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Abstract 

Ultrasound localization microscopy (ULM) is used to create super-resolved images and 

velocity maps by localizing and tracking microbubble contrast agents through a vascular network 

over thousands of frames of ultrafast plane wave images. However, a significant challenge lies 

in developing ultrasound-compatible microvasculature phantoms to investigate microbubble 

flow and distribution in controlled environments. To overcome this challenge, we introduce a 

new class of gelatin-based microfluidic-inspired phantoms, uniquely tailored for ULM studies. 

These novel phantoms allow for the creation of complex and reproducible microvascular 

networks, featuring channel diameters as small as 100 μm. Our microfluidic-inspired phantoms 

can be used to create a variety of networks that can be repetitively imaged and analyzed. Here, 

we study the behavior of microbubbles (MBs) under ULM conditions within bifurcating and 

converging vessel phantoms. First, the effect of bifurcation angle (25°,45°, and 55°) and flow 

rate (0.01, 0.02, and 0.03 ml/min) on time to full acquisition of branching channels were 

evaluated. Additionally, we explore the saturation time effect of narrow channels branching off 

larger ones. Longer acquisition time was required for the narrow vessel, with an average increase 

of 72% for 100 µm channel branching off a 300 µm channel, and an average increase of 90% for 

a 200 µm channel branching off a 500 µm channel. The robustness of our fabrication method is 

demonstrated through the creation of two trifurcating microfluidic phantoms, including one that 

converges back into a single channel, a configuration that cannot be achieved through traditional 

methods. This new class of ULM phantoms serves as a versatile platform for noninvasively 

studying complex flow patterns using ultrasound imaging, unlocking new possibilities for in vitro 

microvasculature research and imaging optimization. 
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1  Introduction 

Ultrasound (US) is a widely used medical diagnostics technique enabling real-time imaging, 

accounting for about one in four of all medical imaging procedures completed worldwide. US is 

commonly used for imaging soft tissues anatomy and physiology such as the liver, kidney, breast, 

heart, and muscular and vascular systems. US has many advantages compared to other commonly 

used imaging modalities, such as its low cost in comparison to MRI and lack of ionizing radiation 

when compared to X-Ray, PET, and CT [1]. When performed according to regulations, the 

chances of an US imaging procedure causing thermal or mechanical damage or any other adverse 

bioeffects are very low [2].  

The basic concept of US imaging leans on applying an electrical voltage to a piezoelectric 

element which vibrates at a certain frequency in response to an alternating current. The pressure 

wave produced propagates through the tissue being imaged, where it is absorbed, reflected, and 

scattered back to the piezoelectric element. The returning pressure wave is received by the 

piezoelectric element and converted back to voltage, which is sampled and forms the raw data 

signal. An US transducer consists of an array of piezoelectric elements that transmit and receive 

sound waves, and can be used to reconstruct a full image of the tissue [3]. 

US imaging can be divided into standard linear imaging and nonlinear imaging. 

Historically, linearity is a fundamental assumption of the US imaging system. However, most 

tissues are nonlinear- this means that the shape and amplitude of the signal received by the US 

transducer is not perfectly proportional to the shape and amplitude of the transmitted pulse [4]. 

Contrast agents in the form of gas-filled microbubbles (MBs) and nanobubbles (NBs) 

encapsulated in phospholipid shells are known to have a strong non-linear response to US 

pressure waves. Harmonic imaging sequences can be used to enhance the non-linear effect by 
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detecting harmonic frequencies returned from the non-linear MB contrast agents and zeroing out 

the signal received from linear scatterers such as soft tissues and fluid [5].  

MBs can be injected into the blood stream where they enhance the received signal and create 

high contrast images of blood vessels within the body. MBs act as point scatterers and are smaller 

than the diffraction limit of the US system, therefore they appear as the point spread function 

(PSF) of the system, which is on the range of 0.5 mm for conventional US imaging. As a result, 

smaller features cannot be resolved, which poses a substantial limit on the ability image 

individual blood vessels and form a detailed image of the microvascular system. In an equivalent 

approach to optical localization microscopy methods such as PALM, FPALM, and STORM [6], 

ultrasound localization microscopy was demonstrated by individually localizing and tracking 

MBs flowing through the blood stream to form super-resolved microvascular images and velocity 

maps [7].  

Research in the field of ultrasound localization microscopy (ULM) imaging is rapidly 

growing, with studies exploring various fields such as localization and tracking algorithms [8] 

and different contrast agents [9]. New methods and materials may be tested and validated using 

computerized simulations, tissue-mimicking phantoms, and in vivo studies.  Engineering 

complex tissue-mimicking vascular flow phantoms is a challenge, with most phantoms relying 

on single channels embedded in agar or gelatin [10][11]. The purpose of this study is to provide 

a simple, cost-effective solution to engineering micro-vascular flow phantoms and use the 

proposed phantoms to study flow in a variety of vascular structures using US contrast agents. We 

validate the ability to accurately reconstruct images and velocity maps of channels within the 

microvascular networks in the phantoms, and tested different microvasculature configurations. 

In addition, ULM acquisition time was reported to be significantly longer in small vessels due to 
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limited MB access and slower blood flow[12]. We first used in-vivo data from a rat kidney to 

confirm this observation. Then, we used the US compatible microvasculature phantoms to study 

the physical properties of bubble flow and distribution, while assessing the impact of channel 

width, bifurcation angle and flow rate on ULM acquisition. Lastly, to improve ULM in small 

blood vessels, we used nanoscale contrast agents, NBs. Our platform showed that the use of these 

echogenic NBs improves ULM acquisition time in small channels, compared to MBs.  

2  Research Objectives 

This work aims to develop and utilize a platform for controlled ULM imaging. By creating 

tissue-mimicking microfluidic devices that are compatible with high frequency ultrasound 

imaging, we are able to statistically analyze microbubble contrast agent behavior as they flow 

through complex channels under ultra-fast frame rate conditions. The first goal was to fabricate 

a phantom using ultrasound compatible materials that is cost-effective, easily reproducible, and 

capable of creating a wide range of microvascular structures with diameters that mimic those of 

blood vessels. In order to simulate flow conditions, the device needed to be easily attached to a 

programable flow pump and imaged using a standard linear ultrasound transducer. 

The next goal was to perform US experiments using this device and develop a robust post-

processing algorithm to study important aspects of MB flow. A major challenge in ULM imaging 

is the long acquisition time needed to form an entire image in-vivo. Here, we tested acquisition 

time in a controlled environment to gain a better understanding of the effect of a range of 

variables on saturation time in bifurcating vessels.  
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3 Theoretical Background 

3.1 Ultrasound imaging principles 

Ultrasound imaging utilizes sound waves with frequencies higher than 20 kHz, extending 

beyond the range of human hearing. It is an acoustic wave that propagates through the expansion 

and compression of a medium, traveling at the speed of sound, which varies depending on the 

specific medium. Initially employed for sonar and radar applications, ultrasound technology was 

later suggested for medical purposes after World War II. In contrast to sonar and radar, which 

primarily detect solid targets in bodies of water like ships, medical ultrasound focuses on 

generating images of soft tissues within the human body. Both approaches acquire spatial 

information about a region or object within a medium by receiving the backscattered acoustic 

signals emitted by the transmitted sound waves [3]. 

In standard medical ultrasound imaging, a transducer is utilized to convert electrical signals 

into acoustic signals at a specific center frequency. The transducer emits short acoustic pulses 

into the human body. The body comprises various tissues with different acoustic properties, 

making it inhomogeneous. At each point within the tissue, the acoustic pulses, also known as 

ultrasound waves, can be reflected, scattered, and/or transmitted. Consequently, "echo" waves 

are generated and propagate back toward the transducer. The transducer receives these echoes 

and converts them back into electric signals. The electric signal is then processed to generate an 

image of the tissue, where each point in the image corresponds to an anatomical location within 

the tissue and the brightness of the point corresponds to the strength of the backscattered echo 

[1]. 

As sound waves travel through tissues, there are a few factors that affect the final contrast 

achieved between different tissues in the resulting image. The most important factor is acoustic 
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impedance. Impedance is defined as the resistance to the propagation of a sound wave. For 

example, at the interface between two surfaces consisting of different tissues, reflection of the 

wave occurs due to impedance. The intensity of the wave that is reflected is proportional to the 

change in acoustic impedance between the two tissues. Certain materials such as gas and bone 

have very high acoustic impedance, reflecting a large portion of the propagating sound wave 

back to the transducer. The image is formed by using these reflected pressure waves- if a large 

portion of the signal is reflected, a brighter (more echogenic) area will be produced at the point 

of reflection. If no reflection occurs such as within a cyst filled with water, the image will be 

black [3]. 

3.2 Resolution and the Fundamental Diffraction Limit 

In US, resolution is defined as the ability to discriminate between two different point 

sources in an image. Resolution can be split into two types: axial resolution refers to the ability 

to differentiate two points that are parallel to the US beam (along the longitudinal depth axis). 

The axial resolution is proportional to the wavelength of the transducer and the number of cycles 

transmitted, given by equation (1): 

 
𝑑𝑧 =

𝜆𝑁

2
 (1) 

where 𝜆 is the wavelength corresponding to the transducer and N is the number of cycles 

transmitted. The second definition of resolution is the lateral resolution, or the ability to resolve 

two objects perpendicular to the US beam. The lateral resolution is proportional to the 

wavelength, transducer aperture (the width of all the piezoelectric elements in the transducer 

combined), and depth of the objects. The lateral resolution is defined as the full width at half max 

in equation (2): 
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 𝑑𝑥 =
1.206𝜆𝑧

𝐷
 (2) 

 

where 𝜆 is the frequency, z is the depth of the object, and D is the size of the transducer aperture. 

The lateral resolution may be called the full-width-half-max (FWHM). FWHM defines the width 

of the parabolic intensity profile of the ultrasound beam at half the maximum value. FWHM 

increases as a function of depth, meaning that the lateral resolution worsens as the objects to be 

imaged are further from the transducer on the depth axis. When the size of an object is 

significantly smaller than the spatial resolution defined by the system, the object will appear as 

a spot with axial and lateral dimensions defined by the equations in (1) and (2). This spot is called 

the point spread function of the system, and is estimated as a two dimensional gaussian [4].  

3.3 Plane-wave and coherent compounding 

In conventional US imaging, a typical image is reconstructed using multiple scan lines. Each 

scan line is obtained by transmitting a focused pulse to a certain location in the tissue, and then 

receiving all scattered and reflected echos. The next scan line is focused to a slightly shifted 

location, and the process is repeated until an entire image is formed. In this method of US imaging 

the maximal frame rate is limited as described in the following equation: 

 𝑓𝑅 =
1

𝑇𝑓𝑟𝑎𝑚𝑒
=

1

𝑡𝑙𝑖𝑛𝑒 ∗ 𝑁
=

1

𝑁 ∗ 2 ∗ 𝑍𝑚𝑎𝑥

𝑐

 (3) 

where N is the number of lines, 𝑍𝑚𝑎𝑥 is the maximal reconstructed depth, and c is the speed of 

sound [4]. This method of imaging limits the temporal resolution. 

  Plane wave (PW) imaging is used to increase the maximal frame rate and acquisition time 

of an image. In PW imaging, all elements are used simultaneously in both the transmission and 
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reception of the US wave- pulses are not focused upon transmission.  In this case, the maximal 

frame rate achieved is limited only by the imaging depth 𝑍𝑚𝑎𝑥 and the speed of sound c: 

 𝑓𝑅 =
𝑐

𝑍𝑚𝑎𝑥
 (4) 

Although the maximal frame rate is increased, PW imaging has a significantly lower resolution 

than is obtained by scanning focused lines. Coherent compounding is a beamforming method 

used to improve the resolution of PW imaging. In this technique, a number of PWs are transmitted 

at different angles to form a single frame [13]. All elements in the transducer are used for each 

transmit and receive event. The echoes scattered from the tissue at each angle are combined by 

summing the phase-aligned RF signals,  as demonstrated in figure 1 [14]. The resulting image 

has improved resolution while still achieving ultra-fast frame rates. 
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Figure 1. Coherent compounding beamforming illustration. Transmitting N angled plane waves creates N low-

resolution images. The combination of these N phase-aligned RF signals results in a high-resolution image. 

Reprinted from Jensen, Jonas. "Fast plane wave imaging." Ph. D. dissertation (2017). 

3.4 Harmonic Imaging  

 The propagation of a US wave through a tissue is generally assumed to be linear. In 

reality, some tissues display non-linear behaviors- the amplitude of a signal at a location in the 

tissue is not proportional to the input excitation. MB contrast agents also behave non-linearly. 

The impact of non-linearity on the transmitted US wave results in the generation of harmonic 

frequencies in the signal due to beam distortion and pulse accumulation. In harmonic imaging, 

an image is formed by detecting these harmonic frequencies [4]. In the simplest approach, a 

bandpass filter may be used to keep only the harmonic frequencies while leaving out the center 
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frequency. In this study, we utilized a more advanced contrast pulse sequence (CPS) imaging 

protocol to differentiate the non-linear MB contrast agents from the relatively linear tissue and 

phantoms used. In CPS a series of three subsequent transmissions is used; the first short pulse is 

transmitted with a positive amplitude of 0.5, followed by a pulse with inverted phase and an 

amplitude of 1, and then another half amplitude pulse with a positive amplitude of 0.5, as 

illustrated in figure 2. When the resulting wave propagates through a linear medium, such as 

agar, gelatin, or water- the summation of the backscattered echoes is near-zero [15]. When the 

waves reach a non-linear medium or scatterer, such as a MB, the summation of the backscattered 

echoes is retained.  

 

Figure 2. Illustration depicting the transmitted waveforms and resulting received echoes in CPS imaging, resulting 

in a strong echo from non-linear microbubbles and a negligible echo from linearly behaving tissues. 

3.5 Safety in ultrasound imaging 

 Medical imaging using US is considered one of the safest imaging modalities. When 

imaging, the US wave interacts with biological tissue. Exposure to US waves is generally 

considered non-invasive, however, there are mechanisms that may cause biological effects in 

tissues when interacting with an US wave.  The first mechanism is due to thermal effects- energy 

from the US wave is partially absorbed in the tissue, which leads to a rise in temperature. The 

significance of heating within a tissue depends on the duration and the magnitude of the 
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temperature rise itself. Higher temperatures require less time to produce biological effects within 

the tissue. Non-thermal effects, or mechanical effects, are the second mechanism that may cause 

damage to biological tissues in US imaging. The US pressure wave has a negative portion, which 

can remove gas from the tissues. This may cause gas bubbles that grow, expand, and contract in 

response to the US wave. High pressures and temperatures may lead to the collapse of these gas 

bubbles or microstreaming in fluids. These effects are highly unlikely to occur in diagnostic US 

imaging [16].  

To assess safety in US imaging procedures and predict the possibility of undesirable effects 

two metrics were defined. The thermal index (TIS) for soft tissues is defined as the ratio of the 

transmitted acoustic power- usually a parameter determined by the user during the scan itself- to 

the power required to raise the temperature of a tissue by 1°C. According to FDA regulations the 

TIS must be under 6 for all applications other than ophthalmology, in which the TIS must be 

under 1 [17]. The TIS is defined by equation (5): 

 𝑇𝐼𝑆 =
𝑊0 × 𝑓

210𝑚𝑊 × 𝑀𝐻𝑧 
 (5) 

Where f is the transmitted frequency of the wave in MHz and 𝑊0 is the power applied in mW.  

The possibility for mechanical bio-effects is determined using the mechanical index (MI). 

In US imaging applications, the MI is limited to below 1.9 by FDA regulations [18].  

 𝑀𝐼 =
𝑃𝑁𝑃

√𝑓
 (6) 

where the PNP is the peak negative pressure of the wave and is given in MPa, and f is the 

frequency of the transmitted wave given in MHz.  
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3.6 Microvasculature Blood Flow  

Microvascular circulation within the body has many important functions, including 

metabolic transfer processes between the blood and cells, the regulation of blood pressure, and 

the regulation of temperature. Clinically, research in this field may aid in assessment of many 

conditions that are affected by microvascular blood flow throughout the body, such as benign 

and malignant lesions, diabetes, and retinopathy [19]. The understanding of blood flow within 

the body must include the ability to study blood vessels ranging from 2 µm – 200 mm and blood 

flows ranging from 30 cm/sec in the aorta to 0.026 cm/sec in the capillaries [20]. 

There are a multitude of methods used to study and image microvascular blood flow within 

the body. Each method has limitations in terms of maximal imaging resolution, penetration depth, 

and acquisition time [21]. Doppler ultrasound can be used to calculate blood flow at a large 

penetration depth; however it is limited both in spatial resolution and the ability to measure both 

low and high blood velocities [22]. Near-infrared II fluorescence has a high spatial resolution of 

30 μm and temporal resolution of less than 200 ms per frame, but is limited to an imaging depth 

of 1-33 mm [23]. Micro-computed tomography and magnetic resonance imaging (MRI) have 

deep tissue penetration and high spatial resolution, however they require long scanning times that 

can take upwards of one hour [24]. Ultrasound localization microscopy (ULM), described in 

detail in 3.7, has many advantages in imaging both microvascular network structures and blood 

flow.  

3.7 Ultrasound Localization Microscopy 

ULM is an ultrasound imaging technique used to overcome the diffraction limit and image 

micro-vascular flow deep within tissues. In ULM, a low concentration of MBs is injected into 

the blood stream where they are individually localized and tracked over thousands of frames. 



12 
 

MBs are significantly smaller than the resolution limits of the US system, therefore each MB 

appears as the PSF of the ultrasound system. In most implementations of ULM, it is assumed that 

the MB concentration in the blood is low enough that the individual PSFs are separable. The 

center of each individual PSF is localized at a sub-pixel resolution using one of many methods 

such as the weighted average, gaussian-fitting, or radial symmetry of the neighboring pixels 

surrounding a possible MB center [25]. The localized MBs are tracked through consecutive 

frames, most often by using a nearest-neighbor approach but other methods such as Kalman 

filtering are also widely used. The localizations and tracks are up sampled by up to 10-times the 

original size, and then used to form a density image of the localizations and a velocity map using 

the calculated velocity of each track. The summation of localizations over thousands of frames 

forms the final super-resolved image. The individual tracks are converted into velocity using the 

known frame rate and the corresponding size of a pixel, and then averaged over time to form the 

velocity map which captures velocities ranging from 0.1-10 mm/sec and even more given that 

the MBs are sparse [26] 
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Figure 3. Illustration of the ULM process. (A) The MBs are localized at a sub-pixel accuracy in each US frame. 

(B)  Localizations from each frame are summed over time. (C) The summed localizations form the final super-

resolution image. (D) The localized MBs are tracked throughout consecutive frames to form individual tracks. 

(E) The velocity represented by each individual track is calculated and averaged over all tracks to form a final 

velocity map 

ULM is most often implemented at ultrafast frame rates that can range from 100-1500 

frames per second. This is achieved by utilizing plane wave imaging and coherent compounding, 

as described previously. Ultrafast frame rates allow for more accurate tracking of MBs because 

MBs move minimally between frames, making tracking a straightforward nearest-neighbor 

calculation between consecutive frames. Additionally, in order to help differentiate between MB 

signal and tissue signal in vivo- contrast pulse sequences may be used to further enhance to MB 

signal and reduce echoes produced by tissues [26]. In its most basic form the time needed to 

acquire data for a full super-resolution image using ULM is a factor of the number of frames and 

the frame rate, but may also need to account for frames that are not used due to large motion 

artifacts caused by breathing [27]. The number of frames acquired ranges from 40,000-100,000 

in various studies, and total acquisition times can range from under a minute to upwards of 10 

minutes [28].  

Tracking of MBs at high frame rates through micro-vessels allows to reconstruct super 

resolved images and velocity maps of vascular structures as small as 5 µm, an order of magnitude 

below the diffraction limit [7], [25], [26]. ULM can be used to track average blood velocities 

ranging from under 1 mm/sec to several cm/sec, and to track flow oscillations in functional brain 

neurovascular activity [29]. ULM has been demonstrated in simulations, tissue-mimicking 

phantoms, and in-vivo in different organs such as rat brains [28], [30] and kidneys [25], [27]. In 

vivo ULM is limited in the ability to compare different conditions and perform repetitive imaging 

of identical vascular networks for statistical purposes. In addition, the ground-truth vessel sizes, 

flow rate, and full configuration of the network is generally not known. It is known that MBs 
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behave and oscillate differently in different sized vessels [31], [32]. The field of ULM imaging 

is rapidly expanding, with developments occurring in all stages from data acquisition to the post-

processing localization and tracking of MBs.  Therefore, the creation of a blood vessel mimicking 

phantom for ULM is of great interest. 

3.8 Singular value decomposition filtering 

 SVD filtering is a technique used to filter multi-image US data acquired over time. A 

single ULM acquisition consists of a stack of thousands of beamformed US images over the 

course of seconds to minutes. SVD filtering can be used to filter this stack of images by removing 

the static tissue signal, the gaussian noise, or both. It is assumed that the acquisition consists of 

three main components- the clutter signal produced by tissues, the blood signal which contains 

flowing MBs, and electronic or thermal noise (which can be considered a zero-mean Gaussian 

white noise). Each component has different spatiotemporal characteristics. The signal returning 

from areas in which MBs are flowing through blood or liquid has a high temporal frequency, 

whereas tissue or relatively stationary areas display a low frequency.  In parts of the acquisition 

where there is no blood flow over time, a pixel may exhibit slight fluctuations due to movements 

such as heartbeats or breathing. Conversely, in regions with blood flow, a pixel will display 

significant fluctuations caused by the motion of MBs and blood cells. Furthermore, the blood 

flow signal lacks high spatial coherence when compared to the tissue signal. To differentiate 

between these two signals, the singular value decomposition of the raw ULM data can be 

employed [33]. 

 The spatiotemporal stack of raw US data can be denoted by 𝑛𝑥 × 𝑛𝑧 × 𝑛𝑡 samples- the 

number of spatial samples along the x- direction, the z-direction, and the number of time samples 

(corresponding to the number of frames in the acquisition). The raw data is reshaped into a 
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Casorati matrix by transforming the original stack of images into a 2D space-time matrix with 

dimensions 𝑛𝑥 × 𝑛𝑧 , 𝑛𝑡  as displayed in figure 4 [34].  

 

Figure 4. Casorati matrix. (A) a stack of 𝑛𝑡 US images, with each image having the dimension of 𝑛𝑥, 𝑛𝑧. (B) The 

reconstructed Casorati matrix of dimensions 𝑛𝑡 , 𝑛𝑥 × 𝑛𝑧. Each row of the matrix consists of a single pixel location 

in the stack of images over time. 

Singular value decomposition is performed on the Casorati matrix (denoted as S), which 

consists of finding three matrices such that: 

𝐒 = 𝐔𝚫𝐕 

Where 𝚫 is a non-square diagonal matrix and U and V are orthonormal matrices. The columns 

of U and V correspond to the spatial (U) and temporal (V) singular vectors of the matrix S. The 

diagonal matrix 𝚫 consists of the corresponding singular values. SVD filtering is achieved by 

zeroing-out the first singular values which equates to the removal of static areas and slow tissue 

motion [33].  

 Although this study consists mainly of data acquired from a phantom, we found that it 

was difficult to remove the strong echo received from the walls of the channel within the 

phantom. MB localization algorithms are based on adaptive filtering or finding the brightest 

points in each image, and therefore having a strong constant signal resulting from the channel 
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wall is undesirable. SVD filtering was implemented to remove the strong echo and extract only 

the flowing MB signals.  

3.9 Tissue Mimicking Phantoms 

Significant challenges exist in engineering complex tissue-mimicking vascular phantoms 

for ultrasound imaging applications. Due to their complexity, most ULM phantoms rely on single 

channels. The single channel can be placed within a water tank, however the vessel boundaries 

reproduce a strong echo that obscures the MB signal and needs to be filtered out. Alternatively, 

the channel can be created by embedding a tube within an agarose or gelatin-based mold, and 

after solidifying, the tube is pulled out and an empty channel is formed. Although useful, this 

technique is suitable mostly for single wide channels. Channels smaller than 200 µm are difficult 

to fabricate and handle, due to the need to inject the MB suspension into the channel. 

Nevertheless, elaborate flow phantoms that contain branching channels are vital to the study of 

flow patterns using ultrasound. In ultrasound imaging, an X shape phantom was created by 

crossing two single channels, however since the channels were located one on top of the other, 

they are inherently unaligned in the elevation plane [28]. A custom 3D printer was also developed 

for the creation of ultrasound flow phantoms, yet it is a costly solution that created vessels with 

diameters of 200 µm [35], [36]. In a recent study, wire templating was used to create branching 

vessels in hydrogels with diameters under 50 µm that are compatible with US imaging. However, 

this study did not gain full control over the final thickness of the vessels and cannot create vessels 

that merge back together. Additionally, the method is relatively complex and does not allow to 

consistently reproduce identical phantoms [37]. Microfluidic devices are yet another alternative 

that is a well-established platform for the study of flow using optical imaging. Recently, such 

devices were used to image MB oscillations following ultrasound excitation [38]. These devices 
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are typically composed of polymeric materials such as polydimethylsiloxane (PDMS), that 

highly attenuates ultrasound. Therefore, the use of microfluidic devices for ULM is limited due 

to the weak signal that echoes from isolated MBs. Soft tissues such as fat, breast, kidney, and 

liver have an acoustic impedance which ranges from 1.4-1.7x106 kg/m2 and an attenuation 

coefficient of 0.48-1 dB/cm/MHz. PDMS and other elastomers do not mimic the acoustic 

properties of biological tissue- for example, PDMS has an acoustic impedance of 1.1x106 kg/m2 

and an attenuation coefficient of 3-20 dB/cm when measured at frequencies ranging from 1 to 6 

MHz. This emphasizes the importance of finding a hydrogel based solution. A 10% gelatin 

solution, as used in this study, has an acoustic impedance of 1.55 x106 kg/m2 and an attenuation 

coefficient of approximately 0.5 dB/cm/MHz, falling within the range of biological tissues 

commonly imaged using ultrasound [39].  Many additional phantom studies performed using 

hydrogels were limited in vessel size and complexity [7], [30], [40], [41]. 

3.10 Proposed method concept 

Our aim was to develop a new class of ULM phantoms that contain complex blood-vessel 

mimicking channels with full control over bifurcating vessels thickness, angle, and length, to 

provide a manner to study ULM in a controlled environment and serve as a perquisite step prior 

to in vivo experiments. We fabricated a gelatin-based phantom using a two-part machined mold 

with one side consisting of the negative of the planned vessel network, with rods to create inlets 

and outlets for controlled flow. Gelatin is an ultrasound compatible material, with minimal 

attenuation that mimics that of soft tissues within the human body. In addition, it fully cross-links 

after congelation. Therefore, the two parts were extracted and combined when the gelatin 

partially congealed, and the gelatin fully congealed in the final assembly, to yield a one-piece 

bonded ULM phantom. This phantom was used here to study the physical properties of MB flow 
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and distribution using ULM to mimic results that have been displayed in-vivo in situations where 

the ground truth is unknown. First, we characterized saturation time as a function of microbubble 

concentration. Next, we reconstructed velocity maps of phantoms with bifurcation angles of 25° 

- 55° at flow rates from 0.01-0.03 ml/min and explored the effect of bifurcation angle and flow 

rate on acquisition time. We then explored acquisition time to full saturation of phantoms with 

vessel widths ranging from 500 – 100 µm.  Lastly, to demonstrate the robustness of the phantom 

fabrication method, we created two additional phantoms- one with a trifurcation with angles of 

30°, with one inlet and three outlets. We then created a phantom with a trifurcation with angles 

of 30° in which the channels branch out and then converge into a single outlet that mimics many 

commonly seen microfluidic devices. The method is summarized in figure 5. 

 

Figure 5. Proposed method concept illustration. A two part-gelatin phantom is created using a CNC machined 

aluminum mold. A diluted MB solution is injected using a programmable flow machine and imaged at ultrafast 

frame rates. The acquired data is used to produce super resolution images and flow velocity maps. Scale bar is 1 

mm. 

A future goal is to use these phantoms to test flow and saturation time differences between 

different contrast agents in a controlled environment by comparing MBs and significantly smaller 

NBs. We conducted preliminary experiments which display a difference in saturation time of the 

smaller branching channel of the phantom with a 300 µm main channel and 100 µm branching 

time when comparing MBs to NBs. 
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4 Materials and Methods 

4.1 Microvessel Phantom Fabrication 

The process used to fabricate gelatin phantoms with branching microfluidic channels is 

shown in Fig. 6. The method is inspired by techniques used in tissue-engineering studies [42], 

[43]. A two-part aluminum mold was fabricated by a computerized numerical control (CNC) 

machine. Each part consisted of a base and walls connected by screws. The base of the first part 

consisted of a protruded negative of the desired microfluidic channel, with attached rods that will 

create inlets to the phantom. The second base was smooth (Fig. 6A). The process allowed full 

control over the main and branching vessels thicknesses, and the bifurcation angle. Gelatin 

powder (G9382, Sigma-Aldrich) was mixed with deionized water to a 10% solution at ambient 

temperature and heated until all powder was completely dissolved. The solution was then poured 

into the molds and allowed to cool for 2 hours at room temperature (Fig. 6B). The partially cross-

linked gelatin was then demolded by unscrewing the walls from the base and extracting the 

gelatin from the base, carefully assembled together, with the channel positioned in the middle of 

the assembly and placed at 4° C for 6 hours to fully crosslink.  

Seven different phantom configurations were created. Each had a different base that 

corresponded to the desired branching pattern. All the phantoms consisted of a main channel and 

a branching channel that split off from the main channel. All configurations had a rectangular 

cross-section with a channel height of 300 µm and a total channel length of 20 mm, which is 

larger than the maximal field of view of the transducer. The bifurcating phantoms consisted of a 

main channel and a branching channel that split off from the main channel. The first set of three 

phantoms consisted of channel widths of 300 µm with branching channels at 25°, 45°, and 55° 

angles. A fourth configuration had a main channel width of 500 µm and a branching channel 
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width of 200 µm, with a 45° bifurcation. The final phantom configuration had a main channel 

width of 300 µm and a branching channel width of 100 µm, with a 45° bifurcation. The two 

additional phantoms consisted of trifurcating channels at angles of 30° with 300 µm channel 

widths. The first included a main channel that split into three equally sized channels which each 

reach a separate outlet. In the second, the channel split into three equally sized channels and then 

converged back into one channel, similarly to classical microfluidic chips. Prior to each 

experiment the phantom inlets were connected with tubing to a 2.5 ml syringe filled with diluted 

MB solution. The syringe was placed on a programmable flow inducing pump (GenieTouch, 

Kent Scientific, Torrington, USA) set at flow rates of 0.01, 0.02, and 0.03 ml/min. The flow rates 

in the various phantoms span a velocity range of 1-17 mm/sec, covering the span of velocities 

detected by ULM in-vivo studies [28]. A custom-made 3D printed case was created for the US 

transducer and screwed into an optic table to ensure the transducer is held parallel to the channels 

within the phantom and at the correct elevation to acquire the maximal signal (Fig. 6 D).  
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Figure 6. Microvessel phantom fabrication. (A) Schematic illustration of the two part mold and overview of the 

network. (B) Gelatin poured into aluminum molds. (C) Microscopic image of the gelatin-based channels, scale bar 

is 1 mm. (D) Assembled phantom with tubing connected to inlets and outlets, imaged with an L22-8v transducer. 

 

4.2 Bubble Preparation 

MBs were composed of a phospholipid shell and a perfluorobutane (C4F10) gas core, and 

prepared as reported in previous studies[44]–[46]. Briefly, DSPC and DSPE-PEG2K were 

dissolved into propylene glycol by heating and sonicating at 62° C until the lipid powders were 

completely dissolved. This was added to a mixture of glycerol and phosphate buffer solution that 

was preheated to 62°. The resulting solution was sonication for 10 min at room temperature and 

then 1mL of solution was transferred into a 3mL headspace vile and saturated with C4F10 gas 

before sealing. Before use, the MB vials were shaken for 45 seconds in a vial shaker and purified 

via centrifugation to remove MBs with radii smaller than 0.5 µm. Size selection was performed 
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using centrifugation to remove MBs with a diameter larger than 5 µm. The size and concentration 

of MBs were measured using a particle counter system (Accusizer FXNano, Particle Sizing 

Systems, Entegris, MA, USA). The MBs were used within 3 h of their preparation. The size 

distribution and concentration varied by less than 10% between measurements. The MBs were 

diluted with phosphate buffer saline in a 2.5 ml syringe to concentrations of 1.6x106, 6.4x106, 

and 6.4x107 MBs/ml to test acquisition time to full saturation as a function of MB concentration. 

For all other experiments, MBs were diluted to 6.4x106 MBs/ml. 

NBs were composed of 1,2-dibehenoyl-sn-glycero-3-phosphocholine (C22), 1,2-

dipalmitoyl-sn-glycero-3-phosphate (DPPA), 1,2-dipalmitoyl-sn-glycero-3-

phosphoethanolamine (DPPE), and 1,2-distearoyl-sn-glycero-3-phosphoethanolamine-N-

[methoxy(polyethylene glycol)-2000] (ammonium salt) (DSPE-mPEG 2000) (Sigma-Aldrich) 

dissolved into propylene glycol by heating and sonicating to 80°C. Glycerol and PBS were mixed 

and preheated to 80°C and added to the lipid solution. The resulting mixture was sonicated at 

room temperature for 10 minutes, and then 1mL of solution was transferred into a 3mL headspace 

vile and saturated with C3F8 gas before sealing. Before use, a vial was activated by mechanical 

shaking for 45 s in a Vialmix shaker. The vial was placed inverted into a centrifuge and then 

centrifuged at 50 rcf for 5 min. 

4.3 Ultrasound acquisition 

A high frequency transducer L22-8 (Kolo Medical, USA) controlled by a programmable 

ultrasound system (Vantage 256, Verasonics, WA, USA) was used for ultrafast imaging of MBs, 

using a custom contrast pulse sequence (CPS) written using MATLAB (version 2020a, 

MathWorks, Natick, MA, USA). A center frequency of 10 MHz was transmitted and the second 

harmonic frequency of 20 MHz was received, both within the bandwidth of the transducer. 
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Imaging was performed at a mechanical index (MI) of 0.14. The MI, a parameter that determines 

the likelihood of creating mechanical damage within the tissue as a result of US application, is 

defined as the peak negative pressure (PNP) divided by the square root of frequency. For imaging 

applications, the food and drug administration (FDA) limits the MI to a value below 1.9 [18]. 

The MI was calibrated using a needle hydrophone (NH0200, Precision Acoustics, UK) in a 

degassed water tank. Frames were coherently compounded with angles at -5°, 0°, and +5°, where 

at each angle three successive pressure waves were transmitted using a CPS with a summed 

overall amplitude of zero (0.5, -1, 0.5) to take advantage of non-linear scattering response of 

MBs and reduce the response of linear scatters [15]. Data was recorded in continuous 1500 frame 

blocks at a frame rate of 250 Hz. Velocity maps were reconstructed using a total of 9000 frames, 

and saturation curves were calculated over 3000 frames. MB concentration and vessel width 

experiments were performed at a flow rate of 0.02 ml/min. 

4.4 ULM Image Processing and Data Processing 

The ULM algorithm consisted of up-sampling and interpolating each original frame to 2x 

the original using the pre-trained Fast Super-Resolution Convolutional Neural Network 

(FSRCNN) [47]. Next, MB signals were enhanced using singular value decomposition filtered 

by removing the first two singular values [33] and applying a second order Butterworth high pass 

filter. Peak detection and localization were performed using adaptive filtering, extraction of the 

brightest points in the image, and calculating a weighted average on neighboring pixel intensities 

at each point. After SVD and adaptive filtering, it is assumed that the brightest points in the image 

are MBs and not noise or the channel walls. The sub-pixel center of each MB is determined using 

the weighted average of the neighboring pixels that correspond to the PSF of the system. 

Localized PSFs tracking was achieved by calculating minimum-distance between PSFs in 
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consecutive frames, and velocity was computed as the displacement between consecutive frames 

at a known frame rate. For image rendering purposes, the individual tracks were interpolated to 

close gaps between consecutive localizations- creating a smoother final image that represents the 

physical flow of MBs. For all other purposes such as time to saturation calculations, the raw data 

localizations were used. Only MBs that could be tracked for over 10 consecutive frames were 

included in the final velocity calculations in order to avoid adding incorrect tracks.  

Expected velocity within channels was calculated using Euler’s simplified conservation of 

mass with known cross sections and a known flow rate at the input of the phantom, according to:  

 𝐀𝐢𝐧𝐕𝐢𝐧 = 𝐀𝐨𝐮𝐭
𝟏 𝐕𝐨𝐮𝐭

𝟏 + 𝐀𝐨𝐮𝐭
𝟐 𝐕𝐨𝐮𝐭

𝟐  (1) 

where A is the area of the rectangular cross-section and V is the velocity within the channel 

of the flow at the input and outputs of the phantom. In the phantom with equal channel cross-

sections for the main and branching channels, Vout1= Vout2 from symmetry. 

The experimental velocity profiles were calculated by averaging 10 consecutive profiles 

perpendicular to the direction of flow in the channel immediately before and after the 

bifurcations. This was to ensure that the displayed profiles are unbiased and accurately represent 

the average flow calculated within the channels.   

Saturation time curves were created by setting a range of interest (ROI) of 25x25 pixels 

immediately after or before the bifurcation in a super-resolved image. The localizations of MBs 

within the channel starting at time 0 until full saturation of the channel were then observed. Full 

saturation occurs when a MB localization event occurred in all the pixels within the vessel 

passing through the ROI. The curves were normalized by their maximal value and fit to an 

exponential function to calculate the time to 63% of full saturation, defined as τ. Statistical 

analyses were performed using Prism9 software (GraphPad Software Inc.). Results are presented 
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as mean ± SD. Statistical tests are reported in the relevant captions. P values less than 0.05 were 

considered significant.  

4.5 In Vivo Data Processing 

In vivo data consisting of 40,000 frames of MBs flowing through a rat kidney was acquired 

from previous studies, and analyzed as suggested in [27]. The data was acquired at a frame rate 

of 300 Hz using a CPS pulse sequence. Cardiac and respiratory induced motion was estimated 

by calculating cross-correlation between successive frames. When there is movement between 

successive frames, there is a drop in cross-correlation. When there is little movement between 

successive frames, the cross-correlation remains closer to 1. Cardiac motion causes a repetitive 

pattern with a small drop in cross-correlation corresponding to the heart rate of the animal. 

Respiratory related motion causes significant shifts in the field of view where the cross-

correlation drops drastically, and therefore these frames were removed from data analysis. The 

removed frames are marked as respiratory motion between the dotted red lines (Fig. 7). The 

remaining data was then processed using the ULM algorithm described previously, and saturation 

time curves were calculated for two vessels in the kidney- one larger vessel, and one smaller one.  
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Figure 7. Motion estimation and classification. The cross correlation indicates the small changes in the position 

of the kidney due to cardiac movement and the larger changes due to respiration, which cause a large drop in 

correlation. 

5 Results 

5.1 MB Concentration Optimization Results 

Initial experiments were performed using a 300 µm vessel that branched into two channels 

of 300 µm at a splitting angle of 45°. First, the optimal MB concentration for phantom imaging 

was identified by assessing the image saturation curve over time for three MB concentrations 

(Fig. 8). Saturation was calculated in a 25x25 pixel range immediately after the bifurcation (Fig. 

8A). Full saturation was achieved when localized MB events were detected in each pixel within 

the vessel passing through the window (white rectangle, Fig. 8A). The characteristic time to 63% 

saturation (𝜏) was calculated for each curve fitted to an exponential function. The lowest 

concentration evaluated, 1.6x106 MBs/ml, yielded significantly longer times to saturation of the 

branching channel. The low concentration (1.6x106 MB/ml) 𝜏 value of 2.15 ± 0.85 sec was found 
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to be significantly lower (p<0.05) than both the high and medium concentration values. The 

medium concentration (6.4x106 MB/ml) and high concentration (6.4x107 MB/ml) yielded similar 

𝜏 values of 0.94 ± 0.23 sec and 0.83 ± 0.25, respectively (p>0.05, Fig. 2). These values are 

summarized in Table 1. The high MB concentration was such that individual MBs were 

overlapping, which lowered the MB tracking accuracy and affected the final super-resolved 

images. The medium concentration of 6.4x106 MB/ml yielded an optimal saturation time without 

compromising the algorithm’s tracking accuracy and hence was used in all following 

experiments.  
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Figure 8. MB concentration optimization in a bifurcating vessel phantom with channel diameter and height of 300 

µm and a bifurcation angle of 45°. (A-C) Representative images from each MB concentration dataset, including a 

white rectangle 25x25 pixel ROI used for all calculations. All scale bars are 1 mm. MB concentration: (A) 1.6x106 

MBs/ml; (B) 6.4x106 MBs/ml; (C) 6.4x107 MBs/ml. (D) Normalized saturation percent of the ROI over time for 

the three MB concentrations. R2 > 0.98 for all fit curves used to calculate τ. All experiments were performed in 

triplicate, and all data are plotted as mean ± SD. 

Concentration τ value [sec] 

Low  2.15 ± 0.85 

Medium 0.94 ± 0.23 

High 0.83 ± 0.25 

Table 1. Summary of saturation times for MB concentration optimization. 

 

5.2 Velocity estimation as a function of bifurcation angle 

The effect of bifurcation angle and velocity on full channel saturation time was evaluated 

next. In these phantoms both the main and branched channels had a diameter of 300 µm, while 

the branching angle was either 25º, 45º or 55º. Flow velocity profiles were detected by tracking 

the flowing MBs in the microfluidic inspired phantoms for three flow velocities of 0.01, 0.02 and 

0.03 ml/min (Fig. 9). The saturation time curves were calculated for the main and branching 
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channels to evaluate the effect of bifurcation angle on saturation time of the branching channel 

vs. the main channel (red and white squares in Fig. 9A). The 55° bifurcation yielded a 𝜏 value of 

1.84 ± 0.28 sec for the main channel and 2.20 ± 0.30 sec for the branching channel. The 45° 

bifurcation yielded a 𝜏 value of 1.30 ± 0.01 sec for the main channel and 1.62 ± 0.32 sec for the 

branching channel. The 25° bifurcation yielded 𝜏 value of 1.72 ± 0.18 sec for the main channel 

and 2.12 ± 0.52 sec for the branching channel. These values are summarized in Table 2. No 

significant difference was found for 𝜏 values the main and branching channel for the tested 

bifurcation angles and flow rates (p > 0.05). 

 

 

Figure 9. Velocity maps and saturation curves as a function of bifurcation angle. (A) Velocity maps of phantoms 

with bifurcation angles of 55°, 45°, and 25° with flow rates of 0.01, 0.02, and 0.03 ml/min. All scale bars are 1 

mm. (B-D) Saturation curve for the main channel and branching channel with bifurcation angle of (B) 55°; (C) 
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45°; (D) 25° at a flow rate of 0.02 ml/min. P value > 0.05 for all groups. R2 > 0.98 for all fit curves used to 

calculate 𝝉. All experiments were performed in triplicate, and all data are plotted as mean ± SD. 

Bifurcation angle τ value main channel [sec] τ value branching channel [sec] 

55° 1.84 ± 0.28 2.20 ± 0.30 

45° 1.30 ± 0.01 1.62 ± 0.32 

25° 1.72 ± 0.18 2.12 ± 0.52 

Table 2. Summary of saturation times as a function of bifurcation angle. 

Velocity profiles were calculated for the main channel before the bifurcation, and both the 

main and branching channel after the bifurcation (Fig. 10). Measured velocity profiles were 

calculated by averaging 25 successive channel cross sections in the ROI in the white, red, and 

green boxes (Fig 10A). Expected velocity of the main channel was calculated using the known 

flow rate and area of the channels, based on Eq. 1. The laminar flow in the channels forms the 

hyperbolic profiles (Fig 10D-F).  Next, the effect of input flow rate on the saturation of the 

branching channel compared to the main channel after the bifurcation was evaluated (Fig. 10G-

I). Saturation time curves of the main and bifurcating channel were compared for each flow rate 

displayed. At 0.01 ml/min, 𝜏 = 1.75 ± 0.30 sec for the main channel and 2.13 ± 1.08 sec for the 

branching channel. At 0.02 ml/min, 𝜏 = 1.84 ± 0.28 sec for the main channel and 2.20 ± 0.30 for 

the branching channel. At 0.03 ml/min, 𝜏 = 1.50 ± 0.20 sec for the main channel and 1.70 ± 0.58  

for the branching channel (p > 0.05). These values are summarized in Table 3. 
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Figure 10. Velocity profiles and saturation curves as a function of flow rate. (A-C) Velocity maps of channels 

with a 55° bifurcation and flow rates of 0.01, 0.02, and 0.03 ml/min. All scale bars are 1 mm. (D-F)  Velocity 

profiles showing expected velocity of the main channel before the bifurcation, calculated velocity of the main 

channel before and bifurcation, and of both channels after the bifurcation. (G) Saturation curve for the main and 

branching channel at 0.01 ml/min. (H) Saturation curve for the main and branching channel at 0.02 ml/min (I) 

Saturation time curve of the main and branching channel at 0.03 ml/min. No significant difference was found, p 

value > 0.05 for all flow rates. R2 > 0.98 for all fit curves used to calculate  . All experiments were performed 

in triplicate, and all data are plotted as ± SD. 

Flow rate [ml/min] τ value main channel [sec] τ value branching channel [sec] 

0.01 1.75 ± 0.30 2.13 ± 1.08 

0.02 1.84 ± 0.28 2.20 ± 0.30 

0.03 1.50 ± 0.20 1.70 ± 0.58 

Table 3. Summary of saturation times as a function of flow rate. 

5.3 Effect of channel widths 

The effect of vessel diameter was evaluated. As often occurs in vivo, we focused on 

assessing the behavior of MBs flowing from a large channel into a smaller channel. The flow 

rate in all datasets was 0.02 ml/min. Three phantoms were evaluated: 1) main channel of 300 µm 

and a branching channel of 100 µm; 2) main channel of 500 µm and a branching channel of 200 
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µm; 3) main channel of 300 µm and a branching channel of 300 µm. Their ULM images are 

shown in Fig. 11 A-C, respectively. The saturation curves of the 300 µm main channel ( = 1.21 

± 0.05 sec) and 100 µm branching channel ( = 2.09 ± 0.33 sec) have significantly different 

characteristic 𝜏 values are when tested with a two-sample t-test (Fig.11D, p<0.05). The saturation 

curves for the 500 µm main channel ( = 1.20 ± 0.07 sec) and 200 µm branching channel ( = 

2.37 ± 0.70 sec) also exhibit significantly different 𝜏 values (Fig. 11E, p<0.05). The phantom that 

consisted of equal main ( = 1.30 ± 0.01 sec) and branching ( = 1.62 ± 0.32 sec) channels of 300 

µm diameter, didn’t show difference in 𝜏 values (p>0.05). These values are summarized in Table 

4. This suggests that the branching into a smaller vessel is a main parameter that needs to be 

taken into account when conducting ULM imaging.  
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Figure 11. Super-resolved images of phantoms with varying channel widths and saturation time curves. (A) Super-

resolved image of phantom with 300 µm main channel and 100 µm branching channel. (B) Super-resolved image 

of phantom with 500 µm main channel and 200 µm branching channel. (C) Super-resolved image of phantom 

with 300 µm main and branching channel. All scale bars are 1 mm. (D) Saturation curve for the main and 

branching channel in the 300/100 µm phantom, P value>0.05. (E) Saturation curve for the main and branching 

channel in the 500/200 µm phantom, P value > 0.05. (F) Saturation curve for the and branching channel in the 

300/300 µm phantom, P value < 0.05. R2 > 0.98 for all fit curves used to calculate τ. (G) Velocity map of the 

300/100 µm phantom at a flow rate of 0.01 ml/min. (H) Velocity map of the 500/200 µm phantom at a flow rate 

of 0.02 ml/min. (I) Velocity map of the 300/300 µm phantom at a flow rate of 0.01 ml/min. All experiments were 

performed in triplicate, and all data are plotted as ± SD. 

Phantom τ value main channel [sec] τ value branching channel [sec] 

300/100 1.21 ± 0.05 2.09 ± 0.33 

500/200 1.20 ± 0.07 2.37 ± 0.70 

300/300 1.30 ± 0.01 1.62 ± 0.32 

Table 4. Summary of saturation times for various channel widths. 

5.4 Trifurcating Phantoms 

Lastly, we tested the ability to fabricate complex microvasculature phantoms by creating 

two trifurcating phantoms. One with a main channel that splits into three channels at equal 30° 

angles and converges back into one channel (Fig. 12A-C), and one in which the trifurcation splits 
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equally at 30° angles similarly to the bifurcating phantoms (Fig 12D-F). The converging structure 

is frequently seen in microfluidic chips and can also mimic the capillary network architecture in-

vivo. Super-resolved images and velocity maps were reconstructed for both phantoms. In the 

velocity maps we see a faster velocity in the main channel before the trifurcation, and then a drop 

when the channel splits into three (Fig. 12C,F). In the converging phantom, we see a slightly 

higher velocity in the main channel while in the trifurcating phantom the velocity drops by 

approximately a factor of three after splitting off from the main channel, as is expected according 

to conservation of mass equations.  

 
Figure 12. Super-resolved images and velocity maps of trifurcating phantoms. (A) Planned network for 

microfluidic-style phantom with trifurcating channels that converge back to one main channel. (B) Super-resolved 

image of converging phantom. (C). Velocity map of converging phantom at a flow rate of 0.02 ml/min. (D) 

Planned network for trifurcating phantom. (E) Super-resolved image for trifurcating phantom. (F) Velocity map 

of trifurcating phantom at a flow rate of 0.02 ml/min. 

5.5 In vivo saturation time 

In order to validate our results seen in phantoms, we compared saturation time between a 

large and small vessel in in-vivo data obtained from a rat kidney in previous studies [27]. Two 

vessels were selected from the super resolution image, one with a larger diameter of 410 μm and 

one with a smaller diameter of 190 μm as seen in the blue and yellow rectangles (Fig. 13). We 

see that the saturation time of the smaller vessel is slower than that of the larger vessel. This 
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general trend is in agreement with the results seen in the effect of channel width in previous 

sections, and with other studies that studied saturation time in ULM images.  

 

Figure 13. Saturation time of small and large blood vessel in rat kidney. (A) Super resolution image with yellow 

ROI around a large blood vessel and blue ROI around and small blood vessel. (B) Saturation time curve of the 

blue and yellow ROI corresponding to a small and large blood vessel in the rat kidney. Velocities within the 

kidney, not shown, range from 0.5-2 mm/min. Scale bar represents 2 mm. Raw data acquired from [27]. 

5.6 Preliminary Nanobubble Results – future work 

 Lastly, the saturation time of MBs and NBs was compared using our phantoms with a 

main channel width of 300 μm and a branching channel width of 100 μm. NBs have an average 

diameter of 200 nm, compared to MBs which have a diameter of 1.5-4 µm. The smaller diameter 

of NBs may affect the physical flow properties, facilitate their entry to smaller blood vessels and 

improve the required acquisition time of the smaller branching vessel. However, NBs display a 

weaker signal than MBs and seem more susceptible to radiation force applied by the US wave 

during data acquisition. This makes imaging them for ULM a challenge that requires optimization 

of the data acquisition and post processing algorithms. We fabricated echogenic NBs with an 

average diameter of 200 nm, and performed experiments using identical acquisition parameters 

as the MBs experiments. Next we compared the saturation time of the branching channel to the 
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main channel in the phantom with a main channel of 300 µm and a branching channel of 100 µm 

(Fig.13). MB contrast agents yielded an approximately 30% longer saturation time of the 

branching channel compared to the main channel. NB contrast agents resulted in no significant 

difference in saturation time of the main channel compared to the branching channel. 

 

Figure 14. Comparison of saturation time using NBs and MBs in 300/100 μm phantom. (A) Super-resolution 

image created with MB contrast agents. (B) super-resolution image created with NB contrast agents. (C) 

Saturation curve of the main and branching channel at 0.02 ml/min using MBs, P value<0.05. (D) Saturation 

curve of the main and branching channel at 0.02 ml/min using NBs, P value>0.05.   

6 Discussion and Conclusions 

The aim of this study was to create a fast, simple, and cost effective microfluidic inspired 

blood vessel mimicking phantom and evaluate the behavior of MBs within bifurcating vessels 

for ultrasound imaging applications, and specifically for ULM. The vessel mimicking phantoms 

provide a reproducible network in which behavior of contrast agents and accuracy of tracking 

algorithms can be compared under multiple controlled conditions. Multiple studies have been 

conducted regarding contrast agent types [9], [48] and tracking algorithms [8], [25]. We believe 
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that the development of complex vessel mimicking phantoms can contribute to the fast-growing 

field of ULM by aiding in understanding of contrast agent behavior and creating a way to 

systematically test new localization and tracking algorithms. These phantoms may provide an 

alternative to computerized flow simulations used to evaluate localization and tracking accuracy 

by creating shapes that are challenging to reproduce with ULM, such as the horseshoe shape [25]. 

We believe these phantoms can be used to study a wide variety of applications- such as 

verification of contrast enhanced harmonic imaging, resolution improving ultrasound algorithms, 

and the behavior of bubble flow in therapeutic applications [45], [49], [50].The method is 

versatile and can be used to create complex channel phantoms that can aid in understating and 

characterizing diseases that alter flow patterns such as  coronary artery disease, atherosclerosis, 

inflammation, Crohn’s disease, cancer, and kidney diseases [26], [51]  The phantom was 

validated by optimizing MB concentration and calculating velocity through individual MB 

tracking. Lower MB concentration negatively affected saturation time by producing a lower 𝜏. 

For ULM, localized PSFs are necessary to ensure accurate localization of contrast agents. 

Therefore, the concentration was optimized to ensure accuracy in all other experiments. Next, 

velocity maps for three different flow rates in phantoms with different bifurcation angles showed 

the expected trend of a faster velocity for a larger flow rate. Velocity in the channels drop by 

approximately half after the bifurcation. Additionally, the velocity profiles were parabolic as 

expected  for laminar flow within uniform rectangular channels. Interestingly, we see a slight 

asymmetry in the velocity profiles. We believe this may be due to the radiation force of the 

ultrasound wave which slightly pushes the bubbles away from the transducer, causing bubbles to 

slow down as they reach the side of the channel wall. This is apparent in all reconstructed velocity 

maps and raises the possibility that the flow pattern of MBs may also be affected by the pressure 
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waves in ultrafast frame rate imaging in vivo. In this case the bubble flow was perpendicular to 

the wave propagation, making the effect very visible. We find the bifurcation angle of a vessel 

between 25°-55° to have no significant impact on saturation time when comparing the main 

channel and branching channel of a phantom. We also find that within the flow rates tested, 

between 0.01 – 0.03 ml/min, there is no significant difference of saturation time between the 

main and bifurcation channel.  

One of the current ULM challenges is the long acquisition times necessary to reconstruct 

small blood vessels. Even at ultrafast frame rates of 500 Hz, acquisition time to fully image a rat 

brain have been reported to take 10 minutes [28]. Studies have shown how slow blood flow and 

small vessel size negatively affect acquisition time in rat brains, with significant difference in 

reconstruction time of vessels smaller than 25 µm, vessels between 30-50 µm, and vessels 

between 70-100 µm [12], [29]. This may be due to a combination of factors. First, the blood flow 

in capillaries is much slower than in larger vessels, leading to less occurrences of microbubbles 

in smaller vessels [52]. Additionally, the size of MBs (average diameter of 1.5 - 4 µm) is within 

the same order of magnitude as capillaries and red blood cells in both animals and humans, 

further reducing the number of bubbles to flow through capillaries over a set period of time. The 

platform developed here can be used to study the effect of blood vessel diameter on ULM 

imaging. Our results show that when a small vessel with a diameter of 100 µm branches off a 

larger vessel with a diameter of 300 µm, the saturation time of the small vessel is significantly 

longer than the larger vessel by an average increase of 72%. We also find that in a phantom with 

a main channel of 500 µm and a branching channel of 200 µm, longer saturation time is required 

for the smaller branching channel with an average increase of 90%.  



39 
 

The two additional trifurcating phantoms were shown and intended to confirm the 

robustness of the phantom fabrication method. The phantom that splits and converges back into 

one channel is especially interesting. This type of configuration is similar to many microfluidic 

PDMS devices that are readily available (Microfluidic ChipShop, Germany). A benefit of this 

phantom configuration is the lack of multiple outlets which require equalization of the water 

pressure to ensure even flow throughout channels. Such ultrasound compatible converging 

phantom cannot be fabricated using recent reported techniques [35][36][37]. In the velocity 

maps, we see that the measured velocity in the converging phantom is higher in the middle 

channel of the trifurcation compared to the two side channels. This may be due to MB dynamics 

moving through sharper curves and hitting the phantom walls. In the trifurcating phantom that 

does not converge we see better agreement in the velocity within the three channels. 

The in vivo saturation time results align with those observed in our tissue-mimicking 

phantoms. However, there are some differences between the two datasets. The in vivo data is 

obtained at a higher frame rate of 300 Hz using a different ultrasound transducer with a center 

frequency of 6.9 MHz instead of 10 MHz, which is used in our phantom data. Despite these 

differences, it is evident that larger blood vessels in the rat kidney take longer to saturate 

compared to smaller ones.  A future objective is to capture in vivo data from an elevation where 

bifurcating vessels are visible in the kidney. This will allow for a comparison of saturation times 

in a configuration similar to our phantoms. Preliminary NB saturation time results from 

experiments involving small, bifurcating blood vessels show no significant difference in 

saturation time compared to the main channel. However, these results need further validation and 

optimization before being compared to in vivo data using NBs. The NB experiments necessitate 

using a considerably higher concentration of NBs, with the gas volume being compared instead 
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of the concentration. Moreover, stronger filtering techniques are required to enhance the weaker 

NB signal. These steps are necessary to refine the experiments and obtain more accurate data for 

analysis and comparison. 

Regarding the study limitations, in this study, the effect of channel size on MB behavior 

was examined. In vivo, red blood cells greatly outnumber MBs in the blood stream (approximate 

concentration of 1013) and therefore may also affect the MB penetration into smaller blood 

vessels. Additionally, the Fåhræus-Lindqvist effect has a major impact on the viscosity of blood 

flowing through various sized channels, with blood viscosity decreases as the channel diameter 

decreases [53]. Therefore, future experiments can be carried out with blood or a blood mimicking 

fluid to estimate its effect [54]. In these studies, the flow rate throughout data acquisition was 

kept constant. A pulsatile flow pump may be used to better model the natural flow of blood within 

the body and study the effects of pulsatile flow under ULM imaging conditions. Additionally, 

phantoms may be fabricated while taking Murray’s law into consideration. Murrays law defines 

a relationship between radii of blood vessels at junctions within the vascular system, and 

therefore the radii of branching channels can be calculated to fit this relationship [55]. A cross-

linking agent could be added to the gelatin that would allow the phantoms to be maintained at 

above 37 degrees Celsius, which would enable the study of MBs under physiological conditions. 

In addition, each specific micro-vascular network mold was fabricated using a CNC machine and 

cannot be altered. Here we focused on bifurcations and trifurcations stemming from a single 

channel which is commonly seen in vivo- but different structures such as Y shapes and non-linear 

channels could be studied. The smallest bifurcation angle of the phantom was limited to 25° due 

to technical considerations of the CNC drill used. Smaller channels could be created using 

photolithography to create capillaries and better mimic the shape of blood vessels. This would 
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come at the additional complication of alignment of two half-circular sections as explained in 

tissue engineering studies [42].  

Additionally, the inlets and outlets of the phantom are created from gelatin which is an 

elastic material that changes shape under pressure. The pressure from the tubing may change the 

size of the inlet over time and cause slight leakage of the MB solution. This leakage may affect 

the flow rate, making it difficult to know the ground truth with complete certainty. This could be 

addressed by creating more tightly sealed inlets by bonding the hydrogel to glass as suggested in 

[37]. Lastly, we find that there is a tendency for MBs to get stuck on the channel wall furthest 

from the US transducer due to the radiation force of the pressure wave. The PSF of these static 

bubbles may block out the PSF of flowing bubbles, creating an added challenge to tracking 

bubbles. We find this to have more of an effect in small channel diameters, where the width of 

the PSF may be larger than the width of the channel. In conclusion, we believe that these micro-

vascular phantoms are a robust platform for precise and controlled ULM imaging, and have the 

potential to be utilized for many diverse aspects of ultrasound imaging. 
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