
ABSTRACT 

KIM, JINWOOK. Miniaturized Ultrasound Transducers for the Acoustic Excitation of  

Microbubbles and Microgels. (Under the direction of Dr. Xiaoning Jiang). 

 

Microbubbles and microgels have been widely utilized for both diagnostic and 

therapeutic ultrasound applications. Owing to their nonlinear characteristics of harmonic 

responses, coalescence, and cavitation, these microparticles have enabled contrast-enhanced 

harmonic vascular imaging, spatiotemporal drug-delivery, and enhanced thrombolysis 

efficiency. Despite their advantages, a crucial limitation of these microbubble-aided ultrasound 

techniques is the lack of the suitable custom ultrasound transducers. The main theme of this 

dissertation is the development of new small-aperture ultrasound transducers focusing on the 

efficient acoustic excitation for microbubbles/gels and associated data acquisition capability. 

Three different types of the ultrasound transducers were aimed to be developed for both 

diagnostic and therapeutic applications: 1) stacked-type, dual-frequency, 1-3 piezoelectric 

composite transducers for intracavitary acoustic angiography, 2) Forward-looking, low-

frequency, intravascular ultrasound transducer for microbubble-mediated sonothrombolysis, 

3) Laser-generated-focused-ultrasound transducer for microbubble-mediated ultrasound 

thrombolysis and spatiotemporal drug delivery. Prototype transducers were designed, 

fabricated, acoustically characterized, and the performance for each application was tested in 

vitro. The results indicated that the new miniaturized prototype transducers and design 

guidelines provided in this study can be useful for developing versatile clinical devices for 

advanced, ultrasound-based diagnosis and treatment for blood vessels and tumors. 

The stacked-type dual-frequency transducers for intracavitary acoustic angiography 

was developed using 1-3 piezoelectric composite for both transmitter and receivers. In 

comparison with the previously designed intravascular transducers, the larger aperture (~2 mm 



× ~8 mm), higher pressure output (mechanical index > 1.0), lower frequency (2 MHz for 

transmitter and 14 MHz for receiver) of the custom dual-frequency transducer enabled to 

achieve contrast-to-tissue ratio of 16 dB at the tissue penetration depth of 8 mm.  

Forward-looking, stacked-type, focused intravascular transducers demonstrated the 

thrombolysis efficiency close to 0.7%/min in intravascular sonothrombolysis approach without 

use of thrombolytic agents. Microbubble-mediated approach was considered in this study, and 

the enhanced cavitation effects were clearly observed during in vitro thrombolysis tests. With 

the small size (~1.5 mm diameter), and low frequency (620 kHz), it was demonstrated that the 

custom concave lens can realize the focusing effect. The developed transducer exhibited 

sufficient pressure output to induce the inertial cavitation, and the microstreaming and 

microjets caused by the bubble destruction were able to induce shear stress on the target blood 

clots.  

Laser-generated-focused-ultrasound (LGFU) transducer showed its capability to 

induce inertial cavitation of microbubbles and stable cavitation of microgels. The developed 

carbon-black- polydimethylsiloxane LGFU transducer exhibited high frequency (14 MHz), 

high pressure (> 10 MPa) shock waves at the tight focal width (< 500 μm). It was demonstrated 

that the short pulse generated by LGFU transducer can realize sufficient physical effects on 

microgel-involved drug delivery and microbubble-mediated sonothrombolysis.  

  



 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

© Copyright 2017 Jinwook Kim 

All Rights Reserved



Miniaturized Ultrasound Transducers for the Acoustic Excitation of 

Microbubbles and Microgels 

 

 

by 

Jinwook Kim 

 

 

A dissertation submitted to the Graduate Faculty of 

North Carolina State University 

in partial fulfillment of the  

requirements for the degree of 

Doctor of Philosophy 

 

Mechanical Engineering 

 

 

Raleigh, North Carolina 

2017 

 

APPROVED BY: 

 

_______________________________  _______________________________ 

Dr. Xiaoning Jiang                           Dr. Paul A. Dayton 

Chair of Advisory Committee 

 

 

_______________________________  _______________________________ 

Dr. Zhen Gu      Dr. Yun Jing 

 

 

_______________________________   

Dr. Marie Muller 



 

ii 

BIOGRAPHY 

 

Jinwook Kim received his B.S. and M. S. degrees in mechanical engineering from Kyungpook 

National University in 2010 and 2012, respectively, working on design and optimization of 

underwater transducers. In 2013, he joined Dr. Xiaoning Jiang’s Micro/Nano Engineering Lab 

at North Carolina State University, working on the design and fabrication of ultrasound 

transducers for diagnosis and noninvasive therapy. His broad research interests involve laser-

generated ultrasound, ultrasound-mediated therapies, and bio-sensors. 

The following publications were authored or coauthored by Jinwook Kim in peer-reviewed 

journals and conference proceedings during his doctoral study at North Carolina State 

University.  

 

 

Journal Articles 

1. Kim, J., Lindsey, B.D., Chang, W.Y., Dai, X., Stavas, J.M., Dayton, P.A., Jiang, X., 

2017. Intravascular forward-looking ultrasound transducers for microbubble-mediated 

sonothrombolysis. 2017. Scientific Reports, 7, p.3454. 

2. Lindsey, B.D., Kim, J., Dayton, P.A., Jiang, X., Dual-Frequency Piezoelectric 

Endoscopic Transducer for Imaging Vascular Invasion in Pancreatic Cancer, 2017. 

IEEE Transactions on ultrasonics, ferroelectrics, and frequency control 64(7), pp. 

1078-1086. 



 

iii 

3. Kim, T., Saini, A., Kim, J., Gopalarathnam, A., Zhu, Y., Palmieri, F.L., Wohl, C.J. and 

Jiang, X., 2016. Piezoelectric Floating Element Shear Stress Sensor for the Wind 

Tunnel Flow Measurement. IEEE Transactions on Industrial Electronics. 

4. Huang, W., Kim, J., Kim, K., Bakshi, S., Williams, J., Matthieu, P., Loboa, E., Shung, 

K.K., Zhou, Q. and Jiang, X., 2016. A novel ultrasound technique for non-invasive 

assessment of cell differentiation. IEEE Sensors Journal, 16(1), pp.61-68. 

5. Huang, W., Chang, W.Y., Kim, J., Li, S., Huang, S. and Jiang, X., 2016. A novel laser 

ultrasound transducer using candle soot carbon nanoparticles. IEEE Transactions on 

Nanotechnology, 15(3), pp.395-401. 

6. Kim, J., Li, S., Kasoji, S., Dayton, P.A. and Jiang, X., 2015. Phantom evaluation of 

stacked-type dual-frequency 1-3 composite transducers: A feasibility study on 

intracavitary acoustic angiography. Ultrasonics, 63, pp.7-15. 

7. Di, J.*, Kim, J.*, Hu, Q., Jiang, X. and Gu, Z., 2015. Spatiotemporal drug delivery 

using laser-generated-focused ultrasound system. Journal of Controlled Release, 220, 

pp.592-599. (*Equivalent contribution) 

8. Chang, W.Y., Huang, W., Kim, J., Li, S. and Jiang, X., 2015. Candle soot 

nanoparticles-polydimethylsiloxane composites for laser ultrasound transducers. 

Applied Physics Letters, 107(16), p.161903. 

9. Kim, T., Kim, J., Dalmau, R., Schlesser, R., Preble, E. and Jiang, X., 2015. High-

temperature electromechanical characterization of AlN single crystals. IEEE 

transactions on ultrasonics, ferroelectrics, and frequency control, 62(10), pp.1880-

1887. 



 

iv 

10. Zhang, S., Li, F., Jiang, X., Kim, J., Luo, J., & Geng, X. (2015). Advantages and 

challenges of relaxor-PbTiO 3 ferroelectric crystals for electroacoustic transducers-A 

review. Progress in materials science, 68, 1-66. 

11. Hsieh, B.Y., Kim, J., Zhu, J., Li, S., Zhang, X. and Jiang, X., 2015. A laser ultrasound 

transducer using carbon nanofibers-polydimethyl-siloxane composite thin film. 

Applied Physics Letters, 106(2), p.021902. 

12. Jiang, X., Kim, J. and Kim, K., 2014. Relaxor-PT single crystal piezoelectric sensors. 

Crystals, 4(3), pp.351-376.  

 

 

Conference proceedings 

1. Kim, J., Lindsey, B.D., Li, S., Dayton, P.A. and Jiang, X., 2017, April. Dual-frequency 

transducer with a wideband PVDF receiver for contrast-enhanced, adjustable harmonic 

imaging. In SPIE Smart Structures and Materials+ Nondestructive Evaluation and 

Health Monitoring (pp. 101700T-101700T). International Society for Optics and 

Photonics. 

2. Kim, T., Kim, J. and Jiang, X., 2017, April. High temperature transducer using 

aluminum nitride single crystal for laser ultrasound detection. In SPIE Smart Structures 

and Materials+ Nondestructive Evaluation and Health Monitoring (pp. 101691H-

101691H). International Society for Optics and Photonics. 

3. Kim, J., Chang, W.Y., Lindsey, B.D., Dayton, P.A., Dai, X., Stavas, J.M. and Jiang, 

X., 2016, September. Laser-generated-focused ultrasound transducers for 



 

v 

microbubble-mediated, dual-excitation sonothrombolysis. In Ultrasonics Symposium 

(IUS), 2016 IEEE International (pp. 1-4). IEEE. 

4. Lindsey, B.D., Dayton, P.A., Kim, J. and Jiang, X., 2016, September. A dual-frequency 

endoscopic transducer for imaging vascular invasion in pancreatic cancer. In 

Ultrasonics Symposium (IUS), 2016 IEEE International (pp. 1-4). IEEE. 

5. Li, S., Kim, J., Wang, Z., Jiang, X., Kasoji, S., Lindsey, B. and Dayton, P.A., 2016, 

September. A dual-frequency co-linear array for prostate acoustic angiography. In 

Ultrasonics Symposium (IUS), 2016 IEEE International (pp. 1-4). IEEE. 

6. Kim, J., Chang, W.Y., Huang, S. and Jiang, X., 2016, August. Nanocomposite 

transducer with a laser ultarsound transmitter and a piezoelectric receiver. In 

Nanotechnology (IEEE-NANO), 2016 IEEE 16th International Conference on (pp. 

191-192). IEEE. 

7. Kim, T., Saini, A., Kim, J., Gopalarathnam, A., Zhu, Y., Palmieri, F.L., Wohl, C.J. and 

Jiang, X., 2016, April. A piezoelectric shear stress sensor. In SPIE Smart Structures 

and Materials+ Nondestructive Evaluation and Health Monitoring (pp. 98032S-

98032S). International Society for Optics and Photonics. 

8. Li, S., Kim, J., Wang, Z., Jiang, X., Kasoji, S., Lindsey, B. and Dayton, P.A., 2015, 

October. A 3 MHz/18 MHz dual-layer co-linear array for transrectal acoustic 

angiography. IEEE International Ultrasonics Symposium (IUS), 2015 (pp. 1-4). 

9. Kim, J., Li, S., Kasoji, S., Dayton, P.A. and Jiang, X., 2015, March. Dual-frequency 

super harmonic imaging piezoelectric transducers for transrectal ultrasound. In SPIE 



 

vi 

Smart Structures and Materials+ Nondestructive Evaluation and Health Monitoring 

(pp. 943823-943823). International Society for Optics and Photonics. 

10. Cisotto, A.A., Palmieri, F., Lin, Y., Saini, A., Kim, J., Kim, T., Connell, J.W., Zhu, Y., 

Gopalarathnam, A., Jiang, X. and Wohl, C.J., 2015. Shear Stress Sensing with Elastic 

Microfence Structures. In 31st AIAA Aerodynamic Measurement Technology and 

Ground Testing Conference (p. 2407). 

11. Kim, J., Li, S., Jiang, X., Kasoji, S. and Dayton, P.A., 2014, September. Development 

of transmitters in dual-frequency transducers for interventional contrast enhanced 

imaging and acoustic angiography. In Ultrasonics Symposium (IUS), 2014 IEEE 

International (pp. 679-682) 



 

vii 

ACKNOWLEDGMENTS 

This dissertation would not have been possible without persistent helps from many 

people during the last four years of my doctoral study. I feel grateful and privileged to reach 

this point and have an opportunity to express my gratitude to them.  

I owed my deepest gratitude to my advisor, Professor Xiaoning Jiang. I firmly believe 

that I have received the most professional academic training and invaluable advice from him 

not only for my intellectual growth, but for my career and life. I admire his passion for research 

and it has always been my best motivation trigger. His persistent support with faith in me have 

helped me to be an independent, responsible, and credible researcher. I cannot thank him 

enough for his guide for me to accomplish much more than I deserve during my doctoral study. 

I would like to thank my committee members, Prof. Paul A. Dayton, Prof, Yun Jing, 

Prof. Zhen Gu, and Prof. Marie Muller for their insightful questions and suggestions 

throughout my study and collaborative research projects. I have been more than satisfied with 

cooperative research experiences with their groups.  

I am deeply grateful to my previous advisor, Professor Yongrae Roh. My research 

interest on ultrasound transducers and my eagerness to reach the goals in this field began with 

his passionate guidance and encouragement during my 5 year-research experiences in his lab, 

Acoustics and Vibrations Lab in Kyungpook National University, Korea. I would like to say 

that his invaluable advices made me become a mature student/researcher.    

I would like to thank my former and current members of Micro/Nano Engineering Lab, 

Dr. Kyungrim Kim, Dr. Sijia Guo, Dr. Laura Tolliver, Dr. Seol Ryung Kwon, Prof. Jianguo 

Ma, Prof. Wenbin Huang, Dr. Zhuochen Wang, Dr. Sibo Li, Taeyang Kim, Wei-Yi Chang, 



 

viii 

Shujin Huang, Huaiyu Wu, and Lu Qi. Our collaborative studies and discussions have always 

been great nutrients to my research.  

I want to express my gratitude to my collaborators, Prof. Brooks D. Lindsey, Dr. Jin 

Di, Aditya Saini, Sandeep Kasoji, Dr. K. Heath Martin, Dr. Anthony Novell, Dingjie Suo, and 

Dr. Hyeonggun Yu for their enthusiastic and considerate research attitudes to our collaborative 

research projects. I have learned a lot from Brooks in scientific writing and establishment of 

research plans. Our discussions have always been helpful and enlightening. I am grateful to 

Prof. Tiegang Fang for his helps on the laser experiments. 

 I am indebted to my parents, sisters, and all other my family members for their love 

and support. Their encouragement and faith in me have been the best support during my 4 year-

study abroad.  

One great benefit of being at North Carolina State University for four years is that I 

have had many chances to meet wonderful friends. I want to thank all my friends who have 

always helped me. I want to give my special thanks to Mikyung for her love and support. I am 

more than happy to share this moment with her.  

 

     



 

ix 

TABLE OF CONTENTS 

 

LIST OF TABLES ................................................................................................................. xiii 

LIST OF FIGURES ............................................................................................................... xiv 

CHAPTER 1 INTRODUCTION .............................................................................................. 1 

1.1 Motivation .................................................................................................................. 2 

1.1.1 Brief background of conventional biomedical ultrasound .................................. 2 

1.1.2 Micro/nano particle agent-involved diagnostic ultrasound ................................. 4 

1.1.3 Therapeutic ultrasound using microbubbles and microgels................................ 7 

1.1.4 Limitations on current ultrasound transducers .................................................... 9 

1.2 Objectives ................................................................................................................. 12 

1.3 Dissertation outline .................................................................................................. 12 

CHAPTER 2 BACKGROUND .............................................................................................. 14 

2.1 Basic physics of ultrasound in medicine and biology .............................................. 14 

2.1.1 Ultrasound propagation in tissue ...................................................................... 14 

2.1.2 Ultrasound echoes ............................................................................................. 18 

2.1.3 Mechanical effect of ultrasound ........................................................................ 24 

2.2 Acoustic cavitation ................................................................................................... 26 

2.3 Encapsulated microbubbles and microgels .............................................................. 29 

2.4 Ultrasound transducers ............................................................................................. 31 

2.4.1 Piezoelectric ultrasound transducers ................................................................. 31 

2.4.2 Laser ultrasound transducers............................................................................. 41 

CHAPTER 3 STACKED-TYPE DUAL-FREQUENCY TRANSDUCER FOR ACOUSTIC 

ANGIOGRAPHY ................................................................................................................... 43 

3.1 Introduction .............................................................................................................. 45 

3.1.1 Acoustic angiography ....................................................................................... 46 

3.1.2 Intravascular and intracavitary ultrasound transducers ..................................... 47 

3.1.3 Aim and objectives ........................................................................................... 47 

3.2 Materials and methods ............................................................................................. 49 

3.2.1 Transducer materials ......................................................................................... 49 

3.2.2 Design method .................................................................................................. 49 



 

x 

3.2.3 Fabrication method ........................................................................................... 51 

3.2.4 Characterization procedure ............................................................................... 52 

3.2.5 Microbubble preparation ................................................................................... 57 

3.2.6 Tissue-mimicking phantom preparation ........................................................... 57 

3.2.7 Bubble detection and tissue phantom tests ....................................................... 58 

3.3 Results ...................................................................................................................... 61 

3.3.1 Design results .................................................................................................... 61 

3.3.2 Fabrication results ............................................................................................. 64 

3.3.3 Acoustic characterization results ...................................................................... 65 

3.3.4 Phantom imaging results ................................................................................... 76 

3.4 Discussion ................................................................................................................ 78 

3.5 Summary .................................................................................................................. 79 

CHAPTER 4 INTRAVASCULAR SONOTHROMBOLYSIS TRANSDUCERS ................ 81 

4.1 Introduction .............................................................................................................. 82 

4.1.1 Thrombo-occlusive diseases ............................................................................. 82 

4.1.2 Sonothrombolysis ............................................................................................. 83 

4.1.3 Aim and objectives ........................................................................................... 84 

4.2 Materials and methods ............................................................................................. 85 

4.2.1 Transducer materials ......................................................................................... 85 

4.2.2 Design method .................................................................................................. 87 

4.2.3 Fabrication method ........................................................................................... 93 

4.2.4 Characterization method ................................................................................... 97 

4.2.5 In vitro test procedure ....................................................................................... 99 

4.3 Results .................................................................................................................... 103 

4.3.1 Design results .................................................................................................. 103 

4.3.2 Fabrication results ........................................................................................... 109 

4.3.3 Characterization results ................................................................................... 111 

4.3.4 In vitro test results ........................................................................................... 117 

4.4 Discussion .............................................................................................................. 125 

4.4.1 Stacked-type ultrasound transducer ................................................................ 125 

4.4.2 Miniaturized transducer with a focusing lens ................................................. 126 

4.4.3 Microbubble effects ........................................................................................ 127 



 

xi 

4.4.4 Clot debris ....................................................................................................... 129 

4.4.5 Limitation of study .......................................................................................... 130 

4.5 Summary ................................................................................................................ 131 

CHAPTER 5 LASER-ULTRASOUND TRANSDUCERS FOR DRUG-DELIVERY ....... 133 

5.1 Introduction ............................................................................................................ 134 

5.1.1 Remotely-triggered drug delivery technologies .............................................. 134 

5.1.2 LGFU-triggered drug delivery ........................................................................ 135 

5.1.3 Aim and objectives ......................................................................................... 136 

5.2 Materials and methods ........................................................................................... 138 

5.2.1 Microgels material .......................................................................................... 138 

5.2.2 Preparation of drug-carriers ............................................................................ 139 

5.2.3 Preparation and characterization of alginate microgels .................................. 140 

5.2.4 Transducer design ........................................................................................... 141 

5.2.5 Fabrication and Characterization of LGFU (Carbon black-PDMS film) 

transducer ...................................................................................................................... 145 

5.2.6 In vitro drug-release tests ................................................................................ 146 

5.3 Results .................................................................................................................... 150 

5.3.1 Drug-carrier characterization results............................................................... 150 

5.3.2 LGFU transducer characterization results ...................................................... 152 

5.3.3 In vitro drug-release test results ...................................................................... 155 

5.4 Summary ................................................................................................................ 163 

CHAPTER 6 LASER-ULTRASOUND TRANSDUCER FOR THROMBOLYSIS ........... 164 

6.1 Introduction ............................................................................................................ 165 

6.1.1 Thromboembolism .......................................................................................... 165 

6.1.2 Aim and objectives ......................................................................................... 167 

6.2 Materials and method ............................................................................................. 168 

6.2.1 LGFU transducer design and fabrication ........................................................ 168 

6.2.2 LGFU transducer characterization .................................................................. 168 

6.2.3 Microbubble preparation ................................................................................. 168 

6.2.4 Blood clot sample preparation ........................................................................ 169 

6.2.5 Microbubble-mediated thrombolysis tests in vitro ......................................... 170 

6.3 Results .................................................................................................................... 171 



 

xii 

6.3.1 LGFU transducer characterization results ...................................................... 171 

6.3.2 In vitro thrombolysis test results ..................................................................... 174 

6.4 Summary ................................................................................................................ 179 

CHAPTER 7 CONCLUSION AND FUTURE WORK ....................................................... 180 

7.1 Conclusion .............................................................................................................. 180 

7.1.1 Small-aperture dual-frequency transducer for acoustic angiography ............. 180 

7.1.2 Forward-looking, low frequency intravascular ultrasound transducer ........... 182 

7.1.3 LGFU transducer for thrombolysis and drug-delivery ................................... 182 

7.2 Future work ............................................................................................................ 183 

APPENDICES ...................................................................................................................... 185 

REFERENCES ..................................................................................................................... 217 

 

 



 

xiii 

LIST OF TABLES 

Table 2-1. Acoustic properties of biomedical ultrasound media. Material properties were 

summarized based on the information provided in the references [2], [10], [38], [39]. ......... 16 
 

Table 2-2. Frequency range, estimated axial resolution, penetration depth of typical 

diagnostic ultrasound applications. The table contents were reorganized based on the 

information provided in the references [38], [40], [46]. ......................................................... 19 
 

Table 2-3. Ultrasound appearance of typical tissues in B-mode imaging. The table contents 

were provided by the reference [35]. ...................................................................................... 21 
 

Table 2-4. The upper limits of ultrasound exposure stipulated by the Food and Drug 

Administration in the USA (FDA) [2]. ................................................................................... 24 
 

Table 2-5. Physical effects of cavitation on both diagnostic and therapeutic ultrasound 

applications. ............................................................................................................................ 28 
 

Table 3-1. Dimensions and material properties of each constitutive component of the 

transducer. The PZT volume fraction of 1-3 composite is 60%. ρ = density, vl = longitudinal 

wave velocity, kt = thickness mode electromechanical coupling factor, = dielectric 

constant. Material properties of E-solder 3022 and epoxy (EPO-TEK 301) are from the 

reference [116], [131]. ............................................................................................................ 50 
 

Table 3-2. Characterization methods for important acoustic parameters and their relevance to 

acoustic angiography [116]. TX, RX, FBW, PNP, MI, and SNR denote transmitter, receiver, 

fractional bandwidth, peak-negative- pressure, mechanical index, and signal-to-noise ratio, 

respectively. ............................................................................................................................ 55 
 

Table 3-3. Equipment and input conditions for each characterization method. ..................... 56 
 

Table 4-1. Comparison of simulation results between planar and focused aperture designs.

............................................................................................................................................... 104 
 

Table 4-2. Corresponding PNP and MI values with various voltage inputs. ........................ 117 
 

Table 6-1. Acoustic properties of LGFU transducer. ........................................................... 174 
 

033 / S



 

xiv 

LIST OF FIGURES 

 

Figure 1-1. Schematic of microbubble/microparticles-mediated medical ultrasound. ............. 4 
 

Figure 1-2. Graphical summary of the motivation and objectives; HF, LF, RX, TX, and 

LGFU denote high frequency, low frequency, receiver, transmitter and laser-generated-

focused-ultrasound, respectively............................................................................................. 11 
 

Figure 2-1. Cavitation-based mechanisms. This figure was redrawn based on the figure and 

explanation in the reference [27]. ........................................................................................... 28 
 

Figure 2-2. Schematic of an encapsulated microbubble. ........................................................ 30 
 

Figure 2-3. Schematic of typical single-element piezoelectric ultrasound transducers. ......... 32 

 

Figure 2-4. Example of the piezoelectric ultrasound transducer development procedure. This 

chart was redrawn based on the chart for pulse-echo imaging transducers in the reference 

[101]. ....................................................................................................................................... 36 

 

Figure 2-5. Development procedure for microbubbles/microgels-excitation ultrasound 

transducers. This is the adjusted procedure based on the previous summary in the reference 

[101]. ....................................................................................................................................... 37 
 

Figure 2-6. Schematic diagram of wave transmission and reflection in the matching layer. . 38 

 

Figure 2-7. KLM equivalent circuit model [83]. .................................................................... 39 
 

Figure 2-8. Geometry of the typical concave focusing lens. The geometry was redrawn based 

on the reference [10]. .............................................................................................................. 41 

 

Figure 2-9. Mechanisms of laser generated ultrasound from the carbon-based material-

elastomer composite laser-ultrasound transducer. .................................................................. 42 

 

Figure 3-1. Schematic of the stacked-type dual-frequency ultrasound transducer for 

microbubble-mediated acoustic angiography. ........................................................................ 48 

 

Figure 3-2. Fabrication procedure for the stacked-type dual-frequency ultrasound 

transducers. The overall procedure is similar to the previously reported papers [9], [117]. .. 51 
 

Figure 3-3. Pulse-echo test setup. ........................................................................................... 53 
 

Figure 3-4. Pressure output measurement setup. .................................................................... 54 



 

xv 

Figure 3-5. High-power output measurement setup. .............................................................. 54 
 

Figure 3-6. Tissue-mimicking phantom with two cellulose tubes (200 µm diameter). .......... 58 
 

Figure 3-7. Experimental setup and post-signal processing steps in the microbubble detection 

tests and superharmonic imaging. ........................................................................................... 61 
 

Figure 3-8. Pulse-echo simulation results. (A) Transmitter, (B) receiver. ............................. 63 
 

Figure 3-9. The prototyped dual-frequency transducer; (A) prototype transducer housed on 

the tip of a 16-gauge needle, (B) cross sectional view of the center part of the prototyped 

transducer. ............................................................................................................................... 64 

 

Figure 3-10.  Electrical impedance spectra of the (A) transmitter and (B) receiver elements.

................................................................................................................................................. 65 

 

Figure 3-11. Pulse-echo test results of the prototype dual-frequency transducer; (A) response 

of the transmitter, (B) response of the receiver....................................................................... 67 
 

Figure 3-12. Transmitting waveform test with 1 to 4 cycles of 2 MHz sine-wave excitation; 

(A) normalized waveform comparison for each case of excitation, (B) peak amplitude (either 

positive or negative peak) comparison for each case of excitation. ....................................... 69 
 

Figure 3-13. Measurements for different transmitted pressures of 100 to 300 Vpp (100 to 300 

mVpp with 60 dB gain) cosine-wave form excitation at 2 MHz; (A) wave forms with 1-cycle 

excitation, (B) relation of peak negative pressure (PNP) and input voltage; corresponding 

mechanical index values to PNP of 0.4 to 3.2 MPa are labeled at the right vertical axis. ...... 71 
 

Figure 3-14. Pressure mapping results by 2-cycle of 300 mVpp sinusoidal excitation at 2 MHz 

with 60 dB RF amplifier; (A) axial profile, (B) lateral profile at 10 mm away from the 

prototype transducer. The color bar indicates PNP. ............................................................... 71 
 

Figure 3-15. Time domain responses: air vs. water injection. ................................................ 73 

 

Figure 3-16. Time domain responses: air vs. microbubble injection. ..................................... 74 
 

Figure 3-17.  Frequency domain responses: air vs. microbubble injection. ........................... 74 
 

Figure 3-18.  Time domain responses (filtered by 10-15 MHz band-pass filter): air vs. 

microbubble injection. ............................................................................................................ 75 
 

Figure 3-19. Envelope amplitude comparison between the 1-cycle and 2-cycle excitation 

cases. ....................................................................................................................................... 76 



 

xvi 

Figure 3-20. Superharmonic B-mode images of microtubes in a tissue-mimicking phantom 

using the prototype dual-frequency transducer by applying sinusoidal excitation at 2 MHz 

and receiving harmonic responses in the frequency range of 10 to 15 MHz; (a) 1-cycle 

excitation, (b) 2-cycle excitation............................................................................................. 77 
 

Figure 4-1. Schematic of intravascular microbubble-mediated sonothrombolysis by using a 

catheter-directed forward-looking ultrasound transducer. ...................................................... 85 

 

Figure 4-2. Schematic of multi-layered length-extensional resonator design. Piezoelectric 

plates are typically piled up considering the alternative poling direction. ............................. 90 
 

Figure 4-3. Geometry of the circular, concave aperture. This geometry was redrawn based on 

the reference [10]. ................................................................................................................... 91 
 

Figure 4-4. Finite element model by using COMSOL (2-D axis-symmetric model); the inset 

figure shows the meshed model. ............................................................................................. 93 

 

Figure 4-5. Fabrication procedure for the stacked-type ultrasound transducers. .................... 94 
 

Figure 4-6. Stacked-type transducers in the middle of the fabrication. (A) Cross-sectional 

view of the 6-layer-stacked resonator with a matching layer (scale bar = 80 μm). (B) Stacked 

samples after electrode-patterning. ......................................................................................... 95 
 

Figure 4-7. Fabrication of the custom lens. The difference between soft and hard PDMS 

molds is the mixing volume ratio of curing agent and base. The ratios of soft and hard ones 

are 1:10 and 4:10, respectively. .............................................................................................. 96 
 

Figure 4-8. Photos of the custom concave lens in the middle of the fabrication procedure 

(scale bar = 1 mm). ................................................................................................................. 97 
 

Figure 4-9. Experimental setup for pressure measurement and beam mapping. .................... 98 
 

Figure 4-10.  In vitro test setup. The transducer and the target clot in the vessel-mimicking 

tube was submerged in the water. ......................................................................................... 102 
 

Figure 4-11.  Blood clot sample (200 mg) in the vessel-mimicking Tygon tube (scale bar = 5 

mm). ...................................................................................................................................... 102 
 

Figure 4-12. FEA simulation results; (A) planar aperture, (B) focused aperture with the 

radius-of-curvature of 1 mm. ................................................................................................ 104 
 

Figure 4-13. The relation between radius-of-curvature and focusing performance. Peak 

pressure and -6 dB beam width were normalized by the planar design values. ................... 105 



 

xvii 

Figure 4-14. The relation between lateral dimension and focusing performance. Peak 

pressure and -6 dB beam width were normalized by the planar design values. ................... 106 

 

Figure 4-15. The relation between the lens acoustic impedance and focusing performance 

(normalized pressure and -6 dB beam width). ...................................................................... 107 
 

Figure 4-16. Prototype transducers; (A) wired transducers before the concave lens bonding, 

(B) concave aperture prototype transducer (scale bar = 5 mm). ........................................... 110 
 

Figure 4-17. Prototype transducers integrated with the microbubble injection tube. ........... 110 
 

Figure 4-18. Electrical characterization results. (A) Measured capacitance and dielectric loss 

of 5 prototype transducers. (B) Measured impedance amplitude spectra of 5 prototype 

transducers. ........................................................................................................................... 112 
 

Figure 4-19. Measured beam profiles of planar-aperture prototype; the red arrows indicate 

the radiation direction, and the red contour lines denote the mechanical index of 0.3 with 

voltage input of 80 Vpp which implies the approximated threshold of inertial cavitation of 

microbubbles. ........................................................................................................................ 114 

 

Figure 4-20. Measured beam profiles of concave-aperture prototype; the red arrows indicate 

the radiation direction, and the red contour lines denote the mechanical index of 0.3 with 

voltage input of 80 Vpp. ......................................................................................................... 115 
 

Figure 4-21. Measured pressure output (1 mm away from the aperture) with voltage inputs of 

10-80 Vpp (n = 2). The concave aperture prototype exhibits approximately 2.5-fold increase 

in peak-to-peak pressure (PTP) and 2.3-fold increased peak-negative-pressure (PNP) relative 

to the planar aperture prototype. (*P < 0.05). ....................................................................... 116 

 

Figure 4-22. Captured images during 40 min treatment by using the planar-aperture prototype 

(input conditions of 620 kHz, 80 Vpp, 10% duty cycle with 100 μl/min injection of 508 

bubbles/ml). A smaller (120 mg) clot was used for monitoring the volume reduction (scale 

bar = 3 mm). Due to the high bubble concentration (508 bubbles/ml) the undestroyed bubbles 

were attached to the transducer and the inner surface of the tygon tube. ............................. 119 
 

Figure 4-23. In vitro clot lysis results. A 120 mg clot was reduced to 50 mg after the 40 min 

treatment (scale bar = 3 mm). ............................................................................................... 120 
 

Figure 4-24. In vitro test results with different input parameter. Mass reduction of the clots 

(200 mg ± 10%) in accordance with treatment time of 15-60 min (620 kHz operating 

frequency, 80 Vpp input voltage, 10% duty cycle, 100 μl/min injection of 107 bubbles/ml). 

Despite of the different pressure output (> 100% difference) both aperture prototypes realize 



 

xviii 

similar (< 5% difference) mass reduction; the difference of mass reduction showed no 

statistical significance. .......................................................................................................... 120 

 

Figure 4-25. In vitro test results with different input parameter. Mass reduction upon 

variation of microbubble concentration; fixed parameters for each test are 30 min treatment 

time, 80 Vpp input voltage, 10% duty cycle (5 ms burst duration and 305 cycle-burst, n = 3).

............................................................................................................................................... 121 

 

Figure 4-26. In vitro test results with different input parameter. Mass reduction upon 

variation of input voltage; fixed parameters for each test are 30 min treatment time, 10% duty 

cycle (5 ms burst duration and 305 cycle-burst), 107 bubbles/mL injection with 100 μl/min 

flow rate, n = 3). .................................................................................................................... 122 

 

Figure 4-27. In vitro test results with different input parameter. Mass reduction upon 

variation of microbubble concentration; fixed parameters for each test are 30 min treatment 

time, 80 Vpp input voltage, 107 bubbles/mL injection with 100 μl/min flow rate, n = 3). .... 122 

 

Figure 4-28. In vitro test result for complete mass reduction. (A) Required treatment time for 

90% mass reduction of 200 mg clot samples with the treatment conditions of 80 Vpp input 

voltage, 10% duty cycle, and 107 bubbles/ml injection with 100 μl/min flow rate (n = 3). The 

difference of treatment time between planar and concave prototypes showed no statistical 

significance. (B) A 200 mg clot sample decreased in volume and mass after 3.5 hr treatment 

(scale bar = 3 mm). The remaining small (~20 mg) fibrin (B2) was not completely removed 

by continued treatment (> 4.5 hr). ........................................................................................ 124 

 

Figure 4-29. Cavitation detection results. (A) Measured frequency spectra during the 

treatment without MCA injection. (B) Measured spectra when microbubbles (107 

bubbles/ml) were injected with 100 μL/min flow rate. ......................................................... 125 

 

Figure 4-30. Magnified images of the 100 μm mesh filter (scale bar = 100 μm). The 

photograph was captured using a digital SLR camera (Canon EOS Rebel T3) with 50 mm 

lens (Canon, f/2.5 Compact Macro Lens), cropped and aligned using Microsoft PowerPoint.

............................................................................................................................................... 129 

 

Figure 5-1. Schematic of spatiotemporal drug delivery. Remote trigger can be thermal, 

optical, magnetic, electrical and acoustic excitations. .......................................................... 136 

 

Figure 5-2. Schematic of the laser-generated-focused ultrasound (LGFU) drug-delivery 

system. .................................................................................................................................. 137 
 

Figure 5-3. Structure of the LGFU transducer. Acoustic medium can be categorized into 

three different materials: plano-concave glass (medium 3), carbon-PDMS layer (medium 2), 

and water (medium 1). .......................................................................................................... 142 



 

xix 

Figure 5-4. Modeled LGFU pressure output at the focal distance of ~ 12 mm. ................... 144 
 

Figure 5-5. A 3 D-printed custom fixture for in vitro drug release tests. The fixture was 

designed to maintain the distance between the aperture of the LGFU transducer and the 

center of the 1.5 ml test tube as approximately 1.2 mm which is the focal distance of the 

LGFU transducer. ................................................................................................................. 147 
 

Figure 5-6. Experiment setup for in vitro drug release tests. ................................................ 149 
 

Figure 5-7. Characterizations of the DOX-loaded PLGA NPs, alginate microgels loaded with 

PLGA NPs and characterizations. (A) SEM image of the PLGA NPs (inset, scale bar = 1 μm) 

and the polydispersity intensity of the various diameter of PLGA NPs (B) SEM image (left) 

and size distribution (right) of alginate microgels loaded with PLGA NPs (scale bar = 1mm).

............................................................................................................................................... 151 
 

Figure 5-8. Laser scanning confocal microscopy (LSCM) image of the FITC-tagged alginate 

microgels' shell; the DOX loaded PLGA NPs, and the merged image of microparticles with 

DOX loaded NPs (scale bar=100 μm). ................................................................................. 152 
 

Figure 5-9. (A) Time-domain waveforms at the focal distance (12.3 mm) and ±3mm away 

(along the axial direction) from the focal distance. (B) Indirectly characterized pressure 

output amplitudes versus laser energy. Data represents mean±SD (n=3). ........................... 154 
 

Figure 5-10. The promoted drug release triggered by the LGFU system. (A) DOX 

concentration comparison between PBS and degassed PBS (18 mJ, 30 s). (B) DOX-release 

amount at the focal point and 3mm away (along the axial direction) from the focal point (18 

mJ, 30 s). ............................................................................................................................... 156 
 

Figure 5-11. The release concentration upon variation of LGFU parameters: (A) input energy 

changes at a fixed duration of 3 min; (B) treatment duration changes at a fixed laser energy 

of 18 mJ. Data represents mean±SD (n=3). .......................................................................... 157 
 

Figure 5-12.The cumulative concentration of released drug after 30 s treatment with LGFU 

(18 mJ) and passively released drug without LGFU treatment. (A) DOX and (B) CIF. ...... 158 
 

Figure 5-13. LGFU-induced anticancer effects in vitro. (A) Cell viability of HeLa cells 

treated by solutions from DOX-formulated microgels (18 mJ, 30 s) and passive released 

DOX. (B and C) Normalized HeLa tumor spheroid sizes and morphologies at day 0, day 3, 

day 5 and day 7 after LGFU treatment, formulations without LGFU treatment (passive 

release), and PBS (control). Scale bars: 100 μm. Data represents mean±SD (n=3). *P < 0.05 

(t-test), **P < 0.01 (two-tailed Student's t-test). ................................................................... 160 



 

xx 

Figure 5-14. The diameter of the inhibitory zone produced around the filter-paper disks 

measured after incubation at 37 °C for 24 h. Scale bar: 5 mm. Data represents mean±SD 

(n=3). *P < 0.05 (t-test), **P < 0.01 (two-tailed Student's t-test). ........................................ 161 
 

Figure 5-15. Pictures of the diameter of the inhibitory zone produced around the filter-paper 

disks after incubating for 24 h at 37 °C. 50 μl of samples after LGFU treatment were applied 

daily to the sterilized filter-paper disks with a diameter of 5 mm. The CIF diffused from the 

filter-paper disks to inhibit E. coli growth. ........................................................................... 162 
 

Figure 6-1. Schematic of microbubble-mediated sonothrombolysis using a laser-generated-

focused-ultrasound (LGFU) transducer made of a carbon-black/PDMS composite film. 

Laser-generated shock waves produce inertial and stable cavitation of the injected 

microbubbles, and cavitation induced microstreaming causes both enhanced penetration of 

the lytic drug and mechanical damage to the clot surface. ................................................... 167 
 

Figure 6-2. A 3 D-printed fixture for the consistent exposure of the blood clot samples to the 

LGFU. The MCA infusion needle is connected at the bottom of the vessel mimicking tube 

container. ............................................................................................................................... 169 
 

Figure 6-3. Experiment setup for in vitro thrombolysis tests; 1, 2, and 3 denote LGFU 

transducer, clot sample, and the vessel-mimicking tube. Microbubbles are infused from the 

bottom side. ........................................................................................................................... 171 
 

Figure 6-4. Fabricated carbon black-PDMS LGFU transducer. ........................................... 172 

 

Figure 6-5. Time-domain wave form measurement result.................................................... 172 
 

Figure 6-6. Laser energy vs. peak-to-peak pressure. ............................................................ 173 

 

Figure 6-7. Pressure amplitude profile. (A) Pressure amplitude variation in accordance with 

the axial distance, (B) Pressure amplitude variation in accordance with the lateral distance.

............................................................................................................................................... 173 
 

Figure 6-8.  Microbubble destruction by LGFU. Red circles denote bubble destruction 

volume. Different laser input resulted in the difference cavitation volume. ........................ 175 
 

Figure 6-9.  In vitro thrombolysis test results. Microbubble concentration vs. percent mass 

loss. ....................................................................................................................................... 176 

 

Figure 6-10. In vitro thrombolysis test results. Input laser energy vs. percent mass loss..... 177 
 



 

xxi 

Figure 6-11. Blood clot sample before (top) and after (bottom) the microbubble-mediated 1h-

LGFU thrombolysis treatment (scale bar = 5 mm). The bubble concentration was 108 ml/min, 

and the input laser energy was 20 mJ. .................................................................................. 178 
 



 

1 

1 CHAPTER 1 

INTRODUCTION 

Ultrasound is a versatile tool for biomedical application. Owing to its non-invasive 

nature, biomedical ultrasound has experienced considerable progress in both diagnostic and 

therapeutic applications over past five decades [1]. To date, ultrasound imaging has been 

considered as one of the most prevalent diagnostic modalities taking advantage of portability, 

simple procedure, and real time monitoring [2]. Moreover, advanced ultrasound imaging 

techniques have been realized by using microbubble contrast agent (MCA). Current MCA is 

composed of bio-inert gas core stabilized by a lipid, polymer, or protein shell [3]. Encapsulated 

microbubbles are freely circulating in small vessels, and those provide high contrast for 

ultrasound imaging [4]. Microbubbles have been primarily used as an imaging contrast agent 

for the improved contrast vasculature imaging, but they also has been deployed as an 

ultrasound therapeutic agent, such as drug-carriers for spatiotemporal drug-delivery and 

supplement for improved efficacy of therapies. In addition to the separated uses as imaging or 

therapeutic agents, the combined approach has been recently developed, which is called 

theranostics. Theranostics is the combination of diagnostic test and therapeutic approach as a 

specific, individualized therapy for heterogeneous diseases, such as cancers [5]. In theranostic 

approach, various types of theranostic agents are deployed in the form of microbubbles, 

microgels, and nanoparticles. The significant progress of nanotechnology has offered 

increasing opportunity to exploit new techniques for disease-targeted, ultrasound diagnosis, 

therapeutics, and theranostics [5]. Despite current increasing attention to the ultrasound-based 
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diagnostic and therapeutic approaches with microbubbles, microgels, and nanoparticles, the 

main challenge has been the lack of the customized, optimally designed ultrasound transducers. 

Specifically designed ultrasound transducers may realize more efficient acoustic excitation of 

microbubbles or microgels with targeted detection of the responses from such agents for taking 

full advantages of improved diagnostic, therapeutic, and theranostic efficacy.  

This chapter is designed to articulate specific scope and objective of my doctoral research 

with motivation. The following sub chapters present 1) state-of-the art technologies for 

microbubble/microgel-mediated ultrasound approaches, 2) current technological plateau and 

challenges on ultrasound transducers, 3) introduction on the scope and objective of my study. 

A brief description on the dissertation structure is presented at the end of this chapter. General 

description is provided in this chapter avoiding technical details, because comprehensive 

background information is described in chapter 2. 

 

1.1 Motivation 

1.1.1 Brief background of conventional biomedical ultrasound 

Biomedical ultrasound can be divided into diagnostic and therapeutic ultrasounds. For 

diagnostic applications, ultrasound waves penetrate biological tissue containing information of 

internal structures and properties of the body for diagnosis [1], which is simply called 

ultrasound imaging. From the early use of B-mode diagnostic ultrasound in 1950s, it has been 

considered as a useful imaging modality due to its merits of cost-efficiency, portable devices, 

free from ionizing radiation, relatively simpler imaging process, and real-time imaging 

compared to magnetic resonance imaging (MRI) and computed tomography (CT) [6], [7]. 
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These merits enabled the diagnostic ultrasound to have been widely used for imaging in 

radiology, cardiology, and obstetrics [8].  

For therapeutic applications, relatively higher acoustic energy compared to diagnostic 

ultrasound is delivered to induce bio-effects and physical change to patients [9]. After early 

use in 1930s, therapeutic ultrasound has shown its promise for clinical applications especially 

in deep tissue ablation, lithotripsy, and thrombolysis owing to its non-invasive nature [10]. 

High intensity focused ultrasound (HIFU) has typically been used for these therapeutic 

applications, since both sufficient acoustic power and sharply focused beam are crucial for 

precise ultrasound surgery without damage to intervening tissue [10]–[12]. 

In mid 1980s, increased clinical interest in microbubbles for contrast-enhanced imaging 

realized significant progress on development of potential ultrasound contrast agents from 

initial use of physiological saline in the 1960s [2]. Current commercially available contrast 

agents, e.g. lipid-coated and polymer-coated microbubbles (typically 1-8 μm in diameter) were 

advanced from these early precursors [2], [13], [14]. The first commercially available, FDA-

approved contrast agents were albumin-coated microbubbles Albunex® and OptisonTM (GE 

Healthcare) in the 1980s [4], and commercial microbubbles are being actively used as both 

therapeutic and contrast agent to date. Figure 1-1 shows schematic of microbubbles 

/microparticles-mediated biomedical ultrasound. 

 



 

4 

 

Figure 1-1. Schematic of microbubble/microparticles-mediated medical ultrasound. 

 

 

1.1.2 Micro/nano particle agent-involved diagnostic ultrasound 

Microbubbles have typically been used to enhance sensitivity of ultrasound with 

improved contrast compared to blood, vessel wall, and surrounding tissue [15]. Due to the 

acoustic impedance mismatch between the gas cores and surrounding blood, strong scattered 

echoes from microbubbles improve contrast of ultrasound B-mode images [16]. Taking 

advantages of strong echoes from the MCA, other imaging techniques, such as Doppler 

imaging and ultrafast localization microscopy have progressed for the ultrasound vascular 

diagnosis [17]. For colour Doppler imaging of small vessels, injection of MCA has realized 

the significantly enhanced target signal above the clutter signal while typical blood flow 

without MCA resulted low ultrasound signal-to-noise ratio (SNR) [18]. In the 2000s, ultrafast 

ultrasound imaging technique has been used with MCA for the super-resolution vascular 

imaging. In 2015, by exploiting the principle of conventional super-resolution optical 
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microscopy, ultrasound imaging system with the massive computation capacity for ultrafast 

frame rates (more than 500 frames per second) has exhibited high resolution (0.1 wavelength, 

8-10 μm) vascular imaging at several centimeters depth [19]. In these imaging methods, 

enhanced linear responses from MCA, has been mainly utilized with the single operating 

frequency, low-amplitude impulse waves. 

 One special feature of the MCA appears with the higher amplitude pressure excitation. 

With the relatively modest-amplitude excitation, their spherical shell oscillation of 

microbubbles exhibits nonlinear responses including higher harmonic frequency components 

in the scattered echoes [20]. The strong higher harmonics have been deployed for contrast-

enhanced harmonic imaging [17]. By processing only higher harmonic signals, the 

significantly improved backscatter signal from the microbubbles in comparison with the 

surrounding tissue can be achieved, which results in the high contrast at imaging target to the 

background [2]. In the 1990s, conventional single-frequency ultrasound transducers with the 

wide-bandwidth have been used for harmonic imaging, particularly for second-harmonic 

imaging, since the echo amplitude of the second harmonic is much larger than higher 

harmonics (3rd to 5th), and the typical single-frequency ultrasound probe has a limited 

frequency bandwidth which is not able to include higher harmonics than the 3rd harmonics 

[21]. One limitation of the contrast-enhanced, second harmonic imaging has been revealed that 

the discrimination of MCA-flowing vessels and perfused tissue, which is defined as contrast-

to-tissue-ratio (CTR), was impeded by the considerable level of second harmonic responses 

from surrounding tissue [16]. Nonlinear nature of modest amplitude pressure waves 

propagating in tissue also generates strong second harmonic signal. 
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To overcome this limitation, superharmonic imaging has been developed in the early 

2000s. This technique aims to detect superharmonic components (3rd to 5th harmonics) of MCA 

by using dual-frequency ultrasound transducers with separated receiver components, e.g., 0.9 

kHz for excitation and 2.8 MHz for detection [22]. By filtering the fundamental and second 

harmonic frequency components out, improved CTR has been realized for vascular imaging 

[17]. Furthermore, in the early 2010s, high CTR, high resolution, contrast-enhanced 

superharmonic vascular imaging technique has been developed, which is called acoustic 

angiography. Acoustic angiography technique utilizes a dual-frequency ultrasound transducer 

with the broadly separated frequency bandwidth, e.g., 4 MHz for transmission and 30 MHz 

reception for complete tissue suppression [23]. This approach enables both high resolution 

imaging of microvasculature without background tissue and traditional pulse-echo B-mode 

imaging using the high-frequency element alone for acquiring tissue volume images. Thus, the 

overlay of both images can provide vasculature-related pathological conditions [24].  

Agiogenesis, which is defined as new blood vessel formation from the existing vessels, 

has been considered as an important indicator for cancer diagnosis [25]. By analyzing vascular 

morphology and volume, early stages of cancers can be diagnosed, because tumor-bearing 

condition shows tortuous and leaky vessel network, whereas health tissue contain arranged 

pattern of microvessels [26]. Hence, acoustic angiography with the specifically designed dual-

frequency transducers may be promising approach for diagnosis of various cancers, such as 

prostate, pancreatic, and uterine cancer. These cancers can be diagnosed by intracavitary 

ultrasound, which has a limitation on the design of the transducer. Due to the spatial limitation, 



 

7 

transducer is required to have compact design and dimensions still with the capability of 

moderate pressure wave generation.  

 

1.1.3 Therapeutic ultrasound using microbubbles and microgels 

As aforementioned, various types of microbubbles have long been developed and 

utilized mainly in diagnostic applications. Meanwhile, biocompatible micro- and nanoparticles 

including conventional MCA has been investigated and tried either by itself or in combination 

with drugs for therapeutic applications, such as treatment of cancers, cardiovascular disease, 

thrombosis, and diabetes [27]. Furthermore, various micro/nanoparticles are currently being 

developed as theranostic agents which enable functional imaging and targeted therapy. 

Theranostic agents can flow inside the vessels and bind to specific molecular sites, such as 

tumors, for imaging and targeted drug delivery by the burst ultrasound [28]. 

For the use without drugs, microbubbles are typically used as cavitation nuclei for 

enhanced cavitation effects [29]. Since microbubbles act as nuclei of cavitation, peak-negative-

pressure (PNP) for the bubble nucleation (e.g. approximately 2.5 MPa at ~750 kHz) is not 

required but much lower PNP (20%) can generate stable or inertial cavitation of existing 

microbubbles [30]. In the 1990s, this advantage has been deployed for thrombolysis by 

ultrasound energy, which is called sonothrombolysis [31]. Owing to its great potential for the 

accelerated thrombolytic efficacy either with or without thrombolytic agent, such as tissue 

plasminogen activator (t-PA), microbubble-mediated sonothrombolysis has been actively 

investigated in many studies to date including cavitation-related mechanism study, and clinical 

studies for diverse thrombo-occlusive diseases [32]. During microbubble-mediated 
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sonothrombolysis, microbubbles are administered intravenously or directly into the clot. By 

the interaction with the sufficient ultrasound energy, microbubbles expand and contract near 

the target clot generating microstreaming which applies shear force and break apart the clot 

[27]. With the intravenous administration of thrombolytic agents, stable and inertial cavitation 

of MCA can make thrombolytic agents incorporated into the bubble and deposited into the 

blood clot. Thus, ultrasound-enhanced thrombolysis (UET) is achieved by the accelerated 

penetration of t-PA into target clots. It has been demonstrated that the combined use of MCA 

and t-PA is more efficient for dissolving clots than MCA-mediated ultrasound alone [4]. Both 

transcutaneous and intravascular ultrasound approaches have been applied for UET. In 

comparison with other approaches, catheter-directed, transducer-tipped, intravascular 

ultrasound approach has shown its merits of localized deliver of t-PA, flexible frequency 

selection, and reduced concern for the penetration of ultrasound through tissue. 

For the use with the drug-loading, biologically inert micro/nano particles have been 

developed as drug-delivery vehicles [4]. Among various types of drug-carriers, such as 

liposome, polymeric, micelles, and dendrimers, the lipid- and polymer-type drug-carriers have 

been widely used due to their advantages [33]. Lipid is a large class of compounds that consist 

of hydrocarbon or fluorocarbon chains. Lipid shell is less stable and show limited load capacity 

than polymer shell, but it is easier to make a more echogenic drug-carriers [4]. Polymer carriers 

are usually composed of dissolved polymers (e.g. poly(lactide-co-glycolide) or poly(lactide-

co-ethylene glycol)), simply called microgel, and they composed of a stiffer shell which allow 

a much higher loading capacity than lipid-type carriers [34]. To date, several kinds of drugs or 

genes have been tried for ultrasound-triggered drug delivery, such as insulin, plasmid DNA, 
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and doxorubicin [33]. Precise spatiotemporal control of doxorubicin delivery to the cancer area 

has attracted increasing attentions due to its important of cancer treatment without systemic 

toxicity. The basic principle of delivering drug-loaded particles is the accumulation of the 

microcarriers at the specific location, such as tumor tissue. In addition to this passive spatial 

control, active targeting can be available by controlling drug-carriers to selectively adhere 

designated receptors. Ultrasound waves, typically pulsed waves, are applied to the carriers only 

located in the region of interest, thereby releasing the loaded drugs at the preferential deliver 

spots [4]. Drug-releasing mechanism mainly relies on the sustained vibration of the shells, 

rupture of the shell, and both stable and inertial cavitation near the boundary of shell surface 

and adjacent medium, e.g., blood or tissue [4]. Hence, higher ultrasound energy than the 

diagnostic ultrasound level is required to induce such acoustical-mechanical interactions.  

 

1.1.4 Limitations on current ultrasound transducers 

Limitation of these microbubble-aided ultrasound techniques is the lack of the suitable 

custom ultrasound transducers. Most of the previous works have used conventional 

commercial ultrasound probes regardless of dimensions and focal size. Several custom 

ultrasound transducers have been developed, but size and design are inappropriate for 

aforementioned promising applications, i.e, intracavitary acoustic angiography. For contrast-

enhanced superharmonic imaging and acoustic angiography, currently developed dual-

frequency transducers are bulky and complicate for fabrication (Figure 1-2). In order to 

diagnose prostate, pancreatic, and uterine cancers, there is a spatial limitation for the 

transrectal, endoscopic, and transvaginal ultrasound. The dual-frequency transducer is required 
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to be compact, and the transmitting/receiving frequency combination is also required to be 

optimally selected considering imaging depth and required resolution. 

Most of these therapeutic applications have involved HIFU transducers for utilizing 

sufficient ultrasound energy at the specified target area. Usually, HIFU transducers operate at 

relatively low frequency (1-5 MHz), since lower frequency is much more beneficial in the 

aspect of transmitting ultrasound energy deep in the human body and generating cavitation. 

However, low frequency ultrasound beam has limitation of large focal size compared to the 

high frequency ultrasound beam. The large focal volume may accompany concern of 

ultrasound-induced damage in surrounding area, such as vessel wall. Thus, high frequency, 

focused ultrasound transducer enables tight focal spot which suppresses the safety concern. 

Conventional piezoelectric HIFU transducer is hard to be modified for the high-frequency 

design.  The frequency-dependent factor is the thickness of piezoelectric material inside the 

transducer, and if the piezoelectric element is too thin, it is not able to stand the high voltage 

input resulting in depoling or electrical breakdown. Therefore, new types of the focused 

ultrasound transducers are in demand for precise ultrasound therapy with injected 

microbubbles. Figure 1-2 shows main theme of this dissertation. 
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Figure 1-2. Graphical summary of the motivation and objectives; HF, LF, RX, TX, and LGFU 

denote high frequency, low frequency, receiver, transmitter and laser-generated-focused-

ultrasound, respectively. 
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1.2 Objectives 

The main theme of this dissertation is the development of new ultrasound transducers 

focusing on the efficient acoustic excitation for microbubbles/gels and associated data 

acquisition capability. Three different types of the ultrasound transducers were aimed to be 

developed for both diagnostic and therapeutic applications (Figure 1-2): 1) stacked-type, dual-

frequency, 1-3 piezoelectric composite transducers for intracavitary acoustic angiography, 2) 

Forward-looking, low-frequency, intravascular ultrasound transducer for microbubble-

mediated sonothrombolysis, 3) Laser-generated-focused-ultrasound transducer for 

microbubble-mediated sonothrombolysis and spatiotemporal drug delivery.  

 

1.3 Dissertation outline 

In this dissertation, three different types of unconventional ultrasound transducers for 

three different microbubble-involved ultrasound applications are presented. After this first 

chapter with the introduction, background of microbubble-involved ultrasound-based 

techniques are described in Chapter 2. All the detailed information regarding relevant theories 

and modeling methods are provided in the sub chapters of Chapter 2. In Chapter 3, 

comprehensive study on dual-frequency, stacked-type 1-3 piezocomposite transducers for 

intracavitary acoustic angiography is presented. Chapter 4 includes the study on intravascular 

forward-looking ultrasound transducers for microbubble-mediated sonothrombolysis. 

Feasibility study on laser-generated-focused-ultrasound (LGFU) transducers is presented in 

Chapter 5 and 6. Chapter 5 contains in vitro study for drug-delivery application, and Chapter 
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6 is about LGFU transducer for microbubble-aided thrombolysis. Finally, conclusion and 

future work are described in Chapter 7 followed by the Appendices. 

 

 

 

 

 

  



 

14 

2 CHAPTER 2 

BACKGROUND 

To develop new ultrasound transducers for acoustic excitation of bio-compatible 

bubbles or particles with improved efficacy, solid background knowledge on acoustic theory, 

physical interaction of ultrasound energy and target objectives, and acoustical behavior with 

other domains such as electrical, optical and thermal domains are required. In addition, 

appropriate transducer design methodologies and practical applications are required to be 

considered. Before the detailed description on the new ultrasound transducers for each different 

application, this chapter is designed to provide some insights into medical ultrasound theories, 

dynamics of bubbles and bio-compatible particles, ultrasound transducer designs, and clinical 

practices in medicine and biology. Only essential background that is highly related to 

microbubble-mediated ultrasound technique is presented in this chapter. 

 

 

2.1 Basic physics of ultrasound in medicine and biology 

2.1.1 Ultrasound propagation in tissue 

Ultrasound waves in human tissue are affected in the four different ways: reflection, 

absorption, refraction, diffraction, scattering, and transmission [35]. These are generally 

dependent to the acoustic impedance of different tissues and organs. Typical acoustic medium 

for biomedical ultrasound is tissue which has similar acoustic impedance of water (1.5×106 

Pa·s/m = 1.5 MRayl). Acoustic impedance is a measure of the particle velocity as a response 

to a given pressure wave [2], which can be determined by the ratio of pressure (p) to the local 
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particle velocity (u), as shown in Eq. (2-1). For plane waves, this ratio is determined by the 

product of density (ρ) and wave speed (v), which is called characteristic acoustic impedance 

[36].  For elastic media, wave speed is determined by their density and stiffness (ks), the 

characteristic impedance can be presented by density and stiffness. 

 

(Pa s/m = Rayl)s

p
z v k

u
                                         (2-1) 

 

Typical types of human tissue have the acoustic impedance values shown in Table 2-

1. Acoustic impedance of bone and air are also shown in the table for reference because the 

most of the microbubbles retain gas core which has low acoustic impedance compared to blood 

or tissue. On the other hand, bone has high acoustic impedance that results in the considerable 

reflection of the waves at the bone-tissue boundary, since the wave reflection is determined by 

the acoustic impedance difference at the boundary of the two media as shown in equation (2-

2) which is the pressure reflection coefficient, R, where T denotes pressure transmission 

coefficient. The normal tissue-bone boundary has pressure reflection coefficient of about 0.6. 

The largest R in the microbubble-mediated medical ultrasound techniques is the air-blood 

boundary which has R about 0.99. This high impedance mismatch for improved scattering was 

the original purpose of the used of the microbubble contrast agents.  
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Due to the variation of acoustic impedance of various types of tissue, especially in fat 

(1.33 MRayl) and bone (6.47 MRayl) compared to the other types of tissue (~1.65 MRay), 

reflection, refraction, scattering, and attenuation of the ultrasound waves are required to be 

considered for both diagnostic and therapeutic ultrasound applications. For example, it is 

necessary to re-design the focused ultrasound beam for brain therapy by using HIFU, due to 

the significant reflection and refraction of the ultrasound beam at the skull boundary [37].  

 

 

Table 2-1. Acoustic properties of biomedical ultrasound media. Material properties were 

summarized based on the information provided in the references [2], [10], [38], [39]. 

Tissue type 
Wave speed 

(m/s) 

Acoustic impedance 

(MRayl) 

Attenuation 

(dB/cm/MHz) 

Blood 1550 1.67 0.15-0.25 

Liver 1578 1.66 0.40-1.00 

Kidney 1560 1.64  

Fat 1430-1450 1.33 1.00 

Muscle 1585 1.70 0.57-3.00 

Brain 1540-1550 1.68 0.44 

Bone 3200-4000 6.47 30 

Air 333 430×10-6  
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In soft tissue, the propagating ultrasound waves experience the gradual reduction of the 

ultrasound energy [2]. As a pulse or continuous waves, some of the ultrasound energy is 

converted to heat in the tissue (absorption) and some of the energy is scattered out of the beam.  

Attenuation of ultrasound waves in soft tissue is in the range of ~0.2 to ~3 dB/MHz/cm (Table 

2-1) [38]. For a plane wave propagating in the positive direction of r, the pressure wave can be 

expressed as  

   

   
,

j t krrp r t Pe e
                                                      (2-3) 

 

where is the attenuation coefficient. Ultrasound attenuation shows exponential decay curves 

with the propagating distance, and the attenuation coefficient of typical tissues approximately 

linearly increases with frequency [2]. Thus, operating frequency selection is important for both 

diagnostic and therapeutic ultrasounds. For extracorporeal ultrasound, the aperture size and 

focal distance are also important. For example, in cardiac imaging application ultrasound beam 

should be smaller than the space between the ribs to avoid the reflection and scattering from 

the ribs. For typical therapeutic ultrasound applications, low frequency (< 5 MHz) ultrasound 

is used to deliver sufficient ultrasound energy at the target area  because the lower operating 

frequency waves experience less attenuation compared to the high operating frequency 

ultrasound waves [40], [41].  

For moderate and high pressures in mega-Pascal range, in addition to the absorption 

and scattering, nonlinear propagation converts the ultrasound energy to higher harmonics (2f0, 

3f0, ..) of the fundamental frequency (f0) of the propagating waves [2], [38]. If the high 
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instantaneous intensities are involved in biomedical ultrasound, ultrasound propagation is 

nonlinear. There is a distortion of the beam patterns compared to the estimated beam by linear 

theories, because the wave speed in the positive pressure region is faster than in the negative 

pressure region [38], [42]. In time domain, the nonlinear waves typically exhibit saw-tooth 

shape converted from the sinusoidal wave form, and the negative peak amplitude is much 

smaller than the positive peak amplitude (unsymmetric bi-polar wave form). In frequency 

domain, harmonic frequency components have discernable amplitudes. With the same acoustic 

aperture, ultrasound beam alters by changing the frequency (wavelength). The energy 

conversion to the harmonics increases the attenuation due to the increased attenuation at higher 

frequency range [38].  

In microbubble-mediated ultrasound applications, sufficient ultrasound energy is 

required for the target microbubbles or microgels [43]. Thus, in the aspect of energy loss, the 

relatively low frequency is more advantageous for efficient wave propagation [44]. The 

important frequency-dependent characteristics for microbubble excitation will be discussed in 

the later subchapters. Briefly, for generating microbubble-related acoustic phenomena, such as 

acoustic cavitation (bubble oscillation and rupture), the lower frequency and higher intensity 

ultrasound waves are more appropriate than the higher frequency ultrasound waves. 

   

2.1.2 Ultrasound echoes 

Conventional B-mode imaging is realized by transmitting ultrasound pulse and detect 

the reflected or scattered waves [45]. For biomedical application, this imaging approach is the 

most popular and versatile approach [2]. Due to the aforementioned wave propagation 
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characteristics in tissue, different imaging targets require different operating frequency for the 

maximum achievable imaging resolution and penetration depth. Table 2-2 shows the 

conventional operating frequency, approximated resolution, and acoustic intensity ranges for 

typical diagnostic ultrasound. 

 

 

Table 2-2. Frequency range, estimated axial resolution, penetration depth of typical diagnostic 

ultrasound applications. The table contents were reorganized based on the information 

provided in the references [38], [40], [46]. 

Frequency 

(MHz) 

Axial resolution 

(μm) 

Penetration depth 

(mm) 

Typical 

application 

Intensity 

(mW/cm2) 

1-3 1000 20 Transcranial 100 

3-5 750 15 
Heart 

Abdomen 
100 

5-7 500 10 Skeletal 100 

7-15 300 5 Vascular 100 

15-20 150 3 
Vascular 

Skin 
100 

> 20 100 < 3 
Skin 

Eye 
8 
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In order to achieve higher targeted resolution and contrast by decreasing the imaging 

distance, some approaches such as interventional, intravascular, intracavitary, and endoscopic 

ultrasound approaches have been used. Although these approaches are not fully noninvasive, 

the required penetration depth can be significantly reduced by positioning the imaging probe 

closer to the imaging target resulting in the enhanced imaging contrast and resolution by using 

higher operating frequency. For example, transcrectal ultrasound has been used to diagnose 

prostate gland and surrounding tissue, thus the ultrasound waves are only penetrate the 

patient’s rectum wall and the prostate boundary [47], [48]. 

The received ultrasound echoes construct the B-mode images. The brightness of the 

images is determined by the amplitude of echoes (amplitude of the envelope). Tissues and 

organs have a characteristic brightness ranging from ‘hyperechoic’ which means very bright 

to ‘anechoic’ which is dark as background (Table 2-3) [35], [49]. By using the microbubble as 

a contrast agent, the brightness of the vessels is improved to hyperechoic owing to the gas core 

in the injected microbubbles [50], while the artery lumen itself shows anechoic-hypoechoic 

image.  
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Table 2-3. Ultrasound appearance of typical tissues in B-mode imaging. The table contents 

were provided by the reference [35].  

Tissue B-mode image (brightness) 

Air bubbles Hyperechoic 

Fat Hyporechoic 

Muscles Hyperechoic lines within hypoechoic tissue 

Bone Extremely hyperechoic (with shadowing) 

Veins 
Echogenic vessel wall 

Anechoic-hypoechoic lumen 

Arteries 
Echogenic-hyperechoic vessel wall 

Anechoic-hypoechoic lumen  

 

 

 

 

For diagnostic ultrasound, there is safety concern regarding thermal and mechanical 

damage on tissue [51]. Without injecting MCA in the vessels, ultrasound energy can be 

considered as a source of thermal damage on tissue if the acoustic intensity is higher than the 

threshold, since the converted energy (acoustic to thermal) results in the local temperature 

elevation during ultrasound scanning [2]. This effect has been utilized for therapeutic 

ultrasound application, such as tissue ablation at the tumor area, but for diagnostic uses, this 

energy conversion has been considered as a problem should be avoided. In typical soft tissues, 

the rate of energy that is absorbed per unit volume can be expressed as Eq. 2-4, where 0, f, 
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and I denote the absorption coefficient, frequency, and the intensity, respectively [2]. The 

thermal index (TI) can be defined as the Eq. 2-5, where Wp is a relevant (attenuated) acoustic 

power at the depth of the target area and Wdeg is the estimated acoustic power for increasing 

1°C on the target tissue [10].

 

02vq fI                                       (2-4) 

 

deg/pTI W W                                       (2-5) 

 

In this study focusing on the microbubble-involved ultrasound imaging and therapies, 

the ultrasound-induced heating is not significant compared to the cavitation-induced 

mechanical effects. Especially for diagnostic application using puled ultrasound waves with 

low duty cycle (< 0.1%), thermal effect is not considerable unless the pressure amplitude is not 

excessively high (> ~10 MPa), since the spatial peak temporal average intensity, ISPTA, cannot 

reach the threshold value to induce the thermal effect [2]. On the other hand, the cavitation-

involved mechanical effect is crucial in the imaging applications.  Mechanical (non-thermal) 

damage has been demonstrated in animal tissues containing gas pockets, such as lung, vessel 

walls, and intestine, with a ultrasound power for imaging (<~1 MPa), which reveals that the 

unnecessary exposure should be avoided even with the diagnostic levels of ultrasound [52]. 

One of the most important parameter for this safety concern is mechanical index (MI), which 

is defined as PNP (in MPa) divided by the square root of the operating frequency (in MHz) as 

shown in Eq. 2-6. It is shown that the pressure amplitude is not the only critical factor for the 
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ultrasound-induced mechanical effects but the lower frequency decreases the threshold for the 

cavitation-involved mechanical effects [53], [54].  

 

 
 

 

MPa

MHz

PNP
MI

f
  (2-6) 

 

The upper limits of ultrasound exposure stipulated by the Food and Drug Administration 

in the USA (FDA) is summarized in Table 2-4 [2]. The British Medical Ultrasound Society 

(www.bmus.org) has also issued the safety guidelines for MCA-involved diagnostic ultrasound 

as summarized below [10].  

• For MI > 0.3, there is a possibility of minor damage to neonatal lung or intestine, thus 

neonatal exposure times at these levels should be kept to a minimum. 

• MI > 0.7: there is the risk of inertial cavitation for the MCA-mediated imaging (there is 

also a theoretical risk of cavitation in the absence of MCA). 

• TI > 0.7: scan times of the fetus or embryo should be limited as follows: 60 min for TI = 

0.7, 30 min for TI = 1.0, 15 min for TI = 1.5, 4 min for TI = 2.0, 1 min for TI = 2.5. 

• For TI > 1.0, ophthalmic scanning is not recommended. 

• For TI >> 3.0, fetal and embryonic scanning is not recommended.  
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Table 2-4. The upper limits of ultrasound exposure stipulated by the Food and Drug 

Administration in the USA (FDA) [2]. 

 
Derated ISPTA 

(mW/cm2) 

Derated ISPPA 

(mW/cm2) 

Mechanical 

index (MI) 

Thermal 

index (TI) 

All applications 

except 

ophthalmology 

720 190 1.9 6.0 

Ophthalmology 50  0.23 1.0 

 

 

 

 

 

 

2.1.3 Mechanical effect of ultrasound 

As previously stated, mechanical effects of ultrasound on tissue have been utilized for 

the ultrasound therapies. The main mechanisms are radiation force, acoustic streaming, 

cavitation, and cavitation-induced microstreaming and microjets [34], [55]. These non-thermal 

phenomena have played an important role in various ultrasound surgery or therapies, such as 

thrombolysis, hemolysis, and sonoporation [56]. The radiation force and acoustic streaming 

are the most frequently discussed non-thermal and non-cavitation mechanisms [56]. The 

cavitation-related mechanism will be described in the next sub-chapter (2.2). 
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Ultrasound beam with the moderate acoustic intensity is able to induce mechanical forces 

at the boundaries of media and inhomogeneous and dissipative media [10], [57], [58]. This is 

known as the radiation force and it is caused by a transfer of momentum from the propagating 

waves to the medium [59], [60]. Approximated equation of the radiation force under plane 

wave assumption can be expressed as Eq. 2-6, where S is the beam area on the target, I is the 

time-averaged acoustic intensity, and c is the wave velocity [10]. 

 

(forceon a prefectly absorbing target)

2
(forceon a prefectly reflecting target)

RF

IS
F

c

IS

c





                               (2-6) 

 

Acoustic streaming is a stationary fluid motion (unidirectional circulation) arises from 

the intense ultrasound field [10], [61]. This phenomena is caused by a transfer of momentum 

to the liquid medium with the non-oscillatory steady fluid motion as it absorbs energy from 

the acoustic field [10], [61]. Acoustic streaming and radiation force each can translate particles 

in the acoustic field, and these are often combined in the particle translation [56], [62].  

Since the induced fluid velocity is spatially non-uniform, velocity gradients exist within the 

field, because [10], [63]. Due to this velocity gradients, the acoustic streaming-induced fluid 

motion exerts considerable stress on the object boundaries within the fluid [10]. It is possible 

that the high shear stresses produced by acoustic streaming can damage biological materials, 

such as endothelial damage in blood vessels. The approximated oscillatory stress caused by 

the acoustic streaming can be expressed as Eq. 2-7, where and denote shear viscosity 
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of the medium, angular frequency of the ultrasound field, density of the medium, and the 

particle displacement amplitude, respectively [10].  
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2
oscS                                           (2-7) 

 

 

 

2.2 Acoustic cavitation 

Acoustic cavitation is one of the most significant secondary effect of ultrasound which 

involves the nucleation, growth and oscillation of gaseous cavities [27]. Cavitation involves 

either rapid growth and collapse of bubbles (inertial cavitation) or sustained oscillatory motion 

of bubbles (stable cavitation) [54], [64]–[66]. Figure 2-1 shows cavitation-based mechanisms. 

Both stable and inertial cavitation can generate physical, chemical and biological effects in 

tissues [67]. Once stable oscillations of bubbles occur, the induced fluid velocities exert shear 

forces on the surrounding tissues and cells [68]. By the inertial cavitation, high amplitude 

shock waves are generated after the collapse of cavitation bubbles [69]. Despite of a short 

duration of cavitation-induced shock waves, the considerable pressure gradients associated 

with shock waves can have physical effects on tissues: disrupting the tissues and enhancing 

drug transport) [27]. Another bubble-collapse-associated transient event is microjet. Ruptured 

bubbles induce the formation of high velocity microjets. The induced microjets can penetrate 

into the tissue across the vessel wall [56] or generate secondary stress waves in the tissue [27], 
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[70]. This microjet effects have been considered as probably the most significant factor in the 

ultrasound-based thrombolysis with or without MCA [71]. Physical effects of cavitation on 

both diagnostic and therapeutic applications are summarized in Table 2-5.  

Cavitation can be realized by using relatively high ultrasound energy with or without 

MCA injection. Without MCA, the bubble nucleation, growth, and collapse occurs in two 

mechanisms: shock scattering and intrinsic threshold mechanisms [72]. Shock scattering 

mechanism involves multiple number of pressure cycles (>3 cycles). It relies on initiated 

bubble or bubbles and the pressure release scattering of the positive shock fronts from the 

initial bubble(s) [72], [73]. The intrinsic threshold mechanism involves only a single strong 

negative-peak pressure (over the intrinsic threshold, e.g. 27 MPa for blood). When the PNP of 

the single pulse directly exceeds the intrinsic threshold of the acoustic medium, the bubble 

cloud can be generated [72], [74]–[76].  

With the MCA-injection, the inertial cavitation threshold decreased since the MCA can 

act as initial bubble nuclei [30]. The threshold for MCA destruction (inertial cavitation) mainly 

relies on MI, which is approximately > 0.8 when the frequency of the excitation waves matched 

to the resonance frequency of the MCA. The cavitation-based mechanisms without MCA were 

only involved in the spatiotemporal drug-delivery by using the LGFU transducer (Chapter 5). 

For other studies, acoustic angiography and thrombolysis, the cavitation mechanisms of MCA 

were involved (Chapters 3, 4 and 6).  
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Figure 2-1. Cavitation-based mechanisms. This figure was redrawn based on the figure and 

explanation in the reference [27].  

 

 

 

Table 2-5. Physical effects of cavitation on both diagnostic and therapeutic ultrasound 

applications.   

Cavitation 

type 

Diagnostic application 

(only with MCA) 

Therapeutic application 

(with or without MCA) 

Stable 

cavitation 

• Enhanced scattering 

• Harmonic responses 

(sub- and super-harmonics) 

• Microstreaming 

- Structure vibration 

- Shear stress 

   (near interface) 

Inertial 

cavitation 
• Strong and broadband 

emission 

• Microstreaming 

- Structure vibration 

- Shear stress 

• Shock waves 

- Shear stress 

• Microjets 

- Shear stress 

(near interface) 
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2.3 Encapsulated microbubbles and microgels 

MCAs are firstly used in imaging modalities to increase the sensitivity of the imaging 

technique by altering the image contrast between different tissue and structures [15], [77]. 

Microbubbles have also been used for the therapeutic applications to enhance both stable and 

inertial cavitation. Since the MCA acts as nuclei, the cavitation threshold pressure can be 

reduced [78]. With the intravenous administration, current MCA is able to freely move in the 

blood stream through the vessels, including capillaries [34].  

Ultrasonic contrast agents are composed of a solution of gas-filled microbubbles. Since 

the first generation microbubbles (e.g. Alnunex®) had a gas core with air, there was a limitation 

of a short life time of the infused microbubbles [34]. Air is highly soluble in blood and protein 

shell was not an optimal barrier against gas diffusion [34], [79]. For later generation MCA, 

gases with higher molecular weight were used, such as perfluorocarbons (PFCs) and sulfur 

hexafluoride (SF6). Owing to their low solubility and diffusivity, the lifespan of microbubbles 

was prolonged. In order to maintain the size distribution and improve stability preventing 

dissolution, gas loss, and coalescence, the gas cores requires encapsulation by biocompatible 

shells. Typical shell materials for current MCA are fat (lipid), polymer, or protein (albumin) 

[34]. The range in diameter are usually less than 10 μm (typically 1-5 μm, Figure 2-2) [29], 

[80].  
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Figure 2-2. Schematic of an encapsulated microbubble. 

 

 

Microbubble behavior highly relies on MI of the excitation waves. Low-power (MI < 

0.2) acoustic excitation induces the stable oscillation of microbubbles with symmetrical, linear 

manner. This stable oscillation generates linear backscattering of the ultrasound waves at a 

frequency equal to the excitation frequency [34]. With the moderate acoustic power (MI > 0.3), 

microbubbles have nonlinear oscillation arises from the different resistance to compression 

and rarefaction (higher resistance to compression than rarefaction). This behavior can enable 

the backscattering at diverse frequencies including sub-harmonics, super-harmonics, and ultra-

harmonics [29], [34], which has been used in harmonic imaging for enhanced CTR. If the PNP 

is very high with the corresponding MI > 0.8, the microbubbles experience rapid collapse, 

releasing their gas, generating broadband harmonic signals. It has been demonstrated that the 

microbubble fragmentation relies on many factors, such as acoustic excitation pressure, center 

frequency, pulse length, and resting diameter [29], [44]. The broadband shock wave from the 

bubble collapse have been used for both contrast-enhanced imaging and cavitation-based 
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therapies [81]. The amplitude of back scattering from the microbubbles is dependent on many 

parameters, such as the size of bubbles, shell properties (thickness, viscosity, density, etc.), 

compressibility of the gas, properties of surrounding medium, and the acoustic excitation 

condition (frequency, number of cycle, amplitude, etc.) [20], [34], [82].  

The stable oscillation of the MCA combined with the nonlinear vibration was utilized in 

the acoustic angiography by using the developed dual-frequency ultrasound transducers 

(Chapter 3). The rapid fragmentation of microbubbles was utilized for microbubble-mediated 

thrombolysis works (Chapter 4 and 6). Although the polymer-coated and lipid-coated 

microbubbles have slightly different destruction mechanisms [29], overall phenomena can be 

considered as a similar mechanisms illustrated in Figure 2-1. 

  

 

 

2.4 Ultrasound transducers 

Ultrasound transducer is a device that can both generate and detect mechanical waves 

from the other domains such as electrical, optical, and thermal inputs. The most dominant type 

of ultrasound transducers is a piezoelectric transducer [45], [83].   

 

2.4.1 Piezoelectric ultrasound transducers 

Due to its compact structure, cost-efficiency, and linear transduction properties, 

piezoelectric materials have been widely utilized for various types of sensors, actuators, and 

transducers in various applications including industrial, biomedical, and underwater 
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applications [84]–[88]. Typical piezoelectric transducer design is shown in Figure 2-3. 

Conventional piezoelectric materials are summarized in Table 2-5 [89]. The key parameters 

for the active materials in the ultrasound probe is electromechanical coupling coefficient and 

piezoelectric constant [90]. High piezoelectric constants and coupling factor are required to 

realize high transmitting sensitivity for ultrasound therapies and pulse-echo sensitivity for 

imaging [90]. Wide frequency-band is also important to achieve high axial resolution, since 

the short-pulse with the minimum ringing can realize the narrow envelope of the received 

amplitude resulting in the fine bright line at the B-mode images.  

Although the medical probes typically operate at the designed operating frequency, the 

broad band property with a short pulse is required for both imaging and therapies. Thus, the 

piezo-material with a low mechanical quality factor (QM) is more suitable for the medical 

probes.   

 

 

Figure 2-3. Schematic of typical single-element piezoelectric ultrasound transducers. 
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Table 2-5. The material properties of conventional piezoelectric materials [89]–[92]. 

Material 
𝑇𝐶  

(°C) 

𝑑31 
(pC/N) 

𝑑33 
(pC/N) 

𝑘31 𝑘33 
𝜀33
𝑇

/𝜀0 
𝑄𝑀 Reference 

BaTiO3 115 -78 190 0.21 0.50 1700 300 [93] 

PZT-4 330 -123 289 0.33 0.70 1300 600 [91] 

PZT-5A 370 -171 374 0.34 0.71 1700 75 [91] 

PZT-5H 195 -274 593 0.39 0.75 3400 65 [91] 

PVDF - 21 -32.5 - - 7.6 8.5 [94]–[96] 

PMN-

33%PT 
155 -1335 2820 0.59 0.96 8200 100 [91], [92] 

PZN-

8%PT 
- -1075 2200 0.59 0.94 5100 -  [97] 

PIN-

PMN-PT 
197 -1337 2742 0.65 0.95 7244 120 [98] 

PMN-

PZT 
216 -718 1530 0.44 0.93 4850 100 [99] 

Mn:PIN-

PMN-PT 
193 - 1120 - 0.90 3700 810 [92] 

Mn:PMN-

PZT 
203 -513 1140 0.45 0.92 3410 1050 [100] 
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The design procedure for the piezoelectric transducers can be summarized in Figure 2-

4 [101]. By considering the imaging resolution and required penetration depth, the key design 

factors are determined, such as aperture size, active material, matching layer, backing layer, 

and acoustic lens [101]. Since this summary is suitable reference for the development of the 

microbubbles/microgels-involved ultrasound transducers, the adjusted development procedure 

for this study was plotted in Figure 2-5.  

Typical piezoelectric ultrasound transducer has a layered structure as shown in Figure 

2-6, where z1, z2, and z3 indicate acoustic impedance of piezoelectric material, matching layer, 

and water medium, respectively. Due to the high acoustic impedance of the piezoelectric 

materials (> 30 MRayl) the matching layer is necessary to achieve the efficient wave 

transmission to soft tissue media (~ 1.5 MRayl).  Acoustic impedance matching is important 

in ultrasound transmission and reception. In 1960, quarter wave length acoustic matching layer 

design was reported based on the basic acoustic wave theory [102]. The single matching layer 

was initially considered for the improved transmission, the intensity transmission coefficient 

is expressed as Eq. 2-8. The k and L mean a wavenumber and thickness of the matching layer, 

respectively. If the thickness of the matching layer is quarter wavelength, this transmission 

coefficient can be simplified as Eq. 2-9. If the acoustic impedance of matching layer z2 is 

exactly geometric mean value which can be expressed as Eq. 2-10, the maximum wave 

transmission is achieved [36].  
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Figure 2-4. Example of the piezoelectric ultrasound transducer development procedure. This 

chart was redrawn based on the chart for pulse-echo imaging transducers in the reference [101]. 
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Figure 2-5. Development procedure for microbubbles/microgels-excitation ultrasound 

transducers. This is the adjusted procedure based on the previous summary in the reference 

[101].  
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Figure 2-6. Schematic diagram of wave transmission and reflection in the matching layer. 

 

 

The transducer design with quarter-wavelength acoustic matching layer showed 

increased transmitting power and sensitivity with wide bandwidth in many papers [103]. The 

performance of this matching layer design was estimated using equivalent circuit approach 

such as Mason equivalent circuit and Krimholtz, Leedom, Matthaei (KLM) equivalent circuit. 

The KLM model is shown in Figure 2-7, where the loads ZTB, ZTF, and X1 are defined in Eqs. 

2-11, 2-12, and 2-13, respectively. The transformer turns ratio, : 1 can be defined as Eq. 2-

14, where 0

DZ Av  and 0 33 /SC A t . Many studies have investigated the KLM model 

for precise modeling and simulation of ultrasound probes. The frequency-domain performance 

can be easily estimated by the electrical circuit theory, and the time-domain signal can be 

obtained by the inverse Fourier transform [104]. The detailed derivation procedure using KLM 

model is described in Appendix A. 
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Figure 2-7. KLM equivalent circuit model [83]. 
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For designing miniaturized transducers, acoustic lens is one of the crucial components, 

because the small aperture in terms of the wavelength usually generate divergent, omni-

directional ultrasound beam pattern, which is inappropriate for efficient acoustic excitation of 

targets. Thus, the concave lens can be assembled in front of the matching layer as shown in 

Figure 2-8. With the assumption that the diameter, a, is much larger than the wavelength and 

the geometrical focal distance, A, the focused beam can be achieved with the focal distance 

slightly shorter than the radius-of-curvature of the lens [10]. When the pressure at the focused 

field is defined as  kMtiiePcup   0
, the pressure amplitude at the focus can be determined 

as 0cuPp  , where associated variables can be expressed as Eqs. 2-15 to 2-20. 
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Figure 2-8. Geometry of the typical concave focusing lens. The geometry was redrawn based 

on the reference [10]. 

 

 

 

2.4.2 Laser ultrasound transducers 

Recently, laser-ultrasound waves have attracted increasing attention for both diagnostic 

and therapeutic ultrasound application, which is also called photoacoustic ultrasound [105]. In 

addition to the conventional photoacoustic imaging which involves the photoacoustic waves 

generated by the thermal expansion of the human tissue, laser ultrasound transducers have been 

developed for higher photoacoustic efficiency by using carbon-based materials [106]. Carbon-

nanotubes [107], carbon-nanofibers [108], [109], carbon-black powder [110], [111], and 

carbon-nanoparticles [112], [113] have been developed showing its outstanding pulsed 

pressure output compared to the laser ultrasound wave generation from the conventional tissue 
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or metal films [105], [114]. Especially, the focused design has shown the advantages of high 

frequency (> 10 MHz), high pressure amplitude (> 10 MPa), pulse-shock waves at the tight 

focal spot (< 1 mm). The main mechanisms are illustrated in Figure 2-9. The carbon-based 

material absorbs almost all the laser light (>95%). Due to its composite structure of carbon 

material-polydimethylsiloxane (PDMS), the rapid heat transfer occurs caused by the absorbed 

laser light. Rapid heat transfer enables the thermal expansion of the PDMS, which is much 

larger than other materials (0.92×10-3 K-1) [115]. In my study, the LGFU transducer was 

developed for the therapeutic ultrasound applications, spatiotemporal drug-delivery and 

microbubble-mediated sonothrombolysis, to take advantage of its high-frequency, high-

pressure, pulsed-shock waves at the tight focal spot. The detailed explanation including 

theoretical derivation is provided in Appendix C. 

 

 

Figure 2-9. Mechanisms of laser generated ultrasound from the carbon-based material-

elastomer composite laser-ultrasound transducer. 
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3 CHAPTER 3 

STACKED-TYPE DUAL-FREQUENCY TRANSDUCER FOR ACOUSTIC 

ANGIOGRAPHY 

In this chapter, preliminary test results including phantom evaluation results of a 

stacked-type dual-frequency 1–3 piezoelectric composite transducer were presented [116]. As 

a feasibility study for intracavitary acoustic angiography, transducer design, fabrication, 

characterization, and in vitro tests were conducted. A previous study using the stacked-type 

dual-frequency transducer (6.5/30 MHz transducer) for intravascular acoustic angiography 

demonstrated a contrast-to-tissue ratio (CTR) of 12 dB with a penetration depth of 2.5 mm 

[117]. Although it showed advantages of the stacked-type dual-frequency ultrasound 

transducer design for the miniaturized ultrasound transducers with a spatial limitation, for 

enhanced penetration depth (>3 mm) and comparable contrast-to-tissue ratio (>12 dB), the 

dimensions, materials, and operating frequency were modified. The lowered transmitting and 

receiving frequencies of 2 MHz and 14 MHz were selected, respectively. The PZT 5-H 1–3 

composite plates were used for both transmitter and receiver. The advantages of short-pulse, 

low acoustic impedance, and low-aspect ratio owing to the relatively low lateral wave velocity 

of the 1-3 peizocomposite were utilized in this study. Vascular imaging performance of this 

transducer and a comprehensive characterization of key parameters for acoustic angiography 

were described in this chapter. The 2/14 MHz arrangement demonstrated a 6 dB fractional 

bandwidth of 56.5% for the transmitter and 41.8% for the receiver, and produced sufficient 

peak-negative pressures (>1.5 MPa) at 2 MHz to induce nonlinear higher harmonic responses 

from microbubbles. In an in vitro study using a tissue phantom and 200 μm cellulose tubes, 
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higher harmonic responses (from the 5th through the 7th harmonics) were detected with a 

signal-to-noise ratio of 16 dB. The microvessels were resolved in a two-dimensional image 

with a -6 dB axial resolution of 615 µm (5.5 times the wavelength of 14 MHz waves) and a 

contrast-to-tissue ratio of 16 dB [116]. This feasibility study, including detailed description of 

measurement procedures for key parameters and phantom evaluation, will be a useful guideline 

for the design and development of future dual-frequency array transducers for intracavitary 

acoustic angiography or other applications with spatial limitations such as endoscopic acoustic 

angiography. 

This chapter has some of previously published material authored by J.K as shown 

below. All previously published material was reprinted with permission from the publishers. 

• Kim, J., Lindsey, B.D., Li, S., Dayton, P.A. and Jiang, X., 2017, April. Dual-frequency 

transducer with a wideband PVDF receiver for contrast-enhanced, adjustable harmonic 

imaging. In SPIE Smart Structures and Materials+Nondestructive Evaluation and 

Health Monitoring (pp. 101700T-101700T). International Society for Optics and 

Photonics. 

• Kim, J., Li, S., Kasoji, S., Dayton, P.A. and Jiang, X., 2015, March. Dual-frequency 

super harmonic imaging piezoelectric transducers for transrectal ultrasound. In SPIE 

Smart Structures and Materials+Nondestructive Evaluation and Health Monitoring (pp. 

943823-943823). International Society for Optics and Photonics. 

• Kim, J., Li, S., Kasoji, S., Dayton, P.A. and Jiang, X., 2015. Phantom evaluation of 

stacked-type dual-frequency 1-3 composite transducers: A feasibility study on 

intracavitary acoustic angiography. Ultrasonics, 63, pp.7-15. 
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• Kim, J., Li, S., Jiang, X., Kasoji, S. and Dayton, P.A., 2014, September. Development 

of transmitters in dual-frequency transducers for interventional contrast enhanced 

imaging and acoustic angiography. In Ultrasonics Symposium (IUS), 2014 IEEE 

International (pp. 679-682). IEEE. 

 

 

3.1 Introduction 

Intracavitary ultrasound has been introduced to overcome the limitation of ultrasound 

penetration depth. This imaging approach includes transrectal, transvaginal, and 

tranesophageal ultrasound techniques for higher resolution ultrasound imaging owing to the 

reduced imaging penetration depth [118]. Transrectal ultrasound (TRUS) approach has been 

used for diagnosis of prostate cancers [47], [119]. Pathological angiogenesis, which is blood 

vessel formation from the existing vessels, has been considered as an important indicator for 

diagnosis of tumors [8], [120], [121]. Tumor contains tortuous and leaky vascular structure 

and arrangement, whereas vessels at normal tissue has arranged and hierarchical structure [25]. 

Thus, high-resolution vascular imaging has been used as an important diagnosis method 

especially with the reduced imaging depth by intracavitary approaches. Conventional pulse-

echo ultrasound has been used for this approach due to its real time imaging capability, 

portability, and substantially improved image quality with high frequency ultrasound [8], [47]. 

Contrast-enhanced ultrasound (CEUS) imaging enables much higher contrast of B-mode 

vessel images due to the amplified scattering from the injected microbubble contrast agent 
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(MCA) [16]. Strong scattering at the fundamental frequency and harmonic content of the 

microbubble response has been detected and analyzed for the contrast-enhanced imaging.  

 

3.1.1 Acoustic angiography 

 Acoustic angiography is an ultrasound vascular imaging based on contrast-enhanced 

superharmonic imaging. This technique enables microvascular imaging with high resolution 

(<200 μm) and high CTR (>12 dB) [44], [122]. Analyzed microvascular morphology and 

vessel density can be used as important pathological conditions for the diagnosis of solid 

tumors [26], [121]. For this imaging technique, an ultrasound transducer with a wide receiving 

bandwidth (from a fundamental resonance to >3rd harmonics) is required to detect the 

superharmonic frequency content in the nonlinear microbubble responses. Typically a single 

ultrasound transducer with multi-element for separate transmitting and receiving are used 

[123]. Center frequency in the range of 1–5 MHz (near their resonance frequency) has been 

used as a transmitting frequency for excitation of microbubbles. A receiver for detection of 

superharmonic microbubble echoes (>3rd harmonics) was typically integrated with the lower 

frequency transmitter part [117], [123]. Although a couple of dual-frequency transducers were 

developed, the main challenge of acoustic angiography has been lack of the miniaturized 

customized dual-frequency transducers for spatially limited imaging applications, such as 

intravascular and intracavitary imaging applications.   
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3.1.2 Intravascular and intracavitary ultrasound transducers 

Up to date, several custom dual-frequency transducers have been developed in array-

type transducers [22] and mechanically scanned single element transducers [24] for 

transmitting 1-5 MHz-ultrasound waves and receiving high frequency bubble-harmonic 

responses [124]. However, no dual-frequency transducer has yet been developed and optimized 

for intracavitary acoustic angiography such as transrectal and transvaginal ultrasound. For 

contrast enhanced intravascular ultrasound (CE-IVUS), a stacked-type 6.5/30 MHz dual-

frequency transducer was developed with an aperture size of 0.6 × 3 mm and approximately 

600 µm thickness. The PMN–PT single crystal transmitter with an aperture dimension of 600 

μm (1λ) × 3 mm (5λ) and a thickness of 300 μm (0.5λ) was stacked with a 30 MHz-PMN-PT 

crystal receiver with an smaller aperture size, 600 μm (5λ) × 500 μm (4λ), and a thickness of 

65 μm (0.5λ), where λ denotes the wavelength of each acoustic medium [125]. This CE-IVUS 

transducer design exhibited compact and simple form-factor, and resulted in a CTR of 12 dB. 

However, this design with the transducer size, frequency combination, and penetration depth 

(2.5 mm, or 50λ with respect to the 30 MHz receiver) was optimized only for IVUS 

applications. Thus, such small size, weak power transducer is not applicable to the intracavitary 

applications with the longer penetration depth.  

 

3.1.3 Aim and objectives 

For deeper imaging penetration with a stacked-type transducer design, the frequency 

combination was modified in this work. The 2/14 MHz dual-frequency transducers with an 

aperture of 8 ×4 mm2 and a total thickness of about 1 mm was developed (Fig. 3-1). A 2 MHz-
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1–3 composite with an aperture size of 3.8 mm (2λ) × 7 mm (3.8λ) and a thickness of 710 μm 

(0.4λ) was used as a transmitter. It was stacked with a 14 MHz-composite receiver which has 

an aperture size of 2 mm (7.5λ) × 2 mm (7.5λ) and a thickness of 90 μm (0.35λ) [47], [125]. 

In this chapter, the prototype transducer was designed, fabricated, acoustically characterized. 

In vitro phantom imaging results are presented followed by the analysis on the acoustic 

angiography performance. The objective of this chapter is to evaluate the feasibility of new 

dual-frequency transducer design for intracavitary acoustic angiography through acoustic 

characterization and evaluation of transducer performance. 

 

 

 

Figure 3-1. Schematic of the stacked-type dual-frequency ultrasound transducer for 

microbubble-mediated acoustic angiography. 
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3.2 Materials and methods 

3.2.1 Transducer materials 

In this study, a PZT-5H 1-3 piezoelectric composite (volume fraction of 60%, Blatek, 

Inc., State College, PA) was used for both the transmitter and receiver, since it we aimed to 

utilize the advantages of its relatively high electro-mechanical coupling factor (kt of 0.65) and 

low acoustic impedance (19.8 MRayl) [90], [126], [127]. In addition to these well-known 

merits of the 1-3 composite, there are several advantages of piezoelectric composite design for 

the low-frequency transmitter over the conventional PMN-PT single crystal design. First, due 

to its relatively low stiffness (~70 GPa of effective Young’s modulus) and density (~5000 

kg/m3), the thinnest transmitter can be designed (~710 µm, 0.4λ of 2 MHz vibration) at the 

designed operating frequency (2 MHz) compared to the other bulk piezoelectric ceramics and 

crystals.  An additional advantage is the laterally isolated structure of the active pillars, it can 

suppress the mode-coupling between the thickness and lateral resonance modes when a small 

aperture with a low aspect ratio (width to thickness ratio of < 3) is required [128]. Therefore, 

a low aspect ratio active layer can be achieved by using 1-3 composites, which is favorable for 

the design of small size (aperture and thickness) transducers for spatially limited imaging 

applications [125]. 

 

3.2.2 Design method 

The transducer components including matching and isolation layers were designed by 

using the Krimholtz–Leedom–Matthaei (KLM) model and finite element analysis (FEA). 

Since the used microbubbles have a mean diameter of about 1 µm, the 2 MHz was selected as 
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a transmitting frequency. In previous works, the resonance frequency range of polydispersed 

(0.9 ± 0.45 μm in diameter) microbubbles was determined as 1-5 MHz [129]. The used material 

properties are summarized in Table 3-1. The short-pulse (wideband) characteristics and high-

sensitivity are required for both TX and RX for high resolution and high CTR [130], the -6 dB 

fractional bandwidth and the pulse-echo sensitivity were simulated by using the KLM model. 

The aperture size of TX and RX was determined, and thickness of each component was 

considered as a design variable.  

 

 

Table 3-1. Dimensions and material properties of each constitutive component of the 

transducer. The PZT volume fraction of 1-3 composite is 60%. ρ = density, vl = longitudinal 

wave velocity, kt = thickness mode electromechanical coupling factor, = dielectric 

constant. Material properties of E-solder 3022 and epoxy (EPO-TEK 301) are from the 

reference [116], [131]. 

Components Material Dimension (mm3) 
ρ 

(kg/m3) 

vl 

(m/s) 
kt  

Transmitter 

PZT-5H 

1-3 

composite 

3.8 × 7.0 × 0.71 5300 3740 0.65 660 

Matching layer 

(TX) 
Al2O3/epoxy 3.8 × 6.5 × 0.29 2000 2800 . . 

Isolation layer 1 
E-solder 

3022 
2.0 × 2.0 × 0.06 2590 2110 . . 

Isolation layer 2 Carbon steel 2.0 × 2.0 × 0.08 7700 6100 . . 

Receiver 

PZT-5H 

1-3 

composite 

2.0 × 2.0 × 0.09 5300 3740 0.65 660 

Matching layer 

(RX) 
Al2O3/epoxy 2.0 × 2.0 × 0.06 2000 2800 . . 

033 / S

033 / S
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3.2.3 Fabrication method 

Prototype transducers were fabricated by the procedure of lapping, electrode-

deposition, bonding, dicing, and wiring (Figure 3-2). This fabrication procedure is similar with 

the previously presented procedure for the stacked-type intravascular dual-frequency 

transducers [117]. Based on the design parameters (Table 3), stacked-type dual-frequency 

transducer prototypes were fabricated and mounted on the tip of a 16-gauge needle (All-Spec 

Industries Inc., Wilmington, NC).  

 

 

Figure 3-2. Fabrication procedure for the stacked-type dual-frequency ultrasound transducers. 

The overall procedure is similar to the previously reported papers [9], [117].  
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3.2.4 Characterization procedure 

Prior to microbubble detection and superharmonic imaging tests, key acoustic 

parameters for the prototyped transducer were evaluated through pulse-echo, wave-form, and 

output pressure tests. The important acoustic parameters were selected based on the previous 

studies on the stacked-type dual-frequency transducers: center frequency, -6 dB bandwidth, 

pulse-echo sensitivity of both TX and RX, and transmitting sensitivity (Pa/V), transmitting 

wave form of TX [117]. The measured parameters obtained by each characterization method 

and their relevance to the acoustic angiography are summarized in Table 3-2. Experimental 

setups for each characterization procedure are depicted in Figures 3-3 to 3-5, and detailed 

experiment information with input conditions are summarized in Table 3-2. 

In the pulse-echo test setup, illustrated in Figure 3-3, a stainless steel block with the 

polished surface was used as a target positioned at approximately 10 mm away from the 

transducer. Two different pulser/receivers were used for testing the 2 MHz-transmitter and the 

14-MHz receiver considering their different operating frequency ranges. 5077PR and 5900PR 

pulser/receivers has the frequency ranges of 0.5 to 20 MHz and 10 to 125 MHz, respectively.   

For the waveform analysis, illustrated in Figure 3-4, a hydrophone was used to measure 

the relatively low-power burst waves (PNP < 50 kPa). It was positioned approximately 10 mm 

away from the transducer aperture. The hydrophone was connected to a digital oscilloscope 

through a 20 dB gain amplifier. In this wave form test, the ringing down time and the number 

of ringing were analyzed. Since the large number of excitation cycles usually results in the 

degradation of axial resolution due to longer microbubble responses, the optimal number of 

cycle was tested. The relative peak values with a different number of cycles (1 to 4 cycles) and 
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wave forms (sine or cosine) were compared to determine the appropriate input conditions for 

imaging. 

High pressure output tests were conducted with the setup shown in Figure 3-5. The 

function generator was connected to the 60 dB radio-frequency amplifier. High power 

hydrophone was used to measure peak negative pressure (PNP) values at different excitation 

voltages because it is durable to high-intensity ultrasound fields (15 MPa peak positive and 3.7 

MPa negative pressure for 1.5 MHz source). The 2 MHz transmitter was driven by different 

number of cycles and input voltages: one- and two-cycle sinusoidal inputs at 2 MHz with 

various peak-to-peak voltages (100, 150, 200, 250, and 300 mVpp with 60 dB gain). The 

measured PNP with each input condition was used to calculate corresponding mechanical 

index (MI). 

 

 

 

Figure 3-3. Pulse-echo test setup.  
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Figure 3-4. Pressure output measurement setup. 

 

 

 

 

Figure 3-5. High-power output measurement setup. 
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Table 3-2. Characterization methods for important acoustic parameters and their relevance to 

acoustic angiography [116]. TX, RX, FBW, PNP, MI, and SNR denote transmitter, receiver, 

fractional bandwidth, peak-negative- pressure, mechanical index, and signal-to-noise ratio, 

respectively. 

Methods Acoustic parameters Relevance to acoustic angiography 

Pulse-

echo test 

• Center frequency of TX 

• -6 dB FBW of TX 

• Center frequency of RX 

• -6 dB FBW of RX 

• Pulse-echo sensitivity of 

RX 

• TX center frequency affects MI and CTR; 

center frequency should be near the 

microbubble resonance (1 to 5 MHz) [5] 

• - 6 dB FBW of TX affects rise time and ring 

down time for microbubble excitation [9] 

• RX center frequency determines detectable 

order of harmonic responses 

• -6 dB FBW of RX determines an axial 

resolution of vascular images 

• Pulse-echo sensitivity of RX affects SNR and 

CTR [6] 

Wave 

form test 

• Normalized PNP for 

various number of input 

cycles (TX) 

• Input excitation function (sine or cosine) for 

acoustic angiography is determined by the 

measured wave form 

• Number of input cycle affects an axial 

resolution of vascular images 

Pressure 

output 

test 

• PNP (TX) 

• MI (TX) 

• PNP determines MI; MI is required to be lower 

than 1.9 for diagnostic ultrasound (FDA 

stipulation) 

• Excitation of microbubbles with sufficient PNP 

is required for nonlinear harmonic responses of 

microbubbles 

• MI affects CTR and SNR 
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Table 3-3. Equipment and input conditions for each characterization method. 

Methods Equipment Input condition 

Pulse-

echo test 

• Square wave pulser/receiver (Olympus 5077PR, 

Olympus NDT, Inc., Waltham, MA) for TX test  

• Olympus 5900PR (Panametrics Inc., Waltham, MA) 

for RX test  

• Digital oscilloscope (DSO7104B, Agilent 

Technologies Inc., Santa Clara, CA) 

• 100 Vpp for TX test 

• 65 Vpp for RX test 

Wave 

form test 

• Arbitrary function generator (AFG3101, Tektronix 

Inc., Beaverton, OR) 

• Hydrophone (HGL-0085, Onda Corp., Sunnyvale, 

CA)  

• 20 dB gain preamplifier (AH-2010, Onda Corp., 

Sunnyvale, CA)  

• Digital oscilloscope (DSO7104B)  

• 10 Vpp input voltage 

• 1, 2, 3 and 4 cycles 

of sine and cosine 

waveform at 2 MHz 

 

Pressure 

output 

test 

• Arbitrary function generator (AFG3101) 

• Needle hydrophone (HNA-0400, Onda Corp., 

Sunnyvale, CA) 

• 20 dB gain preamplifier (AH-1100, Onda Corp., 

Sunnyvale, CA)  

• 60 dB radio-frequency amplifier (Model 3200L, 

Electronic Navigation Industries Inc., Rochester, 

NY) 

• Digital oscilloscope (DSO7104B) 

• 1 and 2 cycles of 

sinusoidal waveform 

at 2 MHz 

• 100, 150, 200, 250, 

and 300 mVpp 

amplified by a 60 dB 

RF amplifier 

 

  



 

57 

3.2.5 Microbubble preparation 

The microbubbles consisted of a decafluorobutane core with a stabilizing phospholipid 

monolayer shell, enriched with polyethylene glycol. Overall properties of the used MCA are 

similar to the commercial MCA, Definity (Lantheus Medical Imaging, North Billerica, 

Massachusetts, formerly Bristol-Myers Squibb Medical Imaging). Detailed procedures for 

microbubble preparation can be found in the previous work [13], [44], [129]. Lindsey et al. 

demonstrated that receiving frequencies of 10 MHz and 15 MHz exhibited higher CTR than 

higher (20 MHz and 25 MHz) or lower (7.5 MHz) receiving frequencies for the same 

microbubble conditions [129]. Thus, in this study, the receiving frequency range was selected 

as 12-14 MHz that corresponds to 6th and 7th harmonics of the 2 MHz excitation frequency. 

 

3.2.6 Tissue-mimicking phantom preparation 

For in vitro phantom evaluation, a graphite-gelatin phantom was used to demonstrate the 

detection of higher harmonic microbubble responses in a medium with scattering and 

attenuation. The tissue phantom was made with the composition of 92.5% de-ionized water, 

5% n-propanol (to adjust for speed of sound), 2.5% Kodak Photo-Flo 200 (surfactant), 7.5 g/ml 

porcine gelatin, and 0.115 g/ml graphite (for the attenuation) [111], [132]. For mimicking 

typical human prostate tissue (0.75 dB/cm/MHz), the concentration of graphite was controlled 

to match experimental attenuation data [133]. During the fabrication, the ingredients were 

mixed and heated to 40-45°C and cooled down. When the liquid phantom cooled down to 

30°C, it was drained into a custom acrylic mold and refrigerated for 24 hrs. The mold consisted 

of two parallel cellulose tubes (200 µm diameter) suspended in a hollow rectangular cup. The 
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distance from the tube to the phantom surface was measured as approximately 5 mm. The two 

cellulose tubes were separated with the distance of approximately 5 mm (Figure 3-6) [116]. 

 

 

 

Figure 3-6. Tissue-mimicking phantom with two cellulose tubes (200 µm diameter). 

 

 

 

3.2.7 Bubble detection and tissue phantom tests 

For both microbubble signal detection and multiple A-line phantom imaging, the 

tissue-mimicking phantom was located inside the water tank (Figure 3-7). The prototype 

transducer surface was aligned at 8 mm away from the tissue phantom surface (approximately 

13 mm away from the tubes). This imaging distance was selected as approximately two folds 

of the calculated far field of the transmitter (4 mm) to remove pressure fluctuation in the 
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Fresnel zone. For microbubble response tests, only one cellulose tube was used with three 

different scenarios: the cellulose tube filled with 1) air, 2) de-ionized water, and 3) 

microbubbles. The stock microbubble concentration was 1×1010 microbubbles/ml, and it was 

diluted 1:100 in saline to use the concentration of 1×108 microbubbles/ml. The acquired signals 

in each case were processed to analyze the frequency spectrum. To obtain only superharmonic 

content the bubble responses were band-pass filtered with a frequency window of 10 to 15 

MHz by using a 5th order Butterworth filter (MATLAB, Mathworks Inc., Natick, MA). When 

the cellulose tube was infused with microbubbles, SNR and CTR were calculated and 

compared using following equations [129]: 

 

     (3-1) 

     (3-2) 

 

where Vbubble denotes the detected peak voltage amplitude from microbubbles, and Vtissue and 

Vnoise are the peak voltage amplitude detected from the medium of tissue-phantom and water, 

respectively. During superharmonic imaging tests, 2D B-mode images of the tissue-phantom 

with microbubbles flowing through the cellulose tubes (x-y plane in Figure 3-7) were acquired. 

The transducer was 13 mm away from the tubes (8 mm away from the tissue boundary) and 

scanned along the lateral direction (x-direction in Figure 3-7) in 500 µm increments using a 3-

axis linear motion stage for storing multiple A-line signals. Two cellulose tubes were infused 
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with diluted microbubbles simultaneously using a syringe pump set an infusion rate of 50 

µL/min during the linear scanning. The same function generator and RF power amplifier used 

for acoustic characterization were used for this superharmonic imaging tests (300 mVpp and 60 

dB gain). One- and two-cycle sinusoidal inputs at 2 MHz were applied, respectively. SNR, 

CTR and -6 dB axial resolution under different input conditions were compared. The received 

microbubble responses were high-pass filtered with a cut-off frequency of 10 MHz using a 

HC7 filter (TTE Filters, LLC., Los Angeles, CA). The fundamental and lower-order harmonic 

responses (< 5th harmonic) from the tissue phantom were eliminated. 100 A-lines were 

acquired using a broadband receiver (BR-640, RITEC Inc. Warwick, RI) with a 16 dB gain 

and the averaged value was used. The signals at each lateral position were individually stored 

using an analog-to-digital converter (National Instruments, Austin, TX) and used for the 

decibel scale B-mode images offline. 
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Figure 3-7. Experimental setup and post-signal processing steps in the microbubble detection 

tests and superharmonic imaging. 

 

 

 

3.3 Results 

3.3.1 Design results 

Overall design results showed conventional single element ultrasound transducer 

features. In the aspects of miniaturized transducer and dual-frequency transducer design, a 

couple of interesting design results were observed.  The key design features of the prototype 

transducer are summarized as follows.  

1) Acoustic angiography involves short pulse-transmission, thus, 1-3 piezoelectric composites 

were used for both the transmitter and receiver due to their wideband (short pulse) 

characteristics and low-profile.  
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2) Although the short pulse performance is important, a highly attenuative (~16 dB/mm loss at 

2 MHz) and thick backing layer (> 4 mm to remove reflected echoes from the back side) was 

not considered in this study for two reasons. First, the total thickness of the transducer can be 

reduced without the thick backing layer. Another reason is that the no-backing design is 

beneficial to produce a PNP of > 1.5 MPa for the generation of nonlinear harmonic echoes 

from microbubbles, otherwise it is difficult to achieve with a heavy, attenuative backing layer 

(> 10 MRayl, ~16 dB/mm loss at 2 MHz). The intrinsic short pulse characteristic of the 1-3 

piezocomposite compensates for the reduced bandwidth caused by the no-backing design. In 

the preliminary study, KLM modeling results demonstrated that 1-3 composite active layer 

with heavy backing (10 MRayl, 4 mm thick, 16 dB/mm loss at 2 MHz) results in 3% greater -

6 dB fractional bandwidth than with no-backing design.  

3) The stacked-type dual-layer design was still maintained in this study. The high-frequency 

(14 MHz) receiver was included in the 290 µm-thick matching layer of the 2 MHz transmitter 

to share a coaxial beam profile for the transmit-low and receive-high mode. 

 4) In order to suppress aliasing echoes during the receiving mode by using the acoustic 

impedance mismatch (5.5 and 50 MRayl), a dual-isolation layer was used between the receiver 

and transmitter, which blocks the penetration of received signals from the transmitter and 

eliminates the reflected echo from the backside of the transmitter [134]. 

The KLM modeling results showed that the -6 dB fractional bandwidth of TX and RX 

are 61.2% and 49.3%, respectively (Figure 3-8). The pulse-echo sensitivity of both TX and RX 

are estimated as 15.1 mV/V and 21.7mV/V, respectively.  
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Figure 3-8. Pulse-echo simulation results. (A) Transmitter, (B) receiver. 
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3.3.2 Fabrication results 

The fabricated prototype transducer is shown in Figure 3-9. The transducers have been 

mounted on a 16-gauge needle (Figure 3-9 A). The cross-sectional view of the center part 

including RX element and dual-isolation layer is shown in Figure 3-9 B. It is shown that the 

current fabrication procedure has sufficient pressing for bonding procedure since the bonding 

layer (epoxy bond) thickness is negligible in terms of wavelength of both TX and RX operating 

frequencies.   

 

 

 

Figure 3-9. The prototyped dual-frequency transducer; (A) prototype transducer housed on the 

tip of a 16-gauge needle, (B) cross sectional view of the center part of the prototyped 

transducer. 
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Electrical impedance amplitude and phase angle spectra of each components were 

measured after a poling process. Figure 3-10 shows measured spectra of each component. The 

measured data denote that targeted resonance modes such as 2/14 MHz is clearly shown in 

each impedance spectrum.  

 

 

Figure 3-10.  Electrical impedance spectra of the (A) transmitter and (B) receiver elements. 

 

 

3.3.3 Acoustic characterization results 

3.3.3.1 Pulse-echo response 

The acoustic performance of the transmitter and receiver were separately analyzed. The 

pulse-echo response of the transmitter exhibited a center frequency of 2.2 MHz, peak-to-peak 

echo amplitude of 2.65 V, and a -6 dB fractional bandwidth of 56.5% (Figure 3-11). It was 

demonstrated that the -6 dB fractional bandwidth of 56.5% was obtained without a heavy 

backing layer. The backside of the composite transmitter is a hemisphere metal housing, which 
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does not absorb backward travelling waves. The merits of 1-3 composites, the low acoustic 

impedance (19.8 MRayl) and low mechanical quality factor (< 50), enabled a short pulse 

response (-6 dB pulse duration of 0.57 µs). The ringing echo a with low-amplitude (-14 dB to 

the peak echo) is likely caused by the transducer mounting, bonded on the needle tip, which 

can induce a flexural (bending) vibration of the transmitter. It was shown that this vibration 

was negligible since its low amplitude (-14 dB) excitation cannot elicit any detectable 

nonlinear microbubble harmonic response during imaging.  

The receiver exhibited a center frequency of 13.7 MHz, which was designed with the 

90 µm thickness. The measured peak-to-peak echo amplitude was 325 mV (with about 65 Vpp 

input), and the -6 dB fractional bandwidth was measured 41.8% (Fig. 5 (b)). Relatively longer 

ring down (-6 dB pulse duration of 16.4 ns, spatial pulse length of 2.2λ) was observed due to 

the absence of the attenuative backing but the effect of the dual-isolation layer which is 

designed to reflect high-frequency waves [134]. Without perfect lossy backing layer for the 

receiving element, the measured pulse-echo response of the receiver demonstrated a sufficient 

-6 dB bandwidth to cover the 6f0 and 7f0 harmonic frequencies (12 to 14 MHz).  
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Figure 3-11. Pulse-echo test results of the prototype dual-frequency transducer; (A) response 

of the transmitter, (B) response of the receiver. 
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3.3.3.2 Transmitting wave form  

Various number of cycles (1-4 cycles of 10 Vpp sine-waveform-input at 2 MHz) were 

applied to the transmitter. Transmitting waveform showed increasing PNP with the larger 

number of cycles (Figure 3-12). The measured peak amplitudes were normalized by the 

absolute peak value with the 4-cycle excitation. A significant difference in PNP between the 

1-cycle and 2-cycle excitations (58 vs 88%) was observed, whereas the 2, 3, and 4-cycle 

excitations resulted in a relatively small peak amplitude differences, 88, 93.5, and 100%, 

respectively. The 3 and 4-cycle excitations or even higher number of cycle-excitation can 

generate higher pressure output, but a long excitation (e.g.  3 to 4 cycles) compromises an axial 

resolution, since the respective length of microbubble response increases with longer excitation 

conditions. The estimated axial resolution was 450 µm (4λ at 14 MHz), which is worse than 

the previous work using a CE-IVUS dual-frequency transducer (200 µm, 4λ at 30 MHz) [6]. 

This lowered axial resolution is an inherent trade-off with the lowered operating frequencies 

(both transmitting and receiving) from 6.5/30 MHz to 2/14 MHz. In this study, the lower 

frequency combination was selected to achieve a longer (> 3 mm) penetration depth with a 

comparable CTR (12 dB). Therefore, based on these characterization results, 1 and 2-cycle 

excitations using a cosine-wave form (180° phase-shifted from the wave forms in Figure 3-12 

A) were chosen as the input condition for high pressure output testing and superharmonic 

imaging.  
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Figure 3-12. Transmitting waveform test with 1 to 4 cycles of 2 MHz sine-wave excitation; 

(A) normalized waveform comparison for each case of excitation, (B) peak amplitude (either 

positive or negative peak) comparison for each case of excitation. 

 

 

 

3.3.3.3 Pressure output test 

Pressure output with relatively high voltage inputs (> 100 Vpp) were tested. The 

measured outputs with various voltage inputs were analyzed to determine the proper input 

conditions for microbubble detection tests (Figure 3-13). In water, the maximum PNP 

measured at a distance of about 13 mm was 1.97 MPa with a 1-cyle input and 2.31 MPa with 

a 2-cycle burst. The maximum input voltage for both cases is 300 Vpp (300 mVpp with 60 dB 

gain). These PNP values were used to calculate the corresponding MI values. The MI values 

for the 1-cycle and 2-cycle input waveforms were 1.39 and 1.63 respectively. These MI values 
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reach the estimated PNP requirement (> 1.5 MPa) for CTR comparable with the previous work 

(> 12 dB). 

For the concerns on the high voltage inputs, 300 Vpp (106 Vrms) is about 38 % of the 

AC depoling field of PZT-5H ceramics, which is 4 kVrms/cm or 280 Vrms for 710 µm thickness. 

This may be slightly higher than the voltage recommended by some PZT manufacturers due 

to depoling concerns, (e,g., 30% of depoling voltage). However, the transmitter was excited 

with a very low duty cycle (0.2-0.4% with a pulse-repetition rate of 4 kHz) at the maximum of 

300 Vpp in this study. No degradation of output pressure was observed during acoustic tests 

and phantom evaluations, and measured impedance spectra showed no change after 15 min 

testing with a given electrical input conditions. For advanced design, the input voltage required 

to produce a sufficient PNP (> 1.5 MPa) needs to be lower than 300 Vpp. The input voltage can 

be lowered by using a custom impedance matching circuit or multi-layer transmitter design to 

reduce the electrical impedance at operating frequency of 2 MHz (~150 Ω) for 50 Ω-impedance 

matching [91]. 
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Figure 3-13. Measurements for different transmitted pressures of 100 to 300 Vpp (100 to 300 

mVpp with 60 dB gain) cosine-wave form excitation at 2 MHz; (A) wave forms with 1-cycle 

excitation, (B) relation of peak negative pressure (PNP) and input voltage; corresponding 

mechanical index values to PNP of 0.4 to 3.2 MPa are labeled at the right vertical axis. 

 

 

 

Figure 3-14. Pressure mapping results by 2-cycle of 300 mVpp sinusoidal excitation at 2 MHz 

with 60 dB RF amplifier; (A) axial profile, (B) lateral profile at 10 mm away from the prototype 

transducer. The color bar indicates PNP.    
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3.3.3.4 Bubble detection results 

The 3 different infusion scenarios were tested: water, air, and diluted bubble infusion. 

First, saline water was injected into a microcellulose tube (200 µm diameter). The received 

signal showed only acoustic reflections from the tissue-phantom surface (Figure 3-15). The 

reflected waves from the tube were not observed due to its negligible wall thickness (< 1 µm, 

less than 0.001 λ for 2 MHz waves) and acoustic impedance close to that of the tissue-phantom. 

Second case is the air-injection. Previously injected saline water was drained then the air was 

injected into the tube. The receiver detected scattered waves from the air-filled tube with 2 

MHz fundamental response. The acoustic impedance difference between air (~415 Rayl) and 

water (~1.5 MRayl) also caused the scattering fundamental frequency content.   

The bubble infusion case showed the estimated nonlinear responses. From the tube 

infused with diluted microbubbles, the detected signal exhibited a slightly reduced peak-to-

peak amplitude (87%).  The wave form was also distorted compared to the linear signal from 

the tissue-phantom boundary (Figure 3-16). This result indicates the nonlinear response of the 

microbubbles due to the excitation with sufficient PNP. However, the superharmonic (> 2 

MHz) components from the microbubbles were not explicit in time-domain signal. Hence, the 

frequency spectrum of the microbubble response was analyzed and compared with the air-

injection case (Figure 3-17). A time range of 19-21.5 µs was used as the window for the fast 

Fourier transform to contain the main response from the microtubes. The frequency spectrum 

of the bubble-injection case showed a strong second-harmonic response (-10 dB) and high 

amplitudes at the 4th through the 7th harmonics (-23 to -30 dB). Contrastively, the air-filled 

tube showed these same harmonic components as less than -40 dB. This result clearly 
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demonstrated that the microbubble response contains 13 to 20 dB greater superharmonic-

frequency (10-15 MHz) contents. 

Both microbubble and air signals were digital-filtered using a 5th order Butterworth 

band-pass filter (10-15 MHz) and compared as shown in Figure 3-18. The fundamental 

frequency (2MHz) content was completely filtered from both signals. Only the filtered 

microbubble response showed superharmonic content with a peak-to-peak amplitude of 13.5 

mV, without amplification. The filtered signal of air-injection case showed only noise level 

signals (< 1.2 mVpp). It was demonstrated that the targeted superharmonic responses of the 

microbubbles (5th through 7th harmonics) were successfully detected with a penetration depth 

of about 5 mm in a tissue phantom. 

 

 

 

Figure 3-15. Time domain responses: air vs. water injection.  
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Figure 3-16. Time domain responses: air vs. microbubble injection. 

 

 

 

 

Figure 3-17.  Frequency domain responses: air vs. microbubble injection.  
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Figure 3-18.  Time domain responses (filtered by 10-15 MHz band-pass filter): air vs. 

microbubble injection.  

 

 

For imaging, the amplitude envelopes were calculated. Figure 3-19 shows the 

compared result between the microbubble signals from 1-cycle and 2-cycle excitations. The 

microbubble signals were band-pass filtered (10-15 MHz) and envelope was determined. With 

the 1-cycle excitation, the detected signal showed a microbubble SNR of 16 dB, CTR of 16 

dB, and -6 dB pulse-length of 0.57 µs, whereas the 2-cycle excitation produced a SNR of 20 

dB, CTR of 7 dB, and -6 dB pulse-length of 1.09 µs. With the larger number of cycle, 

microbubble SNR increased due to the higher MI (~1.63), but the larger pulse cycles degraded 

axial resolution. If we consider the imaging depth including tissue surface, CTR decreased by 

the 2 cycle-excitation (16 dB to 7 dB). With a 2-cycle excitation, a distinguishable high-

frequency (10–15 MHz) signal from the tissue-phantom surface was observed. This result was 
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also explained in the previous work [117], where harmonic signals were received from a steel 

rod. This may be due to the high amplitude, wideband excitation signal, which results in the 

direct reflection of transmitted harmonic components.  

 

 

Figure 3-19. Envelope amplitude comparison between the 1-cycle and 2-cycle excitation cases. 

 

 

 

 

3.3.4 Phantom imaging results 

Cross-sectional images of cellulose tubes in the tissue phantom were imaged by the 

dual-frequency imaging procedure. The results show that the superharmonic images obtained 

by the developed dual-frequency transducer clearly exhibited a cross-section of tubes filled 

with diluted (1×108 bubbles/ml) microbubbles (Figure 3-20). The 1-cycle excitation case 

produced an averaged SNR and CTR of 16 dB (Figure 3-20 A), whereas the 2-cycle excitation 

case produced an average SNR and CTR of 19 dB and 5 dB, respectively (Figure 3-20 B). The 

3 dB higher SNR achieved by the 2-cycle excitation case compared to the 1-cycle case is 
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attributed to a 67% stronger microbubble harmonic response, which is caused by the higher 

MI (from 1.39 to 1.63). The 11 dB decrease in CTR with the 2-cycle excitation is due to the 

tissue boundary image. The higher frequency harmonic response (10 to 15 MHz) from the 

tissue-phantom boundary generates a distinguishable line at 8 mm away from the transducer 

in Fig. 10 (b). The -6 dB axial resolution for the 1-cycle and 2-cycle excitation cases were 

measured 615 µm (5.5λ of 14 MHz waves) and 1.1 mm (10.2λ of 14 MHz waves), respectively. 

As anticipated based on the enveloped amplitude result (Fig. 9), the longer pulse length of 

microbubbles of the 2-cycle excitation, decreases the resolution of microcellulose tube images.  

 

 

Figure 3-20. Superharmonic B-mode images of microtubes in a tissue-mimicking phantom 

using the prototype dual-frequency transducer by applying sinusoidal excitation at 2 MHz and 

receiving harmonic responses in the frequency range of 10 to 15 MHz; (a) 1-cycle excitation, 

(b) 2-cycle excitation. 
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3.4 Discussion 

In this study, a 2/14 MHz dual-frequency single-element transducer was developed for 

acoustic angiography with the spatial limitation such as intracavitary and endoscopic 

ultrasound imaging. Low frequency (2 MHz) transmitter enables the acoustic excitation of 

microbubbles near their resonance frequency (1-5 MHz) and high frequency receiver (10-14 

MHz) detects nonlinear harmonic responses from the injected microbubbles. The 1-3 

piezoelectric composite was used as active materials of the single-element transducers due to 

its low acoustic impedance and high electromechanical coupling factor. The discernable 

advantage of the piezoelectric composite was observed in this work, which is a low-aspect 

ratio (width to thickness) active layer. Since the mode-coupling is a serious problem for the 

limited aperture size with the designated operating frequency, the large frequency gap between 

lateral resonance and the thickness resonance is suitable for the small-aperture transducer 

design. Moreover, due to the low wave speed of the piezoelectric composites, the smallest 

thickness is available by using the composite material in comparison with other counterparts, 

such as soft PZT ceramics and PMN-PT single crystals.  

The limitation of this study is that the exact pressure output exciting injected 

microbubbles was not estimated during the acoustic characterization procedure. The tissue 

phantom was modeled to have a similar acoustic properties and attenuation with the prostate. 

The reflected signal from the phantom wall implied that the discernable ultrasound energy was 

reflected from the tissue boundary, and during propagating 5 mm-distance in the phantom, 

there should be the attenuation of 0.75 dB/cm/MHz medium resulting in the only 90% pressure 

amplitude is effective for bubble excitation. Thus, if the effective pressure amplitude after 
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traveling such distance in the tissue phantom was measured, more informative relation between 

MI vs. CTR and axial resolution could be obtained. 

Another limitation is that the optimal lateral resolution was not considered in this in 

vitro tests. Simple multiple-A line imaging is not suitable to obtain the best lateral resolution. 

Thus, the more signal processing can be used for enhanced lateral resolution, such as synthetic 

aperture method, and the acoustic lens can be built on the prototype transducers to confine the 

ultrasound beam at the targeted imaging depth. 

 

 

3.5 Summary 

A custom stacked-type, small-size aperture (7.0 × 3.8 mm2), dual-frequency (2/14 MHz) 

transducer was developed for feasibility demonstration of intracavitary acoustic angiography. 

The present design can result in an acceptable -6 dB fractional bandwidth (57% for the 

transmitter and 42% for the receiver) and a sufficient MI (> 1.0) for superharmonic microbubble 

imaging with the suppressed tissue images. Nonlinear higher harmonic responses of the injected 

microbubble contrast agents with a penetration depth in a tissue-phantom of about 5 mm (total 

distance of 13 mm) was achieved. The high frequency receiver detected higher-order harmonics 

(5th through 7th) from microbubbles with the suppression of linear tissue signal.  

Multiple A-line images demonstrated that a single-cycle excitation input is more 

advantageous for high-resolution and high-CTR acoustic angiography imaging compared to a 

multiple-cycle excitation input. Although the 2-cycle excitation waveform resulted in a higher 

SNR (19 dB) the -11 dB decrease in CTR and 90% larger -6 dB resolution may not be practical 
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for intracavitary acoustic angiography. It should be desirable to use the minimum number of 

cycles for bubble-excitation to maintain resolution while achieving a sufficient MI for 

increasing the scattering amplitude of the higher-harmonic microbubble response.  

This feasibility study on intracavitary acoustic angiography of a single-element, 

stacked-type, dual-frequency design, including phantom evaluation and detailed acoustic 

characterization procedures for key acoustic parameters, will be a useful guideline for further 

development of the dual-frequency ultrasound imaging transducers for specific clinical 

applications.  
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4 CHAPTER 4 

INTRAVASCULAR SONOTHROMBOLYSIS TRANSDUCERS 

This chapter present new intravascular sonothrombolysis technique. It is important to 

effectively remove or dissolve thrombus or blood clots, and it remains a challenge in clinical 

treatment of acute thrombo-occlusive diseases. As a new catheter-directed, ultrasound 

approach, an intravascular microbubble-mediated sonothrombolysis device was developed for 

improving thrombolytic rate, and thus minimizing the required dose of thrombolytic drugs. For 

improved thrombolytic efficiency, operating frequency was lowered and the acoustic power 

was increased compared to the conventional catheter-transducers by deploying the new 

ultrasound transducer design. The hypothesis is that a sub-megahertz, forward-looking 

ultrasound transducer with an integrated microbubble injection tube is more advantageous for 

efficient thrombolysis by enhancing cavitation-induced microstreaming than the conventional 

high-frequency, side-looking, catheter-mounted transducers. Prototypes of miniaturized 

transducers were developed and demonstrated that the custom intravascular transducers are 

able to generate sufficient pressure to induce cavitation of lipid-shelled microbubble contrast 

agents. The developed device demonstrates a lytic rate of 0.7±0.15 percent mass loss/min in 

vitro without any use of thrombolytic drugs [135]. 

This chapter has some of previously published material authored by J.K as shown below. 

All previously published material was reprinted with permission from the publishers. 

• Kim, J., Lindsey, B.D., Chang, W.Y., Dai, X., Stavas, J.M., Dayton, P.A., Jiang, X., 2017. 

Intravascular forward-looking ultrasound transducers for microbubble-mediated 

sonothrombolysis, Scientific Reports, 7, p.3454. 
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• Kim, J., Wu, H., Jiang, X., 2017. Miniaturized focused ultrasound transducers for 

intravascular therapies, ASME 2017 International Mechanical Engineering Congress and 

Exposition, IMECE2017 (Accepted) 

 

 

4.1 Introduction 

4.1.1 Thrombo-occlusive diseases 

Deep vein thrombosis (DVT) is the formation of blood clots within the deep veins of the 

legs, either in the calf or more proximally in the popliteal, femoral, or iliac veins[136]. The 

most serious complication of DVT is pulmonary embolism (PE), which can occur when a blood 

clot detaches from vein walls, travels through the heart to the lungs, and occludes pulmonary 

arteries [137]. There are more than 0.1 million cases of PE annually in the U.S. alone [138], 

with 20%-25% of cases resulting in sudden death[139]. Additionally, PE often causes 

considerable morbidity and health care costs for hospitals and survivors [140]–[142]. In high 

risk cases of PE (i.e. where there is persistent hypotension or shock and evidence of right 

ventricular dilation and dysfunction), pharmacological dissolution using recombinant tissue 

plasminogen activator (rt-PA), catheter-directed mechanical fragmentation or surgical removal 

may be utilized [143], [144]. These current techniques for treating severe PE are plagued by 

limitations such as low thrombolytic efficiency, frequent bleeding complications, high failure 

rate, vein injury-associated severe regional dysfunction, high recurrence rates, and the risk of 

distal embolism due to the relatively large size of clot debris [145]–[148]. In order to overcome 

such limitations, ultrasound-enhanced thrombolysis, also called sonothrombolysis, has been 
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used as an alternative therapy promoting efficient thrombus dissolution without increasing the 

risk of systemic bleeding complications[149]. Specifically, application of ultrasound has 

shown the potential for enhancing both clot permeability to rt-PA and mechanical damage to 

the clot by cavitation-induced microstreaming without the use of thrombolytic agents [32], 

[150].  

 

4.1.2 Sonothrombolysis 

Among various ultrasound-delivery methods for sonothrombolysis, catheter-delivered 

transducer tipped ultrasound has exhibited several advantages including efficient delivery of 

acoustic energy, flexible frequency control, and negligible ultrasound-induced heating on 

surrounding tissue[149]. Recently, catheter-based side-looking intravascular ultrasound 

thrombolysis (e.g. Ekosonic, EKOS Corporation, Bothell, WA, USA) have improved lytic 

efficiency by using pulsed high-frequency (2 MHz), low-power ultrasound waves [151], [152].  

In this catheter system, side-looking transducer arrays mounted in a catheter penetrate a target 

clot, producing a circumferential insonation region. While the ultrasound itself cannot dissolve 

the target clot due to its low acoustic power, penetration of rt-PA into the clot is accelerated by 

the applied ultrasound energy [152]. However, this technique still suffers from long treatment 

times (16 hrs in average), and the lytic rate is highly dependent on the total dose of thrombolytic 

agent delivered, which is limited due to concern over the harmful hemorrhagic effects of rt-

PA[153]. Moreover, some randomized controlled clinical trials have shown no difference in 

thrombolytic efficacy for Ekosonic catheters compared to conventional catheter directed 

thrombolysis (CDT) [154]–[156], possibly because pulsed low-power ultrasound (< 0.5 
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W/cm2) might be insufficient to realize ultrasound-enhanced thrombolytic efficiency [154], 

[157]. Although it has been comprehensively demonstrated that general sonothrombolysis with 

higher power, lower frequency ultrasound yields higher thrombolytic rate [71], the design of 

the side-looking intravascular transducer limits its ability for use with optimal 

sonothrombolytic acoustic parameters due to the orientation of the transducer and resulting 

propagation direction toward the vessel wall.  Direction of the high intensity ultrasound energy 

directly towards the vessel wall increases the likelihood of healthy tissue damage from 

overexposure to acoustic energy. Moreover, a larger-diameter catheter is required for the 

lower-frequency transducer because the frequency-dependent dimension is parallel to the 

catheter diameter. The hypothesis is that a forward-looking design will enable generation of 

higher pressures at a lower operating frequency, which can in turn enhance the lytic rate and 

reduce the amount of rt-PA required.  This design will also limit the likelihood of catheter-clot 

contact while directing acoustic energy towards the clot rather than directly towards the vessel 

wall, thus reducing the risk of injury to the vessel wall and minimizing the likelihood of 

accidental dislodging of large clot particles which could cause emboli. 

 

4.1.3 Aim and objectives 

In this chapter, the development of customized intravascular forward-looking ultrasound 

transducers for low-frequency (< 1 MHz), moderate-power ultrasound to improve the 

thrombolysis rate and to minimize the required dose of rt-PA was presented. Moreover, 

microbubble contrast agent (MCA)–mediated sonothrombolysis approach was adopted for 

enhanced cavitation. As microbubbles distributed within the ultrasound beam and in close 
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proximity to the target clot act as nuclei for cavitation, the pressure threshold is reduced, 

thereby resulting in improved lytic rate with a lower ultrasound exposure [65], [158]. In this 

proof-of-concept study, the aim is to demonstrate the feasibility of intravascular forward-

looking ultrasound transducers for microbubble-mediated sonothrombolysis in vitro. 

 

 

 

Figure 4-1. Schematic of intravascular microbubble-mediated sonothrombolysis by using a 

catheter-directed forward-looking ultrasound transducer. 

 

 

 

4.2 Materials and methods 

4.2.1 Transducer materials 

PZT-5A ceramic was used as an active material. Typical therapeutic ultrasound 

transducers were composed of hard PZT ceramics, such as PZT-4 or PZT-8 due to their high 

depoling voltage limit (>10 kV/cm) [89], [90], but for the intravascular therapies, high-voltage 

input may be inappropriate for safety concerns. In this work, the soft PZT ceramic with the 
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higher piezoelectric coupling constant and dielectric constant than hard PZT ceramics was 

used. Although PZT-5A has slightly lower piezoelectric properties than PZT-5H, the depoling 

voltage is higher (7 kV/cm vs. 5.5 kV/cm) [91]. Thus, the PZT-5A ceramic was selected for 

the prototype transducer development. 

Alumina powder (0.3 μm particle size)-epoxy bond mixture was adopted as the matching 

layer material to prepare an appropriate acoustic impedance (5-7 MRayl) of the matching layer 

by simple fabrication method. The custom concave lens was also prepared using the same 

material as the matching layer. A concave-shape polydimethylsiloxane (PDMS) mold was 

prepared using a 2 mm diameter E52100 alloy steel ball, and a cured PDMS mold was used to 

make a PDMS hemisphere. The material properties of PZT-5A, matching layer, and custom 

lens were summarized in Table 4-1. These material properties were used during the FEA for 

the vibration mode stacked-resonator and focused beam generation. 

 

 

Table 4-1. Material properties of the stacked-type transducer. 

 
Density 

(kg/m3) 
𝑐33
𝐸  (GPa) e33 (C/m2) ε33/ε0 

PZT-5A 7750 111 15.8 830 

 
Density 

(kg/m3) 

Young’s modulus 

(GPa) 
Poisson’s ratio  

Matching 

layer & lens 
2000 11.5 0.32  
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4.2.2 Design method 

Concave aperture radiation properties were theoretically investigated from late 1940s 

[159], [160]. Theory of focusing radiator was already well-established and widely utilized in 

acoustic engineering field for designing ultrasound beam shape. An important theoretical 

precondition is that the aperture, a, should be much larger than wavelength, λ (Figure 4-2) [10], 

because the theoretical focusing can only be considered within the Fresnel zone or near field 

[38]. Thus, the old theoretical works only considered a large aperture size (e.g. 63.5 mm) 

compared to the radius of curvature (e.g. 14.3 mm) which results in a large geometrical 

aperture. On the other hand, it is also true that the many practical focused ultrasound systems 

have been designed with the modest geometrical aperture [10]. For intravascular applications 

where the spatial limitation is crucial, the practical design is more appropriate than the 

theoretically ideal design. Hence, the stacked-type, intravascular transducers were designed by 

using commercial finite element analysis (FEA) software ANSYS (ANSYS Mechanical 

APDL®, ANSYS® Academic Research, Release 15.0.7, ANSYS, Inc., Canonsburg, PA, 

USA) and (COMSOL 5.2, COMSOL, Inc., Burlington, MA, USA), since it has been shown 

that the electromechanical properties of stacked-type piezoelectric resonator can be accurately 

analyzed using the finite element method [161], [162]. To obtain low-electrical impedance for 

electrical impedance matching and higher output strain of the piezoelectric resonator, a 6-layer 

stacked resonator was designed to have sub-megahertz resonance frequency. Each layer 

thickness is 240 μm, and the total thickness is 1.5 mm. Briefly, two key advantages of multi-

layered length-extensional resonators can be simply explained with the equations below. For 

actuator applications, the piezoelectric constitutive relation with d-system is typically 
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considered, where  is dielectric constant, d is piezoelectric strain constant, and s is elastic 

compliance constants. By considering total enthalpy, H, the simple expression can be available 

[163]. Subscripts i, j, and k are tensor notation. Superscript denotes that the considered field is 

constant, e.g. sE means the elastic compliance at the constant electric field, E. The 6-layer 

piezoelectric stack was considered as an example (Figure 4-2).  
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Stroke, displacement at free condition can be simplified using the piezoelectric 

equation (4-4). Subscripts, bulk and stack denote the given parameters of single layer bulk 

resonator and multi-layered stacked resonator, respectively. 3, Vin, and t denote the 

displacement, input voltage, and total thickness of the resonator, respectively.  N is the number 

of layer. As shown in the equation (4-7), the total displacement of the stacked resonator can 

enhance the stroke by a factor of N. In this study, the medium particle displacement (i.e. particle 
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velocity) which increase the pressure output was enhance by a factor of 6 by using 6-layer 

stacked-type resonator design.

 

3, 33 3 33
in

bulk

V
S d E d

t
                                                       (4-5) 

3, 33bulk ind V                                                               (4-6) 

3, 3, 1 3, 2 3, 3, 1 33 3,...stack layer layer layerN layer in bulkN Nd V N                           (4-7) 

 

N-layer stack with the electrically parallel connection also has advantages for electric 

power transfer. A parallel connection of the dielectric plates can increase the capacitance in 

comparison with the single-layer bulk plate. The capacitance values for the bulk and stacked 

cases can be simply compared by using the equations below, where 0 is the vacuum 

permittivity (8.854 ×10-12 F/m), and A is the cross-sectional area. As shown in the equation (4-

9) the multi-layer design can increase the capacitance by a factor of N2 compared to the case 

of the bulk resonator [164]. In this initial design with 6 layers, 36 times higher capacitance was 

obtained by using the multi-layer structure. The increase capacitance values were confirmed 

by measuring the total capacitance of the prototype transducers. By enhancing the capacitance 

of the piezoelectric drive part of the transducer, resulting electrical impedance can be 

decreased, which means input electrical admittance can be increased at the operating 

frequency. The simplified electrical input admittance, Yin by using the equivalent circuit theory 

can be expressed as equation (4-10) [165].  C0 is the total capacitance of the resonator. RM, LM, 

and CM denote the mechanical resistance, inductance, and capacitance, respectively, since the 
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mechanical damping, mass, and the stiffness can be considered as resistance, inductance, and 

capacitance, respectively by the electromechanical analogy [91], [165]. 
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Figure 4-2. Schematic of multi-layered length-extensional resonator design. Piezoelectric 

plates are typically piled up considering the alternative poling direction.  
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Figure 4-3. Geometry of the circular, concave aperture. This geometry was redrawn based on 

the reference [10]. 

 

 

2D-axis symmetric structure of the transducer was modeled including stacked 

piezoelectric layers and concave lens (Figure 4-4). A 6-layer piezoelectric drive section (total 

thickness of 1.5 mm) for the operating frequency in the range of 0.6-0.7 MHz was considered, 

which has alternative poling direction in each layer (thickness of ~240 μm). The lateral 

dimension was selected as 1.2 mm for the housing in 5-6 F catheters (diameter of 1.7-2 mm). 

Acoustic-Piezoelectric-Interaction module was used to consider both vibration mode of the 

drive section and the wave propagation from the lens. Material properties were selected from 

the software material library which includes popular piezoelectric materials, PZT-5A in this 
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study. Custom passive acoustic material, such as alumina oxide power (Al2O3)/epoxy matching 

layer were manually entered [131]. 80 Vpp was applied as an input voltage which is the upper 

limit of the practical standard (approximately 30% of the AC depoling voltage) for PZT-5A 

ceramics [91], [116]. Both planar and focused designs were simulated by FEA. A single 

matching layer with the quarter-wavelength thickness was considered. Analysis on the 

concave-aperture transducer performance was conducted with the variation of three design 

factors, the radius-of-curvature (A), lateral dimension which is associated with the aperture (a), 

and the acoustic impedance (z) of the lens. Acoustic impedance was changed by changing 

Young’s modulus of the lens material while maintaining the density as 2000 kg/m3. Peak 

pressure output and full width at half maximum (FWHM), which is also called -6 dB beam 

width, in the focal plane of a transmitted beam were analyzed using the normalized values 

(normalized by planar aperture data). Normalized value 1.0 means it is same as the peak 

pressure or FWHM of the planar aperture. 
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Figure 4-4. Finite element model by using COMSOL (2-D axis-symmetric model); the inset 

figure shows the meshed model. 

 

 

4.2.3 Fabrication method 

240 um thick PZT-5A plates (Model 200, TRS Technologies, Inc., State College, PA, 

USA) were stacked and diced to be properly shaped for 8F catheter mounting. A conductive 

bond (E-solder 3022) was used as a bonding layer. The bonding layer thickness was 30 μm. 

Since the multi-layer resonator design has been widely used for the high-amplitude actuator 

applications, previously published fabrication procedure was adopted [166]. To confine the 

ultrasound beam, a concave lens was fabricated. Aluminum oxide (Al2O3)/epoxy mixture 
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material was used as a custom lens material. The transducer fabrication procedure is illustrated 

in Figures 4-5 and 4-7. Large size (7 mm x 7 mm) PZT-5A plates were stacked considering 

the alternative poling direction of each adjacent plate. E-solder was used as a bonding material 

and electrically conductive material. After the stacked plates were pressed by a custom bonding 

fixture, the thickness of the cured E-solder bonding layer between two PZT are approximately 

30 um. This bonding layer was used as the exposed electrode area during patterning the 

electrode. A large size stacked bar was diced to the designed lateral dimension (1.2 mm), and 

then the insulation layer was attached at the side of each bar resonator. A thin parylene-C layer 

(20 μm thick) was attached to cover the exposed electrode area. After that, the alternative 

electrode layers were connected.  

 

 

 

Figure 4-5. Fabrication procedure for the stacked-type ultrasound transducers.   
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Figure 4-6. Stacked-type transducers in the middle of the fabrication. (A) Cross-sectional view 

of the 6-layer-stacked resonator with a matching layer (scale bar = 80 μm). (B) Stacked samples 

after electrode-patterning.   

 

 

The custom plano-concave lens was fabricated following the procedure depicted in 

Figure 4-7 using the same material as the matching layer. A concave-shape 

polydimethylsiloxane (PDMS) mold was prepared using a 2 mm diameter E52100 alloy steel 

ball, and a cured PDMS mold was used to make a PDMS hemisphere. In this process, the 

mixing volume ratio of curing agent and base material was changed from 1:10 to 4:10 to 

facilitate easy detachment of the hemisphere from the mold. The prepared hard PDMS 

hemisphere was used as a shaping tool of a concave lens made of Al2O3 powder /epoxy having 
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a radius-of-curvature of 1 mm. The fabricated plano-concave lens was attached to on the 

aperture of the transducer using uncured epoxy bond. 

 

 

 

Figure 4-7. Fabrication of the custom lens. The difference between soft and hard PDMS molds 

is the mixing volume ratio of curing agent and base. The ratios of soft and hard ones are 1:10 

and 4:10, respectively. 
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Figure 4-8. Photos of the custom concave lens in the middle of the fabrication procedure (scale 

bar = 1 mm).  

 

 

 

4.2.4 Characterization method 

Electrical impedance spectra were measured by using an impedance analyzer (Agilent 

4294A precision impedance analyzer, Agilent Technologies Inc., Santa Clara, CA, USA). 

Pressure mapping was conducted with using the experiment setup shown in Figure 4-9. For 

the pressure output and beam profile tests, the transducers were positioned in the water tank 

filled with degassed water. The transducers were driven by 10-cycle sinusoidal inputs at 620 

kHz and 650 kHz using an arbitrary function generator (AFG3101, Tektronix Inc., Beaverton, 

OR, USA) connected with a 60 dB radio-frequency amplifier (Model 3200L, Electronic 

Navigation Industries Inc., Rochester, NY). A needle hydrophone (HNA-0400, Onda Corp., 

Sunnyvale, CA, USA) was used to measure a pressure output (as a function of voltage inputs) 

at 0.5 mm away from the aperture. During the separate pressure mapping procedure, the 

hydrophone position was controlled laterally (3 mm) and axially (4.5 mm) using a computer-
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controlled motion stage (Newport XPS, Irvine, CA, USA) to measure pressure profiles in a 2D 

plane including radiation axis. From the acquired beam profiles, overall beam shape and 

FWHM at the focal plane of the planar and concave transducers were compared. With the same 

setup, transmitting sensitivity was measured. The input voltage range in the function generator 

was 10-80 mVpp (10-80 Vpp after 60 dB amplification), and the hydrophone was positioned at 

0.5 mm away from the transducer aperture. 

 

 

 

 

Figure 4-9. Experimental setup for pressure measurement and beam mapping. 
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4.2.5 In vitro test procedure 

For each test, a 200 mg ± 10% clot sample was immersed in 500 μl phosphate buffered 

saline (PBS) solution stored in a tube (Tygon®, ID: 4 mm, OD: 5.6 mm). The tube was 

submerged in a water tank filled with degassed water (37°C). The outlet of the tube was 

positioned out of water, thus the intravascular transducers were inserted through the opening 

in the air. The transducers position was controlled by 3-axis motion stage to maintain constant 

distance between the transducer and the target clot (~0.5 mm). Since the maximum pressure 

was obtained at the closest measurement limit (0.5 mm) for both planar and concave prototype 

transducers and there is no significant pressure difference from 0.5 mm to 1 mm, the distance 

was maintained with the transducer less than 0.5 mm from the clot surface for in vitro tests to 

ensure the most efficient insonation volume was maintained within the target clot. For our case 

with the concave lens, which yields confined beams without a clearly defined focal zone, 

positioning the transducer with a distance less than 0.5 mm for both planar and concave 

prototypes can be considered as a fair condition for comparing thrombolysis performance. 

Each treatment batch was conducted with a 30 sec break for every 5 min sonication. In order 

to evaluate the lytic rate (percent mass loss/min) both planar and concave transducers were 

used. The input parameters for lytic rate evaluation are 620 kHz excitation frequency, 80 Vpp 

input voltage, 10% duty cycle, and 100 μl/min injection of 107 bubbles/ml. During the variation 

of input parameters, fixed parameters for each test are 30 min treatment time, 80 Vpp input 

voltage, 10% duty cycle (5 ms burst duration and 305 cycle-burst), 107 bubbles/mL injection 

with 100 μL/min flow rate. All results presented were averaged and expressed as the mean±SD 

(n=3).  
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To analyze enhanced cavitation effects by injecting MCA near the target clot, 

microbubble response was measured. With the setup shown in Figure 4-10, fundamental 

excitation signals and microbubble signals were measured by the hydrophone positioned about 

5 mm away from the insonation region. The case without MCA injection was also measured 

to compare it with the case of MCA injection (Fig. S4 (A)). 

Statistical analysis was conducted using the MATLAB Statistical Toolbox 

(Mathworks, Natick, MA, USA). Student's t-test (one-tailed distribution) or one-way 

unbalanced ANOVA was utilized to determine statistical significance of tests with different 

treatment conditions. A P-value < 0.05 was considered as a requirement of statistical 

significance. For the bubble concentration tests, the control group was treated with a pure PBS 

injection with the same flow rate without any insonation and bubble injection. For other input 

parameter tests, the control group was treated with the same process only without insonation. 

Bovine blood clot samples were prepared in a similar protocol as described in previous 

work [167].  Bovine blood was obtained from Densco Marketing, Inc. (Woodstock, IL, USA). 

The blood was added into the 2.75% W/V calcium chloride (CaCl2) solution (Fisher Scientific 

Fair Lawn NJ) as coagulant for clotting with a volume ratio of 10:1 (5 ml/50 ml blood). The 

blood was mixed and transferred to tygon tubes (6.35 mm ID, 7.94 mm OD). The blood-filled 

tubes were immersed in a 37°C water bath for 3 h. After clot formation, the tubes were stored 

at 4 °C for over 72 h for complete retraction [32]. For in vitro tests, each clot sample was 

prepared to have a mass of 200±10% mg in a cylindrical shape with a diameter of ~3.5 mm.  

Microbubble contrast agents were synthesized in-house as previously described[168].  

Briefly, lipid solutions were formulated with a 9:1 molar ratio DSPC and DSPE-PEG2000 
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(Avanti Polar Lipids, Alabaster, AL, USA) in a solution containing propylene glycol 15% 

(v/v), glycerol 5% (v/v) and phosphate-buffered saline (PBS) 80% (v/v). Next, 1.5-mL aliquots 

of lipid solution were placed in sealed 3-mL glass vials and the air headspace was exchanged 

with decafluorobutane gas (Fluoromed, Round Rock, TX, USA). Agitation with a Vialmix 

device (Lantheus Medical Imaging, N. Billerica, MA, USA) causes microbubbles with 

decafluorobutane gas cores and phospholipid shells to form spontaneously.  Microbubble 

concentration and diameter were measured via single particle optical techniques (Accusizer 

780, Particle Sizing Systems, Santa Barbara, CA, USA). Mean microbubble diameter was 1.1 

μm, with an initial concentration (before dilution) of 1010 microbubbles/ml [116]. 

A bovine blood clot sample (200 mg±10%) was stored in a vessel mimicking tube 

(Figure 4-11), and the transducer was positioned close to the target clot (<0.5 mm from the 

aperture) using a 3-axis motion stage. 
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Figure 4-10.  In vitro test setup. The transducer and the target clot in the vessel-mimicking tube 

was submerged in the water. 

 

 

 

Figure 4-11.  Blood clot sample (200 mg) in the vessel-mimicking Tygon tube (scale bar = 5 

mm). 
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4.3 Results 

4.3.1 Design results 

During the simulation, one basic model was selected that has 1.2 mm-lateral dimension, 

1 mm-radius of the curvature, and 4.8 MRayl-acoustic impedance of the concave lens. 

Interesting simulation results were obtained. Although there was no obvious trend of the 

performance variation, the beam focusing effects of the miniaturized transducers are highly 

related to the lens structure and material properties. As an initial analysis on the concave 

aperture-design, the performance of the basic concave design was compared with the planar 

aperture design. The concave aperture model clearly showed the narrow beam confined at very 

close to the aperture surface, whereas the planar design exhibited omnidirectional wide beam 

(Figure 4-12).  Table 4-2 shows the focal distance where the maximum pressure was observed, 

peak-negative-pressure (PNP), and FWHM. The 90% higher pressure output, and 60% reduced 

beam width at the focal distance was obtained by using the concave aperture model. 
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Figure 4-12. FEA simulation results; (A) planar aperture, (B) focused aperture with the radius-

of-curvature of 1 mm. 

 

 

Table 4-1. Comparison of simulation results between planar and focused aperture designs. 

 Planar Focused 

Focal distance (mm) 0.9 0.2 

Pressure (MPa) 0.44 0.87 

FWHM (mm) 1.82 1.07 
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Next, the effects of radius-of-curvature (A) on the focusing performance were analyzed. 

Normalized pressure amplitude and beam width in relation to A is shown in Figure 4-13. With 

the A in the range of 0.7-1.6 mm, corresponding geometrical apertures (S) of 1.71-0.75, 

FWHM showed almost constant values near 60% of the planar aperture case. It is obvious that 

if the curved surface becomes flat with the increasing A, the focusing effects decrease resulting 

in the reduced focal gain. On the other hand, too much curved surface cannot generate focused 

beam efficiently as shown in the case of A of 0.7 mm. In this case, the edge wave is dominant 

by the flexural-edge vibration, which is not suitable to have constructive superposition with 

the direct waves generated from the center part of the concave lens [10]. The A of 1-1.3 

exhibited about 2 fold higher pressure compared to the planar piston source. 

 

 

Figure 4-13. The relation between radius-of-curvature and focusing performance. Peak 

pressure and -6 dB beam width were normalized by the planar design values. 



 

106 

The variation of the lateral dimension resulted in the normalized pressure amplitude from 

0.7 to 1.7. It is taken for granted that the larger aperture with the larger volume of the 

piezoelectric drive section realizes higher pressure radiation caused by the increased radiation 

impedance. However, in case of miniaturized focused transducer, if depth (h) to the curve is 

too large, the dominant edge wave effect degrades the focusing performance. The case of 1.4 

mm lateral dimension has S of 1.4 which is similar to the previous case with the A of 0.7 mm. 

It should also be noted that this dimension change involves mode-coupling of the stacked-

piezoelectric resonator. Since the total thickness is 1.5 mm, lateral dimension of 1.4 mm 

involves mode-coupling between longitudinal and lateral resonance modes. Thus, the impeded 

vibration of the piezoelectric drive section causes the poor focusing (Figure 4-14). 

 

 

Figure 4-14. The relation between lateral dimension and focusing performance. Peak pressure 

and -6 dB beam width were normalized by the planar design values. 
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The acoustic impedance of the matching layer and concave lens also showed the effect 

of excessive edge vibration. In case of 4.0 MRayl impedance (Young’s modulus of 8 GPa and 

density of 2000 kg/m3) showed poor focusing, which may be caused by the redundant 

compliance at the edge of the concave lens (Figure 4-15). Many theoretical studies 

demonstrated that the higher wave speed of the lens material compared to water is 

advantageous for beam focusing, but the clear proportional trend was not observed in our 

simulation result. The 4.8 MRayl lens showed the most suitable focusing performance. 

 

 

Figure 4-15. The relation between the lens acoustic impedance and focusing performance 

(normalized pressure and -6 dB beam width). 
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It was demonstrated that the miniaturized ultrasound transducers for intravascular 

therapeutic applications can be developed by using FEA. Practical design of the concave 

aperture which has small geometrical aperture size compared to the theoretical prerequisites 

for beam focusing still enabled to generate confined beam with the focal gain of 9 dB. By 

analyzing FEA results, it was observed that the aperture size and radius-of-curvature have 

critical effects on focusing performance, which even degrade the performance lower than the 

plane piston source. 

The catheter size for PE treatments is about 6F to 11F (i.e. 2 to 3.7 mm in diameter) 

[169], [170], so the custom catheters described herein composed of a miniaturized forward-

looking transducer (lateral dimension < 1.5 mm) and a microbubble injection tube (outer 

diameter of 1.1 mm),  were developed as an 8F-prototype catheter (diameter of 2.7 mm). With 

this catheter device, sub-megahertz frequency ultrasound waves are excited to yield stable and 

inertial cavitation of locally-injected microbubbles near a target blood clot. The main 

thrombolysis mechanism is cavitation-induced microstreaming, which causes shear stress on 

the clot structure [31], [81]. Note that the present system excludes rt-PA injection, although it 

is likely that therapy using this system would involve low-dose use of thrombolytic drugs to 

avoid distal embolism caused by the fragmented clot particles. It was anticipated that 

discernible improvement in sonothrombolysis efficiency without any thrombolytic agents can 

be a useful indicator of ultrasound-enhanced fibrinolysis by using our device since the 

accelerated efficiency arising from improved rt-PA penetration in MCA-involved therapy has 

been previously reported in detail [32], [171]. In order to attain sufficient pressure output for 

the bubble cavitation at sub-megahertz frequency, stacked-type piezoelectric transducers were 
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designed and fabricated with the resonance frequency of 620 kHz. Although the low operating 

frequency is advantageous in yielding inertial cavitation of the MCA, the wide beam width due 

to the low frequency is inappropriate for precise insonation. Hence, a custom concave lens 

made of an aluminum oxide (Al2O3)/epoxy mixture was built for beam focusing to the target 

clot, minimizing the exposure area of the vessel wall.  

 

4.3.2 Fabrication results 

Figure 4-16 shows the fabricated transducers. The prototyped transducers were wired 

with the 38-AWG coaxial cables. The stacked resonators and matching layers have rectangular 

parallelepiped, and the circular plano-concave lens was attached on the matching layer. This 

difference from the axis-symmetric FEA model which has circular resonator may cause the 

disagreement in the pressure measurement and beam mapping test results. The fabricated 

transducers with and without the concave lens were assembled with a microbubble-injection 

tube and 10 AWG-polyimide housing (outer diameter of 2.7 mm) as shown in Figure 4-17. 
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Figure 4-16. Prototype transducers; (A) wired transducers before the concave lens bonding, 

(B) concave aperture prototype transducer (scale bar = 5 mm). 

 

 

 

 

Figure 4-17. Prototype transducers integrated with the microbubble injection tube. 
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4.3.3 Characterization results 

Five prototype transducers without the concave lens were electrically characterized by 

measuring impedance spectra, capacitance and dielectric loss at 1 kHz. Electrical 

characterization results shows that the 6-layer of the PZT-5A ceramic can be stacked by using 

an E-solder as a bonding layer. Regardless of the each layer thickness the longitudinal 

resonance frequency was shown close to 500-800 kHz. With the thickness of 240-250 μm and 

the area of 1.2 × 1.2 mm2 PZT-5A (dielectric constant T/ of 1700) plate has a capacitance 

of 100-110 pF. The measured capacitance of the 6 layer-resonators showed the 620-630 pF 

which is 6 fold of the single layer capacitance. The five prototype transducers exhibit similar 

properties in resonance frequency, capacitance, and dielectric loss as shown in Figure 4-18, 

which demonstrated that the mechanically serial and electrically parallel connection can be 

realized by the presented fabrication procedure.  
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Figure 4-18. Electrical characterization results. (A) Measured capacitance and dielectric loss 

of 5 prototype transducers. (B) Measured impedance amplitude spectra of 5 prototype 

transducers. 
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The prototype transducers were acoustically characterized to confirm that the acoustic 

pressure is sufficient for cavitation of the injected microbubbles in the confined field of 

insonation. Beam profiles of both planar and concave aperture-prototypes are shown in Figures 

4-19 and 4-20. -6 dB beam diameters of planar- and concave-aperture prototypes are 3.1 mm 

and 1.3 mm, respectively. It was confirmed that the concave lens is able to confine the beam 

width despite the small aperture area in terms of wavelength. Although theoretical design 

guidelines for the focusing lens recommend large aperture diameters (>5λ), in practicality, 

lenses can be designed with rather modest aperture/wavelength ratios [10]. Due to the small 

aperture (0.63λ), the measured beam, which was designed to have a 1 mm focus based on the 

geometry of concave lens, exhibited a diffuse focal region rather than a single focal distance.  

However, the focused aperture showed a spatially confined beam compared to the planar 

transducer. In order to evaluate the transmitting sensitivity, the measured pressure output (1 

mm away from the aperture) of both planar and concave transducers were compared for various 

voltage inputs as shown in Figure 4-21. Voltage inputs were varied in the range of 10-80 Vpp. 

The concave aperture prototype exhibited approximately 2.5-fold higher peak-to-peak pressure 

(PTP) and 2.3-fold higher peak-negative-pressure (PNP) outputs than the planar aperture 

prototype. One quantitative metric related to microbubble-mediated sonothrombolysis is 

mechanical index (MI), which is defined as PNP (in MPa) divided by the square root of the 

operating frequency (in MHz). Within the voltage input range, the maximum MI with planar 

and concave aperture design were 0.4 and 1.0, respectively. For clinical imaging, microbubble 

contrast agents are approved for use in humans at MIs up to 0.8 (Definity, Lantheus Medical 

Imaging, North Billerica, Massachusetts, formerly Bristol-Myers Squibb Medical Imaging), 
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though they are often flashed with short bursts at higher MI in destruction-reperfusion imaging 

studies [172]–[174]. Mechanical indices which exceed this imaging limit have been reported 

in sonothrombolysis [175]–[177]. It was previously reported that the approximate MI threshold 

for MCA cavitation is 0.35 [44] when the excitation frequency is lower than microbubble 

resonance frequency (1-5 MHz for MCA with an approximated microbubble diameter of 1 

μm), and it was confirmed in this work that both prototypes with different aperture designs are 

able to yield inertial cavitation during microbubble-mediated thrombolysis therapies. 

 

 

 

Figure 4-19. Measured beam profiles of planar-aperture prototype; the red arrows indicate the 

radiation direction, and the red contour lines denote the mechanical index of 0.3 with voltage 

input of 80 Vpp which implies the approximated threshold of inertial cavitation of 

microbubbles. 
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Figure 4-20. Measured beam profiles of concave-aperture prototype; the red arrows indicate 

the radiation direction, and the red contour lines denote the mechanical index of 0.3 with 

voltage input of 80 Vpp. 
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Figure 4-21. Measured pressure output (1 mm away from the aperture) with voltage inputs of 

10-80 Vpp (n = 2). The concave aperture prototype exhibits approximately 2.5-fold increase in 

peak-to-peak pressure (PTP) and 2.3-fold increased peak-negative-pressure (PNP) relative to 

the planar aperture prototype. (*P < 0.05). 
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Table 4-2. Corresponding PNP and MI values with various voltage inputs. 

Volt (Vpp) PNP (MPa) MI 

14 0.08 0.10 

36 0.20 0.25 

58 0.27 0.35 

80 0.35 0.45 

 

 

 

4.3.4 In vitro test results 

The reduction in volume of the bovine blood clot using the developed sonothrombolysis 

system with the planar lens prototype transducer was tested. Initial in vitro tests were 

conducted using a 120 mg clot positioned in a tygon tube (Figure 4-22). The captured images 

with 10 min-interval show gradual volume reduction. The 40 min treatment includes a 30 sec 

break for every 5 min of sonication in order to allow new microbubbles penetrate into the fibrin 

clot [178]. After a 40 min treatment, the target clot size reduced to about 35% of its original 

size (mass reduction from 120 mg to 50 mg, Figure 4-23). The position of the transducer was 

controlled to keep the face of the transducer less than 0.5 mm from the clot surface. Since 

relatively high concentrations of MCA (508 bubbles/ml) were used in this initial test, it was 

observed that there are some groups of undestroyed microbubbles attached to the transducer 

and the inner surface of the tygon tube during the treatment even though the output pressure 
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with the 80 Vpp input (PNP of 250 kPa) is sufficient to destroy the bubbles. This remaining 

population may include microbubbles which have coalesced into larger microbubbles[179]. 

Observed remaining bubbles may also be due to the smaller cavitation zone compared to the 

inner diameter of the vessel-mimicking tube and the period during which bubbles were injected 

without insonation. Despite the very low (100 μl/min) bubble infusion rate, intact bubbles can 

be spread around the vessel wall during 30 sec infusion without insonation. During treatment 

with a 10% duty cycle (estimated spatial-peak-temporal-average intensity, ISPTA of 1 W/cm2), 

the temperature at the clot boundary (insonation area) remained unchanged as measured by 

calibrated thermocouple (37°C). This result indicates that the clot was dissolved by cavitation-

induced microstreaming without measurable ultrasound-induced thermal effects.  

Further in vitro tests were conducted with various input parameters. The two different 

designs of prototype transducers (planar and concave apertures) were used, and the lysis results 

were compared. With the same input conditions of voltage, duty cycle, microbubble 

concentration, and microbubble injection rate, the results obtained by the planar transducer and 

the concave transducer showed an average lytic rate of 0.7 %/min and 0.67 %/min, 

respectively. Interestingly, despite of the much higher pressure output (> 100% higher at the 

focal point) of the concave transducer, both prototypes realized similar (< 5% difference) mass 

reduction (Figure 4-24). Although the focused beam has higher pressure at the focal point, the 

cavitation zone, which is determined by spatial volume within the ultrasound beam where the 

MI is higher than ~0.3, of the planar transducer is similar to that of concave transducer, as 

shown in the Figures 4-19 and 4-20. Thus, the planar transducer was used for further 

experiments while varying other parameters.  
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Figure 4-22. Captured images during 40 min treatment by using the planar-aperture prototype 

(input conditions of 620 kHz, 80 Vpp, 10% duty cycle with 100 μl/min injection of 5×108 

bubbles/ml). A smaller (120 mg) clot was used for monitoring the volume reduction (scale bar 

= 3 mm). Due to the high bubble concentration (5×108 bubbles/ml) the undestroyed bubbles 

were attached to the transducer and the inner surface of the tygon tube. 
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Figure 4-23. In vitro clot lysis results. A 120 mg clot was reduced to 50 mg after the 40 min 

treatment (scale bar = 3 mm). 

 

 

 

Figure 4-24. In vitro test results with different input parameter. Mass reduction of the clots 

(200 mg ± 10%) in accordance with treatment time of 15-60 min (620 kHz operating frequency, 

80 Vpp input voltage, 10% duty cycle, 100 μl/min injection of 107 bubbles/ml).  
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Since it was observed from the initial test that intact microbubbles exist when the bubble 

concentration is too high, effect of MCA concentration was investigated to find the appropriate 

MCA injection condition (Figure 4-25). The percent mass loss increases with the bubble 

concentration. This is because larger amount of MCA cavitation can generate larger exposure 

area of microstreaming-induced shear force [31], [81], [180]. It was also found that the higher 

percent mass loss was achieved with the higher voltage inputs and higher duty cycle (Figures 

4-26 and 4-27). The in vitro test results with various input parameters had a similar tendency 

with the previously reported sonothrombolysis results obtained by using a commercially 

available diagnostic 2.5-MHz transducer [71]. 

 

 

 

Figure 4-25. In vitro test results with different input parameter. Mass reduction upon variation 

of microbubble concentration; fixed parameters for each test are 30 min treatment time, 80 Vpp 

input voltage, 10% duty cycle (5 ms burst duration and 305 cycle-burst, n = 3).  
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Figure 4-26. In vitro test results with the variation of input voltage; fixed parameters: 30 min 

treatment time, 10% duty cycle, 107 bubbles/mL injection with 100 μl/min flow rate, n = 3).  

 

 

 
Figure 4-27. Variation of microbubble concentration; fixed parameters: 30 min treatment time, 

80 Vpp input voltage, 107 bubbles/mL injection with 100 μl/min flow rate, n = 3).  
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Next, the required treatment time to reach 100% mass reduction was evaluated. The 

two designs of prototyped transducers were used in these tests. The operating parameters used 

were determined based on the previous parameter study results presented in Figure 4-24. First, 

it was observed that the complete thrombolysis was not achieved with only microbubble-

mediated sonothrombolysis treatment. After about 3.5 h treatment, red cells inside the clot 

were almost entirely lysed but some of the fibrin structure remained. Even with a treatment 

time longer than 4.5 h, the fibrin network was not completely removed (Figure 4-28 B). Hence, 

further tests were conducted until 90% mass reduction, and the required treatment time was 

analyzed. As finding in the previous in vitro test results, the planar transducer showed similar 

(approximately 5.2% difference) treatment time for 90% mass reduction. This was expected 

due to the similar cavitation volume (Figures 4-19 and 4-20) of both the planar and concave 

transducers. Since the fibrin fibers are cleaved by the active enzyme plasmin [181], [182], the 

hypothesis is that 100% thrombolysis might be expected with a local administration of a 

minimum amount of thrombolytic agent. Regardless of the improved penetration of rt-PA to 

the clot, it was confirmed that the microbubble-mediated intravascular sonothrombolysis by 

using our miniaturized transducers can realize a lytic rate of 0.7±0.15 %/min. 
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Figure 4-28. In vitro test result for complete mass reduction. (A) Required treatment time for 

90% mass reduction of 200 mg clot samples with the treatment conditions of 80 Vpp input 

voltage, 10% duty cycle, and 107 bubbles/ml injection with 100 μl/min flow rate (n = 3). The 

difference of treatment time between planar and concave prototypes showed no statistical 

significance. (B) A 200 mg clot sample decreased in volume and mass after 3.5 hr treatment 

(scale bar = 3 mm). The remaining small (~20 mg) fibrin (B2) was not completely removed by 

continued treatment (> 4.5 hr). 

 

 

 

Cavitation was measured during the in vitro tests. Without microbubble injection, 

amplitude spectra with various input voltage showed similar level at the harmonic frequency 

range (1.2-6 MHz). Conversely, measured signals from microbubbles exhibited clear 

difference with different voltage inputs (Figure 4-29 B). In the range of 14-58 Vpp, discernable 

nonlinear harmonic signals (2nd to 8th harmonics) were detected whereas significantly reduced 

(about 20 dB) harmonic components were shown with the 80 Vpp input voltage. This result 
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indicates that the inertial cavitation of all the injected bubbles occurred with the 80 Vpp input 

voltage whereas stable cavitation is dominant with the input voltage lower than 60 Vpp. 

 

 

Figure 4-29. Cavitation detection results. (A) Measured frequency spectra during the treatment 

without MCA injection. (B) Measured spectra when microbubbles (107 bubbles/ml) were 

injected with 100 μL/min flow rate. 

 

 

 

4.4 Discussion 

4.4.1 Stacked-type ultrasound transducer 

A catheter-mounted, forward-looking, low-frequency, intravascular transducer was 

developed and microbubble-mediated clot dissolution was performed in vitro using our device 

in the absence of thrombolytic drugs. It was demonstrated that the miniaturized transducers 

(designed for 8F catheter) combined with MCA-injection can realize an average lytic rate of 
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0.7±0.15 %/min without the use of rt-PA, unlike the previous microbubble-mediated test result 

showing only negligible lytic rate (approximately 0.02 %/min) by EKOS without rt-PA[65]. 

Due to the reduced cavitation threshold resulting from the presence of MCA, locally delivered 

acoustic energy by using our device incurs cavitation-induced microstreaming near the clot 

boundary and realizes red-cell thrombolysis. Note that no ultrasound-induced heating effects 

were involved in this treatment, only cavitation produced the reported lytic rate without the 

use of any thrombolytic agent. Conversely, conventional side-looking, intravascular 

sonothrombolysis transducers for ultrasound-enhanced-fibrinolysis (e.g. EKOS) previously 

produced no decrease in clot mass in the absence of lytic agent (percent mass loss of only 

0.95±1.33% by 45 min treatment) [65]. The main features of our device compared to the 

conventional sonothrombolysis catheter are lower-operating frequency (620 kHz vs. 1.7-2.2 

MHz) [65], [151], higher acoustic intensity (ISPTA up to 11 W/cm2 vs. 0.5-4.9 W/cm2) [65], 

[183], and reduced cavitation threshold near the clot boundary due to locally injected 

microbubbles (< 1 MPa vs. ~4 MPa) [65]. 

 

4.4.2 Miniaturized transducer with a focusing lens 

Because the transducers operate at a frequency lower than the resonance frequency 

range of conventional MCA (1-5 MHz) [44], the immediate rupture of microbubbles was 

observed at insonation with relatively low PNP of 200 kPa, corresponding to an MI of 0.27. 

Although it is unclear whether stable and inertial cavitation have different effects on the 

improved mass reduction in this study, the higher percent mass loss was achieved with the 

higher pressure output. The approximate inertial cavitation threshold at this frequency is 
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expected to occur at a PNP of 200 kPa, hence the insonation with the voltage input higher than 

40 Vpp (corresponding PNP of 200 kPa) yields inertial cavitation of injected microbubbles.  In 

comparison with the treatment case with an input voltage of 80 Vpp (corresponding PNP of 350 

kPa), the 14 Vpp case (corresponding PNP of 100 kPa) exhibited only 45% lytic improvement. 

Thus, the volume of the cavitation zone within the insonation field is crucial for the lytic rate. 

The planar and focused aperture transducers yielded similar (< 5% difference) average 

thrombolysis rate and the difference between two different aperture prototypes showed no 

statistical significance, although the maximum pressure output at the focal spot of the focused 

transducer is approximately 2 times higher than that of the planar transducer. The reason may 

be that the focused aperture has a tighter focus that would need to be moved to different regions 

of the clot in order to generate inertial cavitation of microbubbles. Thus, one further study 

includes design optimization the custom concave lens with appropriate f-number in order to 

attain the largest cavitation volume with minimized exposure of acoustic energy to the vessel 

wall.   

   

4.4.3 Microbubble effects 

Considering microbubble behavior within the cavitation zone, most bubbles are 

expected to either 1) remain within the cavitation zone where their shells rupture (visibly 

destroyed microbubbles) and they are replaced by new microbubbles from the tube, or 2) exit 

this zone intact (visibly undestroyed microbubbles). Coalescence may also occur in the 

cavitation zone [184], however, ultrasound-induced coalescence would be expected to occur 

rapidly, within the first few microseconds [179], meaning these coalesced microbubbles would 
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still be in the cavitation zone, where they would be subject to repeated acoustic pulsing and 

have a high likelihood of destruction [54], [179]. Because the tube delivers microbubbles to 

the face of the transducer, the microbubble concentration in this zone will be approximately 

equal to the concentration within the tube. 

Furthermore, the transmitted acoustic energy is sufficient to achieve lysis by ultrasound 

alone, and micro-bubble mediated treatment yielded a lytic rate at least 2 times higher. Based 

on these experiments, concentrations higher than 108/ml did not produce additional 

improvement in mass reduction. The chosen concentration of microbubbles in this work is 107 

particles/ml, which is in the range of concentrations previously used by others (104 to 6×108 

particles/ml) [32], [158]. One advantage of our device is that microbubbles are infused locally 

at the site of the thrombus via a catheter, which means that the injected dose is similar to or 

less than the bolus dose injected for human imaging (e.g. ~7×109 microbubbles/ml for a 70-kg 

patient, Definity, Lantheus Medical Imaging, North Billerica, Massachusetts, formerly Bristol-

Myers Squibb Medical Imaging). With a bubble concentration of 107/ml, the average 

thrombolysis rate of our system is 1.4±0.33 mg/min. However, the demonstrated thrombolysis 

rate is not the ultimate limit, since this sonothrombolysis system is designed to minimize the 

use of thrombolytic drugs to avoid distal embolism caused by the fragmented clot particles. 

This result is promising since recent work on sonothrombolysis has demonstrated that a lytic 

rate approximately 10  times higher was achieved when a low dose of rt-PA (0.32 μg/ml) was 

used in conjunction with MCA-mediated transcutaneous sonothrombolysis [32]. Thus, the 

hypothesis is that faster (> 10 times) thrombolysis can be achieved when rt-PA is injected with 

the microbubbles by using our device. 
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4.4.4 Clot debris 

Although our device will be ultimately used for rt-PA combined therapy which is safe 

from distal embolism, particle sizes after the treatment were evaluated by using a 100 μm filter 

(sterile cell strainer, 100 μm mesh size, Fisher Scientific, Pittsburgh, PA, USA, Figure 4-30 

(left)), since the debris no greater than 100 μm were unlikely to cause ha zardous emboli. The  

tests with the highest intensity condition among the in vitro test conditions were conducted 

using the concave prototype transducer (620 kHz, 80 Vpp, 10% duty cycle with 100 μl/min 

injection of 108 bubbles/ml, 15 min, n=4). After each treatment, the mixture of saline water 

and melted blood was drained through the filter. The upside of the filter was observed under 

the microscope (×100). No particle larger than 100 μm was observed for all the test groups. It 

was not available to evaluate the detailed percentage of debris particles by this simple test 

using a one-size mesh. This test result does show that the treatment based on the cavitation-

induced microstreaming using our transducer yielded clot fragmentation particles with the size 

< 100 um. 

 

 

 

Figure 4-30. Magnified images of the 100 μm mesh filter (scale bar = 100 μm).  
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4.4.5 Limitation of study 

The limitations of the present study are the absence of a flow system that more 

accurately mimics physiological blood flow, evaluation of safety of the acoustic output for the 

vessel wall, and testing with rt-PA. Previously, researchers have demonstrated that the 

thrombolysis rate of microbubble-mediated sonothrombolysis is also affected by the blood 

flow rate [32]. Additional shear forces caused by the high flow rate in the vessel increases clot 

lysis. Although these effects of blood flow were not considered in this work, it can be 

anticipated that the higher thrombolysis rate can be achieved with a flow system that more 

closely mimics physiological conditions. The motivation behind this work in modifying the 

design of the transducer from side-looking to forward-looking is related to safety issues for the 

vessel wall. Safety of our device for the vessel wall was not evaluated using histology. The 

possible mechanisms of vessel wall damage (hemorrhage or endothelial cell injury or 

dysfunction) resulting from use of the presented device may arise due to 1) ultrasound-induced 

heating (tissue-ablation) and 2) cavitation-induced microstreaming and microjets [184]. First, 

no increase in temperature caused by ultrasound-induced heating was observed at the treatment 

location (i.e. acoustic focus) during our in vitro study. Second, despite potential safety issues 

due to using MCA, previous studies have demonstrated that microbubble-mediated therapy 

(including sonothrombolysis) using MI < 1.9  is safe from hemorrhage [172] or inflammatory 

cell infiltration[172], [177]. Third, the direct exposure to ultrasound energy is significantly 

reduced laterally by our custom lens (e.g. MI < 0.1 was measured in the lateral direction for 

distances > 3 mm from the center of the transducer), which results in negligible acoustic power 

on the wall lateral to the transducer and thus extremely low risk of incidental ultrasound-
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induced bioeffects in the vessel wall. However, in the setting of tortuous vessel segment in 

vivo, theoretically, the forward-looking ultrasound energy could potentially point to vessel 

wall. Thus, further ex vivo experiments can be conducted to determine whether the vessel wall 

is damaged or not. It is promising that 90% lysis was achieved without any thrombolytic drugs, 

but to avoid the possible distal embolism which can be caused by cleaved clot particles, in vitro 

experiments using rt-PA can be continued.  

 

 

 

4.5 Summary 

In this work, it was demonstrated that the miniaturized ultrasound transducers for 

intravascular therapeutic applications can be developed by using FEA. Practical design of the 

concave aperture which has small geometrical aperture size compared to the theoretical 

prerequisites for beam focusing still enabled to generate confined beam with the focal gain of 

9 dB. By analyzing FEA results, it was observed that the aperture size and radius-of-curvature 

have critical effects on focusing performance, which even degrade the performance lower than 

the plane piston source. Although it was found that the sub-megahertz, intravascular, forward-

looking focused ultrasound transducers can be realized, the optimal operating frequency and 

design parameters were not determined yet. Design optimization of the miniaturized focused 

ultrasound transducer will be continued as a future work to obtain maximum achievable 

pressure output for different catheter sizes. 



 

132 

In summary, the sub-megahertz, forward-looking transducers were developed for the 

microbubble-mediated intravascular sonothrombolysis. The developed custom transducers 

exhibited the averaged thrombolysis rate of 1.4±0.33 mg/min in the absence of a thrombolytic 

agent. It was demonstrated that this type of the transducer can realize mechanical 

fragmentation of the clots by cavitation-induced microstreaming. It is expected that this 

transducer is advantageous for ultrasound-enhanced fibrinolysis by local infusion of low dose 

of thrombolytic drugs, hence the ultimate sonothrombolysis treatment can be achieved while 

minimizing the use of drugs and decreasing treatment times. 
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5 CHAPTER 5 

LASER-ULTRASOUND TRANSDUCERS FOR DRUG-DELIVERY 

Laser-generated-focused ultrasound (LGFU) has been developed for the precise 

ultrasound therapies, such as cell-removal and lithotripsy [107]. This type of ultrasound 

transducer holds promise for the high-precision ultrasound therapy owing to its tight focal spot 

and short pulse excitation with minimal ultrasound-induced heating [84]. This chapter presents 

the development of the LGFU system for promoted drug release from microgels integrated 

with drug-loaded polymeric nanoparticles. Pulsed shock waves generated by a LGFU 

transducer which is mainly composed of carbon black/polydimethylsiloxane (PDMS) film 

were used a trigger for the drug release from alginate microgels encapsulated with drug-loaded 

poly(lactic-co-glycolic acid) (PLGA) nanoparticles. It was demonstrated the antibacterial 

capability of this remotely-controlled drug delivery system against Escherichia coli by the disk 

diffusion method. Antitumor efficacy toward the HeLa cell-derived tumor spheroids was 

studied in vitro. This LGFU-responsive drug delivery system can provide a simple and remote 

approach to precisely controlled release of therapeutics in a spatiotemporal manner. This 

approach enables potential suppression of detrimental effects to the surrounding tissue near the 

target spot, such as thermal ablation caused by the high pulse-duration ultrasound therapies 

[110]. 

This chapter has some of previously published material authored by J.K as shown 

below. All previously published material was reprinted with permission from the publishers. 

In this work, J.K contributed to the establishment of the idea of LGFU-triggered drug-delivery, 

design, fabrication, and characterization of LGFU transducer, and in vitro drug release tests. 
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An equivalent lead author J.D contributed to the preparation of the drugs and drug-carriers, 

and most of the analysis on drug-release efficiency. As a part of one chapter, the contents of 

this chapter were included in the dissertation of J.D. 

 

• Di, J.*, Kim, J.*, Hu, Q., Jiang, X. and Gu, Z., 2015. Spatiotemporal drug delivery 

using laser-generated-focused ultrasound system. Journal of Controlled Release, 220, 

pp.592-599. (*EQUIVALENT CONTRIBUTION)  

 

 

 

5.1 Introduction 

5.1.1 Remotely-triggered drug delivery technologies 

Remotely controlled drug release techniques for noninvasive and spatiotemporal 

administration has been actively investigated in order to overcome the limitations of standard 

administration methods [185]–[187]. Up to date, a variety of external stimuli have been 

employed to remotely trigger drug-release.  Thermal, electric, magnetic, optical excitations 

and ultrasound have been deployed for various drug-delivery technique [33], [188], [189]. 

Ultrasound has shown its merits as a remote trigger. Owing to its simple administration and 

relatively short treatment time, the high intensity-focused ultrasound (HIFU)-triggered drug 

delivery system has been of particular interest for locally on-demand delivery of therapeutic 

agents, such as proteins, peptides and small molecular drugs [190]–[193]. The activated drug 

release can be attributed to one or combinations of four nonlinear mechanisms: cavitation, 
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radiation pressure, acoustic streaming, and ultrasound-induced heating [78], [194]–[197]. As 

mentioned in the background of therapeutic ultrasound, relatively high intensity ultrasound is 

required to induce mechanical stress at the target, which is drug carrier in this application. 

However, high-intensity ultrasound involves temperature raising and the thermal ablation can 

damage the surrounding tissues [191]. Therefore, a precise spatial and temporal control for the 

drug release at a tight focal spot with relatively low acoustic power and duty cycle can be a 

promising alternative ultrasound trigger to suppress the detrimental effects near the target area 

such as the surrounding tissue [110]. 

 

5.1.2 LGFU-triggered drug delivery 

A laser-generated focused ultrasound (LGFU) transducer has been developed aiming 

to precise therapy using a high-frequency, low duty cycle (<0.001%), focused ultrasound at a 

tight focal spot (<1 mm) [107], [198]–[200]. The transducer is mainly comprised of a plano-

concave glass lens coated with a carbon-based laser absorption layer and a thermal-expansion 

layer with a high thermal expansion coefficient such as polydimethylsiloxane (PDMS) [115]. 

PDMS is also chemically inert, thermally stable, and simple to handle [201]. LGFU has shown 

several advantages compared to the conventional HIFU, including 1) relatively high frequency 

(>10 MHz) that achieves a tight focal spot for ultrasound therapy; 2) availability of small 

aperture transducer; and 3) the reduced thermal damage concerns due to the very low duty 

cycle (a single-pulsed wave with a pulse repetition rate of 10 to 20 Hz) [70], [106], [199]. The 

hypothesis is that such merits of LGFU can provide an efficacy for the remote and 
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spatiotemporal control of the drug release with a high spatial resolution without detrimental 

effects to the surrounding tissue. 

 

 

 

Figure 5-1. Schematic of spatiotemporal drug delivery. Remote trigger can be thermal, optical, 

magnetic, electrical and acoustic excitations.  

 

 

5.1.3 Aim and objectives 

In this work, LGFU drug-delivery system was developed to verify the hypothesis. A 

custom LGFU transducer was firstly utilized as a remote trigger for promoting drug release. 

Drug-carriers are comprised of alginate sphere microgels integrated with drug-loaded 

poly(lactic-co-glycolic acid) nanoparticles (PLGA NPs). As depicted in Figure 5-2, a LGFU 

transducer made of a plano-concave glass lens coated with a layer of carbon-black/PDMS 

composite. Due to the advantage of simple fabrication procedure, carbon black powder was 
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used instead of CNT. In this transducer, the pulsed laser energy is absorbed by the carbon black 

particles and subsequently diffuse heat to the surrounding PDMS layer. Due to the rapidly 

transferred thermal energy, instantaneous thermal expansion of the PDMS layer occurs, which 

can generate a high-frequency (>10 MHz), high-amplitude (peak-to-peak pressure>10 MPa) 

pulsed shock wave. Once the laser generated-pulsed shock waves hit the microgels, inertial 

and stable cavitation at the microgels promoting the release of the drug from PLGA NPs and 

temporarily stored in the microgels. 

 

 

 

Figure 5-2. Schematic of the laser-generated-focused ultrasound (LGFU) drug-delivery system.  
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5.2 Materials and methods 

5.2.1 Microgels material 

Materials for microgels were prepared. PLGA (actide:glycolide (50:50), fluorescein 

isothiocyanate (FITC, isomer I), MW: 40–75 kDa), sodium alginate, barium chloride 

dihydrate, anhydrous dichloromethane (DCM), N-(3-dimethylaminopropyl)-N′-

ethylcarbodiimide hydrochloride (EDC), 1,6-Hexanediamine, and N-

hydroxysulfosuccinimide sodium salt (NHSS) were acquired from Sigma Aldrich (St. Louis, 

MO). For drugs, ciprofloxacin (CIF) was also obtained from the same vendor, Sigma Aldrich, 

and doxorubicin hydrochloride (DOX) was acquired from Fisher Scientific (Pittsburgh, PA). 

The deionized (DI) water was prepared by a Millipore NanoPure purification system 

(resistivity higher than 18.2 MΩ/cm) [110]. 

Materials for the custom LGFU transducer were also prepared. A 12 mm-diameter, 

plano-concave lens with a radius of curvature of 12.4 mm (Edmund optics Inc., Barrington, 

NJ) was prepared for being used as a transparent substrate and concave aperture. As a light-

absorption material, a bottle of commercial carbon black (CB) powders (Carbon black 73116, 

Acrylicos Vallejo, Barcelona, Catalonia, Spain) was prepared. CB particles were mixed with 

PDMS solution (Sylgard 184, Dow Corning Corporation, Midland, MI) which was prepared 

with the mixing volume ratio of curing agent and base material as 1:10. Then, the mixed 

solution was coated on the concave side of the lens. The coated composite layer functioned as 

the light absorption and thermoelastic layer [108].  
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5.2.2 Preparation of drug-carriers 

For in vitro drug-release tests, DOX and CIF loaded-PLGA NPs were prepared by double 

emulsion method [190]. In this study, the drug-carriers were prepared by the collaborator J.D. 

Briefly, 4.5 ml organic phase DCM containing 180 mg PLGA was emulsified with 0.5 mL 

aqueous phase containing drugs: 5 mg DOX and 15 mg CIF, respectively. The emulsion was 

under sonication for 40 cycles (1 s each with a duty cycle of 40%), and then it was poured into 

25 ml 1 wt.% alginate aqueous solution instantly. After that the same sonication procedure was 

repeated. The double emulsion was transferred into 150 ml 0.2 wt.% alginate aqueous solution. 

The mixed suspension was stirred at room temperature for 2 h. DCM can be evaporated during 

this procedure. The produced NPs were centrifuged (10,000 rpm) and suspended in DI water 

three times. By repeating this procedure, the NPs were washed and the product particles were 

collected.  

After the preparation, the NPs were characterized. Size and polydispersity intensity of 

NPs were measured by dynamic light scattering (DLS). Electrophoretic mobility was analyzed 

to determine the zeta potential of the NPs using the same instrument.  NPs morphologies were 

analyzed by a scanning electron microscopy (SEM) (JEOL 6400 F, Tokyo, Japan). The 

encapsulation efficiency, EE and loading capacity, LC of DOX and CIF in NPs were calculated 

using the equations 5-1 and 5-2, respectively (n=3).  

 

 
Amount of drug in NPs

100 %
Totalamount of drug in dispersion

EE                           (5-1) 
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Amount of drug in NPs

100 %
Weight of NPs

LC                                  (5-2) 

5.2.3 Preparation and characterization of alginate microgels 

Sodium alginate (120 mg) was reacted with 1-ethyl-3-(3-dimethylaminopropyl) 

carbodiimide (EDC)/N-hydroxysuccinimide (NHS) with the weight of 50 mg/30 mg for 30 

min. This is for the activation of carbonyl groups of alginate in sodium buffer (pH = 5.0), and 

it was reacted with additional 1,6- diaminohexane (60 mg) for 4 h. The mixture was 

precipitated in isopropanol (IPA), and the alginate-amine derivative was reacted with 0.5 mg 

FITC in sodium bicarbonate solution (50 mM; pH = 8.5) for 4 h and precipitated in acetone to 

remove the unreacted FITC [202]. The obtained FITC-alginate derivative was dissolved in DI 

water. Labeled alginate was mixed 2 wt.% unlabeled sodium alginate solution (50 g). This 

mixture was used to prepare alginate microgels. The drug loaded PLGA NPs were added into 

alginate solution and thoroughly mixed. For the DOX-loaded case, the weight ratio of 

alginate/PLGA/DOX was 1/90/2.5. For CIF-loaded case, the ratio alginate/PLGA/CIF was 

1/90/7.5. The mixture was vacuumed for 30 min, then it was transferred to a 5 ml syringe. The 

syringe was positioned in an electrospray system equipped with a syringe pump. The positive 

electrode of the electrospray system was connected to the needle, and the negative electrode 

was connected to a metal receiving container which contained 50 ml of 20 mM BaCl2. For 

spraying the solution, the flow rate was 0.155 ml/min, and the input voltage was 8 kV. The 

working distance was maintained to 50 mm to the container. The resulting particles were cross-

linked by 5 min-bath in the 20 mM BaCl2 solution. The alginate microgels were collected then 
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rinsed three times with DI water by successive centrifugation cycles. After lyophilization, the 

microgels were stored at 4 °C.  

For characterizing the prepared microgels, 5.0% (w.t.) of the FITC alginate derivative 

was added into the 2 wt.% alginate solution.  Imaging of microgels were conducted by the laser 

scanning confocal microscopy (LSCM) (Zeiss LSCM 710, Carl Zeiss Micro Imaging, NY, 

USA). Particle size of microgels was measured under an optical microscope. The structure of 

NPs loaded microgels was characterized using SEM. For SEM proceudre, microgels were 

initially suspended in DI water, then the microgels were dehydrated in a series of different 

ethanol solutions (20%, 40%, 60%, 80%, 90%, 95%, and 100%) after dispersion. The samples 

were sputter-coated with gold/palladium. 2-dimensional slice images were captured from the 

top to the depth of 100 μm for each specimen. As a post image processing, a software, ZEN 

(Carl Zeiss MicroImaging, NY, USA) was used for the three-dimensional (3D) image 

reconstruction [203]. 

 

5.2.4 Transducer design 

The LGFU transducer can be designed by theoretical modeling. One of the previous 

works on photoacoustic modeling demonstrated that optical-thermal-mechanical coupling can 

be analyzed for the LGFU generated by the concave structure of CNT-PDMS layer [204]. This 

modeling method was adopted in this work to estimate the pressure output of the CB-PDMS 

LGFU transducers. Acoustic medium can be categorized into three different materials: plano-

concave glass (medium 3), carbon-PDMS layer (medium 2), and water (medium 1). 
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Figure 5-3. Structure of the LGFU transducer. Acoustic medium can be categorized into three 

different materials: plano-concave glass (medium 3), carbon-PDMS layer (medium 2), and 

water (medium 1). 

 

 

The detailed derivation procedure for the CB/PDMS LGFU pressure output is 

presented in Appendix D. Briefly, rapid propagation of thermal wave after absorbing a laser 

pulse generates time-dependent pressure variation. The thermo-mechanical coupled wave 

equations in the given 3 media can be expressed as equation 5-3 [204], [205]. 
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In this equation,  2
i i ih T S    is the heat supply per unit time and unit volume in each 

medium, i = 1,2,3, P is pressure, CL is the isentropic wave speed, Cp is the heat capacity, and 

T is the thermal coefficient of volume expansion. 

For time-dependent harmonic pressure response in spherical coordinates yields the 

solution as equation (5-4), where D1 and C1 are constant coefficients, r is the spherical 

coordinates, /i ij   ,  is coefficient of thermal diffusivity, and  is the thermal 

conductivity. Since the medium of interest is only water (medium 1) where the actual shock 

waves are generated, only P1 and relevant parameters were expressed in the equation (5-4). 
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  (5-4) 

 

By considering the boundary conditions (for the pressure at each interface) and the 

continuity conditions (for the particle velocity at each interface) as well as the pressure-velocity 

relation, v = (j/r2)(d(r2P))/dr, the coefficient D1 can be obtained as equation (5-5), where 

21 2 1/R Z Z , 
23 2 3/R Z Z , 

ii LZ C , and h is the thickness of the carbon material-PDMS 

nanofilm.   

The pressure output at the focal distance can be determined as equation (5-6), where 

  2

1 1 1 1/ 4 NG K r f  , and fN is the f-number defined as the ratio of the radius of curvature 

to the aperture diameter [204]. By using the given material properties for water, glass lens, and 

PDMS from the reference [204], the output pressure generated by the CB-PDMS LGFU 
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transducer can be estimated. The optical absorption coefficient of the CB-PPDMS was adjusted 

to the 0.02 μm-1. An example of the estimated pressure output is shown in Figure 5-4. 
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Figure 5-4. Modeled LGFU pressure output at the focal distance of ~ 12 mm. 
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5.2.5 Fabrication and Characterization of LGFU (Carbon black-PDMS film) transducer 

A 12 mm-diameter plano-concave glass lens was attached to the glass substrate by 

using the PDMS. Carbon-black/PDMS mixture (70% mass concentration of the carbon-black 

particles) was spin-coated (3000-5000 rpm) and cured at 65 °C for 2 h. A 532 nm Q-switched 

Nd:YAG pulsed laser (SL-III-10, Continuum, San Jose, CA) with a pulse duration of 6 ns was 

used as an excitation source. The pulse repetition frequency of the laser is 10 Hz, which is not 

advantageous for high duty-cycle input conditions. For characterization, a fixture holding the 

LGFU transducer was positioned in a water tank filled with degassed water. A needle 

hydrophone (HNA-0400, Onda Corp., Sunnyvale, CA) was positioned at the focal distance of 

the LGFU lens (~12 mm from the aperture). For the parameter study, the laser energy was 

controlled within the range from 1 mJ to 6.5 mJ, and the corresponding shock wave form and 

peak-to-peak pressure amplitudes were measured. Due to the measurement limit of the 

hydrophone as mentioned in chapter 3 (~4 MPa negative pressure), the pressure was indirectly 

characterized. For the laser energy higher than 7 mJ, the pressure outputs were measured at 3 

mm away (in the axial direction) from the focal distance. With this position, laser energy 

increased up to 18 mJ. This indirect measurement can afford reasonable pressure output 

estimation, because the pressure profile of LGFU is mainly determined by the f-number of the 

plano-concave lens [115], [204].  
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5.2.6 In vitro drug-release tests 

Drug-release tests were conducted using a 1.5 ml test tube as a sample container. The 

alginate microgels encapsulating drug-loaded NPs were stored with 500 μl phosphate buffered 

saline (PBS) a test tube. The tube storing microgels was positioned at the focus and treated by 

LGFU. After each treatment, the supernatant was collected, centrifuged (1500 rpm for 2 min), 

and release amount was tested. The DOX-release-amount was measured by fluorescence (λex 

= 470 nm, λem=590 nm) using the microplate reader. For CIF-release, the released suspension 

was collected into UV-transparent microplates (Corning® 96 well plates, Sigma-Aldrich). The 

absorbance of the plates was monitored at 277 nm. For temperature monitoring during the 

LGFU treatment (18 mJ, 5 min), a tip of needle thermocouple probe (HYP0, Omega 

Engineering Inc., Stamford, CT) connected with a multi-meter was positioned inside of one 

test tube filled with sample microgels and temperature was measured. The experiment setup 

for in vitro tests is shown in Figures 5-5 and 5-6. In order to maintain the consistent position 

of the test tube, a custom fixture was prepared by 3-D printing (Figure 5-5). 
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Figure 5-5. A 3 D-printed custom fixture for in vitro drug release tests. The fixture was 

designed to maintain the distance between the aperture of the LGFU transducer and the center 

of the 1.5 ml test tube as approximately 1.2 mm which is the focal distance of the LGFU 

transducer. 

 

 

Through 3-(4,5-dimethylthiazol-2-yl)-2,5-diphenyltetrazolium bromide (MTT) assay, 

anti-proliferation by the controlled release of DOX on HeLa cells was tested. For this test, the 

cells were seeded in 96-well plates (density of 7.5 × 103 cells/well). Once the cells reached 70–

80% confluence, 50 μl of supernatant was collected from the DOX-formulated microgel 

samples. Either with or without LGFU treatment, the collected solution was added to each 

well. Before adding the solutions, the cells were washed using PBS followed by adding 150 μl 

FBS (fetal bovine serum) free medium with additional 20 μl of fresh made MTT solution (5 

mg/ml). The media were treated with 4 h-incubation then removed. After that, 150 μl of 
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dimethylsulfoxide (DMSO) were added. For cell viability assay, the plates were subjected to a 

microplate reader at the wavelength of 570 nm with a reference wavelength at 690 nm. 

HeLa spheroids were prepared by a previously reported method, lipid overlay method 

by Hu et al. [206]. Briefly, HeLa cells were seeded into a 48-well plate (density of 2 × 103 

cells/well) which was initially coated with 2% (w/v) agarose gel to prevent cell adhesion. The 

cell-contained plate was incubated at 37 °C for 7 days to obtain a uniform multicellular 

spheroid. Anti-growth ability of DOX-formulated microgels on HeLa spheroids was evaluated 

by exposing the selected HeLa spheroids to collected supernatant (50 μl) from the samples 

after LGFU treatment. The LGFU treatment case was compared with the controlled group and 

the group with the passive-release. As a passive release group, 50 μl-solution collected from 

untreated samples. As a control group, spheroids incubated with drug-free Dulbecco's 

Modified Eagle's Medium (DMEM) were used. During 7 days the spheroids were monitored, 

and the size of spheroids were measured after 3 days, 5 days and 7 days under an invert 

microscope (Olympus IX71, Shinjuku, Tokyo). For this testing of anti-growth efficacy against 

HeLa spheroids, all experiment cases were performed in triplicate.  

For anti-bacterial test, an agar plate was inoculated with Escherichia coli (ATCC 

25922, seeding density of 5 × 103 cells/cm2). In this study, the disk diffusion method was used 

to assess the bactericidal capability. 50 μl-supernatant was collected after each LGFU 

treatment, and then dropped to a sterilized filter-paper disk (diameter: 5 mm). The sample disk 

was dried at room temperature followed by introducing the agarr plate.  After incubating for 

24 h at 37 °C, the resulting diameter of the transparent inhibitory zone (produced around the 

paper disk) of each test case was measured. For these in vitro tests, all results presented were 
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averaged and expressed as the mean ±SD (n=3). Student's t-test or ANOVA were used to 

determine statistical significance. A P value < 0.05 was considered that the result is statistically 

significant. 

 

 

 

Figure 5-6. Experiment setup for in vitro drug release tests. 
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5.3 Results 

5.3.1 Drug-carrier characterization results 

Since the drug-loaded PLGA NPs were prepared through a w/o/w double emulsion–

solvent-evaporation method, the properties can be anticipated as the previously reported  [207]. 

Measured NP sizes of DOX-formulated can CIF-formulated were 249.2 ± 10.1 nm and 259.9 

± 17.2 nm, respectively. The zeta potential of DOX-NP and CIF-NP were measured −67.2 ± 

5.1 mV and −65.5 ± 4.3 mV, respectively. The morphology of PLGA NPs and morphology 

were shown in Figure 5-7 A. The PLGA NPs showed the uniform spherical shape at captured 

SEM images. It was observed that the encapsulation of DOX or CIF showed no significant 

change of the particle size. The LC of DOX-loaded and CIF-loaded NPs determined by using 

equations (5-1) were 3.3 ± 0.2% and 3.5 ± 0.3% respectively The EE of DOX-NPs and CIF-

NPs were determined as 47.3 ± 7.1% and 44.3 ± 5.4%, respectively.  

The drug-formulated NPs were encapsulated in the alginate microgels. The alginate-

based microgels were prepared using a one-step process with a high-voltage electro-spraying 

system, which was previously reported [208]. The resulting NPs encapsulated alginate 

microgels exhibited a spherical shape as shown in the SEM image (Figure 5-7 B). The average 

diameters of microgels encapsulated with DOX-NPs and CIF-NPs were 398.8 ± 18.0 and 402.1 

± 15.2 μm, respectively. The encapsulation condition of the prepared alginate microgels was 

further validated by the LSCM (Figure 5-8). The example images of DOX formulated PLGA 

NPs showed that the NPs were homogeneously distributed in the FITC-labeled alginate 

microgels (Figure 5-8 merged). 
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Figure 5-7. Characterizations of the DOX-loaded PLGA NPs, alginate microgels loaded with 

PLGA NPs and characterizations. (A) SEM image of the PLGA NPs (inset, scale bar = 1 μm) 

and the polydispersity intensity of the various diameter of PLGA NPs (B) SEM image (left) 

and size distribution (right) of alginate microgels loaded with PLGA NPs (scale bar = 1mm).  
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Figure 5-8. Laser scanning confocal microscopy (LSCM) image of the FITC-tagged alginate 

microgels' shell; the DOX loaded PLGA NPs, and the merged image of microparticles with 

DOX loaded NPs (scale bar=100 μm). 

 

 

5.3.2 LGFU transducer characterization results 

The anticipated pulsed shock wave was obtained by the characterization procedure. The 

time-domain wave form at the focal distance (12.3 mm) showed an asymmetric bi-polar 

waveform. A positive peak showed 190% higher amplitude than a negative peak amplitude 

(Figure 5-9 A). The LGFU transducer exhibited a −6 dB focal spot size of 400 μm in lateral 

and 3.8mmin axial directions. The center frequency and −6 dB fractional bandwidth at the 

frequency spectrum are 14.5 MHz and 153%, respectively. The pressure output amplitudes at 
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the focal spot were indirectly characterized for the laser energy ranging from 2 to 18 mJ. The 

corresponding peak-to-peak pressure output with 18 mJ laser input is 22.5 MPa (Figure 5-8 

B). The negative pressure output with the maximum laser energy used in this work (18 mJ) is 

about −8 MPa. 
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Figure 5-9. (A) Time-domain waveforms at the focal distance (12.3 mm) and ±3mm away 

(along the axial direction) from the focal distance. (B) Indirectly characterized pressure output 

amplitudes versus laser energy. Data represents mean±SD (n=3). 
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5.3.3 In vitro drug-release test results 

During the in vitro drug-release tests, the enhanced drug-release triggered by LGFU was 

evaluated in the PBS solution (pH = 7.4) at 37 °C. A scattered laser light from the glass-

concave lens was observed during the LGFU treatment (Figure 5-6), but the scattered laser 

energy at the test tube position was negligible. It was below the lower-limit of the laser energy 

meter (100 nJ). The anticipated major mechanism for the promoted drug-release was acoustic 

cavitation. Microgels oscillation with the corresponding NP oscillation can enhance drug-

unloading, which can be categorized as a stable cavitation. Inertial cavitation can also be 

expected due to the existing micro-gas nuclei in normal PBS. To explicate this main 

mechanism, a control sample for suppression of cavitation was tested by using a degassed PBS 

(Figure 5-9 A). The released DOX concentration in the degassed PBS solution was reduced by 

44%. This result indicates that both 1) drug-carrier-oscillation (stable cavitation) and 2) inertial 

cavitation near the target drug-carriers are involved in the promoted drug-release activity. It 

was confirmed that the cavitation can be induced by the single-pulsed photoacoustic shock 

waves, and it is a major cause of the promoted drug release by LGFU [190]. For testing the 

target carriers at the focus and out-of-focus, released DOX amount showed significant 

difference. At the focal point, the DOX concentration in the treated sample was 3.2 fold that 

of the samples were 3 mm away (in the axial direction) from the focal point (Figure 5-10 B). 

 Figures 5-11 shows the DOX release improvement as a function of input laser energy 

and treatment time. The improvement was defined as a measured DOX concentration 

normalized by the control group (passive release during the treatment time). It was shown that 

the release of DOX from microgels was promoted when increasing the laser energy and the 
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treatment duration. In comparison with the passive release (control group), a maximum of 

approximately 3-fold of DOX release concentration was achieved with the laser input 

condition of 18 mJ (the corresponding peak-to-peak pressure output of 22.5 MPa) and 5 min 

treatment duration. During these tests, no detectable temperature shift was observed. 

Collectively, these results indicated that LGFU shock wave can trigger the release of drug, 

which is passively released from NPs and temporarily stored in the microgels. Based on these 

preliminary experiments, the 18 mJ-laser input and 30 s treatment duration were selected as 

treatment conditions for the further tests including daily experiments for DOX and CIF release 

by LGFU treatment. The daily experimental result exhibited a steadily increased release profile 

for both DOX (Figure 5-12 A) and CIF (Figure 5-12 B). 

 

 

 

Figure 5-10. The promoted drug release triggered by the LGFU system. (A) DOX 

concentration comparison between PBS and degassed PBS (18 mJ, 30 s). (B) DOX-release 

amount at the focal point and 3mm away (along the axial direction) from the focal point (18 

mJ, 30 s).  



 

157 

 

Figure 5-11. The release concentration upon variation of LGFU parameters: (A) input energy 

changes at a fixed duration of 3 min; (B) treatment duration changes at a fixed laser energy of 

18 mJ. Data represents mean±SD (n=3). 
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Figure 5-12.The cumulative concentration of released drug after 30 s treatment with LGFU 

(18 mJ) and passively released drug without LGFU treatment. (A) DOX and (B) CIF. 
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The anti-proliferation capability of LGFU drug-delivery system with DOX-formulated 

microgels was evaluated on HeLa cells using MTT assay. As shown in Figure 5-13 A, daily 

addition of medium collected from samples after LGFU treatment, at day 3, day 5 and day 7 

exhibited much higher toxicity when compared with control groups treated by DOX-contained 

medium associated with the passive release from the DOX-formulated microgels, indicating 

enhanced anticancer efficacy after the LGFU administration.  

The tumor spheroid study provides an effective tool to evaluate the antitumor efficacy 

of the LGFU promoted drug release from DOX-formulated alginate microgels [209]. In this 

study, HeLa tumor spheroids were used to evaluate the inhibition of HeLa spheroid growth for 

one week with the daily addition of 50 μl supernatant collected from DOX-formulated alginate 

microgels after LGFU treatment and daily addition of 50 μl supernatant collected from samples 

without treatment. As shown in Figures 5-13 B and C, the HeLa spheroid exposed to DOX-

contained medium passively released from sample exhibited apoptosis of marginal cells and 

reduction in sizes, while the HeLa spheroid treated with DMEM kept growing and became 

more compact. The spheroids treated with medium collected from samples after LGFU 

treatment exhibited the smallest size with loose intercellular junctions and lost the three 

dimensional (3D) structure at day 7 (Figure 13 C). These results further substantiated that 

LGFU can effectively promote drug release from DOX-formulated microgels, which 

significantly inhibited growth of spheroids.  
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Figure 5-13. LGFU-induced anticancer effects in vitro. (A) Cell viability of HeLa cells treated 

by solutions from DOX-formulated microgels (18 mJ, 30 s) and passive released DOX. (B and 

C) Normalized HeLa tumor spheroid sizes and morphologies at day 0, day 3, day 5 and day 7 

after LGFU treatment, formulations without LGFU treatment (passive release), and PBS 

(control). Scale bars: 100 μm. Data represents mean±SD (n=3). *P < 0.05 (t-test), **P < 0.01 

(two-tailed Student's t-test). 
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Bactericidal effects by using LGFU drug-delivery system with CIF formulated microgels 

were evaluated against E. coli (gram negative) using a standard agar disk diffusion method 

[210]. After a 7-day treatment with LGFU, the cumulated CIF concentration showed 

approximately 2.5-fold increase compared to the concentration from the passive release 

mechanism. Figures 5-14 and 5-15 elucidated the inhibition zones of sample with and without 

treated by LGFU against E. coli. The resulting inhibition zones at each pre-determined time 

point, after consecutive treatment of 3 days, 5 days and 7 days, exhibited superior antibacterial 

activities after LGFU treatment. The significantly larger inhibition zone sizes for the passive 

release case were observed than the LGFU treatment case. 

 

 

 

Figure 5-14. The diameter of the inhibitory zone produced around the filter-paper disks 

measured after incubation at 37 °C for 24 h. Scale bar: 5 mm. Data represents mean±SD (n=3). 

*P < 0.05 (t-test), **P < 0.01 (two-tailed Student's t-test). 
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Figure 5-15. Pictures of the diameter of the inhibitory zone produced around the filter-paper 

disks after incubating for 24 h at 37 °C. 50 μl of samples after LGFU treatment were applied 

daily to the sterilized filter-paper disks with a diameter of 5 mm. The CIF diffused from the 

filter-paper disks to inhibit E. coli growth.  
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5.4 Summary 

In summary, a LGFU-triggered drug delivery system was developed for 

spatiotemporally remote control of drug release. Alginate microgels integrated with drug-

loaded NPs were specifically constructed to achieve promoted drug release, mainly based on 

the cavitation effect. The in vitro anticancer and antibacterial study reported here provides 

guidelines for further in vivo investigation and potentially clinical uses. For example, the 

LGFU lens dimensions can be customized based on the diagnostic information of the targeted 

tumor; the penetration depth and focal spot size are easily manipulated by designing the lens 

size, radius of curvature, and thickness of the thermal expansion layer. Since the diverse 

carbon-based materials and structures such as CNT, CNF, and CNP are actively investigated 

for the use as a light absorption material, different composite film can be developed for the 

improved photoacoustic efficiency. This system can also be extended to the intravascular drug 

delivery by integrating optical-fibers with microlens at a catheter for precise drug-injection and 

promoted release. 
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6 CHAPTER 6 

LASER-ULTRASOUND TRANSDUCER FOR THROMBOLYSIS 

A laser-generated-focused ultrasound (LGFU) transducer generates high-pressure (up 

to 20 MPa), high-frequency (>10 MHz) shock waves with a tight focal spot. In this work, the 

objective is to demonstrate the feasibility of using LGFU transducers for sonothrombolysis in 

vitro. A carbon black LGFU transducer was designed, fabricated and characterized. The 

prototyped LGFU was applied with in vitro thrombolysis tests involving microbubble contrast 

agent (MCA).  It was shown that the high-frequency (~14 MHz), high-pressure (8-12 MPa of 

PNP) shock waves can induce the inertial cavitation of the injected MCA at the focal spot. The 

in vitro test results showed that microbubble-mediated LGFU treatment can yield the lytic rate 

of approximately 2 mg/min, suggesting that LGFU transducers may be useful in precision high 

lytic rate sonothrombolysis [211].  

This chapter has some of previously published material authored by J.K as shown 

below. All previously published material was reprinted with permission from the publishers. 

• Kim, J., Chang, W.Y., Lindsey, B.D., Dayton, P.A., Dai, X., Stavas, J.M. and 

Jiang, X., 2016, September. Laser-generated-focused ultrasound transducers for 

microbubble-mediated, dual-excitation sonothrombolysis. In IEEE International 

Ultrasonics Symposium (IUS), pp. 1-4  
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6.1 Introduction 

6.1.1 Thromboembolism 

Venous thromboembolism (VTE) is a disease caused by blood coagulation inside the 

vein. VTE includes deep vein thrombosis (DVT), formation of blood clots within the deep leg 

veins, and pulmonary embolism (PE) which is occlusion of pulmonary artery when the clot 

breaks free from a vein wall and travels in the blood stream [137]. VTE is the leading cause of 

morbidity and mortality worldwide [56]. Patients with acute PE presents the mortality rate 

more than 58% [212]. The current standard treatment for PE is administration of full dose (100 

mg) of thrombolytic drugs, such as tissue-plasminogen activator (t-PA), which has limitations 

of long treatment time (several hours) and substantial risk of bleeding complication [138], 

[213], [214]. To overcome this limitation, capability of lowering the dose and reducing the 

treatment time has been required for alternative thrombolysis techniques [32]. 

For several decades, ultrasound has been utilized for thrombolysis showing its 

capability of both enhancing penetration of t-PA to target clots and acoustic cleaving of the 

clot without t-PA. Low intensity, unfocused ultrasound (spatial-peak-temporal-average 

acoustic intensity, ISPTA < ~8 W/cm2) has been used to improve thrombolytic efficacy 

combined with t-PA infusion, which is called ultrasound-enhanced thrombolysis (UET) [146], 

[215]. Many in vitro and in vivo studies have demonstrated that high-intensity-focused 

ultrasound (HIFU) is able to break the clot within minutes without thrombolytic drugs [11], 

[148], [167]. Owing to its noninvasive nature and high thrombolytic rate (> 10%/min), HIFU 

thrombolysis technique has progressed with various adjuvant approaches including multi-

frequency excitation [180], pulsed excitation [49], t-PA-infusion [216], and 
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microbubble/nanodroplet-infusion [11], [148]. However, HIFU therapy carries the risk of 

overexposing healthy surrounding tissue to high acoustic energy, potentially causing damage 

to healthy tissue or vessel walls [217]. Recently, focused ultrasound treatment with low duty 

cycle (0.1-0.5%) has attracted increasing attention for noninvasive, fast thrombolysis, which 

is called histotripsy [213], [218], [219]. The main mechanism of thrombolysis by histotripsy 

is the inertial cavitation without any ultrasound-induced thermal effects and t-PA combined 

enhanced fibrinolysis. Due to the high-pressure amplitude (>10 MPa), the histotripsy can 

realize the complete clot dissolution within a few minutes. Although the vessel wall damage 

caused by the excessive cavitation near the vessel wall was partially solved by the shorter pulse 

(<2 cycles) excitation at the tighter focal volume by preventing shock-scattering [75], treatment 

by the focused ultrasound alone always involves the concern with the distal embolism caused 

by the suspended residual debris particles [147]. Thus, histotripsy has been also tried with the 

t-PA-involved UET to significantly reduce the infusion dose of t-PA resulting in the ultimate 

sonothrombolysis with  non-invasive, fast (in a few minutes), safe (from the tissue damage and 

the bleeding complication) thrombolysis treatment [171]. However, the optimal ultrasound 

transducers have not been investigated for this thrombolysis approach yet. Ultrasound 

transducers with short-pulse and high-pressure amplitude-ultrasound at the tight focal spot can 

foster this approach by reducing the safety concerns and enhancing the thrombolysis 

efficiency.  

A laser-generated focused ultrasound (LGFU) transducer has exhibited its potential for 

precise therapeutic ultrasound applications due to its ability to produce high-pressure (up to 20 

MPa), high-frequency (>10 MHz) shock waves with a tight focal spot, resulting in a confined 
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acoustic exposure to a small area [5]. Feasibility of using LGFU transducers for high-precision 

therapies has been demonstrated including lithotripsy [5], cell manipulation [6], and remotely-

controlled drug delivery [7]. Hence the LGFU transducer can be utilized for the advanced, 

histotripsy-based UET. 

 

6.1.2 Aim and objectives 

In this work, the feasibility of LGFU transducers for sonothrombolysis was 

demonstrated. It has been known that cavitation contributes significantly to sonothrombolysis 

[2]. Thus, the new approach of short-pulse UET was investigated with the enhanced cavitation 

effects: LGFU treatment with injection of microbubble contrast agent (MCA).  

 

 

 

Figure 6-1. Schematic of microbubble-mediated sonothrombolysis using a laser-generated-

focused-ultrasound (LGFU) transducer made of a carbon-black/PDMS composite film. 
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6.2 Materials and method 

6.2.1 LGFU transducer design and fabrication 

A plano-concave glass lens (12.5 mm diameter and 12.4 mm radius-of-curvature, 

Thorlabs, Inc., Newton, NJ) was spin-coated (3000 rpm) with a carbon-

black/polydimethylsiloxane (PDMS) mixture. This design of the thermoelastic layer was 

adopted from our previous work, which shows that this design can generate high-frequency 

(>10 MHz), high-amplitude (>20 MPa) shock waves with an easy fabrication method 

compared to other carbon-based layers, such as carbon-nanotube [115], [220], [221], carbon-

nanofiber [108], [109], and carbon-nanoparticles [86], [112].  

 

6.2.2 LGFU transducer characterization 

The fabricated prototype transducer was acoustically characterized by measuring the 

waveform, pressure output, -6 dB beam diameter and axial focal zone using a hydrophone 

(HNA-0400, Onda Corp., Sunnyvale, CA). The overall experiment setup was similar with the 

characterization setup for the LGFU transducer for the drug-delivery in Chapter 5.  

 

6.2.3 Microbubble preparation 

Microbubbles were prepared from lipid solutions as described previously [13], [44]. 

Microbubble diameter was 0.9 ± 0.45 μm. The bubbles consisted of a decafluorobutane core 

with a stabilizing phospholipid monolayer shell with polyethylene glycol [116]. Initial 

microbubble concentration was selected as 1×108 microbubbles/ml. The microbubble properties 

are similar with the previous studies in Chapters 3 and 4. 



 

169 

6.2.4 Blood clot sample preparation 

The blood clots were prepared by the same method as in the previous work [167], [180]. 

Bovine blood and 2.75% W/V calcium chloride solution (Fisher Scientific, Fair Lawn, NJ) was 

mixed and drained into 1.5 mL test tubes. After immersion in a 37°C water bath, the tubes were 

stored at 4±2°C over 48 h for complete coagulation of blood clots. During in vitro thrombolysis 

tests, 200±10% mg clot sample was used. The sample clots were stored in the Tygon® (R3603, 

ID: 4 mm, OD: 5.6 mm) tubes (same tube used for the intravascular thrombolysis task). The 

fixture was slightly modified from the drug-delivery study in order to fix the tygon tube storing 

the clot at the focal distance of the prototype LGFU transducer (Figure 6-2).  

 

 

 

Figure 6-2. A 3D-printed fixture for the consistent exposure of the blood clot samples to the 

LGFU. The MCA infusion needle is connected at the bottom of the vessel mimicking tube 

container.  



 

170 

6.2.5 Microbubble-mediated thrombolysis tests in vitro 

The LGFU transducer was assembled with a customized fixture that provides a fixed 

position of the target spot at the focal distance (12.5 mm). A Tygon® tube was used to mimic 

a vessel and hold a clot sample. Diluted microbubbles were injected into the tube with a low 

flow rate (100 μl/min) by a micropump (DUAL-NE-1010-US, New Era Pump Systems Inc., 

Farmingdale, NY) during the laser ultrasound treatment (Figure 6-3). The excitation laser 

source is a 532 nm Q-switched Nd:YAG pulsed laser (SL-III-10, Continuum, San Jose, CA) 

with a pulse duration of 6 ns and a pulse repetition frequency of 10 Hz. First, the test with the 

bubble infusion alone was conducted to check whether the LGFU shock waves can induce the 

inertial cavitation of the injected microbubbles (bubble concentration of 108 bubble/ml). Once 

the pulse laser excited, the image at the focal spot was captured at 2s. For 30 min-treatment 

time, the relation between input laser energy (0-20 mJ) and the percent mass loss was analyzed. 

The bubble concentration was maintained as 108 bubble/ml during this test. For the tests with 

the different bubble concentrations (0-109 bubbles/ml), the laser energy was maintained as 20 

mJ/pulse. The acquired data by LGFU treatment alone were compared with microbubble 

mediated case.  
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Figure 6-3. Experiment setup for in vitro thrombolysis tests; 1, 2, and 3 denote LGFU 

transducer, clot sample, and the vessel-mimicking tube. Microbubbles are infused from the 

bottom side. 

 

 

 

6.3 Results 

6.3.1 LGFU transducer characterization results 

Carbon-black/PDMS LFGU prototype transducers were prepared as shown in Figure 6-

4. The measured wave form at the focal distance (12.4 mm) exhibited an asymmetric bi-polar 

waveform (240% higher positive amplitude than negative amplitude) as shown in Figure 6-5. 

With an input energy of 20 mJ, approximately 30 MPa peak-to-peak pressure (~12 MPa peak 

negative pressure) was achieved (Figure 6-6). Due to the hydrophone measurement limit, the 

pressure output at the high laser energy range (>10 mJ) was estimated by acquiring data with 

the hydrophone positioned 1 mm away from the focus, then compensating for the focal gain. 
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Acoustic characterization results including center frequency, -6 dB fractional bandwidth, and 

the -6 dB focal zone in lateral and axial directions are summarized in Table 6-1. 

 

 

 

Figure 6-4. Fabricated carbon black-PDMS LGFU transducer. 

 

 

 

Figure 6-5. Time-domain wave form measurement result.  
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Figure 6-6. Laser energy vs. peak-to-peak pressure. 

 

 

 

Figure 6-7. Pressure amplitude profile. (A) Pressure amplitude variation in accordance with 

the axial distance, (B) Pressure amplitude variation in accordance with the lateral distance. 
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Table 6-1. Acoustic properties of LGFU transducer. 

Specification 

Center frequency 14 MHz 

-6 dB fractional bandwidth 153% 

-6 dB focal zone (lateral) 260 μm 

-6 dB focal zone (axial) 3.3 mm 

 

 

 

6.3.2 In vitro thrombolysis test results 

It was clearly observed that the infused MCA was destroyed by the LGFU (Figure 6-8). 

The captured image shows that the cavitating volume can be controlled by the input laser energy. 

The approximated threshold pressure amplitude (peak-to-peak amplitude) is 10 MPa, which has 

a corresponding MI of 0.8. The discernable bubble destruction was observed with the laser input 

of 10 mJ/pulse. With the higher laser input that the larger acoustic carving area near the target 

clot caused by the cavitation-induced microstreaming can be anticipated, which may result in 

the higher thrombolysis efficiency. Two control groups were utilized:  1) MCA injection only 

group: 108/ml microbubbles were infused at a rate of 100 μl/min for 30 min without LGFU, and 

2) LGFU only group: saline water was infused at a rate of 100 μl/min for 30 min without any 

microbubbles. It was observed that the higher bubble concentration results in the higher 

thrombolysis rate (Figure 6-9). Since the undestroyed bubbles were observed at the case of 109 

bubble concentration, the concentration of 108 bubbles/ml was used for the further tests. After 
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the 30-min treatment, the LGFU treatment alone realized only 11±2.3% mass reduction (0 

bubbles-case in Figure 6-9). This may be due to the low pulse repetition frequency (PRF) of the 

laser ultrasound (10 Hz, corresponding duty cycle <0.01%) despite the high-amplitude shock 

wave (~30 MPa peak-to-peak pressure, ~12 MPa peak-negative-pressure). At this low PRF, 

micropumping of clot material (thrombolysis of red blood cells) may not be significant.  

 

 

 

Figure 6-8.  Microbubble destruction by LGFU. Red circles denote bubble destruction volume. 

Different laser input resulted in the difference cavitation volume.  

 

 

Alternatively, the microbubble-mediated case yielded up to 29±1.3% mass reduction 

at the 108 bubble/ml case, and about 32% mass reduction was achieved with the 109 bubble/ml 

infusion. The results indicate that the microstreaming caused by the stable cavitation and MCA 

destruction near the target clot results in thrombolysis which is more than 90% more efficient 
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than direct incidence of the shock waves on the target clot (Figure 6-10). The peak-negative 

pressure values with 10 mJ and 20 mJ laser inputs are 6 MPa and 12 MPa, respectively. Both 

treatment cases enable a mechanical index (MI) range higher than the MCA destruction 

threshold at the focal point of LGFU [44]. Thus, the increase in mass reduction of the clot was 

achieved by virtue of the larger cavitating area corresponding to a higher laser energy input. 

 

 

 

Figure 6-9.  In vitro thrombolysis test results. Microbubble concentration vs. percent mass loss.  
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Figure 6-10. In vitro thrombolysis test results. Input laser energy vs. percent mass loss.  

 

 

The obtained thrombolysis rate is much lower than the previously reported rate by using 

the histotripsy (100% lysis within a few minutes), since the used pressure output of LGFU was 

weaker than the previous study (PNP > 30 MPa with 1MHz operating frequency). Although 

the dissolved blood was observed in the draining outlet tube during the 30 min-tests, 

discernable volume or morphologic change was not observed. For longer treatment time (1 h-

treatment), the target clot showed clear difference of the volume and the structure as shown in 

Figure 6-11. It should be noted that the any thrombolytic agent was not used in this study, but 

the only MCA-mediated LGFU shock wave effect was investigated. Based on the previous 

study results, only small amount of t-PA (< 10 mg) can realize the 100% thrombolysis by 
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LGFU within a few minutes, since 10  times higher was achieved when a low dose of rt-PA 

(0.32 μg/ml) was used in conjunction with microbubble-mediated transcutaneous 

sonothrombolysis [32]. 

 

 

 

Figure 6-11. Blood clot sample before (top) and after (bottom) the microbubble-mediated 1h-

LGFU thrombolysis treatment (scale bar = 5 mm). The bubble concentration was 108 ml/min, 

and the input laser energy was 20 mJ.  
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6.4 Summary 

In this proof-of-concept in vitro study, it was demonstrated the efficacy of 

sonothrombolysis using a laser-generated-focused ultrasound transducer. With the tight 

cavitation zone, up to 1%/min lytic rate was achieved by microbubble-mediated 

sonothrombolysis. For discernable mass loss (>20% for 30 min treatment), microbubble-

mediated treatment was required. The sonothrombolysis mechanisms considered in this work 

are mechanical damage inside the clot and micropumping of red cell, in addition to potential 

for increased penetration of thrombolytic agents (recombinant tissue plasminogen activator, rt-

PA) into the clot. This approach may allow for reduction in the rt-PA dose required for 

effective lysis of large clot, which will reduce the risk of hemorrhagic complication associated 

with high dose rt-PA treatment. 
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7 CHAPTER 7 

CONCLUSION AND FUTURE WORK 

In this chapter, conclusion of this thesis is presented. With the topics of miniaturized 

ultrasound transducers for microbubble- and microgel- involved ultrasound imaging and 

therapies, the findings and opinions were summarized. In addition, future work with the 

relevant topics was described in this chapter.  

 

 

7.1 Conclusion 

The miniaturized ultrasound transducers were studied and developed for the acoustic 

excitation of microbubbles and microgels. Both diagnostic and therapeutic applications with 

the use of microbubbles were considered for novel ultrasound transducer development. One of 

the most crucial performance is high transmitting sensitivity. Beneficial behaviors of the 

microbubbles and microgels require relatively high amplitude acoustic excitation compared to 

the normal diagnostic ultrasound.  

 

7.1.1 Small-aperture dual-frequency transducer for acoustic angiography 

For nonlinear harmonic response of the microbubbles, it is important to have 

transmitting sensitivity that can reach the MI higher than 0.8 with the voltage input in the range 

of tens of volts. The considered applications are intravascular, intracavitary, and endoscopic 

applications, which are required that the transducers locate in the patient’s body via invasive 

approach. Although current electrical system can be well-prepared for the insulation for both 
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electricity and heat, it is recommended to apply low voltage input as possible. For higher 

transmitting sensitivity, high dielectric and high piezoelectric material is useful, such as PMN-

PT single crystal.  

In addition to the transmitting sensitivity, the piezoelectric material should have low-

coupling between thickness and lateral resonance modes. For the considered applications, 

small aperture and low frequency (1-5 MHz) should be realized simultaneously for the 

transmitter design. With the low-aspect ratio-shape, 1-3 composite is an optimal piezoelectric 

for transmitter due to its relatively large difference between thickness and lateral resonance 

frequencies and weak resonance property at lateral vibration.  

To achieve high resolution and high CTR, broad bandwidth is also required for both 

transmitter and receiver. The current results showed that the single cycle excitation is 

advantageous. Transmitting waves with minimum ringing can be realized by using high kt, low 

QM material, such as 1-3 composites. For receiver, broad frequency band is also advantageous 

to detect harmonic contents from oscillating bubbles. By considering these key design factors, 

PMN-PT single crystal-polymer 1-3 composite can be the optimal material for both transmitter 

and receiver. Increased electrical impedance due to the polymer materials’ very low dielectric 

constants can be compensated by high dielectric constants of PMN-PT single crystal. 

Moreover, owing to 1-3 composite structure, wideband and low aspect ratio can be realized 

easily.  
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7.1.2 Forward-looking, low frequency intravascular ultrasound transducer 

The feasibility of the intravascular sonothrombolysis by using the developed device 

was presented in this thesis. Focused, low frequency ultrasound beam can be obtained by using 

the focused lens. The suggested design is able to induce wideband shock waves and microjets 

at the confined insonation volume by destroying the injected microbubbles.  

The operating frequency and the aperture size can be optimized for more enhanced 

thrombolysis efficiency and safe treatment. Since the vessel wall damage was not tested in the 

present study, the insonation volume may be revised whereas the pressure output is maintained 

or improved. Increased operating frequency can be helpful to achieve more focused beam, and 

the different f-number lens can realize the sufficient pressure output with smaller aperture. 

Based on the study results, stacked-type, forward-looking, focused intravascular transducer 

design can be a promising design for various ultrasound-based therapies.  

 

7.1.3 LGFU transducer for thrombolysis and drug-delivery  

It was demonstrated that the LGFU shock waves can induce the cavitation of 

microbubbles and microgels. High frequency, short pulse combined with the microbubbles 

seems useful to induce the physical effect on fully retracted blood clots. For drug-delivery 

application, it was also demonstrated that the photoacoustic short pulse can realize 

spatiotemporal drug delivery using the nanoparticle-loaded microgels. 

Key feature is that LGFU shock wave can replace the high acoustic intensity ultrasound 

from conventional low frequency ultrasound transducers with high duty-cycle inputs. A 

sufficiently high amplitude of the shock wave can induce the single cavitation at the tight focal 
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spot without any concern of ultrasound-induced heating effects. Although the actual 

intravascular or intracavitary applications was not considered in this proof-of-concept study, a 

smaller plano-concave (<10mm) lens with the confined laser beam can be used to realize 

miniaturized LGFU transducers for spatially limited therapeutic applications.  

 

 

7.2 Future work 

Stacked-type dual-frequency transducer composed of different piezoelectric material 

will be developed for higher CTR and axial resolution. The current 1-3 composite transmitter 

and receiver showed promising feature of short pulse excitation and minimized mode coupling 

effects. Thus, the 1-3 composite design will be maintained, and PMN-PT single crystal can be 

used as an active pillar material for improved transmitting and receiving sensitivity. For 

different applications, aperture size, frequency combination, and excitation condition will be 

modified to develop the optimal stacked-type dual-frequency transducer for spatially limited 

acoustic angiography applications.  

For the intravascular thrombolysis task, optimal design of the intravascular forward-

looking ultrasound transducer will be investigated considering the pressure output and the 

beam shape. The suitable condition for the inertial cavitation at the controlled treatment 

volume can realized for fast and safe thrombolysis. The ultimate application is the thrombolytic 

agent-combined, catheter-directed UET. Thus, thrombolysis tests with the reduced amount of 

t-PA administration will be conducted.  
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The LGFU transducer will be designed for mounting on optical fibers. CNT coated 

optical fiber laser ultrasound transducer has been developed [222] and it showed promising 

pressure output (> 10 MPa) with the miniaturized design. Despite the interests on the optical 

fiber photoacoustic transducers, micro concave lenses have not been adopted for the optical 

fiber LGFU transducers. Thus, miniaturized optical-fiber LGFU transducers can be newly used 

for diverse intravascular ultrasound therapies. The sufficient high-frequency shock waves can 

be expected due to the efficient light delivery through the optical fibers and the highly-focused 

shock wave by the micro LGFU transducer.  
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APPENDICES 

Appendix A 

Piezoelectric ultrasound transducer modeling 

Ultrasound transducers can be theoretically modeled by using a couple of equivalent 

circuit methods. The Krimholtz, Leedom, Matthaei (KLM) circuit has been widely used in 

ultrasound transducer design process [163]. In this chapter, the 1 D-transducer modeling 

method using the KLM equivalent circuit is discussed. As briefly mentioned in Chapter 2, a 

simplified KLM model can be drawn as figure A-1. Electrical impedance as a function of 

frequency can be determined by using this circuit. If the acoustic load is considered at both 

front and back side of the transducer, acoustic performance, such as transmitting sensitivity 

and pulse-echo responses can be estimated. A schematic of the typical piezoelectric ultrasound 

transducer is presented in figure A-2. 

 

 

 

Figure A-1. KLM equivalent circuit [83].  
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The transformer turns ratio, : 1 is defined by (frequency-dependent turns ratio [223]) 
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Many previous works demonstrated that this KLM model can be used to estimate the 

time-domain pulse-echo responses as well as the frequency-domain spectra [104], [223].  

Typically, a transfer function was obtained in the Laplace transformed way. One example 

derivation can be briefly summarized below. A complete simplified scheme of the KLM model 

is illustrated in figure A-3 and the simplified scheme is shown in figure A-4 [223]. The basic 
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concept here is that the transducer is a set of transmission lines. The transfer matrix N (equation 

A-7) and the associated boundary conditions (equation A-8) can be expressed below. 
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By considering plane waves propagating along only the positive-direction, the 

boundary condition can be expressed as equation (A-9). For a cascaded system with subunits, 

overall transfer function transfer function can be determined as (A-10) by using the given 

boundary conditions and multiplying the matrices of the sub-units as shown in (A-11).  If the 

transformer turns ratio, 1:n and tuning inductance L are considered, the electrical matching 

network N1 can be expressed as  (A-12). A matrix for capacitance components is N2 (A-13), 

where C’=-C0/[(kT)2sinc(/and 0 is the resonance frequency. N3 is the matrix for the 

transformer (A-14). For the backside, matrices N4 and N5 can be derived as (A-15) and (A-16) 

[104], [223]. 
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Figure A-2. Schematic of a conventional piezoelectric transducer considering acoustic loads.  

 

 

 

Figure A-3. The complete transmission-line scheme of the KLM model. 
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The electromechanical transfer matrix Nem can be derived as (A-17). The resulting front 

acoustic transfer matrix Nf can be expressed as (A-18). The total matrix Nt is the equation (A-

19). The final transfer function for the transmission can be expressed as (A-20) whereas the 

round-trip (transmitting and receiving after perfect reflection) can be expressed as (A-21). With 

p=j, the obtained transfer function can be used for the estimation of time-domain wave form 

after multiplying excitation pulse spectrum and the inverse Fourier transform [104].
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Figure A-4. Simplified scheme of the KLM model. 
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A.2 The MATLAB code of KLM model 

 
clear 
close all 
clc 
% 
format long 
%-------------------------------------------------------------------

------- 
% This code is the KLM model code based on the journal article, 
% KLM model for lossy piezoelectric transducers, Ultrasonics, 2003 
% authored by Martha Castillo, Pedro Acevedo, and Eduardo Moreno. 
% The code was initially customized by Wenbin Huang in 2015. 
% The latest revision was completed by Jinwook Kim (Jul. 2017). 
%-------------------------------------------------------------------

------- 
% 
fontsize = 14; 
linewidth = 2; 
% 
Mat_Cu = [5790, 7890];  
Mat_AlE = [2700, 1600];  
Mat_AgE = [1900, 2710];  
Mat_Kap = [2770, 1130];  
Mat_PZT5H = [4560, 7500, 1730, 0.5]; % velocity, density, epsilon_s, 

kt 
Mat_Esolder = [1900, 2710]; 
Mat_AgEp = [1900, 3860]; 
Mat_PMNT = [4004, 8000, 3000, 0.505]; 
%% Piezoelectric drive part 
% 
vl = 4560;          % wave velocity of the piezo-material 
zt = 1.5e6;         % Terminal load, acoustic impedance of the 

medium 
% 
rho=7500;           % desnity of the piezo-material 
zc=vl*rho;          % acoustic impedance of the piezomaterial 
kt = 0.505;         % thickness-mode coupling factor 
% h33 = 15.8 / (830*8.85e-12); 
e0 = 8.85e-12; 
e33 = 15.8; epsilon_s = 1470 * e0; c33_d = 14.7e10; 
kt_cal = sqrt( e33^2/epsilon_s/c33_d ); 
% 
l = 370e-6; 
fa = vl/l/2; 
% 
fi = fa; % interested center frequency 
fh = 2*fi; 
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fl = 0.5*fi; 
fwn = 100; % frequency components number for display between 

0.5fa~1.5fa 
f0 = fi/fwn; % frequency interval 
fs = fi*20; % revised for padding in the next step 
pad = 2^nextpow2(fs/f0); % data number for DFT 
fs = f0*pad; 
Ts = 1/fs; 
T0 = 1/f0; 
Ti = 1/fi; 

  
fprintf('fi: % .1f MHz\nfs: % .1f MHz\nf0: % .3f MHz\n',fi/1e6, 

fs/1e6, f0/1e6) 

  
time_lim = [0 Ti*1e6*20]; 
freq_lim = [(fl/1e6) (fh/1e6)]; 
%% EXCITATION WAVE 

  
Et = [0:1:pad-1]*Ts; 
fdp = [0:1:pad-1]*f0; 
burst = 1; % Impulse 

  
if burst == 1 
    cycn  = 1; % cycles of the burst 
    Ev = sin(2*pi*fi*[[0:Ts:cycn*Ti] zeros(1,pad-1-

floor(cycn*Ti/Ts))]); % at the interestd frequency 
else 
    Tp = 1e-8; 
    pcycn = round(Tp/Ts); 
    Ev = [ones(1,pcycn) zeros(1,pad-pcycn)]; 
end 

  
Evk = fft(Ev); % fft of the excitation signal 

  
w = fdp*2*pi; 
f = w/2/pi; 
beta = w/vl; 
tc = l/2/vl; 

  
A = 4 * 1e-6; 
C0= epsilon_s * A / l ; 
Zt = zt*A; 
Zc = zc*A; 

  
% Frequency domain 
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p = j*w; 
fnum = length(w); 

  

  
%% MATCHING PART DEFINITION 
% Cu: 5790,7890; Polymide/Parylene: 2770,1130; Al2O3/epoxy: 

2700,1600;  
% Ag/epoxy: 1900,2710;  

  
nm = 2; % Matching layers number 1~3 

  
Zm = zeros(nm,1); 

  
if nm > 0 
    mat = Mat_Kap;  
    vl_m(1) = mat(1); 
    rho_m(1) = mat(2); 
    Zm(1) = vl_m(1) * rho_m(1); 
    lm(1) = vl_m(1)/fi; 
end 

  
if nm > 1 
    mat = Mat_AlE;  
    vl_m(2) = mat(1); 
    rho_m(2) = mat(2); 
    Zm(2) = vl_m(2) * rho_m(2); 
    lm(2) = vl_m(2)/fi; 
end 

  
if nm > 2 
    mat = Mat_Kap;  
    vl_m(3) = mat(1); 
    rho_m(3) = mat(2); 
    Zm(3) = vl_m(3) * rho_m(3); 
    lm(3) = vl_m(3)/fi; 
end 

  
tm = [20 70 15]*1e-6; % matching thickness 

  
Zm = Zm * A; 

  
%% BACKING PART DEFINITION 

  
nb = 1; % Backing layers number 1~3 
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bflag = 2; % Infinite thickness of backing (= 0), it acts as the 

medium, finite thickness (= 1), no backing (= 2) 
Zb = zeros(nb,1); 

  
if nb > 0 
    mat = Mat_AgEp;  
    vl_b(1) = mat(1); 
    rho_b(1) = mat(2); 
    Zb(1) = vl_b(1) * rho_b(1); 
    lb(1) = vl_b(1)/fi; 
end 

  
if nb > 1 
    mat = Mat_AlE;  
    vl_b(2) = mat(1); 
    rho_b(2) = mat(2); 
    Zb(2) = vl_b(2) * rho_b(2); 
    lb(2) = vl_b(2)/fi; 
end 

  
if nb > 2 
    mat = Mat_AlE;  
    vl_b(3) = mat(1); 
    rho_b(3) = mat(2); 
    Zb(3) = vl_b(3) * rho_b(3); 
    lb(3) = vl_b(3)/fi; 
end 

  
tb = [15, 350, 200]*1e-6; % backing thickness 

  
Zb = Zb * A; 
%% MATCHING MATRIX CALCULATION 

  
Nm = zeros(2,2,fnum,nm); 
taum = tm(1:nm)./vl_m(1:nm); 

  
for n = 1:nm 

     
    for k = 1:fnum 
        Nm(:,:,k,n) = [cosh(p(k)*taum(n)) -Zm(n)*sinh(p(k)*taum(n)); 

-1/Zm(n)*sinh(p(k)*taum(n)) cosh(p(k)*taum(n))]; 
    end 
end 

  
Nf = zeros(2,2,fnum); 
for k = 1:fnum 
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    Nc(:,:,k) = [cosh(p(k)*tc) -Zc*sinh(p(k)*tc); -

1/Zc*sinh(p(k)*tc) cosh(p(k)*tc)]; 
    Nf(:,:,k)  = Nc(:,:,k); 
    for n = 1:nm 
        Nf(:,:,k) = Nm(:,:,k,n)*Nf(:,:,k); 
    end 
end 

  

  
% Check the impedance 

  
N11f = Nf(1,1,:); 
N12f = Nf(1,2,:); 
N21f = Nf(2,1,:); 
N22f = Nf(2,2,:); 
Zf = (N22f*Zt-N12f)./(N11f-N21f*Zt); 
Zf = Zf(1,:); 

  

  
%% BACKING MATRIX CALCULATION 
Zl = zeros(nb, fnum); 
taub = tb(1:nb)./vl_b(1:nb); 

  

  
for n = nb:-1:1 

     
    if n == nb 
        if bflag == 1 % Finite thickness of backing layer 
            Zl(n,:) = 

Zb(n)*(Zb(n)*sinh(p*taub(n))+Zt*cosh(p*taub(n)))./(Zb(n)*cosh(p*taub

(n))+Zt*sinh(p*taub(n))); 
        else if bflag == 0 
                Zl(n,:) = Zb(n); 
            else 
                Zl(n,:) = Zt; 
            end 

             
        end 
    end 

     
    if n >= 2 
        Zl(n-1,:) = Zb(n-1)*(Zb(n-1)*sinh(p*taub(n-

1))+Zl(n,:).*cosh(p*taub(n-1)))./(Zb(n-1)*cosh(p*taub(n-

1))+Zl(n,:).*sinh(p*taub(n-1))); 
    else 
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        ZL = 

Zc*(Zc*sinh(p*tc)+Zl(n,:).*cosh(p*tc))./(Zc*cosh(p*tc)+Zl(n,:).*sinh

(p*tc)); 
    end 
end 

  
Nb = zeros(2,2,fnum); 
for k = 1:fnum 
    Nb(:,:,k) = [1 0; -1/ZL(k) 1]; 
end 

  

  
%% PIZEO PART MATRIX CALCULATION 

  
Cb = -C0/kt^2./sinc(f/fa); 
Chi = kt* sqrt(1/2/fa/C0/Zc)*sinc(f/2/fa); 
tns = 1; % Turns of the transformer 
Ls = 0; % Serial inductance 
N1 = zeros(2,2,fnum); 
N2 = zeros(2,2,fnum); 
N3 = zeros(2,2,fnum); 
Ne = zeros(2,2,fnum); 

  
ZE = zeros(1,fnum); 

  
for k = 1:fnum 

     
    N1(:,:,k) = [tns -p(k)*Ls/tns; 0 1/tns]; 
    N2(:,:,k) = [1 -(C0 + Cb(k))./(p(k).*C0.*Cb(k)); 0 1]; 
    N3(:,:,k) = [1/Chi(k) 0; 0 Chi(k)]; 
    Ne(:,:,k) = N3(:,:,k)*N2(:,:,k)*N1(:,:,k); 
    Nt(:,:,k) = Nf(:,:,k)*Nb(:,:,k)*Ne(:,:,k); 

     
    N11 = Nt(1,1,k); 
    N12 = Nt(1,2,k); 
    N21 = Nt(2,1,k); 
    N22 = Nt(2,2,k); 
    ZE(k) = (N22*Zt-N12)/(N11-N21*Zt); 

     
    Ht(k) = 2*Zt/(-ZE(k)*Zt*N21 + ZE(k)*N11 - N12 + Zt*N22); 
    Hr(k) = 4*ZE(k)*Zt/(ZE(k)*Zt*N21 - ZE(k)*N11 + N12 -Zt*N22)^2; 

     
end 

  
%% FOURIER TRANSFORMATION 
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Trank = Evk.*Ht; 
Tran = ifft(Trank); 
Echok = Evk.*Hr; 
Echo = ifft(Echok); 

  
Echok_db =  20*log10(abs(Echok)/max(abs(Echok))); 
fspane_6 = f(find(Echok_db > -6)); 
fce_6 = (max(fspane_6)+min(fspane_6))/2; 
bwe_6 = (max(fspane_6)-min(fspane_6))/fce_6*100; 

  
Trank_db =  20*log10(abs(Trank)/max(abs(Trank))); 
fspant_6 = f(find(Trank_db > -6)); 
fct_6 = (max(fspant_6)+min(fspant_6))/2; 
bwt_6 = (max(fspant_6)-min(fspant_6))/fct_6*100; 

  
figure('paperposition',[0 0 6.5 4]) 
axes('position',[.15,.16,.72,.72]) 
[h,H1,H2]=plotyy(Et*1e6,imag(Echo)*1e3,f/1e6,Echok_db); 
%   

yscale(h,Et*1e6,imag(Echo)*1e3,f/1e6,20*log10(abs(Echok)/max(abs(Ech

ok)))); 
set(H1,'linewidth',linewidth); 
set(H2,'linewidth',linewidth); 
set(h(1),'xlim',time_lim,'fontsize',fontsize); 
set(h(2),'XAxisLocation','top','XColor',[0 .5 

0],'xlim',freq_lim,'fontsize',fontsize); 
set(h(2),'ylim',[-25 5],'ytick',[-20:10:0]) 
ylabel(h(1),'Echo (mV)','fontsize',fontsize) 
xlabel(h(1),'Time (\mus)','fontsize',fontsize) 
ylabel(h(2),'Amplitude (dB)','fontsize',fontsize) 
xlabel(h(2),'Frequency (MHz)','fontsize',fontsize) 
ht = text(max(time_lim)/2, max(imag(Echo))*1e3, ... 
    ['-6 dB bandwidth: ', num2str(bwe_6,'%.1f'), ' %',char(10), 

'Center frequency: ', num2str(fce_6/1e6,'%.1f'), ' MHz']); 
set(ht, 'fontsize',fontsize-2,'color','b') 

  
fprintf('Center frequency: %.1f\n-6 dB bandwidth: %.1f\n',fce_6/1e6, 

bwe_6) 

  
figure('paperposition',[0 0 6.5 4]) 
axes('position',[.15,.16,.72,.72]) 
[h,H1,H2]=plotyy(Et*1e6,imag(Tran)/A/1e3,f/1e6,Trank_db); 
%   

yscale(h,Et*1e6,imag(Echo)*1e3,f/1e6,20*log10(abs(Echok)/max(abs(Ech

ok)))); 
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set(H1,'linewidth',linewidth); 
set(H2,'linewidth',linewidth); 
set(h(1),'xlim',time_lim,'fontsize',fontsize); 
set(h(2),'XAxisLocation','top','XColor',[0 .5 

0],'xlim',freq_lim,'fontsize',fontsize); 
set(h(2),'ylim',[-25 5],'ytick',[-20:10:0]) 
ylabel(h(1),'Transmission (kPa)','fontsize',fontsize) 
xlabel(h(1),'Time (\mus)','fontsize',fontsize) 
ylabel(h(2),'Amplitude (dB)','fontsize',fontsize) 
xlabel(h(2),'Frequency (MHz)','fontsize',fontsize) 
ht = text(max(time_lim)/2, max(imag(Tran))/A/1e3, ... 
    ['-6 dB bandwidth: ', num2str(bwt_6,'%.1f'), ' %', 

char(10),'Center frequency: ', num2str(fct_6/1e6,'%.1f'), ' MHz']); 
set(ht, 'fontsize',fontsize-2,'color','b') 

  

  
%% IMPEDANCE DISPLAY 

  
fontsize = 14; 

  
figure('paperposition',[0 0 6.5 4]) 
axes('position',[.15,.16,.72,.76]) 
[h,H1,H2]=plotyy(f/1e6, abs(ZE), f/1e6, angle(ZE)*180/pi); 
set(h(1),'fontsize',fontsize); 
set(h(2),'fontsize',fontsize); 
set(H1,'linewidth',2.5); 
set(H2,'linewidth',2.5); 
xlabel(h(1),'Frequency (MHz)') 
ylabel(h(1),'Impedance (\Omega)') 
ylabel(h(2),'Phase (degree)') 
axis(h(1),[freq_lim 0 600]) 
% axis(h(1),[(fl/1e6) (fh/1e6) 0 60]) 
set(h(1),'YTick', [0:100:600]); 
axis(h(2),[freq_lim -90 90]) 
set(h(2),'YTick', [-90:30:90]); 
% axis(h(1),[min(f/1e6) max(f/1e6) 0 60]) 
% set(h(1),'YTick', [0:10:60]); 
% axis(h(2),[min(f/1e6) max(f/1e6) -90 90]) 
% set(h(2),'YTick', [-90:30:90]); 

  
f_lim = f(find(f < max(freq_lim*1e6) & f > min(freq_lim*1e6))); 
ZE_lim = ZE(find(f < max(freq_lim*1e6) & f > min(freq_lim*1e6)));  
fprintf('Zm: %.1f ohm\nZn: %.1f ohm\nPhase_max: %.1f 

degree\n',max(abs(ZE_lim)),min(abs(ZE_lim)),max(angle(ZE_lim))); 
%% CALCULATION OF THE OUTPUT EFFICIENCY 
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Rtr = 50; 
R = real(ZE); 
Po = 2*Rtr*R./(abs(Rtr+ZE)).^2; 
Po = 20*log10(Po); 

  
figure('paperposition',[0 0 6.5 4]) 
axes('position',[.15,.16,.72,.76]) 
h(6) = plot(f/1e6, Po, 'linewidth', linewidth); 
g(6) = gca; 
set(g(6),'fontsize',fontsize); 
xlabel('Frequency (MHz)'); 
ylabel('Output power (dB)'); 
title('Output power'); 
xlim(freq_lim) 

  
figure(2) 
print('-dpng','transmission pressure M-Kap and Kap'); 
% figure(3) 
% print('-dpng','Pulse echo response'); 
% figure(5) 
% print('-dpng','Impedance'); 
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Appendix B 

1-3 piezoelectric composite material properties 

This chapter include the detail explanation of 1-3 piezoelectric composite materials, 

since 1-3 piezoelectric composite has shown advantageous for the active material of 

miniaturized ultrasound transducers with spatial design limitations. Low profile active layer 

can be designed by using composite material instead of bulk piezoelectric ceramics or crystals. 

Owing to the wide band (short pulse) properties, heavy thick backing is not required for 

acceptable -6 dB fractional bandwidth (FBW), e.g. FBW>60%.  

The piezocomposite was developed about 40 years ago highlighting its high 

electromechanical coupling factor (> 0.7) and low acoustic impedance (> 20 MRayl) [224], 

[225]. For using 1-3 composite in various sensor, actuator, and transducer fields, it is important 

to identify the material parameter of the 1-3 piezoelectric composites. Theoretically, effective 

material constants only related to conventional resonance modes, such as thickness extensional 

mode, were partially derived by the effective medium approach [226], [227]. To obtain full 

material constants including elastic, piezoelectric, and dielectric constants, finite element 

resonator measurement technique has been used [126], [162], [228], [229]. Elastic compliance 

constants, piezoelectric strain constants, and dielectric constants with constant strain can be 

expressed as below matrix equations. The upper bar denotes the homogenized effective 

material properties. The superscript C and P denote ceramic phase and polymer phase, 

respectively. ν is the volume fraction of the piezoelectric material. The typical volume fraction 

is in the range of 60-70% due to the highest electromechanical coupling factor. 
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The equations (B-1) to (B-3) comprise a set of piezoelectric material parameters, d-

system as an example. The material constant matrices with different forms of piezoelectric 

constants, such as e, g, and h, can be simply determined by the matrix conversion as shown 

below.  
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With the assumption that the 1-3 composite is considered as a homogeneous effective 

single-phase material due to the very fine pitch of the piezoelectric pillars in terms of the wave 

length, thickness mode oscillation can be modeled [226]. By considering boundary conditions 

of thickness mode resonator, the homogenized material properties can be derived by using 

piezoelectric constitutive relations [230], [231]. Resulting equations for effective material 

constants can be summarized as below, where v is the volume fraction of the piezoelectric 

material [226]. 
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In this resonator activity, the shear-terms are not associated due to the boundary 

conditions. Thus, shear wave-associated terms, such as c44, e15, or c66, are required to be derived 

by other approach. The derived material constants for thickness resonance can be utilized for 

easily estimating the coupling factor, acoustic impedance, and wave velocity as shown in 

equations (B-13) to (B-15). 
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In addition to the theoretical works including homogenization approaches and effective 

medium approaches, 1-3 piezoelectric composites have been numerically studied through the 

FEA [232]. The prerequisite for the determination of full material constant of 1-3 composites 

by this approach is that the FEA should enable accurate simulation of resonance characteristics 
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with resonance and anti-resonance frequencies. The thickness resonance mode, PZT-5H/epoxy 

1-3 composite sample (~2 MHz, 4 mm × 2.5 mm area, thickness of 720 µm, PZT-5H volume 

fraction of 65%, pitch size of 431 µm, polymer width of 84 µm) was modeled by FEA and the 

impedance spectra were measured to compare the resonance, anti-resonance frequencies, 

impedance amplitude, and impedance phase angles. Figure B-1 shows that the FEA enables 

the precise simulation of the resonances of the 1-3 piezoelectric composites.  

 

 

 

Figure B-1. Comparison of FEA and measurement results for the thickness-extensional 1-3 

composite resonator (PZT-5H volume fraction of 60%). (A) Impedance amplitude spectra, (B) 

Impedance phase spectra.  

 

 

Various resonance modes are analyzed in the resonator measurement technique. 

Individual resonator models were named after their isolated resonant modes: length extensional 
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(LE), thickness extensional (TE), length-thickness extensional (LTE) and thickness shear (TS) 

model (Figure B-2). The dimensions of each model fully satisfied the conditions in the IEEE 

piezoelectric standard to isolate the particular resonance mode, e.g. length > 5×width for LE 

resonator [233]. The mode-associated material parameters are determined by using the 1-

dminesionally derived equations considering the boundary conditions, e.g. resonance and anti-

resonance frequencies of LE resonator result in the coupling factor, and elastic compliances as 

shown below. 

 

LE model: 

)
2

tan(
2

2

33

a

ra

a

r

f

ff

f

f
k






 

2
33 )2(/1 a

D

lfs 
 

   
)1/(

2

333333 kss
DE


 

 

 

Similarly, resonance characteristics of other resonators provide relevant material 

properties each resonance modes. The associated material properties for remaining resonators, 

TE, LTE, and TS, are summarized below. To derive the entire material constants, 45°-cut 

models are also required as shown in Figure B-3. By using these models and stiffness-

compliance relation for the 4 mm crystal group, full elastic stiffness, s matrix can be derived. 
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After calculating capacitance along 1 and 3 directions, the thee effective piezoelectric d-

constants can be derived as summarized below.  
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Figure B-2. FEA models of 1-3 piezoelectric composites for the resonator method: LE, TE, 

LTE, and TS resonators. The poling direction is along the z-axis. The electric field direction 

is along the z-axis, except the TS resonator with the poling along the x-axis. 
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Figure B-3. XYt45° and ZXt45° crystal cut models. 
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Dielectric and piezoelectric material properties derivation: 

3,2,1
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Appendix c 

Laser ultrasound transducer modeling 

In this chapter, the theoretical modeling of the planar LGFU transducer is presented. 

The assumption is that the carbon-material and PDMS has a layered structure (Figure D-1). 

This derivation procedure contains  my previously published work considering candle-soot 

nanoparticles as a laser-absorption layer [113]. Carbon-based light absorption material and 

elastomer material for thermal expansion can have a thermo-acoustic relation. The diffusion 

equation of thermal waves in the linear, non-viscous domain is  

 

i
i

i

i
ii S

t

T
T 








 2

    (C-1) 

 

where T, t, and S denote temperature, time, and arbitrary thermal source, respectively. κ is 

thermal conductivity, and α is thermal diffusivity [113], [205]. Subscript i means number of 

each layer, 1, 2, and 3 in Figure D-1. The number of layer 1, 2, and 3 was used to define the 

layer of the pure PDMS, carbon-based material/PDMS composite, and backing substrate. A 

typical backing substrate is glass owing to its optical transparency. Since the thermal diffusion 

during the photoacoustic wave generation by a 5-10 ns pulse can be negligible, the diffusion 

equation can be expressed as (C-2), where Cp and ρ denote thermal capacity (=κi/ρiαi) and 

density of the medium, respectively.  
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Figure c-1. Schematic of the carbon-based laser ultrasound transducer. 

 

 

Thermal-acoustical coupled relation in the layered structure can be expressed as (C-3), 

where P, βT, and c denote pressure, thermal volume expansion, and wave speed, respectively. 

Using the approximated thermal diffusion equation (C-2), the thermal-acoustical equation (C-

3) can be expressed as (C-4).  
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When the laser with a sinusoidal intensity is absorbed by the carbon material-PDMS 

layer, light is converted into thermal energy. In this condition, the thermal source carbon-based 

material/PDMS composite can be expressed as 

 

tjxeeIS   02
     (C-5) 

 

where β is the light absorption coefficient, I0 is the intensity of the incident light, ω is the 

angular frequency, and x is the coordinate. For the time-dependent harmonic responses, the 

pressure is j t

i iP Pe  , and the acoustic wave equation becomes 
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where i ik j c , 
2 0

xS I e    and 1 3 0S S  . The acoustic wave generated in the composite 

layer (carbon material + PDMS) propagates into the glass and pure PDMS layer in reverse 
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directions. The reflected waves in these two layers can be neglected, due to the large thickness 

of the glass substrate and water. The pressure amplitude in each layer can be expressed as 

equations (C-7) and (C-8), where D1, D21, D22 and D3 are constants to be determined by the 

boundary conditions [113].  
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The boundary conditions for the pressure at the interfaces (medium 1-2 and 2-3) and 

the continuity condition for particle velocity with the pressure-velocity relation as 

 1/ /ii iv j d P dx   are shown in equation (C-9) and (C10), respectively [113].  
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With these boundary and continuity conditions, a resulting set of equations for the 

undetermined constants is 
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Since the acoustic medium of interest is water where the actual pressure output is 

expected, only D1 can be solved for the axial direction x as shown in the equation (C-13). 
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Using the determined constant above, the pressure amplitude at water medium can be 

expressed equation (C-14). The Gaussian laser pulse waveform can be expressed as (C-15), 

where t0 is chosen to be 50 ns for plotting wave forms, σ is 3.6 ns for the 6 ns laser pulse 

width, and the pulse amplitude is 0 0 /I E   [113]. 
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