedance of the 

transmission line ( 0 1Z   ), then the input impedance is directly the reciprocal value of the 

load impedance (Locus in Figure 1.15 from length 0 to / 4 ). One more feature of the inverter 

is that if LZ  is real, then inZ  is real as well.  

1.5 Dissertation structure 

In this dissertation, dual frequency ultrasound transducers will be described for both 

therapeutic applications and for diagnosis applications, together with an acoustic filter design 

used in the transducers for the wave propagation control. The first chapter introduced the 

background information needed to design the dual frequency transducers. In Chapter 2, a 1.5 

MHz / 3 MHz dual frequency ultrasound transducer was designed, prototyped and tested for 

enhanced high intensity focused ultrasound (HIFU) tissue ablation. In Chapter 3, some 

intravascular ultrasound dual frequency transducers for contrast enhanced super-harmonic 

imaging were investigated, including their design, fabrication, characterization, in vitro 

imaging test and parameters optimization. In these transducers, specially designed anti-

matching layer(s) is needed to suppress the aliasing echo. Detailed design of the anti-matching 
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layer(s) was discussed in Chapter 4. Furthermore, the anti-matching layer not only suppressed 

the high frequency wave, but also enhanced the low frequency wave transmission. Finally, 

conclusions were given in Chapter 5 on the dual frequency transducers designed for medical 

applications and the design principles of multi-layer transducers.  
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Dual Frequency High Intensity Focused Ultrasound Transducer  

2.1 Background 

The first experiment of HIFU was proposed in 1942, by ablating tissue inside with little 

harm on the surface[7]. Since then, HIFU has become an important tool for noninvasive 

therapy [67, 69, 70, 88, 89]. In general, HIFU therapy was induced by hyperthermia effect, 

which was used to clinically manage a broad range of cancer and benign disease [50], including 

solid tumors [61, 90], breast tumors [75], blood-brain barrier [91, 92] and prostate cancer [63].  

In order to increase the ablation efficiency of HIFU treatment, multi-frequency ultrasound 

has been studied in recent years by a few groups [93-97]. As an example, the dual frequency 

tissue ablation experiments were carried out by simultaneously irradiating porcine liver regions 

of interest with confocal ultrasound transducers at 1.563 MHz and 1.573 MHz [93], where the 

frequency difference is 10 kHz. It was found that dual frequency HIFU induced larger lesions 

than conventional single-frequency HIFU under the same power density, which was likely a 

result of the enhanced cavitation. 

Cavitation is a controversial effect in HIFU ablation, which is classified as stable and 

inertial cavitation. Of them inertial cavitation bubbles generate broadband noise, which could 

re-radiate the incident sound and thus enhance heat generation, the scheme of which makes 

major contributes to heating enhancement [51]. Research shows that cavitation-induced 
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heating could generate a few times greater heat deposition than that induced by ultrasound only, 

largely due to the enhancement of cavitation yield from multi-frequency ultrasound [94-99]. It 

was also found that a three-beam configuration could further increase cavitation yield (28 kHz, 

1 MHz and 1.66 MHz combination) [100]. In quantitative comparison of single and multi-

frequency HIFU ablation, temperature rise showed that the ablation efficiency of multi-

frequency ultrasound is higher than that of single frequency ultrasound [101]. Treatment with 

dual frequency exposure showed better effect on elongating life of tumor-bearing-mice [102]. 

Besides enhanced heating, cavitation also helps monitoring the location of the heat deposition 

[51].  

Multi-frequency ultrasound takes the advantage of cavitation, but, in many cases, increases 

the complexity and cost of the HIFU system. For example, focal zone of the multiple 

transducers must overlap one another so as to generate enhanced inertial cavitation. Multiple 

transducers must be driven by multiple amplifiers and multiple function generators, which is 

prohibitive in implementing a HIFU array system with a large number of elements [101, 103].  

Initial effort of exciting a HIFU transducer with harmonic signals was explored to create high 

efficiency at low complexity [96, 104]. However, resonance of higher harmonics was weak 

compared to the base frequency resonance. 

In this study, a single aperture, dual frequency HIFU transducer was designed and fabricated 

with identical focal point for both working frequencies. First, performance of multilayer 

resonator design was analyzed , and design parameters were optimized with KLM (Krimholtz, 

Leedom, Mattaei) modeling [105] and field II program[106]. Then, the two-layer, dual 
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frequency transducer was fabricated and characterized. At last, tissue ablation test was 

performed using the prototyped transducer and the same driving electronic equipment at single 

frequency mode and dual frequency mode, respectively, for ablation efficiency comparison.   

2.2 Theoretical analysis 

2.2.1 Single layer vibration 

As is shown in Section 1.2.1, the vibration mode with a free-free boundary condition is 

defined as Equation (1.29), which is the general case for a single layer piezoelectric transducer 

(Figure 2.1 a). With a thickness of L , vibration modes that matches the boundary conditions 

are 
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and the resonant frequencies are 
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The first 3 resonant frequencies are shown in Figure 2.2. 
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Figure 2.1 Configuration of a) single layer and b) double layer transducers.  

 

With matching layer and backing layer added to the transducer, the front and back surfaces 

are not necessarily free to move, resulting in a frequency shift in each mode. Transmission line 

analysis provides a better approximation [107]. However, the ideal case (free-free vibration 

mode) provides a basic guideline on the transducer design.  
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Figure 2.2 Vibration modes of a single layer transducer. Values on Y-axis indicate the relative displacement in each mode. 

L is the thickness of the active (piezo) material.  

 

For a homogenous piezoelectric plate, the amplitude of higher order of harmonics, such as 

3rd and 5th harmonic, are pretty low (< -12 dB for this transducer) for a HIFU transducer 

because of the narrow bandwidth in most cases. And relative strength of each harmonic is 

hardly tunable. As a result, transducers with single homogenous piezoelectric layer were not 

widely used to generate dual or multiple frequencies HIFU ultrasound. The dominant 

resonance at it fundamental frequency is 
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the resonance of which is generally used as a single frequency transducer. 

2.2.2 Double layer resonator 

To design a single aperture dual frequency transducer, the overall piezoelectric material is 

divided into two identical layers as labeled in Figure 2.1 b). With this configuration, only layer 

1 of the transducer is excited while layer 2 of the transducer acts as a backing layer. Because 

the thickness is halved, twice of the initial frequency is generated. Instead of staying still, the 

plane at the center of the transducer vibrates, introducing vibration modes of
2

'n

n c

L


   , 

where values with prime indicate the double layer transducer. As is shown in Figure 2.3, the 

frequencies of each order of harmonic introduced by double layers are twice as the single layer 

transducer ( ' 2n n  ). At base frequency with 1n  , both n  and 'n  meet the 

requirements of the boundary condition. As a result, dual frequency ultrasound could be 

generated with this single aperture transducer. 
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Figure 2.3 Additional vibration modes of a double layer transducer. Values on Y-axis indicate the relative displacement 

in each mode. L is the total thickness of 2-layer piezo material. 

 

Compared to a single layer transducer with the same overall thickness, a dual layer 

transducer introduces another group of vibration modes ( 'n ), which is twice the frequency 

( n ) of the single layer transducer. Such new group of vibration modes appear in dual layer 

transducer because of break of symmetry by one-layer excitation, which overcomes the 

boundary condition limited by Equation (1.28). With proper design, i.e. thickness of active 

layers and matching layer, base frequencies at the two groups could be adjusted to be close in 

amplitude. Besides, amplitude of the two base frequencies is still much larger (> 12 dB) than 

that of higher order harmonics. 
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2.3 Dual frequency transducer  

2.3.1 Transducer design 

Based on the analysis, a dual-layer, dual frequency, single-aperture transducer was designed 

as shown in Figure 2.4. Two layers of PZT-2 were mechanically bonded together and 

electrically controlled separately so that the transducer could vibrate at different modes. 

Mechanically, two PZT-2 layers bonded in series. If the front layer vibrates, the back layer acts 

as a backing layer; in the other case that the back layer vibrates, the front layer acts as a 

matching layer. The thickness of each PZT-2 layer is half wavelength of 3 MHz ultrasound 

wave, so that the resonant frequency for each PZT-2 layer is 3 MHz. Bonded together, the two 

PZT-2 layers could vibrate as one layer with twice thickness and vibrate at the same mode, 

yielding 1.5 MHz ultrasound. In this case, the dual frequency transducer could work at 3 MHz 

mode or 1.5 MHz mode. The polarization of the two PZT-2 layers is opposite. In electrical 

view, electrodes between the two layers are shorted as fire signal. The front electrode of the 

front layer and the back electrode of the back layer could be grounded together, or one 

grounded while the other left non-connected. Thus, choices are available by exciting one layer 

or both layers. A summary of the vibration modes is listed in Table 2.1. 
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Table 2.1 Summary of vibration modes of the transducer. 

 front layer excitation both layer excitation 

electrical view 1 layer excited 

2 layers in parallel 

connection 

mechanical view active layer with backing homogeneous active layer 

resonant mode(s) 3 MHz & 1.5 MHz 1.5 MHz 

 

 

 

 

Figure 2.4 Configuration of the dual frequency transducer. Arrows on the transducer indicate the polarization direction. 
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2.3.2 KLM modeling  

The goal of this transducer design was to obtain dual frequency ultrasound with similar 

acoustic pressures from a single aperture. KLM model was used to estimate the performance 

of the transducer. In particular, electrical impedance spectrum of single layer and double layer 

resonators were modeled considering different matching and backing materials. 

In the modeling, 1.5 MHz and 3 MHz configurations were simulated separately. For the 

modeling of the 1.5 MHz single frequency configuration, the two PZT-2 layers were 

considered as one thick layer. With such assumption, the transmitting electrical impedance 

should be a quarter of the simulated value because of the mechanical serial, electrical parallel 

configuration. For the 3 MHz configuration, the front PZT-2 layer was used as the active layer 

and the back one was considered as the backing layer.  

Since there are two frequency modes in the transducer, the quarter wavelength matching 

layer could match only one frequency. Attenuation is higher in materials at higher frequency, 

so the matching layer was set to match the 3 MHz transducer to balance the power output of 

the two frequencies. Based on KLM simulation, thickness of the matching layer was set to be 

0.16λ for 3 MHz ultrasound. 

2.3.3  Acoustic field simulation  

In HIFU applications, targets beneath the skin are exposed to high pressure while keeping 

the surface of the skin little influenced. The key is to keep the acoustic pressure at skin within 

a low level and to focus ultrasound at target to achieve a pressure high enough to induce 
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hyperthermia effect, thus damaging the tumor or cancer cells. As a result, an estimation of the 

beam profile is desirable. 

Field II [106], a MATLAB based toolkit, was used to perform the field simulation. The 

surface of the transducer is concave because lens was added to the transducer. The focal length 

of the transducer is 15mm. Concave model was used in the simulation with an aperture radius 

of 12.7 mm and focal radius of 15 mm. Continuous wave was supplied to the transducer with 

an effective voltage of 100 V, corresponding to 283 Vpp. Based on KLM modeling, pressure 

generated by the transducer was 2.85 kPa/V and 1.81 kPa/V for 1.5 MHz and 3 MHz ultrasound 

respectively. Because the transducer is axial symmetric, emitted field was simulated with Field 

II on the y-z plane, with z-axis being the axial direction of the transducer. The boundary was 

set as -15 mm to 15 mm in y direction and 0mm to 40 mm in z direction to well cover the area 

of interest. 

2.3.4 Fabrication 

PZT-2, a piezoelectric ceramic material from Shanghai Ceramic Institute (Shanghai, P. R. 

China), was used as the active material in the transducer. PZT-2 plates with resonant frequency 

of 3 MHz were prepared, with the thickness of 0.735 mm and diameter of 25.4 mm. More 

parameters of the materials on the transducer are listed in Table 2.2.  
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Table 2.2 Parameters of the materials on the transducer 

Layers back support active matching 

Material hard air PZT-2 graphite 

Shape of the transducer round round round 

Diameter (mm) 25.4 25.4  25.4 

Thickness (mm) NA 0.735  0.172 

Sound speed (m/s) NA 4430 3230 

Impedance (MRayl) 0.5 34.1 6.0 

Relative dielectric constant NA 560 NA 

Coupling coefficient kt NA 0.52 NA 

Mechanical quality factor NA 1000 NA 

Dielectric loss NA 0.002 NA 

 

 

Two pieces of such PZT-2 ceramic plates were bonded together, forming the dual frequency 

transducer. The two PZT ceramics were bonded by epoxy with pressure applied on the 

ceramics. It was verified that the thickness of the bonding layer was less than 5 µm. Compared 

with the thickness of the PZT layers (735 µm), such bonding layer was considered as negligible 

for the vibration. In the wave forwarding direction, a block of graphite, 7.825 mm in thickness, 

was bonded to the surface of the PZT-2 ceramic. The graphite block was then machined to 



 

64 

 

form a 15 mm radius curvature and 7 mm in depth of the curvature. In the backing direction, 

very lossy microbubble filled epoxy, known as hard air, with an acoustic impedance of 0.5 

MRayl was bonded to the PZT-2 back surface to support the piezoelectric layers. Aluminum 

was used to house the transducer. 

Outside surfaces of both plates could be connected to ground while the center electrode 

between the two plates was connected to hot wire as is shown in Figure 2.4. In this case, the 

two PZT-2 plates could either be fired together or individually via two BNC cables.  

2.3.5  Transducer characterization  

Pulse-echo experiment was performed to verify the transducer performance. The transducer 

was positioned in a tank with degassed water. A steel block was put 15 mm away from the 

transducer to act as the target. Electrical pulse generated by Olympus 5077PR Square Wave 

Pulser/Receiver (Panametrics Inc., Waltham, Massachusetts, USA) was used to excite the 

transducer at 100V. Reflected impulse was first conditioned by the pulser/receiver and then 

measured and stored by the Agilent DSO7104B Digital Storage Oscilloscope (Agilent 

Technologies Inc., Santa Clara, California, USA). The obtained impulse response was then 

used for determination of sensitivity and bandwidth. 

Beam profile and high pressure at focal point were measured with a high power hydrophone 

(Onda HNA-0400, Onda Co., Sunnyvale, California, USA). In beam profile plotting, low input 

voltage of 56 Vpp was used to make sure of the safety of the hydrophone considering the long 

time exposure (almost an hour). The input of the transducer was set as bursts of 10 Hz RPF 
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with 5-cycle sine wave in each burst. The transducer was held in a stable fixture and 

hydrophone moved in the emission field to scan the pressure around the focal point. Motion of 

the hydrophone was controlled by a 3-dimesional stage powered by step motors in each 

dimension. High pressure at the focal was measured with increased voltage. Excitation type 

was the same as above, i.e. bursts of 10Hz RPF with 5-cycle sine wave in each burst. 

Hydrophone position was adjusted automatically and then fixed at the focal point with 

increasing voltage through the measurement. In the beam profile measurement, either long 

time exposure or very high pressure exposure happened to the hydrophone. As a result, low 

RPF (10 Hz) and burst with 5-cycle sine wave was used to excite the transducer. 

2.4 Tissue ablation 

For hyperthermia ablation comparison between single frequency and dual frequency 

ultrasound, acoustic power transmitted into tissue should be remained constant. For example, 

if 6 W was used in tissue ablation, then input power of all frequency combinations was adjusted 

so that the output acoustic power is 6 W. Power output of the transducer versus the input 

voltage was calibrated with an ultrasound power meter (Model UPM-DT-1AV, Ohmic 

Instruments Co., Easton, Maryland, USA). A single channel arbitrary function generator 

AFG3101 (Tektronix Inc., Beaverton, Oregon, USA) was used to provide waveforms needed, 

which was amplified by an RF power amplifier Model 3100L (Electronic Navigation Industries 

Inc., Rochester, New York, USA). Continuous sine waves with different voltages were 

supplied to the transducer and power was measured by the ultrasound power meter. The 
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amplification of the RF power amplifier is fixed, so voltage of continuous wave was adjusted 

by the function generator. With the monitor of the ultrasound power meter, voltage needed for 

each ultrasound type to generate 6 W was recorded, and used later in tissue ablation for 

comparison. 

Tissue ablation tests with the dual frequency transducer using single-frequency and multi-

frequency HIFU was carried out for ablation efficiency comparison. Packaged pork loin tissue 

was brought to room temperature and left in open air for 30 minutes before being used for 

experiments. The tissue was cut to obtain a clean, flat surface from a bulk piece, and then 

mounted into a 50-mm depth and 150-mm diameter plastic container. Thin steel needles were 

used to hold the tissue in the designed position relative to the container. The axial ultrasound 

beam was perpendicular to the tissue surface and focused at 5 mm certain depth into the tissue 

sample. A depth of 5 mm was chosen to avoid significant heat dissipation into water. 

Temperature was measured to numerically indicate the tissue ablation efficiency. A needle 

thermocouple probe (Omega HYP0, Stamford, Connecticut, USA) with diameter of 0.2 mm 

was positioned inside tissue at the focal zone to measure the local tissue temperature. A needle 

thermocouple was chosen to minimize acoustic field interference in tissue. This T-type 

(Copper-Constantan) thermocouple probe is enclosed in a long hypodermic needle, and also 

has a fast response with a continuous temperature rating below 200 ˚C. The thermocouple 

signal was acquired via data acquisition system (USB-6361, National Instrument Corp., Austin, 

Texas, USA) for signal recording and processing. 
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The porcine tissue sample and HIFU transducers were aligned as described. Ultrasound 

transducers and data acquisition system for temperature recording were triggered at the same 

time. Each measurement consisted of a 45 seconds ultrasound exposure at 5 mm below the 

tissue surface. Signals from thermocouple were simultaneously sampled at a rate of 100 

samples per second. The output acoustic power of 6 W was introduced for both single and dual 

frequency modes to compare the temperature rises. Each test under the same condition was 

repeated three times to obtain the average value. Dual frequency signal was generated by a 

function generator (Tektronix AFG3101, Beaverton, Oregon, USA). The ratios of the 

amplitudes of each frequency component were 1:1, 1:3, 1:5 and 1:10 (1.5 MHz: 3 MHz), and 

waveforms are shown in Figure 2.5. Relative magnitude of the two frequency components 

could be easily switched from the input waveform. 

 



 

68 

 

 

Figure 2.5 Signal waveforms generated by the function generator. a) 1.5 MHz signal. b) 3 MHz signal. (c-f) dual frequency 

signals. The rate of amplitudes between 1.5 MHz and 3 MHz is c) 1:1, d) 1:3, e) 1:5 and f) 1:10 respectively. 
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2.5 Results and discussion 

2.5.1 Transducer prototype 

The final transducer fabricated is shown in Figure 2.6. Electrical connection is led by two 

BNC cables. Center wires of both cables are connected together to the middle layer of the 

transducer. Shielding wire of the two cables are connected to the front and back surfaces of the 

transducer. To excite one layer of the transducer, only one of the cables is connected to power 

amplifier. To excite both layers, the two cables are connected both to power amplifier via a T-

shape signal splitter.  

 

 

Figure 2.6 Photograph of the fabricated dual frequency transducer. 
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2.5.2 Electrical characteristics 

Electrical impedance and phase spectrum were modeled separately for 1.5 MHz and 3 MHz 

and the results are shown in Figure 2.7. In the modeling result of the 1.5 MHz transducer, one 

resonance is found at 1.5 MHz. Large aperture of the transducer makes the electrical impedance 

low. With thin matching layer and very light (0.5 MRayl) backing layer, the phase at resonance 

is close to 60˚. For the 3 MHz modeling, as predicted, there are two resonant frequencies at 1.5 

MHz and 3 MHz respectively, which means the transducer works at two different vibration 

modes. 

 

 

Figure 2.7 Impedance and phase of the transducer with a) both layer excitation and b) front layer excitation. 
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Transmitting response was simulated for each frequency with 10-cycle sine wave burst 

excitation. Driven with the two frequency components, the transducer was expected to generate 

ultrasound with both frequencies. Based on the modeling, 1.81 kPa/V and 2.85 kPa/V were 

expected for 1.5 MHz and 3 MHz ultrasound at the surface of the transducer. Detailed 

transmitting response is shown in Figure 2.8.  

 

 

Figure 2.8 Acoustic pressure output with 5-cycle burst input at a) 1.5 MHz and b) 3 MHz. 
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2.5.3 Pulse-echo test 

Pulse-echo test was carried out in water tank, with 100 V supplied to the transducer as 

excitation.  A steel block 15 mm away from and facing to the transducer acted as the reflection 

target. Echo signal of impulse is shown in Figure 2.9 a). Ringing of the echo signal is a little 

bit long because of the light backing and little matching in the transducer.  FFT spectrum in 

Figure 2.9 b) clearly shows two strong resonant frequencies at about 1.5 MHz ( 1f ) and 3 MHz 

( 1 'f ) with almost identical amplitudes. This directly proved the capability of the transducer on 

generating 1.5 MHz and 3 MHz ultrasound, and agrees well with the simulation results. 

Relative to the base band frequency ( 1 1.5f MHz ), high order of harmonics of the transducer 

at 4.5 MHz ( 3f ) and 7.5 MHz ( 5f ) are very low, with an amplitude of -12.61 dB and -49.29 

dB respectively. 
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Figure 2.9 a) Reflected waveform and b) FFT of the waveform in pulse-echo test. 

 

2.5.4 Beam profile 

Beam profile of the acoustic field was simulated with Field II and measured with high power 

hydrophone. Simulation results are shown in a), c) and e) in Figure 2.10.  Because of stronger 

focusing, the 3 MHz ultrasound shows smaller focal zone than the 1.5 MHz ultrasound. The 

pressure of 3 MHz ultrasound at focal point is 8.39 MPa compared to 6.64 MPa for 1.5 MHz 

ultrasound, corresponding to a power density of 2.35 kW/cm2 for 3 MHz ultrasound beam and 
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1.47 kW/cm2 for 1.5 MHz ultrasound beam, respectively. With the same voltage input, the 

pressure of the dual frequency ultrasound is 8.30 MPa and the power intensity is 1.48 kW/cm2. 

Such power density is high enough to cause cavitation and hyperthermia effect, and thus 

resulting in lesion in bio-tissue [67].  

Profile of pressure distribution around the focal point was mapped with hydrophone at 56 

Vpp inputs.  Result of the scanned field around focal point is shown in b), d) and f) in Figure 

2.10. As listed in Table 2.3, the beam width and focal depth are much larger than that in the 

simulation. One of the main reasons might be the inaccurate location of the focal point. The 

focal zone is very sharp (-3 dB beam width of 0.35 mm for 3 MHz ultrasound) while the 

resolution of mechanical scanning of the water tank system is 0.5 mm. As a result, it is unlikely 

to measure the very peak value and the beam thus seems less focused. Profile of pressure 

distribution was measured at low pressure with low driving voltage. If driven by high voltage 

as used in HIFU application, more nonlinear effect is expected and the beam profile differs 

slightly [108]. 
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Figure 2.10 Ultrasound beam profile with frequency of a) & b) 1.5 MHz, c) & d) 3 MHz and e) & f) dual frequency. 

Figures a), c) and e) are from simulation while b), d) and f) are from hydrophone measurement. g) Color bar is shared by all 

the figures. 

 

A collection of the beam profile parameters is shown in Table 2.3. Note that the wave of 

dual frequency ultrasound is not sinusoidal wave, and the power density is calculated by 
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integration instead of 

2

2

P

Z
, where P is the pressure magnitude and Z is the impedance of 

medium. 

 

Table 2.3 Beam profile of the acoustic field. Beam width and depth are referred to -3dB value. 

 frequency 1.5 MHz 3 MHz dual 

from 

simulation 

focal length (mm) 15 15 15 

peak pressure (MPa) 6.64 8.39 8.30 

peak power density 

(kW/cm2) 

1.47 2.35 1.48 

beam width (mm) 0.65 0.35 0.45 

focal depth (mm) 2.15 1.1 1.65 

from 

measurement 

focal length (mm) 16.5 15 16.5 

peak pressure (MPa) 2.81 3.64 3.29 

peak power density 

(kW/cm2) 

0.263 0.442 0.233 

beam width (mm) 2 1.5 1.5 

focal depth (mm) 16.5 9 12.5 
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Acoustic pressure generated by the transducer at different voltages and frequencies was 

measured using the high power hydrophone and the results are shown in Figure 2.11. 

Compared to the simulation, the pressure measured from the hydrophone is lower. Several 

possible factors may cause this. One factor might be the low scanning resolution as mentioned 

above, which will lead to inaccurate position of focal point.  Another reason may be the 

imperfectness of the transducer lens, causing the less focused effect as shown in the beam 

profile.  

 

 

Figure 2.11 Acoustic pressure generated by the transducer with different frequency configurations. In this case, the dual 

frequency means 1.5 MHz and 3 MHz with 1:1 amplitude ratio. 
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2.5.5 Tissue ablation 

To make tissue ablation comparison among single frequencies and dual frequency modes, 

acoustic power calibration of the transducer at 1.5 MHz, 3 MHz and dual frequency (1.5 MHz 

+ 3 MHz) was performed to ensure that temperature rise of tissue ablation was compared under 

the same emitted ultrasound power. Ohmic Ultrasound Power Meter UPM-DT-1AV (Ohmic 

Instruments, St. Charles, Missouri, USA) was used for the acoustic power measurements. Input 

voltage was adjusted to generate a given power output. Voltage inputs for an output of 6 W at 

single frequencies and dual frequency are listed in Table 2.4. In case of dual frequency power 

measurements, input voltage signal ratio from the function generator of 1.5 MHz to 3 MHz 

was varied from 1:1 to 1:10 (shown in Figure 2.5) and the required input voltages applied to 

the transducer were obtained (Table 4).  

 

Table 2.4 Voltage to be applied to the transducer to generate 6 W acoustic power. 

Function generator signal Transducer voltage 

1.5 MHz 130 V 

3 MHz 111 V 

1.5 MHz + 3 MHz (1:1) 148 V 

1.5 MHz + 3 MHz (1:3) 128 V 

1.5 MHz + 3 MHz (1:5) 121 V 

1.5 MHz + 3 MHz (1:10) 114 V 
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Under the acoustic power of 6 W at different frequencies, the temperature measurement 

results are shown in Figure 2.12. Measurement of each curve were repeated at least 3 time with 

the same setup and the temperature rise was very consistent with an error less than 0.2 ºC. For 

porcine tissue ablation, highest temperature rise was found with dual frequency ablation with 

amplitude ratio of 1:10 (1.5 MHz : 3 MHz in amplitude). However, with dual frequency input, 

the acoustic pressure distribution is between the two single frequency experiments (Figure 

2.11), which means that the peak pressure at dual frequency is lower than that of single 

frequency 3 MHz ultrasound and higher than that of single frequency 1.5 MHz ultrasound. 

Therefore, this finding cannot be explained by the linear bio-heating theory where tissue 

temperature rise increases with acoustic pressure in tissue [64].  

 

 

Figure 2.12 Porcine tissue ablation tests using single-frequency ultrasound and dual frequency ultrasound with different 

frequency components under the same power (6 W). In the figure, single frequency ablations are shown with 1.5 MHz and 3 

MHz for corresponding frequency. For dual frequency ablations, relative amplitude ratios of 1.5 MHz and 3 MHz are shown 

as 1:1 and 1:10. 
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The measured results are similar to previous observations on multi-frequency ablation using 

different frequencies and tissue materials [93], and larger lesion size was induced by dual 

frequency ultrasound than that by single frequency ultrasound. Dual frequency ultrasound can 

generate higher temperatures under the same exposure condition may be attributed to the 

cavitation yield at different frequencies, even when frequency difference is greater than 500 

kHz. The frequency differences in multi-frequency mode may result in a low-frequency 

homogeneous acoustic wave, which will enhance the cavitation effect, according to Iernetti 

and Feng [109, 110]. A combination of two different frequencies may even result in the 

formation of constructive and destructive interference patterns that composed of waves with a 

wide range of different frequencies and pressure amplitudes. Cavitation is a random frequency 

dependent phenomenon, and thus the generation of waves with different frequencies increases 

the chance of more efficient energy dissipation during cavitation. 

2.6 Summary 

To achieve high efficiency HIFU ablation without introducing complexity to system or 

application, a single aperture, dual frequency HIFU transducer was designed, fabricated and 

characterized. Pulse-echo experiment shows that the amplitudes of two frequency components 

are almost equally strong, leading to the advantage that acoustic power output could be easily 

tuned from function generator input. Preliminary experiments on tissue ablation showed that 

higher tissue ablation efficiency can be expected from dual frequency ablation compared to 

single frequency ones. With proper combination of the two frequency components in the 
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function generator output (e.g. 1:10 of 1.5 MHz: 3 MHz in amplitude) and the same acoustic 

power output from the transducer, temperature rise measured was consistently more than that 

induced by single frequency ultrasound. Dual frequency induced temperature rise was 5% 

higher than that generated by single frequency 3 MHz ultrasound even with less focusing and 

more than 100% higher than that generated by single frequency 1.5 MHz ultrasound partially 

because of better focusing. This finding suggests that that dual frequency HIFU can be an 

effective approach for more efficient tissue ablation.  
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Dual Frequency Intravascular Super-Harmonic Imaging 

Transducer 

3.1 Background 

It is well known that atherosclerotic cardiovascular disease is a leading cause of death 

worldwide, and one which often manifests without warning [111]. According to the 2014 

update of Heart Disease and Stroke Statistics by the American Heart Association [112], there 

are more than 2000 deaths every day in United States on average, which is 1 death in every 40 

seconds. For up to 75% of acute coronary syndromes, the underlying pathological mechanism 

is hypothesized to be atherosclerotic plaque rupture [111].  Unfortunately, a high percentage of 

vulnerable plaques are also angiographically occult, and these are responsible for a high 

proportion of ensuing cardiac events resulting in either fatalities or requiring further 

interventional treatment [113, 114].  For this reason, detection and characterization of plaques 

which are rupture prone is one of the most active areas of research in cardiology and biomedical 

imaging [115].  The vasa vasorum is a network of microvessels which supports larger vessels 

such as the aorta, and increased density of the vasa vasorum has been associated with a plaque 

advancing from a stable state to a rupture prone state [116, 117].  Additionally, intraplaque 

hemorrhage occurring from thin-walled, immature microvessels has been present in plaques in 

many cases of sudden coronary death [118].  Evidence suggests that vasa vasorum proliferation 
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and associated angiogenesis and inflammation is associated with plaque instability and rupture 

[118-121]. As our ability to predict the instability of atherosclerotic lesions remains a substantial 

challenge, there is an unmet need for new imaging methods to identify, detect, and differentiate 

these pathologies [122].  

The new technology of ultrasound molecular imaging utilizes contrast agents displaying 

targeting ligands to identify areas of inflammation and angiogenesis associated with disease 

progression (targets that cannot be identified by B-mode ultrasound) [123-125].  Prior data 

suggests that ultrasound molecular imaging will provide a unique opportunity for plaque 

biomarker evaluation (such as inflammatory or angiogenic markers) and for identification of 

vulnerable plaques [126]. Additionally, a new high-frequency contrast imaging technique, 

acoustic angiography [4], takes advantage of exciting microbubbles near resonance and 

detecting their high-frequency, broadband harmonics with sufficient bandwidth separation to 

achieve both high resolution and high contrast-to-noise ratio (CNR).  Data has shown that 

acoustic angiography enables detailed visualization and analysis of microvascular structure [4, 

127], and will likely be applicable to vasa vasorum imaging.  Thus, we hypothesize that there 

is a role for contrast enhanced ultrasound imaging in the assessment of atherosclerosis.   

Feinstein has illustrated the potential of contrast enhanced transcutaneous ultrasound 

imaging on the carotid artery [128], but the potential of transcutaneous ultrasound has 

limitations with resolution and motion artifacts [129], especially if the target is the deeper 

coronary arteries. This may present an opportunity for intravascular ultrasound (IVUS) [84], 

which has been widely utilized for the characterization of coronary vessel walls [83], 
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morphology of plaques [130], and so on. However, conventional IVUS transducers are not 

optimized for contrast imaging [131], and, therefore, are ineffective for vasa vasorum imaging.  

This absence of technology may be due to the fact that nonlinear detection strategies for contrast 

imaging are most effective near the resonant frequency of microbubble contrast agents, which 

is typically between 1-10 MHz [132].   Thus, conventional contrast imaging strategies are not 

very effective with high frequency ultrasound (35-50 MHz) that is typically used with IVUS.   

To overcome this challenge, Goertz and collaborators have been evaluating both subharmonic 

and harmonic contrast IVUS imaging, with the goal of vasa vasorum imaging [114, 133]. Their 

research showed a contrast-to-tissue ratio (CTR) of 28 dB in subharmonic imaging with a 

fundamental frequency of 30 MHz [114] and 25 dB in second harmonic imaging with a 

fundamental frequency of 20 MHz [133].  

We hypothesize that resolution and contrast to tissue ratios can be further improved over 

subharmonic or harmonic contrast IVUS imaging by excitation of microbubbles near 

resonance and detecting their backscatter at a bandwidth substantially higher than that of the 

transmission, previously called “super-harmonic,” “ultra-broadband,” or “transient” imaging.  

In prior work, de Jong [134], Bouakaz et al [135], and Kruse et al [136] demonstrated that 

substantial improvements in CTR could be achieved by detecting the high frequency energy 

produced by microbubbles excited at lower frequencies.  Bouakaz et al utilized a dual 

frequency transducer to illustrate that the CTR of the 4th and 5th harmonic could be 15 and 7 

dB higher than that of the 2nd harmonic, respectively [135].   Kruse et al also utilized a dual 

frequency transducer arrangement, and demonstrated that substantial scattered energy from 
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microbubbles excited near 2 MHz could be detected at a frequency as high as 45 MHz.  More 

recently, Gessner et al [4, 127, 137] utilized mechanically-scanned dual frequency transducers 

(transmit at 2 or 4 MHz, and receive at 30 MHz) on the Visualsonics Vevo770 to perform high 

frequency 3-D contrast imaging of in vivo microvasculature and achieved resolution on the 

order of 100 microns with a CTR high enough so that microvessels could be readily segmented 

from the images and their morphology analyzed.  

Despite the promising CTR and vessel imaging capability of this imaging approach, there 

is a substantial challenge for “ultra-broadband” contrast enhanced intravascular ultrasound 

(CE-IVUS), which is likely why it is yet relatively undeveloped.  The primary limitation is the 

large frequency span, which is outside of the current bandwidth of commercially available 

single frequency transducers.   Such difficulty could be surmounted by using multiple confocal 

transducers as described by Gessner [137], however, such transcutaneous exposure method is 

almost impossible to be used for coronary vasa vasorum imaging due to penetration depth 

limitation and existence of ribs at the chest. Furthermore, it is hardly acceptable to decrease 

the frequency for a larger penetration depth because high resolution is needed for the vasa 

vasorum (diameter of 161 µm for the first order and 68 µm for the second order) [138] imaging, 

which requires frequency usually > 20 MHz. Intravascular ultrasound (IVUS) imaging may be 

a solution to this challenge of penetration depth, and has been widely utilized for the 

characterization of coronary vessel walls [83], morphology of plaques [130], and so on. 

However, conventional IVUS transducers are not optimized for contrast imaging, and, 
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therefore, are ineffective for vasa vasorum imaging. Up to date, there is no commercial 

transducers that could be used for IVUS super-harmonic vasa vasorum imaging. 

In this study, small aperture, dual frequency, IVUS transducers are introduced [139, 140], 

which provide sufficient bandwidth separation for high CTR, high-resolution CE-IVUS 

imaging. Design, fabrication, characterization and super-harmonic imaging capabilities were 

demonstrated. The imaging performance of the transducers were improved by changing the 

transmitting frequency and materials. High resolution (70 μm), high CTR (23 dB) images of 

microbubbles could be generated by the dual frequency transducers, indicating the potential 

imaging capability of second order vasa vasorum. 

3.2 Dual frequency IVUS transducer  

3.2.1 Transducer design 

There are several alternative structures of the dual frequency transducer design (Figure 3.1). 

One structure is to put the high frequency element and the low frequency element side by side, 

which is named as interleaved structure (Figure 3.1 a) [141, 142]. Advantage of this structure 

is the low crosstalk between the high frequency and the low frequency elements. However, 

this structure has misaligned beam profile between the two frequencies and the transmitting 

pressure was too low in the sensitive region of the high frequency beam (x = -0.2, y = 0 in 

Figure 3.2). If the elements are staked in layers (Figure 3.1 b), then the transmitting and 

receiving beam would have the best overlap because of the identical aperture. However, it is 

impossible to make the electrical impedance match for both elements. The low frequency 
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element is thicker than the high frequency element, so that the capacitance is lower. 

Consequently, the impedance (
1

Z
j C

  ) of the low frequency element is significantly higher 

than the high frequency element due to low   and low C . Furthermore, the natural focus 

point (near-field and far-field transition) of the two beams are also significantly different if the 

aperture of the two elements are the same. Based on these concerns, the structure of the 

transducer was designed as stacked layers with different apertures between the two active 

elements (Figure 3.1 c). 

 

 

Figure 3.1 Structural dual frequency transducer design alternatives.  
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Figure 3.2 Beam profile of the low frequency transmitter in the interleaved structure transducer. 

 

With details included, the dual frequency transducer was designed as a dual layer 

transduction structure, composed of a low frequency transmitting layer and a high frequency 

receiving layer (Figure 3.3) [140]. The transmission layer was placed behind the receiving 

layer (with respect to a forward traveling sound wave) since low frequency transmitted acoustic 

waves could propagate through the smaller, high frequency element. The placement of the 

receiving layer counted in the matching network of the low frequency transmission element, 

which showed positive effect that amplifies the low frequency propagation wave. The selection 

of 6.5 MHz as the transmitting layer’s center frequency was because it was both close to the 

contrast agents’ resonant frequency and since the piezoelectric material for this element was 

readily available.  The high frequency receiving layer was positioned in the front of the 
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transducer to achieve an optimal receiving performance of the high frequency element. If the 

two active layers are directly bonded together, then the high frequency receiving signal would 

continue propagation after being detected by the receiving element, the reflection of which at 

back side of the transducer would cause aliasing echoes that show up after the real signal. Such 

aliasing echoes could either cause fake imaging signal (if each echo is considered as signal) or 

reduce the resolution (if the series of echoes are considered as one signal). An acoustic filter 

with a quarter wavelength of 30 MHz was placed between the two piezoelectric layers to 

enhance the low frequency transmitting wave penetration, while reflecting the high frequency 

receiving wave to suppress the aliasing echo [143]. Detailed analysis of the acoustic filter will 

be described in Chapter 4.  Transducer dimensions were optimized using a KLM model [105] 

to validate the thickness of layers, length, and width of each component for ideal thickness 

mode excitation. The aperture of the high frequency (0.5 mm x 0.6 mm) receiving layer was 

designed to be similar to that of commercial IVUS transducers [144], and thus significantly 

smaller than that of the transmission layer (3 mm x 0.6 mm). The relatively large aperture of 

the low frequency component was designed to obtain reasonably low electrical impedance at 

low frequencies for higher acoustic pressure transmission. The modeling of the 30 MHz 

element considered the existence of the 6.5 MHz element at Side B (back side) as backing 

according to the structure of the design in Figure 3.3 [86].  
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Figure 3.3 Side view of the dual frequency IVUS transducer design. 

 

High efficiency is essential for the transmission in the space limited intravascular 

environment. First, in order to excite the nonlinearities of microbubbles, the super-harmonic 

imaging requires relatively higher peak negative pressure (PNP, > 0.6 MPa) than B-mode 

imaging. High performance (d33, kt) piezoelectric materials are critical. Second, high dielectric 

constant material is preferable due to the small aperture of the IVUS transducers. Third, the 

transducers work in low power, low temperature conditions so that high power piezoelectric 

materials are not necessary. According to the material properties listed in Table 3.1, 

magnesium niobate-lead titanate (PMN-PT) was selected to meet the requirements. The design 

of the transducer used lead PMN-PT instead of polyvinylidene fluoride (PVDF) for the 
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receiving layer since the sensitivity could be higher due to the following [145]: (1) Compared 

to PVDF, PMN-PT has a much higher piezoelectric and electromechanical coupling coefficient 

and (2) the dielectric constant of PMN-PT is 400 ~ 700 times higher than that of PVDF, making 

it easier to match the electrical impedance to the receiving system. Material properties and 

final optimized parameters for modeling and fabrication are summarized in Table 3.2. 

 

Table 3.1 Typical parameters of some candidate piezoelectric materials 

Parameters PZT-5H 

PMN-PT 

single crystal 

PMN-PT 1-3 

composite 

PVDF 

Dielectric εr 1800 4000 - 6000 ~ 3000 9 

d33 (pC/N) 640 2000 2000 -30 

kt 0.5 0.6 > 0.7 0.15 

Sound speed (m/s) 4400 4400 3950 1400 

Impedance (MRayl) 34 35 18 2.5 

Curie temperature 

(°C) 

350 160 160 

135 
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Table 3.2. Fabrication parameters of the dual frequency transducer. 

Parameters 6.5 MHz layer 30 MHz layer 

Active material PMN-PT PMN-PT 

Thickness (µm) 300 65 

Width (mm) 0.6 0.6 

Length (mm) 3 0.5 

Sound speed (m/s) 4400 4400 

Impedance (MRayl) 35 35 

Matching material Al2O3/epoxy Parylene 

Thickness (µm) 80 15 

Sound speed (m/s) 2800 2770 

Impedance (MRayl) 5.5 3.16 

Attenuation (dB/cm/MHz) 4.3 0.1 

Backing material Ag/epoxy Ag/epoxy (anti-matching) 

Thickness (µm) 200 15 

Sound speed (m/s) 1900 1900 

Impedance (MRayl) 5.15 5.15 

Attenuation (dB/cm/MHz) 8 8 
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3.2.2 Fabrication 

In the fabrication of the dual frequency transducer, a 5 x 5 mm piezoelectric acoustic stack 

was first assembled and then diced into 0.6 mm wide slices as individual transducers. The 

assembly process started with a 5 x 5 mm PMN-PT plate which was lapped to 300 µm (f = 6.5 

MHz) in thickness and then coated with Ti/Au (Ti: 10 nm and Au: 100 nm, E-Beam, Jefferson 

Hills, Pennsylvania, USA) on both surfaces (Figure 3.4-1). A second piece of PMN-PT (0.5 x 

5 x 0.3 mm) was then bonded on the first PMN-PT layer using conductive silver epoxy to form 

the high frequency receiving element and anti-matching layer [146]. Polystyrene microspheres 

(Polysciences Inc., Warrington, Pennsylvania , USA) having a nominal diameter of 10 µm was 

added (about 1% in volume) to the silver epoxy so that the thickness of bonding layer was 

controlled to be 13 - 15 µm in order to function as a anti-matching layer previously mentioned 

(Figure 3.4-2). After the silver epoxy cured, a composite layer of Al2O3 powder (1 µm grain 

size, Logitech Limited, Glasgow, UK) and Epo-tek 301 (Epoxy Technology Inc., Billerica, 

Massachusetts, USA) was mixed 1:1 by weight and centrifuged at 10000 RPM (5590 g) for 10 

minutes (Microfuge Lite, Beckman Coulter Inc., Brea, California, USA). The prepared 

composite was then cast onto the front of the 5 x 5 mm PMN-PT layer beside the 0.5 mm width 

slice. A small margin (0.5 mm) at one edge was left as an electrical connection site for later 

wiring. After the Al2O3/epoxy composite cured, it was then lapped until the bonded composite 

layer was 80 µm thick, making the thickness of the top PMN-PT layer 65 µm (f = 30 MHz) on 

top of the 15 µm anti-matching layer (Figure 3.4-3). Another Ti/Au layer (Ti: 10 nm and Au: 

100 nm) was then deposited onto the top surface to form the top electrodes. The final stack 



 

94 

 

was then diced into 0.6 mm wide slices to form individual dual frequency transducers (Figure 

3.4-4). Each slice was bonded to the tip of a 20 gauge hypodermic needle (Fisher Scientific 

International Inc., Hampton, New Hampshire, USA) and then coated with a layer of parylene 

film (15 µm). The parylene film served two purposes: (1) to act as a matching layer of the 30 

MHz, high frequency element and (2) to provide electrical isolation in the form of a passivation 

layer for the entire transducer. Finally, the transducer was poled with a DC electrical field of 

10 kV/cm for 15 minutes in silicone oil at room temperature.  

 

 

Figure 3.4 Fabrication process diagram of the dual frequency transducer. 

 



 

95 

 

After the transducers were poled, electrical characteristics such as capacitance, loss, and 

input electrical impedance were characterized using an Agilent 4294A Precision Impedance 

Analyzer (Agilent Technologies, Inc., Santa Clara, CA, USA). Capacitance and loss were 

measured at 1 kHz and the input electrical impedance was measured near the resonant 

frequency of each element, individually. 

3.2.3 Acoustic characterization 

The main design consideration for the low frequency (6.5 MHz) transmission element was 

peak negative pressure (PNP) and the pulse length. Large PNP (e.g. >1 MPa) is desirable to 

produce detectable nonlinear oscillations of microbubble contrast agents. Less pulse length 

with fewer number of negative peaks leads to higher resolution because each high pressure 

negative induces nonlinearities in the bubble, generating super-harmonic signal and decreasing 

the axial resolution. The pressure output of the small aperture transducer was measured using 

a calibrated needle hydrophone (HNA-0400, Onda Co., Sunnyvale, California, USA) 

positioned axially at 3 mm away from the transducer. This distance was kept constant (3 mm) 

between pressure measurements and subsequent microbubble tests in order to estimate pressure 

levels applied to the contrast agents. The excitation pulse used was a sinusoidal burst (1-5 

cycles) at 6.5 MHz generated by the arbitrary function generator (AFG3101, Tektronix Inc., 

Beaverton, Oregon, USA) and amplified by 55 dB with a radio frequency amplifier (Model 

3200L, Electronic Navigation Industries Inc., Rochester, New York, USA). The amplitude of 

the transmission signal was adjusted from 50 to 350 mV (peak to peak) prior to amplification. 

Pressure output of the transducer was recorded using an in-house LabVIEW (National 
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Instruments Co., Austin, Texas, USA) data acquisition system. Pulse length was defined as the 

-6 dB amplitude relative to the largest negative peak pressure, because pressure with amplitude 

less than -6 dB was considered too low to generate super-harmonic signals on microbubbles.  

Sensitivity and pulse length are important characteristics of the receiving element for high 

CTR high resolution imaging. Receiving elements were characterized using the pulse-echo 

method. The transducer was excited by a customized pulser/receiver system [147] using a 20 

V 1-cycle impulse. A steel block was placed in front of the transducer as the reflection target. 

Envelope of the echo was calculated as the absolute value of the Hilbert transformation on the 

time domain signal. Sensitivity of the transducer was defined as the amplitude of the envelope 

divided by the 20 V amplitude input. Axial resolution of the transducer was also calculated 

from the envelope with amplitude higher than a threshold (-6 dB or -20 dB). 

3.3 Imaging tests 

3.3.1 Microbubble response test 

To validate the contrast response of the transducer, microbubbles were excited by the low 

frequency element and the nonlinear responses from microbubbles were detected using the 

high frequency element. Relative positions of the transducer and the tube were carefully 

adjusted in a water bath using a 3-axis precision rectilinear stage. In the alignment process, an 

acoustically transparent 200 µm diameter micro-tube was filled with air to provide a strong 

echo to indicate alignment in the lateral dimension of the 30 MHz element. Time of arrival of 

the echo was used to calculate the distance between the transducer and the tube in order to 
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position it axially 3 mm away from the transducer. Polydisperse lipid shelled microbubbles 

(Figure 3.5) were formulated as described previously [148] and pumped through the aligned 

micro-tube at a concentration of 4.8x108 MBs/mL at a velocity between 1.8-4.4 cm/s to 

maximize the signal response. The tube was slightly angled (~10°) with respect to the front 

surface of the transducer to reduce specular reflections from the wall of the tube. 

 

 

Figure 3.5 Microbubble size distribution. 

 

Once the transducer was aligned and positioned for the contrast imaging, the excitation 

pulse sequence was adjusted for optimal imaging quality. A sinusoidal burst was used to excite 

the transmitting element with pulse lengths between 1 to 5 cycles and voltage variations from 
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50 to 350 mVpp in 50 mVpp increments. For each combination of testing parameters, 100 A-

lines of microbubble echoes were received and recorded by the high frequency element for 

offline analysis. The contrast imaging data was evaluated using both time domain amplitude 

analysis and short-time Fourier transform. 

3.3.2 Fundamental imaging 

Fundamental imaging at 30 MHz and dual frequency super-harmonic contrast imaging were 

tested with the transducer in tissue-mimicking phantoms immersed in water (Figure 3.6).  

Typical phantoms had a speed of sound similar to tissue (1496 m/s), relatively high attenuation 

(0.9 dB/cm at 3MHz), and had fully developed speckle.  A hole was drilled through the 

phantom by a thin wall steel tube (5.5 mm OD, 0.4 mm wall thickness) to simulate a vessel. 

After drilling, the dual frequency probe was placed in the center of the lumen and rotated to 

make an IVUS image. The rotation was controlled using a microcontroller that stepped the 

transducer at 0.9° angular increments for one revolution and provided a trigger for the 

excitation pulse. An acoustically transparent micro-tube with 200 µm diameter was placed 

through the phantom, running parallel to the channel to mimic the vasa vasorum. Diluted 

microbubbles were pumped through the tube (4.4 cm/s) while imaging.  A 0.6 mm diameter 

steel rod was placed in the phantom opposite of the microbubble tube to provide a strong 

reflection target for comparison. Both the microbubble tube and the steel rod were embedded 

at ~ 4 mm radially in the phantom to test if the system could detect contrast in a scattering and 

attenuating medium, which is typical of tissue.  
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Figure 3.6 Experimental setup for the imaging. 

 

The 30 MHz high frequency element was used for the fundamental imaging. In other words, 

both acoustic excitation and signal reception were performed using the 30 MHz element. A 

pulser/receiver supplied the transducer with a 1 µJ excitation pulse at every step and the 

reflected signal was recorded by the LabVIEW data acquisition system described previously.  

3.3.3 Super-harmonic imaging 

In super-harmonic imaging, the setup is similar as that for fundamental imaging except that 

the existence of the steel rod. For super-harmonic imaging, a 2-cycle sinusoidal burst generated 

by AFG3101 was amplified by the 3200L RF amplifier to excite the 6.5 MHz transducer while 
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the 30 MHz element was used for receiving.  A synchronized 3-dimensional (3D) motion stage 

and a stepper motor (400 steps/rev) produced the mechanical scan for 3-D imaging. The 6.5 

MHz element was excited by 1-cycle or 2 cycle burst using the imaging system, and the 30 

MHz element received the high frequency super-harmonic signals. The signal was digitally 

band pass filtered with a frequency window of 25 MHz to 35 MHz corresponding to the receive 

element’s bandwidth. Envelope of the wave was defined as the absolute value of Hilbert 

transform from the filtered signal. Contrast to tissue ratio (CRT) was defined as the amplitude 

of the envelope for contrast signal to the amplitude of the noise. 

3.4 Preliminary results  

3.4.1 Prototype and housing 

The dual frequency transducer prototypes were housed on the tip of a 20 gauge hypodermic 

needles (Figure 3.7 a) for demonstration. The back surface (Side B in Figure 3.3) of the 

transducer was bonded to the needle with conductive epoxy, allowing the needle to function 

as an electrode leading to the back side of the 6.5 MHz transducer. Co-axial wires (25 gauge) 

were attached to the top electrode and common electrode between the two PMN-PT layers and 

then threaded through the needle.  
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Figure 3.7 Prototype transducers a) housed on the tip of a 20 gauge hypodermic needle or b) integrated in a commercial 

catheter. 

 

Eventually the transducers would be housed inside catheters used for IVUS imaging. The 

viability was demonstrated by housing the transducer into a commercial catheter (Figure 3.7 

b) from Boston Scientific (Natick, Massachusetts, USA). Obviously the transducers are small 

enough to fit inside the IVUS catheters.  

3.4.2 Electrical characterization 

The capacitance and loss at 1 kHz (measured with an Agilent 4294A Precision Impedance 

Analyzer) showed good agreement to predicted values. Capacitance values of the transducers 

were 344 pF for the 6.5 MHz transmission element and 131 pF (including a 2 pF parasitic 

capacitance from Al2O3/epoxy layer) for the 30 MHz receiving element.  This data was in 

agreement with theoretical calculations using a relative dielectric constant of 4000 (HC 

Materials, Inc.). Loss of the transducer was 1.1% for transmission and 2.7% for reception, 

similar to the properties of PMN-32%PT.  
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The measured input electrical impedance at the resonant frequency (Figure 3.8 b, d) 

matched well with the results of the KLM modeling (Figure 3.8 a, c). In order to obtain a strong 

resonance for high pressure output in the transmission element, the backing layer of the 

transmission element was designed with reasonable absorption for compromise of achieving 

sufficient pressure output while minimizing ringing. In both the modeling and measured results, 

a strong resonance occurred at 6.5 MHz (Figure 3.8 a, b). The center frequency of the receiving 

element was designed to be 30 MHz (Figure 3.8 c, d) and the measured results agreed very 

well with simulations. 

 

 

Figure 3.8 Electrical impedance of the a), b) 6.5 MHz element and c), d) 30 MHz from a), c) KLM modeling and b), d) 

measurement from impedance analyzer. 
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3.4.3 Acoustic characterization 

The peak negative pressure of the 6.5 MHz element was recorded with different excitation 

voltages. Measurements were recorded at the contrast imaging area in order to verify that this 

would be the pressure applied in the region of the microbubbles. As shown in Figure 3.9, the 

response of the low frequency transducer was nearly linear at excitation voltages lower than 

70 V, having an average transmitting sensitivity of 14.5 kPa/V. Nonlinearities showed up when 

the input was higher than 70 V. At about 100 V, more than 1.2 MPa rarefractional pressure 

(MI: 0.48) was generated, which was sufficient to produce a high-frequency, broadband 

response from microbubbles imaged in tissue in prior studies [127, 149].   

 

 

Figure 3.9 Peak rarefractional pressure at the contrast imaging area, 3 mm away from the center of the transducer, using 

a 5-cycle burst excitation on the low frequency (6.5 MHz) element at varied voltages. 
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Beam profiles of the transmitter were scanned with the hydrophone (HNA-0400, Onda Co., 

Sunnyvale, California, USA) and motion stage controlled by LabVIEW (National Instruments 

Co., Austin, Texas, USA). With the stacked layers design with different transmitter/receiver 

apertures, the output pressure (Figure 3.10) at the center of the beam (x = -1, y = 0) was almost 

as high as that at the side (x = -2 to x = 1, y = 0). The high pressure beam covers the center 

region of the transducer so that super-harmonic signal could be detected by the receiver.  

 

 

Figure 3.10 Bema profile of the transmitter with strong pressure at the middle. 
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Pulse-echo experiments illustrated the broad bandwidth of the receiving element (Figure 

3.11 b). The pulse length of the echo signal was about 119 ns (at -20 dB for the envelope), 

corresponding to an spatial axial length of 89 µm in tissue, which means that the high frequency 

transducer can be used in pulse-echo mode for high resolution fundamental imaging. The -6 

dB fractional bandwidth of the receiving element was measured to be 46%, covering a 

frequency span of 22.9 – 36.6 MHz, providing good reception of the high-frequency, 

broadband (4th to 7th order harmonics) microbubble response. Because of the anti-matching 

layer, the high frequency element behaves as if there was little backing for it. As such, the 

bandwidth predicted by the modeling result was broad (Figure 3.11 a) and is seen in the 

measured bandwidth (Figure 3.11 b). According the measurement result, the loop sensitivity 

of the high frequency receiving element is -27 dB.  

 

 

Figure 3.11 Pulse-echo response and its FFT spectrum of 30 MHz element in a) modeling and b) measurement. The 

aliasing echoes are marked by the red ellipses. 
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The transmit frequency spectrum was measured by hydrophone using a 2-cycle burst 

excitation, and the receive bandwidth was measured from the pulse-echo experiment driven 

with a 1 µJ impulse.  The -20 dB frequency response of the transmit element was 4.0 – 8.9 

MHz.  The frequency response of the transmitting and receiving elements were well separated 

(5.6 MHz stop band at -20 dB) (Figure 3.12), which is ideal for detecting microbubble 

broadband frequency content and achieving high contrast to tissue ratios.  

 

 

Figure 3.12 Transmission (2-cycle burst) and receiving (pulse-echo) bandwidth separation. 
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3.4.4 Microbubble response  

Microbubble response was clearly detected with the dual frequency transducer.  In the time 

domain amplitude analysis, a root-mean-square (RMS) value through the 100 lines of data was 

taken as the amplitude of the microbubble response. The received data was first high pass 

filtered at 10 MHz to thoroughly remove residual tissue/phantom responses at the fundamental 

or low harmonic frequencies. Residual stationary signals from the tube wall were filtered using 

a clutter filter, leaving only the transient high frequency signal from microbubbles.  RMS 

values of the microbubble response with different excitations were shown in Figure 3.13. As 

shown in the figure, the background noise was about 0.5 mV, the source of which primarily 

comes from the noise of the amplifier. With 1-cycle burst excitation, the peak negative pressure 

was low (PNP < 0.65 MPa) at all voltage inputs (14 V – 98 V), resulting in low (6 dB) SNR 

(Figure 3.13 a). With 2 or more cycles in each burst, microbubble response could be more than 

1.5 mV at 70 V excitation (PNP ≥ 0.8 MPa), and the SNR was larger than 10 dB (Figure 3.13 

b and c). Because of the small Q-factor of the receiving element, each negative peak of the 

transmission wave was clearly discernible temporally (Figure 3.13 c). At 2 or more cycles in 

each burst, 42 V input excitation was high enough to excite the nonlinear microbubble response 

(however, at a low SNR of 4 dB), corresponding to a rarefractional pressure of 0.65 MPa. The 

microbubble response was just slightly higher at 98 V input compared to 70 V input, and we 

hypothesize that increasing the pressure too high may decrease the CTR due to relatively high 

nonlinear response in tissue. No signal was detected at low level voltage excitation (14 V) and 

the response was always within the noise. In summary, the SNR increased rapidly with 
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increasing driving voltage and then leveled off (e.g. < 70 V). If the input voltage was higher 

than 70 V, the signal increase of the microbubble response was less significant.  Gessner et al 

also observed a similar plateau for nonlinear microbubble response as a function of pressure 

when excited at 2 MHz [150]. The excitation voltage may be further optimized for in vivo 

conditions. 

 

 

Figure 3.13 Amplitude of nonlinear microbubble response with sinusoidal bursts of a) 1-cycle, b) 2-cycle and c) 5-cycles 

at different voltage excitations. 
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 The spectra of the received signals were analyzed to investigate the microbubble response 

in frequency space. Spectra of all the 100 measurements were calculated using the short-time 

Fourier transform and the spectrum for a given test condition was analyzed. As shown in Figure 

3.14, frequencies lower than 20 MHz were intrinsically suppressed by the transducer’s 

receiving sensitivity so low frequency harmonics of the fundamental do not greatly contribute 

to the image formation in dual frequency imaging. Input voltage was kept at 70 V while number 

of cycles in the burst varied (Figure 3.14). Fewer number of cycles produced higher axial 

resolution, however, a 1-cycle burst suffered from low SNR because the peak negative pressure 

was too low to induce sufficient microbubble harmonics. With a 2-cycle burst at 70 V input, 

microbubble response was detected while minimizing loss of axial resolution (about 200 µm). 

The frequency content of the noise was less than -12 dB relative to the peak frequency content 

of the microbubble signal (Figure 3.14 b).  
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Figure 3.14 Spectrum of microbubble responses at 70 V with a burst of a) 1-cycle, b) 2-cycles, c) 3-cycles, d) 4-cycles, e) 

5-cycles. The spectrum of a water filled tube at 70 V with a burst of f) 5-cycles shown for comparison. 

 

The presence of the microbubble signal was verified by rinsing the tube with pure water. 

The high frequency response observed when imaging microbubbles vanished instantly when 

the microbubbles were cleared (Figure 3.14 f). 
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3.4.5 Fundamental imaging 

Fundamental imaging mode was performed using the 30 MHz element in pulse-echo mode. 

An impulse with 1 µJ energy was used to produce acoustic waves and the reflected signal was 

recorded by a LabVIEW data acquisition system at 100 MHz sampling rate. The envelope was 

detected and the magnitude was scan converted to polar system as shown in Figure 3.15. In 

fundamental imaging mode, the reflection from the 0.6 mm steel rod was nearly 20 dB stronger 

than that from the 200 micron tube containing microbubbles. 

 

 

Figure 3.15 Fundamental imaging at 30 MHz. 
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3.4.6 Super-harmonic imaging 

In the super-harmonic imaging mode, microbubbles were excited using the low frequency 

element and backscatter was received using the 30 MHz element. The transmission input was 

a 6.5 MHz 2-cycle sinusoidal burst at 84 V. The received signal was high pass filtered at 10 

MHz before being digitized. 

The data was filtered digitally and reconstructed to create an image offline in MATLAB. 

First, each line in the scan was band pass filtered with a 60th order finite impulse response filter 

with corner frequencies of 25 and 35 MHz, which is also the sensitivity range of the transducer. 

The frequency content in this bandwidth covers the majority of the 4th and 5th harmonics of 

the transmission frequency. After filtering, the wave package was detected from the signal and 

the magnitude was scan converted to polar coordinate as shown in Figure 3.16. 
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Figure 3.16 Super-harmonic imaging of the microbubble tube and a steel rod. 

 

The microbubble filled tube was clearly detected with a CTR of 12 dB. There was some 

nonlinear response on the rod signified by its presence in the image even after filtering, but the 

signal magnitude was strongly decreased in comparison to the fundamental mode image. In 

dual frequency imaging, the microbubble response was almost the same magnitude as the 

reflection from the steel rod. Both axial and lateral resolutions were high enough to clearly 

resolve the 200 µm microbubble tube. The diameter of the steel rod can also be clearly 

visualized to be 0.6 mm in lateral direction but not easily seen in the axial direction. Because 

the sound speed in steel is about 4 times of that in water, the reflection from the back surface 
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of the steel rod seems very close to the reflection from the front surface, introducing a high 

distortion in the axial resolution on the rod. 

3.5 Performance optimization 

3.5.1 Optimization approaches 

Low frequency transmitter is subjected to the main limitation of the performance and has 

more room for the performance optimization. First, as shown in previous research [135], 

imaging with reasonably higher order of harmonics tended to generate higher CTR. However, 

the receiving frequency is the major limitation of the penetration depth, which could not be 

increased without sacrificing the penetration depth. The way to increase the CTR would be 

realized by decreasing the transmitting frequency [151]. Second, for this dual frequency super-

harmonic imaging transducer, the wavelength of the low frequency wave is several (4 – 6) 

times longer than the high frequency wave. As a result, decreasing the pulse length of the low 

frequency element is much more efficient to increase the axial resolution. Based on these 

consideration, the first step of performance optimization was focused on the transmitting 

frequency and the pulse length of the low frequency transmitters. Of cause, the high frequency 

sensitivity and pulse length are also important features of the dual frequency transducers. These 

minor optimizations are left for future work on this project. 

First, the frequency of the transmitter was decreased from 6.5 MHz to 5 MHz. Because the 

transmitter was much larger than the receiver, the intravascular environment dominantly 

limited the transmitter. As a result, the aperture size of the transducer remained constant as 
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when decreasing the transmitter frequency. In this case, the width-to-thickness ratio would be 

less than 2 in the 5 MHz transmitter, so that the lateral mode would be coupled in the thickness 

mode vibration, leading to a decreased pressure output. The lateral mode vibration could be 

suppressed by microstructures like 1-3 composites. So in this frequency optimization, constant 

pressure was used to compare the CTR between 5 MHz and 6.5 MHz transmitters. 

Second, pulse length was decreased by replacing the PMN-PT single crystal by PMN-PT 

1-3 composite. As an imaging transducer, a short pulse length is preferable, which determines 

the axial imaging resolution. PMN-PT 1-3 composite possesses high coupling factor ( tk  is 

close to 33 ~ 0.9k ) and relatively low acoustic impedance (~ 18 MRayl), which is preferred for 

a short impulse response and high resolution imaging. However, the pressure output efficiency 

of PMN-PT 1-3 composite is affected by two controversial effects: the ultrasonic wave 

generation and propagation efficiencies. Low fraction (~ 50%) of active material leads to low 

wave generation efficiency while low impedance of the composite materials causes high wave 

propagation efficiency. As stated above, the lateral mode could be suppressed in the 1-3 

composite. The resonant frequency of these 1-3 composite transmitters was 5 MHz. 

Fabrication and characterization process of these 5 MHz transmitter transducers were very 

similar to that of the 6.5 MHz transmitter transducers. These transducers were characterized to 

obtain the transmitting pressure output and the contrast imaging result. In the imaging, the 

setup (Figure 3.17) was similar to that in the preliminary experiment, except that the steel rod 
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was not included because the receiver was designed to be identical and it was not necessary to 

compare the B-mode imaging.   

 

 

Figure 3.17 Setup of vasa vasorum imaging in vitro. Phantom was used to mimic the coronary vessel wall and an 

acoustically transparent micro-tube was used to mimic the vasa vasorum. 

 

3.5.2 Transmission output  

Transmission characteristics of the transducers were verified by hydrophone with one- or 

two-cycle bursts excitations. Pressure measurement results were normalized to unit voltage (1 

V) applied on the samples, which are shown in Figure 3.18.  
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Figure 3.18 Transmission sensitivity of the prototype transducers with the transducers shown at the left and the excitations 

shown at the top. All the values are normalized to unit voltage as kPa/V. 

 

Normalized pressure value of each transducer in each test condition is marked by the dash 

horizontal line in Figure 3.18. Because the width-to-thickness ratio (W/T) of the 5 MHz single 

crystal material is lower than 2 (0.6 mm over 0.39 mm), it vibrated in a coupled mode and 
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hence the pressure output is relatively low. The 6.5 MHz transducer, with W/T of 2 (0.6 mm 

over 0.3 mm), vibrated mainly in the thickness mode [152] and generated the highest pressure 

in these three groups. The 5 MHz 1-3 composite transducer is also mainly in the thickness 

mode because lateral mode is highly suppressed by the periodic structure within this frequency 

range. However, the pressure of the 5 MHz 1-3 composite transducer was still relatively low 

compared to the 6.5 MHz single crystal transducer, mainly due to the low volume ratio of 

active material. As a result, pressure output of the 6.5 MHz single crystal transducers is the 

highest among the groups.  

Relatively high acoustic pressures induced detectable super-harmonics from microbubbles 

while low pressures did not. As a result, the pulse length (marked as vertical dashed line in 

Figure 3.18) was defined as real-time signal with -6 dB negative pressure value. Because of 

mode coupling, very long pulse showed up from the 5 MHz single crystal transducers when 

driven by a broadband, 1-cycle excitation. Such low frequency components were insignificant 

when excited by a 2-cycle burst. On the contrary, the 5 MHz 1-3 composite transducer, with 

little low frequency components coupled, generated clean 5 MHz ultrasound wave at both 1-

cycle and 2-cycle excitations. Because of the relatively low impedance of the 1-3 composite 

material, a very short pulse (1 peak) was achieved with the 1-cycle excitation. With an aspect 

ratio of 2, the 6.5 MHz single crystal transducers had almost no low frequency components 

either, which vibrate in the 6.5 MHz thickness mode dominantly. However, the pulse length 

of this group of transducers was still long because of the high acoustic impedance mismatch 
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(2 peaks in 1-cycle excitation and 3 peaks in 2-cycle). Therefore, according to the pulse length 

in the pressure output, the 5 MHz 1-3 composite transducers were preferable. 

The tradeoff between the high pressure from the 6.5 MHz crystal transducers and the short 

pulse from the 5 MHz composite transducers may be determined for imaging. First, with 1-

cycle excitation, the pressure output from the composite material was about 70% of the 6.5 

MHz crystal, which was not dramatically low. Within 100 V excitation, the composite could 

generate about 1 MPa pressure, which was sufficient for the contrast super-harmonic imaging. 

Second, a short pulse length (single negative peak) is highly desirable for a high resolution 

imaging, which is, however, hardly achievable by the 6.5 MHz single crystal transmitter. 

Taking the two considerations into account, the 5 MHz composite transmission transducers 

were believed to be suitable for a high contrast, high resolution imaging.  

3.5.3 Imaging results 

Transmitter frequency comparison 

Contrast imaging using the prototyped transducers were validated and compared for their 

CTR and resolution. The comparison of CTR was made between the two frequencies with 2-

cycle excitations. With the similar PNP (~ 1 MPa), the 5 MHz transducer generated higher 

CTR (23 dB, Figure 3.19 b) image than the 6.5 MHz transducer (15 dB, Figure 3.19 a). There 

are three possible reasons behind this phenomenon. The primary reason is that the high order 

harmonics from tissue are much lower than that from microbubbles. The second reason is that 

lower frequency ultrasonic wave relates to higher mechanical index (MI) that would induce 
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more significant nonlinear vibrations on microbubbles. Another possible reason is that the 5 

MHz ultrasound is closer to microbubble resonance (< 4 MHz) [153] than the 6.5 MHz one, 

so that the 5 MHz ultrasound is likely to induce stronger vibration on the microbubbles. 

Because of these reasons, the 5 MHz transmitter is more effective than 6.5 MHz one in super-

harmonic contrast imaging for a 30 MHz receiver.  

 

 

Figure 3.19 Comparison of contrast imaging with the a) 6.5 MHz and b) 5 MHz transmitters, both of which were made of 

PMN-PT single crystals are excited by 2-cycle bursts. 

 

Transmitter material comparison 

With 2-cycle excitations, the pulse lengths of the contrast signals were long (Figure 3.19). 

Pulse length of the 6.5 MHz single crystal transmitter was ~ 200 μm because of multiple 

negative peaks existed in the transmission. The 5 MHz single crystal ultrasound has longer 
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pulse length than the 6.5 MHz one because of longer wavelength and more cycles of 

reverberation due to lateral mode coupling. As a result, the 5 MHz single crystal transducer 

generated the lowest resolution imaging among the three groups.  

Fewer number of cycles (1-cycle) excitation generated shorter pulse length with a 

compromise on the CTR. However, because of intrinsic limitation of the single crystal material, 

the two peaks in the negative pressure generated by the 6.5 MHz transmitter with 1-cycle 

excitation (Figure 3.18) resulted in the resolution of > 150 µm (Figure 3.20 a). In comparison, 

the 1-3 composite transmission transducer under 1-cycle excitation generated very short pulse 

(single peak). The image generated with the 5 MHz 1-3 composite transmitter with 1-cycle 

excitation is shown in Figure 3.20 b). The 200 µm tube was clearly detected with a CTR of 12 

dB. Pulse length of each bubble response is equivalent to a 70 µm spatial distance, indicating 

an axial resolving capability of 70 µm. It’s worthy being pointed out that in these contrast 

imaging, the micro-tube was randomly distributed in the phantom with arbitrarily angle relative 

to the transducer orientation. As a result, the lateral dimension of the imaging results did not 

indicate the lateral resolution. 
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Figure 3.20 Comparison of contrast imaging with the 5 MHz transmitters made of PMN-PT single crystal and PMN-PT 

1-3 composite. Both were excited by 1-cycle burst. 

 

3.6 Summary 

In this research, a dual frequency IVUS transducer was designed, fabricated and 

characterized, and its contrast imaging and fundamental imaging capability were evaluated. 

The measured transducer performance matched the modeling results very well for both 

transmission and receiving components.  

In the transducer design, two key features were proposed. First, the aperture of the receiving 

element was significantly smaller than the transmission element, which yields both mechanical 

and electrical benefits. In mechanics, the large aperture transmitter delivered more acoustic 

excitation energy, while the small aperture of the receiver reduced the distance of the near-

field within 1.5 mm so that the valid imaging depth could as close as 1.5 mm. In electrical 
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consideration, the capacitance per unit area of the low frequency element is lower than that of 

the high frequency element due to larger thickness, the different apertures made electrical 

impedance the two elements closer to 50 Ω to match the input/output impedance of commercial 

machines. Second, the acoustic filter layer placed intermediately between the two active layers 

enabled the low frequency transmit wave to pass through, but the high frequency receive wave 

to be reflected which aided in decoupling signal content. Thickness of the anti-matching layer 

was controlled by mixing a 1% microsphere (10 µm diameter) solution into the silver epoxy. 

The addition of the microspheres had little effect on the acoustic or electrical properties of the 

silver epoxy. Finally, a layer of parylene coating acted both as shielding and as the matching 

layer of the high frequency receiver.  Such design and fabrication processes were demonstrated 

successful in prototyping dual frequency transducers for both fundamental mode imaging and 

contrast specific imaging. 

The feasibility of ultra-broadband contrast enhanced intravascular ultrasound imaging was 

evaluated in vitro, using a prototype of dual frequency small aperture transducer (T6.5/R30). 

Peak negative pressures higher than 1.2 MPa were generated at 3 mm away axially from the 

low frequency element (0.6 x 3 mm) of the transducer, which was proved to be sufficient for 

contrast imaging. Sensitivity of the receiving element (0.6 x 0.5 mm) provided the capability 

of detecting the broadband high-frequency response of microbubbles.  Initial imaging of a 200 

µm tube filled with microbubbles showed reasonably high SNR (> 12 dB). The small aperture 

dual frequency transducer design presented demonstrates the first of its kind for contrast 

enhanced high-frequency ultra-broadband intravascular imaging.   
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Both fundamental mode and dual frequency super-harmonic imaging were tested in vitro 

using a tissue mimicking gelatin based phantom. The 30 MHz pulse-echo fundamental imaging 

showed a very high SNR (>25 dB) with a reasonable resolution (200 µm). While microbubble 

backscatter was very weak in the fundamental mode, dual frequency super-harmonic imaging 

generated reasonable CTR (12 dB) and good resolution (200 µm) in resolving the microbubble 

filled tube. The steel rod used in the experiments was an extremely exaggerated target with a 

reflection coefficient of 0.94 in water, thus the strength of the echo was large enough such that 

weak high frequency components of transmission were detectable. Due to the viscoelastic 

behavior of tissue, we would not expect to detect tissue harmonics in the high-frequency 

bandwidth at the transmission acoustic pressure levels (MI < 0.48 at 6.5 MHz) used in these 

experiments.  Contrast agent detection in high fidelity is necessary for microbubble imaging 

strategies involved with both molecular imaging and vasa vasorum localization. Small aperture 

transducers with high CTR and high resolution capable of detecting contrast agents would 

promote the transition of advanced contrast imaging methods to intravascular ultrasound 

applications. 

With the concept of the dual frequency transducer design demonstrated by the preliminary 

results (6.5 MHz single crystal transmitter), further optimization of the performance were 

elucidated.  With similar peak negative pressure, the 5 MHz transducers generated higher CTR 

(23 dB) imaging results than that with the 6.5 MHz transmitter (15 dB). However, it is not 

preferable to simply reduce the transmission frequency by increasing the thickness of the 

PMN-PT single crystals because of vibration modes coupling. Replacing the single crystal 
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material by the 1-3 composite, the low frequency components disappeared, and a short pulse 

with single negative pressure peak was generated. With 1-cycle excitation, the 5 MHz 1-3 

composite transducers showed reasonable CTR (12 dB) and very short pulse length (70 µm). 

Such high resolution indicated the ability of detecting the second order vasa vasorum 

(67.99±2.72 μm) [138].  

In conclusion, the dual frequency intravascular transducers developed in this research 

demonstrated their capability of intravascular acoustic angiography, indicating a promising 

future for effective evaluation of the plaque vulnerability and diagnosis of atherosclerosis 

cardiovascular diseases. 
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Acoustic Filter Layer Design with Microwave Analysis 

If the dual frequency transducer was designed with stacked layers as illustrated in Chapter 

3, then one major concern would be the acoustic interference between the two elements. Such 

an interference might be taken as advantages or disadvantages. Unfortunately, if the two active 

layers were bonded together directly, then the interference between the two would be 

disadvantages for the dual frequency intravascular ultrasound transducer. An acoustic filter 

(AF) design was then applied to the structure, sandwiching an intermediate layer between the 

low frequency and the high frequency active elements, to solve the problem in this dual 

frequency transducer structure. For the high frequency receiving wave, the acoustic filter acted 

as an anti-matching layer, reflecting most high frequency incoming energy of the wave due to 

impedance mismatch between the high frequency active layer and the anti-matching layer. For 

the low frequency transmitting wave, the same acoustic filter acted as a passive amplifier that 

enhances the low frequency wave propagation. The anti-matching layer and passive amplifier 

can be achieved with the same acoustic filter layer that performs differently for different waves. 

In this chapter, the microwave equivalence methods needed for the acoustic filter are first 

introduced, and then the anti-matching and passive amplification effects of the acoustic filter 

are discussed separately. 
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4.1 Microwave analysis of piezoelectric transducers  

4.1.1 Electrical-mechanical equivalence 

Both microwave and mechanical wave share the same wave propagation properties 

although they are in different field. Equation (1.24) applies for the propagating wave in both 

domains and Equation (1.27) applies for the standing wave for both as well. Reflection and 

refraction properties are also the same for both types of waves. Consequently, the two waves 

could be studied together and the theories and methods could be shared [154]. 

Mass-spring-damper model in mechanical vibration is equivalent to the lamped element 

RLC (resistor-inductor-capacitor) circuit in electrical vibration (Figure 1.5). Equivalences of 

the parameters are shown in Equation (1.16). Lumped element analysis is usually used for 

conceptual design of transducers, but is not widely used for detailed parameters of the 

transducers. 

Continuous variations of strain and stress are the principal features of piezoelectric 

transducers, which is typically equivalent to distributed circuit like transmission line for 

electromechanical wave. Electromechanical wave equations are  
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where E  and B  are the electric field and magnetic field, respectively, and c  is the wave 

speed in the medium defined as 1/c   (   and   are the magnetic permeability and 

dielectric constant in the medium.). Such wave equations are mathematically identical to 

mechanical wave (1.22) if they are in the same dimension. Electromagnetic wave reflection 

coefficient shown in (1.48) is also identical as mechanical wave shown in (1.36). As a result, 

the cascade transmission line theories could be applied to the ultrasound wave propagation in 

multiple layers.  

A typical multi-layer wave propagation problem is a thin intermediate layer placed between 

two infinitely large media (Figure 4.1 a), and the equivalent circuit is a short section of 

transmission line connecting two infinitely long lines (Figure 4.1 b). If 01Z  and 03Z  are long, 

then 01 1Z Z  and 3 03Z Z . Neglecting the loss, the input impedance inZ  is calculated from 

(1.47) 
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where k  is the wave number in 02Z  which equals to   is there is no loss, and l  is the length 

of 02Z . From Equation (1.48), the reflection coefficient is 
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where 1  and 2  are the phase angle of the numerator and denominator of  . Transmission 

coefficient T (amplitude) through the intermediate transmission line is  
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which is mathematically identical to the acoustic transmission coefficient (intensity) through 

an intermediate layer [155] 
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Figure 4.1 Schematic diagram of transmission and reflection in a 3-layer structure. 

 

For a multi-layer vibration system, the cascade calculation from microwave (Section 1.4.1) 

provides a simple and detailed method to estimate the input impedance and reflection 

coefficient. If the loss of the multi-layer system is negligible, then the transmission coefficient 

could be calculated from Equation (1.49). If the loss of the system needs to be taken into 

account, then there is no analytical calculation of the transmission coefficient, in which case, 

a software simulation (AWR Microwave Office, AWR corp., EI Segundo, CA) could be used 

instead. 

4.1.2 Quarter wavelength impedance inverter 

Quarter wavelength layer in ultrasound system also acts as an impedance inverter as the 

transmission lines with Equation (1.53). Characteristic acoustic impedances of materials are 
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real values, so that the impedance inverter transforms one real impedance to another. Such 

impedance inverter could be applied for different purposes, either making the impedance better 

matched or mismatched. A brief introduction of the matching layer and anti-matching layer is 

presented with the quarter wavelength inverter. Detailed design and applications anti-matching 

layer will be discussed in the next sections. 

Matching layer 

A matching layer shifts the mismatched impedance to a matched impedance. In ultrasound 

transducer design, the matching layer applies the same concept of Equation (1.53). In a Smith 

chart, the matching procedure is to shorten the phasor of the reflection coefficient from the 

edge of the Smith chart to the center. A demonstrative example of the matching effect is shown 

from A to B in Figure 4.2 with normalized impedance 0 0.2Z   and 0.04LZ  . As the input 

impedance changes from 0.04 to 1, the reflection coefficient changes from -0.923 to 0, with 

the minus sign denoting the phase of the reflection. It can be observed that the matching layer 

can be used to decrease the reflection and to enhance the transmission efficiency. 
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Figure 4.2 Demonstration of matching (blue solid line) and anti-matching (red dash line) effect of the quarter wavelength 

impedance inverter.  

 

Anti-matching layer 

The impedance inverter could be used in the reversed way as well. If a wave propagation is 

desired to be prohibited, the impedance inverter could be utilized as anti-matching layer, 

shifting the matched impedance to a mismatch. In the Smith chart, the anti-matching procedure 

is to elongate the phasor of the reflection coefficient from the center of the chart to the edge. 

A demonstration of the anti-matching effect is shown from B to A in Figure 4.2 with 

normalized impedance 0 0.2Z   and 1LZ  . As the input impedance changes from 1 to 0.04, 
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the reflection coefficient changes from 0 to -0.923. Anti-matching layer increased the 

reflection and suppressed the transmission efficiency. 

4.2 Anti-matching layer for high frequency receiving wave 

4.2.1 Requirement of an anti-matching layer 

As mentioned Chapter 3, the acoustic interference or additional echo signal reflected from 

back side of the dual frequency super-harmonic transducer would cause aliasing in imaging 

without proper isolation between the two active elements. If the two elements were bonded 

together (Figure 4.3 a), then the received high frequency ultrasound wave would go through 

the low frequency element, and be reflected at the back side of the low frequency component, 

which would excite the high frequency receiving element again and generate extra pulses in 

the receiving element (Green dash line in Figure 4.3 b). The signal reflected from the back side 

of the low frequency element is an aliasing that could not be differentiated from real target, 

leading to imaging artifacts. Hence, the aliasing signal must be removed or suppressed to a 

level which is significantly lower than the real target signal. 
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Figure 4.3 Aliasing echo generation. a) Schematic diagram; b) signal detected by the receiver. 

 

Traditional method of removing the aliasing signal was to use high absorptive material to 

attenuate the signal transmitted backwards, which does not work well in intravascular dual 

frequency transducer application except that the two frequencies are significantly different 

( 14H Lf f , Section 4.3). First, there are barely such high absorptive materials that can 

eliminate the signal within tens of microns (a couple of wavelengths) according to the space 

allowed in the transducer. Second, high absorptive material with large thickness attenuates the 

low frequency transmission ultrasound as well. High attenuation on the low frequency 

transmission is not acceptable for the non-focused small-aperture transducer, which needs to 

generate high enough pressure for microbubble nonlinear vibrations. Taking these concerns 
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into account, the aliasing echo should not be removed using the absorption method if the two 

frequencies are not significantly (> 10 times) different. 

Reflection can be used to suppress the wave propagation backwards by changing the 

acoustic impedance matching conditions at the boundary. With two active layers bonded 

together (Figure 4.3 a), the impedance of them are well matched (PZT, PMN-PT …) or 

perfectly matched (for same material of the two layers). A lot of energy is transmitted 

backwards and hence, the aliasing echo showed up (Figure 4.3 b). If an intermediate layer was 

inserted between the two active layers, then the boundary condition can be changed, which 

could possibly reflect most of the energy directly without propagating to the low frequency 

element. Impedance of the intermediate layer should be different from the active layers as 

much as possible. Low impedance material, with an impedance much lower than piezoelectric 

materials, was chosen in this application because such materials are much more easily available. 

With a thickness of a quarter wavelength, the resultant impedance at the interface can be much 

lower than that of piezoelectric materials, so that most energy is reflected and least energy 

propagated. The suppression happens again when the tiny back reflected wave is also strongly 

reflected. As a result, there is very little aliasing echo from back side of the transducer. Such 

an intermediate layer changes the equivalent impedance at the boundary from well matched to 

mismatched. As a result, this particular intermediate layer is denominated as anti-matching 

layer. 
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4.2.2 Mechanism analysis  

The mechanism of the anti-matching layer is rooted in the acoustic wave propagation theory. 

The acoustic intensity transmission coefficient 𝑇𝐼 is given by 
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where HZ  , LZ   and AMZ   are the characteristic acoustic impedance of the high frequency 

element, the low frequency element and the anti-matching material, respectively; k  is the wave 

number and l   is the thickness of the anti-matching layer. Minimum transmission happens 

when l  equals to the quarter wavelength (
2 1

4

n



, n = 0, 1, 2…) and the equation reduces to 
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Usually the two active elements are made of the same materials. In that case, the equation is 

further reduced to  
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This transmission coefficient is very low for a low impedance of anti-matching AMZ  . The 

equivalent impedance eZ  at the interface is  
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This equation indicates that this layer acts as an impedance inverter, which is the same form 

as that for a matching layer. However, in this case, the high impedance of LZ  resulted in a very 

low eZ  and, therefore, the very low acoustic intensity transmission coefficient IT . 

Compared to the matching layer design, the mechanism and equations of anti-matching 

layer design are similar. However, very different values lead to significantly different effects. 

In matching layer design, the impedance of the medium (or load) LZ  is much lower than HZ , 

the active material. With a mediate impedance AMZ , the equivalent impedance is changed to 

very high value to match HZ . On the other hand, for anti-matching design, LZ  is very high, 

which makes the eZ  very low so that impedance is mismatched and wave cannot propagate.  

The effect of the matching and anti-matching could also be understood from the boundary 

conditions (Figure 1.11). For matching layers between a high impedance material and a low 

impedance material, boundary condition of the matching layer is almost fixed-free, so that 

resonance occurs with a quarter wavelength thickness. Contrarily for the anti-matching layer, 

it is almost fixed-fixed boundary condition and no vibration mode exists within a quarter 

wavelength layer. In other words, the anti-matching layer could hardly vibrate, so that wave 

could not propagate through this layer. 
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4.2.3 Microwave analysis 

As is briefly shown in Section 4.1, the anti-matching layers could be analyzed as 

transmission line networks because the mechanical wave and the electromagnetic wave share 

identical mathematic equations. Specifically, the dual frequency ultrasound transducer (Figure 

4.4 a) designed in Chapter 3 could be considered as the equivalent circuit (Figure 4.4 b).  

 

 

Figure 4.4 Anti-matching (acoustic filter) design for the high frequency receiving wave. a) Structure of the dual frequency 

transducer; b) equivalent circuit for the high frequency wave propagation. 
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The anti-matching layer for the high frequency element could be designed based on wave 

reflection (Type I) or wave absorption (Type II) in the stop band. For Type I transducer design, 

an anti-matching layer shifts the perfectly matched impedance (if HA LAZ Z ) into a great 

mismatch between 1HZ  and 2HZ . As shown in Figure 4.4 b), the incident high frequency wave 

through the matching layer of the high frequency element is equivalent to a voltage (stress) 

source with HAZ  Thevenin impedance. As a result, the output impedance at high frequency 

element is 1H HAZ Z . Pulse length of the high frequency wave was spatially shorter than the 

twice of the low frequency element thickness. If the short pulse entered the low frequency 

element, the pulse would terminate before the reflected wave arrived at the input interface 

again. Then the reflected wave from back side of the low frequency element could not interfere 

with the incident wave at the input boundary of the low frequency element. In this case, 

3H LAZ Z and the input impedance 2HZ  at the front surface of the anti-matching layer is 
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where   is the propagation constant and l  is the thickness of the anti-matching layer. The 

propagation constant is defined as HF HF HFj     where  HF  is the attenuation coefficient 

and HF  is the phase constant. The anti-matching layer is thin compared to the low frequency 
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wavelength, as a result, the loss is negligible 0HF l   if the attenuation is not very high, and 

HF l  reduces to HFj l  so that the input impedance at 2HZ  reduces Equation (4.3) 
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where the phase constant    is equal to the wave number k  in this lossless case. As derived 

in Section 4.1, the intensity transmission coefficients IT  are identical in both mechanical and 

electromagnetic calculations.  

The AWR software (AWR corp., EI Segundo, CA) was used to simulate the performance 

of the reflection coefficient and the transmission coefficient. Different characteristic 

impedances were assigned to the anti-matching layer to show the corresponding reflection 

coefficient. The simulation circuit with lossless transmission line is shown in Figure 4.5. 

Similarly for the transmission line simulation with loss, the value “Loss” in each transmission 

line was assigned with multiple times of value defined in “loss_AF”. In order to make the 

simulation more close to the acoustic wave, the dielectric constant in the transmission line was 

specially calculated to make the value at the frequency equal the relative length of the 

transmission line. Impedances of the components and ports were set according to the acoustic 

impedances. 
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Figure 4.5 Simulation circuit of the anti-matching layer with different characteristic impedances. 

 

Insertion loss (IL) was used to indicate the performance of the anti-matching layer, which 

mainly depends on AFZ  and HF l . Starting with 1 2P PZ Z  , the lossless anti-matching layer, 

acting as a section of transmission line connected between 1PZ  and 2PZ  (Figure 4.4 b), shifts 

from ideal match condition 3HZ  (center) to free-moving boundary condition 2HZ   (left side 

close to the edge). The lower AFZ  is accompanied with the lower 2HZ  (see loci of the Smith 

chart in Figure 4.6). At / 4HF , reflection coefficient  becomes maximum in amplitude and 0 

in phase, so that insertion loss becomes maximum (Figure 4.7). An insertion loss of 10 dB and 

20 dB are achievable using a lossless anti-matching layer with a relative impedance 

1 2/rel AF P PZ Z Z Z  of 0.15 and 0.05, respectively. The AWR software simulation result 

proved that the loss is negligible (< 1 dB) on insertion loss at / 4HF  if the attenuation is within 



 

142 

 

30 dB/cm/MHz (Type I in Figure 4.8). On the contrary, as the thickness of acoustic filter layer 

increases to 1.2 HF with 30 dB/cm/MHz attenuation, the insertion loss is dominated by the 

loss and converges to a backing layer (Type II in Figure 4.8).  

 

 

Figure 4.6 Loci of the quarter wavelength anti-matching layer. The numbers in the legend followed by “AM” indicate the 

relative impedance of the anti-matching layer.  

 



 

143 

 

 

Figure 4.7 Insertion loss of the anti-matching layer dependent on the relative impedance ZAF/ZLA (values labeled in legend) 

and thickness LAF (x-axis). 

 

 

Figure 4.8 Insertion loss of the anti-matching layer with attenuation (in dB/cm/MHz) labeled as legend numbers followed 

by “A”. Relative impedance of the passive amplifier is 0.157 (from actual case). 
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The anti-matching layer design was validated by comparing the experimental results of 

piezoelectric transducer prototypes with the theoretical calculation. Anti-matching 

performance of the Type II transducer is very straightforward and widely accepted [156, 157]. 

The performance in Type I was verified by transducer prototypes. In the verification, 

30HFf MHz  and 3.5LFf MHz . The impedances are 1 2 35.2P PZ Z MRayl   and 

5.53AFZ MRayl . The thicknesses for anti-matching verification are 0.25AF HFL   and 

0.5HF HFL  .  

The anti-matching effect is revealed by the amplitude of aliasing echo reflected from rear 

side of the low frequency element. Without the anti-matching layer, the received ultrasound 

wave would continue propagating from the high frequency element to the low frequency 

element, and the reflected wave from the rear surface of low frequency element would excite 

the high frequency receiver again, appearing as an aliasing echo. Such echo may be reflected 

back and forth which result in a serial of wave packages after the main pulse from real target 

(Figure 4.9 a). On the contrary, such aliasing echoes were suppressed to < -20 dB in a round 

loop (Figure 4.9 b) with the acoustic filter layer sandwiched between the high frequency and 

low frequency elements. Pulse length (-20 dB) was significantly reduced from 555 ns to 152 

ns, leading to an axial imaging resolution enhancement from 0.416 mm to 0.114 mm in water.  
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Figure 4.9 High frequency pulse-echo response on transducer prototypes, a) without anti-matching layer and b) with anti-

matching layer. 

 

4.3 Passive amplifier for the low frequency transmitting wave 

The passive amplifier effect of the acoustic filter for low frequency transmitting wave was 

not straightforward in mechanical analysis. However, applying the multi-section of 
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transmission lines discussed in Section 1.3 and the similar equivalent circuit discussed in 

Section 4.1, the analysis calculation could still be applicable and intuitive.  

For the low frequency transmitting wave, the transducer structure (Figure 4.10 a) is 

equivalent to the transmission line network shown in Figure 4.10 b). The amplification effect 

is studied by comparing the transmission efficiency with and without the passive amplifier. In 

the analysis of the low frequency transmission, reflection from the backing layer is neglected. 

In actual case without perfect backing, the reflected wave from rear side would inevitably lead 

to the energy accumulation in the low frequency element and compensate the pressure output 

enhancement. Such compensation will be shown in the experiment. As for analysis, the active 

low frequency element is considered as a voltage (stress) source with Thevenin impedance of 

2PZ . The medium is large in space with no phase delay between strain and stress, and hence 

it is considered as a pure resistive load MZ . Because the thickness of the front layers (high 

frequency matching, high frequency active and the passive amplifier layers) are all very short 

compared to the low frequency transmission wavelength, there are strong inference between 

the incident wave and the reflected wave. In this case, these layers are considered as sections 

of transmission lines in cascade connection. As shown in Equation (1.51), the input impedance 

at 3LZ  could be calculated from  
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 , (4.13) 



 

147 

 

where 3LP , MP  are the pressure and  3Lv , Mv are the volume velocity at the specific material,  

which satisfy 3 3 3/L L Lp v Z  and /M M Mp v Z . The subscripts []AF , []HA  and []HM  at each 

ABCD matrix indicate the transmission line sections of the passive amplifier (acoustic filter) 

layer, high frequency active layer and the high frequency matching layer, respectively. The 

ABCD parameter of each section of the transmission line is defined as  

 0

0

cosh( ) sinh( )

sinh( ) cosh( )

LF LF

LF LF

l Z lA B

Y l lC D

 

 

  
   

   
 , (4.14) 

where 0Z  denotes the characteristic impedance of the specific transmission line and Y0 is the 

conductance defined as 01 / Z . Propagation constant LF  and the thickness l  are also referred 

to the specific transmission line section. If the attenuation is neglected, then the transmission 

coefficient is 3

*

3 2

2 L

p

L P

Z
T

Z Z



, where 3

3

3

L

L

L

p
Z

v
 . Nevertheless, when the attenuation is non-

trivial, no analytical calculation exists and the performance was estimated as a scattering 

parameter S21 of a 2-port transmission line network simulated by AWR software. Due to the 

existence of the high frequency element in front of the low frequency element, the traditional 

quarter wavelength matching layer is always disturbed by the high frequency element. 

According to wave theory, the insertion of the passive amplifier layer enhances the 

transmission efficiency and results in a negative insertion loss, suggesting this passive layer 

functions as an amplifier, and consequently, denominated as a passive amplifier for the low 

frequency wave. 
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Figure 4.10 Passive amplifier (acoustic filter) design for the low frequency receiving wave. a) Structure of the dual 

frequency transducer; b) equivalent circuit for the low frequency wave propagation. 

 

The AWR software was used to simulate the performance of the passive amplifier as well 

on the reflection coefficient and the transmission coefficient.  A lot of variables could be 

adjusted. Different characteristic impedances were assigned to the passive amplifier layer to 

shown the corresponding reflection coefficient. The simulation circuit with lossless 

transmission line is shown in Figure 4.11. Similarly for the transmission line simulation with 

loss, the value “Loss” in each transmission line was assigned with multiple times of value 

defined in “loss_AF”. In order to make the simulation more close to the acoustic wave, the 
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dielectric constant in the transmission line was specially calculated to make the value at the 

frequency equal the relative length of the transmission line. Impedances of the components 

and ports are set according to the acoustic impedances. 

 

 

Figure 4.11 Simulation circuit of the passive amplification layer with typical parameters from the dual frequency 

transducer. 

 

Gain of the passive amplifier was evaluated by the thickness combinations of the high 

frequency active layer and the passive amplifier layer. The transmission efficiency with these 

multi-layers is compared to that with 0AFL   (Figure 4.13) because it is the case without the 

acoustic filter layer and the TE is almost constant (< 0.005 dB variance) at high frequency 

active layer 0.1HA LFL   (see leftmost edge of Figure 4.13). If 0HAL   and 0.25AF LFL  , 
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then it is a traditional matching layer as shown in Point A. However, if 0HAL  , the TE has 

not been predicted before because impedances of the layers are far from ideal multiple 

matching layer design [158]. As HAL  increases from 0HAL  , AFL  with maximum gain 

decreases as shown on point A -> D -> E -> F -> G. The magnitude of the maximum gain 

remains almost constant up to 0.03HA LFL   (Point E) and decreases as HAL  further 

increasing (Point F and G). This result suggests the feasibility of designing dual frequency 

transducers with high frequency element in front of the low frequency element without 

sacrificing the transmission efficiency of the low frequency element.  At the green dash line 

contour marked as Type II in Figure 4.13), 2.5AF HAL L , also 1.25AF HFL  , at least 10 dB 

insertion loss could be achieved if the attenuation of the acoustic filter layer is 30 dB/cm/MHz 

Figure 4.8). For the low frequency ultrasound, however, as the frequency / 14LF HFf f , the 

attenuation is still sufficiently low so that the transmission efficiency is still good. This is Type 

II dual frequency transducer (A, D and E in Figure 4.13), in which the acoustic function as an 

absorber for high frequency element and passive amplifier for low frequency element. If 

10HF LFf f , and the difference of loss is not sufficient for high frequency absorption and low 

frequency amplification, then the anti-matching effect could be used based on reflection from 

impedance mismatch as stated in Section 4.2.3. 0.5HF HFL   and 0.25AF HFL  , so 

0.5AF HFL L , as shown on the green dash line marked as Type I in Figure 4.13). Although 

amplification gain is not as good as Type II, it still reaches up to 5 dB gain at certain frequency 
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ratio compared to that without such an acoustic filter layer. This is Type I dual frequency 

transducer (G in Figure 4.13) which uses the acoustic as an anti-matching layer for high 

frequency element and passive amplifier for low frequency element. For both Type I and Type 

II (green dash lines in Figure 4.13), this acoustic filter resulted in positive gain for low 

frequency ultrasound. The existence of the high frequency active layer is not negligible (See 

Point B vs D) as assumed in traditional analysis although it is very thin 0.02HF LFL  . This 

happens because impedance shifting efficiency is not uniform along the locus. If the starting 

point of the transmission line is almost a short circuit (left most point in Smith chart), 

3 tan( )L AF LFZ jZ l  , and 3 tan( )L AF LFZ jZ l    is a small value if LF l  is small. This effect 

is illustrated at the high frequency matching layer (the gray solid line at the starting point of 

the HF active black solid line), where 0.024HM LFL   with an impedance of 0.157relZ  . The 

low impedance thin layer is negligible if its load is almost short circuit (free to move with no 

phase). However, if the locus goes to the almost open circuit (right most point of Smith chart, 

then  3 / tan( )L AF LFZ jZ l   and 
2

3 tan( ) / tan ( )L AF LF LFZ jZ l l    , indicating 3LZ  can 

be pretty large if LF l  is small. In Loci of 0.02 ~ 0.1HF LFL  , the existence of the high 

impedance high frequency active layer shifted 2LZ  away from the short circuit condition so 

that the acoustic filter layer shifts 3LZ  very efficiently. It is not quarter wavelength for AFL  to 

makes zero phase on 3LZ , but is much shorter (0.03 - 0.125), as shown in the numbers followed 

the underscores in the legend of Figure 4.12). 
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Figure 4.12 Loci of the input impedance of the front layers (high frequency matching, high frequency active and the 

passive amplifier layers). The numbers ahead of the underscores are the thickness of the high frequency active layer relative 

to low frequency wavelength. Numbers followed the underscores are the corresponding passive amplifier thickness that make 

ZL3 zero phase. Relative impedance of the passive amplifier is 0.157 (from actual case). 
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Figure 4.13 Gain of the passive amplifier with different thicknesses of the high frequency active layer and passive amplifier 

layer. Relative impedance of the passive amplifier is 0.157 (from actual case). 

 

Performance of the passive amplifier was also validated by comparing of the pressure output 

from transducer prototypes with and without such layer. Thicknesses of the layers for such 

verification are marked in Figure 4.13 as (A) ideal traditional matching, (B) non-ideal 

traditional matching, (C) non-ideal condition with high frequency active and acoustic layer, 

and (D   G) ideal condition with high frequency active and acoustic filter layers. 

Transmitting pressure was measured by a hydrophone (HGL-0085, Onda Corp., Sunnyvale, 

CA) at  a distance of 1 cm away from the transducers (aperture: 4 x 4 mm, natural focus at 

about 9.3 mm). The results for transducer A and E are shown in Figure 4.14 and compared 
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with that without matching. Pressures from both A and E are approximately 1.7 times of that 

from non-matching transducers. The measured gain was weakened by the reflection from rear 

side of the low frequency element. Actual gain was compensated by referring to the ideal 

matching condition (A). After compensation, the predicted and measured gains of the passive 

amplifier are shown in Figure 4.15. The measured results were in good agreement with the 

prediction, despite a slight discrepancy, which is possibly attributed to fabrication inaccuracies 

such as material properties, thickness of layers and boundary conditions.  

 

 

Figure 4.14 Pressure amplitude measured from the traditional matched (transducer A, quarter wavelength matching) and 

transducer with high frequency active and acoustic layer (transducer E, P1 & AF) normalized to that without matching layers 

(No matching). 
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Figure 4.15 Gain of transmitting pressure output on the fabricated transducers normalized to that without matching layers. 

 

4.4 Summary 

In summary, this study demonstrated, for the first time, an acoustic filter based wave 

propagation control that works simultaneously as both a high frequency band stop filter and a 

low frequency passive amplifier. This acoustic filter is readily implemented in multi-frequency 

systems such as dual frequency transducers, which could be applied for super-harmonic 

imaging [86] as well as therapy-imaging [143]. Another potential application of such design is 

to integrate focusing lens with the matching layer, taking the advantage that different total 
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acoustic length ( HF AFL L in A, D and E) is needed for keeping high transmission efficiency. 

This acoustic filter design is guided by microwave theory, and does not involve any 

microstructures or nonlinearities, making it very cost-effective in fabrication. Besides, the 

demonstrated acoustic filter is very compact (sub-wavelength along the wave propagation 

direction), a promising feature in space-limited applications such as biomedical intravascular 

ultrasound imaging or minimal invasive therapy. This theory and systematic design approach 

will lay a foundation for design of multi-frequency systems with desired wave propagation 

control. 
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Conclusion 

Multi-frequency ultrasound was found to be an effective tool in biomedical applications, 

both for therapeutic ablation and for diagnostic acoustic angiography. Specific multi-frequency 

transducers were designed and demonstrated with prototypes. Special vibration modes and 

wave propagation control in multi-frequency transducers were analyzed and realized in detail. 

Microwave matching network methods, especially transmission line effects, were introduced 

to the mechanical wave control because of the same wave propagation properties. Methods 

developed in this multi-frequency transducer design are expected to be widely applicable in 

many other multi-frequency systems. 

5.1 Dual frequency transducer for HIFU  

In this research, single frequency ultrasound and dual frequency ultrasound were compared 

on their heat generation efficiency. The temperature at the focal point was numerically 

recorded with thermal couple at constant energy deposition. Dual frequency ultrasound with 

certain amplitude combination was validated to benefit from higher heating efficiency than 

either single frequency ultrasound. Such efficiency benefit was estimated as cavitation effect 

because more microbubbles were generated by dual frequency ultrasound and the 

microbubbles induced higher energy absorption efficiency. Inspired by previous work in multi-

frequency tissue ablation [3, 103], a specific dual frequency transducer was designed with 

identical transmitting aperture between the two frequency beams. Such dual frequency 
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transducers possesses significant advantages in actual applications. First, the intrinsically 

confocal beam for the dual frequency ultrasound was generated by identical aperture but 

different vibration modes, which significantly simplified the dual frequency beam alignment. 

Second, single channel excitation on the transducer by dual frequency wave is much easier 

than multiple channel excitations to multiple transducers, which greatly reduced the machine 

cost and increased the portability. Compared with traditional HIFU transducers, this dual 

frequency transducer has higher heat generation efficiency so that lower energy intensity and 

less deposition time is needed, which may lead to higher safety in the treatment. 

5.2 Dual frequency intravascular transducer for acoustic angiography 

New design of dual-frequency IVUS transducers was developed in this work considering 

difficulties of the intravascular acoustic angiography. In order to realize the coronary wall vasa 

vasorum imaging, dual frequency transducers were designed with the size small enough to be 

integrated into commercial catheters. Such dual frequency transducers overcame the 

limitations above and indicated promising results, which could be concludes as follows: 

A. The stacked multi-layer design of the dual frequency transducer was a success. This 

structure was negated by Neer et al [141] due to its electrical and mechanical coupling 

between the two active layers although it was one of the easiest to fabricate. In this 

research, we successfully decoupled the two active layers by an acoustic filter and 

developed the structure capable of super-harmonic imaging. The low frequency 

transmitting beam well covered the high frequency receiving beam, so that super-
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harmonic signal excited by the low frequency ultrasound could be detected by the high 

frequency element. At the same time, the high frequency beam was very narrow (-6 dB 

beam width ~ 0.3 mm), which mainly made sure of the lateral resolution. In short, this 

acoustic filter assisted stacked layer design is easy to fabricate, free of dual active layer 

coupling and performed good beam profile compared with the alternatives.  

B. The acoustic filter design was a critical feature that made the stacked layer design 

functioning, which had significant contribution to both frequencies. For high frequency 

wave, it acted as an anti-matching layer that reflected majority of the acoustic wave 

energy so that little aliasing echo showed up in the imaging. For the low frequency 

wave, it acted as a passive amplifier that enhanced the transmission efficiency so that 

transmission pressure was high enough at the sensitive region of the receiving beam. 

However, the design and analysis of the acoustic filter was not straightforward because 

of the multi-layer interactions. To make the analysis easy and intuitive, microwave 

methods were introduced, considering the multi-layers of the transducer as 

transmission line networks.  

C. The multi-layer analysis method developed from microwave networks successfully 

guided the multi-frequency system design. According to mathematically identical wave 

equations, the acoustic wave response could be directly plotted in Smith chart that has 

been widely adopted in microwave design, and the multi-layer acoustic system design 

was subjected to the manipulation of the loci in Smith chart. Transmission and 

reflection coefficients at the boundaries could be numerically calculated from cascade 
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of transmission lines. Transmission coefficient in lossy materials could not be 

calculated directly, in which case, commercial software are readily available for this 

estimation. Transducers were fabricated to verify the performance, which showed good 

agreement with the estimation. The microwave methods were proven very helpful for 

a multi-layer system wave propagation analysis. 

D. In the transmitter frequency selection, the 5 MHz transmitter generated higher CTR 

than the 6.5 MHz one at constant pressure output and with constant receiver frequency 

at 30 MHz. This indicates that reasonably lower frequency transmitter is preferable for 

a high CTR imaging. However, the transmitter frequency cannot be extremely low 

because of the dimension limit in catheter. With the width-to-thickness ratio ≥ 2, the 

lowest transmitting frequency is about 6.5 MHz if the diagonal dimension of the 

transducer is limited within 1 mm. It’s not preferable to simply increase the thickness of 

the transmitter, because lateral vibration mode coupling and long reverberation causes 

low axial resolution. One solution was to use composite materials with 1-3 connections, 

which are good at lateral mode suppression. 

E. In the transmitter material selection, PMN-PT 1-3 composite exhibited shorter pulse 

length than PMN-PT single crystal, leading to significant enhancement of axial 

resolution. Due to the clean thickness vibration mode (lateral mode suppressed) and 

high piezoelectric performance (high tk  and low impedance), the settle time is much 

shorter than that in single crystal. With 1-cycle excitation, the PMN-PT 1-3 composite 

generated single negative peak (within -6 dB), which significantly decreased the 
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excitation time on microbubbles, resulting in very short pulse (~ 70 μm) super-

harmonic signal on the receiving element. Such high resolution is close to the diameter 

of the second order vasa vasorum (67.99±2.72) [138], indicating the capability of 

intravascular acoustic angiography to such vasa vasorum. 

F. Intravascular acoustic angiography is applicable, so that most cardiovascular diseases 

are predictable. This dual frequency transducer design overcame the difficulties and 

the prototypes generated high CTR, high resolution micro-vessel (mimicked by 

cellulose tube) images with super-harmonic imaging method by transmitting at 5 – 6.5 

MHz and receiving at 30 MHz. Such micro-vessel imaging capability demonstrated the 

viability that the plaque vulnerability could be predicted by intravascular acoustic 

angiography. An early evaluation of the plaque vulnerability signifies an early 

diagnosis of most atherosclerosis cardiovascular diseases, and the possibility of early 

health care for life saving. 

5.3 Acoustic filter layer design 

The acoustic filter design was derived from microwave networks, and potentially applied 

to wave propagation control in various multi-frequency systems. Characteristics of each 

component were taken into account and the overall performance of the system was evaluated 

by cascading all the components. Pass band and stop band were calculated according to the 

actual wave propagating in the system. For the specific case of the acoustic filter design in the 
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dual frequency transducer, certain equivalences were made according to the wavelength, pulse 

length and the thickness of each layer.  

In the high frequency stop band design, the acoustic filter acted as an anti-matching layer 

that reflected most energy within the stop band. As is shown in Figure 3.11, the high frequency 

signal is very like a single frequency sinusoidal signal convoluted with Hamming window, so 

that most energy of the receiving signal is within this frequency range (e.g. 25 – 35 MHz) and 

little energy is leaked to the harmonics. Such signal was efficiently reflected if the stop band 

of the filter is properly designed. In this high frequency stop band design, the thickness of the 

low frequency element is larger than a half of the pulse length, so that the reflected signal does 

not interfere with the incident wave at the interface. Consequently, the input impedance at the 

low frequency element was considered as its characteristic impedance. This equivalence was 

validated to be correct because the measured results matched very well with the calculations 

based on the equivalence. Overall, the acoustic filter fulfilled the goal that the receiving signal 

was highly reflected and the aliasing echo was highly suppressed. 

In the low frequency pass band design, the acoustic filter acted as a passive amplifier layer 

that enhanced the transmission coefficient. All the layers in front of the low frequency element 

(acoustic filter layer, high frequency active layer and the high frequency matching layer) are 

thin compared to the pulse length or even wavelength of the low frequency acoustic wave. In 

this case, these layers were considered as sections of transmission lines connected in cascade. 

With proper design of the multiple layers, the acoustic filter not only passed the wave within 
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the pass band, but also enhanced the output pressure. Such enhancement made sure that the 

transmitting pressure was high enough within the sensitive region of the receiver beam.  

In the dual frequency ultrasound transducer, the acoustic filter accomplished the goal of 

both aliasing echo suppression and the transmitting pressure enhancement. The design 

approach developed in this filter is expected to be widely advisable in multi-layer, multi-

frequency systems. 

5.4 Suggestions for future work on dual frequency IVUS transducers 

The small aperture dual frequency transducers were housed on hypodermic needles to 

demonstrate that the dimension is suitable for intravascular angiography. In future, such 

transducers will be integrated into catheters and be rotated by shafts at a very high speed. In 

order to protect the transducers, it is suggested that the transducers be housed in specifically 

designed boats at the tip of the catheters. 

The catheter length is not negligible compared to the wavelength of the high frequency 

receiving wave. If the receiving frequency is kept at 30 MHz and the dielectric constant of the 

electrical cable insulator is about 4, then the electromagnetic wavelength of in the cable is 

about 

8

6

3 10
5m

304 10




 
. The catheter length is usually about 1 m (close to / 4 ), which 

is comparable to the wavelength. Several approaches could be used for the impedance 

matching. First, tiny matching network could be placed at the front end of the catheter close to 

the transducer, which matches the impedance to the system impedance (like 50 Ω). In this case, 
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the length of the cable can be arbitrary if its characteristic impedance is 50 Ω. Second, the 

impedance of the transducers are usually not 50 Ω and usually possesses some capacitance. 

Length and characteristic impedance of the cable could be designed according to the 

impedance of the transducer, so that the cable acts as a matching network between the 

transducer and the imaging system. Third, if the dual frequency transducer is replaced by a 

dual frequency array, then there would be strong crosstalk among the multiple cables which 

are parallel with one another. Some compact signal processing units could be placed at the 

front end to increase the information density and robustness of the signal on the cable (for 

example frequency modulation), so that the number of cables could be reduced and more 

reliable signals could be transferred to the imaging system. 
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