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ABSTRACT 

Isabel G. Newsome, Toward Clinical Translation of Microvascular Ultrasound Imaging: 

Advancements in Superharmonic Ultrasound Technology 

(Under the direction of Paul A. Dayton) 

  

Ultrasound imaging is perhaps the safest, most affordable, and most available biomedical 

imaging modality. However, it suffers from poor specificity for cancer detection, particularly in 

breast cancer, which affects one in eight women and leads to a high incidence of unnecessary 

biopsies from inconclusive screening. It is well-known that malignant cancers are accompanied by 

abnormal angiogenesis, leading to tortuous and disorganized vasculature. Acoustic angiography, 

a microvascular contrast-enhanced ultrasound technique, was developed to visualize and harness 

this aberrant vasculature as a biomarker of malignancy. This technique applies a dual-frequency 

superharmonic strategy to isolate intravascular microbubble contrast from the surrounding tissue 

with low-frequency transmit and high-frequency receive, resulting in high-resolution 

microvascular maps.  

In preclinical research, acoustic angiography has been a valuable tool for differentiating 

tumors from healthy tissue by quantifying vascular features like tortuosity. The preclinical success 

of this technique is attributed to the single-element dual-frequency transducers used, which provide 

contrast sensitivity and focal depth best suited for imaging small animals at high microbubble 

doses. In an exploratory clinical study in which these transducers were used to image the human 

breast, imaging depth, low sensitivity, and motion artifacts significantly degraded image quality. 
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For acoustic angiography to be successfully translated to clinical use, the technique must be 

optimized for clinical imaging.  

In this dissertation, we explore three ways in which acoustic angiography may be improved 

for the clinic. First, we evaluate microbubble contrast agents to determine the composition that 

maximizes superharmonic generation. The results indicate that lipid-shelled microbubbles with 

perfluorocarbon cores, like the commercial agent, DEFINITY, produce the greatest superharmonic 

signal. Then, we present a novel transducer, a stacked dual-frequency array, as the next-generation 

device for acoustic angiography and demonstrate improvements in imaging depth and sensitivity 

up to 10 mm and 13 dB, respectively. We go on to apply this device in a clinical pilot study and 

elucidate the challenges that remain to be overcome for clinical acoustic angiography. Finally, we 

propose custom simulations for superharmonic imaging and identify optimal frequency 

combinations for imaging at depths up to 8 cm, which can be used to design dedicated clinical 

dual-frequency arrays in the future.      
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CHAPTER 1 

INTRODUCTION TO MICROVASCULAR IMAGING1 

 

1.1   Microvasculature in Cancer 

 Many diseases, such as cancer, are affected by aberrant microvasculature. To fuel their 

rapid growth, tumors induce angiogenesis, or the formation of new blood vessels from preexisting 

vasculature, by overexpressing pro-angiogenic factors (1,2). This tumor-associated 

neovascularization is considered one of the “hallmarks of cancer” (3) and results in vascular 

structures that differ greatly from those seen in healthy tissue – vessels are highly tortuous, leaky, 

disorganized, and densely packed, rather than linear and well-organized, as shown in Figure 1.1 

(1). The structural and functional abnormality observed in this microvasculature leads to increased 

interstitial pressure, acidosis, and hypoxia, which contribute in part to the difficulty of effectively 

treating cancer (4). This observation has motivated the development of anti-angiogenic therapies 

in an attempt to “normalize” the vasculature and hence improve treatment efficacy (4).  

 In addition, angiogenesis may serve as a biomarker of malignant disease as well as a 

therapeutic target. The increased microvascular density and tortuosity observed in and surrounding 

cancerous tumors might be used as both qualitative and quantitative metrics in the detection and

                                                           
1Portions of this chapter previously appeared in an article in Ultrasound in Medicine and Biology. The original 

citation is as follows: Newsome IG, Dayton PA. “Visualization of Microvascular Angiogenesis Using Dual-

frequency Contrast Enhanced Acoustic Angiography: A Review,” Ultrasound Med. Biol. 2020;46(10):2625-2635. 

doi: 10.1016/j.ultrasmedbio.2020.06.009. © 2020 Elsevier. Reprinted with permission. 
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diagnosis of these lesions. In order for this to be achieved, a diagnostic method must be able to 

image these vascular features with high resolution in three dimensions (3D).   

In the clinic, angiography, or blood vessel imaging, is traditionally performed with 

computed tomography (CT) or magnetic resonance (MR) imaging (5). Although these modalities 

allow vascular imaging in three dimensions, they both present limitations when considered as tools 

for screening and monitoring disease progression or response to therapy. CT requires the use of 

ionizing radiation, while MR is time-intensive, and both modalities have limited resolution (~700 

μm with the best currently approved clinical systems) (6,7).  Neither of these imaging modalities 

is highly portable nor low cost. As such, there is a clinical need for high-resolution, safe, and 

accessible vascular imaging.  

1.2   Biomedical Ultrasound Imaging 

Since the 1960s, ultrasound techniques have been widely used for biomedical imaging (8), 

and today, ultrasound is arguably the safest, cheapest, and most available form of  imaging beyond 

projection x-ray. Ultrasound imaging is based on the transmission and reception of sound waves. 

In conventional “B-mode” (brightness-mode) ultrasound, an acoustic wave with a specific 

frequency is transmitted into tissue from a transducer. As the wave propagates into the tissue, 

 

Figure 1.1 Schematic representation of the vascular differences between healthy 

and cancerous tissue. Figure created with Biorender.com. 
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portions are reflected back to the transducer. The amount of energy reflected depends on the 

acoustic impedance of the tissue, defined as the product of density and speed of sound. Differences 

in acoustic impedance between adjacent tissues lead to differing echoes reflected to the transducer, 

which are processed to form an ultrasound image (9). The frequency used for imaging governs 

both image resolution and penetration depth (due to frequency-dependent attenuation). Higher 

frequency results in better resolution but worse penetration depth, while lower frequency provides 

greater penetration depth at the cost of resolution (9). For clinical B-mode imaging, frequencies in 

the range of 1 – 10 MHz are typically used (10,11). In this frequency range, blood is effectively 

invisible on ultrasound images due to the size and impedance of red blood cells. In order to image 

blood vessels, more advanced techniques are necessary, such as Doppler or contrast-enhanced 

ultrasound (12,13).  

1.2.1   Contrast-Enhanced Ultrasound and Microbubble Contrast Agents 

Similar to contrast-enhanced CT or MR, contrast-enhanced ultrasound (CEUS) is a means 

of visualizing the presence of blood vessels by imaging an intravascular contrast agent in the 

bloodstream rather than blood itself. For ultrasound, this intravascular contrast is a solution of 

microbubbles. Microbubble contrast agents (MCAs) are composed of microscopic bubbles that are 

approximately 1 – 8 μm in diameter (14,15). These microbubbles typically consist of a high 

molecular weight gas core encapsulated by a lipid, protein, or polymer shell (14). Because they 

are similar in size to red blood cells, MCAs can circulate through the cardiovascular system 

anywhere that blood flows. MCAs typically remain in circulation for a few minutes before the core 

gas dissolves into the bloodstream, after which it is harmlessly expired by the lungs (15). The 

remaining shell components are cleared from circulation by the reticuloendothelial system of the 

liver and spleen (15).  
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MCAs provide acoustic contrast through two mechanisms. First, the impedance difference 

between the gas core of the microbubbles and the surrounding blood generates strong acoustic 

reflections. Second, due to their highly compressible core, microbubbles oscillate when exposed 

to ultrasound waves, producing broadband nonlinear echoes that span multiples of the excitation, 

or fundamental, frequency (14,16). Tissue behavior is quite distinct from that of MCAs, however. 

At low acoustic pressures, the energy contained in the ultrasonic echoes from tissue is concentrated 

at the fundamental frequency, whereas only a small portion of energy is contained within the 

harmonic frequencies (17). While nonlinear propagation of the acoustic wave causes more energy 

to shift to the harmonics as the transmitted acoustic pressure is increased, this effect is small at 

typical parameters used for contrast imaging (11,17).  

Traditional CEUS techniques therefore enhance MCAs in the bloodstream over tissue by 

selectively receiving at the second harmonic, or twice the fundamental frequency, where there is 

relatively more MCA signal than tissue signal (18). Multi-pulse sequences, such as amplitude 

modulation or pulse inversion, are often used to further improve this enhancement (19,20). 

Because second harmonic techniques can be implemented within the bandwidth of a single 

transducer, these CEUS methods are widely used in the clinic. However, they can suffer from poor 

sensitivity due to the presence of tissue background in addition to limited temporal and spatial 

resolution.  

1.2.2   Superharmonic Imaging 

Superharmonic imaging is a variant of CEUS that employs a strategy for separating signals 

from tissue and MCAs based on the superharmonic content of microbubble echoes. The broadband 

echoes generated at the third harmonic and above (i.e., ≥ 3x the fundamental frequency) are known 

as the “superharmonic” microbubble response (21). By selectively receiving these higher 
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frequency signals, superharmonic imaging can achieve better resolution and contrast-to-tissue 

ratio (CTR) than conventional B-mode or second harmonic CEUS techniques (21,22).  With this 

technique, increased resolution is provided by the higher frequencies detected, and improved CTR 

is due to the fact that tissue produces minimal superharmonic content, significantly less than at the 

second harmonic frequency.   

However, implementing superharmonic imaging requires non-traditional transducer 

technology, as conventional ultrasound transducers have limited bandwidth, meaning they cannot 

effectively transmit and receive signals at both the fundamental and higher order harmonic 

frequencies. To achieve the necessary bandwidth for this technique, transducers with completely 

independent elements for excitation and reception are typically used. Figure 1.2A provides an 

idealistic illustration of this dual-frequency (DF) approach to superharmonic imaging in the 

frequency domain. In some previous studies, phased arrays have been designed with interleaved 

transmit and receive elements (21,23). Using one such transducer with 0.8 MHz transmit and 2.9 

MHz receive, Bouakaz et al. (24) demonstrated high CTR with superharmonic imaging compared 

to second harmonic imaging in human contrast-enhanced echocardiography. Others have 

implemented confocal dual-element transducers in vitro (22,25). Kruse and Ferrara (22) performed 

superharmonic M-mode imaging with confocal pistons at 2.25 and 15 MHz for transmit and 

receive, respectively, while Guiroy et al. (25) designed a confocal device with 4 MHz transmit and 

14 MHz receive and imaged in 2D by raster-scanning the transducer over the imaging target. 
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1.3   Acoustic Angiography 

Acoustic angiography is a technique that applies superharmonic imaging in 3D to form 

volumetric maps of microvascular structures. Similar to the works mentioned above, to date, 

acoustic angiography has employed confocal dual-element transducers, comprised of a high-

frequency central element surrounded by a low-frequency annular element, as shown in Figure 

1.2B, allowing complete isolation of the excitation and reception bandwidths (26). These 

transducers are used to perform superharmonic imaging with transmit at 2 – 4 MHz on one 

transducer element and receive at 25 – 30 MHz on the second element (26,27). The transducer 

 

Figure 1.2 Description of acoustic angiography: A) Representation of the acoustic angiography 

technique in the frequency domain, where f0 is the fundamental frequency, B) example of a dual-

frequency wobbler transducer, and C) schematic diagram of the acoustic angiography imaging setup.  
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elements are mechanically scanned on a motor-controlled arm, called a “wobbler,” to form a 2D 

image (28). Acoustic angiography was initially performed with these custom transducers 

(modified RMV scanheads, FUJIFILM VisualSonics, Inc., Toronto, ON, Canada) and a preclinical 

high-frequency ultrasound system (Vevo 770, FUJIFILM VisualSonics, Inc., Toronto, ON, 

Canada). High-frequency B-mode and reception during dual-frequency imaging is controlled by 

this scanner, while low-frequency transmit is controlled by an arbitrary waveform generator 

(AWG2021, Tektronix, Inc., Beaverton, OR, USA) and power amplifier (model 240L, Electronics 

& Innovation, Ltd., Rochester, NY, USA). The DF wobbler probes used for acoustic angiography 

have a fixed focal depth of 13 – 16 mm and a depth of field of approximately 8 – 12 mm. To 

acquire 3D images, the transducer must be translated on a linear motion stage. A schematic of the 

acoustic angiography imaging setup is shown in Figure 1.2C.  

With this system, acoustic angiography can resolve vessels on the order of 120 – 200 µm 

and displays CTR on the order of 20 dB in vivo (27,29,30). Figure 1.3 provides example images 

of a subcutaneous fibrosarcoma tumor in a rat flank, including a high-frequency B-mode image 

(A), the corresponding 2D acoustic angiography slice (B), and three representations of the 

volumetric acoustic angiography dataset, including the dual-frequency image stack (C), a 3D 

rendering of the volume (D), and a maximum intensity projection (MIP) through depth (E).  

1.3.1 Optimization of Acoustic Angiography  

The amount of superharmonic signal generated by MCAs depends on both acoustic 

parameters of the excitation and characteristics of the microbubbles themselves (16), while the 

receive frequency bandwidth largely determines imaging depth, resolution, and sensitivity. 

Lindsey et al. (29) have studied the superharmonic response, examining CTR and resolution for 

various combinations of excitation frequency, pressure, and receive frequency. Their results 
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indicated that CTR is maximized for excitation frequencies between 1.5 – 3.5 MHz paired with 

reception frequencies between 10 – 15 MHz and confirmed that receive frequency is primarily 

responsible for determining resolution (29).  

In a following study, Lindsey and colleagues (31) went on to explore the mechanism behind 

broadband superharmonic generation at various excitation frequencies and pressures. The authors 

found that the strongest signals were produced at high pressures that also resulted in microbubble 

fragmentation, although weaker superharmonic signals could be produced at pressures that were 

not immediately destructive to bubbles and usually correlated with slow bubble deflation or 

destruction over multiple pulses (31). This study demonstrated the importance of balancing 

excitation pressure and frame rate in order to maintain contrast signal throughout imaging. This 

effect is illustrated in Figure 1.4, which shows acoustic angiography MIPs of a subcutaneous 

fibrosarcoma tumor in a rat flank collected with two different pressures. At 1200 kPa incident 

pressure, microbubble destruction is dominant, resulting in an image of larger, fast-flowing 

 

Figure 1.3 Example images of a subcutaneous rat fibrosarcoma tumor: A) high-frequency B-mode, B) 

2D acoustic angiography slice, C) 3D acoustic angiography image stack, D) volumetric rendering of 

(C), and E) maximum intensity projection (MIP) of (C).  Scale bar = 3 mm. 
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microvessels (Figure 1.4A). At 560 kPa, microbubbles persist through many pulses, emphasizing 

smaller, slow-flowing microvasculature (Figure 1.4B). It should be noted that the larger vessels 

are captured in both cases, but because the images are displayed as MIPs through depth, and there 

is relatively less signal at 560 kPa, the signal from the larger vessels is buried beneath the 

capillaries that are closer to the transducer in Figure 1.4B. Lindsey et al. (30) also showed that the 

shape of the low-frequency transmit pulse can be optimized for improved CTR.  

1.3.2 Preclinical Applications of Acoustic Angiography 

As mentioned previously, vascular morphology is altered in the presence of malignant 

tumors, resulting in highly tortuous vessels. Measures of tortuosity, such as the sum-of-angles 

metric and the distance metric (32), can be used to quantify the morphology of the 

microvasculature. Before this quantitative analysis, vessels must first be segmented from the image 

volume (33).  

Morphological analysis has been performed in various small animal cancer models with 

acoustic angiography. Gessner et al. (34) collected acoustic angiography images from healthy and 

tumor-bearing tissue in a subcutaneous rat fibrosarcoma model and found significantly higher 

 

Figure 1.4 Effect of transmit pressure on acoustic angiography images: Acoustic 

angiography maximum intensity projections of a rat fibrosarcoma tumor at A) 1200 

kPa and B) 560 kPa peak negative pressure. Scale bar = 4 mm. 
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tortuosity in tumor-bearing compared to healthy tissue, suggesting that this form of quantitative 

analysis may be able to differentiate tumors from normal tissue (Figure 1.5). Shelton et al. (35) 

went on to use acoustic angiography to monitor angiogenesis throughout tumor development in a 

spontaneous murine model of breast cancer. In this work, the authors showed that tumor 

microvasculature is significantly more tortuous than that of healthy tissue, even early in 

development, when tumors are as small as 2 mm (35).  In a following study, through analysis of 

B-mode images, which reflect tissue anatomy, as well as microvascular acoustic angiography 

images, Rao et al. (36) examined the location of tortuous vessels feeding solid tumors and observed 

that cancer-associated angiogenesis extended beyond what is typically considered the boundaries 

of solid tumors. Shelton et al. (37) then showed that tumors on the order of 5 mm in diameter could 

 

Figure 1.5 Acoustic angiography maximum intensity projections showing 

microvasculature in healthy or tumor-bearing tissue: Tumor vasculature (C–D) is 

significantly more tortuous and disorganized than healthy vasculature (A–B) in a 

subcutaneous rat fibrosarcoma model. Scale bar = 5 mm. 



 

11 

be detected with high specificity and sensitivity through both qualitative and quantitative analysis 

of acoustic angiography images in a murine model of breast cancer. Altogether, these studies 

demonstrated that acoustic angiography, followed by visual assessment, microvascular 

segmentation, and morphological analysis, can provide insight into vascular biomarkers of tumor 

growth and progression, and that this technique has the potential to improve diagnostic accuracy 

in clinical cancer care.  

Besides evaluating tumor angiogenesis, acoustic angiography has been applied  for various 

purposes in other preclinical models, including observing tumor response to therapy (38–41), 

assessing molecular expression in tumors (42,43),  monitoring vascular formation in new animal 

models (44,45), and validating novel imaging techniques (46,47). This plethora of previous work 

demonstrates the versatility of acoustic angiography as a non-invasive microvascular imaging tool 

in preclinical research. 

1.3.3 Acoustic Angiography in the Clinic 

Recently, the first human acoustic angiography data was published by Shelton et al. (48). 

The authors showed that acoustic angiography with DF wobbler transducers was able to resolve 

vessels as small as 200 µm in human breast (48). However, this pilot study also elucidated several 

limitations of the current acoustic angiography technology. Imaging depth was significantly 

limited by the fixed focus, shallow field of view, and high receive frequency of the prototype DF 

wobbler used in the study, such that only lesions within 1.5 cm of the skin surface could be imaged 

(48). Severe artifact was introduced by respiration motion due to the relatively slow data 

acquisition required for the mechanical steering of the transducer elements (48). In addition, 

clinical images exhibited reduced sensitivity (i.e., CTR) compared to preclinical acoustic 

angiography images due to restrictions in the MCA dose allowed in clinical patients (48). Overall, 
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this study served to emphasize both the feasibility of acoustic angiography and its current 

limitations for clinical use.  

1.4 Dissertation Scope 

While it has been amply demonstrated that acoustic angiography is an excellent tool for 

microvascular imaging in preclinical small animal models, it is clear that this technique must be 

specifically optimized for imaging in humans to achieve the goal of clinical translation. Therefore, 

the objective of this dissertation is to identify methods to improve acoustic angiography for clinical 

applications. Because the sensitivity of acoustic angiography is inherently dependent on the 

behavior of MCAs, Chapter 2 explores how superharmonic signal production is affected by 

microbubble parameters in vitro, which may be used to inform the selection of MCAs in the clinic. 

Chapters 3 and 4 focus on the implementation of the next-generation dual-frequency transducer, a 

novel stacked dual-frequency array (DFA). Chapter 3 provides a characterization of this transducer 

both in vitro and in vivo in a small animal model, while Chapter 4 presents the first in-human data 

collected with the DFA and addresses the challenges that are yet to be overcome for clinical 

acoustic angiography. Finally, in Chapter 5, custom simulations are developed to evaluate in silico 

CTR in superharmonic imaging as a function of acoustic parameters. These simulations will be 

used as a tool to identify optimal parameters for performing acoustic angiography at clinically 

relevant depths and aid in the design of future dual-frequency transducers.  

1.5   Alternative Angiographic Ultrasound Methods 

While this dissertation focuses on acoustic angiography, it would be remiss not to discuss 

alternative methods for imaging microvasculature with ultrasound. The following paragraphs 

briefly delve into a few such techniques, but it should be noted that more comprehensive reviews 

have been published elsewhere (49–52).  
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1.5.1   Doppler-Based Techniques 

While conventional Doppler-based ultrasound techniques, such as color Doppler or power 

Doppler, can suffer from poor spatial or temporal resolution, they are a critical component of 

clinical care in the diagnosis and monitoring of cancer and cardiovascular disease (12). These aptly 

named methods rely on the Doppler effect to visualize blood vessels by estimating the velocity 

and direction of blood flow (9). Recent advances in acquisition and processing have led to the 

development of new Doppler-based modalities. One example is superb microvascular imaging, a 

commercially available, state-of-the-art Doppler mode that relies on improved tissue clutter 

rejection (52). This imaging mode has been used for evaluation of breast lesions (53,54), liver 

masses (55), lymph nodes (56), and even brain surgery (57). 

With the availability of high-frame-rate ultrasound technology, ultrafast Doppler imaging 

(12) has emerged as a promising technique for visualization of small blood vessels, particularly in 

the brain. This technique can reach resolutions on the order of 100 μm and can even provide 

functional information (58,59). Others have implemented novel beamforming techniques as a 

different approach to improve Doppler sensitivity; for example, acoustic sub-aperture processing 

can improve signal-to-noise ratio by 10 dB over traditional power Doppler and exhibits high 

sensitivity and resolution in vivo (60,61). Overall, these Doppler-based methods can provide 

qualitative or quantitative information about vascular structures without administration of contrast. 

However, Doppler methods typically require repeated acoustic interrogation of the same imaging 

plane, which can significantly increase acquisition time. 

1.5.2   Photoacoustic Imaging 

Photoacoustic imaging methods rely on the photoacoustic effect, a physical phenomenon 

in which an object produces acoustic waves due to irradiation with optical energy (49). This effect 
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is exhibited by hemoglobin in the bloodstream, allowing angiographic imaging without the use of 

exogenous contrast agents (49). Photoacoustic techniques are highly scalable, from photoacoustic 

microscopy with 5 μm resolution and up to 1 mm penetration depth, to photoacoustic computed 

tomography with 500 μm resolution and up to 50 mm penetration depth (49,62).  

While the utility of these techniques has been demonstrated in a variety of preclinical 

studies for quantitative vascular analysis (63,64), monitoring tumor treatment (65), and imaging 

larger fields of view at optical resolutions (66), photoacoustic-based angiography has also been 

applied clinically. Many studies focused on breast imaging, showing that photoacoustic 

tomography can be used to image breast vasculature up to 50 mm in depth (67,68) and that breast 

tumor characteristics can be detected with photoacoustic imaging (69–71). Others have applied 

photoacoustic methods for imaging peripheral vasculature in the limbs (72,73) and skin (74,75). 

The greatest limitation of these powerful photoacoustic methods is the need for laser components 

that can quickly become complex and expensive to utilize.  

1.5.3   Super-Resolution Ultrasound 

Super-resolution ultrasound techniques have recently rose to the forefront of ultrasound 

research. Ultrasound localization microscopy (ULM) is a super-resolution technique inspired by 

advances in optical imaging that forms images by localizing individual microbubbles over 

thousands of consecutive frames to populate the vascular tree (51). ULM images are typically 

created with a procedure that involves the following steps: 1) collecting thousands of contrast-

enhanced frames, 2) spatiotemporal filtering to enhance microbubbles over background tissue, and 

3) localizing individual microbubbles on a high-resolution grid (51). Since the introduction of 

ULM, this general protocol has been adapted by countless groups to optimize different aspects of 

the novel technique.  
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Early ULM studies demonstrated the great potential of this technique for imaging and 

quantitative velocimetry with resolution on the order of 10 μm (76,77). Many groups went on to 

use ULM for imaging different disease states, including preclinical applications in tumors (78,79), 

lymph nodes (80), and skeletal muscle (81). Others focused on optimizing different steps in the 

ULM pipeline, including imaging parameters (82), microbubble composition (83,84), and 

microbubble detection (85). To address limitations of spatiotemporal filtering, nonlinear imaging 

techniques have been applied for bubble detection prior to ULM processing (85,86); Kierski et al. 

(86) described a novel combination of dual-frequency imaging and ULM. Studies using phase-

change contrast agents, rather than microbubbles, have also been published (87–89).  

The abundance of recent literature on ULM highlights the extraordinary abilities of this 

technique – namely, the ability to image vessels at micron-scale resolution with sufficient 

penetration depth for clinical applications. To improve the power of this method even further, 

translation of ULM into 3D is actively being pursued (90,91). However, acquiring ULM data 

requires considerable time to populate the smallest vessels in a region of interest, particularly in 

slow-flowing vasculature. In addition, the formation of ULM images is quite computationally 

intensive, requiring significant computational power and time. Nevertheless, it has been shown 

that ULM can be performed in human patients with clinically approved imaging and microbubble 

parameters (92).    



 

16 

CHAPTER 2 

SUPERHARMONIC RESPONSE OF MICROBUBBLE CONTRAST AGENTS2 

 

2.1 Introduction 

Since the first use of microbubbles for ultrasound contrast enhancement (93), microbubble 

contrast agents (MCAs) have become a common tool in clinical use and preclinical research 

worldwide. Several contrast agents are now commercially available and routinely used in the 

clinic. A recent evaluation of the most common clinical agents in the United States found 

differences in the performance of these agents at clinical doses (94). As the field of contrast-

enhanced ultrasound has grown, studies have been published on methods of microbubble synthesis 

(95,96) and contrast-specific techniques, such as harmonic imaging (97), subharmonic imaging 

(98,99), pulse-inversion imaging (19,20), and combinations of these methods. Applications of 

these contrast-specific techniques include perfusion imaging (100–102) and molecular imaging 

(103–106).  

As described in the previous chapter, superharmonic imaging is an extension of harmonic 

imaging that has been developed to take advantage of the broadband frequency response of 

microbubbles, with the goal of achieving signal separation between the excitation signal and 

scattered bubble responses (21,22,27). One such method optimally uses dual-frequency devices   

                                                           
2This chapter previously appeared in an article in Ultrasound in Medicine and Biology. The original citation is as 

follows: Newsome IG, Kierski TM, Dayton PA. “Assessment of the Superharmonic Response of Microbubble 

Contrast Agents for Acoustic Angiography as a Function of Microbubble Parameters,” Ultrasound Med. Biol. 

2019;45(9):2515-2524. doi: 10.1016/j.ultrasmedbio.2019.04.027. © 2019 Elsevier. Reprinted with permission. 
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to excite microbubble contrast at a low frequency (2 – 4 MHz) and receive the superharmonic 

response at a much higher frequency (25 – 30 MHz) (27). By doing so, the acoustic signals of 

microbubbles are isolated from the signals of tissue, creating detailed, high-resolution maps of the 

microvasculature (27). Applications of this approach in 3D enable “acoustic angiography,” which 

provides volumetric imaging of microvascular patterns akin to computed tomography 

angiography, yet with contrast ultrasound (34). Previous work has focused on optimizing 

microbubble response for this technique, examining contrast-to-tissue ratio as a function of peak 

negative pressure for varying transmit frequencies, contrast concentrations, and microbubble 

diameters (29). A similar study investigated the generation of superharmonic energy from 

microbubbles, finding that shell fragmentation creates the strongest superharmonic signals (31).  

To date, clinical implementation of acoustic angiography has demonstrated that increased 

signal-to-noise ratio would improve the utility of this technique in humans, where contrast dose is 

regulated (48). One means to achieve a superharmonic signal increase might be to use optimally-

sized microbubble contrast agents, as it is well known that the microbubble diameter can influence 

scattered signal intensity (103,107–110). We also note that the composition of the encapsulating 

shell and gas core of microbubbles may affect echogenicity. Previous studies have suggested 

increased microbubble stability (111) and nonlinear response (112) with increasing acyl (carbon) 

chain length of the main phospholipid in the encapsulating shell. However, to date, a 

comprehensive study of the superharmonic signal produced as a function of microbubble 

parameters has not been performed. Thus, the purpose of this study is to evaluate differences in 

superharmonic signal production across various compositions and sizes of MCAs under conditions 

of varying acoustic pressure, with the goal of establishing which MCA might provide the best 

performance for acoustic angiography and similar applications in the clinic.  
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2.2 Materials and Methods 

2.2.1 Contrast Agent Preparation 

The MCAs tested in this work are summarized in Table 2.1. In-house microbubble contrast 

was formulated as described previously (35). Briefly, dried lipids were dissolved in a mixture of 

phosphate buffered saline (PBS), propylene glycol, and glycerol at the molar ratios and volume 

percentages described in Table 2.2. The lipid solution was then aliquoted into vials, the headspace 

in each vial was exchanged with the selected gas, and each vial was shaken with a mechanical 

agitator (Vialmix, Lantheus Medical Imaging, North Billerica, MA, USA) to form polydisperse, 

lipid-shelled microbubbles. Several commercially available contrast agents were used in addition 

to those formulated in-house: Optison (GE Healthcare, Inc., Marlborough, MA, USA), Definity 

(Lantheus Medical Imaging, Inc., North Billerica, MA, USA), Micromarker (FUJIFILM 

VisualSonics, Inc., Toronto, ON, Canada), and a variety of preclinical size-isolated microbubbles 

(SIMBs, Advanced Microbubbles Laboratories, Boulder, CO, USA). Clinical agents were 

prepared according to manufacturer-provided instructions (113,114).  

The fourteen contrast agents were separated into four groups for comparison: 1) gas core, 

2) lipid shell, 3) clinical and preclinical, and 4) bubble diameter. Table 2.1 lists the contrast agents 

chosen for each group. Although SIMBs are a preclinical agent, in this work, they were used 

specifically for examining the effect of microbubble diameter and were not compared in the 

clinical and preclinical group. To examine the effect of lipid composition, four lipid formulations 

were tested with varying carbon chain lengths: 1) C16-2L and 2) C16-3L, both with 16 carbons in 

their acyl chains; 3) C18-2L, which has an 18-carbon acyl chain; and 4) C20-2L, aptly named for 

its 20-carbon chain. More detail on these formulations can be found in Table 2.2. Microbubbles 

with the same shell (the in-house lipid formulation referred to as C18-2L) and either 
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octafluoropropane (C3F8 or “OFP”), decafluorobutane (C4F10 or “DFB”), or sulfur hexafluoride 

(SF6) as the gas core were compared to evaluate the effect of gas core composition. The 

concentration and size distribution of all contrast agents were measured with a single particle 

optical sizing device (0.5 – 400 μm measurable range, Accusizer 780A, Particle Sizing Systems, 

Santa Barbara, CA, USA). In this work, we have focused on quantifying superharmonic production 

from a population of bubbles, where the size of the population (i.e., #/mL) is a constant variable 

Table 2.1: Summary of contrast agents. 

Group Name Shell Core Distribution Manufacturer 

Clinical and 

Preclinical 

Definity lipid C3F8 polydisperse Lantheus Medical Imaging 

Optison protein C3F8 polydisperse GE Healthcare 

Micromarker lipid N2 and C4F10 polydisperse FUJIFILM VisualSonics 

Gas Core 

DFB lipid C4F10 polydisperse Dayton Lab 

OFP lipid C3F8 polydisperse Dayton Lab 

SF6 lipid SF6 polydisperse Dayton Lab 

Lipid Shell 

C16-2L lipid C3F8 polydisperse Dayton Lab 

C20-2L lipid C3F8 polydisperse Dayton Lab 

C16-3L lipid C3F8 polydisperse Dayton Lab 

C18-2L lipid C3F8 polydisperse Dayton Lab 

Bubble 

Diameter 

SIMB1-2 lipid C4F10 size-sorted Advanced Microbubbles Laboratories 

SIMB3-4 lipid C4F10 size-sorted Advanced Microbubbles Laboratories 

SIMB4-5 lipid C4F10 size-sorted Advanced Microbubbles Laboratories 

SIMB5-8 lipid C4F10 size-sorted Advanced Microbubbles Laboratories 

 

Table 2.2: In-house lipid formulations. 

Name 
Acyl Chain 

Length 

Number 

of Lipids 

Lipid 

Composition 

Molar 

Ratio 

Propylene 

Glycol 
Glycerol 

C16-2L 16 2 DPPC:DPPE-PEG2000 9:1 15% 5% 

C20-2L 20 2 DAPC:DSPE-PEG2000 9:1 15% 5% 

C16-3L 16 3 DPPC:DPPA:DPPE-PEG5000 8.2:1:0.5 10% 10% 

C18-2L 18 2 DSPC:DSPE-PEG2000 9:1 15% 5% 

 Abbreviations: 

DPPC = dipalmitoylphosphatidyl-choline 

DPPE = dipalmitoylphosphatidyl-ethanolamine 

DPPA = dipalmitoyl-phosphate 

DSPC = distearoylphosphatidyl-choline 

DSPE = distearoylphosphatidyl-ethanolamine 

DAPC = diarachidonoylphosphatidyl-choline 

PEG = polyethylene glycol 
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across all measurements. As such, all concentration and size measurements presented are number- 

rather than volume-matched. After concentration analysis of the stock solution, all microbubbles 

were diluted in PBS to a target concentration of 108 #/mL, and the final concentration was tested 

again before data collection. For preclinical acoustic angiography, 108 #/mL is a typical dose and 

was therefore chosen as the target concentration for comparison in this work (35,36,43,115). 

2.2.2 Ultrasound Parameters and Setup 

For this work, a prototype dual-frequency transducer (modified RMV 710, FUJIFILM 

VisualSonics, Inc., Toronto, ON, Canada) with two confocally aligned single elements was used 

(26). At a pulse repetition frequency (PRF) of 20 Hz, a single cycle cosine-windowed sine wave 

at 4 MHz was transmitted with the low-frequency element of this transducer, which has been 

described in detail previously (30). The high-frequency element received at 25 MHz, and both 

elements had a focal depth of 16 mm. The resulting transmit and receive beamwidths were 

approximately 474 μm and 142 μm, respectively. The peak negative pressure of the transmit 

waveform was varied from 400 to 2400 kPa, corresponding to a mechanical index (MI) range of 

0.2 to 1.2. This MI range was chosen to cover acoustic pressures that have previously been 

explored for superharmonic imaging. Previous studies have demonstrated that acoustic pressures 

that typically result in microbubble fragmentation generate the greatest superharmonic content, 

although lower pressures that do not result in immediate bubble fragmentation can also produce 

weaker superharmonic signals (29). A cellulose tube with 200 µm inner diameter was placed at 

the focal depth of the transducer and aligned perpendicular to the direction of acoustic propagation 

in a water bath maintained at 37°C (±1°C). The contrast agent of interest was infused through the 

tube at a rate of 15.9 mm/s using an infusion pump (Pump 11 Elite, Harvard Apparatus, Holliston, 

MA, USA). With this flow rate, a PRF of 20 Hz, and the beamwidths given above, fresh contrast 
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was insonified with each transmission. Between different trials and contrast agents, the tube was 

flushed with distilled water until no bubble signal remained. 

2.2.3 Data Acquisition and Analysis 

To collect raw radiofrequency (RF) data, a custom circuit was built to allow connection of 

the modified RMV probe to a broadband receive amplifier (Ritec, Inc., Warwick, RI, USA), 

removing the need for a Vevo770 preclinical ultrasound scanner (FUJIFILM VisualSonics, Inc., 

Toronto, ON, Canada). Collecting data through a simple receive amplifier was preferable for this 

work because it allowed greater control over experimental parameters, such as PRF, and removed 

possible unknown data transformations that could be performed in the scanner. The experimental 

setup used is depicted in Figure 2.1. After amplification, the RF data was sampled at 200 MS/s 

and digitized with a 12-bit digitizer board (CSE1222, DynamicSignals LLC, Lockport, IL, USA) 

before collection with a custom LabVIEW program (National Instruments Corporation, Austin, 

TX, USA). For all contrast agents, twelve trials were performed. The twelve trials were split 

equally among four vials of each contrast agent, with an exception for SIMB1-2, for which only 

 

Figure 2.1 Schematic diagram illustrating the experimental setup used for in vitro microbubble contrast 

agent characterization. 
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three vials of contrast agent were available. For each trial, a fresh dilution was prepared, the 

concentration was measured, and 200 lines of RF data were saved for analysis at each pressure. 

As reference, RF data was also saved at each pressure while the tube was infused with water. 

To account for the frequency response of the transducer used for data collection, a proxy 

for the frequency response of the receive element was measured via pulse-echo test on a linear 

reflector. A steel ball with a diameter of 6.35 mm (44x larger than the beamwidth of the receive 

element) was placed at the focus of the transducer to be used as a linearly reflecting target, and a 

single-cycle 30 MHz pulse was transmitted. The received pulse-echo RF data was sampled, 

digitized, and recorded as mentioned above. The frequency spectrum was taken as the magnitude 

of the Fourier transform of the RF data, and the receive frequency response was obtained by taking 

the square root of the pulse-echo spectrum. The receive bandwidth measured in this way does not 

provide a full electromechanical and acoustical frequency response, but it is representative of the 

frequency behavior of the transducer. The measured receive response is depicted in Figure 2.2.  

 

Figure 2.2 Frequency response of the receive element: Receive 

bandwidth measured from 0 – 50 MHz (red) and the –6 dB 

bandwidth with cutoffs at 8.5 and 35.7 MHz (black dashed arrow). 
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All analysis was performed in MATLAB (Mathworks, Inc., Natick, MA, USA). For each 

line of RF data, the linear frequency spectrum was obtained by taking the magnitude component 

of the fast Fourier transform. To remove any signal from the tube walls, the average spectrum from 

water was subtracted from each contrast spectrum. The resulting spectrum was then normalized 

by the frequency response of the receive element. Superharmonic response was quantified as the 

area under the curve (AUC) of the normalized, water-subtracted frequency spectrum of the 

collected data inside the -6 dB bandwidth of the receive element, indicated by the arrow in Figure 

2.2 (8.5 MHz to 35.7 MHz). The AUC metric was calculated by the trapezoidal method and 

averaged over the 200 lines collected for each agent and pressure. The mean AUC from each trial 

was then averaged over all trials for the final superharmonic metric, which is presented as mean ± 

standard error. 

2.3 Results and Discussion 

The mean diameter and concentration of each sample of contrast agent as measured after 

dilution for concentration-matching are provided in Figure 2.3. The mean diameter of each 

contrast agent is shown in Figure 2.3 (A, C, E, G). The target concentration was 108 #/mL. To 

ensure that each dilution was adequately matched to the target concentration, we characterized the 

variability of our complete experimental setup. Preliminary data (unpublished) found that a 2.3x 

increase in concentration led to only a 5% increase in superharmonic AUC, while two independent 

dilutions of the same concentration produced superharmonic AUCs differing by 7%. This data 

demonstrates that up to twofold changes in concentration result in AUC values within the 

variability of this experimental measurement. The source of this experimental variability may be 

a combination of variations in the mixing of individual dilutions, small temperature fluctuations 

in the water bath and surrounding laboratory, and variations in concentration measurement on the 
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sizing device used here, among others. As such, the spread of concentrations displayed in Figure 

2.3 (B, D, F, H) was deemed acceptable for this work.  

First, the effect of microbubble gas core composition on superharmonic energy production 

was evaluated. The three gases used here (OFP, DFB, and SF6) are commonly used in the current 

generation of ultrasound contrast agents, as their high molecular weights improve stability in 

circulation in vivo (116,117). Our results, as shown in Figure 2.4A, indicated greater 

superharmonic production from either perfluorocarbon-filled agent compared to the SF6-filled 

bubbles for MI ≥ 0.6. OFP and DFB bubbles produced superharmonic AUCs of 53.68 ± 4.276 and 

46.43 ± 3.805, respectively, at MI = 1.2, while that produced by SF6 bubbles was 28.56 ± 1.769. 

SF6 microbubbles have been shown to exhibit increased resistance to pressure changes, such as 

those experienced in cardiac flow (118). Due to this increased resistance, a clinically used SF6-

filled MCA has been shown to exhibit longer circulation time compared to Definity and Optison 

 

Figure 2.3 Size and concentration measurements for the contrast agents in each group: gas core (A–B), 

lipid shell (C–D), bubble diameter (E–F), and clinical and preclinical (G–H). Data are presented as 

mean ± standard deviation for n = 12 trials per contrast agent. 
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(94). The diffusivity and solubility properties of the gas core may have an effect on certain acoustic 

responses, in addition to microbubble stability; one study reported that bubbles filled with gases 

with higher diffusion coefficients, such as SF6, exhibited less delayed subharmonic emissions 

compared to perfluorocarbon-filled bubbles (119). As such, it is fathomable that other acoustic 

responses, such as superharmonic production, could also be influenced by properties of the gas 

core. In addition, the SF6-filled microbubbles prepared here had a slightly larger mean diameter 

(1.23 µm) than either OFP-filled (1.00 µm) or DFB-filled (0.92 µm) bubbles, though all three 

contrast agents were prepared under the same conditions. Due to the inverse relationship between 

 

Figure 2.4 Comparison of superharmonic production for different contrast agents: A) contrast agents 

with different gas cores, B) contrast agents with different lipid shell compositions, C) clinical and 

preclinical contrast agents, and D) contrast agents with different bubble diameters. Data are presented 

as mean ± standard error for n = 12 trials per contrast agent. AUC = area under the curve, OFP = 

octafluoropropane, DFB = decafluorobutane, SF6 = sulfur hexafluoride. 
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bubble diameter and resonance frequency (108,117), this could have an effect on the resulting 

acoustic response.  

MCAs with different lipid shell compositions were also compared. The results for this 

group are shown in Figure 2.4B. Here, we observed greater superharmonic production from the 

contrast agents with longer acyl chains, C18-2L and C20-2L. At MI = 1.2, C18-2L produced the 

most superharmonic energy with an AUC of 53.68 ± 4.276, followed by C20-2L with 46.20 ± 

1.565, C16-3L with 36.04 ± 3.182, and C16-2L with 25.55 ± 2.524. These results agree with those 

of van Rooij et al. (112), who reported higher second harmonic responses for bubbles with 18-

carbon chains compared to 16-carbon chains. Others have evaluated microbubble stability as a 

function of acyl chain length and found that as chain length increased from 16 to 22 carbon atoms, 

stability also increased (111). However, the differences in stability observed by Garg et al. (111) 

in diluted microbubbles were insignificant at short time scales (i.e., less than 20 minutes in 

dilution). For the current study, each trial was performed in five minutes or less from time of 

dilution to completion of data acquisition. As such, any effects of stability should be negligible in 

the current results.  

The clinical and preclinical contrast agents compared in this work were Definity, Optison, 

and Micromarker (Table 2.1). Definity and Optison are both approved for clinical use in the United 

States, while Micromarker is solely a preclinical agent. While Definity and Micromarker have 

phospholipid shells, Optison is protein-shelled (113,114,120). To reach 108 #/mL, Definity 

required a 0.68% dilution from the measured stock concentration of 1.51 x 1010 #/mL, while 

Optison required a 23.8% dilution from the measured stock concentration of 4.21 x 108 #/mL. 

These values may be of interest to others who use these commercially available, clinical MCAs. 

The results of the comparison of this group are shown in Figure 2.4C. The superharmonic response 
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of Optison behaved asymptotically above MI = 0.8, while Micromarker and Definity increased 

relatively linearly throughout the MI range tested. At MI = 1.2, the maximum MI used here, the 

superharmonic AUC of Optison was 17.79 ± 2.013, nearly three times less than that of Definity 

(48.67 ± 4.712) or Micromarker (52.84 ± 2.285). At a more intermediate MI = 0.6, Optison 

produced an AUC of 7.96 ± 0.661, only half that of Definity (15.67 ± 1.75) or Micromarker (18.42 

± 0.584). Similar trends have been observed between Optison and Definity in another comparative 

study of clinical ultrasound contrast agents (94).  

The relatively poor performance of Optison compared to these other agents is likely due to 

two factors: 1) its albumin shell and 2) larger size distribution. Albumin-shelled microbubbles 

have been found to be more susceptible to static diffusion and less susceptible to shell 

fragmentation at acoustic pressures below 800 kPa compared to phospholipid-shelled 

microbubbles (121). This could have negative implications for superharmonic imaging with 

albumin-shelled bubbles based on previous work, which demonstrated that superharmonic signals 

are preferentially generated by microbubbles undergoing substantial oscillations and that these 

signals are largest when these oscillations lead to fragmentation (31). Furthermore, in this work, 

Optison had a measured mean diameter of 2.94 µm, compared to 0.96 µm for Definity and 0.99 

µm for Micromarker (Figure 2.3G). The effect of microbubble diameter on superharmonic signal 

production will be discussed in the following paragraphs.  

Size-isolated microbubbles (SIMBs, Advanced Microbubbles Laboratories, LLC, Boulder, 

CO, USA) were used to compare the superharmonic response of MCAs with the same shell and 

gas properties but different diameters (Table 2.1). The diameters tested ranged from 1.34 µm to 

3.78 µm (Figure 2.3E). Results for this group are shown in Figure 2.4D. Superharmonic AUC 

generally decreased as bubble diameter increased, with the smaller SIMBs performing similarly 



 

28 

and producing greater superharmonic signal than the larger SIMBs. For example, at MI = 1.2, 

AUC values of 33.59 ± 2.881, 29.14 ± 3.331, 17.36 ± 2.455, and 9.40 ± 1.061 were obtained for 

SIMB 1-2, 3-4, 4-5, and 5-8, respectively. As MI increased, the difference in superharmonic 

production between the groups (particularly SIMB 1-2 and 3-4 versus SIMB 4-5 and 5-8) became 

more exaggerated. As previously discussed, bubble diameter is inversely related to resonance 

frequency, which likely contributes to the differences in superharmonic AUC observed among 

these groups. As bubble diameter increased, resonance frequency decreased, moving the excitation 

frequency further from resonance. Kaya et al. (108) performed a comprehensive study on the 

acoustic responses of monodisperse microbubbles with different diameters and demonstrated the 

importance of coupling excitation frequency to microbubble resonance. This study demonstrated 

via simulation and experiment that larger bubbles (6 – 8 μm diameter) resonate and produce their 

largest response around 1 MHz, while smaller bubbles (2 – 4 μm diameter) produce greater 

responses near resonance between 3 – 6 MHz (108). 

Previous work by our group has elucidated the origins of superharmonic signal production 

(31). The authors determined that the strongest superharmonic signals are produced by oscillations 

resulting in microbubble shell fragmentation, and that such fragmentation occurs preferentially for 

smaller bubbles (1 μm) on the initial pulse, while larger bubbles (4 μm) are prone to shrinking, 

which persists over several pulses and produces weaker superharmonic signals (31). Moreover, for 

stationary bubbles, 1 μm bubbles initially produced greater superharmonic intensity, which 

decayed quickly to a lower value than that produced by 4 μm bubbles (31). In the current work, all 

data was acquired while contrast was flowing, so signal decay was not observed, and smaller 

bubbles consistently produced greater superharmonic signals than larger bubbles.  
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However, other studies have suggested increases in scattered signal when using larger 

bubbles (83,103,107,109), due to the dependence of scattering cross section on microbubble radius 

(122). For example, Streeter et al. (123) showed increased molecular targeting signal using 3 μm 

bubbles over 1 μm bubbles with a 7 MHz harmonic imaging scheme, while Sirsi and colleagues 

(107) used 6 – 8 μm bubbles to enhance fundamental imaging at 40 MHz. It is obvious that there 

are many interconnected factors influencing the results of these previous works and the current 

study, including microbubble composition, size, the frequencies at which bubbles are excited, and 

the bandwidth at which bubble echoes are received. Future work is needed to continue illuminating 

these relationships, as the current study is limited to the specific 4 MHz excitation case with a 

receive bandwidth between 8.5 – 35.7 MHz. 

While all contrast agents were tested at a matched concentration in this work, clinical 

MCAs are not necessarily used at the same concentration or dose in humans. For example, the 

stock concentration and the clinically recommended doses for Definity and Optison are different. 

The recommended doses for one bolus of Definity and Optison are 10 µL/kg (114) and 0.5 mL 

(113), respectively. Assuming an average male patient as described by the US Center for Disease 

Control and Prevention (124) and using Nadler’s formula to calculate blood volume (125), we can 

estimate a typical clinical concentration for these MCAs. Consider a fictional patient who weighs 

88.7 kg and has a blood volume of 5.46 L. Assuming a stock concentration of 1.2 x 1010 #/mL 

(114), the overall concentration of Definity in circulation after one bolus at the recommended dose 

would be 1.9 x 106 #/mL. In the same patient, one bolus of Optison at a stock concentration of 8.0 

x 108 #/mL (113) would result in an overall concentration of 7.3 x 104 #/mL – two orders of 

magnitude lower than that of Definity. If the results observed for these two clinical agents in the 

present study can be extrapolated to lower concentrations, this difference in dose could be 
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discouraging for clinical superharmonic imaging with Optison. However, concentration is known 

to play a significant role in microbubble behavior under acoustic stimulation, as discussed in the 

following section. 

2.4 Limitations 

A main limitation of the present study is the relatively high concentration used during data 

collection. While this concentration is relevant for preclinical imaging, it is known that higher 

microbubble concentrations lead to greater bubble-bubble interactions (126). Specifically, high 

bubble concentrations result in smaller distances between individual microbubbles in a field, which 

decrease the overall resonance frequency of the bubble population; this has been shown both 

theoretically (127–129) and experimentally (130,131). This implies that the results of the present 

work may not simply extrapolate to lower concentrations, such as those used in the clinic, and 

further investigation may be necessary to continue improvement of clinical superharmonic contrast 

imaging.  

Another important limitation of this work is the method used for concentration matching. 

The particle sizing device used here to obtain concentration and size measurements is inherently 

limited to measure particles between 0.5 and 400 µm (132). As such, the concentration of a 

polydisperse contrast agent with significant portions of its distribution outside this range will be 

measured inaccurately by this device. It is unlikely that ultrasound contrast agents contain bubbles 

larger than 400 µm in diameter, but it is feasible that polydisperse agents with a mean diameter 

around 1 µm, such as Definity, Micromarker, and our in-house formulations, have populations of 

bubbles below 0.5 µm in size. If so, the concentrations of these agents would be misrepresented to 

be lower than they truly are, which could explain the differences, or lack thereof, in superharmonic 

signal generation we have observed in these agents. This methodology also affects the mean 
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diameter of different microbubbles measured in this work. The values reported here may appear 

lower than those reported in other literature, due to the minimum detection threshold of the 

Accusizer (0.5 µm), compared to other common methodologies, such as a Coulter counter or 

optical microscopy sizing. Furthermore, the values reported here are number-weighted rather than 

volume-weighted. The methodology used in measuring and reporting microbubble size is a major 

confounding variable that should always be considered in the interpretation of experimental results 

in which bubble size is reported.  

This study focused on the effect of different properties of MCAs on superharmonic signal 

production. Recently, attention has been brought to the importance of properties of the external 

environment when assessing the acoustic response of microbubbles. Others have reported 

decreased microbubble oscillation amplitude (133) and fragmentation (134) in fluids with 

viscosities similar to blood. Helfield et al. (134) also observed a decrease in broadband 

superharmonic emissions, in keeping with the observation by Lindsey et al. (31) that substantial 

broadband superharmonic signals originate from microbubble fragmentation. Because the current 

work used a less viscous fluid during data collection, the superharmonic content recorded is likely 

much greater than would be seen in vivo. While the absolute values of the superharmonic metric 

used here would decrease, we believe the trends shown would remain valid in a blood-like fluid.  

Many studies have examined the behavior of microbubbles in capillary-sized tubes. It has 

been reported that bubbles in 12 – 25 µm inner diameter tubes produce smaller oscillation 

amplitudes (135,136) and exhibit fewer occurrences of microbubble fragmentation (136) than 

those in 160 – 200 µm tubes. Furthermore, Sassaroli and Hynynen (137) have shown that the 

acoustic pressure threshold to cause fragmentation increases as tube size decreases. In 

consequence, the results presented in this work are dependent on the tube used for data collection. 
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The in vitro results shown here for a 200 μm synthetic vessel may not translate directly in vivo, 

where a distribution of vessel diameters is present.  

Finally, we reiterate that the data presented herein is specific to superharmonic imaging 

within the conditions of the custom fabricated dual-frequency transducer used, which has a 

frequency bandwidth quite different than current clinical transducers. Hence, observations of 

microbubble performance observed here should not be assumed to exhibit the same trends for pulse 

inversion, amplitude modulation, subharmonic imaging, or other techniques performed within the 

bandwidth of commercial clinical transducers and ultrasound systems. Future work will be 

necessary to evaluate the performance of different contrast agents within clinical imaging 

parameters. Similarly, additional work will need to be performed to optimize contrast agents for 

in vivo acoustic angiography. 

2.5 Conclusion 

In this chapter, we have assessed the superharmonic response of several types of contrast 

agents specific to superharmonic imaging at 4 MHz. We have found that certain microbubbles 

produce much more superharmonic energy than others when insonified at 4 MHz. In summary, 

bubbles with perfluorocarbon cores produce more superharmonic content than those with sulfur 

hexafluoride cores. Microbubbles with longer acyl chains (18 – 20 carbons) in the lipid shell create 

more superharmonic energy than bubbles with shorter chains (16 carbons). Superharmonic 

production generally decreases with increasing size between 1 and 4 µm, presumably due to 

decreasing resonance frequency or susceptibility to fragmentation. Finally, Definity and 

Micromarker may be better suited for clinical and preclinical superharmonic imaging, respectively, 

than Optison when transmitting at 4 MHz. These results will be used to optimize future acoustic 

angiography studies and improve contrast-to-tissue ratio and sensitivity. In the future, continuation 
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of this work will include evaluation of these results in animal models in vivo to predict the optimal 

microbubble contrast agent for superharmonic imaging with this dual-frequency system. 
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CHAPTER 3 

CHARACTERIZATION OF A DUAL-FREQUENCY ARRAY FOR ACOUSTIC 

ANGIOGRAPHY3 

 

3.1 Introduction 

As discussed in the previous chapters, ultrasound is a widely used modality for soft tissue 

imaging due to its portability, safety, high temporal resolution, and low cost compared to computed 

tomography and magnetic resonance imaging. With the addition of microbubble contrast agents 

(MCAs) as a blood pool marker, ultrasound can also be used to image blood flow and perfusion 

(138). Contrast-specific imaging schemes, such as pulse inversion (19) and amplitude modulation 

(20), utilize the nonlinear response of MCAs by receiving at the second harmonic frequency and 

are commonly used to reduce background tissue signal in contrast-enhanced ultrasound imaging. 

Subharmonic (98,139) and superharmonic (21,22) techniques are also used to enhance nonlinear 

microbubble signal over background tissue. 

Bouakaz and colleagues (21) first introduced superharmonic imaging, in which ultrasound 

images are formed from higher harmonic echoes (≥3x the fundamental frequency) rather than the 

fundamental or second harmonic response. The authors used a custom phased array with 

interleaved transmit and receive elements, centered at 0.9 and 2.8 MHz, respectively, to show that 

                                                           
3This chapter previously appeared in an article in IEEE Transactions on Ultrasonics, Ferroelectrics, and Frequency 

Control. The original citation is as follows: Newsome IG, Kierski TM, Pang G, Yin J, Yang J, Cherin E, Foster FS, 

Carnevale C, Démoré CEM, Dayton PA. “Implementation of a novel 288-element dual-frequency array for acoustic 

angiography: in vitro & in vivo characterization,” IEEE Trans UFFC. 2021;in press. doi: 

10.1109/TUFFC.2021.3074025. © 2021 IEEE. Reprinted with permission. 
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greater contrast-to-tissue ratio (CTR) can be achieved with superharmonic over second harmonic 

imaging (21). Kruse and Ferrara (22) extended this concept and demonstrated high resolution 

superharmonic M-mode imaging using 2.25 MHz transmit and 15 MHz receive with two confocal 

pistons.  

Building on these seminal studies, Gessner and colleagues developed acoustic 

angiography, a three-dimensional (3D) microvascular ultrasound imaging technique, using custom 

dual-frequency (DF) wobbler transducers with transmit at 2 – 4 MHz and receive at 30 MHz 

(26,27). The authors used this DF strategy to isolate intravascular microbubble signals from signals 

of the surrounding tissue with high sensitivity and resolution (26,27). Implementation of the 

technique in 3D produces volumetric maps of the microvasculature, which can be quantitatively 

analyzed for characteristics of vessel morphology, coining the term “acoustic angiography” 

(26,27). Quantitative analysis of tortuosity and vascular density on acoustic angiography images 

has been used to differentiate tumors from healthy tissue (34–36), monitor response to therapy 

(38–41), and assess vascular development (44,45) in various preclinical models. 

However, previous acoustic angiography studies were necessarily focused on the 

preclinical development of the technique. The DF wobblers were designed specifically for small 

animal imaging in rodents, with shallow focal depth and depth of penetration limited by the high 

receive frequency (27). While preclinical use of acoustic angiography has proven highly useful for 

tumor differentiation and monitoring treatment, the first clinical application of acoustic 

angiography in human breast found the technique lacking in several aspects. Most notably, the 

limited imaging depth excluded many patients from the study, the sensitivity of the transducer was 

limited at a clinical MCA dose, and respiratory motion significantly degraded image quality during 
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data acquisition (48). For the progression of this microvascular imaging technique toward clinical 

translation, improvements in DF transducer technology are required to overcome these issues.  

Most clinical ultrasound imaging is performed with array transducers, which have been 

called “the most important advance in transducer technology” for the benefits they provide in terms 

of beam focusing, steering, and rapid acquisition sequences (11). For dual-frequency imaging and 

therapeutic applications, including acoustic angiography, it follows that the next generation of 

transducers must be DF arrays (140). In this chapter, we present the latest developments in acoustic 

angiography through the implementation of a coaxially stacked DF array (DFA) transducer, which 

has been developed by our group and collaborators (141). We begin by characterizing this new 

acoustic angiography system in vitro and go on to demonstrate its in vivo imaging capabilities. 

3.2 Materials and Methods 

3.2.1 Ultrasound System Description 

Figure 3.1 provides a schematic of the acoustic system used in this work. The transducer 

used here was a vertically stacked DF array, as described in (141). It consisted of a 32-element 

low-frequency (LF) linear array stacked behind a 256-element high-frequency (HF) linear array 

for LF transmit and HF receive. The nominal center frequencies of the LF and HF stacks are 2 

MHz and 18 MHz, respectively. The design of this DFA allows for confocal imaging through 

electronic focusing in the lateral (azimuthal) and axial directions. The DFA is operated by two 

programmable ultrasound machines that share a system clock for phase-accurate synchronization 

during imaging (Vantage 256, Vantage 256 high-frequency configuration, and Multi-System 

Synchronization Module, Verasonics, Kirkland, WA, USA). The system is programmed for 

focused line-by-line imaging with 128 ray lines with 2 MHz transmit on the LF array and receive 

with 62.5 MHz sampling rate and a 10 – 30 MHz bandpass filter on the HF array. Hereafter, this 
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form of imaging will be referred to as “dual-frequency mode” or “DF-mode.” Conventional high-

frequency tissue imaging (transmit and receive at 15.625 MHz) will be referred to as “B-mode.”  

For imaging in DF-mode, the transmit aperture consisted of all 32 elements of the LF array, 

and all 256 elements of the HF array were used on receive. For all transmissions, the full LF 

aperture was excited with a single-cycle pulse with a frequency of 2 MHz. Each DF-mode frame 

consisted of 128 ray lines with their origins located at the center of every other HF element. Data 

were beamformed with dynamic receive beamforming on the native Verasonics beamformer after 

tuning to account for the unique geometry of the DFA, including offsets in the delay profiles for 

azimuthal focusing on both the LF and HF stacks. These offsets were empirically determined using 

a needle hydrophone (HNA-0400, Onda Corporation, Sunnyvale, CA, USA). For B-mode, 200 

focused ray lines and F-number of 1.5 were used. In both modes, uncompressed, envelope-

detected, beamformed radiofrequency data were saved for offline analysis. In all experiments, 

frame rate was selected to allow comparison between the DFA system and the DF wobbler systems 

described previously (26,35).  

 

Figure 3.1 Schematic of the dual-frequency array system: the overall system configuration (left) and 

internal dual-frequency (DF) array geometry (right). 
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To acquire 3D image stacks, the DFA was attached to a linear translation stage (Velmex, 

Inc., Bloomfield, NY, USA) controlled by a custom program (LabVIEW, National Instruments, 

Austin, TX, USA). Translation of the stage was triggered by the imaging system, and image stacks 

were collected with 0.1 mm between slices. The number of slices per scan was determined by 

tumor size and ranged from 50 to 200 slices, corresponding to elevation distances of 5 to 20 mm. 

3.2.2 Acoustic Characterization 

The beam alignment and pressure output of the DFA were measured in degassed water 

with a calibrated needle hydrophone (HNA-0400, Onda Corporation, Sunnyvale, CA, USA) and a 

digital three-axis motion stage (Newport Corporation, Irvine, CA, USA). Acoustic signals were 

digitized (CSE1222, DynamicSignals LLC, Lockport, IL, USA) and recorded with a custom 

acquisition program (LabVIEW, National Instruments, Austin, TX, USA). Pressure maps in the 

elevational-axial dimension were collected with plane wave transmissions to demonstrate the 

effect of the elevation lens on the array. Pressure maps were acquired with 250-µm axial and 100-

µm lateral or elevational grid spacing and linearly interpolated to a 50-µm grid for display. 

For frequency bandwidth measurements, a calibrated high-frequency needle hydrophone 

(NH0040, Precision Acoustics, Dorchester, UK) was used to acquire single-cycle transmit 

waveforms from both LF and HF stacks. For each stack, a single transmit beam axially focused at 

10 mm and laterally centered was generated, and 150 waveforms were recorded at a pulse 

repetition frequency of 10 Hz. Waveforms were recorded and digitized as described above. All 

data analysis presented in this work was performed in MATLAB (Mathworks, Natick, MA, USA). 

To obtain the frequency responses, the 150 signals from each stack were averaged, and a fast 

Fourier transform was performed. The center frequency of each stack was measured as the 
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maximum of the magnitude of the Fourier transform, and the -6 dB cutoff frequencies were 

measured relative to the center frequency. 

3.2.3 Contrast Agent Formulation 

 The contrast agent used in this work was an in-house formulation of lipid-shelled, 

perfluorocarbon-filled microbubbles, as previously described (35,142). Briefly, a 9:1 molar 

mixture of distearoylphosphatidyl-choline (18:0 PC, Avanti Polar Lipids, Alabaster, AL, USA) 

and PEGylated dipalmitoylphosphatidyl-ethanolamine (16:0 PEG2000 PE, Avanti Polar Lipids, 

Alabaster, AL, USA) was prepared in phosphate buffered saline (PBS) containing 15% (v/v) 

propylene glycol and 5% (v/v) glycerol. After preparation, the lipid solution was aliquoted into 

cleaned 3 mL vials, and the air headspace in each vial was replaced with decafluorobutane gas 

(Fluoromed, Round Rock, TX, USA). Contrast was activated with a mechanical agitator (Vialmix, 

Lantheus Medical Imaging, North Billerica, MA, USA) to form polydisperse microbubbles. The 

average size and undiluted concentration of these MCAs as measured by single particle optical 

sizing (Accusizer 780A, Particle Sizing Systems, Santa Barbara, CA, USA) were 0.96 µm and 

3.1x1010 microbubbles/mL, respectively. 

3.2.4 In Vitro Resolution 

To assess the resolution of the imaging system, an in vitro experiment was performed. A 

beaker containing 575 mL of distilled water was placed on a stir plate (Thermolyne Cimarec, 

Barnstead International, Dubuque, IO, USA) and constantly mixed with a magnetic stir bar on the 

lowest setting to prevent contrast microbubbles from floating during data acquisition. A solution 

containing approximately 1.87x105 microbubbles was injected into the bath to create a suspension 

of spatially separated bubbles. The bubble solution was imaged in DF-mode with a frame rate of 

4 fps and focal depth between 5 – 30 mm in 5 mm increments. The maximum driving voltage (28 
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V) was applied at all depths to maximize pressure and signal-to-noise ratio. At each depth, 100 

frames were collected. 

In vitro resolution was analyzed as follows. For each focal depth, each frame was cropped 

to 1 mm on either side of the focal depth (e.g., for 5 mm focal depth, images were cropped to 4 – 

6 mm axial range). For any single bubbles in this region, lateral and axial profiles were extracted 

using the “improfile” function in MATLAB. The profiles were normalized, and the resolution was 

computed as the full width at half-maximum (FWHM) for each profile. The final resolution metrics 

were the average FWHMs in each direction. At least 100 bubbles were measured for each focal 

depth. 

3.2.5 In Vitro Sensitivity 

To measure the sensitivity of the imaging system to contrast, a regenerated cellulose tube 

with 200 µm inner diameter (Spectrum Laboratories, Rancho Dominguez, CA, USA) was 

suspended in a water bath orthogonal to the axis of propagation, such that the length of the tube 

was in the imaging plane. The depth of the tube from the transducer surface was varied with the 

focal depth of the imaging scheme from 7.5 – 27 mm, and alignment was confirmed with B-mode 

imaging. The peak rarefactional pressure was held constant at 490 kPa for all depths (MI = 0.35), 

and a frame rate of 4 fps was employed to allow the tube to fully perfuse between frames. MCAs 

were diluted in PBS to 1x107 microbubbles/mL and infused through the microtube at a volume 

flow rate of 60 µL/min (31.8 mm/s) with a syringe pump (Pump 11 Elite, Harvard Apparatus, 

Holliston, MA, USA). Three trials were performed for each depth with a fresh MCA dilution 

prepared for each trial, and 50 frames were collected while contrast was flowing. For comparison, 

data was also collected with a DF wobbler probe as previously described (26,27). Briefly, a single-

cycle cosine-windowed sine wave was transmitted at 4 MHz and MI = 0.35 with the LF element 
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of the wobbler, while a preclinical HF scanner controlled receive at 30 MHz center frequency with 

a 15 MHz high-pass filter on the receive line (Vevo 770, FUJIFILM VisualSonics, Inc., Toronto, 

ON, Canada). Compressed image data were saved for analysis.  

In vitro sensitivity was quantified by contrast-to-noise ratio (CNR) as defined below. For 

each depth, a maximum intensity projection (MIP) was created from the image stack. Each MIP 

was used to draw regions of interest (ROIs) for “contrast” within the tube and “noise” in the 

surrounding water. Next, the mean envelope amplitude inside each ROI was computed for each 

frame. CNR was defined as: 

𝐶𝑁𝑅 = 20 log10 (
𝐸𝑐𝑜𝑛𝑡𝑟𝑎𝑠𝑡

𝐸𝑛𝑜𝑖𝑠𝑒
),                                                     Eq. 3.1 

where Econtrast and Enoise were the mean envelope amplitudes inside the contrast and noise ROIs, 

respectively. To obtain the final CNR metric, the CNR values were averaged over the 150 frames 

collected over three trials for each depth. 

3.2.6 In Vivo Imaging 

All animal studies performed in this work were approved by the University of North 

Carolina Institutional Animal Care and Use Committee. Subcutaneous fibrosarcoma tumors in 

female rats (Fischer 344, Charles River Laboratories, Wilmington, MA, USA) were imaged. This 

tumor model has been described previously (143) and was chosen for its well-vascularized tumors 

characterized by increased vascular density and tortuosity (34,43). Briefly, fibrosarcoma tissue (1 

mm3) from donor rats was implanted subcutaneously in the right flank. Tumor allografts grew for 

approximately two weeks before imaging, and animals were humanely euthanized when tumors 

reached 2 cm in the largest dimension. 
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For imaging, rats were anesthetized with vaporized isoflurane (induced at 5%, maintained 

at 2 – 2.5%), and the skin surrounding the tumor was shaved. A catheter was inserted in the tail 

vein for administration of MCAs, which was performed with an infusion pump (Pump 11 Elite, 

Harvard Apparatus, Holliston, MA, USA) with a 15 µL/min volume flow rate. MCAs were diluted 

in sterile saline to a concentration of 1.5x1010 microbubbles/mL before infusion, resulting in an 

effective circulating concentration in the range of 0.5 – 1.5x108 microbubbles/mL. A water bath 

and ultrasound gel were used to couple the transducer to the animal’s skin. For in vivo imaging, 

the focal depth of the DFA was set equal to the center of the tumor, frame rate was set to 4 fps, 

and MI = 0.48 was used. Tumors were imaged with both the DFA and a DF wobbler for 

comparison, as described in the previous section. On the DFA system, four frames were averaged 

at each position, compared to five frames on the wobbler system. DFA images collected on the 

Verasonics Vantage were formed by log-compressing envelope-detected data and were displayed 

with 44 dB dynamic range. However, the Vevo770 used in this work could not provide 

uncompressed data; instead, it exported 8-bit images with unknown compression. Therefore, the 

dynamic range for display of DF wobbler images was chosen such that image contrast was 

comparable to the corresponding DFA image when displayed at 44 dB. Images are displayed as 

MIPs unless otherwise specified. Because the wobbler and array had to be physically moved to 

acquire images of the same tumor, a true slice-by-slice comparison could not be achieved. MIPs 

were therefore used to compare approximately the same volume with each device. 

3.3 Results 

3.3.1 Acoustic Characterization 

The results of hydrophone measurements are shown in Figure 3.2. Figure 3.2A provides 

the frequency bandwidths measured on transmit for the LF and HF stacks. The center frequency 
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of the LF array was measured at 1.95 MHz with -6 dB cutoffs at 1.32 and 2.55 MHz. For the HF 

array, a center frequency of 17.1 MHz was measured, and the -6 dB bandwidth reached from 13.4 

to 22.6 MHz. The -20 dB lower and upper cutoffs of the main lobe of the HF bandwidth were 10.8 

and 28.3 MHz, respectively. 

Maximum rarefactional pressure output was generated by the LF stack for a focal depth of 

10 mm, producing 674 kPa and corresponding to MI = 0.48 (Figure 3.2B). Based on these 

 

Figure 3.2 Acoustic characterization of the dual-frequency array: A) transmit frequency bandwidths of 

the 2 MHz (red) and 18 MHz (black) stacks; B) maximum peak rarefactional pressure vs. focal depth 

for constant applied voltage (28 V) on the 2 MHz stack; C) lateral-axial pressure maps demonstrating 

effective electronic focusing in azimuth and alignment of both beams at 10 mm focal depth; and D) 

elevational-axial pressure maps showing the beam thickness in elevation. On all pressure maps, the -6 

dB beamwidth is denoted by the white contour. 
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measurements, imaging in DF-mode can be performed in the range of MI = 0.3 – 0.5 for depths 

up to 3 cm. The LF and HF beams produced by electronic focusing at 10 mm depth are shown in 

Figure 3.2C. Here, the white contour denotes the -6 dB beamwidth for each array, confirming 

alignment of the beams for coaxial dual-frequency imaging. Furthermore, the LF and HF beams 

are shown in elevation in Figure 3.2D. The HF beam was narrowest from 6 – 12 mm axially, due 

to the elevational lens on the DFA; over this range, the average elevational beamwidth was 0.7 

mm. At all depths, the LF beamwidth was larger than 3 mm. 

3.3.2 In Vitro Resolution 

Figure 3.3 depicts the axial and lateral resolution of the DFA measured in vitro. The theory 

surrounding superharmonic imaging is complex, but in general, the received pulse is determined 

by the nonlinear response of the microbubble shell, which is especially high frequency when the 

shell is disrupted. Here, the system is sensitive to signals up to 30 MHz, based on the transducer 

bandwidth and receive sampling and filtering used. Measurements show an average axial 

resolution of 68.4 µm. Near the HF focus 

of the elevation lens of the array at 10 mm, 

lateral resolution is measured as 104.6 µm. 

Table 3.1 provides all resolution values 

measured in this experiment. 

 

 
 

Figure 3.3 In vitro measurement of axial and lateral 

resolution vs. focal depth. Data presented as mean full-

width at half-maximum ± standard error. 
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3.3.3 In Vitro Sensitivity 

Results of the in vitro sensitivity experiment are given in Figure 3.4. Example MIPs 

collected with the DF wobbler system and the DFA system at a focal depth of 20 mm are shown 

in Figure 3.4A and 3.4B, respectively. The ROIs used for CNR calculation are provided for 

reference. It should be noted that the post-excitation peaks (86,144), observed as an extension of 

signal outside the tube in the axial dimension, were not included in the contrast ROI. While these 

signals are present in this water bath experiment, they are not typically observed in attenuating 

media, such as tissue. Figure 3.4C gives CNR as a function of focal depth for the two devices. 

Here, we observe roughly constant CNR for all depths with the DFA, illustrating the benefit of 

using electronic focusing to match target depth and maintain constant pressure. The DFA exhibits 

maximum CNR (38.8 dB) at 10 mm, near the elevation focus of the HF array. At 15 mm, we find 

Table 3.1: In vitro resolution measurements. 

Depth 

(mm) 

Number of 

Bubbles 

Axial  

Resolution (μm) 

Lateral 

Resolution (μm) 

5 160 65.5 ± 1.0 96.3 ± 1.7 

10 121 69.5 ± 1.6 104.6 ± 2.3 

15 127 72.3 ± 1.3 105.0 ± 2.1 

20 117 68.6 ± 0.9 111.7 ± 2.5 

25 116 67.3 ± 0.7 124.9 ± 2.9 

30 115 67.5 ± 0.8 151.2 ± 3.1 

Data presented as mean full-width at half-maximum ± standard error. 

Table 3.2: In vitro sensitivity measurements. 

Depth (mm) Wobbler CNR (dB) Array CNR (dB) 

7.5 0.4 ± 0.1 33.4 ± 0.5 

10 5.2 ± 0.4 38.8 ± 0.4 

12 14.2 ± 0.3 37.7 ± 0.8 

15 21.7 ± 0.3 34.8 ± 0.6 

17 20.9 ± 0.5 35.9 ± 0.9 

20 19.7 ± 0.4 35.1 ± 0.9 

24 12.5 ± 2.6 33.2 ± 1.0 

27 ----------- 34.6 ± 0.6 

Data presented as mean ± standard deviation. CNR = contrast-to-noise 

ratio. 



 

46 

that the DFA system achieves 13.1 dB greater CNR compared to the wobbler system at the same 

MI. As expected, the CNR achieved with the wobbler probe follows a Gaussian shape, with 

maximum CNR at the focal depth of 15 mm. The limited field of view of the DF wobbler did not 

allow calculation of CNR at a depth of 27 mm. All measured CNR values are listed in Table 3.2. 

3.3.4 In Vivo Imaging 

Figure 3.5 provides B-mode slices (A – B) and DF-mode MIPs (C – D) of a large rat 

fibrosarcoma tumor, demonstrating the ability of the DFA to perform high-contrast acoustic 

angiography in vivo. This dataset consisted of 220 slices and was acquired in less than 5 minutes. 

In comparison to the DF wobbler system, the DFA system exhibits comparable resolution with 

 

Figure 3.4 In vitro contrast-to-noise ratio measurement: example 

maximum intensity projections at 20 mm depth for the dual-

frequency A) wobbler and B) array systems with contrast (red) and 

noise (yellow) regions of interest and C) mean contrast-to-noise 

ratio for increasing focal depth. 
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higher sensitivity, shown by greater MCA signal and reduced contamination from artifact (Figure 

3.6).  In Figure 3.6 (B – C), when imaging with the wobbler, we observe bright artifacts from the 

animal’s skin (indicated by arrows) that do not appear when imaging with the DFA, as shown in 

Figure 3.6 (E – F). The DFA also exhibits 4 – 5 mm greater depth of field (i.e., the axial range 

over which the transducer is sensitive to microbubble signals) than the DF wobbler (Figure 3.6C 

& 3.6F) using a single-focal-zone imaging scheme. Finally, the DFA system is able to resolve 

vessels in vivo on the order of 100 – 200 μm, as illustrated in Figure 3.7. 

3.4 Discussion 

In this chapter, we have presented a novel imaging system consisting of a coaxially stacked 

dual-frequency array and programmable research scanners for performing acoustic angiography. 

 

Figure 3.5 In vivo images of a 20 mm rat fibrosarcoma tumor acquired with 

the dual-frequency array system: A – B) high-frequency B-mode, C – D) dual-

frequency acoustic angiography. B-mode images are single slices from the 3D 

dataset, while dual-frequency images are presented as maximum intensity 

projections in either the sagittal (C) or transverse (D) plane. Scale bar = 4 mm.   
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Overall, the results demonstrate that this system can be used for high-sensitivity, high-resolution 

DF-mode imaging up to 27 mm in depth. The device described in this work differs significantly 

from the interleaved or co-linear dual-frequency array transducers implemented in previous works 

(21,145,146). Here, the integrated stacked design of the DFA allows for truly coaxial imaging. 

Conversely, co-linear array designs have a fixed elevation focus dependent on the intersection of 

the outer beams (145,146). While interleaved arrays can have more ergonomic designs than co-

linear probes, they can suffer from the presence of grating lobes (21). The DFA used here does not 

suffer from these limitations, but the design of appropriate stacking layers and aperture sizes for 

 

Figure 3.6 Comparison of in vivo images of three different tumors imaged with the 

dual-frequency wobbler or array systems: wobbler (A – C) or array (D – F). Images are 

presented as maximum intensity projections in the transverse plane. Red arrows 

indicate skin artifacts. Scale bar = 3 mm. 
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such a device can be technically challenging. While other coaxial DF transducer designs have been 

reported for intravascular and intracavitary applications of superharmonic imaging (147–149), the 

transducer implemented in this study represents the first coaxially integrated transcutaneous DF 

array used for acoustic angiography. Detailed reviews on dual-frequency transducer technology 

for superharmonic imaging can be found elsewhere (140,150). 

The beamwidth of the DFA in elevation is 0.7 mm for the HF stack and >3 mm for the LF 

stack. In comparison, the elevation beamwidth of the wobbler probe used in this work is 0.36 mm 

for the HF element and 0.46 mm for the LF element (similar to the device described in (27)). 

Conventionally, the acoustic point spread function (PSF) is equal to the convolution of the transmit 

and receive PSFs. For dual-frequency imaging, however, the system PSF is more complex and is 

affected by the highly nonlinear bubble response, in addition to the transmit and receive beams. 

While the HF receive PSF contributes to the resolution of superharmonic imaging, other factors, 

 

Figure 3.7 In vivo images of an 11 mm rat fibrosarcoma tumor acquired with the 

dual-frequency array system: A) Maximum intensity projection through a 15 mm 

scan of the tumor and B – D) single slices taken from positions 3.5 mm (B), 6.9 

mm (C), and 14.6 mm (D) in the dataset, illustrating resolution of 100 – 200 μm 

vessels. Images are displayed in the transverse plane. Scale bar = 3 mm. 
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including the transmit beam shape and amplitude and the microbubble response, also affect the 

overall system PSF. In this work, the wobbler probe likely has a smaller overall PSF in elevation 

and therefore better resolution in this dimension compared to the array. These effects must be 

considered in the design of future DF arrays.  

While an improvement in sensitivity was expected when transitioning to the DFA system, 

the difference in superharmonic artifacts within the in vivo images (usually from skin or bone) was 

unexpected. It should be noted that the positioning of the coupling gel and water bath was not 

altered when switching between the DF array and wobbler devices. There are two central 

differences between the array and wobbler systems that may be responsible for this phenomenon. 

First, there is a great difference in the frequencies used for acoustic angiography with a wobbler 

compared to the array. With the DF wobbler transducers described in the past, the fundamental 

(i.e., transmit) frequency was 4 MHz, while the center frequency of the receive bandwidth was the 

6th – 7th harmonic (25 – 30 MHz) (27,34,35). On the contrary, with the DFA presented here, the 

fundamental frequency was 2 MHz, and the center frequency of the receive bandwidth was the 8th 

– 9th harmonic. Second, on receive, the wobbler is a single-element system, while the DFA system 

receives with 256 elements. The beamforming used on each system is therefore very different, and 

the high number of elements on the DFA may make this system less susceptible to clutter. Taken 

together, these two disparities may be responsible for the higher prevalence of artifacts within 

wobbler images. 

The system described in this work can resolve vessels on the order of 100 μm in diameter 

at depths less than 3 cm. While this array represents a step toward the clinical translation of 

acoustic angiography, DF transducers that can image at more clinically relevant depths will be 

necessary. The development of such devices will likely require reducing the transmit and receive 
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frequencies further to accommodate the greater attenuation of high frequency signals that will be 

encountered when imaging at depth, in addition to improving the design of the transducer geometry 

for deeper imaging. Further work is needed to elucidate the best frequency combinations for 

performing acoustic angiography in relevant clinical scenarios, such as the evaluation of suspicious 

breast lesions. Translation to clinical applications warrants further investigation to optimize DF 

transducer designs, including finite-element modeling and experimental validation. 

The potential impact of microvascular ultrasound imaging, initially enabled by techniques 

like acoustic angiography, likely motivated the development of ultrasound localization microscopy 

(ULM), a super-resolution ultrasound technique inspired by optical photo-activation localization 

microscopy (51,77,151). With ULM, vessels can be resolved well below the diffraction limit, on 

the order of 10 μm (77,78). However, the time required for image acquisition and processing can 

be quite lengthy for 3D applications when compared to acoustic angiography, in which volumes 

containing vessels on the order of 100 μm can be reconstructed in less than 5 minutes.  

Our group has previously demonstrated that superharmonic imaging with a DF transducer 

can be used for high-sensitivity bubble detection for ULM (86). Using a prototype co-linear DF 

probe, the authors were able to image 20 μm vessels in a rodent kidney (86,145). While we have 

previously shown that acoustic angiography can be used to differentiate tumors from healthy 

tissue, this analysis was based on vessels with diameters greater than approximately 150 μm 

(34,35). The diagnostic power of this technique may be improved with the ability to analyze even 

smaller vessels for characteristics of malignancy. In the future, this combination of superharmonic 

imaging and ULM will be implemented on a DFA, such as the one described herein, for tumor 

imaging. This will allow real-time visualization of larger microvasculature with acoustic 

angiography, followed by detailed analysis of high-resolution vascular features with ULM. 
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However, for mechanically scanned techniques like superharmonic ULM and acoustic 

angiography, tissue motion between elevation slices can lead to errors in microvascular 

reconstruction. We have previously demonstrated that B-mode images interleaved with DF images 

can be used for speckle tracking and motion compensation (86). In future work, this approach can 

be implemented on the DFA system described in this work to improve visualization of 

microvasculature in high-motion targets, such as the human breast (48).  

3.5 Conclusion 

In this study, we have presented the first use of a novel system for acoustic angiography 

using a coaxially stacked dual-frequency array. This system allows acoustic angiography to be 

performed at depths up to 3 cm, an improvement of 1 cm over previous dual-frequency wobblers. 

Additionally, a reduction in transmit and receive frequencies allows an improvement in sensitivity 

of at least 13.1 dB in vitro, and we have shown that the DFA can resolve vessels as small as 100 

μm in vivo. Overall, the integrated array and system presented herein represents the next step in 

dual-frequency technology to facilitate the clinical translation of acoustic angiography. Future 

work will focus on further improvements in imaging depth and sensitivity with dual-frequency 

transducers specifically designed for imaging in clinical applications. 
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CHAPTER 4 

CLINICAL ACOUSTIC ANGIOGRAPHY WITH A DUAL-FREQUENCY ARRAY 

 

4.1   Introduction 

Currently, one in eight women will be diagnosed with breast cancer over the course of her 

lifetime (152). Annually in the United States, more than 250,000 women are diagnosed with breast 

cancer, and over 40,000 women die from the disease (152). To avoid breast cancer-related 

mortality, early detection is crucial. The leading method of breast cancer detection is screening 

mammography, which has been shown to decrease the incidence of mortality by as much as 20% 

(153,154). Lesions identified via mammography are typically subjected to follow up imaging, such 

as diagnostic mammography, tomosynthesis, magnetic resonance imaging, or ultrasound, and after 

this secondary imaging, each lesion is assigned a score of 1 – 6 in the Breast Imaging Reporting 

and Data System (BIRADS) (155). Lesions with scores of 4 – 5 are considered suspicious and will 

likely be recommended for biopsy (155). Based on this evaluation, up to 2% of screening 

mammograms lead to biopsy, of which more than 65% obtain benign results (153,156). This 

indicates that most of these biopsies are performed unnecessarily, causing needless physical and 

emotional trauma for patients and an estimated annual cost of more than $2 billion in the United 

States (157). 
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As a breast cancer imaging tool, ultrasound suffers from poor specificity and increased 

false-positive rates compared to other modalities (158). An illustrative breast ultrasound example 

is provided in Figure 4.1. In this example, three lesions exhibit similar features when examined 

with ultrasound, though only one lesion is malignant. Because it is a safe, affordable, and widely 

available imaging modality, ultrasound is an excellent candidate for secondary breast imaging, but 

specificity must be improved.  

Acoustic angiography, a superharmonic contrast-enhanced ultrasound approach, is 

uniquely poised to improve the specificity of breast ultrasound by evaluating the microvascular 

features in addition to the tumor tissue (150). The vascular characteristics of tumor growth, 

including increased tortuosity and vascular density, are important biomarkers of malignancy and 

may provide an opportunity to improve tumor identification and diagnosis (159). To date, acoustic 

angiography in humans has exhibited limited success, largely determined by the capabilities of the 

dual-frequency transducers used for imaging. While the high resolution of acoustic angiography 

was maintained in human patients, Shelton et al. (48) demonstrated that both the depth and 

sensitivity of the technique must be improved in order for clinical translation to be successful. 

Figure 4.2 provides example images from a healthy breast volume from this pilot study. These 

data show that only sparse vasculature within 16 mm of the transducer surface was observed, and 

the wobbler transducer was only sensitive in a narrow region above this depth (9 – 16 mm).  

 

Figure 4.1 Example ultrasound images of suspicious breast lesions: malignant 

infiltrating ductal carcinoma (left), benign papilloma (center), and benign cyst (right).  
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The next-generation dual-frequency array (DFA) described in Chapter 3 has demonstrated 

the potential to improve image sensitivity by up to 13 dB and depth-of-field by up to 5 mm in a 

preclinical study (160). In this chapter, this DFA is used to perform acoustic angiography in a 

clinical study, and the results are compared to previous in-human acoustic angiography data 

collected with “wobbler” probes.  

4.2   Materials and Methods 

4.2.1   Study Design 

To investigate the DFA’s potential capability to perform acoustic angiography imaging in 

humans, a pilot clinical study was performed. All clinical work was approved by the University of 

North Carolina at Chapel Hill Institutional Review Board, and all study subjects provided informed 

consent. The study protocol is outlined in Figure 4.3. The study included two subject cohorts – 

healthy volunteers and patients with breast lesions.  

In healthy volunteers, peripheral vasculature was imaged in the limbs or neck, and these 

data were used to validate and optimize the DFA imaging system for clinical use. For the patient 

cohort, subjects who had suspicious breast lesions identified via standard-of-care screening and 

 

Figure 4.2 Example images of healthy breast collected with a wobbler probe: A) maximum intensity 

projection through depth, showing sparse vasculature throughout the volume; B) maximum intensity 

projection through elevation, showing limited imaging depth. In both images, scale bar = 4 mm. 
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required biopsy were enrolled. At the time of this dissertation, fifteen volunteers and three patients 

had been imaged.  

 

4.2.2 Image Acquisition and Processing 

The dual-frequency array imaging system, as described in Chapter 3 and documented in 

Appendix A, was used for all clinical data acquisition (160). B-mode volumes were collected with 

the high-frequency stack at 15.625 MHz, 8 fps, and MI < 0.8 before contrast administration to 

locate lesions and provide baseline anatomical information. An example B-mode slice shows two 

small lesions in the breast (Figure 4.4). For DF imaging, frame rate was set to 4 – 6 fps, and the 

maximum imaging pressure was used (0.30 < MI < 0.48) for 2 MHz transmit on the low-frequency 

stack. Table 4.1 lists relevant parameters for the DFA imaging system implemented in this work 

and the previously used wobbler system for comparison. For volumetric acquisition, 3D stacks 

 

Figure 4.3 Diagram outlining protocol for clinical 

study. All data were de-identified upon acquisition. 
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were collected with 0.15 – 0.25 mm steps between slices, and 2 – 4 frames were averaged for each 

slice. DEFINITY contrast agent was administered at the recommended dose, 10 µL/kg, (114) by 

trained medical personnel via intravenous injection followed by a saline flush, and the 3D 

acquisition was initiated as soon as contrast was visible in DF-mode. Data acquisition was 

completed in no more than fifteen minutes per subject. After collection, all data were de-identified 

for patient protection. Data were log-compressed and displayed in MATLAB (Mathworks, Inc., 

Natick, MA, USA) as maximum intensity projections (MIPs) or in the open-source 3D Slicer 

software (161) as 3D renderings.  

Table 4.1: Comparison of acoustic angiography systems. 

 DF array DF wobbler 

Transmit frequency 2 MHz 4 MHz 

Receive frequency 18 MHz 30 MHz 

Maximum imaging depth 30 mm 20 mm 

Maximum MI 0.48 0.80 

DF = dual-frequency. MI = mechanical index.  

 

Figure 4.4 Example high-frequency B-mode image of 

suspicious breast lesions collected with the dual-frequency 

array. Yellow contours denote lesion locations. 
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4.3 Results 

4.3.1 Peripheral Vasculature in the Limbs 

For initial characterization of the DFA imaging system in humans, peripheral vasculature 

in the hand and wrist was imaged in healthy volunteers. These targets provided an opportunity to 

assess the sensitivity and resolution of the system in shallow vasculature with little physiological 

motion. In the wrist, the radial artery was easily detected (Figure 4.5A). Compared to the same 

anatomy imaged with a wobbler transducer in the previous study (48), the DFA achieved a 3 dB 

increase in contrast-to-tissue ratio (CTR) at a lower MI (CTR = 9.3 dB at MI = 0.48 with the DFA 

vs. CTR = 6.1 dB at MI = 0.60 with the wobbler). In the palm, the DFA captured the structure of 

the palmar arterial branch with CTR up to 21 dB, as well as a nearby vessel measuring 225 μm in 

diameter (Figure 4.5B). These data serve to demonstrate the high resolution and sensitivity of 

acoustic angiography with the DFA.  

 

 

Figure 4.5 Images of peripheral vasculature in the limbs collected with the dual-frequency array: A) 3D 

rendering of the radial artery and B) maximum intensity projection through depth of arterial branching 

in the palm. Vessel indicated by yellow arrow is 225 μm in diameter. 
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4.3.2 Vasculature in the Neck 

To evaluate the performance of the DFA in high-motion targets, the carotid artery and 

thyroid were imaged. These anatomies present interesting vascular structures in the presence of 

significant physiological motion, including motion caused by the heartbeat, respiration, and 

swallowing. The bifurcation of the carotid artery can be visualized with the DFA, and a nearby 

600 μm vessel can be resolved despite the pulsation of the larger arteries (Figure 4.6). Similarly, 

the vasculature in and surrounding the thyroid, including sub-millimeter vessels, can be imaged 

with the DFA (Figure 4.7). Notably, the DFA is able to detect intravascular microbubble signals 

up to 30 mm in depth, an improvement of more than 10 mm compared to previous wobblers.  

4.3.3 Vasculature in the Breast 

After evaluating and optimizing imaging performance in other anatomies, the DFA system 

was applied for acoustic angiography imaging of the breast. Two example images of suspicious 

 

Figure 4.6 Two orthogonal views of the carotid artery bifurcation imaged with the dual-

frequency array and rendered in 3D. Vessel indicated by yellow arrow is 600 μm in 

diameter. 
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breast lesions are provided in Figure 4.8. While larger vasculature is detected in the area 

surrounding these lesions with high CTR (15 – 18 dB), the DFA struggles to resolve the 

morphology of sub-millimeter vessels. Some breast lesions are relatively avascular (Figure 4.8A 

& 4.8C), while others exhibit greater vasculature but suffer from respiratory motion (Figure 4.8B). 

Figure 4.8D shows a 3D rendering of the vasculature captured around the lesions shown in Figure 

4.4 and 4.8C. In this case, no vasculature was resolved within the lesions, which agreed with the 

patient’s standard-of-care imaging tests. 

 

 

4.4 Challenges Facing Clinical Acoustic Angiography 

The clinical data presented in this chapter serve to illustrate the obstacles that are yet to be 

overcome for the successful clinical translation of acoustic angiography. While the DFA imaging 

system has increased imaging depth by 10 mm, the maximum depth of acoustic angiography with 

this device remains only 30 mm. In B-mode (transmit and receive at the same frequency), imaging 

 

Figure 4.7 Representative maximum intensity projections of thyroids collected with the dual-

frequency array in two healthy volunteers. In each image, the thyroid is outlined by the red 

contour, while the carotid artery and jugular vein are indicated by the yellow arrows.  
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depth of the DFA is shallower still, due to the frequency-limited penetration of ultrasound. This 

effect can be seen in Figure 4.4, where tissue speckle is degraded at depths greater than 20 mm. 

Furthermore, breast composition and density can vary greatly between different women, causing 

the quality of high-frequency B-mode images to be reduced in some patients and leading to 

increased difficulty in locating the lesion for acoustic angiography. In this study, the high-

 

Figure 4.8 Images of vasculature around suspicious breast lesions in three patients: A) maximum 

intensity projection showing sparse, disjointed vasculature in the first patient; B) maximum intensity 

projection showing vasculature contaminated by respiratory motion (yellow arrow) in second patient; 

and C) maximum intensity projection and D) 3D rendering of sparse vasculature in third patient.  
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frequency stack used for B-mode imaging within the DFA had a center frequency of 18 MHz, a 

significantly higher frequency than those typically used for clinical imaging (1 – 10 MHz). For the 

future translation of acoustic angiography, lower frequencies should be explored to improve 

imaging depth in both DF- and B-mode.  

While this may sound like a trivial solution, reducing the frequencies used for acoustic 

angiography will require simulations and experiments to determine optimal frequency 

combinations and the development of new DF transducers. In addition, the resolution of acoustic 

angiography is determined in part by receive frequency (29). A lower frequency will therefore lead 

to worse resolution, which is detrimental for the morphological analysis of vascular features in 

acoustic angiography images. Recently, techniques for achieving resolution beyond the acoustic 

diffraction limit have been published (51), including a dual-frequency, superharmonic approach, 

similar to acoustic angiography (86). Superharmonic ultrasound localization microscopy (ULM) 

uses DF imaging to isolate contrast signals, which can then be localized, tracked, and accumulated 

onto a super-resolution grid with advanced processing methods to form images with resolution of 

20 μm (86). To date, this method has utilized a prototype DF transducer, but in the future, it can 

be applied on the next-generation DFA to recover resolution lost by reducing frequencies. 

Combining acoustic angiography with these novel post-processing methods will allow tumor 

vasculature to be evaluated in real-time for initial assessment (<5 minutes for an acoustic 

angiography volume), followed by detailed analysis of microvascular images with superior 

resolution from ULM.  

As demonstrated in the previous clinical study using DF wobbler probes (48), respiratory 

motion in the breast is significantly detrimental to image quality. In particular, uncorrected motion 

such as that captured in Figure 4.8B will contaminate any attempt to quantify vessel tortuosity 
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and reduce the potential diagnostic power of acoustic angiography. To avoid respiratory motion, 

volumetric scans could be performed during a breath-hold. This approach would require a 

significant decrease in acquisition time – each image presented in this chapter required 1 – 3 

minutes for collection, whereas a routine breath-hold is 10 – 20 seconds (71). Acquisition time 

with the current DFA system is limited by 1) the mechanical scanning required for volumetric 

images, 2) the memory and transfer speed of the system, and 3) the possible imaging frame rate 

(limited by microbubble circulation, acoustic time of flight, and imaging parameters). More work 

is needed to determine if these limitations can be addressed to perform acoustic angiography in a 

single breath-hold.  

An alternative strategy to address motion was presented by Kierski et al. (86). The authors 

interleaved B-mode images into the DF acquisition and then employed a correlation-based speckle 

tracking approach to identify tissue motion and compensate in the associated DF frames (86). This 

method could be employed on the DFA by acquiring an additional interleaved B-mode frame for 

each DF frame collected using the high-frequency stack within the DFA. While this technique is 

computationally intensive, it has been shown to improve image quality and resolution (86). It is 

important to note, however, that this method is only able to correct in-plane motion; out-of-plane 

motion can be identified, but those frames must be discarded. Thus, a motion-corrected image can 

be achieved, but acquisition and processing time must be increased.  

 Yet another solution to the motion problem would be to use 2D DF transducers. While this 

strategy is the most complex and difficult to implement, it is likely the most advantageous. To 

date, all acoustic angiography studies have used 1D DF transducers – either a single-element 

wobbler probe (27,150) or a stacked linear array (141,160), such as the one used in this study. 

These transducers required mechanical translation to create a pseudo-3D volume comprised of a 
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stack of 2D images. Advances in transducer technology have led to 2D transducers, such as matrix 

arrays (90,162) and row-column arrays (163,164), which can acquire true volumetric images 

without mechanical scanning. A 2D array for acoustic angiography would allow for faster 

acquisition time and improved motion correction in two image planes. However, DF transducers 

are technically challenging to manufacture, and the development of a novel 2D DF array will 

require substantial simulation and experimental work to optimize for acoustic angiography. Future 

work will likely focus on the design and implementation of such a device.  

4.5 Conclusion 

In this chapter, we have presented pilot clinical data collected with a novel, stacked DFA 

transducer. Optimization in healthy volunteers has demonstrated that this DF system can maintain 

high resolution (>200 μm) and CTR (>15 dB) for acoustic angiography in humans. Early results 

from patients with suspicious breast lesions illuminate the remaining challenges on the path to 

clinical translation, including the need for even greater imaging depth, as well as methods to 

address physiological motion. Future studies must focus on addressing these issues and developing 

improved DF transducer technology for clinical acoustic angiography.    
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CHAPTER 5 

SUPERHARMONIC BUBBLE AND TISSUE SIMULATIONS FOR DEEP DUAL-

FREQUENCY IMAGING 

 

5.1 Introduction 

 As discussed in the previous chapters, acoustic angiography is a contrast-enhanced 

ultrasound technique that allows the creation of high-resolution microvascular images in 3D 

(26,27,150). This technique utilizes superharmonic imaging, a method of enhancing the signal 

from microbubble contrast over background tissue (21,22). To do so, a low-frequency (LF) 

transmission is used to excite intravascular microbubbles (MBs) at the “fundamental” frequency, 

generating a broadband, nonlinear acoustic response that can be selectively detected with high-

frequency (HF) reception (21,22). This HF receive captures the “superharmonic” frequency 

response of the MBs at frequencies above the 3rd harmonic, or 3rd multiple of the fundamental 

frequency (21,22). While MBs create a strong response at superharmonic frequencies, the signal 

generated by tissue at these frequencies is typically quite weak; this leads to extremely high 

contrast-to-tissue ratio (CTR) (21,22,24). Additionally, the high receiving frequency improves 

image resolution over conventional ultrasound methods (26,27). 
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Acoustic angiography extends superharmonic imaging into 3D by incorporating a 

translational motion stage to acquire volumetric image stacks (26,27,150). In this way, 

microvasculature can be imaged throughout a volume with little contaminating signal from the 

surrounding tissue. This creates an avenue for the evaluation of microvascular architecture in 

diseases where vascular structure is altered, such as cancer (3,165). Preclinical studies have 

established that acoustic angiography is a notable tool for assessing microvascular characteristics 

as a means of detecting malignancy (34,35,37) and monitoring treatment (38–40).  

However, all superharmonic imaging techniques, including acoustic angiography, require 

transducers that can operate at >100% bandwidth. Due to the inherent frequency limitations of 

piezoelectric technology, transducers containing independent transmit and receive elements are 

commonly used to accomplish the necessary bandwidth. Many different transducer designs have 

been proposed and implemented to that end, including dual-frequency (DF) stacked arrays 

(141,160), interleaved arrays (21,23,24), co-linear arrays (86,145,146), and confocal single 

elements (26,27,166).  

Most of the preclinical acoustic angiography works published to date have used a DF 

transducer comprised of two individual elements that were confocally aligned on a mechanical 

arm, or “wobbler” (26,27,34,35,37). The central element, centered at 25 – 30 MHz, was outfitted 

with a 2 – 4 MHz annular element (26,27). This configuration enabled coaxial superharmonic 

imaging in 2D with mechanical steering of the wobbler. Based on the promising preclinical results 

obtained with such wobbler devices, acoustic angiography was used in a pilot clinical study to 

image vasculature in breast tumors (48). The study revealed that the DF wobblers could resolve 

200 μm vessels in humans, but they suffered from low sensitivity to contrast at clinical doses and 

limited depth (<2 cm) due to the focused single elements and high receive frequency (48). 



 

67 

Recently, a first-of-its-kind, coaxially stacked DF array has been developed for acoustic 

angiography (141,160), as described in Chapter 3. This novel transducer contained a 32-element 

LF linear array stacked behind a 256-element HF array for coaxial superharmonic imaging with 2 

MHz transmit and 18 MHz receive. With this device, high resolution was maintained, while depth-

of-field and sensitivity were enhanced by the array design (160). However, imaging depth was still 

limited (<3 cm) due to the array geometry and lensing (160), and early results from a pilot study 

using this device (Chapter 4) show that acoustic angiography is not yet optimized for clinical 

translation, largely due to the limitations of existing DF transducer technology. 

The greatest limiting factor for the DF transducers described above was that their designs 

were determined by existing transducer technology that could be feasibly modified to perform 

superharmonic imaging. Because these devices originated from preclinical HF technology, it is 

understandable that they struggled to maintain image quality in clinically relevant scenarios. This 

raises the question: how can DF transducer design be informed for improved clinical acoustic 

angiography? More insight is necessary into how acoustic parameters affect superharmonic 

imaging.  

Our group has studied many of the parameters pertinent to acoustic angiography in prior 

studies, including pulse shape (30), microbubble composition (167), and transmit and receive 

frequency combinations (29). In (29), the authors used single-element pistons to test which 

frequency combinations provided maximum CTR, finding that a 1.5 MHz transmit at MI = 1.0 

paired with a 10 MHz receive gave the highest CTR. While this work provides some guidance on 

choosing frequencies for acoustic angiography, it did not consider imaging depth as a variable. For 

clinical applications in the breast, kidney, and liver, imaging depth must reach up to 8 cm. At such 

depth, tissue can begin to exhibit nonlinear behavior due to nonlinear propagation (17), which can 
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lead to contamination of superharmonic bubble signals and thus reduced CTR. In addition, this 

effect is amplitude dependent (168). Hence, imaging depth and excitation pressure must be 

included in any evaluation of acoustic parameters for superharmonic imaging at clinically relevant 

depths.  

Because DF transducer technology is limited in availability, these parameters cannot be 

readily evaluated through in vitro or in vivo experiments. Instead, in this chapter, we present a set 

of custom simulations for assessing superharmonic image quality (in terms of CTR) as a function 

of transmit frequency, excitation pressure, receive bandwidth, and imaging depth. Simulated 

transmit pressure fields are propagated with a custom angular spectrum method with a flux-

conservative Rusanov scheme to solve the nonlinearity, while microbubble dynamics are 

simulated with the Marmottant model. An in silico CTR metric is computed for each parameter 

set based on the simulated tissue and microbubble responses, and an optimal parameter 

combination is identified for each imaging depth. Figure 5.1 provides a simplified overview of 

the simulations developed in this work. 

 
Figure 5.1 Schematic depiction of the generalized simulation procedure: 1) Transmit waveform 

propagates forward in angular spectrum until reaching focal depth. 2) Response scattered from 

polydisperse bubbles is computed using the Marmottant model with a size integration technique 

and propagates back to transducer. 3) Tissue response is generated and propagates back to 

transducer. 4) Attenuation is applied, and CTR is computed inside the receive bandwidth.  
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5.2 Materials and Methods 

5.2.1 Custom Angular Spectrum Method 

Acoustic propagation was described in 3D and included the effects of nonlinearity and 

attenuation. The propagation equations were solved numerically using the angular spectrum 

approach in combination with a Rusanov method for flux-conservative shock propagation. The 

acoustic pressure can be defined by a pseudo-potential, ϕ, which has advantages for the continuity 

through shocks (169,170): 

𝑝(�⃗�) =
𝜕𝜙

𝜕𝑡
(�⃗�),                                                                 Eq. 5.1 

where p is the acoustic pressure. Wave propagation is described in retarded time, 𝜏 = 𝑡 − 𝑥 𝑐0̅⁄ , 

which represents a time frame moving with the mean sound speed, 𝑐0̅, in the x-direction. The wave 

propagation equation can then be written as  

𝜕𝜙

𝜕𝑥
(�⃗�, 𝜏) = 𝐷𝜙(�⃗�, 𝜏) + 𝑁𝜙(�⃗�, 𝜏) + 𝐴𝜙(�⃗�, 𝜏).                                     Eq. 5.2 

The operator, D, describes diffraction:  

𝐷𝜙(�⃗�, 𝜏) =
𝑐0̅̅ ̅

2
∫ (

𝜕2𝜙

𝜕𝑥2
+
𝜕2𝜙

𝜕𝑦2
+
𝜕2𝜙

𝜕𝑧2
)𝑑𝑡 

𝜏

−∞
.                                        Eq. 5.3 

Thus, the equation 
𝜕𝜙

𝜕𝑥
(�⃗�, 𝜏) = 𝐷𝜙(�⃗�, 𝜏) is the 3D wave equation in a constant speed of sound 

medium with no attenuation in a reference frame that moves with the wave in the x-direction. The 

nonlinear operator, N, describes quadratic nonlinearity: 

𝑁𝜙(�⃗�, 𝜏) =
𝛽

2�̅�𝑐0̅̅ ̅
3 (
𝜕𝜙

𝜕𝑡
)
2
.                                                     Eq. 5.4 

The attenuation operator, A, describes empirical attenuation and dispersion laws in the frequency 

domain that follow the Kramers-Kronig causality relations (171), which allows for a more flexible 

and accurate representation of the various power law attenuations that are observed in different 
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soft tissues. The implementation of this attenuation and dispersion is performed numerically in the 

Fourier domain using a filtering approach (172). 

 The numerical solutions of these equations are based on a second order Strang splitting 

(173), as shown below: 

𝜙(𝑥 + ∆𝑥, 𝑦, 𝑧, 𝜏) = 𝜙∆𝑥

2

𝑁 ∘ 𝜙∆𝑥

2

𝐷 ∘ 𝜙∆𝑥
𝐴 ∘ 𝜙∆𝑥

2

𝐷 ∘ 𝜙∆𝑥

2

𝑁 ∘ (𝑥, 𝑦, 𝑧, 𝜏) + ℴ(∆𝑥2),                Eq. 5.5 

which allows each term to be solved using largely independent numerical methods. The diffraction 

term is solved using the angular spectrum, the nonlinear term is solved using a flux-conservative 

Rusanov approach (174), and the attenuation and dispersion is solved empirically as a Fourier 

domain filter (172). For convenience, this is referred to as the “ASR” simulation from this point 

forward.  

The transmit parameters tested included: transmit frequencies of 0.5, 1, 2, 3, and 4 MHz; 

transmit pressures between 125 – 1000 kPa in 125 kPa increments; and depths of 2 – 8 cm in 2 cm 

increments. Figure 5.2 shows an example from the ASR simulation for a 1 MHz, 750 kPa 

transmission that was propagated with ASR to a focal depth of 4 cm.  

 

Figure 5.2 Example transmit simulation generated with angular spectrum: transmit plane after focusing 

(left) and focal pressure from the transmit plane (right) used as driving pressure for the Marmottant 

model. This example is a 1 MHz waveform propagated to 4 cm depth.  
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5.2.2 Marmottant Model for Microbubble Simulation 

The Marmottant model of lipid-encapsulated bubble dynamics was implemented in 

MATLAB (Mathworks, Inc., Natick, MA, USA) (175). This is one of several models proposed for 

microbubble modeling, and prior publications have demonstrated that it is fairly accurate for large-

amplitude oscillations of lipid microbubbles (144,175,176). This model was designed to simulate 

nonlinear microbubble behaviors, such as compression-only oscillations and subharmonic 

emissions (175,177), making it a good candidate for superharmonic simulations. The Marmottant 

equation is given by (1) below: 

𝑅�̈� +
3

2
�̇�2  =  

1

𝜌
[(𝑃0 +

2𝜎(𝑅0)

𝑅0
) (

𝑅0

𝑅
)
3𝛾
(1 −

3𝛾�̇�

𝑐
) −

2𝜎(𝑅)

𝑅
−
4𝜇�̇�

𝑅
−
4𝜅𝑠�̇�

𝑅2
− 𝑃0 − 𝑃𝑎𝑐(𝑡)]        Eq. 5.6 

Here, R, Ṙ, and R̈ are the radius, wall velocity, and wall acceleration, respectively. Table 5.1 

defines all other variables in equation 5.6. Bubble parameters were chosen to represent the 

commercial contrast agent, DEFINITY (Lantheus Medical Imaging, N. Billerica, MA, USA) 

(114), based on previously published works (178,179). In equation 5.6, σ(R) is defined by 

𝜎(𝑅) =

{
 

 
0, 𝑖𝑓 𝑅 < 𝑅𝑏𝑢𝑐𝑘𝑙𝑖𝑛𝑔

𝜒 (
𝑅2

𝑅𝑏𝑢𝑐𝑘𝑙𝑖𝑛𝑔
2 − 1) , 𝑖𝑓 𝑅𝑏𝑢𝑐𝑘𝑙𝑖𝑛𝑔 ≤ 𝑅 ≤ 𝑅𝑏𝑟𝑒𝑎𝑘−𝑢𝑝

𝜎𝑤, 𝑖𝑓 𝑟𝑢𝑝𝑡𝑢𝑟𝑒𝑑 & 𝑅 > 𝑅𝑟𝑢𝑝𝑡𝑢𝑟𝑒𝑑

.                         Eq. 5.7 

Below a certain radius, the shell buckles, and surface tension falls to zero. Conversely, the 

shell can rupture, creating gaps in the lipid monolayer and leading to surface tension equal to the 

surrounding medium (e.g., water). In a small range of radii near the initial radius of the bubble, 

however, the shell behaves in an elastic manner. The three regimes created by this definition ⸺ 

buckled, elastic, and ruptured ⸺ allow simulation of the dynamic nonlinear behavior of a lipid-

shelled bubble with this model (175). To define σ(R), we must first define the critical radii of the 

bubble. 
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The buckling radius is defined by 

𝑅𝑏𝑢𝑐𝑘𝑙𝑖𝑛𝑔 = 𝑅0√
𝜎(𝑅0)

𝜒
+ 1.                                               Eq. 5.8 

In this work, this definition leads to Rbuckling ≈ 0.98R0. The ruptured radius is then given by 

𝑅𝑟𝑢𝑝𝑡𝑢𝑟𝑒𝑑 = 𝑅𝑏𝑢𝑐𝑘𝑙𝑖𝑛𝑔√
𝜎𝑤

𝜒
+ 1,                                           Eq. 5.9 

which gives Rruptured ≈ 1.02R0. Perhaps the most important definition in this model is that of Rbreak-

up, which determines the extent of the elastic regime. This parameter is defined by: 

𝑅𝑏𝑟𝑒𝑎𝑘−𝑢𝑝 = 𝑅𝑏𝑢𝑐𝑘𝑙𝑖𝑛𝑔√
𝜎𝑏𝑟𝑒𝑎𝑘−𝑢𝑝

𝜒
+ 1.                                      Eq. 5.10 

Importantly, σbreak-up, the critical tension at which the shell breaks, is unknown. For lipid-shelled 

microbubbles, previous studies have used Rbreak-up values ranging from Rruptured to 1.5R0 (144,175–

177). In this work, we chose a conservative definition of Rbreak-up = Rruptured. 

 To confirm that this implementation of the Marmottant model is accurate and that the 

parameters are appropriately defined, relative expansion was measured for a subset of simulations. 

Relative expansion is equal to the measured maximum bubble radius divided by the initial radius 

(𝑅𝑚𝑎𝑥/𝑅0) and is commonly used to evaluate the oscillatory behavior of microbubbles 

(134,176,180). Figure 5.3 shows relative expansion measured for two excitation frequencies (2 

and 4 MHz) for a range of bubble radii and excitation pressures. Comparing these measurements 

to the results from King and O’Brien (176), we find excellent agreement with our implementation 

of the Marmottant model in the corresponding range of pressure and radii (denoted by the cyan 

boxes).  

For each transmit frequency and pressure, the driving pressure, Pac(t), was defined as the 

A-line from the focus of the ASR simulation. A built-in variable-step ordinary differential equation 

solver (ode45, MATLAB, Mathworks, Inc., Natick, MA, USA) was used to obtain solutions for 
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the bubble radius, wall velocity, and wall acceleration. The scattered pressure, called Pbubble, was 

calculated with the following equation,  

𝑃𝑏𝑢𝑏𝑏𝑙𝑒(𝑡) =
𝜌

𝑟
(𝑅2�̈� + 2𝑅�̇�2),                                             Eq. 5.11 

where r is the distance from the bubble at which the pressure is scattered (144,177,181). After 

calculation, the scattered pressure was interpolated to a uniform sampling frequency of 200 MHz 

to match the transmit simulations. 

 

Figure 5.3 Relative expansion computed with the Marmottant model from King and O’Brien compared 

to the present study. The cyan boxes represent the approximate range of pressure and bubble radii 

simulated in this chapter. All images are displayed on the same scale. Left panels: © 2011 Acoustical 

Society of America. Reprinted, with permission, from King and O’Brien, “Comparison between 

maximum radial expansion of ultrasound contrast agents and experimental postexcitation signal 

results,” JASA, 2011. 
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5.2.3 Contrast-to-Tissue Ratio Calculation 

Because tissue scattering is predominantly linear compared to microbubble scattering, the 

pressure scattered from tissue was defined as  

𝑃𝑡𝑖𝑠𝑠𝑢𝑒(𝑡) = 𝑃𝑎𝑐(𝑡)/2000.                                                  Eq. 5.12 

This definition assumes that the tissue linearly scatters the incident wave with a relative brightness 

of -66 dB. With this assumption, computationally intensive backpropagation can be avoided, while 

nonlinearities arising from nonlinear propagation of the transmit wave in the forward direction are 

maintained in the tissue response. It should also be noted that this assumption allows these 

simulations to be tuned to represent more or less echogenic tissues (e.g., fat vs. muscle) for specific 

applications (182). The frequency spectrum, Atissue, was obtained via fast Fourier transform of 

Ptissue. 

To account for a polydisperse MB distribution, which would be used for clinical contrast-

enhanced ultrasound imaging, MBs were simulated with radii between 0.3 – 1.5 μm, and the 

resulting scattered pressures were combined with a size integration technique (144,183) based on 

the size distribution of DEFINITY, as measured by a single particle optical sizing device 

Table 5.1: Marmottant model parameters. 

Symbol Quantity Value 

 medium density 1000 kg/m3 

P0 ambient pressure in Chapel Hill, NC 99562 Pa 

R0 initial bubble radius 0.3 – 1.5 μm 

σ(R0) initial shell surface tension 0.04 N/m 

γ adiabatic polytropic gas exponent 1.06 

c speed of sound 1540 m/s 

μ dynamic medium viscosity 0.001 Pa·s 

κs shell surface viscosity 6  109 kg/s 

χ shell surface elasticity 0.81 N/m 

σw medium surface tension 0.073 N/m 

σbreak-up shell break-up surface tension 0.074 N/m 

Rbreak-up shell break-up radius 1.02R0 
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(Accusizer, 780A, Particle Sizing Systems, Santa Barbara, CA, USA). Briefly, the size integration 

technique (183) operates in the frequency domain to combine the pressures scattered by single 

bubbles into the total pressure scattered by a population of polydisperse MBs:  

𝐴𝑡𝑜𝑡𝑎𝑙(𝑓) = ∑ 𝐴𝑏𝑢𝑏𝑏𝑙𝑒(𝑅0,𝑛, 𝑓)
𝑗
𝑛=𝑖 𝑊𝑛.                                      Eq. 5.13 

Here, Abubble(R0,n,f) is the frequency spectrum of the scattered pressure for a MB with initial radius 

R0 as defined by equation 5.11, Wn is the percentage weight of MBs of size n in the distribution, 

and Atotal(f) is the representative frequency spectrum of the MB population. A histogram of the 

DEFINITY distribution used for size integration is shown in Figure 5.4. The radii simulated here 

(0.3 – 1.5 μm) accounted for 99% of MBs in the native DEFINITY distribution.  

Once Atotal and Atissue were obtained, a frequency domain attenuation filter was applied to 

account for attenuation in the backward direction. A value of 0.3 dB/cm/MHz was used to 

represent average soft tissue attenuation. The attenuated frequency spectra were then converted 

back to the time domain and filtered by a digital Kaiser window for a given receive bandwidth. 

Random, normally distributed white noise (0.05 < σ < 2) was then added to both bubble and tissue 

responses before envelope-detection with the Hilbert transform. The final contrast-to-tissue ratio 

(CTR) metric was defined as 

𝐶𝑇𝑅 = 20 log10 (
𝐸𝑡𝑜𝑡𝑎𝑙,𝑚𝑎𝑥

𝐸𝑡𝑖𝑠𝑠𝑢𝑒,𝑚𝑎𝑥
),                                                  Eq. 5.14 

where Etotal,max and Etissue,max represent the maxima of the envelope-detected, receive-filtered 

scattered pressures for the polydisperse bubbles and tissue, respectively. For each set of transmit 

parameters, the CTR calculation was repeated and averaged over 500 independent noise 

realizations. Receive center frequencies were defined between 5 and 30 MHz in increments of 5 

MHz, and the receive bandwidth was held constant at 10 MHz wide for all center frequencies.  
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5.2.4 Experimental Validation 

To validate the simulation framework, an in vitro experiment was performed. First, a 

synthetic cellulose microvessel (200 μm inner diameter, Spectrum Laboratories, Rancho 

Dominguez, CA, USA) was embedded in a tissue-mimicking graphite-gelatin phantom 

(attenuation = 0.3 dB/cm/MHz) at a depth of 2 cm. DEFINITY MBs (114) were diluted to a 

concentration of 1 x 106 MBs/mL and infused through the microvessel at a volume flow rate of 30 

μL/min using a syringe pump (Pump 11 Elite, Harvard Apparatus, Holliston, MA, USA).  

For MB and tissue excitation, annular LF pistons (Olympus Scientific Solutions, Waltham, 

MA, USA) were used to transmit at 1 – 2 MHz center frequency with an arbitrary waveform 

generator (AFG3101, Tektronix, Inc., Beaverton, OR, USA) and power amplifier (240L, 

Electronics & Innovation, Ltd., Rochester, NY, USA). Several confocal HF pistons with center 

frequencies between 10 – 20 MHz (Olympus Scientific Solutions, Waltham, MA, USA) were 

paired with the LF pistons for superharmonic reception. For each frequency combination, the HF 

piston was connected to a receive amplifier (Ritec, Inc., Warwick, RI, USA) and radiofrequency 

(RF) data was recorded through a 12-bit digitizer (CSE1222, DynamicSignals LLC, Lockport, IL, 

 

Figure 5.4 Histogram of the native DEFINITY microbubble distribution: A) measured count and 

B) percentage calculated for 0.1 μm bins.   
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USA) controlled by a custom acquisition program (LabVIEW, National Instruments Corp., Austin, 

TX, USA). 

For each frequency combination, RF data were recorded while MBs were flowing in the 

microvessel to measure the superharmonic bubble response. For the tissue response, RF data were 

collected from a location 5 mm away from the microvessel at the same depth in the phantom. 

These data were used to compute an in vitro CTR metric using the same methods described for the 

in silico data in Section 5.2.3, with the addition of a bandpass filter with cutoffs at 0.5 and 45 MHz 

to remove excess noise from the experimental data before CTR calculation. The resulting in vitro 

CTR values were compared to the simulation results from 2 cm depth as validation. 

5.3 Results and Discussion 

5.3.1 Experimental Validation 

First, a subset of the simulation results was compared to in vitro experimental data to 

evaluate the simulation’s capability to accurately predict CTR at 2 cm depth. Comparing in vitro 

and in silico data for 1 MHz transmit frequency, we find that the simulation accurately predicts 

the receive frequency that maximizes CTR (Figure 5.5A). In both simulation and experiment, a 

receive frequency of 10 MHz provided the highest CTR value for 1 MHz transmit; in this case, 

simulation predicted 34.8 dB, while 25.9 dB was obtained experimentally. For 2 MHz transmit 

frequency (Figure 5.5B), simulation and experiment show good agreement for 15 MHz receive 

(28.1 dB vs. 23.7 dB, respectively). However, the simulated results predict maximum CTR at 20 

MHz receive, while the experimental data shows the highest CTR at 15 MHz.  

In both cases, as a function of transmit pressure, the experimental data exhibit a smooth 

increasing trend that appears to reach an asymptote at higher pressures. In comparison, the 
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simulated results display an unclear “jagged” trend with respect to pressure. There could be many 

possible factors contributing to this trend. First, this could potentially be an effect of downsampling 

the solutions of the Marmottant model, which were initially computed with a variable step. In 

addition, the results of the Marmottant simulation are inherently dependent on both the solver used 

to obtain the solution (in this case, ode45 in MATLAB), as well as the bubble shell parameters 

defined in the model. In particular, the values defined for σbreak-up and Rbreak-up determine the extent 

of the nonlinear elastic regime in the model and therefore the nonlinear signal produced by the 

bubble. For the simulation results to recapitulate the exact trends observed in vitro, these 

parameters must be determined by curve fitting bubble behavior from high-speed optical data. As 

such, from the results of this study, we will identify a pressure threshold above which CTR will be 

maximized, rather than a single pressure that maximizes CTR.  

 

 

 

Figure 5.5 Comparison of simulated and experimental results: A) transmit at 1 MHz and B) 2 MHz 

with 10 MHz receive (left), 15 MHz receive (center), and 20 MHz receive (right). Experimental data 

are presented as mean ± standard deviation.   
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5.3.2 Superharmonic Simulations at 2 – 4 cm 

At a depth of 2 cm, CTR increased as transmit frequency decreased, regardless of transmit 

pressure or receive frequency (Figure 5.6). Maximum CTR was obtained for 0.5 MHz transmit 

paired with a receive frequency of 5 MHz. For all transmit frequencies, the receive frequency that 

 

Figure 5.6 Simulation results at 2 cm depth: transmit at A) 0.5 MHz, B) 1 MHz, C) 2 MHz, D) 3 MHz, 

and E) 4 MHz.  
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provided the highest CTR was the 8th – 10th harmonic frequency, and CTR was maximized at a 

transmit pressure greater than 625 kPa.   

Simulation results for an imaging depth of 4 cm show that maximum CTR is obtained with 

a transmit frequency of 0.5 MHz and a receive frequency of 5 MHz (Figure 5.7). For the higher 

transmit frequencies, CTR decreased steeply compared to the results from 2 cm. At 4 MHz 

transmit, CTR never surpassed 1 dB at any transmit pressure or receive frequency. As observed at 

2 cm depth, optimal receive frequency tended toward the 8th – 10th harmonic, and pressure above 

625 kPa led to the greatest CTR.  

 

 

Figure 5.7 Simulation results at 4 cm depth: transmit at A) 0.5 MHz, B) 1 MHz, C) 2 MHz, and D) 3 

MHz. For higher transmit frequencies, CTR < 1 dB. 
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5.3.3 Superharmonic Simulations at 6 – 8 cm 

The CTR trends observed at shallower imaging depths are also exhibited for 6 – 8 cm 

depth. At both 6 and 8 cm, the highest CTR is again shown for transmit frequency of 0.5 MHz 

paired with a receive frequency of 5 MHz (Figures 5.8 and 5.9). As expected, due to attenuation, 

the maximum possible CTR decreases as imaging depth increases (maximum CTR = ~40 dB at 2 

cm vs. ~20 dB at 8 cm). At these greater depths, the higher transmit frequencies are not able to 

achieve CTR above 1 dB for any of the pressures or receive frequencies tested. Receiving at the 

10th harmonic (5 MHz paired with 0.5 MHz transmit or 10 MHz paired with 1 MHz transmit) 

produced the greatest CTR.    

 

Figure 5.8 Simulation results at 6 cm depth: transmit at A) 0.5 MHz, B) 1 MHz, and C) 2 MHz. For 

higher transmit frequencies, CTR < 1 dB. 
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5.3.4 Role of Mechanical Index in Superharmonic Imaging 

While the highest CTR was predicted for a transmit frequency of 0.5 MHz, it is important 

to consider these results in the context of mechanical index (MI), as well as pressure. MI is a metric 

of acoustic power used to indicate the possibility of mechanical bioeffects (e.g., cavitation) caused 

by ultrasound (9) and is defined as the peak negative pressure in MPa divided by the excitation 

frequency in MHz. The United States Food and Drug Administration (FDA) limits MI to 1.9 for 

diagnostic ultrasound, but many commercial contrast agent manufacturers recommend even lower 

MI values to reduce the possibility of adverse effects caused by microbubble destruction. The 

maximum MI recommended for DEFINITY bubbles is 0.8, significantly lower than the FDA 

guideline (114).  

Here, we can examine the simulation results as a function of MI to determine what 

frequency provides the maximum CTR at a pressure considered safe for superharmonic imaging 

with DEFINITY contrast. At 2 cm depth, a transmit frequency of 2 MHz or 3 MHz is optimal, 

providing the highest CTR below MI = 0.8 (Figure 5.10A). We can observe that the simulation 

 

Figure 5.9 Simulation results at 8 cm depth: transmit at A) 0.5 MHz and B) 1 MHz. For higher transmit 

frequencies, CTR < 1 dB. 
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result for 2 MHz transmit paired with 20 MHz receive agrees well with existing data from the dual-

frequency array (transmit/receive at 2/18 MHz) described in Chapters 3 and 4 (160). When 

imaging depth increases to 4 or 6 cm, CTR is optimized with transmit at 0.5 MHz, with 1 MHz 

providing the second highest CTR (Figure 5.10B-C). At 8 cm, 0.5 MHz is the only transmit 

frequency to achieve CTR greater than 5 dB at an MI below 0.8 (Figure 5.10D). These results are 

summarized in Table 5.2, which identifies the optimal frequency combination for superharmonic 

imaging at each depth.  

 

 

Figure 5.10 Comparison of transmit/receive frequency combinations that provide maximum CTR as a 

function of mechanical index: A) 2 cm, B) 4 cm, C) 6 cm, and D) 8 cm. The dashed line indicates MI = 

0.8, the recommended maximum MI for DEFINITY contrast.  
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5.4 Conclusion 

In this study, we have presented a custom simulation tool for evaluating CTR as a function 

of imaging parameters. These results illustrate three key points for superharmonic imaging. First, 

lower transmit frequency leads to higher CTR. It is known that lower excitation frequencies lead 

to greater expansion of the MB shell, and this expansion is associated with increased broadband 

noise – the signal detected during superharmonic imaging (176). As shown in this chapter, lower 

transmit frequencies should therefore be beneficial for improved acoustic angiography.  Second, 

higher pressure (>625 kPa) is needed to excite MBs to produce substantial superharmonic signals. 

This effect has been reported previously; the majority of acoustic angiography studies have been 

performed with a transmit pressure above 1000 kPa precisely for this reason (29,30,35). Finally, 

receive frequency should be chosen around the 8th – 10th harmonic frequency for maximum CTR. 

This indicates that there is an optimal location in the receive frequency range at which 

superharmonic bubble signals are maximally enhanced over any superharmonic signal generated 

by nonlinear propagation in tissue. Interestingly, the results presented herein show that this trend 

holds for any imaging depth between 2 and 8 cm.  

From these results, we have identified optimal frequency combinations for superharmonic 

dual-frequency imaging at depths of 2 – 8 cm. To maintain high sensitivity for deep acoustic 

angiography, lower transmit frequencies (0.5 – 1 MHz) should be paired with receive frequencies 

around the 10th harmonic of the excitation. In the future, these data will be used to inform the 

Table 5.2: Optimal frequency combinations for superharmonic imaging. 

Depth Transmit Frequency Receive Frequency 

2 cm 2 – 3 MHz 20 – 30 MHz 

4 cm 0.5 – 1 MHz 5 – 10 MHz 

6 cm 0.5 – 1 MHz 5 – 10 MHz 

8 cm 0.5 MHz 5 MHz 
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design of dual-frequency transducers capable of performing clinical acoustic angiography in 

targets such as the breast, thyroid, and liver.  
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CHAPTER 6 

CONCLUDING REMARKS 

 

In this dissertation, we have presented a myriad of approaches to improve acoustic 

angiography as we move toward clinical translation of this microvascular ultrasound imaging 

technique. We have shown that superharmonic imaging is affected by both microbubble and 

acoustic parameters and that these parameters can be optimized to improve image sensitivity. By 

measuring superharmonic output from different microbubble contrast agents, we have found that 

microbubbles can be tuned for superharmonic imaging – specifically, perfluorocarbon-core, lipid-

shelled contrast is optimal for this technique. Based on these results, DEFINITY will be the best 

choice to maximize sensitivity for acoustic angiography compared to other currently available 

FDA-approved, commercial contrast agents, such as Optison (113) or Lumason (184).  

By implementing a first-of-its-kind stacked dual-frequency array, we have demonstrated 

that acoustic angiography can be performed up to 3 cm depth with high sensitivity to microbubble 

contrast at MI < 0.5. In a rodent tumor model, we have shown up to 10 mm improvement in 

imaging depth compared to previous wobbler transducers. In a pilot study in humans, the DFA is 

sensitive to sub-millimeter vessels in targets with significant physiological motion, such as the 

neck and breast. While these data show promising improvement over single-element devices, the 

clinical study presented in this dissertation serves to illustrate the significant challenges that must 

still be overcome for effective acoustic angiography in the clinic.  
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One of the greatest obstacles facing the clinical translation of acoustic angiography is the 

dearth of dual-frequency transducers capable of imaging at clinically relevant depths. However, 

dual-frequency probe design is technically challenging, and data is necessary to inform transducer 

design in order to avoid prohibitively costly and lengthy transducer development. To this end, we 

have developed a custom simulation tool for evaluating CTR as a metric of superharmonic image 

quality, allowing any combination of acoustic parameters and imaging depths to be tested without 

a physical transducer. In this dissertation, we focused on depths that are relevant for breast, thyroid, 

and liver imaging in the clinic (2 – 8 cm). We have shown that reducing the transmit frequency 

will maximize CTR for all depths, while receiving around the 8th – 10th harmonic is optimal. These 

results indicate that a transducer with transmit/receive at 0.5/5 MHz or 1/10 MHz will be optimal 

for deeper clinical acoustic angiography. Notably, these results can be applied to any transducer 

design, such as DF matrix arrays, which will open the door for true volumetric superharmonic 

imaging in the future.  

Overall, this dissertation identifies three paths to improve acoustic angiography by tuning 

1) microbubble contrast agents, 2) acoustic parameters, and 3) transducer technology. In the future, 

the results presented herein will be used to inform the design and implementation of clinical 

acoustic angiography. As superharmonic imaging technology continues to advance, we anticipate 

that this non-invasive microvascular ultrasound technique will lead to significant improvements in 

patient care and diagnosis.  
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APPENDIX A 

DUAL-FREQUENCY ARRAY IMAGING SYSTEM 

 

To operate the stacked dual-frequency array (DFA), an imaging system was developed 

using two synchronized programmable research ultrasound scanners (Vantage 256 standard and 

high-frequency configurations, Verasonics, Inc., Kirkland, WA, USA). Typically, programmable 

ultrasound scanners are used independently, but for this work, the scanners were programmed to 

share one system clock for phase accurate synchronization (Multi-System Synchronization 

Module, Verasonics, Inc., Kirkland, WA, USA), avoiding potential jitter or error introduced by 

traditional triggering. The scanners were housed on a portable cart (McMaster-Carr, Aurora, OH, 

USA) for convenient transportation between the laboratory and hospital for the preclinical and 

clinical studies presented in this dissertation. For 3D imaging, the DFA was mechanically 

translated on a linear motion stage (Velmex, Inc., Bloomfield, NY, USA) controlled by a custom 

program (LabVIEW, National Instruments, Austin, TX, USA) run with an external laptop 

computer (Dell Technologies, Round Rock, TX, USA). The motion stage was affixed to a 

stationary surface during imaging using a camera arm with six degrees of freedom. A photo of the 

system setup for clinical imaging is shown in Figure A.1, and a screenshot of the custom 

LabVIEW program is shown in Figure A.2.  
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Figure A.1 Photograph of the dual-frequency array system setup for clinical imaging in the hospital. 

DFA = dual-frequency array, HF = high-frequency, LF = low-frequency. 

 

Figure A.2 Screenshot of the program for 3D acquisition with the dual-frequency array system. 
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APPENDIX B 

ALTERNATIVE DUAL-FREQUENCY TRANSDUCERS 

 

B.1 Parallel Transducers for Superharmonic Imaging 

Recently, parallel, or co-linear, transducers have been developed for DF applications. 

Because these devices consist of individual transducers aligned physically to have confocal beams, 

they can be rapidly prototyped and assembled with fewer complications than integrated DF arrays, 

such as that described in this dissertation. Our group has characterized a co-linear DF probe that 

consists of a two-element LF “outrigger” that attaches to a commercial HF array (86,145,185), 

shown in  Figure B.1, along with a pressure map of the LF beam created by this device. It has 

been shown that this device can be used for confocal superharmonic imaging with high signal-to-

noise ratio (SNR) (145,185). A comparison of conventional nonlinear contrast imaging on a 

preclinical scanner (Vevo2100, VisualSonics, Inc., Toronto, ON, Canada) and superharmonic 

 

Figure B.1 Co-linear dual-frequency prototype: photograph of the transducer face (left) and 

pressure map of the low-frequency beam (right), where the red region represents the focal zone. 
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imaging with this prototype transducer found that superharmonic imaging provides at least 12 dB 

increase in contrast enhancement, illustrating this technique’s ability to detect contrast without 

contamination from background tissue (Figure B.2). 

We have since demonstrated that this prototype device can be used for ultrafast 

superharmonic imaging, which can be followed with localization microscopy processing to create 

super-resolved images with 20 µm resolution (86). While many ultrasound super-resolution 

techniques have been published to date (186), superharmonic imaging presents a distinct advantage 

over traditional spatiotemporal based filtering methods, allowing slow-flowing and even stationary 

microbubbles to be detected (86). Additionally, the high SNR afforded by dual-frequency imaging 

improves microbubble detection and localization. Combining super-resolution processing with 

superharmonic imaging also allows functional information, such as flow velocity, to be quantified 

 

Figure B.2 Comparison of conventional nonlinear contrast (NLC) imaging to superharmonic dual-

frequency (DF) imaging using a high-frequency array and the prototype low-frequency outrigger. 

Images depict a subcutaneous rat fibrosarcoma tumor. 
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(86). For example, Figure B.3 shows super-resolved vascular flow and direction in a free-

breathing rat kidney, measured with this prototype DF device.  

Co-linear transducers provide a bridge to cross the existing gap in dual-frequency 

transducer technology because of their rapid and affordable prototyping, but they also present 

limitations that must be considered. Because the transducers are physically arranged in parallel, 

the intersection of the LF and HF beams – the focal zone – is fixed and cannot be modified after 

assembly. These devices also tend to have a large footprint, which can be prohibitive in scenarios 

where space is limited, such as imaging of the mouse brain. Nevertheless, these transducers are a 

valuable tool for the progression of DF imaging.  

 

Figure B.3 Super-resolved flow images of a rat kidney created with the prototype dual-

frequency transducer: velocity A) direction and B) magnitude. © 2020 IEEE. Reprinted, 

with permission, from Kierski et al., “Superharmonic ultrasound for motion-

independent localization microscopy: applications to microvascular imaging from low 

to high flow rates,” Trans UFFC, 2020. 
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B.2 Capacitive Micromachined Ultrasonic Transducers 

All the transducers discussed in the previous sections of this dissertation have been based 

on piezoelectric materials, which are typically used for biomedical ultrasound imaging. The 

capacitive micromachined ultrasonic transducer (CMUT) is an alternative transducer technology. 

Whereas piezoelectric transducers use piezoelectric crystals to send and receive acoustic waves, 

CMUTs consist of microscopic capacitor cells that can sense and generate sound (187). These 

transducers provide some benefits over traditional piezoelectric technology, including the low cost 

of microfabricated devices, easy integration and miniaturization with electronics, and larger 

operating bandwidth (187). Because of this latter characteristic, CMUTs offer an attractive 

solution for superharmonic imaging, which requires transducers with extremely wide operating 

bandwidth. 

Our collaborators have developed and tested two CMUT architectures specifically 

designed for DF acoustic angiography. The first CMUT utilizes a novel design that includes 

spacers within the capacitor (Figure B.4A) – this allows the device to operate in both 

“conventional” and “collapse” mode (by resting the top plate on the spacers) simply by switching 

the applied voltage (188). This CMUT device exhibits greater than 125% bandwidth with transmit 

at 3 MHz and receive up to 13 MHz (188). The second design, an ultrawide-band CMUT, provides 

similar performance, with 130% bandwidth and transmit and receive at 3 and 15 MHz, respectively 

(Figure B.4B) (189). These two devices can detect microbubbles in vitro with high SNR. In the 

future, these novel transducers will be tested in vivo, and we anticipate that DF CMUTs will create 

a different path to achieve deeper superharmonic imaging, parallel to the DF stacked array design 

described in Chapter 3. 
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Figure B.4 Dual-frequency capacitive micromachined ultrasonic transducers: A) atomic force 

microscopy image of the novel CMUT design with spacers inside the cavity and B) bandwidth measured 

for the ultrawide-band CMUT with transmit (red) and receive (blue) regions. © 2020 IEEE. Panel A: 

Reprinted, with permission, from Mahmud et al., “An improved CMUT structure enabling release and 

collapse of the plate in the same Tx/Rx cycle for dual-frequency acoustic angiography,” Trans UFFC, 

2020. Panel B: Reprinted, with permission, from Sanders et al., “An ultra-wideband capacitive 

micromachined ultrasonic transducer (CMUT) array for acoustic angiography: preliminary results,” 

Proc IUS, 2020. 
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APPENDIX C 

CHARACTERIZING LUNG ORGANOIDS WITH ACOUSTIC ANGIOGRAPHY 

  

Acoustic angiography is often relied on as a technique for imaging tumor-associated 

angiogenesis; indeed, many of the previous studies using this technique have focused on detecting, 

evaluating, and quantifying microvasculature in cancerous tumors. However, there is a plethora of 

other diseases and applications where non-invasive microvascular ultrasound imaging is a valuable 

tool. For example, as an established preclinical imaging technique, acoustic angiography can be 

used to characterize and validate other imaging methods or research models (41,44,45,47). This 

appendix describes how acoustic angiography was used to evaluate one such model. 

 Research on human pathogens is limited to those that affect hematopoietic cells (i.e., cells 

in the blood, bone marrow, and spleen), which can be tested in humanized mouse models (45,190). 

To study pathogens that affect other cell types, more advanced models are needed. Our 

collaborators developed a novel model of humanized “lung-only” mice by implanting 

immunodeficient mice with human lung tissue, which developed into ectopic organoids populated 

with human epithelial, endothelial, and mesenchymal cells, in addition to hematopoietic cells (45). 

To characterize the development of these implants, we performed high-frequency B-mode and 

acoustic angiography imaging using the dual-frequency wobbler system described previously 

(45,150).  

 Volumetric high-frequency ultrasound imaging was performed to measure organoid 

growth. To measure implant volume, the diameter of the organoid was measured in each plane of 

the B-mode images using MATLAB (Mathworks, Inc., Natick, MA, USA), and the ellipsoidal 

volume was calculated (Figure C.1). Then, organoid vascularization was evaluated with acoustic 

angiography. The microvascular images revealed that the organoids were successfully 
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vascularized and depicted characteristics reminiscent of those associated with wound healing or 

tumor growth (35,191) – dense, chaotic, tortuous vascular networks were exposed (Figure C.2). 

This non-invasive imaging data was able to provide greater insight into implant development in 

situ and complement ex vivo histological and immunohistochemical methods. Our collaborators 

went on to demonstrate that the organoid vasculature revealed by acoustic angiography was human 

in origin and that this model can be used to study a variety of human pathogens, such as Middle 

East respiratory syndrome coronavirus and Zika virus (45). 

 

Figure C.1 B-mode measurement of lung organoid volume: example measurements from orthogonal 

B-mode planes in one implant and volume measured for N = 12 organoids. 
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Figure C.2 Maximum intensity projections of acoustic angiography images of lung 

organoids. Each panel is a different implant (outlined in red), showing varying degrees of 

growth and vascularization. Top left: organoid depicted in Figure C.1. Scale bar = 2 mm.  
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APPENDIX D 

CURATING A LARGE ACOUSTIC ANGIOGRAPHY DATASET 

 

While this dissertation has focused on improving the acoustic angiography imaging 

technique, it is important to also consider how acoustic angiography images can be used 

diagnostically. Previously, acoustic angiography images have been analyzed in one of two ways: 

1) examined qualitatively by readers or 2) quantitatively analyzed for vessel statistics (37). In order 

to quantify morphological vessel features, like tortuosity, vessels must be individually segmented 

from acoustic angiography volumes using a semi-manual segmentation algorithm [cite], which 

requires active input from an experienced user (33). Combining vessel segmentation on acoustic 

angiography images with a clustering algorithm, a previous study demonstrated high sensitivity 

and specificity (87% and 94%, respectively) for tumor detection in a spontaneous breast cancer 

model in mice (37).    

 Recently, machine learning approaches for image classification (192) have risen to the 

forefront of medical imaging research. Machine learning methods may provide the opportunity to 

achieve rapid and accurate differentiation of tumors from healthy tissue without the need for vessel 

segmentation. Furthermore, class activation mapping (193) can be used to ascertain which areas 

in an image contribute to classification, providing an avenue to not only differentiate but also 

detect and locate tumor-associated features within an image. However, machine learning requires 

large datasets for network training. To explore machine learning-based methods of classification 

on acoustic angiography images, a comprehensive dataset of tumor and control images must be 

generated. 

To that end, we have curated a large dataset of acoustic angiography images collected from 

healthy or tumor-bearing female rats (Fischer 344, Charles River Laboratories, Durham, NC, 
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USA) using the DF wobbler system described previously (150). Tumor volumes were acquired 

from subcutaneous fibrosarcoma tumors implanted in the right flank, while control volumes were 

collected in the right and left flanks of healthy animals. In total, 74 rodents were imaged. In 

addition, data from previous studies that occurred between 2012 and 2019 were extracted from lab 

 

Figure D.1 Example depth-colored maximum intensity projections of acoustic angiography 

data: healthy (left column) and tumor-bearing (right column) tissue. Scale bar = 5 mm.  
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archives. All image volumes were processed in MATLAB (Mathworks, Inc., Natick, MA, USA) 

to remove image artifacts (e.g., from skin or bone) to create clean microvascular images. After 

processing, the dataset consisted of 118 and 148 control and tumor volumes, respectively. These 

data can be utilized in a variety of ways, including as 3D volumes, 2D maximum intensity 

projections, or 2D depth-colored projections (such as those in Figure D.1).  

In the future, this dataset will be used to train neural networks for tumor detection. In 

preliminary testing, an algorithm based on the EfficientNetB0 model (194) has achieved 80% 

accuracy using a subset of 160 images, and the results of class activation mapping are promising, 

showing that the network will indeed rely on vessel characteristics for classification (Figure D.2). 

As this work continues, the dataset will be expanded, and machine learning models will be tuned 

to maximize accuracy. Additionally, we intend to make this dataset publicly available to allow 

testing of new methods for tumor detection, vessel segmentation, and tortuosity quantification as 

these approaches are developed.  

Figure D.2 Preliminary results using machine learning to detect tumors in acoustic angiography 

images: input maximum intensity projection with tumor location denoted by yellow contour 

(left) and output class activation map (right), showing higher activation in areas near the tumor 

with more vasculature (warmer colors). 
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