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Abstract 

Ultrasound is becoming an increasingly preferable tracking and imaging modality in the 

interventional surgeries due to its low cost, safety, mobility and ease-of-use. Besides the merits, 

there are also challenges to use ultrasound in many applications. To address these challenges, I 

have developed a collection of novel technologies, and validated them with prototype systems 

under ex vivo or in vivo conditions. 

In this thesis, I introduce multiple technologies integrating active ultrasound components with 

interventional devices. To goal is to improve the performance of ultrasound guided 

interventional systems, break the limitations of the ultrasound guidance capability, and integrate 

ultrasound into more interventional areas. These technologies can be categorized into three 

themes: (1) accurate and effective interventional tool tracking and imaging using ultrasound 

systems, (2) accurate and automatic calibration between ultrasound and other systems, and (3) 

improving the interventional tool imaging and tracking capability by combining ultrasound with 

optical systems. 

My main contribution to the first theme is inventing the active ultrasound pattern injection 

system (AUSPIS) for interventional tool tracking and imaging applications. AUSPIS is the first 

system that establishes a bi-directional ultrasound communication between the catheter and 

probe. This enables multiple methods to perform highly accurate tool guidance with near-mid-

plane configurations. I also studied the working and fail conditions of the AUSPIS with lab 

bench experiments, integrated it with multiple interventional tools, and validated the clinical 

environment performance by multiple ex vivo and in vivo experiments. 
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With respect to the second theme, I invented the first active phantom ultrasound calibration 

system, which is capable to localize the ultrasound mid-plane with a higher accuracy, thus 

improve the calibration accuracy. More importantly, it enabled the automatic-segmentation 

method, thus made the entire calibration process user-independent and image-quality 

independent, and the fully automatic calibration becomes possible. Based on this system, I also 

developed the solutions to tracking a tool far away from the ultrasound image plane. All these 

methods are demonstrated with a series of lab bench experiments. 

In the third theme, my main contribution is designing and building the photoacoustic 

experimental platform, integrating the system with multiple interventional devices, developing 

the all-optical AUSPIS system, and investigating the several signal acquisition methods to 

improve the photoacoustic system performance. 
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1. Motivation and Prior Art 

1.1 Clinical Motivations 

Interventional radiology can be defined as the clinical treatment that utilizes image guided 

minimally invasive surgical tools and methods to perform diagnostic or treatment operations on 

patients. Since the first modern catheterization procedure was performed by Charles Dotter, MD 

in 1964 [1], interventional radiology has developed for over 50 years. During this time, 

interventional medical procedures, such as catheterization, biopsy, nonsurgical ablation, 

embolization therapy, and laparoscopic surgery, developed rapidly and have become 

indispensable techniques in a large variety of medical sub-specialties. Most of these procedures 

use catheter, needle, or other tube-like insertion tools, which requires the smallest opening size, 

so in most cases, the patient loses less blood and has less post-operative pain, fewer and smaller 

scars, a faster recovery and a short or no hospital stay. The risk to the patient is minimized, and 

the health outcome is improved. 

Radiology, which refers to the imaging modalities, is an essential component in the procedure. In 

the past decades, the development of interventional radiology has greatly benefited from the 

rapid improvement of imaging techniques. In literature, researchers show that in many 

applications the intervention outcome can be greatly improved if an effective tool tracking 

method is introduced. Because in interventional medical procedures the patient's incision size is 

minimized, doctors have to rely on imaging techniques to see through the tissue and guide the 

tool to perform the appropriate operation. No matter what modality is used, essentially there are 
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two basic requirements of the imaging technique: the ability to find the tool, and the ability to see 

the region of interest (ROI).  

In this work, we focus explicitly on the ultrasound modality, trying to provide solutions 

addressing these two basic requirements. The goal of our work is to minimize the limitations of 

ultrasound in interventional medical procedures and develop systems and methods that are not 

only novel for academic research, but also practical in real world applications. 

 

1.2 Imaging Modalities in the Interventional Medical Procedures 

Various medical imaging modalities are used in interventional procedures. The most commonly 

used modalities include fluoroscopy, computed tomography (CT), magnetic resonance imaging 

(MRI), and ultrasound (US) [2]. In X-ray based imaging modalities, fluoroscopy only requires 

commonly available low cost X-ray equipment, and is capable of providing high resolution 

geometrically accurate 2D images for guidance. Furthermore, CT is capable of providing nearly 

real-time 3D images with sub-millimeter accuracy, and the field of view (FOV) can be large 

enough to cover the entire human body. Both are commonly used in virtually every kind of 

interventional procedure. The major disadvantage is that the ionizing X-ray radiation is harmful 

to patients and interventional radiologists. Because the radiological images are used as a 

feedback and guidance during the interventional procedure, image acquisition needs to be 

performed multiple times, sometimes in real-time. As a result, the overall radiation dose for the 

patient and the medical personnel can be significant. In some cases, like obstetrics and 

gynecology (OB/GYN), the use of X-ray based imaging is highly restricted to prevent radiation 
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damage. Compared to fluoroscopy and CT, MRI is commonly considered to be a safe imaging 

modality, although there is also recent research suggesting that MRI has the potential risk of 

genetic damage [3]. It also provides superior tissue contrast and functional region contrast. The 

major disadvantages include high equipment cost, slow imaging speed, and the requirement of 

specialized laboratories and compatible instruments. 

 

1.3 Challenges of Ultrasound in Intervention Radiology 

Compared to fluoroscopy, CT and MRI, ultrasound shows many advantages in interventional 

radiology applications. Ultrasound is a non-ionizing radiation and has been used in medical 

imaging for more than 70 years. It is well proven to be a safe modality as long as the energy is 

below the FDA limit. The typical refresh rate of a 2D ultrasound image is tens to a hundred hertz, 

and for 3D volume, it is a few hertz. So it is capable to provide the operator a low-latency real-

time image feedback, which is especially important in the image guided procedures. Ultrasound 

systems also have the merit of low cost, wide availability, high mobility, and ease-of-use. With 

the equipment price of a small fraction of a CT and MRI system, ultrasound machines are 

generally available in almost every hospital around the world. They are compact and can be 

easily moved by one person. Some models are designed to be portable or even pocket size.  

Due to all these merits, ultrasound is commonly integrated as the imaging system in many 

interventional procedures. However, unlike modern MRI or CT systems which are capable of 

imaging the entire 3D volume in a semi or fully automatic way, and producing relatively high 

quality images, ultrasound modality only captures data in a small area, usually in 2D with low 
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image quality.  As a result, ultrasound imaging systems cannot provide effective tracking and 

guidance in many clinical applications. Ultrasound imaging also has more human factors 

involved. Although we mentioned previously that ultrasound system have the merit of ease of 

use, acquiring high quality ultrasound image and performing interventional procedures based on 

it can be a very challenging task, sometimes only able to be performed by highly experienced 

radiologists. 

1.3.1 Challenges in Tool Tracking 

In tool tracking applications, conventional ultrasound techniques suffer from the following issues 

[4]: 

a) Low visualization of interventional tools. Many interventional tools are not shown clearly in 

ultrasound images; some are completely invisible. Conventional brightness mode (B-mode) 

imaging is based on pulse and echo method. The echo signal strength determines object 

visualization. Different from biological tissue, in which ultrasound echo is mainly generated by 

scattering, needles and catheters are made of homogeneous materials with smooth surfaces. The 

echo mainly comes from the reflection, which is highly oriented. As a result, the tool is visible in 

the ultrasound image only when the reflection is oriented to the probe. However, this condition 

cannot be satisfied in most clinical conditions, as the needle is always inserted with an angle 

respected to the probe lateral direction. Visualization can also be affected by the tool material 

and size. Catheters with low acoustic impedance mismatching and small diameter are especially 

difficult to localize in ultrasound images. Last but not least, tool visualization is affected by 

surrounding tissue characteristics. Even if the tool reflects sufficient echo signal to the probe, in 
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clinic radiologists always face the challenge of identifying the interventional tool from the 

surrounding tissue patterns, as shown in figure 1-1. 

 

Fig 1-1. A B-mode image of needle insertion in the in vivo liver tissue. A catheter 

perpendicular to the ultrasound image plane is inserted into the tissue. The red circle 

marks the true catheter location. Under clinical conditions, it is difficult to differentiate 

it from the surrounding textures. 

 

b) Lack of off-plane detection capability. From the most commonly used 2D ultrasound images, 

radiologist cannot determine the interventional tool trajectory before the tool intersects the image 

plane. The lack of the off-plane detection capability greatly increases the difficulty of tool 

guidance. Theoretically, 3D ultrasound imaging can localize the catheter in a 3D space. However, 

given the low quality of ultrasound images, the practical effectiveness is limited by the 

registration and volume display problem. 

c) The large image plane thickness. A B-mode image is formed by sending and receiving a series 

of ultrasound beams along the probe lateral direction. Although it displays as a 2D image, the 

thickness of each resolution cell along the elevational direction is equal to the ultrasound beam 

width. So the ultrasound image plane has a thickness of a few millimeters to over a centimeter, 
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depending on probe type and depth. As a result, any reflected signal within this thickness will be 

shown in the image. The object shown on the B-mode image has a localization uncertainty of a 

few millimeters to over a centimeter along the elevational direction. In conventional ultrasound 

guided interventions, radiologists can only ignore the error and assume that everything is on the 

mid-plane, which is the geometric plane defined by the central lines of the ultrasound beams. 

However, such an error can be too large for applications with small needles and target. 

d) The difficulty of tip identification with curved tools. In conventional ultrasound guided 

interventional procedures, radiologists usually prefer the in-plane configuration, in which the 

needle trajectory line overlaps the ultrasound image plane. The needle is shown as a line in the 

image, and the tip position can be identified as the line end. This method becomes less practical 

in the case of soft catheters, which do not have a straight trajectory in the patient body. 

 

Fig 1-2. An interventional HIFU ablation catheter and its B-mode image. a) The 

catheter has two cylindrical piezoelectric transducers, labeled as E1 and E2 in the 

image. The white plastic tube is the sheath. b) A water tank image of the catheter with 

sheath. It is difficult to identify the two ablation transducers. 
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e) Lack of tool component identification capability. Some interventional tools have functional 

components integrated at different locations on the tool. For example, the interventional high 

intensity focused ultrasound (HIFU) ablation catheter as multiple ablation element, as shown in 

figure 1-2. It is desired to localize each component in the ultrasound image. But the insufficient 

image quality makes it a challenge in many cases. 

1.3.2 Challenges in Imaging 

In the imaging function, conventional ultrasound techniques have the following challenges: 

a) Limited penetration depth. In human soft tissue, the attenuation coefficient is about 0.5-1.5 dB 

cm-1MHz-1. A typical medical ultrasound probe works at 2-20MHz, the effective penetration 

depth is usually a few centimeters. If bone is present in the ultrasound beam path, the depth will 

decrease dramatically. Low frequency probe has a higher penetration depth, but lower image 

resolution, thus a lower small catheter detection capability. The image resolution also drops 

significantly at larger depths due to ultrasound beam divergence.  

b) Limited material identification capability. In applications like tumor ablation, biopsy, and 

brachytherapy, differentiating the target from the surrounding tissue is crucial. From ultrasound 

images, the material is mainly differentiated by the boundary reflection signal and the scattering 

patterns. If the target does not have a clear boundary, like the ablated tissue, or has similar 

scattering pattern as the surrounding tissue, like the brachytherapy seeds, the target identification 

can be very challenging. 
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1.3.3 Challenges in Calibration 

Today, more and more medical procedures require the integration of different imaging, tracking, 

robotic, any other systems to perform more complex and advanced operations. Calibration is an 

inevitable procedure in the multi-system integration. When an ultrasound system is involved, 

calibrating it with other tracking systems frequently limited by several factors [5]: 

a) The elevational localization error. As discussed previously, ultrasound image has an inherent 

uncertainty of a few millimeter to more than a centimeter along the elevational direction. Many 

conventional calibration methods require the ultrasound image plane to intersect a geometric 

point, like a crosswire point. Although an experienced operator can reduce the elevational error 

by using the B-mode video, it is still a highly unreliable and user-dependent process. 

b) The manual registration error. Most conventional calibration methods rely on image 

registration performed by human or software to localize a feature in the B-mode image. Given 

the typical quality of ultrasound images, this process can be very inaccurate and greatly affected 

by the user's subjective judgment. 

c) Low speed and manual operation. Most conventional calibration methods require image 

acquisition at multiple angles and positions. As discussed previously, to guide the ultrasound 

probe to these positions, and to register the features in the images, both require manual human 

operation. As a result, calibration becomes a slow manual process, greatly limiting efficiency in 

many applications. 
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1.4 State of Art Technologies in Ultrasound-Guided Interventions 

Ultrasonography is a technology that can be traced back to the 19th century, and its first 

application in medical imaging field was made in 1940s. However, after over 70 years, this old 

technology is still developing rapidly like other newly invented imaging modalities. In the 

intervention radiology field, various technologies and innovations have been integrated with 

ultrasonography, making it one of the most effective and frequently used tools in interventional 

procedures. 

In recent years, several approaches have been proposed to enable tool visualization and pose 

recovery, including beam steering, optical tracking, electromagnetic (EM) tracking, and 

passive/active ultrasound markers [6-13].  

a) The beam steering method has been developed and validated by several research groups and is 

currently integrated into a commercial ultrasound scanner from SonoSite, Inc. The basic 

principle is to steer the imaging beam directions to get the optimized reflection from the catheter. 

It has been proven effective when the catheter is in-plane of the US image. In cases where 

catheters simply intersect the imaging plane with a large angle, this method is not effective.  

b) In the optical tracking approach, an optical marker is attached at the end of the tool and uses a 

stereo camera to capture the 3D position of the marker. This approach has several limitations, 

including high cost, calibration complexity, intrusive setup, needle bending error, and the need 

for clear line-of-sight from the camera to the tool.  

c) Electro Magnetic (EM) tracking approach was recently introduced and integrated into several 

commercial ultrasound scanners (GE LOGIQ E9, Ultrasonix GPS, etc.). In this approach, an EM 
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field is generated by an EM emitter; EM sensors are implanted in both the catheter and the 

imaging probe. The relative pose of the catheter is estimated and injected as a graphic overlay to 

the B-mode image. The EM tracking quickly became a commercialized technology due to its 

merits of excellence in off-plane detection capability. However, several disadvantages limit its 

applications to all interventions: overall navigation accuracy can easily be worse than 2~3mm; it 

requires specially designed imaging equipment; and any ferromagnetic object in the operation 

region may affect system accuracy. Another approach with a similar concept is to use ultrasound 

sensors instead of EM sensors. Several research groups have demonstrated the system in which 

an ultrasound receiver is attached to a catheter. The catheter localization is retrieved by 

measuring the timing of the ultrasound pulses from the imaging probe. This method requires 

specialized US system and image processing software; thus its application is limited. 

d) Other than detecting the tool spatial location, some researchers focus on the visualization 

enhancement of the catheter in B-mode images. One approach is to improve image quality by 

using passive ultrasound markers. In this method, ultrasound markers, sometimes in the form of 

scattering coatings, are integrated into the tool to improve echo amplitude. The major issue with 

this approach is that the visualization enhancement by scattering coating is limited; with markers, 

they are usually too bulky for small catheters.  

e) On the other hand, active ultrasound marker approach has also been proposed. F. Simonetti 

introduced the concept of using biopsy needles as ultrasound waveguide [14]. An ultrasound 

wave is injected from the end of the needle. It travels along the needle and leaks into the tissue, 

and is picked up by an external imaging probe working in passive mode. The limitation of this 

method is that the phase, waveform, timing and leaking position of the guided beam cannot be 
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well controlled; It requires the ultrasound system to stop normal operation and work in passive 

mode, which is not a direct visualization enhancement. Its performance relies heavily on the 

mechanical property of the needle and cannot be generally applied to any surgery tools.  

f) B. Breyer and I. Cikes reported an active ultrasound marker system that fires an ultrasound 

signal from the catheter, which shows a visible pattern in the B-mode image. The timing is 

acquired by receiving the imaging pulses from the ultrasound probe. This approach directly 

injects the marker in the B-mode image and does not require a specially designed imaging 

system. B. Breyer’s and I. Cikes’ work for the first time presented the active marker concept on 

the medical ultrasound imaging system. However, this method was not eventually used in clinics. 

Experiment results show that in the in-vivo B mode images, it is difficult to identify the active 

echo spot from the tissue texture. Even in the water tank environment, a simple receive and echo 

configuration does not provide enough feedback to the operator; the echo spot may show up 

within a large range of tool position, and the elevation localization accuracy is poor. 

 

1.5 Our Contributions 

There has been increasing interest and clinical demand to improve the performance of ultrasound 

systems in interventional procedures, to reduce the limitations of the ultrasound guidance 

capability, and to integrate ultrasound into more interventional areas. As discussed earlier in this 

chapter, state of the art solutions are focusing on the imaging performance improvement, or 

external tracking system integration. In this work, we explore from a different approach: 

integrating active ultrasound systems into the interventional tools. By doing so, a bi-directional 
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ultrasound connection is established between the imaging system and the tool. The tool is 

actively participating in the image process and forms a closed signal loop in the ultrasound 

domain. As a result, tracking and imaging in many interventional procedures can be simple, 

efficient and reliable. Furthermore, various new functionalities can be enabled. Based on this 

concept, we developed a collection of novel active ultrasound intervention technologies, and 

demonstrate those with prototype systems. Specifically, our contributions are in three areas: 

We invented the active ultrasound pattern injection system (AUSPIS) for interventional tool 

tracking and imaging applications. AUSPIS is the first system that establishing a bi-directional 

ultrasound communication between the catheter and probe, and is capable of injecting virtual 

pattern into B-mode images through an ultrasound field. It is a stand-alone equipment that 

theoretically can work with any ultrasound imaging system, providing highly accurate tool 

guidance with near-mid-plane configurations. We systematically studied the working and fail 

conditions of the AUSPIS with lab bench experiments, integrated it with multiple interventional 

tools, and validated the clinical environment performance by multiple ex vivo and in vivo 

experiments. We also explored the solutions of tool tracking on off-mid-plane conditions, and 

developed data acquisition methods for the off-plane tracking. This part will be detailed in 

chapters 2, 3 and 4. 

With respect to all the integrated active ultrasound tool tracking methods discussed in the 

chapters 1-4, we studied the methods to build more functional active interventional tools by 

combining light and ultrasound. We designed and built two photoacoustic experimental 

platforms based on both Q-switch laser and high power pulsed laser diodes. Using photoacoustic 

effect and interferometry method, we developed an all-optical AUSPIS system, and the fiber 
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giant-photoacoustic cell to improve ultrasound point source efficiency. We integrated the fiber 

photoacoustic system to brain-shunt catheters and prostate imaging catheters and tested them 

with ex vivo and in vivo experiments. We also studied the photoacoustic signal acquisition, 

developed the inversed beamforming and unsynchronized ultrasound point detection methods for 

photoacoustic integrated interventional tool tracking and imaging. This work will be detailed in 

chapter 5. 

With respect to the basic concept of integrated active ultrasound system, we invented the first 

active phantom ultrasound calibration method. Compared to the conventional ultrasound 

calibration method, the active phantom method is capable of localizing the ultrasound mid-plane 

with a higher accuracy, thus improving calibration accuracy. More importantly, it enabled the 

automatic-segmentation method, thereby making the entire calibration process user-independent 

and image-quality independent, and making possible the fully automatic calibration. The method 

details, validation experiments and results will be described in chapter 6. 
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2. AUSPIS: Tracking and Imaging in the  

Ultrasound Image Plane 

2.1 Introduction 

Accurate tool tracking is a crucial task that directly affects the safety and effectiveness of many 

interventional medical procedures. [15] Compared to CT and MRI, ultrasound-based tool 

tracking has many advantages, including low cost, safety, real-time feedback, mobility and ease 

of use, and is widely used in medical interventions like nonsurgical ablation, embolization 

therapy, laparoscopic surgery, etc. However, as discussed in Chapter 1, in many cases physicians 

have to choose more harmful, expensive and slow imaging modalities like CT or MRI instead of 

US, simply due to its drawbacks of low tool visualization, poor elevational localization accuracy, 

limited penetration depth, etc. 

As listed in Chapter 1, many approaches have been proposed to overcome the limitations in 

recent years. Basically, all approaches can be categorized into two strategies: improving the 

ultrasound imaging itself, or integrating a separate tracking modality into the ultrasound system. 

So far, the most representative and promising approaches in the first category include beam 

steering imaging, and in the second category include EM tracking and Optical tracking. We will 

describe these three methods in detail to explain their merits and drawbacks. 

The basic principle behind the beam steering method is to steer the transmission beam to reach 

an optimized reflection angle. [6] One of the major reasons for low interventional tool 

visualization is that the echo from the interventional tool comes from a reflection instead of a 
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scattering. So the echo beam is highly oriented and may not be received by the imaging probe. In 

the beam steering method, a linear ultrasound probe is used in a way similar as a phased array 

probe, as shown in figure 2-1. By controlling the transmission timing on each element, the probe 

is able to fire an ultrasound beam with a controllable angle in respect to the axial direction. The 

final image frame is reconstructed from multiple firing data with different steering angles. Since 

some of the angles may result in a stronger echo to the probe, the interventional tool will have a 

better chance to show up in the ultrasound image. Beam steering method has many advantages: 1, 

it is a direct visualization enhancement, so if it works, there is no change or interruption to the 

physician's conventional operation procedure. 2, it does not require a special interventional tool. 

Today, this technology is already available in a few clinical ultrasound scanners like the 

SonoSite Edge system. However, there are several inherent limitations when using this method 

in the interventional tool tracking application. 

 

Fig 2-1. Using the beam steering method to improve needle visualization. In this 

figure, three ultrasound beams are fired from the same group of elements; only beam 

#3 has an echo comes back to the US probe and results in a detectable signal. 
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Fig 2-2. Examples of beam steering failure conditions. 

 

1. Beam steering dose not reduce the error caused by the ultrasound image plane thickness. As 

discussed in chapter 1, the error caused by the beam width can be as large as a centimeter. In 

many applications, like the ultrasound guided biopsy, the target tumor diameter can be just a few 

millimeters. In this case, even if the ultrasound image shows an overlapping between the target 

and the tool, they might actually be millimeters away from each other along the elevation 

direction, as shown in figure 2-2c. This error may carry a high risk of a false negative result and 

cause the physician to have to perform repetitive biopsy. 

2. In the beam steering method, the catheter tip is localized by finding the end of catheter image. 

It is an indirect localization and may fail under many conditions. As shown in figure 1a, if the 

catheter is not perfectly in-plane, single image cannot confirm the tip position. The operator has 

to compare multiple images from different angles to find the tip. For bended soft catheters, since 

they will never be perfectly in-plane, tip localization will be even more difficult, as shown in 

figure 2-2b.  
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3. The tool visualization enhancement of the beam steering method is highly dependent on the 

ultrasound system and the interventional tools. For example, it is difficult to get a good beam 

steering image with curvy linear probes. As a matter of fact, even if the ultrasound system 

supports the beam steering function, the steering angle and visualization enhancement are highly 

dependent on the ultrasound probe type and the catheter insertion angle and depth.  

4. The beam-steering method constrains the image plane to intersect the catheter line, thus 

resulting in 4 degrees of freedom. In clinic, more DOFs mean fewer constraints on probe 

position and orientation. This is especially important in applications like cardiac catheterization, 

in which doctors have to image from the very limited imaging window to avoid the ribs. 

Unlike the beam steering method, electromagnetic (EM) tracking does not change the image 

acquisition of the ultrasound system. Instead, it is a separate system added to the tool tracking 

workflow. The main advantage of EM tracking is the ultrasound independent full-space tracking 

capability. [8] As long as both the probe and tools are inside the EM field, which typically covers 

the whole field of interest, the tool position and trajectory can be overlap displayed in the 

ultrasound image. This technology has also been integrated with clinical ultrasound system 

recently, like the GE LOGIQ E9, Ultrasonix GPS, etc. There are two major drawback of this 

technology: 

1. EM tracked ultrasound guidance has low point localization accuracy. Because it is an 

independent tracking system, the measurement results need to go through a coordinate 

transformation. The errors come from the ultrasound system, the calibration process, and the two 

EM trackers (one on the tool, and one on the probe) added up, can easily cause an overall error 
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of few millimeters. Furthermore, conductive objects, especially ferromagnetic objects close to 

the work area can cause a distortion of the EM field, thus further reducing localization accuracy. 

2. EM tracked ultrasound guidance requires highly specialized ultrasound equipment and 

modified interventional tools. It is difficult to deploy in hospitals with existing ultrasound 

equipment. 

Optical tracker is another type of independent tracking system that can be integrated with 

ultrasound [7]. It has similar problems as the EM tracking, except the magnetic interference issue. 

However, it requires a direct line of sight between the marker and the cameras, which makes it 

more difficult to use in the clinical environment. 

In this chapter we introduce a new technique called ultrasound active pattern injection, a further 

development of the active visualization enhancement approach. Unlike previous works, the tool 

visualization and localization is not simply achieved by introducing an ultrasound beam to the 

tissue or echoing the imaging pulses. The Active Ultrasound Pattern Injection System (AUSPIS) 

is composed of an interventional tool with one or multiple ultrasound elements (active echo 

element), ultrasound analog frontends, a signal processing system, and a pulser. The system 

receives the image beacon pulses, analyzes the acquired signal, and fires one or a series of active 

echo pulses from the same active echo element with a proper timing, frequency, duration and 

amplitude. [16-18] Thus, it enables us to inject any “virtual” pattern into the B-mode image. 

Unlike the image overlay technologies used in other tracking or image registrations, the pattern 

is injected into the B mode image from the actively encoded ultrasound field in the tissue. The 

encoding is based on the B-mode ultrasound image forming mechanism, so it doesn’t require any 
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hardware or software modification to the ultrasound machine. It continuously measures the local 

acoustic signal amplitude, by which a sub-millimeter elevation localization accuracy can be 

achieved. By configuring the pattern formations, the technique can be used for tracking, tool 

guiding, and annotation. In this study, we 1) developed a hardware and firmware prototype of the 

AUSPIS; 2) performed the lab bench experiment to test the design idea and investigated the 

working conditions and limitations of the system; 3) tested the system performance in-vivo. 

 

2.2 Basic Principle and Methods of AUSPIS 

 

Fig 2-3. The configuration of the active reflector tracking system. Left: the imaging 

probe fires a series of ultrasound beams scanning the image region. The center plane of 

the image region is the mid-plane. Middle: When an ultrasound beam intersects the active 

echo element, an electrical pulse is received by the electronics. Right: The received pulse 

triggers the electronics, a driving pulse is sent to the element to fire an active echo pulse. 

 

The basic principle of AUSPIS is shown in figure 2-3. When acquiring a B-mode image, one or a 

group of array elements is driven to fire an ultrasound pulse, which propagates along a 

transmission beam line. After the pulsing, the array is switched to receive mode to acquire the 
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echo. Element groups are fired one by one until the entire image region is covered to reconstruct 

ultrasound Brightness mode (B-mode) from the multiple RF lines. In the active pattern injection 

system, a small ultrasound transducer (active echo element or AE element) is integrated with the 

catheter. When a transmission beam reaches the element, an electrical pulse signal is excited and 

sent to the electronics. To simply improve the tool visualization, the electronics drive the AE 

element immediately to send an ultrasound pulse back to the imaging probe. The receiving-

transmitting delay is in nanoseconds and negligible for US imaging. The active ultrasound pulse 

is superimposed on the catheter echo wave, resulting in an enhanced echo pulse with a much 

higher amplitude, broader frequency range and wider emission angle. This pulse travels back to 

the imaging probe and appears as a bright spot (AE spot) that indicates the AE element location 

in the B-mode image. 

As described previously, simply echoing the imaging pulses is not very useful in many cases. 

However, based on the signal received by the AE element, more complex functions can be 

developed to improve tracking performance. 

2.2.1 Time Modulation 

In clinical or ex-vivo conditions, simple active echoing has very limited improvement in 

visualization, because a static echo spot can barely be seen from a complex B-mode background. 

To overcome this problem, the signal processing unit periodically enables/disables active echo 

feedback. As a result, the active echo spot blinks in the B mode image with the same period, 

making it distinct from the background B mode textures. The tissue phantom and in-vivo 
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experiments proved a significant improvement of catheter visualization and tracking using this 

method. 

2.2.2 Frequency Modulation 

The signal processing unit can also control echo pulse frequency and duration. Although the 

signal waveform is not shown in the B-mode image, in the raw ultrasound or beam-formed RF 

signals, filtering method can be used to differentiate the background B-mode signal and the 

active echo signal, which has a different frequency or waveform characters than the imaging 

pulses. This can be used for automatic tool guidance. 

2.2.3 Mid-Plane Detection 

In surgical interventions, even if the tool shows good visualization in B-mode image, it is 

difficult to determine whether it is well aligned with the image mid-plane due to the ultrasound 

beam width, as was previously described. To achieve high localization accuracy, a tracking 

system should be able to detect the image mid-plane, as shown in figure 2-3. In ultrasound 

imaging, the beam transmitted from an imaging probe has higher power intensity at the center, 

and lower intensity away from the center. Since the AE element is capable of measuring the local 

ultrasound pressure in real time, the beam intensity distribution can be utilized to localize the 

mid-plane. In the AUSPIS, when the AE element is well aligned with the mid-plane, the received 

beacon signal amplitude reaches its maximum, and when it moves away, beacon strength is 

decreased. Practically, the US beam intensity is determined by many factors including probe type, 

tissue attenuation, image depth, focusing point, etc. It is difficult to preset a trigger threshold that 

makes the AUSPIS only respond to the maximum US signal. However, we found that if the 
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threshold is set to a relatively low value, the AUSPIS will be triggered multiple times in each 

image frame, and the trigger count, which is defined as the number of triggers received in each 

frame, reaches its maximum when the AE element is well aligned with the mid-plane. This is 

because when the US probe scans the FOV, each beacon beam has spatial overlapping with one 

or more of its neighboring beams. So the AE element receives US signal not only from the beam 

that intersects it, but also from the nearby beams, just with lower amplitude. When the AE 

element moves closer to the mid-plane, the received signal amplitude increases; as a result, more 

nearby beams exceed the threshold, so the trigger count increases. Since the trigger count 

indicates the alignment between AE element and mid-plane, it can be used for mid-plane 

detection. AUSPIS is able to read the trigger count and provide feedback to the operator in 

multiple ways, like a number displayed on the screen, a beeping sound with a frequency 

proportional to the trigger count, or an injected virtual pattern on the B-mode image, which will 

be discussed later. 

 2.2.4 Arbitrary Pattern Injection  
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Fig 2-4. B-mode Pattern injection with a linear array. This picture illustrates how a 

single virtual pixel is injected to the B-mode image from an active echo element. 

 

The pattern injected into the image is not limited to the AE spot. As described previously, a B-

mode image is formed by a series of A-mode lines. As shown in figure 2-4, suppose a B mode 

image is composed of 16 A-mode lines; the normal distance from the AE element to the probe is 

y. To generate a virtual spot on the point A, an ultrasound pulse should be received by the probe 

when the A-mode line #4 is being acquired, with a delay of 

c
htdelay

2  

where c is the speed of sound in this medium. The ultrasound pulse is generated from the AE 

element at position O, the distance between O and the center of the imaging elements R is d. The 
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time for sound to travel from O to R is ttravel=d/c. So the timing that the element should send an 

ultrasound pulse is: 

c
dhttt traveldelay

2  

In other words, if an ultrasound pulse is fired from the AE element t seconds after the probe 

starts acquiring the A mode line #4, it will be shown as a virtual spot at position A in the B-mode 

image.  

Having these spots as “pixels”, arbitrary patterns can be formed and injected to the image. The 

challenging issue is that the relative position between O and R is unknown in the real application 

scenario. Two methods can be used to overcome this problem. The first method can be used if 

the ultrasound system is able to output synchronization signals. Since the linear array size, the 

total number of A-mode lines, and the speed of sound are known parameters, d can be 

automatically determined from the delay between received signal and the synchronization signal. 

In this case the arbitrary pattern can be injected into any pre-defined position in the B-mode 

image, i.e., the injected pattern can be either at an absolute position in the image coordinate, or at 

a relevant position moving with the active element. The second method can be used when the 

synchronization signal is unavailable. In this case injecting a pattern into an absolute position in 

the image coordinate is not possible. However, since the AE element is able to receive multiple 

neighboring beacon pulses when the probe is acquiring the nearby A-lines, the A-line period can 

be acquired by the system. Using the received pulse as the synchronization signal, and 

calculating the desired time delay from the A-line period, virtual patterns can be injected into the 
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B-mode image with the AE element coordinate. The implementations of both methods will be 

presented in the following paragraphs. 

 

2.3. Prototype Implementation, Design Technical Considerations 

 

Fig 2-5. The prototype AUSPIS setup. a) The block diagram of the AUSPIS. b) The 

pulser and logic unit board. c) One of the prototype catheters; it has an active echo 

element very close to the tip. 

 

Figure 2-5a shows the block diagram of the AUSPIS prototype. A piezoelectric element for both 

ultrasound receiving and transmitting is integrated with a catheter. The element is connected to a 

customized electronic circuit, which consists of a transmit/receive (T/R) switch, a variable gain 

amplifier (VGA) with analog filters, triggering circuit, analog to digital converter (ADC), an 

embedded microprocessor, and a pulser. Figure 2-5b and 2-5c show the circuit board and the 

catheter tip. The T/R switch circuit is built with a TX810 8 channel integrated switch to protect 

the receiving circuit from the transmission driving voltage, which can go up to a hundred volts. 

Analog filters have a low and high cutoff frequency of 0.1MHz and 20MHz. The trigger circuit 

compares the absolute value of the signal amplitude and the threshold, and sends pulses out when 
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it is higher than the threshold. Since the receiver and emitter are the same element, the trigger 

circuit has a latch and reset function to prevent oscillating triggering. The ADC converts the 

analog signal to digital. The control program runs on an embedded processor, which controls all 

the peripherals on the AUSPIS circuit. To drive the element, the pulser is able to generate pulses 

with a minimum duration of 12.5 ns and variable voltage from zero to ±150V.  

The active echo element is a customized small tube made of PZT5-H material with an outer 

diameter of 2.08mm, inner diameter of 1.47mm, and length of 2mm. The catheter has a sealing 

layer around the element, which makes the overall diameter of the catheter tip close to 3.0 mm. 

A Sonix RP and a Sonix Touch ultrasound systems (UltraSonix Co.) with L14-5W (128 element) 

linear probe and 4DL14-5/38 (128 element) 3D probe is used in the experiment. We’ve also 

tested the AUSPIS with SonoSite portable ultrasound system to verify the cross platform 

operation performance. 
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Fig 2-6. The circuit diagram of the AUSPIS controller (top) and the receiver (bottom). 

 

2.4. Technical Validations  

2.4.1 Active Echo Function Validation 
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Figure 2-7a indicates that the prototype device has an overall electronic loop delay of 0.6 μs. 

Due to this delay, the active echo spot is about 0.3 mm away along the axial direction from the 

true element position in the B-mode image. Figure 2-7b shows the signal received by the 

imaging probe. The red waveform is the reflection from the catheter; the active echo system is 

not enabled. The blue line shows the received waveform when the active echo is enabled. From 

this plot, we can clearly see that the active echo is fired after the reflection signal, with a delay of 

around 1 μs. The additional 0.4 μs delay may be due to the response of the prototype PZT 

element, which is relatively large in size. The active echo adds a ringing tail after the original 

signal. The frequency of the active echo is adjustable; in this plot, it has a slightly higher 

frequency than the original signal. 

 

Fig 2-7. The system received and transmitted signals. a) The signal received by the 

active echo element (black), the output of the trigger unit (green), the output of the 

active echo driving pulse (red). b) A RF line received by the imaging probe with and 

without enabling the active echo system. The active echo adds a ringing tail after the 

original signal. 

 

2.4.2 Frequency Modulation 
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Figure 2-8 a) - d) shows the B-mode image with and without enabling the active echo. Due to the 

transmission signal ringing after the main pulse peak, the active echo spot has a tail away from 

the US probe. Longer ringing tail improves the active echo spot visualization; at the same time it 

may decrease the visual localization accuracy in some cases. An adjustable termination circuit 

can be used to control the ringing settling time. Figure 2-8 e) and f) shows the original active 

echo B-mode image and the result after template filtering. The waveform template of the active 

echo is acquired by subtracting the RF lines with and without active echo enabled. 

 

Fig 2-8. The active echo image in water tank. The catheter used in this experiment has 

an AE element integrated about 5mm away from the tip. a)~d) The B-mode image of 

the catheter in water tank. a, b) the in-plane configuration, c, d) the off-plane 

configuration. The active echo is enabled in b) and d). e) The B mode image of the 

catheter with the active echo signal. f) The active echo signal extracted from the B 

mode image using the template filtering method. The color code represents the 

convolution value between the signal and template. 

 

2.4.3 Mid-Plane Detection 

As discussed previously, either the peak signal amplitude or the trigger count can be used in mid-

plane detection. Practically, in the trigger count method the AUSPIS starts to response the 
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beacon pulse even if the AE element is not well aligned with the mid-plane, it provides a large 

detection range, which is useful for a quick target search before the accurate tool tip localization. 

Once the active echo signal is received, the peak signal amplitude method can be used for a more 

accurate alignment.  

 

Fig 2-9. The trigger count versus the offset between the active element and the mid-

plane. In this experiment, the catheter is fixed in a water tank and perpendicular to the 

image plane. The probe is mounted on a translation stage, which moves perpendicular 

to the mid-plane. The error bar represents the standard deviation over 10 

measurements, each time the translation stage moves from -9mm to 9mm, stops at the 

same sample positions and takes the trigger count reading. 
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Fig 2-10. The local ultrasound amplitude measurement for mid-plane detection. a, b) 

the amplitude of the signal received by the active echo element versus the position of 

the probe. The depth of the US transmission beam focus is close to the catheter to 

probe distance, so the two plots are showing the signal distribution near the focus. a) 

The results with catheter perpendicular to the image plane (off-plane) b) catheter 

parallel to the image plane (in-plane). The error bar represents the standard deviation 

over 10 measurements, each time the translation stage moves from -9mm to 9mm, 

stops at the same sample positions, and takes the signal amplitude reading. 
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A typical trigger count versus AE element to mid-plane distance plot is shown in Figure 2-9. The 

data is acquired with a fixed AUSPIS receiver gain of 19dB. The AE element is about 4cm away 

from the probe. The US probe is running on its maximum transmission power with 32 element 

transmission aperture and 4cm focus depth. In each frame, the probe fires 256 RF lines. 

When the offset increases, the frame trigger count drops from the maximum 41 to 0 at an offset 

of 8mm. The result indicates that, with these system parameter settings, the active echo 

detectable range is about ±8mm from the mid-plane. The range can be increased or decreased by 

using higher or lower amplifier gain. 

Once the AE element is triggered, the next step is to accurately align it to the mid-plane. Figure 

2-10a, b shows the catheter received signal amplitude versus the imaging probe position. In the 

plot, the mid-plane position is indicated by the maximum of the signal amplitude. If the trigger 

level is set to a value close to the maximum, the active echo system can only be triggered when 

the element overlaps the mid-plane. For example, if a trigger is set to 90% of the maximum 

amplitude, a localizing accuracy of ±0.5mm is expected from the Figure 2-10. In the water tank 

validation, the receiver gain is decreased until only one trigger per frame is achieved at the well 

aligned position. Then, we gradually move the catheter away from the mid-plane. At an offset of 

±0.31mm, the active echo spot disappears. The result is repeatable and stable over test runs. 

Using this method, a mid-plane localization accuracy of 0.3mm can be achieved. 

2.4.4 Insertion Angle Test 
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Fig 2-11. Trigger count versus the catheter insertion angle. 

 

In the previous tests, the catheter is perpendicular to the imaging ultrasound beams. However, 

this condition is not always satisfied in clinical applications. An experiment is performed to 

validate system performance when the catheter is inserted at an angle. Since the prototype active 

element has a cylindrical shape, the most sensitive configuration is the cylinder axis 

perpendicular to the ultrasound beam, which is marked as 0o in the experiment. Keeping the 

element at the same location, the catheter rotates from -50o to 90o with 10o increment steps, as 

shown in figure 2-11. Because the element is not an omnidirectional sensor, the received 

ultrasound pulse amplitude varies with the angle, so the receiver gain needs to be adjusted at 

different angles. The active echo performs properly at all angles we tested in the experiment. 

Because the catheter interferes with the ultrasound probe, we were not able to test at angles from 

-90 to -50 degrees. 
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2.4.5 Validation with Different Ultrasound Parameters 

 

Fig 2-12. The trigger count versus ultrasound system settings. Catheter is 

perpendicular to the image plane. Ultrasound beams are focused to the catheter 

insertion depth. 

 

Fig 2-13. The trigger count versus ultrasound system settings. Catheter is 

perpendicular to the image plane. Ultrasound pulses are not focused. 
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Fig 2-14. The trigger count versus ultrasound system settings. Catheter is parallel to 

the image plane. Ultrasound beams are focused to the catheter insertion depth. 

 

Fig 2-15. The trigger count versus ultrasound system settings. Catheter is parallel to 

the image plane. Ultrasound beams are not focused. 
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The triggering condition of the active echo system is mainly affected by two factors: the amount 

of acoustic power received by the active element, and the gain of the receiver. The former factor 

also depends on many parameters like the probe transmission power, transmission aperture, 

focusing, tissue attenuation, etc. An experiment is performed to investigate the working 

conditions of AUSPIS. In this experiment, the active echo element is aligned with the probe mid-

plane in a water tank. An attenuation layer is placed between the probe and catheter to mimic 

tissue attenuation. The trigger count is recorded under different parameter settings. Shown in 

Figure 2-12 ~15, the color code indicates the trigger count per frame. Generally, to achieve the 

same trigger count, it requires more probe transmission power at lower receiver gain than at a 

higher gain. Larger transmission aperture delivers more acoustic power, thus resulting in a higher 

trigger count when other parameters are the same. Comparing the focusing and no focusing, the 

former one is relatively less sensitive to the receiver gain setting, i.e., the trigger count changes 

less when varying the gain. Take the figure 2-12 and 13 "Tx aperture=32" as an example: the 

color bands between the contour lines are wider in 8a, which indicates that, within a larger range 

of receiver gain setting, the trigger count remains the same. This is because the focused beam has 

a smaller beam width, when the ultrasound probe acquires a B-mode image frame, only the A-

mode lines close to the element can trigger the active echo. Since the energy is spatially 

concentrated, less transmission power is required to trigger the active echo, so in the focused 

beam conditions, the functional zone (colored area) extends to lower gain area, as shown in 

figure 2-12. In the unfocused case, since the beams are wider and have more overlapping, the 

beams far away from the element may also trigger the echo, so the trigger count growths rapidly 

when increasing the gain. Similarly, smaller transmission aperture results in a wider beam, the 



 37  

bands are narrower than with the larger aperture. In the experiment, the data with a trigger count 

higher than 40 are discarded; that is why the colored area does not extend to the very high gain 

region in figure 8-12. Though it may be useful in the quick-tool-searching purpose, high gain 

with large trigger counts makes the active echo spot wide and distorted, which may result in an 

inaccurate tool indication in the original B-mode image. 

2.4.6 Detection Depth Test 

 

Fig 2-16. Large depth and impedance mismatching condition test result. Left: the 

active echo spot under 8.5cm deep chicken breast tissue. Right: the active echo spot 

below a 1 inch thick aluminum plate. 

 

To further investigate the extreme functional conditions of the system, we performed two lab 

bench experiments. In the first one, we insert the catheter into ex vivo chicken breast tissue at 

8.5cm depth, which is close to the limit of the probe we use. This is to mimic the deep needle 
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insertion in clinical operations. In the second experiment, we placed a 1 inch thick aluminum 

plate in the water tank between the imaging probe and catheter to mimic the impedance of highly 

mismatched tissues like hard bone. As shown in figure 2-16, in both of the two experiments, the 

catheter can be effectively localized by the active echo spot. In the second test, since the speed of 

sound in the aluminum layer is much higher than that in water, the spot looks much closer than it 

actually is in the B-mode image. 

2.4.7 Validation with Different Imaging Modes 

Most clinical ultrasound systems provide different imaging modes, like harmonic mode (or pulse 

inversion mode), high resolution mode, high penetration mode, etc., which also affect active 

echo system performance. Using the Sonix Touch system with a L14-5W linear probe, we tested 

the active echo under four modes: harmonic mode, general mode, resolution mode, and 

penetration mode. In harmonic mode, the ultrasound system transmits pulses with central 

frequency of 5MHz, and reconstructs the B-mode image from the received second harmonic 

(10MHz) signals. In both general and resolution mode, the transmission frequency is 10MHz; the 

difference is that in the resolution mode, the Rx frequency band is slightly higher than the 

general mode for better image resolution. In the penetration mode, the Tx frequency is reduced 

to 6.6MHz to improve the penetration depth. 
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Fig 2-17. The B-mode and M-mode image of active echo spot using different imaging 

methods. The echo spot blinking can be clearly seen as a "dashed line" in the M-mode 

image. The blinking frequency is about 2Hz. 

 

We compared the signal to noise ratio (SNR) and contrast to noise ratio (CNR) of chicken breast 

tissue images using these imaging methods. The SNR is defined as: 
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where the "DiffSignal" is differential signal extracted by using the echo on frame subtracting the 

echo off frame, the "background" is the echo off frame, the "SurroundingArea" is a 50 by 50 

pixel area around the active echo spot. 

Table 2-1. The SNR and CNR under different ultrasound imaging mode. 

 Harmonic  General Resolution Penetration 
CNR 5.93 4.65 5.10 1.92 
SNR 5.66 4.35 4.77 1.78 

 

Comparing the B-mode images in figure 2-17, the harmonic-mode image has the most 

observable echo spot. This is expected since harmonic imaging relies on the tissue harmonic 

echoes, the amplitude of which is much lower than that of the original pulses. The active echo 

element is configured to transmit at a frequency close to the second harmonic (10MHz) in this 

experiment, so the active echo signal significantly stands out from the tissue harmonic 

background. The penetration-mode image has the least observable echo spot, in part because the 

active echo frequency (about 9 MHz) is out of the Rx frequency band in this mode. This 

observation is consistent with the SNR and CNR measurements, as shown in table 2-1. However, 

even in the penetration mode, though the active echo spot is not clear in the static images, it is 

easy for the human eye to capture the spot during the operation due to its blinking. 

2.4.8 Validation with Different AE Transmission Powers  
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Fig 2-18. The active echo spot with different driving voltage. The left images are the 

active echo spot and the reference frame at 58V driven voltage. In the right images, the 

driven voltage is reduced to 20V. The echo intensity is dimmer on the right image; a 

lower SNR and CNR is expected. 

 

Despite the imaging methods, the driving voltage of the element also affects the active echo spot 

visualization, since higher driving voltage results in stronger ultrasound. As shown in figure 2-18, 

with 20V driving pulse, the echo spot is dimmer than that with 58V driving pulse. However, 

since the B-mode image does not linearly represent the signal strength, we could not see the 

linear relationship in the CNR and SNR measurements, as shown in table 2-2. 

Table 2-2. The SNR and CNR with different driving pulse voltage 

 Pulse peak voltage=58V Pulse peak voltage=20V 
CNR 6.20 4.73 
SNR 6.36 4.51 
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 2.4.9 Arbitrary Pattern Injection Test 

 

Fig 2-19. The B mode image of arbitrary pattern injection. The experiment is in a 

water tank with Sonix CEP machine and L12-5 linear probe. Left image is the 

reference without turning on the AUSPIS. On the right image, a virtual "JHU" pattern 

is injected into the image. 

 

Figure 2-19 shows an example of arbitrary pattern injection method. The left image is the 

reference, the B-mode image of the catheter in a water tank, and right is the image with the 

pattern injection system turned on. A virtual “JHU” pattern is shown in the B-mode image. In 

this image, the “pixel” that forms the pattern can be seen. Each pixel corresponds to one 

ultrasound pulse firing from the catheter. Method 1 mentioned in the pattern injection paragraph 

is used in this experiment. Ultrasound system synchronization trigger is utilized, and the pattern 

is injected into an absolute position in the image coordinate. 
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2.4.10 Mid-Plane Indication Using Pattern Injection 

 

Fig 2-20. Mid-plane indication using the pattern injection method. The top column shows 

when the catheter moves closer to the mid-pane, the number of injected virtual bars 

increases. More bars means higher trigger count, thus indicating the catheter is closer to 

the mid-plane. The bottom picture shows an M-mode image acquired during the catheter 

moving in process. 

 

In the previous paragraph, we introduced the method to detect the image mid-plane. The 

detection result can be directly displayed on the B-mode image using arbitrary pattern injection 

technique. As shown in figure 2-20, virtual bars that are proportional to the trigger count are 

injected into the image. With this real-time feedback, the operator can easily navigate the tool tip 

to the ultrasound image mid-plane, which is indicated by the maximum number of bars. This 
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experiment is an implementation of method 2 mentioned in the pattern injection paragraph. Only 

the received signal is used for synchronization, and the pattern is injected into a relative position 

moving with the active element in the image. 

 

2.5 Discussions 

The previous discussions are based on linear imaging arrays. For phased arrays, theoretically the 

active reflection, blinking and frequency modulation functions should have similar performance. 

The arbitrary pattern injection, however, works differently in the case of phased arrays or curved 

linear arrays due to the different image forming methods and parameters. How the system works 

with different type of probes is a future work to be investigated. 

 

Fig 2-21. Degree of freedom (DOF) comparison between AUSPIS and beam steering 

method. a) Beam steering method requires the image plane to intersect the catheter line 

(the green line in figure a), the probe DOF is 4. b) The AUSPIS requires the image 

plane to intersect the AE element point (the green dot in figure b), the probe DOF is 5. 

With single AE element, the AUSPIS provides 5 degrees of freedom to the probe, as shown in 

figure 2-21. It limits the image plane to intersect the AE element, which is a point. As a 
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comparison, active beam-steering method constrains the image plane to intersect the catheter line, 

thus resulting in 4 degrees of freedom. In clinic, more DOFs mean less constraints on the probe 

position and orientation; this is especially important in applications like cardiac catheterization, 

in which doctors have to image from a very limited imaging window to avoid the ribs. 

Like any other tracking system, AUSPIS has its limitations. This method is not able to localize 

the tool or project the insertion path when the AE element is far away from the ultrasound image 

plane. Using catheters with single AE element, the maximum detectable range in our 

experiments is around ±12 mm from the mid-plane. However, for certain applications, it can be 

improved by integrating multiple AE elements at different locations of the tool. Moreover, using 

multiple active elements can enable tracking of not only the tool position but also the pose. 

Another limitation in the prototype system is the shape and size of the AE element. For easy 

assembling and wiring, the piezoelectric element we use is a 2x2mm cylindrical tube. The 

localization accuracy is expected to improve by reducing the element size. Last but not least, the 

operation of AUSPIS is very different from existing tracking methods. Although we have 

demonstrated the concept in both ex vivo and in vivo experiments, further study is needed to 

investigate how the technology can be integrated into the clinic workflow. 

 

2.6 Conclusions 

In summary, we introduced a new active ultrasound pattern injection method for interventional 

tool tracking, designed and built a prototype system, and performed preliminary ex vivo and in 

vivo experiment to prove feasibility. Significant visualization enhancement and highly accurate 
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mid-plane localization have been achieved. Arbitrary pattern injection has been demonstrated. 

We also presented the study and analysis of the system operating under different configurations. 

Finally, the limitations and future developments have been discussed. 
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3 Applications Enabled by AUSPIS platform 

In the previous chapter, we introduced the active pattern injection technology, proposed its 

application in interventional tool tracking and guiding, and validated the concept with lab bench 

experiments. However, these in vitro studies may lead to results that do not correspond to the 

circumstance in clinical conditions. For example, we tested the performance and fail conditions 

of AUSPIS in water tank setup. Water has much lower attenuation coefficient and scattering than 

the tissue, thus the conclusion might be different when testing under in vivo conditions. Even 

compared to ex vivo tissue experiments, in vivo study may present additional difficulties due to 

blood circulation, respiration motion, etc. In this chapter, we will focus on mimicking the 

ultrasound guided interventional procedures, validating the AUSPIS in in vivo animal 

experiments, and integrating it with interventional tools. 

 

3.1 Introduction 

Today, ultrasound tool guidance is used in many interventional procedures. However, for either 

diagnostic or treatment purposes, many of these procedures require improving the tracking 

system performance. Examples include needle biopsy, catheter placement, ultrasound fiducial, 

interventional ablation treatment, etc. 

Biopsy is a medical test typically used for cancer diagnostics. Many cancers, like liver and 

prostate cancer, can be cured easily if detected in the early stage. Today, although several 

methods are available for cancer detection, biopsy is still the only way to confirm the cancer 
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diagnosis for many cancers. In a typical biopsy process, even the most experienced surgeon 

cannot guarantee the needle tip will always capture the desired sample. The high false negative 

rate brings a significant problem to accurate diagnosis. Take a conventional prostate biopsy as an 

example: the detection false negative rate ranges from 30% to as high as 73% depending on the 

tumor size and distribution [19, 20]. As a result, in the year 2007, the total number of detected 

prostate cancer cases in the United States was 186,320 [21, 22], out of 1,300,000 total performed 

prostate biopsies [23]. To decrease the uncertainty of detections, urologists tend to perform 

repeat biopsies for patients with elevated PSA but negative biopsy results. The cancer detection 

rates of first, second, third and fourth biopsies are 34%, 25%, 24%, and 21% [19]. Clearly, the 

brute-force method isn’t conducive to greatly improving detection accuracy. At the same time, 

the multiplied cost greatly increases the burden to patients. A more effective needle guidance 

system may greatly improve biopsy accuracy. 

Tunneled central venous catheter placement is a procedure used for many medical diagnostic and 

treatment purposes. In this procedure, a soft catheter is inserted into a large vein from the 

patient's groin, chest or neck. The surgeon needs to push the catheter to move along the vein, 

manipulate the tip to enter the right vein branch until the tip reaches the planned region. Image 

guidance is required in this process. It is often performed under X-ray fluoroscopic guidance. To 

guide the catheter moving along the planned venous branches, the imaging needs to be repeated 

multiple times. In difficult cases, a significant amount of ionizing radiation can be administered. 

Ultrasound is barely used in this medical procedure, mainly because of two technical limitations: 

first, the visualization of the central venous catheter is poor due to the size, material and 

deployed region conditions. Second, to perform transthoracic ultrasound, surgeons need to adjust 
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the ultrasound probe position to avoid bones, this makes it even more difficult to find a proper 

angle and distinguish the catheter tip from the similar echogenicities of structures around it. 

Clearly, if these problems can be solved by an effective tracking technique, ultrasound can 

potentially replace X-ray and bring a safer catheter placement guidance solution. 

In many interventional procedures, ultrasound markers are used to make the reference points. For 

example, in the external beam radiotherapy, fiducial points need to be implemented before the 

treatment in order to guide the radiation beam to the planned region [24-26]. Traditionally, the 

localization is achieved by CT system with X-ray maker points. Ultrasound markers has recently 

become a radiation-free alternative in this application. Another example is prostate radioactive 

brachytherapy seed placement and tracking. Brachytherapy is one of the most popular and 

effective treatment options for prostate cancer. In this procedure, 80-120 tiny seeds filled with 

radioactive substance are implanted into the planned treatment region. Transrectal ultrasound 

probe is used as the imaging guidance device for the placement. A pre-implanted ultrasound 

marker can be a good reference point to reduce placement error. However, common problems of 

all these ultrasound markers include low detectability, poor localization accuracy, and lack of 

differentiability between markers.  

Interventional HIFU ablation is a minimally invasive cancer treatment technology developed 

recently. The HIFU ablation catheter has one or multiple high power ultrasound elements 

embedded in a flexible catheter. During ablation therapy, the catheter is inserted into the tissue, 

and the element should be at the center of the tumor. Since the elements are inside a water cooled 

hard plastic tube, it’s difficult to distinguish the element location in the B-mode image. As a 

matter of fact, in many interventional procedures, there is a great demand to localize a specific 
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part of the inserted tool. [27-30] For hard catheter or needles, this can be achieved by using EM 

or optical tracker. However, these methods fail when the tool is flexible. 

 

3.2 Needle Visualization with in vivo Liver Tissue 

 

Fig 3-1. The active echo catheter. The dark area near the tip is the active echo element. 

 

 

Fig 3-2. In vivo B-mode images extracted from the 3D volumetric data. The imaging 

array scans perpendicularly to the image plane with a step size of 0.5mm. a- b) The 

catheter intersects the image plane with a small angle. c-d) The catheter is perpendicular 

to the image plane. a) & c) Reference images with active element turned off. b) & d) 

images with the active echo spot. 
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The first in vivo experiment performed for the AUSPIS performance validation is a mimic liver 

biopsy test. A hard plastic active echo catheter with a diameter of 2.5mm, which is similar to a 

typical biopsy needle, is built in the lab. A PZT-5H ceramic element with an outer diameter of 

2.08mm, inner diameter of 1.47mm, and length of 2mm, is integrated about 7mm away from the 

catheter tip. The electrical connection between the element and the AUSPIS circuit is a 75ohm 

micro coax cable. 

The experiment is performed on a pig. The catheter is inserted into the liver tissue, and the 3D 

Volumetric B-mode images are collected from the surface by a 3D wobbler probe 4DL14-5/38. 

Figure 3-2 shows the images of the liver tissue with the catheter inserted. In a) and b), the 

catheter intersects the B-mode image plane with a small angle. c) and d) has the catheter 

perpendicular with the image plane. Although the catheter is visible in these B-mode images due 

to its large diameter and small insertion angle, it is not very distinguishable from the tissue 

texture.  A more challenging task is to identify the location of the element. In the condition a), 

even if the catheter is perfectly in-plane, since the catheter has a smooth surface, there is no 

feature can be seen on the image to identify the element. In condition c), it is even more difficult 

since only a cross section can be seen on the b-mode, it is impossible to tell which part the image 

plane is intersecting. In figure 3-2 b) and d), once the active echo is enabled, it is easy to identify 

the catheter and locate the element position by finding the active echo spot. 
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3.3 Central Venous Catheter Placement 

The second animal experiment is performed to mimic the tunneled central venous catheter 

placement procedure. One major difference from the biopsy is that the catheter needs to be soft 

so that it can move along the vein. As shown in figure 3-3, a flexible active echo catheter is 

fabricated using the same piezoelectric element as the biopsy catheter. The element is located on 

the catheter tip. 

 

Fig 3-3. The soft active echo catheter. 

 

The experiment is performed on a pig under anesthesia. The surgeon performs the catheter 

insertion from both the neck and groin, as shown in the figure 3-4. The catheter tip is pushed to 

different locations in the vein with a depth of 3 to 5cm from the skin. Every time the catheter 

moves to a new position, it will be fixed at the inlet, and the surgeon will try to localize the 

catheter tip using an ultrasound probe based on the active echo signal. The ultrasound probe is 

mounted on a passive robotic arm. Once the catheter tip is localized, the robotic arm will lock 

and hold the position. A C-arm CT will scan immediately to acquire the comparison data, which 
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will be used to evaluate the catheter tip localization accuracy. The animal breath will be held 

before the robotic arm is locked, so the error caused by the respiration motion can be minimized. 

 

Fig 3-4. Picture of the in vivo experiment for tunneled central venous catheter 

placement procedure. An AE catheter is inserted to the vein from the neck of the pig. 

 

A Sonosite M-Turbo ultrasound machine with a 38mm 6-13MHz linear probe is used to acquire 

the ultrasound image. A frame grabber captures the screen video output from the ultrasound 

machine. The active echo spot is programmed to turn on and off (blink) with a period of 0.3 

second. Figure 3-5 shows the images at 3 selected positions. Since the AE spot blinks on the B-

mode image, figure 3-5 a), c) and e) show the frames when AE is in the "off" period. b), d) and f) 

show the corresponding AE "on" period frame. The AE spot can be found by comparing the two 

images at each location. In the still image, the AE spot is not very differentiable from the 

background pattern. However, in the real operation scenario, since the spot blinks with a fixed 
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frequency, it stands out significantly from the background in the real-time B-mode video. This 

can be present in the M-mode image, as shown in the figure 3-5 g). The dashed line shows the 

position and blinking period of the AE spot. 

 

Fig 3-5. Selected ultrasound images of the active echo catheter. This figure shows the 

catheter tip at three locations with different depths. a, b) at a depth of 4cm;  c,d) at a 

depth of 5cm; e, f) at a depth of 3cm; g) the M-mode image at 3cm depth. Without AE 

spot, it is very difficult to distinguish the catheter tip from the tissue image. 
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Fig 3-6. A florescence image from the C-arm CT scan data. The ultrasound probe and 

the active echo element (the dark spot with a wire near the image center) can be seen in 

the image. 

 

   

Fig 3-7. The reconstructed CT volume data. 
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A Philips C-arm CT system is used to acquire the ground truth for comparison. As shown in 

figure 3-7, the ultrasound image mid-plane is defined as the geometric central-plane of the 

ultrasound probe. The AE element is segmented manually, and the offset between the AE 

element and the mid-plane is measured as the localization error. In this study, we performed the 

comparison at three different locations. The offset error ranges from 0.5 to 2.6mm. The error is 

larger than the water tank experiment reported in chapter 1. There are several possible reasons 

for the larger error: 1, in this test, to make the process simple, the surgeon locates the catheter tip 

simply by finding the position where the AE signal shows up. The beam intensity information is 

not used for the fine alignment. 2, after localizing the tip, the robotic arm needs to be locked for 

the CT scan. The arm may move slightly during the locking process. 3, In the real tissue, 

ultrasound beam may not be a straight line due to the refraction, reflection and scattering, so the 

real image mid-plane may not be the probe geometric central-plane. In this case, the CT image 

cannot be considered to be a ground truth anymore.  

 

3.4 Active Ultrasound Fiducial in Transrectal Photoacoustic Prostate 

Brachytherapy Seed Detection 

The third animal experiment validation of AUSPIS is designed to be combined with a 

photoacoustic prostate brachytherapy seed imaging experiment, which will be detailed in chapter 

5. In brachytherapy treatment, transrectal ultrasound probe is one of the most commonly used for 

imaging and guidance. In the new photoacoustic seed imaging detection method, we also use 

transrectal ultrasound as the imaging tool. The tranrectal probe has two ultrasound arrays, a 128 
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element curvilinear one near the tip, and a 128 element linear one with the image plane 90 degree 

respect to the curvilinear array. In the validation experiment, a comparison needs to be made 

between the data sets acquired by the two arrays. An ultrasound fiducial point in the prostate is 

needed as a common reference between the images acquired by the two arrays. Active echo 

designed to provide high detectability, high localization accuracy and high differentiability in 

ultrasound images, so it becomes an ideal fiducial marker in this application. 

 

Fig 3-8. The dual-array transrectal probe (left) and the in vivo experiment setup (right). 

A portable Nucletron prostate stepper mount allows the probe to have translational and 

rotational motion. 

 

A 25 kg dog was prepared for a prostate brachytherapy procedure. A SonixTouch ultrasound 

machine, Sonix DAQ system with a BPL9-5/55&BPC8-4/10 transrectal probe is used to acquire 

the B-mode and photoacoustic images. A hard plastic catheter with active echo element is 

inserted and anchored to the dog prostate. In the experiment, the ultrasound system runs on B-

mode imaging to guide catheter insertion and probe alignment. After alignment, the probe is then 

switched to the DAQ system to acquire the photoacoustic image. Since only one of the two 

arrays can be activated at one time, the experiment is performed with the linear array first, and 
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then repeated with the curvilinear array. When switching between the two arrays, the anchored 

active echo element works as a reference point, as shown in figure 3-9. Since it can be clearly 

identified in both curvilinear and linear array images, once the AE spot is detected, the cross line 

between different image frames can be found. Furthermore, by segmenting the element position 

in each image, the relative position between frames can also be derived. 

 

Fig 3-9. The B-mode image acquired by the transrectal probe. The ultrasound array is 

at the bottom of the images. a,b) the active echo off/on comparison with the curvilinear 

array. c, d) the active echo of/on comparison with the linear array. 
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3.5 Interventional HIFU Catheter Integration 

The tool to perform interventional HIFU cancer ablation is a catheter with multiple piezoelectric 

elements integrated. During the treatment, these elements are driven by a multi-channel RF 

power source, which generates a continuous wave (CW) RF signal at a frequency around 7-

8MHz, and a voltage up to a hundred volts. The electrical power deposited to each element can 

be as high as 25 watts. With such a high power applied to a 1mm diameter by 8mm length 

element, a water cooling system is used to avoid overheating. 

 

Fig 3-10. The system integration of AUSPIS and interventional HIFU ablation system. 

 

During the ablation treatment, it is important to monitor the thermal dose to ensure safety and 

effectiveness. Due to the fact that the ablated tissue is stiffer, ultrasound elastography is an 

effective method to image the cooked region. To perform a reliable ultrasound elastography of 

an ablated region, the operator needs to align the probe to the corresponding HIFU element. 

However it is difficult to localize and differentiate the integrated elements from conventional B-
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mode image. To solve this problem, we integrated AUSPIS with the HIFU system, as shown in 

figure 3-10. High current RF relays are used to switch the driving signal source of each ablation 

element. AUSPIS circuit board is the master controller of the integrated system. It controls the 

on/off of the relays, RF power source, and water pump using TTL signal, it also sends the 

synchronization messages to the ultrasound imaging workstation through a RS232 connection. 

During the treatment, the integrated system will work in two different modes: ablation mode and 

monitoring mode. In ablation mode, the relays are switched to the RF power source. Both water 

pump and RF power are turned on to perform the ablation. Ultrasound image acquisition is 

paused since the ablation ultrasound will bring strong noise to the image. In the monitoring mode, 

relays are switched to the AUSPIS controller. Water pump and the RF power source are turned 

off to avoid the noise. AUSPIS is turned on to help localize each ablation element in the B-mode 

image, and then the elastography is performed to evaluate the thermal dose.  

 

3.6 Conclusions 

In summary, we proposed the application of AUSPIS in different medical intervention 

procedures, integrated the system with hard needle, soft catheter and HIFU devices, and 

performed in vivo experiments to validate the proposed functions in biopsy, central venous 

catheter placement, brachytherapy seed photoacoustic imaging, and ablation treatment. In these 

experiments, AUSPIS successfully provided effective tool visualization, localization and 

identification. AUSPIS is not limited to the proposed applications. Essentially, the difference 

between AUSPIS and conventional ultrasound intervention is that it enables active bidirectional 
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ultrasound communication between the target and the imaging equipment. It can potentially be 

integrated into many other interventional medical procedures. 
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4. From 2D to 3D: Tracking Outside the Ultrasound Image Plane 

 

4.1 Introduction 

Today, most ultrasound systems used in clinic are essentially 2D imaging devices. The 

commonly used 3D volume scan can also be considered as a series of 2D images. Due to the 

requirement of medical ultrasound image formation, imaging probes are designed to transmit and 

receive a nearly collimated beam along the elevational direction. As a result, the elevational 

detection capability of the traditional ultrasound is very limited. 

In the previous chapters, tracking methods based on AUSPIS platform were introduced. Using 

the mid-plane detection technique, an integrated active element can be precisely guided to the 

ultrasound image plane. The elevation detection range can be extended to 1-2cm since the probe 

reception angle is mo longer a limitation in this case. However, the active element still needs to 

receive the imaging pulses from the probe, so the active ultrasound element still cannot operate 

far from the probe mid-plane. This is an undesired limitation in some applications. One example 

is the image-guided surgery (IGS) system, which is often used in modern surgical procedures to 

provide surgeons with additional information support and guidance leading to less trauma for the 

patient. Specific benefits to the patient can include cost reduction of the procedure, reduced 

morbidity rates, and shorter recovery times. In IGS systems, ultrasound is often used to provide a 

visualization of underlying tissue structures or anatomy that cannot be seen with the naked eye. 

When integrating ultrasound with this kind of multi-modality system, off-plane detection is 
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desired not only because of the tool tracking purpose, but also the calibration requirement. To 

perform advanced forms of guidance with ultrasound, such as virtual image overlays or 

automated robotic actuation, an ultrasound calibration process must be performed. This process 

recovers the rigid body transformation between a tracked marker attached to the transducer and 

the ultrasound image. Our work about the new calibration method will be further detailed in 

chapter 6. However, if an active element can be precisely localized even when it is outside the 

mid-plane, the calibration process will have a larger flexibility and higher accuracy. In this 

chapter, we will explore the feasibility of tracking an active ultrasound element far away from 

the image plane. We present an extension of the active echo phantom to account for out-of-plane 

errors and decrease acquisition times. This manuscript will describe the phantom, the data 

acquisition apparatus, the calibration algorithm, and finally simulation and experimental results. 

We also study the challenge of data acquisition in the off-plane configuration, and introduce our 

method to improve it. 

 

4.2. Basic Principle and Methods: Off-plane Point Detection. 

Since the transmitted beam from the imaging probe has a fixed small divergence along the 

elevational direction, it cannot be detected when the receiver is far away from the beam. 

However, the active ultrasound element can be designed with an omnidirectional transmission 

angle, which means it is possible to receive ultrasound pulses sent from the active element by the 

probe even in an off-plane configuration. Figure 4-1 shows configuration of the off-plane 

ultrasound point detection. When an omnidirectional ultrasound pulse is transmitted from the 
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active element, the probe received pre-beamformed channel data will appear as an arc or 

wavefront as seen in figure 4-2. Assuming that the transducer elements are perfect point 

receivers, we have a sense of distance between each transducer element and the active point by 

segmenting this wavefront. With a single set of data, the element position cannot be uniquely 

determined due to the missing of one degree of freedom (the rotation along the array line). 

However, a geometric locus can be found. To localize the element, the probe needs to be tracked 

and moved to a different location, so the second geometric locus can be found. Then the element 

can be localized at the locus cross point.  

 

Fig 4-1. Localizing an off-plane active point by finding the cross point of different 

geometric locus.  

 

In the calibration application, we can then apply a least squares triangulation method on this set 

of distances, restricting the solution to be in the US image plane. If we were to remove this 

restriction, then the solution would depend on the type of US transducer used for calibration. If 

one is using a linear transducer, then the solution will be restricted to a circle in the lateral-
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elevational plane. Any point on this circle satisfies the set of distances. If one uses a convex 

transducer, then the solution will be restricted to two points, either positive or negative in the 

elevational dimension. The calibration algorithm described here will be based on a linear 

transducer. 

 

Fig 4-2. Sample pre-beamformed US image with an active point present. 

 

 

4.3. Off-Plane US Robot Calibration. 

The calibration algorithm attempts to find a calibration that minimizes the distances between the 

circles. Using the full circle is obviously unnecessary, so one can define a subset of the circle 

based on a maximum distance away from the image plane. Since we now have arcs instead of the 

standard points, we must now modify the standard algorithm used for point-based calibration. 

                                                                 (4-1) 
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Equation 4-1 is the standard approach to solving point-based calibration.  is the pose recorded 

by the external tracker,  is the point observed in the image,  is the unknown calibration 

transformation, and  is the unknown fixed point in external tracker’s coordinate frame. A least 

squares solver can be used to compute both  and . The main change in our algorithm is that 

this becomes an iterative process as seen in figure 4-3. We first solve for  and  while assuming 

that there is no out-of-plane uncertainty. Then, for , we find  belonging on the arc that 

minimizes the difference between the left and right hand side in equation 4-1. This new set of  

is then used to solve for a new  and . These two steps repeat until the change in  reaches 

some tolerance level. 

Since the US transmission from the active phantom is a one-way route to the transducer, the 

standard beamforming on US machines will fail. Thus, it is necessary to acquire pre-beamformed 

channel data. We use an Ultrasonix Touch and SonixDAQ (Ultrasonix Corp., Richmond, Canada) 

to accomplish this. This source of data also allows us to apply more accurate point segmentation 

algorithms. Also, we use a linear L14-5/60 US transducer. For our external tracker, we use a 

Universal Robots UR5 robot arm. 

In our simulation, we observe the effects on two parameters. The first is the amount of 

elevational distance the point is away from the US image plane. The second is the standard 

deviation of the noise added to the distances between the active point and each of the transducer 

elements. In this simulation, we compare three things: how close our estimated out-of-plane 

points are to the true points, how close our calibration is to the true transformation, and the point 
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reconstruction precision. In our experiments, we currently compute the point reconstruction 

precision.   

 

Fig 4-3. Calibration algorithm workflow. 

 

Table 4-1. Simulated out-of-plane point estimation error (mm) 

N=50 Noise = 
0mm 

0.1mm 0.2mm 0.3mm 0.4mm 0.5mm 

Elevational 
= 0mm 

0±0 0.03±0 0.06±0.01 0.09±0.01 0.12±0.02 0.15±0.02 

2mm 0.14±0.07 0.16±0.11 0.19±0.10 0.20±0.08 0.27±0.11 0.27±0.07 

4mm 0.17±0.14 0.16±0.12 0.23±0.15 0.23±0.12 0.25±0.10 0.29±0.13 

 

Table 4-1 shows the mean and standard deviation of the distance between the estimated out-of-

plane point and the true out-of-plane point. We can see that the absolute error grows as the points 

are more out-of-plane. However, the ratio between the error and the elevational distance actually 

decreases as we increase the distance. This means that, while the absolute error increases, the 



 68  

relative error decreases as there is more uncertainty. We also see that the error increases with 

noise. Table 4-2 shows the mean and standard deviation of the rotational and translational 

differences between the true X and the computed X. An interesting observation is that the errors 

actually decrease as the points are further away from the US image plane. A possible reason is 

that there can be a larger range of poses. 

Table 4-2. Simulated calibration estimation error (Rotation (°), Translation (mm)) 

N=50 Noise = 
0mm 

0.1mm 0.2mm 0.3mm 0.4mm 0.5mm 

Elevational 
= 0mm 

0±0, 0±0 0.02±0.01, 
0.03±0.02 

0.04±0.04, 
0.06±0.04 

0.05±0.04, 
0.08±0.05 

0.09±0.06, 
0.11±0.07 

0.09±0.07, 
0.12±0.08 

2mm 0.57±0.29, 
0.56±0.43 

0.69±0.48, 
0.65±0.62 

0.70±0.45, 
0.63±0.51 

0.86±0.56, 
0.56±0.55 

1.20±0.59, 
0.94±0.61 

1.19±0.65, 
0.80±0.61 

4mm 0.23±0.15, 
0.15±0.09 

0.29±0.18, 
0.21±0.18 

0.41±0.24, 
0.32±0.24 

0.57±0.29, 
0.36±0.25 

0.63±0.41, 
0.45±0.26 

0.83±0.51, 
0.57±0.51 

 

Table 4-3. Simulated point reconstruction precision (mm) 

N=50 Noise = 0mm 0.1mm 0.2mm 0.3mm 0.4mm 0.5mm 

Elevational 
= 0mm 

0±0 0.01±0 0.02±0.01 0.03±0.01 0.04±0.02 0.04±0.02 

2mm 0.12±0.07 0.14±0.10 0.14±0.09 0.18±0.10 0.22±0.12 0.22±0.12 

4mm 0.10±0.08 0.10±0.07 0.14±0.09 0.14±0.09 0.16±0.08 0.20±0.11 

 

Table 4-3 shows the simulated point reconstruction errors. We can see that it agrees with table 4-

2. A larger calibration estimation error resulted in larger point reconstruction precisions. In our 

experiment, we removed a set of points that were estimated to be within 1mm of the US image 
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mid-plane and used them as our test points. The remaining points are used to re-compute the 

calibration, while the test points are used to generate a point reconstruction precision of 0.64mm. 

 

4.4 Asynchronous Homodyne Ultrasound Wavefront Detection 

In the off-plane tracking method, the ultrasound probe receives the signal from a point 

ultrasound source far away from mid-plane. Due to the receiver element directionality, the 

detected signal can be very weak. Since the goal is to localize the signal source position, and the 

signal source is known to be a point source, in this case the distance between the signal point 

source and the imaging array uniquely determines the acoustic wavefront shape. So once the 

wavefront is detected, the distance between the source and image array can be derived without 

knowing the time of flight. In other words, the ultrasound transmission and reception do not need 

to be synchronized. For these applications, we developed an asynchronous homodyne ultrasound 

wavefront detection method to improve the received signal quality. 

In this method, the point signal source is modulated with a pre-determined frequency, the 

produced ultrasound wave will also be a pulse sequence with exactly the same modulation 

frequency, so homodyne detection can be performed on the acquired pre-beamforming images. 

By extracting the phase and amplitude of the modulation signal from each channel, and the 

ultrasound wavefront can be recovered. The method is essentially a software implemented lock-

in amplifier. So even in the very noisy cases, like the SNR<1, the system may still be able to 

extract the ultrasound wave front. 
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Fig 4-4. Left: the system setup to validate the asynchronous homodyne ultrasound 

wave front detection method. The light source is a Laser Components Inc. 

905D3S3J09R PLD with an aspherical pair focusing lens. A piece of black plastisol 

phantom is attached to the Sonix L14-5W probe as the photoacoustic target material 

and the coupling medium. A SonixDAQ system is used for the pre-beamforming data 

collection. Right, the modulation signal of the laser. 

 

In the validation experiment, a PLD based photoacoustic system is used to generate a low 

intensity point ultrasound source. The PLD is driven by a customized electronic system. The 

pulse energy is configured to 1.5μJ per pulse, and a soft plastisol block is used as the 

photoacoustic target material. With this configurations, the produced photoacoustic signal is 

weak and results in a low SNR. In addition, a 5-14MHz frequency linear probe is used to receive 

the signal. According to the results presented in the previous sections, the majority of the PLD 

photoacoustic signal energy is lower than the probe frequency range. This makes the detected 

signal even weaker. The purpose of this setup is to generate a low quality pre-beamforming 

image and test the proposed method in the low SNR conditions. 
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Fig 4-5. The data processing procedure and the final experiment result of the proposed 

unsynchronized homodyne ultrasound wavefront detection method. 
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Figure 4-5 shows the data processing procedures and the result comparison of the wavefront 

detection with different SNR. The right column (figure 4-5f-j) shows the proposed data 

processing method with a single pre-beamforming image. The left column (figure 4-5a-e) shows 

the same method with the averaged data from 252 frames, as a comparison. Theoretically, the 

average will improve the data SNR by around 16 times. In the first row (figure a and f), the 

received channel signal from element #5 and #64 are plotted. Since line #64 is closer to the 

photoacoustic spot, the plot shows higher signal amplitude. From figure a, channel #64 plot 

shows a very clear photoacoustic pulse sequence with the pre-programmed 2MHz laser repetition 

frequency. On channel #5, the signal is too weak to be distinguished. In the single frame data 

shown in figure f, even on channel #64 the pulse sequence is not clear due to the low SNR. The 

second row (figure b and g) shows the signal phase of the received 128 waveforms, at the 

frequency of 2MHz, the laser modulation frequency. The third row (figure c and h) shows the 

unwrapped phase. Since all the channels are sampled at the same frequency, which is fs=40MHz, 

the unwrapped phase curve should have the same shape as the photoacoustic signal wavefront. 

Knowing the signal modulation frequency fm=2MHz, it is easy to calculate the sample points n 

from the phase Φ: 

 

The fourth row (figure d and i) shows the pre-beamforming images. From the averaged data, the 

wavefront sequence can be clearly seen in the central channels that are closer to the 

photoacoustic signal source. From the single frame image, since the SNR is close to or lower 

than 1, the wavefront sequence cannot be distinguished. Conventional wavefront detection will 
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fail with this kind of image quality. The last row plots the wavefronts detected by the proposed 

method on top of the pre-beamforming images. From figure e, it can be seen that the detected 

wavefront matches the shape of the curve on the imageindicating that the wavefront is detected 

correctly. On the right column, although the SNR is very low, the same wavefront is also 

correctly detected. 

The result indicates that the proposed unsynchronized homodyne ultrasound wavefront detection 

method is able to extract the photoacoustic wavefront from a very low SNR pre-beamforming 

data. This method potentially enables the use of low energy PLD laser in iPASS, off-plane 

catheter detection and many other photoacoustic tracking and calibration applications. 

 

4.5 Channel data acquisition using a clinic system: channel mask and inversed 

beamforming 

Another requirement of off-plane tracking is to acquire the pre-beamforming ultrasound data 

from the imaging probe. An ultrasound DAQ system can be used for this purpose. A typical 

example is the SonixDAQ system from Ultrasonix Inc.. It is a device with 128 receiving channel 

ultrasound analog frontend, ADC, buffer and USB2.0 data interface, designed to interface 

ultrasound probes directly. However, this type of device is built for research purposes, and is not 

commonly available in clinic facilities. To make the off-plane tracking generally deployable in 

the real world healthcare environment, there is a demand for using conventional clinical 

ultrasound systems to acquire the data. The major challenge is that almost all modern clinical 
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ultrasound systems have a hardware beamformer or low level embedded software beamformer. 

The raw signal acquired from each probe element is not accessible for the users.  

One method to solve this problem is to bypass the integrated beamformer. Since ultrasound 

reception beamforming is essentially the delay and sum between different channels, if the 

channel number is reduced to 1, the beamformer will not have any effect on the raw element data. 

Since the clinic ultrasound system acquires one RF line every time, theoretically the RF line 

waveform should be the same as the raw signal received by the corresponding element. Using 

this method, a 2D pre-beamforming image can be acquired by scanning the RF lines over the 

field of view. 

This method requires the signal source transmit for each RF line in the ultrasound image 

acquisition, and the firing needs to be controlled by the ultrasound line trigger. A 905D3S3J09R 

PLD is used in the experiment setup due to its high repetition rate and random time firing 

capability. The laser is focused on a black plastisol phantom, which is used as the photoacustic 

target material. A SonixTouch clinical ultrasound imaging system with a L14-5W probe is used 

for the data acquisition. Customized data acquisition software (MUSiiC Software Kit) based on 

the Texo SDK is used to configure the ultrasound receiving aperture. For comparison purposes, a 

SonixDAQ system is also connected to the same probe to acquire the raw channel data. 

Figure 4-6 shows the signal comparison of the same channel between the DAQ and the clinical 

ultrasound system bypassing the beamformer. The peak position of the utrasound signal is very 

close, and the waveform is hard to compare due to the high noise. The signal from the clinical 

ultrasound system has a slightly better SNR. 
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Fig 4-6. The waveform of channel #40. Top: the data acquired by the clinical 

ultrasound system with the beamformer bypassed. Bottom: the data acquired by the 

SonixDAQ system. 

 

 

Fig 4-7. The acquired pre-beamforming images. Top: the data acquired by the clinical 

ultrasound system with the beamformer bypassed. Bottom: the data acquired by the 

SonixDAQ system. 
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Fig 4-8. The delay and sum beamformed photoacoustic images. Top: the image based 

on the clinical ultrasound system data. Bottom: the image based on the DAQ data. 

 

Figure 4-7 shows the comparison of the pre-beamforming images. It is clear that the image 

acquired by the clinical system has an even better SNR than the DAQ system. The beamformed 

images are shown in figure 4-8. This result indicates that using clinical ultrasound system with a 

reduced receiving aperture is a feasible way to acquire the pre-beamforming signal. 

There are two major limitations of the first proposed method. The first one is that reducing the 

receiving aperture to 1 is not a commonly available function in clinical ultrasound systems. In 

our experiment, this is achieved by using a customized software and channel mask method. The 

second limitation is the low efficiency. Since every laser firing there has only one element is 

receiving, most of the ultasound wave reaching the probe is not captured. So more laser pulses 

are needed to achieve the desired SNR. 
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We proposed a second method called the inverse beamforming to address these problems. The 

idea of this method is based on three hypothesis: 1, localizing a point ultrasound source does not 

need to acquire its whole wave front. 2, According to Huygens-Fresnel principle, a non-point 

source can be considered as a cloud of multiple point sub-sources. 3, Given the distribution, 

intensity and phase of the sub-sources, the pre-beamforming data can be derived. 

 According to Huygens-Fresnel principle, giving any wavefront, we can assume that each point 

on this wavefront is a sub-signal source. So it is possible to reverse the beam propagation process 

from the RF data acquired by the clinic system, and reconstruct a map of the original signal 

source. In this specific case, each pixel on this image can be considered as a sub-signal source. 

The value of the pixel represents the signal amplitude. Once the signal source map is derived, we 

can “fire” an ultrasound pulse from each pixel. By summing up all the time reversal wavefronts, 

and correct the known distortion caused by the incorrect beamforming, the original channel data 

can be derived. 

 

Fig 4-9. The inverse beamforming method.  
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Figure 4-9 shows the three steps of the inverse beamforming method. The first step is to 

reconstruct the signal source map, the value of each pixel on the map indicates the signal source 

intensity at that particular position. For each pixel (xn, yn), the intensity is derived by integrate 

along the curve: 

 

By repeating the integration for all pixels, we get the signal source map. The second step is to 

mimic the data acquisition process, find the signal value of a sampling point in the pre-

beamforming image. For each pixel (Xn, Yn), integrate along the circle: 

 

The last step is to repeat the step 2 for all pre-beamforming image sampling points, so a pre-

beamforming image is reconstructed. 

Figure 4-10 shows the comparison of the proposed method and the DAQ reference. In the 

inverse beamformed image, the wavefront is correctly reconstructed. Most of the details, like the 

ringing after the main signal peak, are also preserved. A low frequency ripple artifact can be 

clearly seen in the inverse beamformed image. Figure 4-11 shows the corresponding B-mode 

images after the DAS beamforming and envelop detection and log compression. The result 

indicates that the proposed inverse beamforming method is capable of reconstructing the pre-

beamforming photoacoustic signal from the clinical ultrasound system data. 



 79  

 

Fig 4-10. Left: the incorrectly beamformed photoacoustic image acquired by the 

clinical ultrasound system. Middle: the pre-beamforming image processed from the left 

image using the proposed inverse beamforming method. The image is acquired with a 

receiving aperture size of 64. Right: the pre-beamforming image acquired by the DAQ. 

 

 

Fig 4-11. Left: the incorrectly beamformed photoacoustic B-mode image acquired by 

the clinical ultrasound system. Middle: the DAS B-mode image processed from the 

clinical system data using the proposed inverse beamforming method. Right: the B-

mode image based on the DAQ data. 
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4.6 Conclusions 

In this work, we demonstrated an ultrasound calibration framework that accounts for out-of-

plane uncertainty. In addition, we present the use of an active phantom to simplify the 

segmentation process. The point reconstruction precision was 0.64mm.in our experimental data. 

An asynchronous data acquisition method is proposed and tested to improve the low intensity 

off-plane signal processing. An inversed beamforming method is also developed to enable the 

off-plane tracking using a clinic ultrasound system. Future work will include comparisons with 

current methods in terms of acquisition time and reconstruction precision. 
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5. Integrating light into US Interventions 

In previous chapters, we presented our work of interventional tool tracking, imaging and 

calibration using ultrasound. In this chapter, a new element, light, is introduced to our system. As 

an electromagnetic wave, light has very limited direct interaction with acoustic waves. However 

through photoacoustic (PA) effect, light can be converted to acoustic radiations in the rapid 

thermal expansion process. Furthermore, acoustic wave can also be detected by optical methods, 

like interferometry. In recent years more and more work has been done to combine the two for 

medical applications. The marriage brings unique benefits that cannot be achieved by either of 

them separately. In this chapter, we will focus on light sound integration in interventional 

medical devices. We designed and built experimental systems based on different light sources, 

studied the efficient PA signal generation method, developed the prototype optical based 

ultrasound tool tracking system, and investigated the data acquisition methods for PA systems. 

 

5.1 Introduction 

In medical ultrasound, the most common way to generate and detect acoustic signal is using 

piezoelectricity effect. The nature of piezoelectricity is electric dipole accumulation. In 

piezoelectric materials, micro electric dipole structures are usually formed in asymmetric 

charged crystal lattice or molecular clusters. The dipoles can have an anisotropic distribution due 

to the inherent material structure or an external poling. When mechanical stress is applied, the 

dipole distribution changes due to the material deformation, so a variation of the electrical field 

is generated. Similarly, through the reversed effect, an external electrical field can also change 



 82  

the dipole polarization equilibrium and cause a mechanical stress. Depending on the conditions, 

the kinetic-acoustic energy conversion efficiency, which is the most important characteristic for 

transducers, can be as high as 80-90% in some materials. In medical ultrasound, PZT material is 

mostly used to build transducers due to its balanced transmission, receiving sensitivity and long 

endurance. PVDF material is mostly used in receive only sensors, due to its excellent receiving 

sensitivity, broader bandwidth and lower acoustic impedance. 

Capacitive micro-machined ultrasound transducers (CMUTs) is a relatively new approach of 

generating and sensing acoustic wave. Using micro-electromechanical systems (MEMS) 

fabrication technologies, capacitors with a conductive membrane as the top electrode and the 

substrate as the bottom electrode are built on semiconductor wafers. When the capacitor is 

charged, the membrane deforms due to the electrostatic attraction between the two electrodes, so 

the electrical energy is converted to kinetic energy. For acoustic signal reception, the biased 

capacitor electrode spacing is modulated by the acoustic wave, so an alternating electrical signal 

is produced. The advantages of CMUTs include high frequency, broad bandwidth, small element 

size, and large array number. CMUTs are potentially capable of generating high resolution 3D 

images due to their broader frequency range and smaller element size. CMUTs are easy to 

integrate with on-chip electronics. [32-45] This is especially important for high element count 

transducers. Although the technology is promising, currently CMUTs transducer still has not 

been employed in commercialized ultrasound imaging probes. This is mainly due to several 

limitations, including lower power density, lower sensitivity, and shorter operation life. Although 

CMUTs have better impedance matching in medical applications, the overall sensitivity is still 



 83  

about -10dB lower than the comparable PZT transducers. The device performance degrades after 

long time operation due to material fatigue and dielectric layer charge trap. 

Different from PZT and CMUTs, which produce acoustic wave from electrical energy, 

photoacoustic enables the conversion between light and ultrasound. When a target material is 

illuminated by an optical wave, the light absorption causes the temperature increase, and the 

material thermal expansion converts the heat to kinetic energy. If the optical illumination is rapid 

enough that the expansion happens in a very short time, an acoustic pulse will be generated. [46] 

The discovery of photoacoustic can be traced back to a few hundred years ago. However, it is 

still an experimental technology in the medical field until recent years. The advances in compact 

pulsed lasers as well as the ultrasound data acquisition system make photoacoustic more and 

more realistic in clinical applications. Generally speaking, the use of photoacoustic in medical 

applications can be categorized in two forms: imaging modality and ultrasound source.  

In the first form, non-ionized short light pulses (visible and near infrared, usually with a 

nanosecond pulse duration) are delivered to the region of interest. The photon energy is absorbed 

by the surrounding tissue, causing an instantaneous temperature elevation. The thermal 

expansion excites ultrasound wave emission. The process is also called thermalelastic expansion. 

An ultrasound receiver, usually a transducer array, is used to passively receive the ultrasound 

signal and reconstruct the image. Since the photon absorption rate highly depends on the tissue 

optical property, photoacoustic imaging provides a unique advantage of revealing the 3D 

structure of optical property distributions. Tumors, which sometimes share very similar 

mechanical properties with surrounding tissue, usually show different color and transparency, 

making the photoacoustic method especially suitable for cancer detection. Moreover, because the 
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target itself is the ultrasound source, photoacoustic is potentially capable of detecting smaller 

tumors. Because of the unique properties, photoacoustic imaging is not only an alternative or 

supplementary method to X-ray, MRI and conventional ultrasound in clinic diagnostics, it also 

provides a new way of functional structure detection that cannot be achieved by other imaging 

modalities. Photoacoustic imaging also has many limitations, the most important of which is the 

light penetration depth, which is usually less than a few centimeters. This makes most of the 

photoacoustic imaging limited to skin or shallow tissue area. 

In the second form, photoacoustic is used to create an acoustic source to replace piezoelectric or 

other type of ultrasound transmitters. [47, 48] Different from the first form, the light is delivered 

to a target material, which is usually recoverable and has high light-acoustic conversion 

efficiency. Ultrasound wave is produced at the illumination point, and can be used for tracking or 

imaging purposes. There are several advantages of photoacoustic ultrasound source compared to 

other methods First, the generated ultrasound wave is directly determined by the light pulse and 

target characteristics.  So using photoacoustic makes it is easy to create a highly configurable 

acoustic source. For example, we can generate an ultra-broadband highly omnidirectional 

ultrasound beam using short light pulse, tight focus and highly absorptive material, we can also 

generate a narrow bandwidth highly directional ultrasound beam by changing configurations. 

The second advantage is that photoacoustic source does not have an electrical wire connection. 

This is extremely useful when an ultrasound pulse needs to be generated remotely, or in a metal-

free environment. The third advantage is the small size. It is easy to make a single photoacoustic 

ultrasound source as small as less than a hundred microns. Considering the wiring, it is much 

more difficult to achieve with piezoelectric ultrasound sources. The major disadvantage of 
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photoacoustic ultrasound source is the low conversion efficiency, or the low generated acoustic 

signal amplitude. In the thermoelastic expansion process described previously, the produced 

acoustic energy is usually less than 1% of the photon energy, of which the majority becomes 

thermal energy and dissipates in the photoacoustic material. [49] Improving the conversion 

efficiency and output energy becomes a crucial task in photoacoustic source applications. 

When combining light and ultrasound in medical applications, besides photoacoustic there are 

several other elements that determine system capabilities and performance.  

The first element is the light source. Early photoacoustic researchers mainly used modulated CW 

laser as the light source. Due to the limited modulation frequency and peak power, the generated 

ultrasound signal amplitude is very small and therefore cannot satisfy the imaging and tracking 

requirements. In modern medical photoacoustic system the ultrasound frequency usually ranges 

from 1 to tens of megahertz, which means the light pulse duration needs to be in the tens to 

hundreds of nanosecond range. Due to the very short pulse duration, the source needs to have a 

high brightness in order to deliver enough energy. For example, to achieve an illumination 

energy density Ed=1mJ/cm2, which is a typical value in photoacoustic imaging, suppose the 

illumination area A=1cm2, and the pulse duration t=5ns, the peak light power Ppeak can be 

estimated by: 

 

To achieve such a high power light emission, Q-switch lasers are the most typical light sources 

in photoacoustic research. By controlling the quality factor of the resonator, Q-switch lasers are 

capable of pumping the lasing medium and discharging it within a short amount of time, so it is 
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an ideal high power, short duration light source. In photoacoustic applications, usually the pulse 

energy ranges from 10-1 to 103 mJ, depending on the repetition rate. Major disadvantages of Q-

switch lasers include high cost, large size, high power consumption, low dynamic control of the 

power, pulse duration, and firing timing, etc. As the research and developments of photoacoustic 

system grow rapidly, alternative light sources are proposed and investigated. Examples include 

pulsed X-rays, pulsed microwaves, high power LEDs, flash lamps, and pulsed laser diodes 

(PLD), etc. The discussion of all these light sources is beyond the scope of this dissertation thesis. 

We will report more details of the Q-switch laser and PLDs used in our systems in the following 

paragraph. 

Another element is the optical based ultrasound sensor. The basic idea of sensing ultrasound 

beam by light is simple: acoustic wave can cause mechanical vibration of mirrors within the 

beam path. If a light beam is reflected by the mirror, the acoustic signal can be sensed from the 

light signal variation. In reality, since the displacement caused by medical ultrasound is very 

small, typically less than a micron, resonant optical ultrasound transducers (ROUTs) need to be 

used to capture such a small vibration. [50] As shown in figure 5-1, an optical fiber based Fabry-

Perot interferometer or etalone is composed of two reflectors (M1 M2) and a transparent spacing 

layer (C1). When placing in an ultrasound field, acoustic wave induces the modulation of the C1 

thickness. In the resonance cavity formed by M1 and M2, the laser phase variation is converted 

to a detectable amplitude variation, so the acoustic waveform can be read out through the 

reflected laser intensity response. 
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Fig 5-1. The structure of the fiber optic hydrophone. 

 

In this chapter, we will introduce photoacoustic experimental systems we built based on Q-

switch laser and high power PLDs, the light delivery devices for different applications, and the 

interventional tool integrations. We will present the work investigating the optimized 

photoacoustic point source design for interventional applications. Following the work presented 

in the previous chapters, we developed an all-optical Active Ultrasound Pattern Injection System 

(AUSPIS), and validated the performance with water tank experiments. Finally, we investigated 

the signal acquisition methods that better satisfy the medical photoacoustic applications. 

 

5.2 Optics and Electronics for Interventional Optical-Acoustic Devices. 

Two experimental platforms are designed and built to enable integrated optical ultrasonic 

intervention research. The first system is based on a Nd:YAG Q-switch laser, mainly for high 

power photoacoustic applications. The second system is based on PLDs to investigate the 

feasibility of using this low cost compact light source for different clinic applications. We also 

customized several light delivery systems for different applications. 
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5.2.1 The Q-switch Laser Based Experimental Platform 

 

Fig 5-2. The block diagram of the Q-switch laser based photoacoustic experiment 

platform. 

 

The system diagram of the Q-switch laser based experimental platform is shown in figure 5-2. 

The light source is a Quantel Brilliant 1064nm Nd:YAG Q-switch laser with a pulse duration of 

5ns, repetition rate of 10Hz, and a maximum output energy of 360μJ/pulse. A second harmonic 

(2ω) module is installed to generate 512nm laser output. The 512nm output is sent to an optical 

parametric oscillator (OPO) module to produce a 700-960nm wavelength adjustable laser beam. 

The OPO output first passes through a 45 degree cold mirror, so the residual 512nm green beam 

will be reflected. The filtered beam is split in two by a Glan-Taylor prism mounted on a 

rotational stage. Since the G-T prism is able to split the s and p polarized beam, rotating the 

prism will change the split ratio, so the transmission beam intensity can be adjusted. Because the 

2ω and OPO module is very sensitive to the input laser energy, a small variation on the Nd:YAG 
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laser may cause a large fluctuations on the OPO output. A small fraction of the laser beam is 

directed to a photodiode (PD), and the detected signal is amplified and acquired by a data 

acquisition device (DAQ), so the relative energy of each laser pulse can be recorded and used in 

the data correction. The PD data acquisition may use the same DAQ device that collects the 

ultrasound signal. In this case, one of the 128 receive channels is used for the PD signal 

recording, and the remaining 127 channels are used for the ultrasound signal. An analog peak 

detector needs to be used here, since the sampling frequency of ultrasound DAQ is just 80 MHz, 

which is not fast enough to capture 5ns laser pulses. The laser beam is then focused using a long 

focal length lens. Instead of putting the fiber before focal point, the optical fiber is mounted 

behind the focal point for the input coupling. Our test result shows that this configuration has 

less risk of damaging the fiber.  

The OPO and 2ω modules only use a fraction of the total input laser energy to produce the 

wavelength adjusted beams. The remaining 512nm and 1024nm beams are sent out from two 

separate ports. Flip mirrors are used to switch the light source between OPO, 1064nm and 

512nm laser beams. The laser energy can be controlled by adjusting the Q-switch delay. The 

measured laser pulse energy with the corresponding Q-switch delay is shown in figure 5-3. 
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Fig 5-3. The laser power at different Q-switch delay. Top: the 1064nm and 512nm 

output power of the Q-switch laser vs different Q switch delay. Bottom: the OPO 

output energy at different Q switch delay. 

 

5.2.2 The PLD Based Experimental Platform 

Q-switch laser is capable of producing high brightness and short duration laser pulses, which is 

important in photoacoustic systems; however it also has limitations. One is the limited control of 

the pulse timing, duration and repetition rate. Because of the principle of Q-switching, it is very 
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challenging to fire it at random timings without a significant delay. The pumping mechanism 

also sets a minimum idle period between laser pulses. A second limitation is the size, weight and 

cost. These lasers usually include a water cooling system, high voltage power supply and a fairly 

large optical unit, and cost tens of thousand dollars. It is a challenge to integrate them with some 

medical devices when size or cost is a concern. 

 

Fig 5-4. The emitter stack of the 210W and 650w PLDs. 

 

To overcome these limitations, we built and investigated a photoacoustic experiment system 

based on pulsed laser diodes. High power pulsed laser diode is a type of quantum well device 

that is optimized for low duty-cycle high peak power operations. Some of them use a multi-stack 

structure to achieve higher output power. In our system, 905D3S3J09R and 905D5S2L3J08R 

PLDs from Laser Components Inc. are used, as shown in figure 5-4. The former is composed of 

3 quantum well elements and has a peak output power of 210W. The latter has 10 elements, and 

the peak output power is 650W. Both of these PLDs have a central wavelength of 905nm, 
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bandwidth of 8nm, and output divergence angles of 20 degrees (parallel) and 12 degrees 

(perpendicular).  

 

Fig 5-5. The circuit schematic of the PLD driver. 

 

To drive these PLDs for photoacoustic application, a driver needs to provide a short electrical 

pulse with a duration less than a few hundred nanoseconds, voltage of 50-100V, and a current of 

several 10s amps. We customized a driver circuit, shown in figure 5-5. The driver is controlled 

by an external embedded programmable controller, which provides both a trigger signal and a 

10-100V adjustable power supply to HVin. C4 is a low equivalent series inductance (ESL) 

capacitor, and Q1 is a low RDS high current power N-MOSFET. When the high voltage is 

applied, C4 is charged to the HVin voltage. A trigger signal will excite the gate driver GD1 to 

turn Q1 on for a short amount of time. C4 will discharge through the PLD, and the laser pulse is 

produced. The laser pulse duration is determined by the trigger signal duration, and the peak 

output power can be adjusted by changing the HVin voltage. 
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Fig 5-6. Two PLD output configurations. (a) The single PLD fiber coupling device. (b) 

The multiple PLD laser spot projection device. 

 

The PLD output is usually configured in two different ways. The first is fiber coupling, in this 

case, an aspherical lens pair is used to collect the beam and converge to a 200-400μm core multi-

mode fiber tip, as shown in figure 5-6a. Only 210W PLD is used in this configuration, because 

the 650W PLD has a much larger emission area, which makes it difficult to focus the beam on a 

small fiber tip. The second configuration is direct projection. Some applications require one or 

more laser spots directly projected onto the sample surface. In this case, a convex aspherical lens 

with a diameter of 2 inch and a focal length of 40mm is used to focus the beam. Multiple PLDs 

can share the same lens to generate a spot pattern, as shown in figure 5-6b. 
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Fig 5-7. The laser power measured at the fiber output tip. 

 

 

Fig 5-8. The PLD photoacoustic signal generated on an ex vivo liver tissue surface. The 

PLD is 905D5S2L3J08R from Laser Components Inc., with a wavelength of 905nm, 

and peak power of 605W. The diameter of the laser spot on the tissue surface is about 

1mm. (a) The signal waveform with different laser pulse duration. (b) The 

corresponding ultrasound spectrum. 
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The state of the art PLDs available on the market have a peak power of a few 100s to 1000s 

watts, which is about 3 to 5 orders lower than a typical Q-switch laser. Since the peak power is 

limited, the only way to improve the pulse energy is to increase the pulse duration. However, 

longer pulse duration will result in a narrower bandwidth and lower central frequency. To 

generate a photoacoustic wave that can be captured by a clinic ultrasound probe with a good 

SNR, the minimum laser pulse energy should be in the level of a few micro joules, which means 

the pulse duration should be in the range of 50-200ns. 

Figure 5-8 shows the waveform and the frequency spectrum of the PLD generated photoacoustic 

wave at different pulse duration. The signal central frequency is lower than 3MHz, and slightly 

decreases when the pulse duration is increased. The signal peak amplitude increases with longer 

pulse duration. This measurement result indicates that with this system, low frequency probes 

should perform better than high frequency probes to capture the PLD photoacoustic signal. 

Figure 5-9 shows the pre-beamforming image acquired by a low frequency probe (2-5MHz) with 

different laser pulse duration. From the comparison it is clear that longer pulse duration 

effectively improves the image SNR. As a comparison, an image under similar conditions is 

captured by a high frequency probe (5-14MHz), shown in figure 5-10. As expected, the signal 

SNR is much worse than the ones shown in figure 5-9. 
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Fig 5-9. The PLD photoacoustic signal acquired by a 128 element Ultrasonix C5-2/60 

convex probe with a frequency range of 2-5MHz and a SonixDAQ system. The 

horizontal axis is the number of elements; the vertical axis is the number of samples. 

The DAQ sampling frequency is 40MHz. All figures have the same dynamic ranges. 

 

 
Fig 5-10. The PLD photoacoustic signal acquired by a 128 element Ultrasonix L14-5W 

linear probe with a frequency range of 5-14MHz and a SonixDAQ system. The laser 

pulse duration is 70ns. 
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5.2.3 Light Delivery System 

a) iPASS Multi-Spot Laser Projector 

Interventional Photoacoustic Surgical System (iPASS) is a novel ultrasound optical surgical 

guidance technology developed recently in JHU MUSiiC Lab. [47, 48] In modern surgical 

interventions, both stereo camera and ultrasound system are commonly used for imaging and 

tracking purposes. However, the integration of these two modalities suffers from several 

limitations, like low accuracy due to indirect registration, line of sight constraint, etc. iPASS, 

instead, provides a solution that solves these problems with a fairly simple system. The main 

idea is that if we can to introduce a fiducial marker that can be seen in both camera and 

ultrasound, a direct transformation between the two domains can be performed, so the 

registration becomes more accurate and reliable. Photoacoustic is an ideal way to generate these 

fiducial markers. By shining a short duration laser spot onto the target tissue surface, acoustic 

wave is generated through the thermalelastic expansion. At the same time, the projected laser 

spot can be captured by a stereo camera. The laser spot and the acoustic wave source are 

essentially the same spot, thus accurate registration can be performed from the common point in 

both ultrasound and camera domain. In our preliminary experiment, sub-millimeter registration 

accuracy can be achieved. 

To derive the 6 DOF transformation between ultrasound and camera coordinate, a single laser 

spot is not sufficient. In this case, a pattern composed of multiple laser spots is needed. For the 

experiment investigation, the pattern size and the projection distance should be adjustable. A 
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multi-spot laser projector is designed for this purpose. As shown in figure 5-11, a bundle 

composed of seven 200μm core size multi-mode optical fibers is used to deliver the light from a 

Nd:YAG laser. At the output end of the bundle, each individual fiber is inserted into a stainless 

steel tube. The seven tube fiber guide array is fixed on a cage system and pre bended to form a 

hexagon distribution. The size of the hexagon can be controlled by moving a pattern size adjuster, 

which limits the open up angle of the array. The projection distance can be controlled by 

adjusting the spacing between the fiber tip and the lens. 

 

 

Fig 5-11. The fiber bundle multi-spot pattern projector. 
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b) Photoacoustic Sensing Catheter for Occlusion Detection 

Occlusion is one of the major causes of failure in intravascular or ventricular catheter 

implantation. Take the ventricular catheter for hydrocephalus treatment as an example: nearly 70% 

of mechanical malfunctions are caused by occlusion while the most common type of mechanical 

obstruction is blockage of the proximal end of the shunt, usually caused by the growth of choroid 

plexus into the ventricular catheter, preventing the relief of the cerebrospinal fluid (CSF) buildup. 

Tubing replacement is a typical solution for this problem; however, it increases the risk of 

hemorrhage as it can cause bleeding from the highly vascular choroid plexus, resulting in intra-

ventricular hemorrhage that increases the risk of subsequent shunt malfunction and can also 

result in more severe neurologic injury. Another solution is to clean up the existing tubing. This 

approach requires the detection and localization of the occlusion inside the catheter. 

Photoacoustic sensing is a hybrid technique that combines advantages of ultrasonic deep-tissue 

imaging with the optical-absorption contrast. In this study we developed a miniature forward-

sensing PA catheter that can characterize target properties located inside a tubing. [51-55] The 

catheter includes an optical fiber to illuminate the target with pulsed laser light and a 

piezoelectric sensing element to detect the generated PA signal. 

The design of the catheter is shown in figure 5-12. A PZT-5H element with a diameter of 1mm, a 

thickness of 0.25mm and a center frequency of 10MHz is integrated into a stainless steel tube, 

which has an inner diameter of 1.2mm and an outer diameter of 1.5mm. The tube also serves as 

the ground connection of the element and shielding. A conductive epoxy seals the tube opening 
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and connects the tube to the element ground electrode. A 1mm copper rod with insulator coating 

is used as the element backing component and the signal wire connection. A 200μm core size 

optical fiber is attached to the outside of the tube. 

  

 

Fig 5-12. The structure of the photoacoustic sensing catheter for occlusion detection. 

 

Figure 5-13 shows the received signal waveform when the photoacoustic sensing catheter 

moving inside a brain shunt tube. A piece of cow brain tissue is placed in the tube to mimic the 
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occlusion. From the figure, it is obvious that when the catheter moves closer to the occlusion, the 

signal time delay decreases, and the overall signal amplitude increase. Another effect is the 

change of signal waveform. There are three causes for this: the tube acoustic waveguide effect, 

laser beam divergence and reflection. The analysis and simulation is detailed in one of our 

publications. 

 

Fig 5-13. The photoacoustic signal received by the prototype catheter. 

 

c) Side-Shooting Light Delivery Catheter for Implanted Seed Detection 
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In chapter 3, we discussed the application of AUSPIS as active ultrasound markers to produce a 

reference point for the transrectal probe. Now we will introduce the second part of the system, 

the side shooting light delivery catheter for implanted seed photoacoustic detection and imaging. 

Brachytherapy is emerging as a common form of localized treatment for prostate cancer. 

Treatment is administered by permanently implanting tiny radioactive seeds in the prostate. Once 

implanted, radiation is slowly released from the seeds to treat the tumor. A major challenge in 

brachytherapy treatment is the mismatch between the planned and actual seed location, usually 

caused by seed migration, prostate motion, edema, or surgeon-dependent implantation errors. 

These seeds are hard to locate with conventional transrectal ultrasound, which is the commonly 

used prostate imaging technique, because of the small size of these seeds and the presence of 

tissue structures that may be mistaken for seeds.  

 

Fig 5-14. The CAD design and test picture of the side shooting fiber. (a) Design 

components of the side-firing fiber. (b) Photographs of a custom-built fiber prototype. A 

640nm laser is coupled to the fiber to visualize the output pattern. (c) The laser spot size 

projection on a sheet of paper resting on the surface of the quartz tube. The dashed ellipse 

was drawn to scale on the photograph to show the perimeter of the surface area 

calculated with the parameters listed in Table 5-1.  
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Photoacoustic imaging is an excellent complement to ultrasound imaging when localizing 

brachytherapy seeds. Because the optical energy absorption and optical-acoustic conversion 

efficiency is highly related to the material property, which is very different between tissue and 

metal, photoacoustic imaging provides optimal contrast between seeds and the surrounding tissue. 

Several groups have successfully demonstrated the feasibility of using photoacoustic imaging 

combined with ultrasound for localization of brachytherapy seeds based on transperineal or 

transrectal light delivery. 

Because optical beam has limited penetration depth inside tissue, the light should be delivered as 

close as possible to the region of interest. In this work, we developed an interventional catheter 

that can be applied in a transperineal or transurethral way. To achieve the desired illumination 

configuration, the light output has a 90 degree angle to the catheter axis. As shown in figure 5-14,  

 

Fig 5-15. The estimation of the illumination laser energy density of the side shooting 

fiber. (a) Schematic diagram showing the dimensions of the laser spot size on the 

surface of the quartz tube.  The dimensions of the light emitted in (b) longitudinal and 

(c) axial cross sections of the fiber are related to the side-firing fiber design parameters. 

The mirror was removed from the longitudinal cross section to simplify the diagram. 
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A multimode 1-mm core diameter optical fiber with a numerical aperture (NA) of 0.39 was 

polished at a 45 degree angle. This angle directed a fraction of the light 90 degrees to the fiber 

axis using principles of total internal reflection. To collect and reuse the remaining light directed 

at an angle less than 90 degree to the fiber axis, a mirror was constructed from a metal rod 

polished to a 45 degree angle. The fiber and mirror were inserted into opposite ends of a quartz 

tube and oriented with their polished faces coincident to each other. The tube had an outer 

diameter of 2 mm. Epoxy was used to permanently fix the fiber and mirror in this orientation 

inside the quartz tube and create the side-firing fiber prototype. 

When delivering laser to tissue, for safety reasons it is always required to limit the light energy 

power to avoid undesired damage. So estimating the laser energy density is important in the 

catheter design. Energy density, U, is given by the measured energy, E, divided by the surface 

area of the illumination. By estimating the laser spot on the surface of the quartz tubing as an 

ellipse, the surface area is defined by the following equation: 

 

where l is the long axis of the ellipse and S is the short axis, as illustrated in Fig. 6-12(a). The 

long and short axes can be calculated by considering the longitudinal and axial cross sectional 

views of the fiber, as shown in figure 5-15 (b) and (c), respectively. Assuming that all of the light 

is redirected 90 degree to the fiber axis, the light measured through the longitudinal side of the 

fiber has the same profile as light through an unaltered fiber tip, the fiber and tube are concentric, 

and the air gap between them is negligible, l can be derived as: 
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where R the radius of the fiber, Rtube is the outer radius of the quartz tube, y1 and y2 are the 

distances from the fiber to the outside of the tube (as defined in Fig. 5-16 (b)), and θ is the half-

angle of the light cone exiting the fiber in air (estimated from the NA and the index of refraction 

in air, nair). 

 

Table 5-1. Summary of side-firing fiber design parameters 

Parameter Symbol Value 
Numerical aperture 
Index of refraction in air 
Index of refraction in glass 
Half angle of light cone 
Angle of refraction 
Critical angle 
Effective critical angle 
Radius of fiber core 
Radius of quartz tube 

NA 
nair 
nglass 
θ 
α 
γ 
γe 
R 

Rtube 

0.39 
1.00 
1.45 

23.0◦ 
15.6◦ 
43.6◦ 
20.2◦ 

0.5 mm 
1.0 mm 

 

The following expression for S can be obtained by considering Fig. 5-16 (c) and the limited light 

that can escape given internal reflections caused by the curved surface of the fiber: 

 

where α is the angle of refraction in the fiber, which determines the maximum angle of light 

exiting the curved fiber surface (estimated from the NA and index of refraction in glass, nglass), 

while γe is the difference between α and the half angle of the light exiting the quartz tube in the 
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cross-section of Fig. 5-16(c) (i.e., sin−1(s'/2Rtube)). After applying trigonometric laws to the 

geometry shown in Fig. 5-16(c), γe is given by the expression, 

 

Given the similarity of this expression to the critical angle for total internal reflection in the fiber 

(i.e. γ = sin−1(nair/nglass)), γe can be thought of as the effective critical angle of the light after 

passing through the quartz tube. So the surface area can be expressed as: 

 

The design parameters for the side-firing fiber shown in Fig. 5-15 are reported in Table 6-1. 

Using these parameters, we can derive that l=1.8mm, S=1.2 mm, and Area=2.2mm2, respectively, 

which are reasonable estimates, as indicated by the ellipse with these dimensions, superimposed 

on the laser spot photograph in Fig. 5-15 (c). Eq. 5 was used to estimate energy density for a 

range of NA values, fiber diameters, and tube diameters. In addition, the energy limit, Elim, for a 

particular energy density limit, Ulim, can be derived: 

 

Obviously, increasing the fiber NA, core size and the quartz tube radius provides more surface 

area and a higher safe energy threshold, but the tube diameter is limited by the size of the urethra 

(e.g. 6mm).  For the fiber prototype that was tested, the quartz tube diameter was limited by the 

inner dimensions of the urinary catheter (e.g. 2mm). The surface area of light emitted from our 

prototype would have been improved by up to < 3 mm2 (i.e. a factor of 1.4 increase) with a larger 

diameter fiber and a thinner tube wall (i.e. Rtube−R=0.1 mm). However, a wall thickness this 
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small would be more fragile; thus our prototype was optimized considering these physical 

constraints. 

 

 

Fig 5-16. (a) Input-output energy relationships for the side-firing fiber prototype, 

measured with and without the catheter surrounding the fiber.  The error bars show the 

standard deviation of three repeated measurements, and similar errors are expected for 

all energy measurements. (b) Energy limits were calculated for various NA values 

given the fiber and tube radii corresponding to the prototype (R=0.5mm and 

Rtube=1.0mm, respectively), a tube radius corresponding to the urinary catheter 

(Rtube=2.65mm), and a larger fiber radius (R=0.75mm). 

 

The energy entering the optical fiber was compared to the energy output of the side-firing fiber 

before and after insertion into the urinary catheter.  Fig. 5-16(a) demonstrates that similar 

energies were achieved in both cases, particularly for lower output energies. Three readings of 

average energy per pulse were recorded when light was transmitted without the catheter in place, 

and the resulting readings from the energy meter were averaged with error bars depicting ± one 

standard deviation. The largest standard deviation was 0.2mJ. Although not shown, similar 
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standard deviations (i.e. error bars) are expected for all input and output energy measurements. 

Fig. 5-16(b) shows the energy limits required to satisfy the 100mJ/cm2 safety limit for skin 

exposure at a wavelength of 1064 nm, as the NA was varied from 0.1 to 0.5. Results are shown 

for optical fibers with 1mm and 1.5mm core diameters (i.e. R=0.5mm and 0.75mm, respectively), 

tube diameters of 2.0mm and 5.3mm (i.e. Rtube=1.0mm and 2.65mm, respectively), and the 

remaining parameters listed in Table 1. These calculations indicate that the energy limit increases 

with larger numerical apertures, fiber diameters, and tube diameters, due to the larger surface 

area of the laser beam that exits the fiber. 

 

Fig 5-17. Post-operative CT image of three brachytherapy seeds in a canine prostate 

and corresponding ultrasound (US) and photoacoustic images the seeds, acquired 

approximately one hour after euthanasia with  the curvilinear array of the transrectal 

ultrasound probe.  

 

In vivo experiment of the side-shooting light delivery catheter and the proposed photoacoustic 

seed imaging method is performed on dog prostates. Three cylindrical (0.8 mm outer diameter, 

4.5mm long axis), decayed, coated brachytherapy seeds are pre-implanted under transrectal 

ultrasound guidance. The experiment setup is described in chapter 3. A 16 French (i.e. 5.3mm 

outer diameter) silicone urinary catheter (Model 1658-16 BardexQR ) was inserted through an 
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incision in the bladder to avoid the curvature of the urethra near the dog’s pubic bone, which is 

more pronounced than in humans.  The side-firing fiber was inserted into the open end of the 

catheter to image the implanted brachytherapy seeds. The optical energy per pulse delivered to 

the catheter-tissue boundary is about 7.5mJ, which corresponds to an energy density of 

approximately 414mJ/cm2. The distance between the center of the urethra and the seed was 

approximately 1 cm. 

A post-operative CT image of three brachytherapy seeds implanted in one canine prostate with 

similar geometry to the three-seed simulation is shown in Fig. 5-17a.  Seeds #2 and #3 are 

separated by less than 2mm. A corresponding curvilinear ultrasound image is shown in Fig. 5-

17b. The urethra containing the 16 Fr urinary catheter is outlined with a circle. This catheter 

causes a shadow artifact in the curvilinear US image. Seeds #1 and #2, located at radial distances 

of 6-9 mm from the center of the urethra, are visible in this ultrasound image. Fig. 5-17c shows 

the photoacoustic image (colored part) using coherence-based short-lag spatial coherence (SLSC) 

beamformer overlaps the B-mode image as a background. [56] Clearly, the photoacoustic image 

reveals the three implanted seeds, along with photoacoustic signals that correspond to the 

catheter location. The comparison indicates that the prototype system is able to selectively 

enhance the image contrast and localize the implanted seeds, and potentially can be integrated 

with traditional transrectal ultrasound to improve prostate cancer detection and treatment 

strategies. 
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5.3 All-Optical AUSPIS 

In chapter 2 we introduced the concept and design for the active ultrasound pattern injection 

system (AUSPIS). In the proof of concept prototype, the AE element is made of piezoelectric 

materials. They are low cost, easy to fabricate and very sensitive to ultrasound signals. However 

there are also drawbacks. First, some interventional catheters have very small diameters; some 

are less than a few hundred microns. It is difficult to make a piezoelectric AE element with its 

electrical wire connections and isolations within that size. Second, driving a piezoelectric 

element requires electrical pulses with a duration of tens to hundreds of nanoseconds and a 

voltage of 20-50 volts. This may raise safety concerns in some applications. Third, the 

piezoelectric element and the metal wires may cause artifacts when using with CT and MRI 

systems. To overcome these problems, a more compact, non-electrical solution is needed. As we 

discussed in this chapter, optical based acoustic devices can provide alternative solutions to the 

piezoelectric ultrasound elements. In this section, we will introduce an AUSPIS prototype built 

with optical based acoustic components. [57] 

5.3.1. Fiber Based PA Point Sources and Sensors 

Most piezoelectric materials also have the inverse-piezoelectricity property, which makes it 

possible to use the same element as both the ultrasound emitter and sensor. For optical based 

acoustic components, unfortunately, it is difficult to make a single device for both transmission 

and reception. However, the optical fiber based acoustic devices can be very small in size, so it is 

possible to integrate the discrete fiber US sensor and transmitter together to form an transducer.  
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To convert the ultrasound wave to optical signal, fiber based Fabry–Pérot interferometer is a 

used technology that is recently commercially available from several companies. This type of 

sensor is fabricated on the tip of a single mode optical fiber. Multiple reflection layers are coated 

on the tip to form a Fabry–Pérot interferometer. When an ultrasound beam is introduced, the 

layers vibrate with the ultrasound wave and cause variation of the interference laser beam 

intensity. The fiber hydrophone driver receives the optical signal and converts it to an analog 

electrical signal. A major benefit of this device is the extremely small equivalent reception 

aperture size, which is equal to the fiber core size. This makes it a nearly ideal point receiver. In 

chapter 4, we introduced the application of this optical acoustic sensor as a high spatial 

resolution validation phantom for ultrasound calibration. 

On the transmission side, a point acoustic source can be built based on photoacoustic effect. As 

previously discussed, acoustic wave can be produced when a pulsed light is absorbed by a target 

material. The point acoustic source can be built by attaching a piece of photoacoustic sensitive 

material to the fiber output tip, and coupling a pulsed laser to the fiber. With the same amount of 

optical energy, the produced acoustic wave is mainly determined by the target material property. 

Higher optical-acoustic conversion efficiency is always desired in this application. In this work, 

two designs of the photoacoustic point source are investigated. 

The first design is based on solid target material and thermoelastic expansion, which is also 

known as the conventional photoacoustic effect. Theoretically, a highly efficient photoacoustic 

material should have low specific heat capacity, high thermal expansion coefficient, and high 

optical absorption coefficient. In literature, PDMS is one of the most efficient materials for 

photoacoustic generation due to its very high thermal expansion coefficient (3.1 × 10-4m/m*K). 
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PDMS is transparent for visible light. To improve the optical absorption coefficient, the PDMS is 

mixed with carbon nanoparticles before being coated to the fiber tip. 

The second design is based on the liquid phase change expansion, which is also known as giant 

photoacoustic effect. For AUSPIS, the active echo element needs to send ultrasound pulses with 

a minimum triggering delay, high repetition rate and precise timing. Conventional Q-switch 

lasers do not meet the requirement due to pumping time. High power pulsed laser diodes (PLD) 

is a good candidate for this application since they need no pumping and are able to work at a 

very high repetition rate. The major drawback is the pulse energy, which is typically two to three 

orders lower than that of Nd:YAG Q-switch lasers. With such low energy, the acoustic pulses 

produced by the first design may be barely visible in the B-mode image in some cases. The 

conversion efficiency needs to be further improved. Giant PA effect was first discovered by H. 

Chen and G. Diebold in 1995. [58] Giant PA requires a high optical power density so that the 

target material, liquid in most cases, can be superheated within nanoseconds. The rapid phase 

change causes a local cavitation effect, and the thermal energy is converted to acoustic energy 

during the cavity expansion. In some liquid like carbon particle suspension, high temperature 

chemical reactions also contribute to the PA process. The acoustic generation in this process has 

been proved to be 2 to 3 orders more efficient than conventional PA. In the literature, giant PA 

effect is mostly used for nano material study, chemical reaction study, micro bubble generation, 

etc. To the author's knowledge, this work is the first to propose and evaluate a fiber optical based 

point acoustic source using giant PA effect. 
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5.3.2. Prototype System Design 

 

Fig 5-18. Optical AUSPIS prototype setup. a) System diagram. b) AUSPIS controller (top) and 

the receiver/trigger (bottom) c) Tx (the thicker one) and Rx fiber tips on the catheter end. 

 

Figure 5-18 shows the configuration of the optical AUSPIS prototype. The system is composed 

of a catheter with a Tx and Rx fiber integrated, a fiber hydrophone driver, a signal 

receiver/trigger, an AUSPIS control unit, a pulsed laser diode (PLD) driver, and a PLD with a 

fiber coupling system. The Rx fiber with the fiber hydrophone driver is a commercialized 

product developed by Precision Acoustics, Ltd. This optical hydrophone system has a detection 

bandwidth from 250 kHz to 50 MHz, a dynamic range from 10kPa to 15MPa, and sensitivity of 

about 150mV/MPa. The output from the fiber hydrophone system is sent to a receiver/trigger 

that we developed. This device amplifies and filters the signal to increase the SNR and amplitude 

for further signal processing. A trigger circuitry is also implemented to generate a TTL pulse 

when the signal amplitude exceeds an adjustable threshold. Because the main peak of the 

ultrasound can be either positive or negative, the trigger circuitry is designed to be able to pick 

up the peaks with absolute amplitude above a certain threshold. The output from the 

receiver/trigger goes to the AUSPIS control unit, in which an embedded processor monitors the 
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signal in real time and controls the light source to fire laser pulses with a desired timing. To 

inject a virtual pattern, the AE element needs to send ultrasound pulses based on the received 

beacon signal. Since the AUSPIS is a standalone system, the beacon signal from the US imaging 

system is totally unpredictable. This requires the AE element to be ready to fire at any time, able 

to run at a high repetition rate and adjustable pulse width. Conventional Q-switch lasers widely 

used in PA systems do not meet the requirements. Diode lasers have merits of high repetition 

rate, flexible pulse duration and no pumping delay. The major drawback is the pulse energy, 

which is typically four to five orders lower than that of Nd:YAG Q-switch lasers. With such a 

low energy, the generated PA pulses may barely be visualized in the B-mode image. In this 

system, we use a multi-junction high power pulsed laser diode (PLD) 905D3S3j09, which is 

optimized for high peak power pulsed mode operation. A customized laser diode driver with a 

maximum output voltage of 150V and current of 300A is designed and built. The pulsed laser 

diode emission has a wavelength of 905±10nm, a peak output power of 200W, and a divergence 

angle of 20 degrees. An aspherical lens pair is used to couple the laser beam to the Tx fiber, 

which has a core size of 200μm. The fiber output is painted with Indian ink, so the dried ink 

layer will absorb the laser energy and generate PA pulses. 

The catheter used in this experiment is a rubber tube with a diameter of 1.5mm. Both Tx and Rx 

fibers are integrated inside the tube, and the fiber tips are fixed at the same position. In the 

experiment, the laser pulse duration is configured to 50~100ns. So the maximum pulse energy 

delivered to the active echo element can be estimated by: 

pulsepulse tPE max  
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where Pmax is the maximum power, tpulse is the pulse duration, α is the coupling efficiency. 

 

Fig 5-19. The structure of the fiber giant PA cell. The cell is composed of a cylindrical plastic 

cup and a semi-spherical rubber film. A 200 μm core multimode optical fiber is inserted from the 

cup bottom. The fiber tip is fixed to the center of the rubber semi-sphere. The cell is filled with 

Indian ink. 

 

To improve the photoacoustic conversion efficiency, ultrasound source based on giant PA effect 

is also designed and tested. As shown in figure 5-19, an optical fiber is fixed in a liquid cell, the 

laser beam propagates from the fiber tip directly to the liquid. If the liquid, Indian ink in our 

setup, has a high optical density, the laser energy will be absorbed within a very small range and 

turned to heat. When the energy density is high enough to induce overheated liquid within a 

small volume, the liquid will expand instantaneously and a strong acoustic pulse will be 

generated. Obviously, the energy density is critical in the giant PA generation. In the fiber giant 

PA cell configuration, smaller fiber diameter means greater laser density at the fiber tip, and 

higher liquid optical absorption coefficient results in smaller penetration depth. Assuming the 

laser pulse energy is a constant, giant PA effect can be achieved by using thin fiber with highly 

absorptive liquid. In our experiment setup, the fiber core diameter is 200 μm, and the Indian ink 
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optical absorption coefficient is around 4*103 cm-1 at 905nm wavelength. The laser penetration 

depth, defined as at which depth 90% of the energy is absorbed, can be expressed as: 

m
cm

xdepth 8.5
104

1.0ln
13

 

The total mass of the liquid inside the illumination volume is: 

gxrm depthfiberliquidliquid
72 103.1  

where ρliquid is the ink mass density, rfiber is the fiber core radius. To make a rough estimation of 

the minimum laser pulse energy to generate giant photoacoustic signal, we assume that liquid 

inside the illumination volume is uniformly heated, the giant PA effect arises when the ink is 

heated over 100°C from 20°C, and the Indian ink has the same specific heat as water. The water-

carbon chemical reaction and thermal dissipation during the laser heating process are ignored. 

The minimum laser pulse energy for giant PA generation is given by: 

JKKgJgTCmE liquidliquidPA 49%90)20100(/2.4103.1%90 7
min  

The estimated value is about 3 times higher than our PLD output. Higher energy can be achieved 

by multiple PLD coupling, or simply choosing more powerful laser diodes. Since this is a 

preliminary study, in order to investigate the fiber giant PA generation over a large energy range, 

a 1064nm Nd:YAG Q-switch laser is used as the light source in the experiment.  
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5.3.3. Validation Experiment Results 

 

Fig 5-20. Images of virtual pattern injection by the optical AUSPIS. a) The B-mode image when 

AUSPIS is off. b) The B-mode image with AUSPIS turned on. A virtual bar pattern is injected in 

the image. c) The M-mode image of the virtual pattern injection. The AUSPIS is turned on and 

off periodically. The M-mode line position is indicated by the green line in (a). From the M-

mode image the injected pattern variation can be seen clearly. 

 

In the all-optical AUSPIS, the AE element receiving aperture is about 10 μm, which is the size of 

the Rx fiber tip. This is smaller than our previous piezoelectric AE element. The small Rx 

aperture results in a higher spatial signal resolution, so the Mid-plane detection accuracy is 

further improved. In water tank tests, based on the feedback from the AUSPIS, the catheter tip 

can be localized to the B-mode image mid-plane with an accuracy of 100μm. 
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Figure 5-20 shows the image of virtual pattern injection by the optical AUSPIS. The data is 

acquired by a Sonix CEP ultrasound imaging system with a L14-5W linear probe. The 

experiment is performed in a water tank. The catheter is placed vertically, the tip is indicated by 

the spot close to the center of the B-mode image. The bright bands in the image come from the 

catheter holder. In figure 5-20, the AUSPIS control unit is running in the central plane indication 

mode. The system detects the beacon signal from the imaging probe and injects virtual bars 

while the number of bars indicates the signal amplitude. Central plane can be found by adjusting 

the catheter position to maximize the bars. Comparing Figure 5-20 (a) and (b), the virtual bar can 

be seen clearly when AUSPIS is turned on. The M-mode image provides a better illustration of 

how the injected pattern changes over time when the AUSPIS is turned on and off periodically. 

 

Fig 5-21. The giant PA cell test results. a) Received photoacoustic waveform at different laser 

pulse energy. b) The signal peak amplitude versus the laser pulse energy. 

 

The fiber giant PA cell test results are shown in figure 5-21. A hydrophone placed in front of the 

PA cell acquires the waveforms. Both hydrophone and the PA cell are submerged in a water tank. 

On figure 5-21b, the PA signal amplitude increases rapidly when the laser pulse energy goes 
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above a turning point around 40 μJ. Below this turning point, the PA signal is very weak that can 

hardly be detected. An explanation of this phenomena is that below the turning point laser pulses 

do not have enough energy to heat the liquid to a superheated state, so the PA signal is mainly 

generated by the thermal expansion. When the laser energy goes beyond the turning point, giant 

PA effect, which has a much higher acoustic conversion efficiency, dominates the acoustic 

generation process, so the signal amplitude increases rapidly. This turning point matches very 

well with our previous estimation 49μJ. This energy level is still several times higher than our 

prototype PLD system's maximum output, which is less than 10 μJ, so the giant PA cell is only 

tested with the Q-switch laser. However, technically there are many solutions to semiconductor 

laser output energy by at least one order, so the result indicates that fiber based giant PA cell is a 

feasible direction for future study. 

5.3.4. Discussions 

The experiment demonstrated the concept of all optical active echo catheter. Compared with the 

piezoelectric element based system, the all-optical setup has two drawbacks. First, the ultrasound 

pulses generated by the PA element are much weaker than those generated by the piezoelectric 

element. Second, the sensitivity of the fiber optic hydrophone is lower. The first problem can be 

solved in different ways, like using more powerful laser sources, highly efficient PA materials, 

improving the coupling efficiency, etc. PLD stacks with kilowatt level output are commercially 

available. Multiple PLDs with a fiber beam combiner is also a simple way to multiplex the 

power. The pulse energy can be improved by 1 to 2 orders using these methods. The second 

problem can be solved by implementing more sensitive optical hydrophone and improving the 

receiver signal to noise ratio. Due to the miniaturized size of the all-optical AE element, it is not 
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difficult to integrate multiple AE elements on the interventional tool. In this case, not only the 

tool position, but also the pose and shape, can be tracked using the AUSPIS.  

In this work we also investigated the feasibility of building a point ultrasound source using giant 

photoacoustic effect. However, there is a side effect of using ink as the target liquid for giant PA: 

carbon nanoparticles react with water at high temperatures. If the PA cell transmits continuously, 

the carbon particle density will decrease over time. So the carbon ink based PA cell has a limited 

lifetime. The second problem can be solved by implementing more sensitive optical hydrophone 

and improving the receiver signal to noise ratio. 

 

5.5 Conclusions 

In summary, we designed and built the optical and electrical platforms based on both Q-switch 

laser and PLD for the photoacoustic experiments. Several light delivery systems are developed 

for interventional photoacoustic imaging and tool tracking. We investigated the active ultrasound 

element built with all optical based acoustic components and developed an all-optical AUSPIS 

system. The performance is evaluated in water tank experiments.  
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6 Active Phantom: A New Paradigm for Ultrasound Calibration 
 

In ultrasound-guided medical procedures, accurate tracking of interventional tools with respect to 

the US probe is crucial to patient safety and clinical outcome. US probe tracking requires an 

unavoidable calibration procedure to recover the rigid body transformation between the US 

image and the tracking coordinate system. In literature, almost all calibration methods have been 

performed on passive phantoms. There are several challenges to these calibration methods 

including dependency on ultrasound image quality and parameters such as frequency, depth, and 

beam-thickness. In this work, for the first time we introduce an active echo (AE) phantom for US 

calibration. The phantom actively detects and responds to the US beams from the imaging probe. 

This active approach allows reliable and accurate identification of the ultrasound image mid-

plane independent of the image quality. It also enables automatic point segmentations. Both the 

target localization and segmentation can be done automatically, so user dependency is 

minimized. The AE phantom is compared with a gold standard crosswire (CW) phantom in a 

robotic US experimental setup. The result indicates that AE calibration phantom provides a 

localization precision of 223 μm, and an overall reconstruction error of 850 μm. Auto-

segmentation is also tested and proved to perform similarly to manual segmentation. [59] 

 

6.1 Introduction 

Ultrasound (US) imaging systems are widely integrated with tracking or robotic systems in 

medical procedures for tool tracking and image guidance. To integrate US with a tracking system 
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and perform more advanced forms of guidance, an US calibration process must be performed. 

The US transducer must be fixed to a rigid body that can be tracked in some external coordinate 

system. The tracking is usually done by an optical marker, an electromagnetic (EM) sensor or the 

robot end-effector. The US calibration process finds the rigid body transformation relating the 

tracker to the US image, allowing a US image to be positioned in the tracking system base frame. 

Once calibrated, the US image is registered with any other tools or devices that are also being 

tracked in this base frame; thus, more advanced uses of the US system are possible, such as 

overlaying the image onto a video stream or actuating a tracked robotic arm to target a region 

within the US image. The main drawback for US is its poor image quality relative to the other 

imaging modalities. This drawback often makes it difficult to accurately and automatically 

segment regions of interest within the images. 

To find the transformation between the end-effector frame and the US image frame X, a 

specialized model or phantom with known configurations is required. A crosswire (CW) is one 

of the most commonly used phantom for US calibration. [60] With two wires crossing at a single 

point, it is a typical form of BXp US calibration, in which a single fiducial is imaged by a tracked 

US probe in different poses. [61-64] In this equation, p is the fiducial point in the sensor 

coordinate, B is the transformation measured by the tracking system, and X is the unknown 

desired homogeneous transformation. Since all (Bi, Bj) pairs are measured for the same physical 

point, the relationship BiXpi=BjXpj holds for all combinations of I and .  
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Fig 6-1. Point ultrasound calibration and the elevation offset error. a) The coordinate 

transformation in the BXp calibration using a robotic arm as the tracking system. The 

US probe is attached to the arm, and the Bi is measured from the robot encoders. b) 

Using AE element for mid-plane localization. At position b, AE element receives the 

maximum ultrasound signal amplitude. At a and c, although the element is still shown 

in the US image, the received signal amplitude is lower compared to b. 

 

Figure 6-1a shows the scenario in which US images of the CW point are accumulated in various 

poses. One then uses these poses and the segmented points in the US images to reconstruct a 

single point in the external tracker’s space. A limitation that prevents one from getting good 

calibration accuracy using this method is the US image plane thickness. In US imaging, the US 

beam transmitted from a probe usually has a width of several millimeters to centimeters 

dependent on the depth and other imaging parameters. As a result, it is difficult to distinguish 

whether an object in the B-mode image is intersecting the mid-plane. Since the localization and 

segmentation completely rely on the US image in conventional calibration phantoms, the 

elevation axis positioning uncertainty, coupled with the relatively low quality of US image, 

results in a reconstruction precision that can easily be worse than a few millimeters. Moreover, 
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this is a user-dependent procedure as the operator's experience greatly affects calibration 

accuracy.  

In the previous chapters, we demonstrated the interventional tool tracking and guiding using 

active ultrasound pattern injection system, and solved both the object visualization and mid-

plane error problem at the same time. Since the AE element is a point that can be accurately 

localized in US image, especially along the elevation axis, it is possible to use it in the same way 

as the CW point for US calibration. Practically, one procedure of finding the mid-plane can be 

done in three steps. The first step is to move the US probe until the AE element is shown in the 

B-mode image. The second step is to finely adjust the probe position until the AE element fires 

active US pulses, which is an indication that the received signal amplitude exceeds the pre-

selected AE response threshold. The final step is to increase the threshold and adjust the probe 

position at the same time, until reaching a position at which any small adjustment from this 

position will stop the active echo response. Another procedure of finding the mid-plane is to use 

the virtual pattern injection technique. AUSPIS measures the beacon intensity and injects a 

corresponding number of virtual bars into the B-mode image to indicate the signal strength. Mid-

plane can be localized by simply moving the probe and finding the maximum number of bars. 

With the mid-plane detection feedback from AUSPIS, a more accurate and user-independent 

positioning accuracy can be achieved along the elevation axis; thus we expect a better and more 

consistent calibration precision using this method. 

In this chapter, section 6.2 details the experiment procedures and the data analysis methods. In 

section 6.3, the experimental setup is described. The results are shown in section 6.4 followed by 

a discussion in section 6.5. 
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6.2 Active Calibration Phantom Principle 

There were several hypotheses that we wanted to test by performing several CW and AE 

experiments. The first hypothesis is that the localization of AE points within the ultrasound 

image mid-plane is more user-independent than the CW points. To test this hypothesis, we 

conducted an experiment where users repeatedly approached the CW and AE points respectively 

using the robot-actuated ultrasound probe. The robot motion was restricted to a single dimension 

such that the two points pass a similar region of the ultrasound beam transmission profile. In this 

experiment, the user would stop the robot motion and record the robot pose when he felt the AE 

or CW point was accurately in the ultrasound image’s mid-plane. A total of thirty-five poses 

were recorded for the AE and CW points respectively. From our initial hypothesis, we would 

expect the standard deviation of the robot poses to be smaller when imaging the AE point than 

when imaging the CW point. 

The second hypothesis is that the calibration done using AE points is less affected by 

segmentation errors than when using CW points. To test this hypothesis, we collected sixty CW 

point and sixty AE point images with their respective robot poses. Two users segmented each of 

the two data sets by manually choosing the wire cross and AE element points on B-mode images, 

and repeated for a total of ten times. The ten CW data sets and the ten AE data sets were 

independently used to solve for X, the transformation relating the robot end effector to the 

ultrasound image plane. We used a variant of the gradient descent solver described by Ackerman 

et al. [65] with a cost function that minimizes every pair of | − |=0. This resulted in 

ten Xs, each using either the CW points or AE points. The repeatability of these ten Xs was tested 

using a version of the method described by Treece et al. [66] The US image corners are 
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transformed by each X and the standard deviation of the resulting point clouds at each corner is 

reported with ,( ({ 1 ,.., })). It is expected that these standard deviations will be 

lower for the Xs computed using the segmented AE points. 

The third hypothesis is that the calibration using AE points has a better point reconstruction 

precision than a calibration using CW points. To test this, we used the segmented points and the 

Xs acquired to test the second hypothesis. Each set of segmented CW points is used to test each 

of the AE Xs and vice versa. The point reconstruction precision is computed by (({ 1 1,…,})). 

For example, to compute this metric for the AE X, the robot poses imaging the crosswire and 

corresponding points would be B and p respectively. We compare the AE X and the CW X with 

the best reconstruction precisions in their respective sets. The expectation is that the AE X will 

have a better reconstruction precision. The datasets collected for the fourth and fifth hypothesis 

were also used to test this hypothesis. 

Before we describe the fourth hypothesis, we introduce two additional components used in the 

experiment. The first is the use of fiber optic hydrophone points as the test data set. By principle, 

any US sensor can be used as a reception-only AE element for mid-plane localization. Since the 

mid-plane position is determined by the detected spatial acoustic pressure distribution, a smaller 

sensor has higher spatial resolution and results in a higher mid-plane detection accuracy. Fiber 

optic hydrophones have an effective aperture of as small as 10 μm, and were proved to have 

better localization than the PZT AE points. The details will be shown in chapter 6. Using these 

points as the point reconstruction test points allow us to further isolate the error in the calibration 

X from other errors. The second is the automatic segmentation. The active phantom is able to 

provide both US and electrical feedback when the US probe is aligned with the target point. 
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Based on this unique feature, segmenting the points automatically by the electronics or software 

becomes possible. In this work, we propose three auto-segmentation methods: the beacon delay 

method, frequency modulation method, and time modulation method. 

In the beacon delay method, the US system outputs two TTL triggers for the RF line and frame 

synchronization. The AE electronic system receives these two triggers and compare them with 

the signal received by the AE element. For the axial direction, the system measures the delay 

between a line trigger and the corresponding beacon signal received by the AE element to get the 

time of flight (TOF). So the axial distance can be determined by multiplying the TOF with the 

speed of sound. Practically, the AE element may receive signals from multiple neighboring RF 

lines, the system will use the one with the shortest delay as the TOF. For the lateral direction, 

once a frame trigger is received, the device will start counting the number of line triggers until a 

TOF is received, and the count will be recorded as ntof. So the axial distance can be determined 

by y = Lprobe * ntof / ntotal, where the Lprobe is the array length, and the ntotal is the total line triggers 

in each frame. By using this method, the point segmentation becomes entirely image- and user-

independent.  

The second method is frequency modulation segmentation. In this method, the AE system is 

configured to transmit active echo pulses with a frequency higher than the US probe frequency. 

On the US system, the post-beamforming RF signals need to be acquired. Because of the 

frequency difference, it is easy to extract the active echo signal from the RF image. So the AE 

element segmentation can be determined by the active echo signal position.  

The third method is time modulation segmentation. In this method, AE signal is enabled and 

disabled periodically. Once the mid-plane is located, two B-mode frames need to be collected 
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with the AE signal enabled and disabled, respectively. Because AE signal appears as a bright 

spot at the AE element position in the B-mode image, it can be extracted by subtracting the two 

B-mode images. This allows the AE element segmentation to be determined.  

Comparing the three methods, the first one does not involve any imaging processing. However, it 

requires the TTL synchronization signal from the US system. The second and third does have the 

hardware signal requirement, especially the third one, which only uses the B-mode image. So it 

is generally applicable for any US imaging systems.  

The fourth hypothesis is that the automatically segmented AE points result in a calibration 

comparable to manual CW and AE expert segmentation. To test this, we compare the point 

reconstruction precisions of the CW X, AE X, and the automatically segmented AE X with our 

third experimental dataset using sixty optical hydrophone points as the test data set. 

The final hypothesis is that Xs constructed from subsets of CW data will vary more than Xs 

constructed from subsets of AE data. To test this, we take some subsets of the data and compute 

a X. We repeat this one hundred times for the CW, the AE, and the auto-segmented AE. The 

metric we use for this test is point reconstruction precision. 

One important note in the last hypothesis is that the subset of data for the CW and the AE 

contain very similar motions. This is only possible with the use of the robot arm, as it allows us 

to have consistent motions between various apparatus. The robot also has a higher accuracy than 

other tracking systems such as electromagnetic or optical trackers. However, the proposed 

calibration method is generally applicable to other external trackers as well. Moreover, since the 

system is capable of detecting in-plane conditions, it is possible to trigger the image and tracking 
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data capture automatically once the element is in-plane without holding the probe in position. So 

it potentially can make the calibration process easier and faster with any tracking system. 

 

6.3 Experimental setup 

 

Fig 6-2. The experimental setup to compare the AE element and CW phantoms. 

 

The experiment is performed in a water tank. An AE element and a CW phantom are placed side 

by side at the same height in the water tank. A Sonix Touch system and a 58.5mm L14-5W 

probe (Ultrasonix Inc.) are used to acquire a 9 cm depth US image. The probe is attached to a 

UR5 robotic arm (Universal Robots Inc.), which has 6 degrees of freedom and an end-effector 
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positioning repeatability of ±100μm. The AE element is made of a customized PZT5H tube with 

an outer diameter of 2.08mm, an inner diameter of 1.47mm, and a length of 2mm. The electronic 

system includes a transmit/receive switch, an impedance matching circuit, a variable gain 

amplifier, filters, a triggering circuit, an analog to digital converter, a microprocessor and a 

pulser. The CW phantom is made of two 0.2mm fishing lines. A fiber optic hydrophone (OH) 

developed by Precision Acoustics LTD is also integrated as a reference phantom. This device has 

a micro Fabry–Pérot acoustic sensor fabricated on a fiber tip. It has a receiving aperture of 

10μm, a bandwidth of 0.25-50 MHz, a dynamic range of 0.01-15MPa, and a sensitivity of 

150mV/MPa. 

 

6.4 Experiment results and analysis 

The localization precisions as described in the experiment for our first hypothesis are 371 μm 

and 223 μm for CW and AE, respectively. The localization precision is computed by taking the 

standard deviations in the robot motion dimension of the recorded robot poses. 

Table 6-1. Repeatability for Xs computed with segmented AE and CW points. 

Phantom Corners (Lateral, Axial) (mm) Repeatability (mm) 

AE (0, 0), (0, 90), (58.5, 0), (58.5, 90) 0.37, 0.60, 0.48, 0.71 

CW (0, 0), (0, 90), (58.5, 0), (58.5, 90) 1.66, 2.82, 1.55, 3.11 
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Fig 6-3. B-mode images of the CW and AE phantom. a,b) Images of a CW point. c-f) 

Images of a AE element. a), c) and d) are acquired at 4cm depth, normal angle and in-

focus condition. b), d) and f) are acquired at 8cm depth, large incident angle and off-

focus condition. d) and f) have the active echo enabled. The auto-segmentation result is 

also marked on the figure. 

 

Table 6-2. Best point reconstruction precision for Xs computed with calibration and test data. 

N = 60 Point Reconstruction Precision (mm) 

Calibrate/ 

Test Points 

AE/CW AE/Opt CW/AE CW/Opt Auto-AE/Opt 

Experiment 2 1.07 0.86 1.72 0.88  

Experiment 3 0.87 0.85 1.08 0.87 0.85 
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Fig 6-4. Comparison of point reconstruction precisions as decreasing sizes of partial 

data subsets are used for CW, AE, and automatic AE calibration. 

 

Table 6-1 shows the repeatability of the Xs as described in the experiment for our second 

hypothesis. The corners are chosen to correspond with the ultrasound image dimensions. Three 

experiments were performed to test our third hypothesis. In the first experiment, the quality of 

the collected images is low for both CW and AE, mainly due to the multi-reflection and 

unfocused beam. The data results in point reconstruction precisions of 2.36 mm and 1.05 mm for 

CW and AE, respectively. In experiment 2 and 3, the experimental setup is configured to 

optimize image quality. The results are shown in columns AE/CW and CW/OPT in table 6-2. 

The results for our fourth hypothesis are also shown in table 6-2. Data from experiment 1 is not 

directly compared to 2 and 3 due to the difference in image quality. 
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4.5 Discussions 

The results for our first hypothesis show that the AE points can indeed be localized more 

precisely in the ultrasound image mid-plane than the CW points. We can see that localization 

precision is significantly better for the AE points than the CW points. Also, the results in table 6-

1 show that the s computed using different segmentations of the AE images is more repeatable 

than those of the CW images. This was true for each of the four corners of the ultrasound image.  

Table 6-2 shows that we can achieve comparable point reconstruction precisions using AE 

calibration and CW calibration. This contradicts our initial hypothesis of better point 

reconstruction precision. The comparison is especially obvious when we observe table 2 when 

the same optical hydrophone test set is used for both calibrations. However, we must note here 

that the current AE setup is not ideal. We were limited by the available piezoelectric 

components, so the AE element used in this experiment is fairly large in size, resulting in a 

receiving aperture of around 2mm. This is a major limiting factor that prevents us from achieving 

a higher mid-plane localization accuracy. Also, compared with the CW phantom, AE phantom 

has the drawback that, when the US image plane is far away, it is unable to provide any feedback 

of the distance. A better implementation in the future could be a hybrid phantom, in which a 

miniaturized AE element is integrated on the CW. One can then use the wires to guide the probe 

to the CW point and use the AE feedback to finely adjust for the mid-plane. 

Figure 6-3 shows the US images of CW and AE phantom under different conditions. For figures 

6-3b, e and f, the image quality is low and it is difficult to perform accurate manual 

segmentation. As shown in 6-3d and f, the AE spot can provide a visual cue of the element 

position, simplifying the manual segmentation. Moreover, image quality dependency can be 
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completely eliminated with automatic segmentation, as shown by the red markers in figures 6-3d 

and f. In the figure, the marker position is not on the center of the AE element because the image 

is mainly formed by the top surface of the element. The auto-segmentation marker represents the 

element’s geometric center. 

In the automatic segmentation test, we noticed that a few of the auto segmented points are 

obviously away from the true AE element position by up to 0.4mm. This is mainly because the 

AE element we use has a cylindrical shape, and does not have a symmetric signal response along 

certain angles. As a result, the maximum signal amplitude position deviates from the element 

geometric center. This may be a possible reason for the disagreement between the hypothesis and 

the results in figure 6-4. In figure 6-4, the 25th and 75th quartiles are larger for automatic AE 

than CW for each of the tested number of sample points. Additional experiments will be required 

as one hundred random subsets of a certain size may not be enough to fully capture its behavior. 

The AE system built in our lab includes a customized electronic system and an AE catheter. The 

overall material cost is less than $250, which is comparable to a typical 3D printed calibration 

phantom. 

 

4.6 Conclusion 

In this work, for the first time we demonstrated the use of an active phantom for ultrasound 

calibration and compared it to conventional CW calibration. We were able to show that AE 

points could be localized more precisely than CW points. AE calibration was also shown to be 

less affected by segmentation errors. We showed that AE calibration achieved a point 
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reconstruction precision comparable to CW calibration. Finally, we demonstrated the fully 

automatic segmentation method with the same point reconstruction precision as manual 

segmentation.  

At the same time, we also innovate in the design of the experiment. For a long time, comparing 

different calibration methods was a difficult task, since there are so many factors that could 

change the calibration result. In this work, comparing our new method with the traditional 

method is an inevitable step, so we use robot arm as our manipulation and tracking system. 

Although active phantom calibration can be used with any tracking system, robot is the best way 

to perform the designed experiment not only because of its higher translational localization 

accuracy, but more importantly, it is the only way that allows us to have consistent motions 

between various apparatus, so the subset of data for the CW and the AE are acquired under very 

similar motions and can be fairly compared. 

Future work will include the validation of several other proposed automatic segmentation 

methods and the investigation of an optimized AE element design for calibration applications. 
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7. Conclusions 

The goal of this work is to improve the performance of ultrasound guided interventional systems, 

to break the limitations of the ultrasound guidance capability, and to integrate ultrasound into 

more interventional areas. Instead of trying to improve the performance of ultrasound imaging 

machines, my hypothesis is that integrating active ultrasound components into the interventional 

tools will result in less complicated but more effective tracking and imaging solutions. In this 

work, we address the problems of ultrasound system in the interventional radiology applications, 

developed a collection of novel active ultrasound intervention technologies, and demonstrated 

those with prototype systems. 

In chapter 2, we introduced the active ultrasound pattern injection system (AUSPIS) for 

interventional tool tracking and imaging applications. AUSPIS is the first system that establishes 

a bi-directional ultrasound communication between the catheter and probe, and is capable of 

injecting a virtual pattern into B-mode images through an ultrasound field. It is a stand-alone 

equipment that theoretically can work with any ultrasound imaging system, and providing highly 

accurate tool guidance with near-mid-plane configurations. We systematically studied the 

working and fail conditions of the AUSPIS with lab bench experiments, integrated and tested it 

with multiple interventional tools. In chapter 3, the performance of AUSPIS is further validated 

in clinical environment performance by multiple ex vivo and in vivo experiments. Followed by 

the methods with sub-voxel mid-plane detection discussed in the first few chapters, in chapter 4, 

we explore the solutions with the opposite configuration, tracking a tool far away from the 

ultrasound image plane. Based on the active catheter system, we invented an off-plane tool 
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tracking method which is capable of performing the localization when the target point is 

centimeters away from the ultrasound image plane. Besides tool tracking, the same concept is 

also integrated with the active phantom ultrasound calibration, and becomes a new off-plane 

calibration method with the benefits of fully automatic, high speed, good accuracy, and lower 

requirement of fine motion control. Using 3D and curvy linear probes, we developed the method 

to perform volume tracking with single or limited number of images. We also demonstrated this 

series of methods with lab bench experiments. Additionally, we developed the inversed 

beamforming and unsynchronized ultrasound point detection methods for the off-plane tracking 

configuration.  

Chapter 5 details the work of integrating light into ultrasound interventional systems. With 

respect to all the active tool tracking methods discussed in the previous chapters, we also studied 

the methods to build more functional active interventional tools by combining light and 

ultrasound. We designed and built two photoacoustic experimental platforms based on both Q-

switch laser and high power pulsed laser diodes. Using photoacoustic effect and interferometry 

method, we developed an all-optical AUSPIS system, and the fiber giant-photoacoustic cell to 

improve the ultrasound point source efficiency. We integrated the fiber photoacoustic system to 

brain-shunt catheters and the prostate imaging catheters, and tested them with ex vivo and in vivo 

experiments.  

In chapter 6, we presented the first active phantom ultrasound calibration method. Compared to 

the conventional ultrasound calibration method, the active phantom method is able to localize the 

ultrasound mid-plane with a higher accuracy, thus improving calibration accuracy. More 

importantly, it enabled the automatic-segmentation method, thus making the entire calibration 
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process user-independent and image-quality independent, and making the fully automatic 

calibration possible.  
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