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Abstract

Non-invasive, longitudinal imaging of microvasculature at depth is not possible

with existing medical imaging techniques. Previous work has demonstrated the po-

tential of super-resolution ultrasound imaging (SRUS) with microbubbles (MBs) to

visualise microvasculature. However, to ensure reliable representation of the vascula-

ture for useful clinical translation, the factors which affect the super resolution image

must be better understood. In this work, simulation and phantom tools to validate

acoustic SRUS imaging have been developed and applied.

MBs are ultrasound (US) contrast agents that scatter strongly such that individual

MBs can be detected when low concentrations of the contrast agent are imaged. The

MB positions can be determined by localising their isolated point spread functions.

By building up a map of localisations over time a representation of the vasculature

can be generated. Both simulated and in vitro ground truth investigation are required

to validate and improve upon super-resolution (SR) protocols.

A simulation environment combining the Marmottant model to simulate MB dy-

namics and k-Wave to incorporate tissue and model wave propagation has been de-

veloped. This has allowed the comparison and investigation of methods of extracting

the MB signal from the surrounding tissue signal. A simultaneous optical and acous-

tic test rig was constructed to provide an experimental ground truth. To reduce

artefacts produced using current vessel phantoms, a novel acquisition and signal pro-

cessing method was invented to counter the limited dynamic range of the ultrasound

transducer. Finally, microvascular phantoms have been developed to provide targets

that better allow the capabilities of SRUS to be investigated compared to previous

phantoms used in the literature.

In short, this work involved the development of simulation and experimental tools

to begin to address the challenges surrounding clinical translation of SRUS.
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Chapter 1

Background

1.1 Clinical need

A key clinical challenge within the field of medical imaging is the resolution of mi-

crovasculature at depths on the order of centimetres within the human body. Mi-

crovascular changes can be an important marker of disease or indicate a response to

therapy. This introductory section will explain the clinical motivation for visualising

microvasculature.

1.1.1 Microvasculature

The cardiovascular system (the heart and vasculature) is responsible for supplying

the requirements of the tissues in the body [2]. A schematic of the cardiovascular

system is shown in Figure 1-1. Blood leaves the left side of the heart from the

aorta and through the arterial branches. These then branch into narrower vessels

called arterioles which further branch to capillaries. The structure of capillaries is

simply a unicellular wall of endothelial cells which is surrounded by an outer basement

membrane [3]. These endothelial cells have actin and myosin which change their

shape depending on their chemical environment [2]. Diffusion of oxygen, glucose,

and other nutrients leave the blood through the thin capillary walls and the carbon

dioxide and other waste products enter the blood stream. The venous system then
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Figure 1-1: Cardiovascular system. Red vessels show oxygenated blood in arterial
circulation and blue vessels show deoxygenated blood in arterial circulation. The
systemic circulation and pulmonary circulation work together to supply oxygen to
the tissues. Adapted from "The Circulatory System" by Andre R Almeida, which is
licensed under CC BY-NC-ND 4.0.

returns the blood to the heart through a structure which is effectively a mirror image

of the arterial systems; draining from the organ via narrow venules, into veins and

returning to the right side of the heart. This is known as the systemic circulation.

The pulmonary circulation is then responsible for re-oxygenating the blood. Blood

leaves the right heart through the pulmonary artery which branches into the capillary

network of the lungs. Here, carbon dioxide is released and oxygen enters the blood

stream via the capillary networks before being fed back to the right heart [4]. Almost

every cell will be located within 50-100 𝜇m of a capillary [5].
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Figure 1-2: Scale of vessels. Cross sectional vessels within circulatory system. Image
drawn to scale and the values for average outer diameter and wall thickness taken
from Koeppen et al., (2009) [2].

There is a huge variation in scale, on the order of 103, between the vessels in

the human body. With the largest artery, the aorta, being approximately 25 mm in

diameter compared to the average capillary being ≈ 8 𝜇m in diameter [2]. When

considering SR we are particularly interested in the set of microvessels. Microves-
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sels include arterioles (≈ 30 𝜇m), capillaries (≈ 8 𝜇m) and venules (≈ 20 𝜇m) [2].

The mean diameters and wall thickness of these vessels are presented in Figure 1-2

(diagram to scale).

The microvasculature is a system which can dynamically respond to the tissue

needs. The blood flow primarily depends on the tissue metabolic activity [3]. For

example, active tissue can require up to 20-30 times more blood flow than resting

tissue. The flow is controlled by the arterioles whose muscular walls enable them to

contract and expand. Every arteriole branches into multiple capillaries. Because the

same volume of blood flow needs to travel through each segment of the system each

second, the total cross-sectional area of the vessels is at a maximum for the capillary

bed, and the average blood velocity is at a minimum [3]. Moreover, the pulsatile flow

due to the pumping heart is damped to a steady flow due to the resistance of the

smaller vessels and distensibility of the large arteries. Mean velocities and areas are

given in Figure 1-3, where the data is taken from [3].

Figure 1-3: Mean blood velocities with respect to total cross sectional area for main
vessel types. Data taken from Hall, (2015) [3].

For long straight vessels, the blood flow is generally assumed to be laminar. That
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is, the blood flows in streamlines with each layer of blood being the same distance

from the wall. The flow velocity profile over the vessel is assumed to be parabolic

[3]. The liquid nearest the wall moves most slowly and the central streamline is the

fastest. The smallest capillaries have diameters on the same scale as red blood cells.

This means that the flow dynamics are not applicable, and instead the cells move

through in single file [6].

Microvascular structure and function is implicated in a breadth of diseases and

conditions. Some examples include, many cancers [7, 8, 9], diabetes [10, 11], coronary

artery disease [12] and neurovascular brain disease such as Alzheimer’s and vascular

dementia [13]. As will be described in the following literature review, the majority of

the previous literature investigating SR has focused on imaging tumour microvascu-

lature.

1.1.2 Angiogenesis

Angiogenesis is when new blood vessels are formed from already existing vessels [14].

This is a normal, healthy process which occurs throughout our lives. However, angio-

genesis can also be a biomarker for diseases such as cancer [9]. Tumours cannot grow

beyond 100 - 200 𝜇m without forming new blood vessels to supply their metabolic

needs. Thus, vessel growth is triggered to support the growth of tumours and also

their spread. In comparison to normal vasculature, tumour vessels are disorganised,

tortuous, non-constant in diameter with more branching and shunts than normal

vasculature. Functionally, this all results in a chaotic and changeable blood flow [9].
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Figure 1-4: Healthy vs tumour microvasculature and treatment response.The ordered
structure of the arterial vessels (red), capillaries (purple) and venous vessels (blue)
is shown on the left. The more complex tumour vasculature and hypoxic regions
(green) is shown on the right. The right image shows three potential responses to
anti-angiogenic treatment. This image was inspired from; Carmeliet & Jain, (2011)
and Jain, (2014) ([15, 16]).

Tumour vasculature is also generally denser than healthy vasculature [17], so one

method of distinguishing tumour vasculature from healthy tissue is the relative blood

volume (rBV). This is the fraction of tumour vessels to total tumour area and is com-

monly used to assess US images of tumours [18, 19, 20]. However, despite the higher

density, the poor quality of tumour vessels means that they cannot always supply

enough oxygen to the cells (hypoxia) [16]. Figure 1-4 shows a comparison between

the ordered structure of healthy vasculature and the more complex tumour vascula-

ture. Regions of hypoxia are shown in green. This has important implications for

therapy, as hypoxic tumours have been shown to be more resistant to treatments such

as chemotherapy, immunotherapy and radiotherapy [16]. In addition, the vasculature

heavily influences metastasis [7]. Blood vessels not only provide the main transport
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route for cancer cells, but their design is also a main factor in how efficient metastasis

can be [7].

Angiogenesis can work for and against cancer treatment. Some drug delivery

techniques take advantage of the leaky vessel walls to selectively deliver drugs to the

tumour site and avoid systemic side effects [21]. Conversely, anti-angiogenic therapy

can be used to destroy the tumour vasculature, and consequently blood supply, in a

process known as pruning [9]. However, it is uncertain whether this will damage nor-

mal vasculature and tumours do not consistently shrink during the treatment. The

lack of understanding regarding the action of anti-angiogenic therapies led Carmeliet

and Jain (2000) to highlight the need for new imaging methods which can monitor

treatment response. More recently, there is increasing evidence that, in some cases,

anti-angiogenic therapies can work to make the tumour vasculature more ordered for

a period of time. This is called normalisation [15]. By administering anti-cancer ther-

apies during this window of normalisation there is a potential to improve treatment

efficacy [15]. Figure 1-4 also shows three possible scenarios following treatment of

tumour angiogenesis; pruning, normalisation, or no response to treatment. However,

there is much that is unknown about the function of these agents and more research

is required. Thus, a non-invasive, longitudinal technique would be useful in a research

capacity to understand the action of anti-angiogenic agents and eventually to monitor

treatment response.

The drastic changes to microvasculature during the formation of tumours, and also

during anti-angiogenic treatment, makes the imaging of tumour microvasculature an

excellent clinical application for SRUS. There is currently no non-invasive modality

capable of visualising the structure and function of tumour microvasculature at depths

greater than a few millimetres.

1.2 Other modalities

Imaging a point source will produce a point spread function. The width of which will

be dependent on the imaging modality and acquisition parameters. The following sec-
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tion will summarise the fundamental and practical factors which limit the resolution

of the main medical imaging modalities.

1.2.1 Magnetic resonance imaging

Magnetic resonance imaging (MRI) uses the interaction of the water molecules in the

body with applied magnetic fields to image deep within tissue (full body imaging is

possible) [22]. The hydrogen atoms in the water molecules act like magnetic dipoles, of

which a subset can be polarised using a magnetic field. The resonant frequencies of the

polarised nuclear spins of the water molecules have a linear dependence on magnetic

field strength. By transmitting a RF pulse tuned to this frequency these spins can

be excited. Upon relaxation, a signal is emitted which can be detected by a receiver

coil. The position of these spins can be encoded by applying a gradient magnetic field

along a particular axis, in addition to the static field. Thus, the resonance frequency

of a spin will depend on its position and thereby the spins can be excited slice by

slice. This frequency space (k-space) is sampled over time to reconstruct a full image.

Contrast between different tissue is obtained due to different tissue having different

amounts of water.

One factor which determines the resolution of MRI depends on the maximum

gradients that can be applied in order for different planes within the body to be

distinguished from each other. However, this maximum gradient is generally set

at an upper limit (regardless of field strength) to prevent physiological effects like

peripheral nerve stimulation [23]. High resolution images require a larger portion

of this space to be sampled compared to low resolutions. Thus, the resolution also

depends on the acquisition time. For a given time there is also a trade-off between

resolution and SNR [24]. Thermal noise of electrolytes in the patient and electrons

in the signal receivers mean that MRI data is inherently noisy. Thus, for a feasible

acquisition time, either resolution can be improved by acquiring more of k-space, or

SNR can be improved by taking averages of lower resolution images.

Most scanners in routine clinical use operate at field strengths of 1.5 T or 3 T

and allow resolutions on the order of 1 mm [25]. Increasing the field strength is a
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way of approaching the trade-off between time, resolution and SNR. This is because

increasing the field strength increases the spin polarization of the tissue and thus the

obtainable SNR. 7T scanners are becoming clinically available, and one model has

been approved for clinical use in both Europe and the US [26]. Using a 7 T research

scanner, vessel imaging in the brain have been acquired with isotropic resolutions of

200 𝜇m. Each image took between 20-30 minutes to acquire. However, two images

were acquired to provide sufficient SNR, giving a minimum scan time of 40-60 minutes

[27]. Including positioning and pre-scans, the volunteers had to be scanned for a total

time of 90 minutes. These long scan times increase the sensitivity to motion, and

ultimately the resolution will be limited without the ability to correct for involuntary

motion like the movement of the brain due to blood pulsatility, eye movements and

muscle relaxation [27]. Regardless, staying still for up to 90 minutes is generally not

feasible for unwell patients.

1.2.2 X-Ray/CT

X-ray imaging involves transmitting X-rays through the patient and receiving at a

detector on the opposite side of the emitter. The amount of photons absorbed depends

on the electron density of the tissue [28]. Computed Tomography (CT) combines X-

rays taken at multiple angles to generate a 3D representation of the body. However,

both CT and X-ray have poor soft tissue contrast. For the visualisation of vessels,

an iodinated contrast agent can be injected [29]. The high atomic number of iodine

means that it strongly absorbs X-rays, increasing vessel contrast with respect to the

surroundings [30].

Compared to other non-invasive modalities, CT generally has high spatial reso-

lution of approximately 0.5-0.625 mm along each axis [29]. This is in addition to a

reasonable temporal resolution of 83-135 ms. This value for spatial resolution comes

from the size of the detector elements. The majority of CT detectors are made from

arrays of detector elements of dimensions 0.5-0.625 mm2 [31]. The detectors are sepa-

rated with a small gap to prevent crosstalk (signals at one element affecting adjacent

elements). However, any photons that hit this gap do not contribute to the image,
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which reduce the efficiency of radiation use. Therefore, there is a limit to how small

these can be made due to the need to limit patient exposure to ionising X-rays. The

other factor which limits resolution is the focal spot size of the source. Larger spot

sizes will increase image blurring on the detector elements.

CT can only reach the necessary resolution in animal studies with micro-CT imag-

ing, where resolutions of 1 𝜇m are possible [32]. In particular, ex vivo studies can

provide superior resolution by filling the vessels with a polymer such as microfill be-

fore imaging. This approach has been used for monitoring therapy during in vivo

testing [33]. However, due to the high doses required, there are concerns that the

radiation exposure may affect the results of in vivo studies during micro-CT imaging

[34].

1.2.3 SPECT/PET

Single photon emission computed tomography (SPECT) and positron emission to-

mography (PET) are nuclear imaging techniques which detect gamma radiation emit-

ted from radioactive tracers injected inside the patient. SPECT tracers directly emit

gamma rays whereas PET tracers emit positrons which annihilate with an electron

to produce a pair of gamma photons emitted in opposite directions.

SPECT detectors are generally made of a continuous scintillator crystal, coupled

to an array of photomultiplier tubes [35]. In order to determine the direction of travel

of a photon a collimator is positioned over the crystal. Collimators are made from

a material such as lead that will absorb the photons. Narrow channels are made

through the material so that only photons travelling over a small range of directions

can travel through a specific channel to reach the detector [36]. As in CT imaging

there is a trade-off between resolution and sensitivity to the ionising radiation. The

design of these holes are varied according to desired image magnification, sensitivity

and resolution [36]. Sub-millimetre resolutions are possible using a pinhole detector.

However, high magnifications and therefore a small FOV make this detector choice

most suitable for small animal imaging. The detectors also have an intrinsic resolution

depending on the crystal and positioning electronics [37]. The two primary factors
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are; photons undergoing multiple scattering in the crystal which produces an error in

the position recorded, and statistical fluctuations in the number of photons produced

by the scintillation crystal for a different event from the same position cause variation

in the calculated position. This statistical variation is generally the limiting factor

and results in a PSF with FWHM of 2.9-4.5 mm. However, research is ongoing in

developing new detector materials and resolutions of approximately 0.5 mm have been

measured [38]. There are no fundamental limitations on the resolution of SPECT,

but detector limitations mean that currently resolving vasculature is not feasible.

PET no longer needs collimators; if two photons can be detected approximately

simultaneously, and at approximately 180𝑜 to each other, they are assumed to be

from the same event. Thereby, the line where the event occurred can be determined.

Timing differences between the two signals mean that the position of the event along

the line can be determined. For PET, resolution is now limited two physical fac-

tors. The photons may not be truly collinear due to some net momentum of the

positron/electron system. This factor can lead to a PSF blurring of approximately

1.5 mm FWHM [39]. Another limiting factor is that emitted positrons can travel

away from the radioisotope before annihilating. This can occur in any direction and

thereby further increases uncertainty in the calculated position. This depends on the

isotope used and is 0.54 mm FWHM for F18 [40]. In the clinic, the dominant factor

limiting resolution is normally the detector element size. These normally have an area

of 4 mm x 4 mm. Decreasing this size can be unfeasible due to increased expense

and decreased sensitivity [40]. The positron range and collinearity are the only fac-

tors that fundamentally limit the resolution of PET [40]. Moses (2011) predicts their

combined effects (for F18 imaging) to be 1.83 mm FWHM and 0.67 mm FWHM for

clinical and pre-clinical imaging respectively. In the field of tumour imaging, PET is

instead valuable for functional imaging rather than structural, for example measuring

the microvascular tumour uptake of agents [41, 42].
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1.2.4 Optical imaging

The resolution of optical imaging is limited by the diffraction of light. Diffraction

is the spreading of light when it encounters an obstacle (generally the microscope

objective). The Abbe limit was the first description of how the spreading of the

light depended on the wavelength. In his first work, E. Abbe (1873) stated that the

separation between two point sources could never be less than 𝜆/2 if they were to be

resolved [43]. This was later refined to describe the effect of the numerical aperture

(NA) [44]. Where the NA is a measure of the range of angles which an optical system

can accept light [45]. The limit was derived to be:

𝐷xy = 0.5
𝜆

NA
(1.1)

𝐷z =
2𝜆

NA2 (1.2)

where Dxy is the smallest detectable lateral feature (in the image plane) and Dz is the

smallest detectable axial feature. This limit comes from considering the diffraction

pattern of an optical point source being imaged through a circular aperture. The

diffraction pattern of such a point source is an Airy disk. Figure 1-5 shows the

diffraction pattern for two nearby optical scatterers. A more commonly used measure

of resolution is the Rayleigh criteria, which states that for two points to be resolved

they must be separated by the distance between the disk maxima and first minima.

This corresponds to lateral resolution of:

𝐷xy = 0.61
𝜆

NA
(1.3)

Below the resolution limit, the point spread functions of two points overlap such

that they cannot be distinguished as shown in Figure 1-5.
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Figure 1-5: The Rayleigh diffraction criteria for two nearby optical scatterers. The
two scatterers are spaced further than the Rayleigh criteria (left), at the Rayleigh
limit (middle) and closer than the diffraction limit (right). This image "Airy disk
spacing near Rayleigh criterion" by S. Bliven has been fully released to the public
domain so can be used freely.

Due to the high frequencies of optical radiation, optical resolution is limited lat-

erally to distances on the order of 200-250 nm [45]. Therefore, optical methods are

currently the primary option for non-invasive imaging of microvasculature [46]. How-

ever, tissue attenuation increases with increasing frequency due to increased scattering

[47]. Thus, optical techniques can only be used for superficial imaging. Optical co-

herence tomography (OCT) uses low wavelength laser light to maximise this depth

[48]. This can generate images with resolutions of 5-10 𝜇m but is only suitable for

depths of 1-3 mm due to scattering [46].

Optical imaging can still be useful ex vivo as a ground truth to test other methods.

For example, immunohistochemical (IHC) analysis involves the tumours being set in

paraffin and stained to allow measures of the vasculature to be extracted optically.

Then average measures of vessel parameters like rBV can be extracted.

1.3 Ultrasound imaging

Ultrasound (US) is defined as longitudinal waves with frequencies higher than the

range of human hearing > 20 kHz. Clinical US imaging generally uses frequencies

in the range of 2-10 MHz [22]. The formation of an US image generally involves the
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transmission of an US pulse into the tissue and receiving the returning signal which

has been reflected from tissue boundaries. Given an estimate for the average speed

of sound in the subject, and the time taken for the pulse to be reflected, the distance

to a particular boundary can be very simply calculated. Repeating this across the

FOV enables a map of the tissue structures to be reconstructed in a process known

as beam forming.

Described by Wells (2005) as an example of one of the most disruptive applications

of science and engineering to medicine [49], US is a desirable modality to optimise for

SR. This is due to US being affordable, portable and without the need for ionising

radiation. This section will outline the basic physics of US. This will contain the

necessary background to understand the motivation for the design of the simulation

used in the next chapter. Particular attention will be given to the factors which affect

the resolution of conventional US.

1.3.1 Transducers

Transducers are used to transmit and receive the sound signal and can take many

forms. Sound is generated using a piezoelectric material. Piezoelectric materials can

transform electrical energy to mechanical energy and vice versa. The first transducers

were a single element which vibrated at a resonant frequency (depending on its width)

in response to an electrical delta pulse [22]. Modern transducers have an array of

several elements and also can operate over a range of frequencies. The frequency

can be controlled by the input electrical signal [22], and the range of frequencies a

transducer is sensitive to is known as its bandwidth.

1.3.2 Phased arrays vs linear arrays

The two types of multi element probes used for the work throughout this thesis are

linear arrays and phased arrays. Linear arrays have a line of elements and typically

uses a subset of elements to produce a narrow US beam. Phased arrays can electron-

ically focus and steer the beam whilst using all the elements [22]. This is done by
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exciting the elements so that they emit signals with phase differences relative to each

other.

1.3.3 Image formation

Transmission

Conventional B-mode US involves building up an image line by line [50]. Using a

linear array, this is achieved by firing a small group of elements to acquire one line,

and then on the next pulse a new subset of active elements is defined. This new

subset has normally just shifted along the array by one element. This continues for

each line.

Phased arrays can build up each line by adjusting the electronic delays over the

active elements. The focal depth of the beam is determined by the transducer width,

any extra lenses coupled to the transducer face and any electronic phase delays.

This work primarily uses linear arrays, where each pulse uses 64 active elements.

These elements use phase differences across the 64 elements to focus the beam. Instead

of additional steering, as would be possible with a true phased array, the image is

built up line by line by shifting the subset of active elements over the full transducer

face, as shown in Figure 1-6.

The rate at which a transmitter sends a pulse is known as the pulse repetition

frequency (PRF). Between pulses the wave needs enough time to propagate to the

required depth and back. Thus, temporal resolution is primarily limited by imaging

depth. For B-mode imaging, the total frame rate is lowered by a factor of the number

of image lines.

This work also uses plane wave (PW) imaging, which is limited by the time it

takes for the pulse to propagate through the tissue depth. PWs are generated by

firing all active elements of the probe simultaneously [51]. This means that the full

FOV is sampled in one pulse. The high frame rates achievable with this approach

make it possible to image transient events which require a high temporal resolution

[51, 52]. The two techniques are represented schematically in Figure 1-6.
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Figure 1-6: Image acquisition schematic. Focussed imaging (left) creates an image
of the scatterers line by line, whereas plane wave imaging (right) can acquire the full
FOV in a single shot. The green elements are the active elements.

Reflected signal

The transmitted beam is then reflected from boundaries/inhomogeneities in the medium.

The strength of this signal depends on the impedance difference between the mediums

either side of the boundary. Tissue impedance is the product of the tissue density

and speed of sound in tissue. Larger differences in impedance are associated with
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stronger reflected signals.

Reception

Between the transmit pulses the transducer must switch to receiving mode, so that

the piezoelectric material can record vibrations from reflected signals. These are

typically weak compared to the transmit pressures, thus have to be amplified using

pre-amplifiers. At this stage, the signals can also be amplified according to the depth

that the signals have travelled from in a process known as time gain compensation

(TGC). This compensates for exponential signal attenuation with depth, which will

be discussed in more detail in subsection 1.3.7. These analogue signals can then be

sampled to a digital representation using analogue to digital converters (ADC).

Beamforming

Figure 1-7: Delay and sum beamforming for plane wave imaging. The equation of the
signal parabola with respect to time is calculated (left) for each pixel, the hyperbola
is delayed (centre) and summed to produce an image (right).

Now the signal can be electronically beamformed. This beamforming is performed

based on the relative spacing of the elements. The signal from a point scatterer is a

spherical wave. Thus, it will not reach each element simultaneously, instead it will

follow a hyperbola pattern over the aperture extent.
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For beamforming, the signal at each element is delayed according to how far a

signal must have travelled from a particular position. This delay process is simply the

reverse of the focusing procedure. The signals for all elements can now be coherently

summed to give an overall signal. This is known as delay and sum beamforming

(DAS). Dynamic beamforming can be achieved by adjusting the delays according to

depth, this is because deeper targets will have less variation in arrival times over the

probe elements than shallower targets.

For PW imaging, the only focusing is in receive. For each pixel in the FOV, the

signal over the parabola associated with it can be delayed and summed. Thus, a full

image can be formed from just one transmission. This is shown in Figure 1-7. The

equation of the signal hyperbola with respect to time is tn for an element xn, and a

position in the FOV (xs,zs). The method for focussed imaging is very similar, just

that xs is the lateral focus position and zs can be fixed or vary with depth (dynamic

focusing).
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1.3.4 Array geometry
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Figure 1-8: Probe geometry and artifacts. (A) shows an example linear array probe
with a schematic of the array face geometry. A possible apodisation function is also
shown. The probe image on the left is adapted from "Medical Ultrasound linear
array Probe/scan head/transducer", by Daniel W. Rickey 2006, which is licensed
under the Creative Commons Attribution-Share Alike 2.5 Generic license. (B) shows
the overall normalised beam pattern (black) with side lobes and grating lobes due to
contributions from a finite aperture and element size respectively.

Figure 1-8(A) introduces some of the terminology used when discussing arrays. The

spacing between element centres is known as the pitch. The distance between the

elements is the kerf, and the lateral extent of the element is width. Emitting energy

from a finite aperture can generate artifacts. Grating lobes and side lobes are parts of

the US beam that are not emitted along the axis of the intended beam direction [53].

However, their reflections are strong enough to interfere with the image reconstructed
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assuming reflections from the main lobe only.

The beam pattern is shown in Figure 1-8(B). Side lobes arise from the generation

of an US beam using a finite aperture. The diffraction pattern of a wave propagating

through an aperture is the Fourier transform of the aperture (assuming Fraunhofer

diffraction). Therefore, the far field pattern is a sinc function for a rectangular aper-

ture. These first side lobes are substantial relative to the main lobe [54]. Smoothing

the sharp edges of the rectangular aperture reduces this high frequency signal. Thus,

the emitted signals are normally tapered for the outer elements using a function such

as Hamming, Henning, Gaussian, etc. in a process known as apodisation.

Grating lobes are due to splitting the aperture into a line of elements. Mathe-

matically, the aperture can be represented as a sum of delta functions convolved with

a finite aperture of width equal to the element width. The Fourier transform of a

grating is periodic, with a frequency that depends on the element pitch relative to

the wavelength [55]. If the width is ≥ 𝜆 then grating lobes will occur. To avoid

grating lobes completely (even when the beam is steered) the element spacing should

be chosen to be smaller than 𝜆/2.

1.3.5 Data types

The multiple types of data collected and visualised throughout this thesis will be

briefly explained here. Radiofrequency (RF) data refers to frames which still have

the phase information. This can be pre-beamformed, that is the hyperbolas incident

on the aperture before delay and summing, or post-beamformed. The oscillatory

nature of this data can make structures difficult to visualise. Thus, this is often

presented as Bmode data. Bmode data is where the phase information is removed by

just representing the envelope of the signal. The envelope of a signal is the magnitude

of the analytical signal. The analytic signal is a complex number, which is made from

combining the original signal with its Hilbert transform as below:

𝑋analytical = 𝑋real + 𝑖𝑋hilb (1.4)
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The Hilbert transform gives every Fourier component of the original sequence a 90𝑜

phase shift. By combining the original signal with its Hilbert transform, the negative

frequency components are removed and instead the signal is represented with a real

(I) and quadrature (Q) part. Data represented in this way is known as IQ data. IQ

data can be collected from the research scanner used in this work. Figure 1-9 shows

some of these different data types.
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Figure 1-9: Types of US data. Each frame shows signal from the same scatterer.
Phase information can be shown in non-beamformed RF data (left) or beam-formed
RF data (centre). It can be easier to visualise envelope detected data (right).

1.3.6 Spatial resolution

Axial resolution

The axial resolution is the minimum distance which two objects can be separated

along the direction of beam propagation. This is determined by the spatial pulse

length, which is determined by the pulse wavelength (𝜆) in the medium and number

of cycles (n) of each pulse.

SPL = 𝜆𝑛 (1.5)

This can also be expressed in terms of temporal pulse length (tp):

SPL = 𝑡p𝑐 (1.6)

where c is the speed of sound.
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Axial points are said to be resolvable if they are separated by > 0.5 SPL [22]. The

temporal pulse length should be low for the optimum axial resolution. However, this

requires the transducer to have a wide bandwidth. The transducer bandwidth is de-

termined by how well damped the piezoelectric crystal is to the electrical input. This

requires careful choice of transducer material, and surrounding layers [56]. Generally

n = 1.5 - 2 for clinical US transducers [56].

Axial resolution does not vary with depth and is the same for B-mode and PW

imaging.

Lateral resolution

The lateral resolution is the minimum distance which two objects can be separated

along the direction of the probe elements. This is depth dependent and depends on

the beam diameter at that depth in tissue. Generally, in B-mode imaging, the focus

is defined at a single depth. This means that the best lateral resolution will be at that

specific depth and will worsen either side. Considering the maximum resolution at

the focal depth, mathematically, the PSF in the lateral direction of B-Mode imaging

is a sinc2 function w.r.t. to the lateral direction (x ) [56]. This is because the Fourier

transform of a rectangular aperture is a sinc function and the PSF is a result of

transmitting and receiving through this aperture. The received signal U(x) is given

by:

𝑈(𝑥) ∝ sinc(
𝑥𝐷

𝑓𝜆
)2 (1.7)

where D is the aperture width and f is the focal length.

As in optics, the Rayleigh criteria is normally used to express the diffraction

limited resolution. Applying the Rayleigh criterion that the points are well resolved

if separated by a distance between the maximum and the minimum, the sinc can be

set to 0, giving a minimum separable distance of [56]:

∆𝑥 =
𝑓𝜆

𝐷
(1.8)
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Other authors prefer to consider the resolution in terms of the FWHM [57] where

FWHM = 𝑐𝑜𝑛𝑠𝑡𝑎𝑛𝑡 · (𝑓𝜆
𝐷

) (1.9)

and the constant depends on the transducer apodisation.

For PW imaging, the spatial resolution has been empirically determined to be:

∆𝑥 = 𝑐𝑜𝑛𝑠𝑡𝑎𝑛𝑡 · (𝐿𝜆
𝐷

) (1.10)

where L is depth and the constant was determined to be 1.521 [58].

Due to the lack of transmit focusing, PW imaging has worse lateral resolution than

focussed. Using coherent compounding, which involves combining PWs of different

orientations, the resolution can be improved [51].

Elevational resolution

This is the resolution perpendicular to the imaging plane and is defined by the trans-

ducer width [22]. The signal in the 2D imaging plane is a projection over the extent

of the elevational direction that the probe is sensitive to. Again, this is the same for

focussed and PW imaging. It should be noted that 3D imaging can be achieved using

2D matrix array probes. In this case, the conventional resolution in the elevational

direction equals that in the lateral direction.

1.3.7 Depth vs resolution

It can be noted that increasing the frequency of the transmit pulse will improve lateral

and axial resolution. However, as in optical imaging, there is a trade-off between

frequency and depth penetration. Acoustic attenuation is primarily due to scattering

and thermal absorption. The US wave is exponentially attenuated with depth [54]:

𝐼 = 𝐼o𝑒
−2𝜇𝑥 (1.11)

where x is the distance travelled (2 times the depth), Io is the initial intensity and 𝜇

42



Chapter 1 1.3. Ultrasound imaging

is the attenuation coefficient in dB/cm.

In soft tissues 𝜇 is proportional to wave frequency (f ) to the power of m:

𝜇 ∝ 𝑓𝑚 (1.12)

For most applications in diagnostic US, m ≈ 1 [56]. Increasing frequency will

limit the depth penetration of the US beam through tissue. In conventional imaging,

this makes it harder to reconstruct high resolution images at depth.

1.3.8 Safety

An investigation on safety is not a focus of this thesis. However, previous authors

have cautioned that although US is often considered safe it does have bioeffects which

should be understood [59].

There are two main safety hazards normally discussed when considering diagnostic

imaging, thermal effects and cavitation. Thermal heating is due to energy deposited

in the tissue due to attenuation [60]. Cavitation can arise from the gas nuclei in

liquid parts of the medium expanding into a bubble. This bubble may then oscillate

in response to the US pulse (stable cavitation). Or, in the compression phase the

bubble may violently collapse (inertial cavitation) [59]. Less well understood is also

the effects from radiation pressure, this can cause movements of particles in the

medium, in particular in liquids (known as acoustic streaming) [60].

The thermal energy deposited can be monitored using the thermal index (TI):

TI =
𝑊 out

𝑊 deg
(1.13)

where Wout is the acoustic power for the imaging conditions and Wdeg is the power

required to raise the temperature by 1𝑜C. Most clinical scanners estimate the TI value

based on whether the US is incident on soft tissue, fluid or bone. This is because

these mediums have very different attenuations, bone being the highest so most at

risk for thermal effects [60]. Imaging for longer times increases the risk of damage

from heating. Thus, there have been guidelines published on the time and TI value
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that should be used for specific applications explaining that TI values greater than

0.3 should be avoided [59].

Cavitation has been shown to cause microvasculature damage in animal models

[59]. In particular, inertial cavitation poses the most risk. Inertial cavitation has

been associated with light emission, shock waves and the generation of free radicals.

This was estimated to occur at temperature > 5000 K, and this led to the definition

of mechanical index (MI) as a measure of the likelihood of cavitation:

MI =
PNP√

𝑓
(1.14)

where PNP is the peak negative pressure (maximum rarefaction pressure) and f is

the transmit centre frequency [54]. Without MBs, the likelihood of bubble formation

is low for MI < 1 [61].

There is some concern over the sheer stress on cells due to acoustic streaming [59].

However, Duck (2008) expresses that as the bioeffects causes by radiation pressure is

not well understood it is difficult to assess the risk, and there are no official safety

measures such as the TI and MI values. Duck (2008) also writes that the highest

risks associated with diagnostic US come with the use of contrast agents [60]. Thus,

this will also be considered in section 1.3.10, after MBs have been introduced.

1.3.9 Research systems

Research systems allow much more control of the image acquisition process compared

to clinical scanners. Another key benefit is access to the raw data, so that images

are not changed by unknown image processing and compression procedures. This

work uses the ULA-OP research platform which has 64 independent channels, each

with an independent arbitrary waveform generator [62]. Thus, the system can be

programmed to transmit and receive over a wide range of parameters. For example,

transmit frequency, PRF, apodisation, focusing, beam steering angle, aperture size

and receive gain can all be customised [62]. The system has a sample rate of 50 MHz

for 12 bit data. During a single acquisition the system can store up to 1 GB of RF data
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and 512 MB of image data/IQ data. The data can be extracted in pre-beamformed

RF data, post-beamformed RF data or IQ data.

1.3.10 Microbubble contrast agents

The blood itself is a weak scatterer of US. The contrast of blood vessels can be

increased by introducing MB contrast agents [63]. MBs are blood pool agents which

consist of gas cores encapsulated in a shell, and are generally 1-10 𝜇m in diameter

[64]. The high compressibility and low density of the MB core compared to tissue

make them strong scatterers of US. Historically, the efficacy of gas bubbles to amplify

the blood signal was used before the introduction of commercial agents. For example,

bubbles in injected saline were used to increase contrast for imaging of aorta function.

These bubbles were assumed to either occur during the injection process or already

exist in the saline [65]. Their lifetime could be enhanced by pre-combining with

the patient’s blood, where the surfactants acted as a type of shell [66]. Indeed,

this method is still in use clinically by mechanically agitating saline (with or without

patients’ blood) prior to injecting. These bubbles are unstable and unlikely to survive

the pulmonary circulation, thus the only way they can enter the left side of the heart is

if there is a deviation in normal circulatory flow (a cardiac shunt) [67]. However, these

homemade bubbles are still unstable [68]. Engineered bubbles have a shell and core

which are designed to have good persistence in the blood stream and a predictable

response to an US pulse.

As of 2015, Paefgen et al. (2015) reported that there were 4 commercially avail-

able, approved, contrast agents in clinical use worldwide [69]. They are principally

used for adults [70]. Although, in the US, they were recently FDA approved for

paediatric liver examination in 2016 [71].
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SF6

Phospholipid shell

Figure 1-10: Schematic of a Sonovue MB.

Gas core

Bubbles are unstable because of the surface tension between the gas core and sur-

rounding liquid; thus, the gas wants to diffuse into the liquid. Changing an air core to

an alternative gas which has a lower solubility and lower diffusivity than air makes the

MBs more stable. For example, perfluorocarbons have been used for several brands

[68]. Sonovue uses sulphur hexa fluoride [72]. In a standard dose of 2 ml only 16 𝜇l of

sulphur hexafluoride (SF6) is given. This dissolves in the blood and is exhaled (after

15 minutes almost 100% of the gas was recovered in tests). A schematic of a Sonovue

MB is shown in Figure 1-10.

Shell types

The MB shell helps to stabilise the MB. The three main types of shell are polymer

coating, proteins and lipid [73]. The properties of the shell affect the MB response

to acoustic radiation. For example, protein shells are relatively rigid [73], whereas

phospholipids create a flexible shell which will allow the MB to strongly oscillate in

response to acoustic pulses without breaking [68].

The Sonovue shell uses two types of phospholipids (DSPC and DSPG.Na), and

palmitic acid to form the shell [74]. To make Sonovue, saline is injected into a vial

of lyophilisate containing the phospholipids and the gas. Agitation of the two parts

causes the phospholipids to self-assemble around the gas bubbles. The phospholipids
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are weakly held together by Van der Waals forces [73].

Behaviour of MBs in an acoustic field
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Figure 1-11: MB interaction with an acoustic field. Sound waves propagate by particle
motion in the medium (top). The pressure wave can be described as a periodic
variation in density, where individual particles oscillate about their resting position.
This can also be represented as a pressure waveform (middle) where peak pressures
correspond to compression of the medium and peak negative pressures correspond to
rarefaction. A MB will be compressed in the compressive phase and expand in the
rarefaction phase (bottom).

MBs will volumetrically oscillate in response to the acoustic field as shown in Figure

1-11 [75]. The high compressibility of the MBs mean that they are highly echogenic,

so much so that individual MBs can be detected. The simplest linear model of the

MB is of a damped simple harmonic oscillator. This system has a resonant frequency

inversely proportional to the MB radius [75]. More commonly in the literature, MBs

have been described by models that capture the effect of shell properties, core gas
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and surrounding liquid properties [68]. Using US pulses at the bubble resonance

frequency will produce a stronger bubble response signal [73]. Conveniently, the

resonance frequency of micrometre sized bubbles lies in the range of commonly used

medical US frequencies (1-10 MHz) [73].

Optical observations of MBs under acoustic pulses have been an important method

of understanding their behaviour in an acoustic field [76, 77, 78]. This has uncovered

other physical phenomena such as the translation of MBs due to the acoustic radiation

and the coalescence of nearby oscillating MBs [79]. By examining the response of

MBs to a known pulse, the properties of MBs have been determined and different

models compared [80, 81]. Optics have also shown how US can cause MB destruction

through several different mechanisms - slow diffusion, damage to shell, fragmentation

into smaller MBs or rapid expulsion of shell from the MB core [82]. Now optical

systems are even developed enough to optically observe the interaction of a MB and

cell in response to an US pulse [83]. The optical literature specifically relating to

SRUS will be discussed in Chapter 3.

Non-linear imaging

As the incident amplitude of the US increases, and the frequency approaches that of

resonance depending on the MB size, MBs can generate a non-linear response. This

means that the radial oscillations will not have an amplitude linearly proportional to

the incidence pulse and the frequency composition will have components other than

the transmit frequency. Instead the MBs will emit harmonics, subharmonics and

super harmonics of the incident frequency [68].
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Figure 1-12: CEUS liver imaging. Example of CEUS scan (right) compared to linear
mode (left). This image taken from "Contrast-enhanced ultrasound of an abscess
in the liver" by R. Badea and S. Ioanitescu (2012). "Ultrasound Imaging of Liver
Tumors - Current Clinical Applications". DOI: 10.5772/31137., which is licensed
under CC BY 3.0.

Since sound backscattered from tissue is largely linear, the MB signals can be

discriminated from the tissue using their nonlinear response. By combining rescaled

responses to pulses of different amplitudes (amplitude modulation) [84] or combining

responses to out of phase pulses (pulse inversion) [85, 86], the non-linear signal can

be extracted. Amplitude modulation (AM) and pulse inversion (PI) are examples of

multipulse techniques. Combining AM and PI can generate more non-linear signal

[87]. Figure 1-12 provides an example CEUS image of the liver and Figure 1-13

schematically demonstrates how AM and PI work.
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Pulse Inversion-P

Pulse InversionAmplitude Modulation

Figure 1-13: Multi-pulse non-linear modes. Schematic of non-linear modes, ampli-
tude modulation (left) and pulse inversion (right). Where AM transmits a pulse of
amplitude P, and a second pulse of amplitude P/2. Pulse inversion uses opposite
phases for successive pulses. Algebraically combining the responses from tissue (top)
and MB signal (bottom) allow MBs to be distinguished from linear tissue.

In this work, a general contrast sequence [1, -1, 0.5] was normally used to allow

post processing using amplitude modulation or pulse inversion. This notation means

that the second pulse of the contrast sequence has the same amplitude but opposite

phase as the first pulse. The third pulse has the same phase but half the amplitude

of the first pulse.

Although MBs are generally useful for increasing the contrast of microvasculature,

resolution is still limited by diffraction.

MB non-linearity vs nonlinear propagation

Another related interaction worth mentioning here is non-linear propagation of a US

wave in tissue. This has a different mechanism from the non-linear signal generated by

MBs. Sound waves can be described as pressure waves with dense areas (compressive

phase) and less dense areas (rarefaction). Sound propagates by the compression

of the tissue particles within the tissue in response to the mechanical movement

of the transducer elements. For some applications it is appropriate to use linear

physics to describe the subsequent propagation. However, the relationship between

changes in pressure and changes in density is not linear, instead there is a quadratic

component [54]. At high pressures, this component becomes more prominent and
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the linear approximation between the two breaks down. Sound speed depends on

the tissue density; thus the compressive phase of the wave has a higher speed than

the rarefactional phase [56]. This leads to a distortion of the pulse, such that a

sinusoidal pulse become more sawtooth like. This is equivalent to producing more

higher frequency signal components. Thus this signal can also be extracted when

performing non-linear imaging and lead to non-linear artefacts which reduce contrast

of MB signal [88].

Safety

Confidence in the use of Sonovue was dented in Europe after three deaths appeared

to be temporally related to the use of contrast agents. It was temporarily withdrawn,

but then reinstated with new restrictions against its use in patients with recent acute

coronary syndrome or clinically unstable cardiac disease conditions [70]. It is currently

advised that extreme care and risk assessment is required for use in such patients and

its use is contradicted for some specific cardio-vasculature and respiratory diseases

[89]. In 2007 the FDA contraindicated the use of contrast agents in warnings on the

labelling to contradict the use of the agent due to risk of cardiac events in high risk

patients following four fatalities temporally related to CEUS [90]. Following this,

there were several large-scale studies that investigated the safety of MBs and showed

that: serious "allergic like" reactions occurred in ∼ 1:10,000 patient doses and there

was no increased risk of mortality for CEUS imaging of cardiac patients compared

to US imaging alone. Therefore, these contraindications were changed to warnings.

Clinicians should be prepared for the chance of a rare allergic reaction, as is also the

case for contrast agents used in MRI and CT imaging [70, 90].

There has been previous concern over the increased risks from inertial cavitation

when using MBs. This is because there is no longer the need to create the MBs from

the tissue [59]. Without MBs, the likelihood of bubble formation is low for MI <

1, with UCAs a lower MI should be used to avoid bioeffects (MI < 0.4) [61]. These

bioeffects include microvasculature rupture, which could be particularly hazardous

for applications such as brain imaging, ocular imaging and neonatal imaging [59].
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However, as long as the guidelines are followed, and the necessary precautions taken,

the safety profile of MBs is excellent [70]. The most common side effects, reported

in around 2% of patients during large clinical trials, have been headache and unusual

sensation around the injection area [70]. These are generally brief and do not require

treatment.

1.4 Current US microvascular imaging techniques

1.4.1 High frequency

Simply working at high transmit frequencies (> 20 MHz) can decrease the point

spread function sufficiently to visualise superficial microvasculature. For example,

Goertz et al. (2000) used a 50 MHz centre frequency to detect flow in a mouse

ear vessel that was below 20 𝜇m in diameter [91]. However, attenuation in tissue

increases at these frequencies, limiting this technique to superficial imaging. One

disadvantage of working at high frequencies is low microbubble sensitivity because

the bubble resonance is at 1-3 MHz [92].

1.4.2 Doppler

Doppler methods are used to image blood flow [93]. Doppler techniques use the

frequency shift between received signals to provide contrast, either through colour

doppler where colour maps show the blood velocity and direction or the more sensitive

power doppler where only the strength of the signal is visualised [94]. They can

be made more sensitive through the introduction of contrast agents [95] or signal

processing which takes advantage of the high coherence of blood signal relative to

noise [96]. However, these techniques are still subject to the resolution limit.

1.4.3 Acoustic angiography

Acoustic angiography is a contrast technique which uses low frequency transmission

and MBs but only receives the high frequency signal components [97, 98, 99]. Thus,
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the super harmonic bubble response allow the vasculature to be distinguished from

the tissue. Gessner et al. (2013) showed that resolutions of ≈ 150 𝜇m axially and

≈ 200 𝜇m laterally at depths of 5 mm can be achieved [97]. However, resolutions

achieved using these techniques are still limited by the fundamental diffraction limit.

1.4.4 Photoacoustics

In photoacoustic imaging (PAI), optical energy is absorbed by the tissue or optically

absorbing dyes/nanoparticles. Thermal energy is then transformed into acoustic ra-

diation due to thermal expansion/relaxation which can be detected using an US

transducer [100].

The axial resolution depends on the same factors as the US imaging. However,

photoacoustic signals have very high frequencies of several hundreds of MHz, thus the

achievable resolution is primarily dependent on the sensitivity of the transducer [101].

For most systems, the lateral resolution depends on the focusing of the optical energy

and thus the resolution is limited by the light wavelength, numerical aperture and

any optical aberrations [101]. If weakly focusing light energy is used instead, then the

lateral resolution depends on the PSF of the US system [101]. One particular benefit

of PAI over US alone is the natural contrast of the optical absorption of haemoglobin,

which makes PAI particularly useful for microvasculature imaging [102].

However, as in US imaging, there is a depth/resolution trade-off for PAI resolution.

It is possible to detect photoacoustic signal at depths up to 5 cm with the help of dye

contrast [103, 104]. When the lateral resolution depends on optical focus, resolution

of a few micrometres are possible (small enough to visualise capillaries [105]) but the

depth resolution is limited to < 1 mm [102].

1.4.5 Microvascular assessment metrics

Here two metrics often used for the quantification of perfusion in US are described.

Maximum intensity over time (MIOT) images show the maximum value of each

pixel over the full acquisition time. This can be used to extract rBV values. How-
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ever, measurements made from MIOT images may be prone to overestimation due to

diffraction [20].

Mean blood flow velocities can be calculated by fitting the slope of the replen-

ishment curve when doing destruction replenishment imaging. This involves a bolus

injection, using a destruction pulse to clear the FOV of MBs, then calculating the

intensity over time in a ROI. This curve can then be fitted to a model to extract the

mean flow speed [106].

1.5 Optical SR

Figure 1-14: Example of optical SR. A diffraction limited image of microtubules in a
cell (left) and the SR image (right). This image is by Matthew D. Lew and Steffen J.
Sahl, Moerner Laboratory. (2012) This file is licensed under the Creative Commons
Attribution-Share Alike 4.0 International license.

The 2014 Nobel Prize for Chemistry was awarded to Eric Betzig, Stefan W. Hell and

William E. Moerner for their work developing techniques which allowed visualisation

on a intercellular scale using optical microscopy [107]. As in US, the resolution of op-

tical microscopy is fundamentally limited by the wavelength. Conventional resolution

allows visualisation of structures on the order of cells. However, there was interest

in resolving structures on the subcellular level to learn more about structures and

processes on the nanoscale. Figure 1-14 shows an impressive example of subcellular

imaging. The three winners of the Nobel Prize developed the tools for several differ-
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ent types of SR. The type most relevant to this work is localisation microscopy. It

is important to understand some of the ideas in optical SR because authors in the

acoustic literature have developed these techniques for US SR.

Fluorescence is the absorption of light energy in the form of photons, and sub-

sequent emission of photons of equal or greater wavelength [108]. Fluorophores are

molecules which exhibit fluorescence strongly enough for individual molecules to be

imaged above any background signal [109]. These fluorophores can be bound to pro-

teins within cells in order to further understand cellular processes [110]. They can

also exhibit interesting temporal behaviour. For example, individual fluorophores

can be observed to blink on and off on the time scale of seconds [109]. They can

also undergo photobleaching, where the repeated stimulation damages the molecules

such that they can no longer fluoresce [107]. Green fluorescent protein (GFP), and

variants of it, is a particularly widely used fluorophore. Dickson et al. (1997) made

the important discovery that single molecules of GFP could be turned on an off like

a switch. They could be imaged using a fluorescent exciting wavelength, and after a

period they would turn off. However, this bleaching was reversible, as they could be

reactivated using a different wavelength, and fluorescent imaging resumed [109].

The position of an isolated fluorophore can be localised to a much higher precision

than the diffraction limited resolution. This can be achieved by using an algorithm

to estimate the centre of each fluorophore emission by fitting the signal to a Gaussian

[111]. This precision (𝜎) fundamentally depends on the standard deviation (STD) of

the photon distribution from the fluorophore (s) and the number of photons collected

(N ) [111].

𝜎 =
𝑠√
𝑁

(1.15)

Since s is of the order of 𝜆/2, and over 104 photons can be detected per fluorophore,

the resolution can be on the order of a few nanometres. Thereby, if these localisations

can be recorded over the extent of a structure of interest, an image beyond the

diffraction limit can be achieved.
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Figure 1-15: Schematic of FPALM. The diffracted limited image does not show the S-
shaped structure (top). The image is formed by stochastically activating and imaging
N subsets of the fluorophores in the sample. Isolated signals can be localised and the
fluorophores in the sample. Isolated signals can be localised and the fluorophores in
that sub-set bleached. Combining the localisations from all sub-sets will give an SR
image (bottom).

The primary challenge is obtaining a sparse population of fluorophores whilst

still being able to image the full structures. The main method from localisation mi-

croscopy techniques which has been translated to SRUS, is photoactivated localisa-

tion microscopy (PALM) [111] or fluorescent photoactivated localisation microscopy

(FPALM) [112]. These are very similar techniques, developed by different groups,

which rely on the switchable nature of GFP variants. They activate a subset of the

GFP molecules across the FOV using a brief laser pulse. This subset is now im-

aged using illumination from the excitation wavelength for fluorescent imaging (dif-
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ferent from the activation pulse). These should be sparse enough to be isolated point

sources. After a significant portion of these have been bleached (either reversibly or

irreversibly), a new subset of sources is activated using the brief laser pulse. The

number of activated fluorophores can be controlled by the length and amplitude of

the activation laser pulse. And the rate of photobleaching can be controlled using the

excitation intensity. This process is shown schematically in Figure 1-15.

1.6 Literature review of SRUS

1.6.1 Basic principles

MBs are the acoustic analogue of fluorophores. In particular, they scatter US strongly

enough such that individual MBs can be imaged. If isolated signals can be generated

from the MBs, then individual scatterers can be localised beyond the diffraction limit.

Then the fundamental limitation on the maximum resolution is not limited by the

signal wavelength but on how accurately and precisely the localisation can be made.

Figure 1-16 outlines the steps of SRUS. The first step is signal acquisition. The

literature review will outline the breadth of acquisition parameters and techniques

which have been used in SRUS research. US imaging also has the added complica-

tion of signal from the surrounding tissue. Fluorophores normally just need to be

extracted from any background fluorescence, which can generally be done by thresh-

olding. Thus, the detection method is a particularly important step for SRUS. One

difference between fluorophores and MBs is that MBs move with the blood flow,

whereas fluorophores are generally bound to a target. Thus, an optional step of

SRUS is velocity tracking of the MBs. Depending on the imaging target, motion

correction is another optional step. An essential step of any SRUS using isolated

signals is the localisation of the signals, where the scatterer positions are determined.

Finally, the visualisation step involves combining all the localisations/tracks to form

a representation of the vasculature.

57



Chapter 1 1.6. Literature review of SRUS

Frame
Acquisition

Bubble	
Detection

Bubble	
Localisation

Image
Generation

Fr
am

e
Ac

qu
isi
tio

n
Bu

bb
le
	

De
te
ct
io
n

Bu
bb

le
	

Lo
ca
lis
at
io
n

Im
ag
e

Ge
ne

ra
tio

n

Motion Correction 

Frame
Acquisition

Bubble	
Detection

Bubble	
Localisation

Image
Generation
VisualisationFrame

Acquisition
Bubble	

Detection
Bubble	

Localisation
Image

Generation
Frame

Acquisition
Bubble	

Detection
Bubble	

Localisation
Image

Generation

Fram
e

Acquisition
Bubble	

Detection
Bubble	

Localisation
Im

age
Generation

Frame
Acquisition

Bubble	
Detection

Bubble	
Localisation

Image
Generation

Velocity Tracking

Fr
am

e
Ac

qu
isi
tio

n
Bu

bb
le
	

De
te
ct
io
n

Bu
bb

le
	

Lo
ca
lis
at
io
n

Im
ag
e

Ge
ne

ra
tio

n

Fr
am

e
Ac

qu
isi
tio

n
Bu

bb
le
	

De
te
ct
io
n

Bu
bb

le
	

Lo
ca
lis
at
io
n

Im
ag
e

Ge
ne

ra
tio

n

Figure 1-16: Stages of SRUS. Motion correction and velocity tracking can be used if
required.

Proof of principle studies in vitro and in vivo were first published by 4 main

groups between 2011 and 2013 [18, 113, 114, 115]. From the initial few publications,

interest in SRUS has grown exponentially. This literature review will outline the

key pieces of literature within the field and main discussion points to give a full

review of the field of SRUS. Special attention will be drawn to areas where there

is a need for validation. One of the first points of interest is the potential clinical

targets. For clinical applicability, it is also especially important to understand how

long acquisition will take. Limiting the acquisition time has also motivated a different

formulation of SRUS using statistical measures rather than localisation microscopy;

or using nanodroplets instead of MBs. Finally, movement towards 3D SRUS will be

briefly discussed.

1.6.2 Clinical targets and directions

Much of the research in SRUS will be applicable to microvasculature imaging in

general, rather than a specific disease. The majority of studies in the literature, and

discussed here, are pre-clinical but demonstrate a potential clinical direction.

Several examples of healthy tissue have been imaged [116, 117, 118, 119, 120].

Errico et al. (2015) and Christensen-Jeffries et al. (2015) both showed impressive

reconstructions of relatively 2D structures (planes of a rat brain and a mouse ear
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respectively). Due to it having an interesting branching structure, and well char-

acterised structure and function, the kidney has also been used as a target to test

SRUS techniques [117, 118, 119]. Zhu et al. (2019) performed mechanical scanning

of healthy lymph nodes in order to visualise the microvasculature in 3D. This was

the first step in using SRUS to image lymph node vasculature with a view to detect

metastasis [120]. There has been particular motivation to consider angiogenesis as a

target [18, 19, 20, 121, 122].

Siepmann and Schmitz (2011) were one of the first groups to demonstrate princi-

ples of the SRUS technique [18]. They mainly aimed to show that it was possible to

detect and visualise single MBs within tumour microvasculature. The authors pro-

vided a comparison between SRUS and MIOT. They demonstrated that SRUS is less

likely to overestimate the vasculature area of the tumour. Where SRUS calculated

a rBV of 7.7 %, compared to a rBV of 46.3 % using MIOT. This was a very small

study of only one sample but showed promise for finer imaging of tumour vascula-

ture. Lin et al. (2017) took the next step in determining if vasculature markers of

angiogenesis could be extracted from SR images [121]. The authors show that by pro-

cessing vessels extracted using SRUS using a distance metric to measure tortuosity,

they could show a significant difference between a tumour and healthy tissue. This

work compared SRUS to acoustic angiography (transmitting at 4 MHz, receiving at

25 MHz). Although, the imaging time was much longer (one slice requiring 26 s) the

results showed that SRUS provided better resolution both in vitro and in vivo. The

authors point to a need to refine the technique in order to increase the efficiency of

localisations to improve acquisition time.

It is necessary to consider whether, although existing US techniques do not meet

the required resolution, they can still distinguish between tumour types or differenti-

ate between healthy and malignant tissue. A recent work by Opacic et al. (2018) used

SRUS to differentiate between three tumour types. The existing techniques compared

to SRUS in this work were rBV from MIOT images and the mean velocity determined

from destruction replenishment curves [20]. A further aim of this work was to use

the SRUS images to generate new biomarkers which could be used to discriminate
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between tumours. Surprisingly, velocity measures could not be used to discriminate

the tumour type. However, the authors did note that fitting the intensity-time curve

was not always possible due to noise, while SRUS was more robust. The rBV could

be used to distinguish between the three tumour types using MIOT and SRUS. The

most successful marker for discriminating between 3 tumour types using SRUS was

the maximum distance between the nearest vessels. This is a metric which definitely

does need resolution beyond the diffraction limit. Thus, this study gives motivation

for refinement of the SRUS technique. The rBV measures agreed with the measure-

ments from Siepmann and Schmitz (2011) which showed that SRUS was less likely to

overestimate rBV than MIOT [18]. Avoiding overestimation will mean that smaller

differences in rBV between tumours will be more accurately measured. Preliminary

clinical data presented here showed that SRUS could be used to visualise vasculature

changes over the course of chemotherapy treatment. After one cycle of chemotherapy,

tumours of two patients were observed to become more homogeneously vascularised.

This clinical work was extended in later work which reported that SRUS was beneficial

over MIOT for visualising inhomogeneity, for example hypervascularity around the

tumour borders [19]. And also provided much higher resolution velocity information

than possible with MIOT. This visualisation of inhomogeneity has also been pointed

out by Ghosh et al., (2017)[122], however this demonstration was weaker - without

comparison to another CEUS method. This hypervascularity in the outer borders of

the tumours and a necrotic core is an established marker of tumour angiogenesis, and

a feature that can be missed by biopsies [17].

SRUS has the potential to become an important tool for many microvasculature

applications. The literature has shown particular potential for obtaining structural

measurements of tumours namely tortuosity, distance between vessels and inhomo-

geneity. It has also shown potential for more accurate calculations of rBV. These

have been shown to be better measured using SRUS than any other non-invasive

technique. However, the ground truth measures (when taken) were generally bulk

measurements from Micro-CT and IHC analysis. These allow average measures of

vessel distance/rBV to be extracted from a sample of the tissue. These do not allow
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validation of how well represented the individual structures were.

1.6.3 Acquisition strategies

One thing to note is that SRUS is possible over a wide range of parameters. Table

1.1 is included to help summarise the acquisition choices made in some of the key

literature dealing with in vivo imaging. Transmit frequencies from 6.5 MHz - 40

MHz have been used, frame rates from 15 Hz - 500 Hz, various MB types, dilutions

and infusion rates have also been used. There has been SRUS demonstrated with

focussed imaging and PW imaging (with and without compounding). Following the

demonstration by Errico et al. 2015 using PW imaging, there has been a shift to high

frame rate (HFR) acquisition [116, 118, 119, 120, 121]. Moreover, there have been

an extensive range of detection, tracking, motion correction and localisation methods

used across the multiple groups which will be explained in more depth later.
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Table 1.1: Acquisition choices. Acquisition parameters from main pieces of literature
with an in vivo component. * the original concentration of Sonovue is reported as
1-5 x 108 MB/ml [123]
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One piece of work worthy of a particular mention, although not included in Table

1.1 as this was not an in vivo demonstration, is O’Reilly and Hynynen (2013). In

vitro SR in 3D was achieved using a particularly low transmit frequency of 0.3 MHz

(harmonic imaging), and low frame rate of 10 Hz.

It is encouraging that SRUS appears robust across a large parameter space. Now it

is essential that these methods can be refined for clinical translation. A key challenge

highlighted in the assessment of the different SRUS protocols and new techniques is

the lack of a reliable ground truth which can realistically approximate both the in

vivo environment and US acquisition.

1.6.4 Acquisition time

The time required to produce an SR image is of key concern, and something which

should be minimised for easier clinical uptake. The mouse ear images produced by

Christensen-Jeffries et al. (2015) required an acquisition time of around 8 minutes

[124] and Errico et al., (2015) generated slices of a the rat brain cortex in 150 s [116].

The difference in acquisition time was attributed by the authors of [116] to the use of

ultrafast imaging compared to the low frame rates available on the clinical scanner

used by [124]. However, it should also be noted that other factors such as the relative

depths imaged (1.5 cm in [124] and 3.5 mm in [116]) and relative transmit frequencies

(6.5 MHz in [124] and 15 MHz in [116]) may have been more important.

There have been three main pieces of previous literature which have specifically

explored the factors affecting the acquisition time [125, 126, 127]. By simulating

the MB events using Poisson statistics, Christensen-Jeffries et al. (2019) explored

how the acquisition time depended on acquisition frequency, frame rate, tissue blood

volume fraction, desired SR pixel size, MB signal density (including a comparison

between bolus and infusion injections), and flow speed [126]. There are limitations

in interpreting the exact times rather than the trends reported in this work. This

is because it assumes a perfect SR procedure. Moreover, for Poisson statistics to be

used the MB events should be independent. This may not be true as, in the case

of flowing MBs, events may not truly be independent as a single MB is likely to
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be detected along its flow profile. Nonetheless there were some key points that are

useful to highlight as they provide insight in to the SRUS process. Although the

SRUS resolution is no longer limited by the diffraction limit, transmit frequency is

still important. Higher transmit frequencies allow more isolated MBs to be detected

in a single FOV due to the smaller PSFs, thus frequency effects acquisition time.

Potentially the most important finding was that the acquisition time is limited by

flow speed for the vessels with the slowest flow. This work agreed with Hingot et

al. 2019, who approached the question using experimental in vivo data rather than

a numerical model [127].

There are two slightly different, but related, factors which affect why the smaller

vessels take longer to visualise. Christensen-Jeffries et al. (2019) discusses how ac-

quisition time is restricted at low speeds due to the fact that MBs must flow beyond

the precision of the SR measurement between imaging frames in order to acquire

new information. Thus, the flow speed rather than the frame rate sets the limit on

how quickly vasculature can be visualised. Hingot et al. (2019) focuses on the fact

that low flow rate in the capillaries makes it less likely for a MB to enter in the first

place. The authors make the argument that since the number of MBs is dominated

by the number of red blood cells, 1:105, it is very rare for a MB to enter a particular

capillary during an acquisition. The number of MBs appearing over different sizes of

vessels were counted for experimental rat brain data. Typically, a vessel of size 100

𝜇m sees dozens of MBs every second, whilst one of 20 𝜇m only sees 1 every 10 s. This

work predicts that it would take around 10 minutes to map the entire network to 5

𝜇m pixels. In Opacic et al. (2018) their methods section writes that the resolution

limit of their SRUS method was characterised using vessels where at least 5 MBs

had passed over the 40 s acquisition [20]. The FWHM of the smallest vessel was

measured to be 10 𝜇m. The aim of this condition was to ensure that the achievable

resolution measured was not set simply using 1 MB track. However, considering this

in the light of the work by Hingot et al., (2019), it is unlikely that these vessels were

truly < 10 𝜇m in diameter. Care must be taken in reporting the smallest vessels that

can be resolved using SR, as a vessel can easily look much smaller than reality. This
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underlines the need for a ground truth where the true vessel size is known.

Another option is to consider what information can be extracted in a shorter time

than takes to fully reconstruct the vasculature. This is the focus of the third group

working in this domain. The actual values of the work by Dencks et al. (2017) are

potentially not so useful in the context of this thesis, since they are working at very

high acquisition frequencies of 40 MHz [125]. However, their approach of modelling

the SR imaging process using a saturation model is interesting. One factor that was

investigated in particular was a measure equivalent to the rBV. This work highlighted

that, using their saturation model, although 45 -170 s may be required to reconstruct

90 % of the microvessels, estimation of the rBV can be done in much less time. It

was predicted in a later study that approximately 25 % of the vasculature needs

to be reconstructed in order to provide a reasonable estimate of the rBV [19]. A

reliable phantom containing the structures required for this to be tested is required

for validation of these percentages.

1.6.5 Statistical methods and sparsity

There is an alternative approach to SRUS which uses a higher MB density than

suitable for single MB localisation. The first example of this was the translation of

SR optical fluctuation imaging (SOFI) [128] to CEUS [129]. This technique is not

used throughout the thesis; however, it is necessary to consider it for a thorough

review of the field. Moreover, the developments in this thesis could also be applied

to this method in the future.

Statistical methods can apply higher order statistics to generate SR images from

higher order moments and cumulants [129, 130]. Moments and cumulants are quanti-

ties which statistically describe a distribution. For example, the first order cumulant

and moment is simply the mean, the second order the variance, and the third order

the skewness. Beyond the third order, cumulants and moments describe different

features. This method is based on the assumptions that; the signal statistics are con-

stant with respect to time (for the short time scales processed in a single ensemble),

no tissue motion is present such that the vessels change position relative to the SR
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grid, and that signals from MBs in the same vessel are correlated whereas those in

different vessels are uncorrelated. By applying this method in vivo, Bar Zion et al.

(2017) showed that SOFI can achieve very short scan times of < 1 s [129]. However,

the authors showed only a modest improvement in spatial resolution by reducing the

point spread function by up to 50 %. The main limitations of this method were poor

SNR and inconvenient dynamic range of the images formed using higher statistics.

In later works, the spatial resolution of this method was improved by the incor-

poration of the prior information that the distribution of emitters is sparse on the

high-resolution SRUS image grid [130]. This technique known as SUSHI, produced an

improvement in spatial resolution up to 10-fold compared to that of a temporal mean

image. This improvement in resolution was achieved at an impressive temporal reso-

lution of approximately 25 Hz. SUSHI outperforms localisation microscopy at higher

concentrations of MBs than appropriate for localisation methods and is reported to

have similar resolutions at sparse concentrations. However, using in vivo data, these

have generally been compared using the same data set which is not necessarily fair

as they operate best under different conditions.

There is a strong motivation to achieve SR with high temporal resolution. For

example, the visualisation of rapid changes in blood flow would be useful both for tu-

mour imaging and neural activity [129]. More generally, this also limits the distortion

of the image caused by patient motion and could mean that motion correction is not

required. However, van Sloun et al. 2017 also argues that given that the majority of

clinical data is acquired at low frames rates, it is useful to be able to work at these

low rates [131]

The assumption of sparsity is appropriate for SR and can be used to reconstruct

SR images without the incorporation of higher order statistics. van Sloun et al. (2017)

introduced the method of applying a sparse reconstruction on individual frames, with-

out the incorporation of temporal information achieved using ultrafast imaging. The

SR image process can then be treated as a simple inverse problem with a regularisa-

tion sparsity condition:

66



Chapter 1 1.6. Literature review of SRUS

𝑦 = 𝐴𝑥 (1.16)

where y is the received CEUS data, x is the distribution of MBs, and A is an

operator describing the imaging process. A can be estimated using the PSFs from

isolated MBs. This method assumes a shift invariant system so is only applied to a

fraction of the image at any one time. Then x can be found using a minimisation

process:

𝑥̂ = 𝑎𝑟𝑔𝑚𝑖𝑛 (1.17)

||𝑦 − 𝐴𝑥||22 + 𝜆||𝑥||1 (1.18)

where 𝜆 determines the penalty for non-sparsity [131]. van Sloun et al (2017)

shows how by combining this sparse reconstruction of higher density MB frames, with

a motion correction algorithm to account for movement over these longer timescales,

sparse reconstruction can be performed at the lower frame rates used more routinely in

clinics at present. As well as easier clinical translation, this is also important because

statistical techniques are also limited in their ability to resolve the smallest vessels due

to the low likelihood of a MB entering the vessels as discussed in subsection 1.6.4.

Most recently, it has been proposed that flow dynamics of the MBs can also be

incorporated into the reconstruction as prior information [132].

It should be acknowledged that it will be very difficult to compare these techniques

to localisation microscopy in vivo or even in vitro. This is because the statistical and

sparse techniques operate at a much higher concentration than localisation methods.

And, in the case of statistical vs localisation microscopy, on very different time scales.

A fair comparison of these methods is a potential topic for future work.

1.6.6 Detection methods

Detection methods are required to distinguish MB signals from tissue. The three

primary methods used in the literature are differential imaging (DI), singular value
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decomposition (SVD) and contrast imaging. These three methods are compared in the

first chapter of this thesis, where PI is chosen as the contrast method, and published

in Brown et al. (2019) [133].

DI is the extracting of changing MB signals between frames by subtraction. Ini-

tially DI was used to generate the variation between frames by using pulses strong

enough to destroy a number of MBs [113]. A following publication described how

fast moving MBs will also be extracted [134]. When movement is involved, the signal

appearing in the processed frame is not an actual bubble signal, but a difference be-

tween two MB signals. However, motion will also affect non-linear techniques using

multiple pulses [135]. Thus, future work was needed to investigate how blood flow

and frame rate affects both these methods.

The SVD filter introduced by Errico et al., (2015) has been extensively used in fol-

lowing literature [121, 122, 125, 127, 136, 137, 138]. Errico et al., (2015) argued that

acquiring at a high temporal resolution enabled the extraction of transient changes

to the MBs, even allowing extraction of isolated MB signals within a high concentra-

tion cloud of MBs. This is due to the use of a singular value decomposition (SVD)

filter being able to discriminate between the unique signature of individual MBs and

tissue. These transient changes were attributed to be due to motion, dissolution and

disruption (although in this work the MI was set to minimise MB dissolution and

disruption). The SVD extracted these transient changes of the MBs and was said

to cause individual MBs to "blink" over the processed stack of images, providing

temporally and spatially isolated sources to be localised. The use of the SVD filter

on ultrafast imaging sequences was presented as being a distinct technique, disparate

from the imaging of a low concentration of contrast agents at a low frame rate, and

"the first" in vivo technique for having the potential to achieve high resolutions, deep

within organs and with reasonable acquisition times. This is an assertion which has

been carried though following literature [121, 129]. However, more research was re-

quired to understand the function of the SVD filter for MB imaging. The investigation

of whether performing contrast sequences, such as PI, at ultrafast frame rates would

allow these temporal fluctuations to be extracted is needed. This will be explored in
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more depth in the next chapter of this thesis.

1.6.7 Velocity tracking

Beyond structural information, SR also has the potential to provide important func-

tional parameters such as blood velocity. One particular benefit of reliable MB track-

ing is the separation of adjacent arteries and veins - effectively increasing resolution

of these vessels [124]. Measures of velocity generally require some form of tracking.

Thus, in this section, tracking and velocimetry are considered equivalent.

There has been a range of techniques developed and implemented in the literature

such as intensity based cross correlation of nearby signals [124], matching the peak

intensity of MB signals around a search region [139], a nearest neighbour approach

[116, 119] or a more robust probabilistic approach [20, 140]. It should be noted that

the approach by Song et al. (2018) is not the simplest nearest neighbour approach

[119]. Instead a "bipartite graph-based" method is used to optimise the tracking

so that the total distance between associated MBs is minimised. The velocity and

density maps of the cross-correlation were observed to be similar to the bipartite

pairing. However, it should be noted that cross-correlation is significantly more com-

putationally expensive, thus perhaps the pairing algorithm is a good alternative. The

authors note that both methods may break down in the case of higher concentrations

of MBs, in which case the more mathematically involved tracking by Ackermmann

et al., (2016) may be more appropriate. This work introduced the modified Markov

chain Monte Carlo data association (MCMCDA) algorithm. This was able to asso-

ciate MB localisations with specific tracks and could handle false alarms (perhaps

due to noise), the initiation and termination of tracks. This was validated in vitro,

comparing the measured speeds with those expected given the infusion pump settings

and tube diameter. The averaged values correlated well.

As discussed previously, although the use of HFR will not always improve ac-

quisition time, it is generally accepted that the extra temporal resolution will help

tracking methods make the correct associations when imaging a FOV with a range of

flow speeds. In situations where HFR is not feasible, it has been argued that a high
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performing tracking algorithm will be robust to low frame rates. The combination

of MCMCDA tracking, and the saturation model [125], and SR localisations using

low frame rate imaging, was termed Motion model ultrasound localisation microscopy

(mULM) [20]. The same group had previously shown that the tracking method was

expected to show improved visualisation of tumour morphology than nearest neigh-

bour approaches, in particular due to better assignment near bifurcations [141]. It

is predicted that this probabilistic approach will have benefit for clinical applications

where elevational thickness means that there are overlapping vessels [19]. For the

imaging of dense vasculature or higher MB concentrations the challenge of tracking

MBs becomes greater. A group focusing on higher concentration of MBs for SRUS

applied multiple hypothesis tracking and Kalman filtering to assign localisations to

tracks [132]. This work is particularly interesting because the history of MB local-

isations can be used to predict the future trajectory of the MBs and thus future

localisations. Moreover, velocity estimates from optical flow tracking was also fed

into the Kalman filtering to improve the estimation.

Tracking does not have to be used for SRUS images; however, work is showing that

it can improve the completeness of SRUS images. That is, plotting tracks can make it

much easier to visualise the vasculature structure from sparse localisation information.

Although, conversely, erroneous tracks due to false alarms affect the image more.

Thus, it is doubly important to provide strong validation of these tracking techniques.

1.6.8 Motion correction

Given the micrometre scale accuracy and precision of SRUS, the technique is par-

ticularly sensitive to motion artefacts. These can arise, for example, from probe

motion, the patient changing position, muscle spasms, respiration and vessel pulsatil-

ity. There is a need for motion correction of images in a wide range of modalities, and

techniques which can be fairly trivially translated to SRUS. Thus, there have been

multiple different methods applied to SRUS image acquisition. Most simply, motion

can be limited experimentally by using a stereotactic frame [116] or rejection of frames

with significant movement [121]. Multiple works combine the rejection of frames with
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significant movement (due to the concern that they contain non-rigid or out of plane

motion) with another technique for correcting smaller motions [20, 117, 118, 125].

Gating of data to account for both respiratory [118] and cardiac cycles [117] have

been applied, before correcting similar segments using a least squares approach to

account for rigid motion. Several works have also taken advantage of the higher reso-

lution phase information by correcting on the RF data, this was achieved using cross

correlation techniques [127, 139]. However, not all of these techniques are always

directly applicable to clinical use of SRUS. For example, Hansen et al. (2016) present

"Robust microbubble tracking" by combining motion correction with the MB track-

ing. As the focus was on correcting the motion of a mechanical ventilation system,

B-mode and contrast mode images were collected in sequential acquisitions. Then

it was assumed that the motion corrected on the B-mode images could be directly

applied to the CEUS image assuming a constant periodic motion. This method will

not be applicable in more complex, realistic scenarios where the patient or probe will

move unpredictably.

Surprisingly, there have been few works which have exclusively dealt with mo-

tion correction. The efficacy of SVD over solely temporal filters has recently gained

traction in the field for filtering tissue motion [142]. Harput et al. (2018) applied a

two-stage motion correction approach for non-rigid and affine motion to improve SR

imaging [136]. Here motion estimation was performed on B-mode images and then

used to remove the motion from SVD filtered contrast enhanced images before the

localisation of isolated MBs. In later work this was translated to 3D and tested in

silico [143]. The accuracy of these methods were estimated to be 12.2 𝜇m (worst case

studied) and 18 𝜇m in 2D and 3D respectively using simulation. Hingot et al. (2017)

used SVD twice; first to separate the strongest tissue components which can be used

to make an estimation of the motion, and second (with different thresholding) to

detect MBs [144]. The localisations were corrected following the MB detection using

the tissue motion estimate. This work corrected for tissue motions on the order of

40 𝜇m, however this was performed on in vivo data without a ground truth so the

accuracy of the method could not be determined. The order in which MB detection
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techniques and motion correction methods should be applied is a topic for future re-

search. Hingot et al. (2017) showed that doing motion correction on data with MBs

can generate significant error, so the correction should be performed after the MBs

have been removed.

It should be noted that many of the errors measured for these techniques are on

the order of tens of microns. These may limit visualisation of the smallest vessel

for in vivo applications, and in the future, it will be important to reliably compare

these. A comparison would require a model which could realistically represent MBs,

tissue and movement. This is ambitious, and something which may be more feasible

in silico rather than in vitro.

1.6.9 Localisation methods

There has been fairly little work on comparing localisation techniques. The main

piece of literature was Christensen-Jeffries et al. (2017) comparing commonly used

methods in the literature and a few new approaches [145]. The majority of work has

used either the centroid or Gaussian PSF technique. Christensen-Jeffries et al. (2017)

showed that using the onset of the PSF was more accurate than centroid, Gaussian

fitting and peak detection. The axial onset localisation is found by taking the first

value over the 3 standard deviations of the noise level. This will be the method largely

used in this work.

From the beginning of their work in SR, O’Reilly et al. (2013) have worked in

3D. Initially localisation was achieved by fitting of a 3D gaussian to the PSFs [114].

However more recent work compared this approach with a deconvolution approach

which improved the resolution by 3-fold [146]. This work simulated 3D SR acquisition

by simply taking MB PSFs from experimental data and translating them along differ-

ent paths before testing localisation methods. However, this required the assumption

that the observed signals were truly isolated MB signals. And did not allow the explo-

ration of other factors which could affect the localisation such as size/surroundings.

The modelling methods used throughout the field will be discussed more in the next

chapter.
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Some work has looked at localising by fitting to the RF hyperbolas. The MB

position then corresponds to the hyperbola maximum. There is motivation to use

this method to benefit from the higher resolution phase information, however it has

not been applied very broadly across the literature because it requires access to the

RF data.

1.6.10 Visualisation

This seems like a trivial step, as there is little engineering required. However, it is

important to consider briefly as there are a breadth of options used in the literature,

they can convey different information, and in some instances may affect interpretation

of results.

The most common visualisation of structural information is using a localisation

density map [115, 116, 118, 124]. This means that the pixel values are incremented if a

MB is detected and given different colours/shades for different cumulative frequencies

of localisations. The pixel size chosen makes a significant difference to the image.

Hingot et al. (2019) shows how larger pixels lead to the image becoming saturated

much faster, but at the expense of resolution [127]. Using larger pixels can make

the structures less sparse, and thus easier to visualise. Another method of making

localisation map easier to visualise is by taking a weighted average of the surrounding

pixel values, or by compressing the dynamic range [119]. However, it should be

noted that some of these techniques may degrade the high-resolution information.

In general, pixel size has been chosen to be greater than the predicted precision of

SRUS [116, 121]. These pixels can either be filled solidly [20], according to the nearest

match to the localisation. Alternatively, a Gaussian can be plotted to more accurately

represent how there is some uncertainty in the localisation value [114, 124]. Generally,

the standard deviation of the Gaussian is chosen to equal the precision. However, the

less intense outer regions of the Gaussians can decrease the overall signal in the SR

image. For purely visualising the structures it may be acceptable to use the filled

pixels of arbitrary size. However, for making measurements, such as the FWHM of

vessels, it is more accurate to use either pixel sizes relating to the precision or a
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weighted approach such as a Gaussian representation. Thus, this work will generally

use a Gaussian representation with standard deviation given by the precision values.

Often velocity information is also extracted [20, 116, 124]. Generally, this is pre-

sented using separate images with colour maps responding to speed and direction

separately. Here, more than in structural maps, any discontinuities can be visually

distracting. Thus some authors colour the pixels according to a weighted algorithm to

take into account the values of surrounding pixels [119, 124]. Christensen-Jeffries et

al., 2015 uses the weighted Gaussian approach to represent the velocity maps. More

generally tracks representing the MB paths are drawn. These can be straight lines

drawn between the localisations [116, 140] or using more complex line algorithms [20].

The images become less sparse by filling in all the pixels between the localisations.

Plotted tracks are often subject to a persistence control. That is, for a persis-

tence control of 5, the same MB must be detected in 5 adjacent frames. On applying

this method to in vivo imaging of a rabbit kidney, this method was observed to re-

move "unreliable" signals, which visibly reduced the reconstruction of the vasculature

structure imaged [119]. However, without a ground truth, it is difficult to know if

the removal of these signals was really justified - as they may have come from a true

vessel. Thus, this visualisation choice can affect the interpretation of the data.

One particularly interesting example of visualisation was in the in vivo rabbit

experiment by Foiret et al. (2017) of kidney vasculature [118]. In this work, only

localisations associated with a flow speed ≤ 2mm/s were shown. This allowed extrac-

tion of the microvasculature, without image domination from the larger vessels. This

may be one of the reasons why the results in this paper were much clearer than the

previous proceedings where this filtering was not used [117].

1.6.11 3D imaging

The application of SR to 3D has clear motivation. Primarily, 3D tortuous structures

associated with pathologies such as tumours could not be resolved in all 3 directions

using 2D SRUS. Without the relatively large elevational extent which exists in 2D

imaging, the technique would also no longer suffer from errors due to projection
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of the signal onto a 2D plane. For example, velocity tracking would no longer be

limited by this projection error which can cause velocities to be underestimated.

There have been several works which have produced a 3D representation of a target

by mechanically scanning in the elevational plane [116, 120, 121]. However, there

is a trade-off between the step size used in the translation and the time taken to

reconstruct the organ. Larger step sizes will be unable to resolve some of the 3D

vasculature features; however short step sizes may take unfeasibly long to image a

volume with respect to the MB flow. True 3D imaging, such as that with a matrix

array probe, will enable a larger volume to be imaged at once. This may allow a

reduction of acquisition time over 2D as the visualisation of vasculature markers of

disease will be extracted more quickly.

The hardware for 3D imaging is currently limited and expensive. Christensen Jef-

fries et al. (2017) used two linear arrays simultaneously to provide 3D visualisation

of an in vitro cellulose tube phantom [147]. The two probes were aligned perpen-

dicularly to each other such as the elevational direction of one probe was collinear

with the axial direction of the other to compensate for the poor elevational resolu-

tion. By synchronising these probes so that one transmitted and both simultaneously

received, MBs could be localised in 3D without the use of state of the art 2D arrays.

This approach can provide a starting step for developing 3D SRUS, however it has

limited application in the clinic. This approach suffers from a very small FOV (15.4 x

1.188 x 1.188 mm) due to 3D imaging only being possible in the overlapping FOV of

both probes. Moreover, perpendicular arrays are not likely useful for clinical targets

and this set-up required the assumption that MBs scatter spherically symmetrically

(which may not always be true [148]).

One field which is more suited to 3D imaging is that of transcranial imaging,

where hemispherical arrays can achieve 3D imaging [114]. In the infancy of SRUS,

O’Reilly et al all (2013) provided very impressive results of 3D SRUS of a spiral tube

phantom shielded by an ex vivo human skull. This work was particularly impressive

due to having the additional challenge of correcting for aberration of the skull. One

drawback of this work was the long acquisition time required due to the use of focused
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transmit and the requirement that there was a single MB in the focal region. Most

work for more general imaging in the literature has moved towards using bespoke

matrix arrays.

An early example simply used two parallel rows of a 2D matrix array probe [134].

However, there was no quantification of the resolution in the elevational direction or

discussion of the reconstruction process. Thus, it is difficult to assess how successful

this approach was. More recently the same group has demonstrated 3D SR using

a 32 x 32 matrix array in vitro [137]. This work successfully visualised an in vitro

branching phantom, and was particularly valuable in discussing some of the challenges

associated with imaging in 3D. Although high frame rates could be acquired, 1 s of

acquisition time required 89 s of data transfer time. The data then required 45 s

to beam-form. The data storage requirements and computational power make 3D

imaging very challenging. Another challenge is the lower sensitivity of the probe

compared to linear arrays due to the element size. In non-contrast imaging, this can

be improved by increasing the pulse amplitude. However, for SRUS, MB destruction

is generally to be avoided. Alternatively, compounding can be used to increase SNR

but this will increase the data burden. Harput et al. (2019) generated similar results

with lower computations/data storage requirements by using a 2D sparse array [138].

Following a density tapered spiral layout (so that the highest density of active elements

was in the central region) 512 elements were randomly assigned on a 35 x 32 element

grid. This reduced the number of electronic channels required, whilst not sacrificing

on aperture size compared to 2D array probes. Data requirements were also reduced

in a more simplistic way by having intervals (on the scale of several ms) between HFR

imaging (PRF = 2500Hz). This can reduce data redundancy for sufficiently slowly

moving MBs.

An important step towards 3D is the generalisation of SR techniques and steps

which have been developed in 2D for 3D. It is hoped that much of the research in

2D should be able to be fairly trivially translated to 3D. For example, Harput et al.

(2018) expanded the use of a motion correction method initially used for 2D SRUS

and developed it to be suitable for 3D SRUS [143]. Throughout this thesis, attention
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will be drawn to how the work would translate to 3D.

1.6.12 Nanodroplets

Nanodroplets (NDs) are an alternative method of US contrast to MBs [149]. These

are sub-micron particles, which can undergo a phase change to MBs upon activation.

By incorporating optically absorbing dye into their shell or core, these can be optically

triggered using laser light. Alternatively, an incident US pulse can also provide the

energy to trigger a phase change. SR using NDs was first shown by Luke et al.

(2016). Here, laser light was used to vaporise NDs to MBs where they briefly scattered

before condensing back to NDs. One of the factors influencing the vaporisation of

these ND is the boiling point (BP) of the liquid material at its core. Luke et al.

(2016) used a perfluorohexane core which has a BP of 56 𝑜C [150]. A laser was

used to rapidly vaporise the NDs, these then re-condensed back to NDs since their

core had a BP above that of body temperature. Using differential imaging, isolated

re-condensation events could be extracted, and then super-localisation performed on

these signals. This method works on the assumption that the recondensation events

are stochastic. Results have shown that, on the time scale of ultrafast imaging,

subsets of the NDs recondense at different times. Previous authors suggest that this

stochasticity is driven by a combination of laser fluence, particle size distribution,

nearby MBs, quantities of optical dye, and local temperatures, pressures and viscosity

[150, 151]. However, in the future, it will be necessary to prove the validity of this

stochasticity assumption and how it might relate to acquisition parameters. This work

was later expanded to consider the use of compounding, which was shown to improve

the lateral and axial resolutions by 54 % and 68 % respectively [152]. However, the

success of this approach depends on multiple frames either side of the event being

captured. This will be a challenging condition to keep consistent across a FOV with

a relatively high concentration of events, and the localisation process will have to

be robust to varying signal SNRs. A drawback of this work is the use of optical

triggering, which will limit the depth possible using these droplets. Thus, our group

has focused on NDs which can be acoustically triggered.
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Zhang et al. (2018) developed acoustic wave sparsely activated localisation mi-

croscopy (AWSALM) which used acoustically triggered NDs for SR acquisition [151].

The BP of the droplets was much lower in this work (-2 𝑜C) which enabled focused

US to vaporise a subset of NDs. In this work the stochastic component was during

the activation. Where the subsequent activation pulse could be used to destroy the

previously created MBs. The MBs were imaged using HFR imaging. This work was

expanded using an even lower BP core (-37 𝑜C) [153]. These NDs could be activated

using pulse pressures achievable with PW imaging. Thus, the PWs could be used

to simultaneously activate, image and destroy subsets of the ND population. This

method enabled the impressive image formation of a 200 𝜇m cellulose tube in just

200 ms. This was possible because a higher concentration of NDs can be used relative

to MBs, and a full reconstruction does not rely on flow. Conversely, this does mean

that this technique will provide the structural information but not the functional flow

information of MB SRUS. This is an exciting direction of SRUS, and could rapidly

increase acquisition speeds and could have different applications compared to MB SR.

One key application is that NDs will allow extravasation into the extra-vasculature

space due to their sub-micrometre size, which could enable leaky vasculature to be

detected. Alternatively, they could be targeted to visualise specific pathologies. More

work needs to be done to understand any differences between the process with SRUS

and NDs. One key drawback of NDs compared to MBs is that they have not yet been

clinically approved. Much of the following work in this thesis could be adapted to

consider NDs, in the final discussion any adaptations will be outlined.

1.7 Thesis outline

The general concepts of SRUS by localisation of individual MBs is superficially very

simple. However, as highlighted by the literature review, multiple steps are required

for the SRUS process and there is little consensus between different groups working on

SRUS regarding the best approach. For example, SRUS has been demonstrated over a

large range of acquisition parameters, but there has been little research investigating
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how these choices may affect SRUS images. Moreover, as a CEUS technique, SR

images are also subject to the variation in MB behaviour and physiological conditions

[154]. For clinical translation of the technique it is important that the factors which

affect SRUS are understood and that the most reliable protocols for accurate and

precise imaging in vivo are developed.

Some general challenges highlighted by the literature review are:

∙ Using SRUS to reliably extract clinically relevant measures (such as tortuosity

and distance between vessels).

∙ Generating useful images at reasonable acquisition times, and potentially achiev-

ing real time implementation.

∙ The comparison of low MB concentration localisation techniques with statisti-

cal/sparse reconstruction methods.

∙ Development and comparison of acquisition, detection, localisation, MB track-

ing, motion correction and visualisation methods.

∙ Implementation of 3D SRUS.

∙ Investigating the potential of NDs for SRUS.

One important part of confronting all these challenges is the development of vali-

dation tools for SRUS.

1.7.1 Aims and objectives of thesis

Several specific objectives were formulated to develop validation tools for SRUS.

∙ Development of a simulation environment to test SRUS.

∙ Development of an optical ground truth of for SRUS.

∙ Development of realistic and practical microvascular phantoms for in vitro stud-

ies.

∙ Exploration of some of the factors which affect the efficacy of SRUS.
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1.7.2 Summary of thesis

This thesis comprises 5 further chapters. Chapter 2 develops a simulation environ-

ment for SRUS and uses it to compare detection methods. Chapter 3 develops a

simultaneous optical and acoustic set-up for SRUS. Following observations of a non-

linear artifact in Chapter 3, Chapter 4 outlines the development of a high dynamic

range imaging technique for CEUS imaging more generally. The work of Chapter 4 is

currently patent pending. Finally, Chapter 5 investigates various novel methods for

fabrication of microvascular phantoms for SRUS. Chapter 6 is the final conclusion of

the thesis, where the results will be discussed as a whole and future work proposed.
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Chapter 2

Development of Simulation Toolbox

for Investigating Detection of

Microbubbles for Super-Resolution

Ultrasound

2.1 Abstract

This chapter introduces a new simulation platform developed to simulate SRUS, and

more specifically, compare MB detection methods. Detection methods such as pulse

inversion (PI), differential imaging (DI) and singular value decomposition (SVD) fil-

tering are used to separate the MB and tissue acoustic responses. Finally, this chapter

also explores three artifacts associated with filtering data using SVD.

The simulation developed within this work simulates the MB response based on

the properties of Sonovue𝑇𝑀 and using the Marmottant model. Non-linear propa-

gation through tissue was modelled using the k-Wave software package. The three

main detection methods (PI, DI and SVD) were compared in terms of the locali-

sation accuracy, precision and contrast to tissue ratio (CTR). During this work an

artifact, which presented as a variation in intensity over time, was observed when
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applying the SVD filter. This artifact was termed "flashing". Two other artifacts,

termed "smearing" and "splitting" were also observed. "Smearing" presented as a

spatial blurring of the MB signal over the path of moving MBs and "splitting" was

a change in shape of MB signals. In collaboration with J. Zhu and K. Riemer, these

artifacts were investigated using simulation, in vitro experiments and clinical data. I

investigated the artifacts in silico using the simulation presented in this chapter. J.

Zhu investigated the artifacts in vitro and using clinical data. Some of J. Zhu’s work

is included in the discussion of this chapter at section 2.6.3, where it is discussed in

relation to the simulation. K. Riemer also investigated the flashing artifact using an

in vivo model (although his experiments were less relevant to the work in this thesis

so have not been included here).

The results for the comparison of the detection techniques showed that, for the

parameters studied, that PI is most appropriate for low frequency applications, but

also most dependent on transducer bandwidth. SVD is preferable for high frequency

excitation where localisation precision on the orders of a few microns is possible.

PI is largely independent of flow direction and speed compared to SVD and DI, so

is appropriate for visualising the slowest flows and tortuous vasculature. SVD is

unsuitable for stationary MBs and can introduce a localisation error on the order of

hundreds of microns over the speed range 0-2 mm/s and flow directions from lateral

(parallel to probe) to axial (perpendicular to probe). DI is only suitable for flow rates

> 0.5 mm/s or as flow becomes more axial. The amplitude of the SVD artifacts are

increased by decreasing the filtered stack size, decreased MB flow speed and increased

initial CTR. The SVD artifacts are due to the decomposition failing to adequately

separate tissue and MB signal.

Overall, this work develops a MB and tissue non-linear simulation platform to

improve understanding of how different MB detection techniques can impact the SR

process and explores some of the factors influencing the suitability of each. The work

in this chapter shows that SR protocols cannot be blindly applied without careful

considering of the acquisition and processing choices made with respect to different

applications.
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2.2 Introduction

2.2.1 Detection methods

Figure 2-1: Schematic of MB detection methods. Pulse inversion and differential
imaging both combine two frames of data. Where red is associated with a positive
pulse and blue is 180 degrees out of phase. SVD requires a stack of N images. In this
work the SVD filter is applied to beamformed RF data before envelope detection.

Detection algorithms are used to extract the MB response from the surrounding tissue

signal. The three detection methods shown in Figure 2-1 have been investigated in

this chapter using simulation. PI isolates the non-linear components of the received

signal [85]. The second harmonic content of MBs allows this non-linear method to

extract isolated MB signals from linear background signal [115]. Linear methods that

detect MBs using movement due to flow have also been used. DI extracts the variation

of MB signals between frames by subtracting adjacent frames. Initially DI was used

to generate the variation between frames by using pulses strong enough to destroy a

number of MBs [113]. A following publication described how fast moving MBs will

also be extracted [134]. Errico et al. (2015) later introduced SVD as a method to

discriminate between MB and tissue signals, discussing that the SVD processing will

generate strong signals for sub wavelength movements [116]. Their work explains
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that the SVD filter separates MB and tissue signal based on the spatial and temporal

characteristics of their acoustic response.

One motivation for the work in this chapter is the hypothesis that the signals

resulting from the DI and SVD must depend heavily on the MB velocity and imaging

parameters such as the PRF. Likewise, multi-pulse non-linear techniques are also

affected by factors such as flow speed as the linear components will not cancel as

effectively if the MB has a significant flow speed relative to the PRF. Therefore, more

work is required to investigate the dependence of detection methods on MB velocity

and PRF.

2.2.2 Blinking MBs

Figure 2-2: Beamformed SVD filtered MB signals. Each frame is separated by 44ms.
(adapted from Errico et al., (2015) [116], with permission from Springer Nature under
license number 4697061254519.

Previous literature has suggested that using SVD or DI, in combination with HFR

imaging, is a distinct technique compared to performing SRUS at the low frame rates

more commonly available on clinical scanners [113, 116]. The SVD is described as

being able to extract transient changes over the field of view. This is termed MB

"blinking". The authors argue that, by using ultrafast imaging, the "blinking" and

"flickering" of the MBs can be used in a similar way as blinking flurophores are used

in optical FPALM. It is claimed that the DI and SVD filtering techniques can extract

these signal changes. More work is required to understand the "blinking" of MBs

described in Errico et al. (2015), since significant blinking is not expected unless the

MB properties are significantly changing over the imaging time or the MB is moving

in and out of the FOV. This experimental temporal blinking is shown in Figure 2-2.
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More work is required to understand the blinking associated with SVD and whether

a similar phenomenon can be observed using non-linear techniques at a HFR.

2.2.3 Simulation of US

There are many existing simulation environments for US modelling [155]. However,

currently these are not flexible enough to investigate many of the factors affecting

SR. Field II uses a convolution approach to describe the US field using a spatially

dependent impulse response [156, 157, 158]. Previous authors have extended Field

II to simulate the flow of MBs [159] and more recent work has used Field II to

simulate SR [160]. Pipenbrock et al. (2018) presented the use of Field II to compare

different methods of extracting pixels corresponding to MB signals, however this work

avoided including any MB behaviour by modelling the MBs as linear scatterers. A key

limitation of Field II is the assumption of linear acoustics. k-Wave is a simulation

platform which solves coupled non-linear differential equations which describe the

non-linear wave propagation through media [161]. k-Wave models have been shown

to closely replicate experiment [162]. k-Wave has not previously been combined with

MB simulation.

2.2.4 Simulation of MBs

The MB response can be simulated using existing models which describe MB dynamics

[68, 163]. Although uncoated MBs can be completely described, the behaviour of

coated MBs remains an open problem [68]. The majority of present MB models are

derived from the Rayleigh-Plesset (R-P) equation [163]. For this work the Marmottant

model has been used [80] due to its ability to predict the highly non-linear response

which can be experimentally observed [78]. The Marmottant model is unique in that

it describes the MB surface tension in terms of three regimes; the buckled state, the

elastic state and the ruptured state. These states are dependent on the MB radius.

The following theory section, subsection 2.3.1, will discuss MB modelling in more

depth.
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2.2.5 Simulation of SRUS

There are multiple factors which may affect CEUS imaging in vivo such as acquisition

settings, patient physiology and MB behaviour [154]. It can be practically challenging

to control and investigate how these sources of variation individually and jointly

affect the efficacy of SRUS using an in vivo model. However, the lack of realistic

phantoms and simulation platforms can mean that in vivo models are the only way to

realistically test and investigate SRUS protocols, and CEUS protocols in general. For

example, Song et al. (2018) cite the lack of realistic phantoms and simulations as their

motivation for testing their SRUS protocol in vivo [119]. Fabricating a microvascular

phantom is not trivial, and it may not be possible to test the full range of acquisition

parameters (such as transmit frequency and bandwidth) using limited laboratory

equipment. Thus, there is particular motivation to develop a realistic simulation to

provide a ground truth validation. There is a gap in the field of CEUS imaging for a

realistic simulation that models MB behaviour within an US simulation platform.

For comparing linear and non-linear detection methods, a simulation must include

the linear and nonlinear behaviour of MBs and the tissue, as well as how the MB

signal may change as it propagates through the tissue. Modelling the flow of MBs

and tissue movement is also important. There has only been one comparison of

detection methods in silico in the literature [160]. This work compared three linear

techniques, including SVD, using a linear simulation in Field II and modelling the

MBs as point scatters. Simulation has been used more widely to investigate other

research questions within SRUS and will be reviewed here.

Previous work has considered using simulation to determine the best-case theoret-

ical resolutions for SRUS [164]. This simulation used a simple model of the spherical

wave formed from an ideal point scatterer propagating in a homogeneous medium.

The random temporal error of the time at which the MB signal was detected at the

probe was modelled based on experimental measurements, and the error propagated

through to the corresponding spatial localisation error. This work explored different

transducer geometries, transmit frequencies, imaging depths and sampling frequen-
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cies. This model predicted that resolution below 10 𝜇m, using a centre transmit

frequency of 3 MHz, was feasible. However, considering that a realistic MB response

will be significantly different compared to a linear scatterer and this work only con-

sidered homogeneous media, this model is too simplistic to estimate the resolution in

realistic scenarios.

Other authors have also used a purely linear model to describe the MB response

[140, 160]. Ackermann and Schmitz (2016) used moving linear scatterers in a Field

II simulation to test a probabilistic tracking algorithm. Perhaps this approach was

a good approximation of their experimental protocol using hard-shelled PBCA MBs,

which do not show strong nonlinearity at the high transmit frequencies investigated.

However, this approach is likely to be less appropriate for imaging lipid-shelled MBs.

One attempt to include a more realistic MB response was presented by Christensen-

Jeffries et al., (2017). This work investigated different localisation methods using a

MB response modelled using the Marmottant model and a level of Gaussian noise

[145]. However, no tissue response was incorporated, and the propagation of the MB

signal was not considered.

An alternative approach to capture realistic MB behaviour is to extract MB signals

from experimental data. Foroozan, O’Reilly and Hynynen, (2018) simulated 3D SR

acquisition by simply taking a few MB signals from experimental data and translating

them along different paths before testing localisation methods [146]. However, this

required the assumption that the signals observed were truly isolated MB signals and

did not allow a wide range of factors to be investigated. Other groups have measured

the experimental variation expected in the signals of isolated MBs and model the

SRUS data as a summation RF modulated bivariate PSFs which are summed at each

MB location [132, 165]. An RF modulation at the second harmonic can be used to

simulate the nonlinear frequency. However, neither of these simulation approaches

modelled tissue or wave propagation.

Overall, there is a gap in the field for a simulation realistic enough to compare

nonlinear and linear detection methods and the multitude of factors which may affect

them. This chapter aims to explore the parameter space, through simulation, in a
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way that would not be feasible otherwise.

2.2.6 Factors affecting efficacy of detection methods

Frequency

There has been a growth in literature applying SR techniques. In particular, there has

been a focus towards high frequency excitation, with SVD filtering and demonstrating

the SRUS in various in vivo models [116, 121, 125]. Song et al., 2018, also recently

showed the use of DI for the visualisation of rabbit kidney vasculature at an excitation

frequency of 8 MHz [119]. In this chapter high frequency is defined as transmit

frequencies above the Sonovue𝑇𝑀 MB resonance (1- 3 MHz). Accordingly, in this

chapter low frequency is defined as ≤ 3 MHz and high frequency is defined as ≥ 4

MHz. It should be noted that this definition differs from the conventional definition

of high frequency US which is generally understood to mean using a transmit centre

frequency of 30 - 100 MHz [166]. Transmit frequencies of > 30 MHz are only suitable

for applications where penetration depths on the order of only a few centimetres are

required, such as clinical imaging of superficial structures and preclinical imaging of

small animals.

The influence of frequency in SR imaging is multifaceted. Increasing frequency will

limit the depth penetration of the US beam through tissue. In conventional imaging,

this makes it harder to reconstruct high resolution images at depth. Additionally,

the behaviour of contrast agents is frequency dependent [92]. The low resonance

frequency of MBs mean that SR should not be limited by depth. However, non-

linear propagation of the beam through tissue and MBs can reduce the CTR [88].

This is especially problematic as the harmonic signal is already a fraction of the

intensity of the linear MB signal. The bandwidth limitations of transducers are also

an important consideration when comparing techniques. The influence of transmit

frequency with and without including the effect of the transducer bandwidth in the

model is explored in this work. Investigations without inclusion of the transducer

bandpass allows a more general investigation of how properties such as frequency
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dependent attenuation and nonlinear propagation may affect the different methods.

Including the bandpass filtering then highlights the importance of probe sensitivity

for each method.

Physiology

The influences of physiological factors are especially important to understand as they

cannot be controlled. The visualisation of tumour microvasculature is a particularly

challenging environment to image and a potential application for SR [121, 167]. Blood

flow in the tumour microvasculature can be an order of magnitude less than healthy

vessels - with speeds less than 1 mm/s for vessels up to 60 𝜇m in diameter [168].

Tumour microvascular flow is changeable, even briefly stopping or reversing direction

[169]. Structurally, tumour vessels are tortuous and form a complex 3D structure

[170]. Nonetheless, accurate longitudinal and non-invasive imaging is essential for the

development of therapeutic agents [171]. Thus this work investigates the dependence

of each detection method due to MB speeds between 0 mm/s and 2 mm/s, and studies

the effect of flow direction bound between lateral flow (parallel to the transducer) and

axial flow (perpendicular to the transducer).

SVD filtering choices

The mathematics of SVD filtering will be discussed in more detail in subsection 2.3.3.

However, it is important to underline here that, compared to DI and PI, there are

more choices to make for SVD filtering. As with all signal processing techniques, care

must be taken to ensure that any associated artifacts are understood to avoid clini-

cal misinterpretation. One such choice is determining the singular value thresholds.

These can be determined empirically [142]; or by choosing cut-offs based either on

Doppler frequencies of the singular vectors or the singular value curve turning points

[172]. Stack size has been shown to affect CTR of the filtered images [172, 173, 174].

There is no universally agreed stack size: much of the recent literature does not clearly

state the size being processed. A better understanding of how SVD processing pa-

rameters might affect SR is required. In this work, stack size and eigenvalue cut-off
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choices are considered.

2.2.7 Chapter outline

This chapter outlines the development and use of a simulation tool which can explore

the available MB detection techniques. A novelty of this work is the introduction

of a simulation environment where nonlinear and linear detection methods for SRUS

can be quantitatively compared. The methods section details how k-Wave and the

Marmottant model are combined and the the exact implementation of the detection

methods and processing steps such as sampling, noise addition and beamforming used

to mimic a realistic experiment. The simulation has been designed with the intention

of quantifying how factors such as MB size, frequency and blood velocity will affect

how accurately and precisely the extracted MB signals can be localised using the

different detection techniques. Results are presented on the impact of various key

parameters. Although many of the results will be applicable more generally, physio-

logical parameters relevant to the specific clinical example of visualisation of tumour

microvasculature have been chosen here. A series of simulations will investigate how

the choice of detection technique may blur or distort the SR images. Following a

more general comparison between the techniques, focus has been given to several ar-

tifacts that SVD filtering can introduce. The chapter concludes with discussion on

how the results can inform on the application of each detection method depending

on the application, and suggestions for avoiding common artifacts.

2.3 Theory

2.3.1 MB modelling

This section gives a brief outline of the origin of the terms that make up the Marmot-

tant model. A more comprehensive discussion of various MB models can be found in

reviews [68, 163, 175].
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The Marmottant equations is:

𝑝l(𝑅𝑅̈+
3

2
𝑅̇2) = (𝑃 0 +

2𝜎(𝑅0)

𝑅0
)(

𝑅

𝑅0
)−3𝛾(1− 3𝛾

𝑐
𝑅̇)−𝑃 0 −

2𝜎(𝑅)

𝑅
− 4𝜇𝑅̇

𝑅
− 4𝜅s

𝑅2
−𝑃 (𝑡)

(2.1)

with parameters defined as water density (𝑝l), ambient pressure (𝑃 0), MB surface

tension (𝜎), gas exponent (𝛾), dynamic liquid viscosity (𝜇), shell viscosity (𝜅s), speed

of sound (𝑐), MB resting radius (𝑅0) and input pulse 𝑃 (𝑡).

The equation models how the shell properties change during oscillation by incorpo-

rating a radii dependent surface tension term:

𝜎(𝑅) =

⎧⎪⎪⎪⎪⎪⎨⎪⎪⎪⎪⎪⎩
0 if 𝑅 ≤ 𝑅buckling

𝜒( 𝑅2

𝑅2buckling
− 1) if 𝑅buckling ≤ 𝑅 < 𝑅ruptured

𝜎water if 𝑅 ≥ 𝑅ruptured

where Rbuckling describes the regime where the radii decreases such that the surface

tension is 0, and shell elasticity is represented by 𝜒. The shell is elastic for small

oscillations. At Rruptured the shell has expanded to the extent that it may break, and

the surface tension becomes that of water. Rbuckling and Rruptured are calculated as

below [80]:

𝑅ruptured = 𝑅buckling(1 +
𝜎water

𝜒
)
1
2 (2.2)

𝑅buckling = 𝑐𝑜𝑛𝑠𝑡𝑎𝑛𝑡 ·𝑅0 (2.3)

Origin of MB model terms

To understand the terms of the Marmottant equation, it is useful to start from the

most basic description of a bubble. For an air bubble surrounded by water, having

only one interface, the difference between the gas pressure 𝑃 g in addition to the
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vapour pressure 𝑃 v compared to the liquid pressure 𝑃 l is sustained by surface tension

𝜎:

𝑃 g + 𝑃 v − 𝑃 l =
2𝜎

𝑅
(2.4)

𝑃 v can be neglected as it is negligible for small bubbles [163] so that:

𝑃 g − 𝑃 l =
2𝜎

𝑅
(2.5)

For a bubble in equilibrium, 𝑃 l is the atmospheric pressure (P0), and R is the

bubble resting radius R0 [176]. This gives an equation for the gas equilibrium of 𝑃 ge:

𝑃 ge =
2𝜎

𝑅0
+ 𝑃 0 (2.6)

For the R-P and Marmottant models, the assumption that the gas obeys a poly-

tropic gas law is made,

𝑃 g = 𝑃 ge(
𝑅

𝑅0
)−3𝑛 (2.7)

where n is the polytropic index. It is assumed that this is an adiabatic process

such that n = 𝛾 (ratio of specific heats for encapsulated gas). Thus, the gas pressure

at a different radius will be:

𝑃 g = (𝑃 0 +
2𝜎

𝑅0
)(

𝑅

𝑅0
)−3𝛾 (2.8)

We are interested in the response of the bubble to an acoustic field P(t). For an

incompressible liquid, the equation of motion can be derived by equating the kinetic

energy gained by the liquid to the difference between the work done at the bubble

wall and at infinity to give [176]:
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𝑃 l − 𝑃 inf

𝜌l
=

3𝑅̇2

2
+ 𝑅𝑅̈ (2.9)

where

𝑃 inf = 𝑃 0 + 𝑃 (𝑡) (2.10)

Combining equations 2.5, 2.8, 2.9, and 2.10 gives:

𝑝l(𝑅𝑅̈ +
3

2
𝑅̇2) = (𝑃 0 +

2𝜎

𝑅0
)(

𝑅

𝑅0
)−3𝛾 − 𝑃 0 −

2𝜎

𝑅
− 𝑃 (𝑡) (2.11)

Poritsky (1951), later incorporated the effect of the liquid viscosity by adding the

term 4𝜇𝑅̇
𝑅

to give the final R-P equation [177]:

𝑝l(𝑅𝑅̈ +
3

2
𝑅̇2) = (𝑃 0 +

2𝜎

𝑅0
)(

𝑅

𝑅0
)−3𝛾 − 𝑃 0 −

2𝜎

𝑅
− 4𝜇𝑅̇

𝑅
− 𝑃 (𝑡) (2.12)

There are three contributions to the damping of the bubble oscillations [163].

𝑇𝑜𝑡𝑎𝑙𝐷𝑎𝑚𝑝𝑖𝑛𝑔 = 𝑣𝑖𝑠𝑐𝑜𝑢𝑠 + 𝑡ℎ𝑒𝑟𝑚𝑎𝑙 + 𝑟𝑎𝑑𝑖𝑎𝑡𝑖𝑜𝑛 (2.13)

The term due to liquid viscosity term can be combined with the thermal damping

by doubling the value of dynamic liquid viscosity (𝜇) to be double that of water [178].

For an incompressible fluid the radiation damping of bubble oscillation is neglected

[163]. However when the bubble shell velocity is not negligible compared to the speed

of sound, this assumption breaks down. Several authors worked to accommodate

the effect of an incompressible fluid. Brenner et al. (2002) describes how these

formulations can be written as a general equation [179].

(1−(𝜆+1)
𝑅̇

𝑐
)𝑝l𝑅𝑅̈+

3

2
𝑅̇2𝜌(1−(𝜆+

1

3
)
𝑅̇

𝑐
) = (1+(1−𝜆)

𝑅̇

𝑐
)(𝑃 g−𝑃 0−𝑃 (𝑡))+

𝑅

𝑐
𝑃 g−4𝜇

𝑅̇

𝑅
−2𝜎

𝑅
(2.14)

When 𝑅̇
𝑐

= 1, singularities occur. A popular choice is to set the prefactors of these

terms to 0 to obtain:
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𝑝l(𝑅𝑅̈ +
3

2
𝑅̇2𝜌) = (𝑃 g − 𝑃 0 − 𝑃 (𝑡)) +

𝑅

𝑐
𝑃 g − 4𝜇

𝑅̇

𝑅
− 2𝜎

𝑅
(2.15)

with Pg as in Equation 2.8, so that 𝑃 g is:

𝑃 g = (𝑃 0 +
2𝜎

𝑅0
)(

𝑅

𝑅0
)−3𝛾(−3𝛾

𝑐
𝑅̇) (2.16)

Marmottant et al. (2005) also incorporates a term to include the shell viscosity

of 4𝜅s
𝑅2 , as in [180]:

𝑝l(𝑅𝑅̈+
3

2
𝑅̇2) = (𝑃 0+

2𝜎

𝑅0
)(

𝑅

𝑅0
)−3𝛾(1− 3𝛾

𝑐
𝑅̇)−𝑃 0−

2𝜎(𝑅)

𝑅
− 4𝜇𝑅̇

𝑅
− 4𝜅s

𝑅2
−𝑃 (𝑡) (2.17)

The novel contribution of the Marmottant model is the incorporation of the dy-

namic behaviour of the shell by describing the variation of the shell surface tension

with bubble radius 𝜎(𝑅).

The radial changes of the bubble oscillations can then be converted to pressure

using the equation [176]:

𝑃 =
𝜌l

𝑅p
(𝑅2𝑅̈ + 2𝑅𝑅̇2) − (

𝑅

𝑅p
)4(

𝜌l𝑅̇
2

2
)

(2.18)

where 𝑅p is the bubble position.

2.3.2 k-Wave toolbox

k-Wave solves the energy, momentum and mass conservation equations at each point

in space and time to model the wave propagation

Momentum Conservation:

𝜕𝑢

𝜕𝑡
= − 1

𝜌0
∇𝑝 (2.19)
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Mass Conservation:

𝜕𝜌

𝜕𝑡
= −𝜌0∇ ·𝑢 (2.20)

Energy Conservation:

𝑝 = 𝑐0
2𝜌 (2.21)

Where u is the acoustic particle velocity, p is the acoustic pressure and 𝜌 is

the density, 𝜌0 is the bulk equilibrium density and 𝑐0 is the sound speed. For the

simulation of non-linear propagation through inhomogeneous media extra terms are

added:

𝜕𝑢

𝜕𝑡
= − 1

𝜌0
∇𝑝 (2.22)

𝜕𝜌

𝜕𝑡
= −(2𝜌 + 𝜌0)∇ ·𝑢− 𝑢 · ∇𝜌0 (2.23)

𝑝 = 𝑐0
2(𝜌 + 𝑑 · ∇𝜌0 +

𝐵

2𝐴

𝜌2

𝜌0
− L𝜌) (2.24)

where d is the acoustic particle displacement and the operator L describes the ab-

sorption and dispersion.

L = −(2𝛼0𝑐0
𝑦−1)

𝜕

𝜕𝑡
(−∇2)

𝑦
2
−1 + (2𝛼0𝑐0

𝑦) tan(
𝜋𝑦

2
)(−∇2)

𝑦+1
2

−1 (2.25)

The parameters 𝛼0 and y relate to the frequency (f) dependent absorption:

𝛼 = 𝛼0𝑓
𝑦 (2.26)

B/A is the second-order nonlinearity parameter which characterises the non-

linearity of the tissue. The B/A value quantifies how easily harmonic components

will be generated as the pulse propagates [181].

The distinguishing feature of k-Wave is how the differential terms are calculated.
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Instead of using a finite difference or finite element approach, which is computation-

ally unfeasible for the required degree of accuracy, the global Fourier spectral method

is used. This method involves treating the 2D field of view as a continuous domain

and rewriting the equations in terms of Fourier transforms using the identity:

ℱ 𝜕

𝜕𝑥
𝑓(𝑥) = 𝑖𝑘xℱ{𝑓(𝑥)} (2.27)

For example, the momentum conservation equation for 1D homogeneous, nonlinear

propagation, can be rewritten from:

𝜕u
𝜕𝑡

= − 1

𝜌0
∇𝑝 (2.28)

to
𝜕u
𝜕𝑡

= − 1

𝜌0
ℱ−1{𝑖𝑘xℱ(𝑝)} (2.29)
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Parameter Position Time
Axial velocity 
input

x + 
Δx/2,y

t

Axial velocity 
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Pressure output x ,y t + Δt
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Figure 2-3: Simulation staggered grid. (A) Image inspired from ′k-Wave: A MAT-
LAB toolbox for the time domain simulation of acoustic wave fields.User Manual′,
by Treeby et al. (2012), pg13 [182]. This shows the staggered spatial and temporal
grid in 2D where p is the acoustic pressure, 𝜌 is the particle density, and u is the
particle velocity. The particle velocities and first spatial derivatives of the pressure
are calculated on the staggered grid points given by x and ∆, and other variables
calculated at regular grid points (dots). (B) Table showing how the input and output
pressures and velocities should be interpreted relative to each other.

This involves spatially discretising the field of view by representing the space as

a grid, as shown in Figure 2-3. Temporally the simulation is discretised by defining

a time step associated with this grid. Mass and velocity sources can be defined on

the grid and the resulting acoustic field can be sampled across the field of view by

defining sensor positions. A spatially and temporally staggered grid is used because

this enables more accurate simulation of the acoustic wave propagation on a larger

grid size compared to using an un-staggered grid by reducing the sampling error [183].

One practical disadvantage of this are the phase offsets introduced between the inputs
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and outputs, the adjustments which are relevant to this work are given for reference

in Figure 2-3. Further details of how the k-Wave package models wave propagation

is provided in Treeby et al. (2012) [182].

It is obvious that the grid spacing must be sufficiently fine to capture the highest

frequencies allowed by Nyquist theorem. However, discretisation choices also impacts

the numerical error. The spatial discretisation is generally reported in terms of points

per wavelength (ppw) [182]. Stability is ensured by an appropriate choice of time step.

The Courant-Friedrichs-Lewy (CFL) number is introduced to ensure the temporal and

spatial discretisation are appropriately related. This dimensionless number (NCFL):

𝑁CFL = 𝑐max
∆𝑡

∆𝑥
(2.30)

would be 1 for a stable solution to the homogeneous, linear case where 𝑐max is the max-

imum acoustic sound speed, ∆𝑡 and ∆𝑥 are the temporal and spatial discretisation

respectively. In practice, for the more complicated cases, this number is determined

by convergence testing [184]. It should be noted that the smaller the temporal and

spatial discretisation, the longer the simulation time. Therefore, there is a trade-off

between the required simulation accuracy/stability and the simulation speed. For the

convergence testing performed for this work please see Appendix A.

2.3.3 SVD filter

SVD is a powerful method of matrix factorisation which has generally been applied

across US research to separate blood signal from noise and/or clutter [142, 185, 186,

187]. In particular, of most relevance to this work, is the recent literature showing

that SVD filtering can also be used to extract MB signals [116, 121, 125]. Demené et

al., (2015) describe the method of SVD for CEUS in detail. The technique is outlined

briefly here.

Generally, US flow imaging data 𝑠(𝑥, 𝑧, 𝑡) can be described by three signal com-
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ponents consisting of: clutter 𝑐(𝑥, 𝑧, 𝑡), blood scatterers 𝑏(𝑥, 𝑧, 𝑡) and noise 𝑛(𝑥, 𝑧, 𝑡),

where 𝑡 is the time of acquisition and 𝑥 and 𝑧 are the lateral and axial coordinates,

respectively. In this case, the signal 𝑠(𝑥, 𝑧, 𝑡) is reorganised into a two dimensional

spatiotemporal Casorati matrix 𝑆(𝑁x*𝑁 z, 𝑛t). This is where each frame is vectorised

and added as a column as shown in Figure 2-4. This work uses beamformed RF data

(before Hilbert transform).

Figure 2-4: Generation of Casorati matrix for SVD. Each frame of spatial information
is reformed as a column vector of the Casorati matrix.

SVD is then used to factorise the Casorati matrix to:

𝑆 = 𝑈𝐷𝑉 * (2.31)

where columns of U are spatial singular vectors and corresponding columns of

V are the associated temporal vectors. U and V are orthonormal. D is a diagonal

matrix, where the elements are the singular values which decrease as the column

number increases. They illustrate the relative contribution to the overall signal of

each singular vector pair. A spatial singular vector re-ordered back to 𝑁 z rows by
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𝑁x columns can be thought of as a virtual image extracted from the data. The

corresponding temporal singular vector controls how each of the pixel amplitudes

vary together over time. For MB detection a lower singular value threshold is set (𝑙),

below which the spatial and temporal signal contributions of the singular vectors are

discarded as unwanted tissue signal and an upper threshold is set (𝑢) beyond which

the information is discarded as unwanted noise. The filtered signal is given by:

𝑆filtered =
𝑖=𝑢∑︁
𝑖=𝑙

𝑈 i𝐷i𝑉
*
i

(2.32)

Mathematically, the decomposition corresponds to finding the eigenvectors and

eigenvalues of the covariance matrices 𝑆𝑆* and 𝑆*𝑆:

𝑆𝑆* = 𝑈𝐷𝐷*𝑈* (2.33)

𝑆*𝑆 = 𝑉 𝐷*𝐷𝑉 * (2.34)

The eigenvectors form an orthogonal basis which describes variation in the data.

In other words, the SVD filter identifies similar characteristics over space and time

for individual pixels. The eigenvectors can be thought of as a least square fit along

the direction of increasing variance or decreasing spatiotemporal coherence. The

eigenvalues give a weighting to how large a contribution each signal component makes

to the whole data set. SVD filtering relies on the assumption that tissue, blood

and noise signal are represented by different singular vectors. Namely, that tissue

regions will consistently move together over time and thus exhibit high spatiotemporal

coherence. Conversely, noise will be more random and thus have low spatiotemporal
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coherence. By combining only the desired singular vectors a new filtered data set can

be achieved.

2.4 Methods

2.4.1 Tissue properties

The simulation was designed to be flexible enough to simulate a range of tissue envi-

ronments. Using k-Wave, each grid point can be be allocated a value of sound speed,

density, non-linearity and attenuation. Tissue was modelled based on the soft tissue

acoustic properties provided by [188], see Table 2.1. Inhomogeneity to model bound-

aries between tissue and blood was introduced by assigning regions across the frame

to equal the acoustic properties of blood (see Table 2.2 for values used). Hetero-

geneity on the sub-resolution scale was introduced by defining a number of scatterer

positions. The acoustic properties of these scatterers were normally distributed with

a mean of the bulk tissue values and a standard deviation of 0.8% of the mean. The

number of scatterers per resolution cell was 10 for each centre transmit frequency to

ensure a fully developed speckle pattern [189]. The tissue geometry used throughout

this chapter is shown in Figure 2-5.

Tissue Parameters Values
Speed of Sound(𝑐) 1570 ms−1

Density (𝑝) 1050 kgm−3

Power Law Prefactor (𝛼) 1 db(MHz cm)−1

Power Law Prefactor (𝑦) 1.05
B/A Non-linear Exponent (𝐵/𝐴) 7.4

Table 2.1: Example soft tissue acoustic properties, Azhari, H. (2010)
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probe
Tissue Geometry

Individual Scatterers

Figure 2-5: Tissue geometry.

2.4.2 MB properties

This work focussed on modelling Sonovue MBs described in Chapter 1. The properties

and size distribution of Sonovue have been characterised and estimated in previous

literature [81, 178]. In addition, a value for the ambient pressure has also been taken

from literature [190]. The parameters used in the following simulations are provided

in Table 2.2.

The MB size distribution provided in Gorce et al. (2000) has been provided in

Figure 2-6 [191]. Unless otherwise indicated, the simulations were repeated for MBs

of resting radii 0.5, 1, 2, 3, 4 and 5 𝜇m. The results are then generally presented as

weighted averages by scaling the result for each MB size according to the expected

distribution shown in Figure 2-6 before summing together.
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Figure 2-6: Sonovue size distribution. Expected size distribution of Sonovue extracted
from Gorce et al. (2000). [191]

Model Parameter Value Reference
Bubble surface tension (𝜎) 𝜎(𝑅0) = 0.072 Nm−1 [178]

Gas exponent(𝛾) 1.07 [178]
Dynamic viscosity(𝜇) 2x10−3 Nsm−2 [178]
Shell elasticity (𝜒) 0.3 Nm−2 [81]
Shell viscosity(𝜅s) 3.2x10−9 kgs−1 [81]

Blood speed of sound(𝑐) 1575 ms−1 [188]
Blood density (𝑝l) 1055 kgm−3 [188]

Ambient pressure (𝑃 0) 101325 kgm−3 [190]
Buckling radius (𝑅buckling) 0.99 · 𝑅0 [80]

Table 2.2: MB properties used in simulation
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2.4.3 Pulse and probe design

Figure 2-7: Probe and pulse design. Bandpass filter associated with LA332 probe
(A) and PA230 probe (B) and associated geometry values for LA332 (C) and PA230
(D). Example of simulated pulse across the probe (E).

k-Wave does have an in-built transducer class, but it was decided to simulate the

transducers independently for increased flexibility and control. The active elements

of a linear transducer were modelled as time varying velocity sources. Each source

pixel introduced a dipole field which mimicked the directivity of the transducer field

[182]. Grid points corresponding to transducer elements contained velocity sources

and grid points corresponding to kerf regions were left empty as shown in Figure

2-7(E). For this work, probe geometry was based on the ESAOTE probes available

in our laboratory. The motivation for modelling these probes was so that the sim-

ulation could be more easily used alongside in vitro experiments in future work. In

addition, these probes operate over a frequency range that is appropriate for clinical

applications of SRUS. However, there were some practical problems with simulating

these probes on the computational grid as sources must be defined on grid points.

For example, the reported pitch of the LA332 probe is 245 𝜇m. Due to the challenges
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of simulating this on the grid, the pitch was approximated to be 240 𝜇m and the kerf

20 𝜇m.

The axial grid spacing was set to be 6 ppw of the second harmonic of the transmit

frequency, see Appendix A for more detail. The lateral grid spacing was set to 20

𝜇m. This value was chosen because it was below the 6 ppw limit for the SVD and

DI simulations performed using the higher frequency LA332 probe, could reasonably

approximate the kerf size, and be a factor of the element size. The last two points

meant that the transducer face could easily be defined on the computational grid.

For each source a Gaussian pulse of n cycles could be simulated. The amplitude of

each signal was then modulated by the apodisation. The following simulations used

a Hamming filter. Plane wave transmission of a single angle could be modelled by

ensuring a constant phase across the aperture.

Finally, the receive transducer was modelled by positioning sensors at the element

centres. The received signals were band-passed filtered using realistic transducer

sensitivities, again modelling the available ESAOTE probes. The frames were down-

sampled so that the time discretisation matched the 50 MHz sampling rate of the

experimental ULA-OP system [192].
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2.4.4 Simulation steps

Figure 2-8: Simulation geometry. (A) Schematic of simulation geometry showing the
sensors and sources on the grid. (B) Flow diagram of MB simulation steps (using
same key as (A)). (1) A plane wave was generated by a line of mass sources. The
resulting pressure was measured at the MB position. (2) The Marmottant response
was determined. (3) This response was rescaled for incorporation with the grid. (4)
The MB signal was propagated back to the sensor positions.

Figure 2-8 outlines the four steps used to incorporate the Marmottant model and

k-Wave simulation.

1. Prior to the transmit wave reaching the bubble, the pulse will have experienced

frequency dependent attenuation and non-linear propagation through the tissue.

This was included by simulating the transmit pulse and recording the waveform
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at each MB position using a k-Wave sensor.

2. The MB response was modelled by using the signal received from step 1 as the

input to the Marmottant model.

3. The Marmottant pressure response was then added as a mass source to the

mass conservation equation at the MB position. This generated a monopole

field as if from a radially oscillating volume [182]. The MB size is not negligible

compared to the grid dimensions. This meant the MB pressure response could

not be accurately represented by a mass source at a single point on the grid.

Rescaling of the pulse was required so that the amplitude matched that expected

from Equation 2.18 at a given distance from the MB position. This was done

by determining P from Equation 2.18 using Rp = 50 𝜇m. This specific value of

Rp was chosen arbitrarily as a value which was an order of magnitude greater

than any variations between MB sizes, whilst still being small enough to enable

k-Wave simulations to be performed in a reasonable time. The MB response at

Rp = R0 was added as a point source in the grid and propagated a distance of

50 𝜇m from the MB position. The pulse was then compared to the theoretical

amplitude given by Equation 2.18 when Rp = 50 𝜇m. The input was rescaled

to ensure the simulated value at 50 𝜇m matched the theoretical value.

4. The nonlinear propagation of the rescaled MB response to the receive transducer

was then modelled using k-Wave. The receive transducer was modelled using

sensors at the element centres.

Each step was repeated separately for each MB resting radius.

2.4.5 Movement

Scatterer and source positions can only be defined at grid points in k-Wave. Sensors

can be defined at any position in the simulation plane. Using ultrafast imaging, both

tissue and MB motion may be less than 1 𝜇m between frames. With grid dimensions

generally on the order of tens of microns (smaller grids require much longer simulation
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time) movement must be simulated by shifting the sensor positions and source phase

rather than scatterer or source positions.

For MB movement, in a homogenous medium, the sensor used in step 1 and the

receive sensors in step 4 can be shifted appropriately depending on the MB displace-

ment.

For tissue movement, simulation is simpler. The scatterer positions can be kept

constant. In transmit, for axial tissue movement the phase of the transmitted pulse

can be shifted and the sampling of the apodisation shifted for lateral motion. In

receive, the sensors modelling the receive probe can also be shifted appropriately.

Using this method to generate motion means that, in order to model relative tissue

and MB movement, the responses must be simulated separately and then coherently

combined.

2.4.6 Noise

Previous literature has focused on understanding and correcting speckle as the major

noise component of US [193, 194]. This coloured noise was introduced to the simula-

tion via the incorporation of tissue inhomogeneity. Random noise is introduced from

the electrical circuitry of the transducer. This has been modelled as white Gaussian

noise as suggested in Demené et al., (2015).

An arbitrary level of white Gaussian noise was generated using a built in MATLAB

function (awgn()). This noise was added onto an example frame of simulated data.

The power of the useful signal (𝑃 signal) and arbitrary noise (𝑃 noise′) was determined

by averaging the square of their respective signal amplitudes, (𝐴signal) and (𝐴noise) .

𝑃 signal = ⟨𝐴signal
2⟩ (2.35)

𝑃 noise′ = ⟨𝐴noise
2⟩ (2.36)
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Rearranging:

𝑆𝑁𝑅 = 10log10(
𝑃 signal

𝑃 noise
) (2.37)

the desired ratio for the powers of signal and noise can be expressed:

𝑃 signal

𝑃 noise
= 10

𝑆𝑁𝑅
10 (2.38)

The extracted noise can be rescaled according to the chosen SNR via a scaling

parameter (𝑔).

𝑃 noise = 𝑔𝑃 noise′ (2.39)

Where g is calculated from:

𝑔 =
𝑃 signal

10
𝑆𝑁𝑅
10 𝑃 noise′

(2.40)

The noise amplitude can be rescaled before being added to the signal frame.

𝐴noise =
√
𝑔𝐴noise′ (2.41)

The SNR used for the simulations in this chapter was chosen based on a reference

experiment. The reference experiment used a suspension of 0.3 ml of Sonovue𝑇𝑀

MBs (Bracco Imaging SpA, Milan, Italy) diluted using 50 ml of ultrapure water

(Milli-QTM, MilliporeSigma, Massachusetts, United States) and drawn through a 200

𝜇m cellulose tube (Hemophan R○, Membrana, Wuppertal, Germany) at a flow rate of

15 𝜇l/min. The flow phantom was imaged at a transmit centre frequency of 4 MHz

using the LA332 probe (Esaote,Genoa, Italy) and ULA- OP (Univ. degli Studi di

Firenze, Florence, Italy). Single plane waves of phase +1 were acquired and regions

of interest corresponding to tube and MB (signal) and noise defined on the RF data.

The SNR for this experiment was calculated to be 26.3 dB. In order to compare the

different MB sizes and parameter sets the noise level was kept constant (the SNR was

allowed to vary). The amplitude of the noise was determined by fixing the SNR of

the modelled RF image of a 2 𝜇m MB in tissue at 4 MHz to be 26.3 dB.
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2.4.7 Comparing the detection methods

Pulse inversion

Pulse inversion involved the summation of temporally adjacent positive and nega-

tive frames of simulated RF data before beamforming and envelope detection. This

extracted any non-linear signal and changes due to movement [85].

Differential imaging

Differential images were produced by the subtraction of temporally adjacent positive

frames as in Desailly et al. (2013) [134]. Simulated RF frames were processed before

beamforming and envelope detection. Signal was generated by movement between

frames.

SVD

Computationally SVD was performed using the MATLAB economy-size SVD function

(svd()). In this work the SVD filter is applied to beamformed RF data before envelope

detection and the cut-off thresholds were chosen so as to achieve the maximum CTR.

110



Chapter 2 2.4. Methods

Contrast to tissue ratio

A B

Ac
ou

st
ic

 Im
pe

da
nc

e 
(M

Pa
s/

m
)

Figure 2-9: Signal quantification in terms of CTR. (A) These are shown on an example
SVD processed frame, with the tissue region of interest and MB region of interest
represented by the red box and green box respectively. (B) The ROIs are shown on
the map of the tissue impedance, with the MB position shown by a cross. These
regions were chosen to ensure MB lobe signal was not included across the parameter
range.

Figure 2-9 show the regions of interest used to determine the CTR. The regions

of interest for MB and tissue signal have different axial positions due to reduced

lateral resolution causing MB lobes to mask tissue breakthrough for some parameter

sets. Thus, it was simpler to define the regions as shown in Figure 2-9 and compare

maximum pressure values for the tissue Vtissue and MB signal Vbubble [195]:

CTR = 20log10
𝑉 bubble

𝑉 tissue
(2.42)

The noise and localisation process were repeated twenty times. Twenty repetitions

were empirically chosen as this generated a small spread of CTR values about the

mean for the chosen noise level. The accuracy was determined as the mean of the

bias between the localised and known MB positions and the precision by the stan-

dard deviation. This quantification was performed for the first output frame of each

detection method so that the MB position in the FOV was constant. It was also em-

111



Chapter 2 2.4. Methods

pirically observed that SVD filtering can cause the image intensity to fluctuate over

the stack. This fluctuation causes the signal to drop from a maximum at t = 0 to a

minimum corresponding to the centre of the stack size, and then back to a maximum

at the final frame of the stack. This temporal fluctuation will be investigated later in

this chapter, see section 2.5.3. Thus, unless otherwise specified, the first frame was

chosen to compare PI and DI with the best case CTR for SVD.

Localisation

The extracted signals were envelope detected using a Hilbert transform and localised

using the onset method [145] as introduced in subsection 1.6.9. Normally the axial

position is found using an onset threshold of the noise mean plus 3 standard de-

viations. However, for this work, a threshold of 4 standard deviations was chosen.

This was because the onset method was developed at a specific set of parameters,

using a higher threshold here enabled fairer comparison across these three detection

techniques and wider parameter space.

Specific simulations

∙ SVD stack size and filter order:

To determine a stack size which generates the best CTR for the SVD experi-

ments, 1000 frames for a MB moving laterally at 0.5 mm/s were simulated using

a centre transmit frequency of 6 MHz. These were filtered using varying stack

sizes and eigenvalue cut-offs.

∙ Frequency dependence: Transmit Centre Frequency

Several different commercially available transducers will be able to image at

the same transmit centre frequency. However, differences in geometry and sen-

sitivity of these transducers will mean that the resulting images are different

for different probes. To achieve the most general comparison of the detection

methods over different transmit frequencies a linear array was designed for each
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centre frequency (1.5 MHz, 2 MHz, 3 MHz, 4 MHz, 5 MHz, 6 MHz and 7 MHz).

For each frequency, a Gaussian pulse three cycles in length and MI of 0.1 was

used as the input to the Marmottant model. The same MI value and number

of cycles was used throughout this chapter. The ratio of pitch size to transmit

wavelength was set to a constant value of 0.61 to avoid the generation of side

lobes. The aperture size was also set to a constant value due to its impact

on lateral resolution. Keeping the pitch to kerf ratio constant meant that the

number of elements of each transducer ranges from 16 at 1 MHz to 112 at 7

MHz. These values were chosen to correspond to experimental work using 64

elements of the LA332 probe (Esaote, Italy) with the ULA-OP (Universit degli

Studi di Firenze, Italy) system at 4 MHz. The influence of frequency was then

determined for each processing method for a MB flowing laterally at 0.5 mm/s.

∙ Frequency dependence: Probe Bandwidth

To simulate the more practical situation of using commercially available trans-

ducers of a particular geometry and frequency sensitivity the following simula-

tions were performed using the properties of the PA230 (1-4 MHz) and LA332

(1-4 MHz) probes. This enabled investigation of how transducer sensitivity, and

position of transmit centre frequency within the probe bandpass, have different

implications for different detection methods.

∙ Tumour Physiological environment

Following the frequency investigations, transmit frequency and the probe sim-

ulated could be fixed to one determined appropriate for each technique. The

dependence of CTR and localisation accuracy and precision on speed were de-

termined for a range of speeds < 2 mm/s for lateral motion, and the dependence

on direction was investigated at a flow speed of 0.5 mm/s.

∙ Investigating Artifacts Introduced by SVD Filtering

Following the observation that the SVD filter introduced a variation of the frame
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intensity over the stack length, further work was done to investigate potential

artifacts introduced by SVD. A single MB of 2 𝜇m in radius, flowing at a

velocity between 0.5 and 5 mm/s, and surrounded by tissue was modelled. To

investigate the underlying causes of the flashing artifact bubble speed, initial

CTR and stack size were varied.

2.5 Results

2.5.1 MB response

Figure 2-10: Dependence of MB response with respect to the number of cycles and
MI value for a range of MB radii.

Before incorporation with k-Wave the MB response was calculated to enable easier

interpretation of later results. Figure 2-10 shows the predicted behaviour of each MB

size over the frequency range 1-10 MHz, where the MI was kept constant over the
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frequency range. The maximum absolute pressure was measured at a distance 50 𝜇m

from the MB centre for each frequency and repeated for five MB radius values (0.5,

1, 2, 3, 4 and 5 𝜇m). As expected, the scattering generally increases in amplitude

as frequency increases due to the increased scattering cross-section. MB resonance

behaviour can be observed at low frequencies for some parameters. In particular,

increasing the pulse length and MI increases the resonant behaviour.

2.5.2 Detection methods

SVD stack size:

Figure 2-11: Effect of SVD stack size. (A) Effect of stack size on CTR when filtering
a 2 𝜇m MB moving laterally at 0.5 mm/s where the lower singular value cutoff is
2. This shows that large stack sizes are not always beneficial. (B) Singular value
spectrum at each stack size. As stack size increases the weightings of each component
become more evenly shared. (C) CTR for each stack size as lower SVD eigenvalue
cut-off is adjusted.

Figure 2-11 investigates the influence of stack size on a 2 𝜇m radius MB moving at 0.5

mm/s laterally using a pulse with centre transmit frequency of 6 MHz. The CTR rises

until a stack size of 250 frames is reached. For this set of parameters, the CTR began

to fall at stack sizes beyond 250 frames. Figure 2-11(B) shows that a larger stack size

allows the signal to spread over a wider range of eigenvalues. Figure 2-11(C) shows

that the CTR cannot be improved by adjusting the lower singular value cut-off for

each stack size. To achieve the best CTR for SVD with the lowest acquisition time,

the following SVD demonstrations were performed using 250 frames and removing
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the signal associated with the first singular value and those values >14 which were

associated with noise.

Effect of frequency:

Figures 2-12 - 2.5.2 show the effect of centre transmit frequency and bandpass filtering

on SR in terms of CTR and localisation precision. Figure 2-12 shows the results

without transmit or receive bandpass filtering to enable generalisation of the results

to different probes. This was to ensure that any trends due to varying centre transmit

frequency alone were not obscured by the introduction of filtering. Figure 2-12(A-C)

shows the trends of each individual bubble size due to the growing interest in how

MB size will affect SR [196]. These results are then presented as weighted averages in

Figure 2-12(D), to show any overall frequency dependence of the detection techniques.

The weighted average was calculated by scaling the result for each MB size according

to the expected Sonovue𝑇𝑀 size distribution as reported in Gorce et al. (2000) before

summing together.
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Figure 2-12: CTR dependence on centre transmit frequency. The CTR dependence of
each MB radii on acquisition centre frequency for MBs flowing laterally at 0.5 mm/s
for SVD (A), PI (B) and DI (C). (D) presents the CTR weighted average over the
MB distribution for all three detection methods.
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Figure 2-13 shows how the localisation precision depends on frequency due to the

changing CTR and size of initial point spread function.

Finally, Figure 2.5.2 introduces bandpass filtering that matches the sensitivity

from commercially available probes. This is to explore whether some techniques are

more affected than others by the probe sensitivity and position of centre frequency

in the bandwidth.

Figure 2-13: Dependence of localisation precision on centre transmit frequency. (A)
shows the average axial localisation precision at each transmit centre frequency for
each of the MB detection methods. This is the standard deviation of the axial position
measured over repeated simulations. The error bars represent the standard deviation
of the weighted average, i.e. variation due to contributions from different MB radii.
Missing points (for DI only) correspond to simulations where the MB signal was not
sufficiently greater than the tissue/noise for the localisation to be made. (B) shows
the average lateral localisation precision for each MB detection method, where the
inset is to visualise data points that have error bars that are much smaller than for
DI.
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Figure 2-14: Effect of transducer bandpass filter. (Top) The bandpass of the modelled
transducer based on PA230 (left) and LA332 (middle and right). (Bottom) Frequency
dependence on CTR for PI (left), SVD (middle) and DI (right) when probe sensitiv-
ities are introduced.

Low frequency excitation:

Figure 2-12 shows that PI has the greatest CTR at the lowest frequencies. Individual

bubbles contribute differently to the total CTR for each processing technique. CTR

increases with increasing radii for SVD and DI, see Figure 2-12 (A and C). Due to

resonance behaviour this trend is not true for PI, also shown in Figure 2-12(B). Figure

2-12(D) shows that the weighted average CTR of PI decreases as the MBs exhibit

less non-linear behaviour at higher frequencies. PI generated a CTR improvement of

3.4 dB at a transmit frequency of 2 MHz over SVD and 36.2 dB over DI.

Figure 2-13 shows the high axial and lateral precision of PI at low frequencies.

The average axial and lateral precision at 2 MHz, for example, is 7.8 𝜇m and 1.7 𝜇m

respectively for PI imaging. Missing points on Figure 10 correspond to simulations

where the MB signal was not sufficiently greater than the tissue/noise for the onset

method to detect a MB. The results show that DI is not appropriate at frequencies
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≤ 4 MHz for the velocities used in this simulation.

Figure 2.5.2 shows the incorporation of a bandpass filter over the frequency range

1.5 - 4 MHz for PI. This technique suffers as the second harmonic frequency rises

above the transducer sensitivity range. For most commercially available low frequency

transducers, ensuring that transmit frequencies are at the lower end of the transducer

sensitivity, to ensure sufficient sensitivity at the 2nd harmonic, is crucial for PI. DI

and SVD are less limited by a narrower band-pass filter.

High frequency excitation:

Figure 2-12(A) shows an upwards trend in CTR for SVD with frequency for the MB

sizes < 2 𝜇m in radius. For larger MB radii, the CTR of the SVD processing is

fairly constant over the frequency range. And Figure 2-12(D) shows that, overall,

SVD does not significantly vary with frequency. As shown in Figure 2-12(D), DI

showed improved CTR with increasing frequency with an increase of 2.98 dB at 6

MHz compared to 1.5 MHz. However, it is clear that for these flow rates, SVD is

preferable to DI across the frequency range.

Figure 2-13 shows that DI localisation was only possible for frequencies ≥ 4 MHz.

The localisation precision plots for individual bubble sizes have not been presented

here. Instead, Figure 2-13 shows the weighted average. Some MB radii did not

generate sufficient CTR to enable localisation, so did not contribute to the weighted

average presented in Figure 2-13. Only MBs ≥ 3 𝜇m in radii generated sufficient

CTR to enable localisation for DI at centre transmit frequencies ≥ 4 MHz. SVD and

PI could localise all but the smallest MBs, 0.5 𝜇m radii, over the frequency range

studied here.

Figure 2.5.2 shows that introduction of the bandpass filter has less effect on CTR

for the linear techniques over the frequency range compared to PI. For SVD, although

average CTR is fairly constant over the frequency range, the improved axial and

lateral precisions at higher frequencies motivates the use of SVD for high frequency

applications, see Figure 2-13. The axial precision improves from 18.1 𝜇m at 1.5 MHz

to 1.6 𝜇m at 7 MHz.
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Velocity dependence:

Figure 2-15: CTR dependence on velocity. (A) shows the CTR dependence of each
MB radii and the weighted average on flow speed for MBs flowing laterally. (B) shows
the CTR dependence on flow direction at a speed of 0.5 mm/s. (C) Spreading of data
across singular vectors for varying lateral speed.
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For the following simulations, PI was performed at a frequency of 2 MHz using the

bandpass filter associated with the PA230 probe. DI and SVD were performed at a

higher frequency of 6 MHz using the bandpass filter associated with the LA332 probe.

These centre frequencies and probes were chosen for each technique considering the

best average CTR and precision values determined in the previous section.

Figure 2-15 shows how CTR varies with MB flow speed and direction. Figure

2-16(A) and (C) are graphical visualisations of how the accuracy and precision values

determined from the simulation results will affect SR images for different MB speeds

and directions respectively. For each processing technique an example ground truth

vessel is shown, where each 30 x 30 𝜇m segment corresponds to a different velocity.

Using the values for the weighted average of localisation and precision the simulated

SR image is overlaid on the ground truth image. The simulated SR segments are

shifted with respect to the ground truth by their axial and lateral bias. The height and

width of the simulated SR image of these ground truths are increased by the axial and

lateral localisation precision respectively, with larger rectangles representing poorer

precision. These same results for localisation precision and accuracy are presented

graphically in Figures 2-16(B) and (D), where the error bars represent the standard

deviation from the weighted average over the different bubble radii.

Applications with slowest/stationary MBs, varying flow rates or flow in

different direction:

Figures 2-15 and 2-16. both show that PI is less dependent on MB velocity compared

to DI and SVD. Figure 2-15 shows that CTR is constant over the 0 - 2 mm/s MB speed

range and all flow directions for PI. In comparison, SVD and DI are not appropriate

for stationary MBs. At 0 mm/s the CTR drops to 0 dB for SVD and DI. This is also

shown by the missing segments (represented by a cross) and data points in Figure

2-16 (B). Figure 2-15 also shows that DI and SVD have lower CTR values for lateral

motion. The DI localisations are limited by noise. The results show that DI is only

appropriate for MB speeds > 0.75 mm/s or as flow becomes more axial. Figure 2-16
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shows that SVD can introduce bias on the order of hundreds of micrometres over a

range of speeds and directions. PI is more suitable for applications with varying flow

velocities as any bias is constant over the range of velocities investigated here.

Applications with faster flow, with an axial component of flow velocity:

Figure 2-15 shows that the highest CTR for faster flow can be achieved using SVD

processing. However, CTR values begin to plateau and even decrease by a few decibels

for MBs with radii > 1 𝜇m. This effect is due to the signal spreading more evenly

over the singular value components with increasing speed as shown in Figure 2-15(C).

Figure 2-15 also shows that DI and SVD have higher CTR as the flow becomes more

axial (90 degrees). For DI, at 0.5 mm/s, the localisations are only possible when

there is some axial component of velocity. Although DI has a significantly lower

CTR compared to PI and DI, the localisation accuracy and precision are comparable.

Thus, DI will still be a useful technique for faster blood flow or flow with some axial

component. Figure 2-15 (A and B) show that there is more variation in CTR for PI

across the different MB sizes compared to SVD and DI. This is shown by the relatively

larger error bars for PI in Figure 2-16. A degree of axial movement enables SVD to

detect even the smallest MBs of 0.5 𝜇m radii. Axial precision falls to sub-micron for

SVD localisation of axial flow compared to 11.3 𝜇m for DI and 12.1 𝜇m for PI, see

Figures 2-16 (D).
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Figure 2-16: Localisation dependence on velocity. (A) Visualisation of localisation results
over speed range 0-2 mm/s for SVD (top), PI (middle) and DI (bottom). Scale is represented
by a background grid (50 x 50 𝜇m). The same ground truth vessel is presented at a depth
of 7 mm, with each vessel segment being represented by a square of size (30 x 30 𝜇m).
Each segment corresponds to a different MB flow speed. When CTR values are sufficient
to generate localisations, the SR image is modelled by shifting each vessel segment by the
localisation accuracy determined from the simulation. If MB signal does not exceed the
noise threshold a cross is shown to represent missing data. Localisation precisions in lateral
and axial directions are represented by increasing the width and height of the rectangle by
the lateral and axial precision respectively, i.e. so that larger rectangles represent poorer
precision. The centre points of the corresponding ground truth and simulated segments
are joined to highlight the translation. (B) Shows the same accuracy and precision values
determined from the simulation graphically. (C) Visualisation of localisation results over
direction range (0-90𝑜). The same ground truth vessel (of segment dimensions 30 x 30 𝜇m)
is presented at a maximum depth of 7 mm. Each segment corresponds to a different MB
flow direction at a MB flow speed of 0.5 mm/s. When CTR values are sufficient to generate
localisations the SR image is modelled by shifting each vessel segment by the localisation
accuracy determined from the simulation. The vertical extent of the rotated rectangle is
increased by the axial precision and horizontal extent increased by the lateral localisation
precision. The centre points of the corresponding ground truth and simulated segments
are joined to highlight the translation. (D) Shows the same accuracy and precision values
determined from the simulation.
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Figure 2-17: Visualisation of variation of MB point spread function. Shape of bubble
signals for 0.5 mm/s lateral (left) and axial (right) movement. PI was performed at
a transmit frequency of 2 MHz for PI (middle). A centre transmit frequency of 6
MHz was used for DI (bottom) and SVD (top). (A) The beamformed and envelope
detected processed frames for SVD (top), PI (middle) and DI (bottom) for lateral
flow. (B) The axial profile used for determining the MB axial position during the
onset localisation. The cross shows the localisation position where possible. (C)
Beamformed frames for axial flow. (D) Onset localisation for axial movement. Insets
are used for DI (provided within orange dashed boxes) due to dynamic range used
for overall comparison of the methods being too large.

PSF shape changes:

Figure 2-17 shows how drastically different MB signals can appear using different

methods. DI and SVD have signal loss in the centre of the point spread functions.

This signal loss is manifested in the bias introduced for lateral and axial accuracy

shown in Figure 2-16(D) for SVD at 0 degrees. This only occurs for lateral motion.

It is hypothesised that this is due to less variation between adjacent frames for a
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MB moving laterally compared to axially. Lower curvature at the centre of the MB

hyperbola means that this signal is simply removed in DI filtering and decreased for

SVD filtering. This is even more striking in Figure 2-18 where the same frequency

parameters are also used so that the filtering was applied on the same MB signals

(note the different colour scales). Figure 2-18(A) for PI filtering shows significant

ringing, whereas DI and SVD again have signal loss in the centre of the point spread

function. This was one factor which motivated future investigation of the artifacts

introduced during SVD filtering.
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Figure 2-18: Same data; different detection methods. Shape of MB signals for 0.5
mm/s lateral flow at a centre transmit frequency of 4 MHz for PI (A), DI (B) and
SVD (C). These images are from the same simulated data.
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2.5.3 SVD artifacts

Flashing

Figure 2-19: SVD flashing artifact. Flashing artifact introduced by SVD for a MB
moving laterally at 1 mm/s. (A) Unfiltered image data for the first, middle and final
frame of the 250 stack. (B) SVD filtered data for the first, middle and final frame of
the 250 stack.

Figure 2-19 shows the variation in intensity introduced over time after SVD filtering

of 250 frames for a MB moving at 1 mm/s and acquired at a frame rate of 1000

Hz. No flashing can be observed in the unfiltered data as shown in Figure 2-19(A).

However, after application of the SVD filter, Figure 2-19(B) shows a 5 dB decrease

between the first and middle frame for a stack size of 250 frames.
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Figure 2-20: Quantification of flashing artifact in silico. (A) Quantification of flashing
artifact in terms of contrast to tissue ratio for the unfiltered data and for SVD filtering
with a stack sizes of 100, 250, 500 and 1000 frames for a MB moving laterally at
1mm/s. (B) Quantification of flashing artifact in terms of contrast to tissue ratio for
MB flowing laterally at 0.5mm/s, 1mm/s and 5mm/s (stack size of 250 frames). (C)
Flashing artifact dependence on framerate for a MB moving laterally at 1mm/s. (D)
Unfiltered data for initial CTR of 29 dB, 18 dB, 14 dB and 10 dB. (E) CTR over
stack size of 250 frames for each initial CTR.

Figure 2-20 reveals a dependence of the flashing on stack size (A), MB flow speed

(B), frame rate (C) and initial CTR of unfiltered data (D-E). Overall, the results in
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Figure 2-20 show that the flashing occurs with a frequency of one flash per stack.

Variation in MB speed/framerate and starting CTR and stack size all affect the

amplitude of the flashing artifact.

Figure 2-20(A) shows how the flashing is dependent on stack size. For 1 mm/s

lateral MB flow, increasing stack size reduces the amplitude of the flashing. Figure

2-20(B) shows the dependence of the flashing on MB speed. The amplitude of the

intensity fluctuation increases with decreasing MB flow speeds. Figure 2-20(C) shows

that increasing the frame rate, whilst keeping the distance and time acquired for

constant, will decrease the flashing artifact amplitude. Figure 2-20(E) shows that the

flashing amplitude also depends on the initial CTR of unfiltered data. The variation

in intensity decreases with decreasing initial CTR. Nonetheless, even when the initial

CTR is only 10 dB, an artificial variation in intensity of 4.7 dB is still present. Figure

2-20(D) is included to help visualise the different CTR values of the unfiltered data.
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Smearing
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Figure 2-21: SVD smearing artifact. SVD filtered frames of MB moving laterally at 5
mm/s and at a frame rate of 1000 Hz. The frame intensity has been normalized with
respect to the top left frame for easier visulaization. (A) shows the first frame (left),
middle frame (centre) and final frame (right) are shown for stacks sizes 1000 frames
(top), 500 frames (centre) and 250 frames (bottom). The yellow box shows the region
where the mean smear signal was calculated, and the red box shows the region where
the mean noise was calculated. (B) shows some example spatial singular vectors (Ux)
weighted by the corresponding singular value (Dx) for a stack size of 1000 frames.
The first frame is associated with the largest singular value and is rejected as tissue.
The following frames, associated with singular values 2, 5 and 10, are examples of
those frames combined to give the filtered images.

Figure 2-21(A) shows the possibility of a smearing artifact, where a weak signal is

observed over all the positions of the moving MB over the stack size. The length of

this smearing corresponds to the distance the MB travels during a single stack. It

is only obvious when the MB flow is fast enough such that the MB moves beyond

the extent of its PSF. For the first frame of each stack size the SNR of the streak

was calculated using the mean of the signal over a region of interest centred 1.15

mm laterally from the MB position and 0.2 mm in width (the maximum distance

possible using the stack size of 250 frames) and the mean of the same noise ROI as
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before. Using a smaller ensemble length resulted in an increase in the amplitude of

the smearing artifact. The SNR was 13.4 dB, 18.4 dB and 21.1 dB for a stack size of

1000, 500 and 250 respectively.

Figure 2-21(B) shows the spatial singular vectors, Hilbert transformed and weighted

by the associated singular value. The signal associated with the first singular value

is rejected as tissue. The signal associated with singular value 2 is the most ener-

getic component associated with the filtered data. The second spatial singular vector

(𝑈2) contains MB signal smeared over the path of the moving MB. Ideally, at each

time point the signal from the other singular vectors would cancel out this smearing.

However, as in the blinking example, the presence of some MB signal in the rejected

singular vector component prevents proper cancellation.

Splitting

Figures 2-17 and 2-18 introduced that when filtering with SVD or DI, a single point

spread function can resemble two adjacent signals. Figure 2-22 shows the difference

between the unfiltered and filtered data. The SVD filter introduces a gap in the centre

of MB response.

Figure 2-22: SVD splitting artifact. The unfiltered data (left) of a single MB in tissue
flowing laterally at 1 mm/s compared to the SVD filtered result (right).

130



Chapter 2 2.6. Discussion

2.6 Discussion

2.6.1 Summary and implications of simulation development:

One contribution of the work in this chapter is the introduction of a simulation that

incorporates the MB response modelled using the Marmottant model in addition

to wave propagation and tissue response from k-Wave. The use of k-Wave allows

modelling of complex wave phenomena, such as non-linear behaviour, which can be

especially important when including MBs. Other authors simulating SRUS have

generally performed linear simulations [140, 160, 164]).

Non-linear acquisition has previously been modelled simply by modulating gaus-

sian PSFs by a RF component at a frequency corresponding to the second harmonic

of the excitation frequency [132, 165]. Christensen-Jeffries et al., (2017) also used the

Marmottant model to simulate the MB response to compare localisation techniques

[145]. However, none of these works included the tissue response or modelled the

non-linear propagation of the MB signal.

At the MI value used in this work, the effect of non-linear propagation on the

detection techniques is expected to be minimal. Nonetheless, even without signifi-

cant non-linear propagation, using k-Wave can still be beneficial compared to other

simulation platforms such as Field-II. The k-Wave code is completely open source

and editable. For the work in this thesis, this control made it easier to integrate the

MB behaviour with wave propagation through tissue (linear or non-linear), whilst

also having full control over the US probe, excitation pulse and tissue properties. For

example, the effect of frequency dependent attenuation of the excitation pulse before

reaching the MB position could be modelled. Likewise, any attenuation of the MB

response when propagating back to the transducer was also included. It is not clear

how (or if) this scenario could be modelled using a platform like Field-II.

Contrast agents have not previously been incorporated with k-Wave. It is hoped

that the approach introduced in this chapter could be useful for research questions in

the field of SRUS, and potentially CEUS more generally.
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2.6.2 Comparison of MB detection techniques

The second contribution of this chapter was a comparison of the three main detection

methods (PI, DI and SVD) and the factors which affect them. Song et al. (2018)

recently highlighted the need for a systematic review of MB extraction techniques,

when discussing their use of DI. Due to the challenges of creating a microvascular

phantom for experimental validation, this simulation has been developed to compare

non-linear and linear detection techniques. This work has used the simulation as a

ground truth for investigating some of the factors affecting which detection method

is most appropriate to extract the MB signal for SRUS.

Effect of SVD processing parameters:

The results have shown that stack size in SVD influences the CTR of MB signals by

changing the spread of the signal across the singular values. Thus, larger stack sizes

do not always correspond to larger CTR values even when the eigenvalue cut-offs

are adjusted. This is because some MB signal can be removed with tissue. SVD

splits the signal into orthogonal components which cannot be simply split into tissue,

MB and noise signal. Previous work with low frame rates has observed the overlap

between MB and tissue signal [197]. This is especially problematic if the contrast in

the unfiltered images is originally strong because SVD requires the assumption that

tissue is significantly more energetic than noise and MB signal [186].

Effect of transmit frequency:

The results show that PI is more effective at lower frequencies. This is due to the

resonant behaviour of MBs. For frequencies less than 3 MHz, using a probe with

sufficiently wide bandwidth, it has the highest CTR. SVD CTR is less affected by

frequency. This is true both for the investigations with and without incorporation of

bandpass filtering. When incorporating the probe bandpass the detection techniques

are affected both by the MB dependence on frequency, attenuation and nonlinear

propagation in tissue, and the sensitivity of the available probes. The LA332 probe
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has a flatter frequency response than that of the PA230 probe. Thus SVD, already

relatively robust to varying frequency without bandpass filtering, is a feasible choice

over a wider range of frequencies for the LA332 probe modelled here. In comparison,

transmit frequency choice for PI is more affected by the dependence of the MB re-

sponse on frequency and by the narrower sensitivity of the PA230 probe. Although

two specific probe examples have been simulated here, we suggest that these find-

ings are also generally applicable when choices of detection method are being made

based on available equipment. At the MI and pulse length used here, only a slight

resonance behaviour can be observed in the results. As pulse MI increases, the MB

signal will contain increased subharmonic and ultraharmonic components [198]. The

non-linear behaviour of the MBs also depends on pulse length. Short pulses, more

traditionally used for imaging studies, have been used here. However, longer pulses

generate stronger resonance behaviour as shown in Figure 2-10. Future work could

investigate how varying MI and pulse length affect each detection method. In such

work, it would also be important to simulate how these parameters might affect MB

destruction/dissolution and thus the CTR of each technique.

Effect of blood velocity:

The results have shown that SVD and DI are more affected by speed and direction

of MB flow than PI. SVD and DI do not work for stationary MBs and are less

effective for lateral flow compared to axial. Variation in accuracy (bias) introduced

over a physiological variable will cause the morphology of the imaged vessel to be

distorted relative to the ground truth. Although PI does introduce an axial bias, this

depends on the threshold chosen for the onset localisation method. Constant bias over

blood flow speed and direction will not affect the structural or functional information

acquired. Opacic et al., (2018) showed that the distance between adjacent vessels

could be used to distinguish between tumour types [20]. This chapter has shown that

detection methods can distort the shape of vessels if speed changes. That is, a vessel

position may may be erroneously shifted relative to vessels which have different blood

velocities. Moreover, since blood flow can range from 0 mm/s to several mm/s in a
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single vessel [2], DI and SVD may even distort the shape of individual vessels.

Speed dependence will be influenced by choice of PRF. The CTR of slower MBs

could be increased by decreasing the frame rate for the linear techniques. However,

it is important to understand how this may affect the localisations of the faster MBs.

Without a ground truth measurement of the MB speed it will be challenging to correct

for any localisation bias introduced. It is unnecessary to obtain a zero bias, but the

bias should be constant over the flow directions and MB sizes, so the image is not

blurred but only shifted. However, for fast axial flow, SVD is associated with high

precision compared to PI. Thus, for some applications the improved precision may be

considered more beneficial than a constant bias.

Computational cost:

The computational cost of the three techniques is a further consideration that deserves

discussion. SVD processing is significantly computationally more expensive than

the simple techniques of PI and DI. This will have implications on the real-time

applications of the techniques. Demené et al. (2015) reports that the computation

times are of the order of a few seconds for typical data sizes and computational

resources [142]. By minimising the stack size, Desailly et al. (2016) reports acceptable

CTR for a stack size of 30 frames, requiring a processing time of < 30 ms [173].

To the best of our knowledge, achieving the highest CTR possible with SVD in

real time using larger stack sizes has not yet been demonstrated. In comparison,

contrast pulse sequences have been widely implemented in real time [199]. There is

clear motivation to develop SRUS in real-time. Dencks et al., (2018) write how they

visualised their clinical acquisition using a non-linear mode in real time to ensure that

the MB concentration was appropriate for SR [19]. The authors would have preferred

to only image linearly to maximise framerate, however the MBs were not visible with

only linear imaging in this case.
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Limitations:

There are limitations to the investigation of detection methods using this simulation.

This work has attempted to give both a physically fair comparison of the techniques

at different frequencies before moving to more practical scenarios with realistic trans-

ducer models. However, this is still an incomplete exploration of the huge parameter

space, and so will not be applicable to every scenario.

One limitation of this study is the scope of the detection methods investigated. For

example, there are other non-linear detection methods which have not been considered

here [87, 200]. Other authors use harmonic imaging instead of multi-pulse non-linear

techniques [114, 146]. There is also the possibility of combining detection methods,

for example, Harput et al. (2018) filters contrast enhanced US images with SVD

[136]. However, it should be noted that results of this investigation would still be

valid and combining these methods would result in an unknown combination of the

errors associated with each technique.

In practice, each technique must be robust over a wide range of initial CTR

and SNR levels. Tissue geometry, as shown in Figure 2-5, was kept constant across

the simulations in this work. Physiologically relevant tissue acoustic properties and

geometry were chosen to mimic a realistic tissue scenario. Simulations were performed

at a relatively shallow depth of 7 mm to perform k-Wave simulations in a reasonable

time. This meant that a significant proportion of MB signal could be contained in the

first singular vectors of the SVD decomposition. Noise was also kept constant across

the simulations. However, in practice, SNR affects the efficacy of each technique and

additional signal processing techniques may be required to improve image quality.

Modelling across a range of different tissue geometries, initial CTR values and SNR

values is a topic for future investigation.

One benefit of modelling the ultrasound propagation in k-Wave is that non-linear

propagation can also be simulated. Future work could involve using the simulation

to investigate the influence of non-linear propagation on each detection technique by

varying the tissue 𝐵/𝐴 value or the pulse MI.
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2.6.3 Investigation of SVD artifacts

The work in this chapter has shown how the use of the SVD filter may introduce error

into SR localisation. The simulation also revealed artifacts which could be caused by

SVD filtering. Variation in intensity over the stack of filtered images which did not

exist in the initial data could be observed (flashing artifact). In addition, smearing

and splitting artifacts which have never been reported have been shown here. The

results show that the stack size of data, the speed of flow, and initial CTR can have

on the artifacts. This discussion section provides an understanding of the cause of

these artifacts.

Comparison of simulation results with clinical and in vitro data, via col-

laboration

A PhD student at Imperial College London, J. Zhu, had also identified this flashing

artifact in filtered data. Together with another student, K. Riemer, we collaborated

to investigate the SVD artifacts more comprehensively and for contrast US in general

rather than just SR. The in vitro data shown in Figure 2-23(A-C) was collected and

processed by J. Zhu. The in-human data shown in Figure 2-23(D) was collected by

F. Xu and P. Huang, and was processed by J. Zhu. The data has been included here

to show the correspondence with the simulation results, but primary credit for this

section of the work is attributed to J. Zhu. The only credit which can be attributed to

this thesis is the interpretation and comparison of the experimental results in relation

to the simulation. For reference, the methodology of these experiments can be found

in Appendix B.
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Figure 2-23: In vitro and in vivo demonstration of SVD artifacts. (A) shows the
unfiltered image data for the first, an intermediate and the final frame of 4 mm/s
MB flow in a cellulose tube (top). This was then SVD filtered using a stack size of
250 frames (bottom). (B) shows how the CTR varies for changing stack size and (C)
shows the dependence on MB flow speed. (D) shows a smearing artifact in clinical
dataset. Weak signal in SVD filtered image (frame 9) is observed over the previous
spatial positions (frame 1) of the moving MBs. The green arrow highlights MB signal
which has been changed by the SVD filter.

Figures 2-23(A) provides visual evidence of how the SVD filtered signal can fluctu-

ate over the stack size when it has not changed in the B-Mode data. This is quantified

in 2-23(B) we can see how this fluctuates over each stack size. This fluctuation has a

different pattern compared to the simulation. In the simulation, the signal generally

dipped to a minimum around the centre point of the stack and at a maximum at

the first and final frames. For the in vitro data, the signal peaked during the first

and final frames but also had a smaller local maximum around the centre point of

the stack. This could be due to the difference in the distribution of the signal over

the frame for a tube with a high concentration of MBs compared to a single MB. As

corroborated by the simulation results presented in Figure 2-20(B), Figure 2-23(C)

shows that an increase in flow velocity also reduces the amplitude of the CTR fluc-

tuations. Increasing the flow speed is also associated with an increased SVD CTR,
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as also shown during the detection investigations (particularly Figure 2-15(A)).

Figure 2-23(D) provides an example of the smearing artifact occurring during SR

clinical imaging. Signal from MBs which appear in original frame 1, but do not

appear in frame 9, can be observed in frame 9 of the SVD filtered data. Likewise

the PSF of the single MB (indicated by a green arrow) which can be clearly observed

in the unfiltered frame 9 has been changed in the SVD filtered image to a signal

which appears more like several closely spaced MBs than a single isolated MB. This

is corroborated by the simulation results shown in Figure 2-21 which showed that MB

signals could appear in the SVD filtered data without being in the unfiltered data at

the same time and position.

Origin of SVD artifacts

Figure 2-24 shows why the decomposition of the flowing MB data using SVD can

result in the flashing artifact. The first singular vector, which is rejected as tissue,

contains significant MB signal. Ideally, 𝑈1 would contain only tissue signal and 𝑉 1

would be constant with respect to time. Instead, the changing amplitude of the first

temporal vector over the stack size causes a changing amplitude of the MB signal

contained in 𝑈1 to be subtracted from the filtered data - resulting in the flashing

artifact.
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Figure 2-24: Individual vectors of the decomposition. First three singular vectors for
the decomposition of a MB flowing laterally at 1 mm/s and a stack size of 250 frames.
The temporal singular vectors scaled by the singular value (left) are used to scale the
pixel values given by the spatial singular vectors (right) at each point in time.

There is a similar explanation for the incidence of the smearing artifact. Figure

2-21(B) shows how, for this simulation, the most energetic component associated with

the filtered data (𝑈2) contains MB signal smeared over the path of the moving MB.

Ideally, at each time point the signal from the other singular vectors would cancel out

this smearing. However, as in the flashing example, the presence of some MB signal

in the rejected singular vector component prevents proper cancellation.

The splitting artifact occurs because the centre of the PSF has the highest energy

signal over the stack of filtered images. Thus, this signal is sorted into the first

singular value and thereby removed during SVD filtering.
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These three artifacts arise due to failure of the assumption that SVD filtering

can always adequately separate the tissue, MB and noise from each other. SVD can

decompose the total signal into a series of oscillatory components (see Figure 2-24),

which together interfere to represent the unfiltered data with no flashing, smearing

or splitting. However, when a singular value containing significant MB information

is removed these three artifacts are the result.

Steps to limit the effect of SVD artifacts

The results have shown that there are some choices which can mitigate these artifacts.

Figure 2-15(C) shows that for higher relative speeds between the MB and tissue, the

signal is shared more evenly across the singular vectors. This explains the result

provided in Figure 2-20(B) and Figure 2-23(C) where the flashing artifact is smaller in

amplitude for higher MB flow speeds. Likewise, increasing the stack size also increases

the number of singular values which can be used to assign signal components to. Less

of the moving MB signal exists in the first singular value, so increasing the stack

size can result in reduced flashing as shown in Figure 2-20(A) and Figure 2-23(B).

However, countering the SVD artifacts by increasing the stack size has implications for

practical data storage/transfer and computational times, and thus real-time imaging.

The amplitude of the flashing artifact also depends on the initial CTR of the data.

The strong tissue signal is now better represented by the first singular value and less

flow signal is contained in the subtracted oscillatory component. This suggest that

SVD will be more useful in instances where clutter signal is obscuring the MB signal,

which may be more likely in certain clinical applications.

Potential impact of SVD artifacts

The artifacts introduced by SVD may lead to erroneous results and clinical misinter-

pretation. In terms of SRUS, the flashing artifact could lead to an erroneous shift

in the localisation of a single PSF over the stack of frames due to changing inten-

sity of the signal. This would be especially true for localisation methods which rely

on making the localisation above an intensity threshold - such as the onset method.
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Moreover, when the CTR drops to a minimum during the stack size the MB may

no longer be detected and hence no localisation made. This could also mean that

acquisition time is increased because the MBs signals are not being efficiently used.

Beyond SR, the quantification of blood flow and perfusion can be a biomarker for

disease. For example, intensity changes observed for perfusion protocols are used to

distinguish benign and malignant masses [201]. It would be important to check that

the SVD filter did not interfere with the interpretation of these intensity changes.

Given the results of this chapter, it is likely that the "blinking" of the MBs ob-

served in Errico et al. (2015) was actually the flashing artifact due to the application

of the SVD filter. Bar Zion et al. (2017) suggests that a physical cause of this blinking

could be movement in and out of the plane of view [129]. However, on the timescales

relevant to ultrafast imaging, this is unlikely to result in a blinking artefact unless

there is sufficiently fast blood flow and a tortuous 3D structure (unlikely in the pla-

nar rat brain vasculature). Misinterpretation of the temporal "blinking" could result

in the misunderstanding that MBs behave similarly to flurophores. That is, their

"blinking" behaviour means that a sparse sparse distribution of isolated scatterers

can be extracted from a high concentration of scatterers.

Perhaps of particular concern for SR is when filtering choices can change the shape

of individual point spread functions. As observed in Figure 2-23(C), the smearing arti-

fact can lead to distortion of the MB signal. This could cause shifts in the localisation

positions. In addition, if either the smearing or splitting artifacts result in adding

MB signals to frames where they did not originally exist, this would lead to recording

a higher density of MBs than really exist in that region. Christensen-Jeffries, (2015),

used SRUS techniques to count MB in lower limb vasculature to quantify the degree

of peripheral artery disease [202]. The smearing and splitting artifacts would have

implications in such applications. Artifacts which affect the shape of the PSF may

also result in localisations being made outside of the vessel wall, causing blurring.

SVD has also been used in other SR approaches to separate tissue and MB such

as deep-ULM imaging [165]. It would be interesting to investigate the interaction of

such artifacts on this method where the signal is learned. The work in this chapter
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has shown that, if the training set only includes modelled Gaussian PSFs (as was

performed by van Sloun et al., (2019)) there will be significant discrepancies between

these signals and those after SVD filtering.

2.6.4 General limitations of the simulation:

Simplistic motion

The MB motion considered here has been very simplistic and the tissue has been kept

stationary. A key limitation of this study is that the effect of tissue motion has not

been investigated. Demené et al. (2015) emphasises the superior contrast to noise

ratio achievable by SVD compared to traditional temporal filtering techniques [142].

However, a fair comparison of these techniques in the presence of motion is not trivial.

In previous literature, motion has been limited experimentally by using a stereotactic

frame [116] or rejection of frames with significant movement [121, 140]. Future work

will investigate how small tissue movements likely to remain, for example due to ves-

sel pulsatility, would affect each MB detection method. For performing SR on data

with more significant movement post processing motion detection methods have been

applied [136, 144]. Harput et al. (2018) recently applied a two-stage motion correc-

tion approach for non-rigid and affine motion to improve SR imaging. Here motion

estimation was performed on B-mode images and then used to remove the motion

from contrast enhanced images before the localisation of isolated MBs. Hingot et al.

(2017) used SVD twice; first to separate the strongest tissue components which can

be used to make an estimation of the motion, and second (with different thresholding)

to detect MBs. The localisations were corrected following the MB detection using

the tissue motion estimate. The order in which MB detection techniques and motion

correction methods should be applied is a topic for future research. Simulations have

suggested that motion correction techniques on B-mode data can be associated with

errors on the order of tens of microns [136], which is comparable to the SR precisions

reported in this work. Moreover, there are many types of motion to consider, from

the periodic respiratory motion, to more unpredictable movements such as muscle

142



Chapter 2 2.6. Discussion

spasms and probe motion. To comprehensively compare how motion will influence

the choice of detection method, different types of motion should be simulated followed

by an appropriate motion correction technique with its associated error. This will

need to be investigated in future work.

To investigate the effect of MB velocity without the results being affected by

factors such as position in the FOV, simple linear movement in the centre of the FOV

was modelled for each set of parameters. For other research questions, it may be

more relevant to move the MBs along a path better representing a vasculature tree.

For example, Dencks et al. (2016) simulated flowing MBs as events flowing along

3D random vessels trees with varying speeds [141]. The vasculature architecture was

controlled by varying the number of branches and the number of bifurcations per

branch. The MB velocity decreased with increasing branching to mimic the blood

flow in real vasculature. This simulation helped to investigate the efficacy of tracking

algorithms when the location of the MB was well known. Due to the MB signal only

being simulated as a localised event, this simulation did not include the physics of

US or MBs. It would be interesting to incorporate these random vessel trees into the

more realistic simulation presented in this chapter.

The use of k-Wave means that the sources of signal must be defined on a grid.

This imposes the restriction that movement on the micron level requires that tissue

and MBs must be simulated separately if they are to move relative to each other since

performing the simulation on a micron scale grid would be computationally unfeasible.

Thus the simulation is a coherent combination of the tissue and MB responses. This

means that reflections from impedance boundaries in the tissue of the MB signal will

not be included.

Two-dimensional simulation

There are issues with simulating 3D phenomena using a 2D model. For example,

movement in the elevational direction has not been incorporated. Acquiring 2D SR

images of 3D structures can be of limited value due to the smearing of the information

in the elevational direction. At present, this simulation will not be able to consider
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this behaviour.

Ideally, these simulations should be performed in 3D. The time required to cal-

culate a single MB signal was approximately 13 minutes in 2D. This then had to be

repeated for the varying parameters like speed/direction, frequency and phase, all

at the six different MB radii and over the stack sizes required for SVD processing.

The long simulation time associated with k-Wave is the compromise for being able

to realistically simulate wave propagation at each point in time and space. This was

already performed using GPU optimised code which has been reported to have an

order of magnitude increase in computational speed compared to a 4 core CPU [182],

and for a relatively shallow MB depth of 7 mm. However, if this simulation was to

be performed in 3D the simulation time would increase even further. For example, a

single time step in 2D, with a grid size of 2562 grid points, is 8 ms using a GPU. In

3D, using a grid size 2563 grid points, is 500 ms. Thus, at present, it is much more

feasible to use a 2D k-Wave simulation.

Missing physics

This simulation only modelled isolated MBs. Although this assumption is also used

even for experimental work, more complex interactions may affect SR. The Secondary

Bjerkes force [176] describes the coupling of the oscillations between neighbouring

MBs. This force decays by the inverse square of the bubble separation. In addi-

tion, neither MB destruction/dissolution nor movement due to the primary Bjerkes

force [203] have been included. Future work could look at integrating these into the

simulation.

2.7 Conclusion

One outcome of this chapter has been the development of a MB and tissue non-linear

simulation platform. This software could be used to answer research questions in

CEUS which are not possible to realistically explore using existing software.

The primary research aim of this chapter was to improve understanding of how
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different MB detection techniques can impact the SR process and explore some of the

factors influencing the suitability of each. This work has shown that the choice of

detection technique is not trivial. Instead, it can dramatically change the shape and

intensity of extracted signals and the resulting localisation positions. Localisations

using the signals extracted using SVD and DI are dependent on the speed and direc-

tion of the blood flow being imaged. Under slow flow physiological conditions DI has

too low a CTR and localisation precision to be useful. This work suggests that PI

is a more appropriate technique for accurately imaging the microvascular flow simu-

lated here. PI is most effective at centre transmit frequencies ≤ 3 MHz - assuming a

probe with sufficiently high bandwidth is available. SVD localisation had improved

precisions at higher frequencies, where results showed that SVD performed on data

acquired at a higher transmit frequency of 6 MHz would provide better overall CTR

and precision than PI performed at 2 MHz. However, the variation in accuracy for

SVD over the speed range studied here will cause distortion of the structural infor-

mation. In particular this may affect the visualisation of regions where there are a

range of difference vessel sizes and flow rates. For example, branching vasculature

such as that from arterioles to capillaries may be misrepresented. Overall, this veloc-

ity dependence of DI and SVD mean that they are less suitable for visualisation of

tumour microvasculature than PI.

The development of the simulation also enabled collaboration with other group

members of the ULIS lab, J. Zhu and K. Riemer, to investigate artifacts which can be

caused by SVD filtering. The flashing and smearing artifacts which could be observed

in simulation were also observed in in vitro and clinical data. The simulation allowed

the effect of stack size, frame rate, initial CTR and blood velocity on the SVD filtered

data to be investigated using a well understood ground truth. The incidence of the

same artifacts in in vitro and clinical data confirmed that the simulation was realistic

enough to show real phenomena.

Overall, this work has developed a simulation platform suitable for investigating

SRUS. The application of this simulation to the investigation of SRUS detection

methods showed that care should be taken when making processing and acquisition
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choices for SRUS. There has been much work in the literature showing that SRUS

can generate images from a range of targets using various protocols. However, it is

important for future research to consider and understand the effect any acquisition

and processing choices may have on the final images.
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Development of Simultaneous Optical

Imaging and Super-Resolution

Ultrasound

3.1 Abstract

Currently, all detected MB signals are localised without consideration of their indi-

vidual surroundings. However, the MB signal is not as easy to predict as the system

PSF when imaging a linear scatterer. Despite accuracy on the order of microns being

reported in SRUS, it is currently not possible to quantify error that may be introduced

due to variation in the MB responses.

This work combines high frame rate plane wave ultrasound acquisition with a

coincident optical microscope visualising the SR imaging of a 200 𝜇m cellulose tube.

An adjustable aperture has been introduced into the optical microscope to extend

the optical depth of field (DOF) over the phantom.

The results showed that the introduction of the aperture enabled modest extension

of DOF over 50 𝜇m about the optical focus. Experimental verification found that,

at flow rates of ≤ 15 𝜇l/min, MBs are more likely to be detected over the top half

of the tube phantom. Modelling of the parabolic flow suggested that buoyancy was
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strong enough to cause the MBs to concentrate in the top portion of the tubing. The

simultaneous optical and acoustic data suggested that obtaining SRUS images at flow

rates most relevant to microvascular flow was more challenging than expected. At

flow rates of ≤ 15 𝜇l/min it is difficult to achieve a constant, active, concentration

of MBs compared to the faster flow rate of 50 𝜇l/min used in previous work. If the

cellulose tube phantom used in this work is realistic, this may have implications for

the applicability of SRUS for visualising the smallest vessels.

Investigations incorporating a ground truth, like this one, will allow different fac-

tors affecting the success of SRUS and sources of error to be identified, quantified and

limited.

3.2 Introduction

SRUS methods which localise isolated MBs require an understanding of the relation-

ship between MB response and position. However, it is well known that factors like

MB size [92, 191, 204], nearby MBs [79, 82] and boundaries [77, 205, 206] will affect

the individual MB signals. More work is required to determine how the environment

of the MBs may affect their signal and thus the quality of super-resolution images. In

this chapter optical microscopy performed simultaneously with the SRUS is developed

in order to provide an experimental ground truth of SRUS.

3.2.1 Previous examples of optical microscopy in combination

with US imaging

There have been multiple optical studies of MB dynamics [76, 77, 78, 82, 204, 206, 207,

208, 209, 210, 211, 212, 213], but none in the context of SRUS. Optical studies have

enabled the effects of the first and second radiation forces to be observed [79, 82]. As

the frame rate and data storage capabilities of optical cameras have increased, there

has been more focus on imaging the oscillating MB wall in response to a pulse, using

streak images [204, 211, 213] for example. The current most advanced imaging sys-
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tems are the Brandaris 128 camera [214] and UPMC camera [215] which can achieve

frame rates up to 25 Mfps using a rotating mirror system directing light to a series

of CCD cameras. Even more recently, the Brandaris 128 camera has been combined

with a confocal microscope to better image MBs interacting with cells [83]. Alterna-

tively, light scattering can be used to measure the radial oscillations of MBs. This

has the benefit of enabling higher throughput than high speed optical measurements

[81, 216, 217]. A common challenge for the majority of approaches is the isolation

and confinement of single MBs. This can be achieved by simply using a very low

concentration and allowing MB to float against a wall [206], attaching to a surface

[209], hydrodynamically focussed flow [217] or optical tweezers [77, 218]. Isolation and

confinement are useful for studying some phenomena in a controlled manner, however

there is concern that such confinement may affect the MB behaviour. For this work,

confined MBs are not especially relevant to SRUS and instead it was preferable to

image a flowing, dilute concentration of MBs as are used for SRUS. Additionally, the

temporal resolution does not need to capture shell oscillation, only be able to match

MBs appearing in the optical image with the acoustic image. Nonetheless, examining

the previous literature from the optical imaging of MBs helps to inform on some of

the factors which may affect the MB signal.

3.2.2 Motivation: MB size

Perhaps the simplest measure the optical setup can generate is that of the MB size.

Of particular benefit is that MBs of the same size are expected to respond in the same

way to the same incidence pulse. Therefore the signals and thus localisations should

have less erroneous variation. Some groups have begun to investigate how MB size

could be tuned for SRUS [122, 196]. However, there is evidence to suggest that MBs

of the same size can have significantly different acoustic responses to the same pulse

[208], perhaps due to varying shell composition [83]. Thus much is still uncertain

about the role of MB size, and more specifically whether a monodisperse population

would be beneficial for super-resolution. Having sufficient optical observations of SR

localisations using a polydisperse MB population may allow the influence of having
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a polydisperse population to be assessed.

3.2.3 Motivation: MB environment

The effect of the MB environment, such as boundaries and nearby MBs, have been

investigated using optical observation. For example, Caskey et al., 2006, showed that

a significantly increased expansion ratio using 25 𝜇m PMMA tubing compared to 12

𝜇m [205]. This was not because the MB was expanding beyond the diameter of the

tube, for example, a 2.5 𝜇m bubble did not significantly expand beyond its resting

radius in 12 𝜇m tubing. Similar results were found when comparing MB oscillation

in ex vivo microvessels (which should have a realistic compliance which also affects

MB response [148]) compared to oscillations in a 200 𝜇m tube [219]. These were

important studies as they were the first experimental demonstrations showing that

MBs respond significantly different in small vessels compared to within a large volume

of fluid. The MB response is also affected by other MBs in their proximity. Previous

authors have used optics to show the coalescence of MBs due to the secondary Bjerkes

force [79, 82]. Moreover, there are other less reported behaviour such as a "protective

effect" of having nearby MBs which improves MB persistence [209]. The position in

the FOV is also important. The PSF will vary spatially and can be estimated using

calibration and simulation. An optical ground truth will enable assurance that the

MB response changes as expected given different FOV position. More work needs

to be done to understand the implications of these general factors which affect MB

response on SRUS.

When imaging superficial structures, it can be possible to determine a ground

truth using conventional microscopy [124]. Otherwise, in vivo, the improvement due

to super-resolution techniques has widely been quantified by determining the full

width half maximum (FWHM) of vessels [116, 121, 136]. However, these approaches

only allow an overall assessment of the SR performance, and the latter has no con-

firmation of whether the vessels sizes are accurate. Ideally, it would be possible to

allow the contributions of individual MBs to the SR image to be investigated. Gen-

erally, localisation of an isolated MB relies on knowledge of the system PSF and the
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assumption that the MB response will be approximately similar. As introduced by

Christensen-Jeffries (2016), characteristics of the MB signal such as eccentricity, area,

power and axis length can be used to further differentiate isolated signals from mul-

tiple MB signals and noise [202]. However, perhaps the sensitivity and specificity of

this threshold could be improved if the factors which affect the MB signals could be

better understood. For example, given that the estimated SR precision is of the order

of a few microns [115, 164], it is unexpected that many of the profiles of density maps

have a Gaussian shape. Instead, a top-hat profile would be expected [115]. This could

be due to differences in how the MBs respond depending on their environment. For

example, Viessmann et al., (2013) suggests that perhaps more of the slowly moving

MBs at the tube edge are destroyed compared to the faster centre MBs, or there is

more damping due to the tube boundaries. There is motivation to use an optical

ground truth to provide insight into what may be causing these unexpected profiles.

Therefore, this chapter uses the same 200 𝜇m diameter cellulose tubing used in the

previous work by Viessmann et al., (2013).

3.2.4 Motivation: validation of MB tracking

One particularly important application for a simultaneous optical ground truth would

be validation of MB tracking algorithms. There has been a range of techniques

developed and implemented in the literature, as explained in subsection 1.6.7 of the

introduction. Given that the potential to image microvasculature flow to aid diagnosis

and monitoring of various diseases, notably diabetes [220] and cancer [168], there is

increased motivation to quantify and compare the efficacy of such techniques. Having

a ground truth of the MB tracking would allow the techniques to be refined, and

the trade-offs between increasing accuracy but also increasing computational load to

be better quantified. The previous chapter also discussed how the MB velocity can

change the detected signal, depending on the detection method used. It would be

interesting to experimentally validate these in silico results and explore how detection

methods affect the performance of tracking methods.
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3.2.5 Depth of field considerations

One problematic issue with simultaneous optical and acoustic imaging of a flowing

MB population, which has not been addressed in previous literature, is the mismatch

between the relative DOF of the acoustic and optical observation. The DOF is the

distance over which the object being imaged can be resolved. Due to the significantly

larger acoustic DOF, as shown in Figure 3-1(A), it is likely that a MB that appears

isolated in the optical image will be affected by MBs visible in the larger acoustic

FOV.

Optical DOF
≈ 2 μmAcoustic 

DOF

200 μm

US probe

Microscope

Light rays

Tube diam
eter

Acoustic field

Cellulose tube

Figure 3-1: Comparing DOFs of plane wave US imaging and wide field optical mi-
croscopy for imaging 200 𝜇m cellulose tubing.

Reducing the numerical aperture (NA) of a system can increase the DOF, but

also reduce the resolution (∆𝑟) as shown by Equations 3.1 and 3.2:

∆𝑟 = 0.51
𝜆

NA
(3.1)

DOF =
𝑛 ·𝜆
NA2 +

𝑛 · 𝑒
𝑀 ·NA

(3.2)
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where 𝜆 is the wavelength, e is the pixel size, M is the magnification and n is the

refractive index of the surrounding medium.

The NA is given by:

NA = 𝑛sin𝜃 ≈ 𝑛
𝐷

2𝑓
(3.3)

where 𝜃 is the maximum half angle of the cone of light entering the lens (as shown

in Figure 3-2 (A)), D is the aperture diameter and f is focal length of the objective.

Figure 3-2: Importance of NA. (A) shows how the range of angles accepted by the
lens depends on the lens focal length (f) and the physical diameter of the lens (D). (B)
shows how the increasing NA leads to decreasing DOF but better resolution. There
can be some (purple shading) overlap between the reasonable resolution and DOF
values for imaging SRUS phantoms.

3.2.6 Chapter Outline

One aim of this chapter was to demonstrate the use of an adjustable optical aperture

to extend the DOF. Plotting Equation 3.1 and 3.2, as in Figure 3-2 (A)) shows

that it is possible to achieve an overlap between suitable resolution and DOF. A

water immersive objective with suitable NA and magnification was not commercially
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available. Thus an adjustable aperture was introduced to provide the flexibility of

reducing the NA without changing the magnification.

This chapter describes the optical setup incorporated with the SRUS setup. Ini-

tially, improvement to the DOF using an adjustable aperture is characterised using

an optical resolution target and then tested on MBs resting on the cellulose tubing.

Trajectories of MB flow within the tube were modelled and experimentally verified

using the optical setup. Simultaneous optical and acoustic data were collected with

the aim of determining how MB environment will affect the localisations.

3.3 Methods

3.3.1 Initial optical setup

Initially the image formed by a water immersion x40 microscope (NA = 0.8, work-

ing distance = 3.3 mm) (LUMPLANFLN, Olympus, Tokyo, Japan) was recorded

using a digital camera (Canon Powershot SX240 HS, Canon, Tokyo, Japan) which

could record at a frame rate of 240 fps. This optical setup was focused on to a 200

𝜇m cellulose tube (Hemophan R○, Membrana, Wuppertal, Germany), secured near the

surface of a gas equilibrated water tank, with a low concentration of flowing MBs

(Sonovue𝑇𝑀 , Bracco Imaging SpA, Milan, Italy). A syringe pump (SP210 IWZ sy-

ringe pump, World Precision Instruments, Stevenage, UK) was used to control the

flow speed. A light source was incorporated beneath the target using waterproof fi-

bre optic tubing. The tubing was coupled to a XYZ stage made from three single

axis stages (DTS25/M, Thorlabs, New Jersey, United States) and one angle bracket

(DTSA03/M, Thorlabs, New Jersey, United States) and secured onto the optical

bench. The camera and microscope were not attached to a micrometer stage. During

initial experiments several issues with the simple setup were identified. The cellulose

tube was subject to vibration with an amplitude on the order of micrometres. Due

to the difficulty of coupling the bulky camera to the optomechanical support and lens

tube, the camera/objective position could not be adjusted. It also became evident
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that the DOF of the optics was very limited and would only be able to be focused

in a narrow regions of the acoustic FOV. Visualisation was also hampered by the

non-uniform illumination.

Thus several improvements were required:

∙ Damped posts (DP14A/M, Thorlabs) were used to make any contact with the

optical bench. The posts supported the micrometer stages using mounting

post brackets (C1515/M, Thorlabs). The optical bench was inflated, and any

necessary electrical equipment, which may generate vibrations, were removed

from the surface.

∙ A more suitable CMOS sensor (xiQ USB3, XIMEA) was incorporated to replace

the previous camera. This was more compact and could be easily secured to

the lens tube and also an XYZ stage.

∙ A diffuser (DG10-600, Thorlabs) was added above the optical fibre output to

improve the light source uniformity.

∙ A higher resolution z-axis stage (SM1ZP/M, Thorlabs) was coupled to the ob-

jective to enable finer focusing (1 𝜇m adjustments).

∙ An adjustable aperture (SM1D12C, Thorlabs) was introduced to improve the

DOF.
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3.3.2 Final optical setup

Figure 3-3: Optical setup. (A) shows a labelled diagram of the optical observation of
MB flow in a cellulose tube and (B) is a schematic of the image formation within the
optical tubes.

Figure 3-3(A) shows a labelled image of the optical setup. The left hand branch shows

the CMOS sensor attached to the 6" extension tube (SM1E60, Thorlabs) attached

to a 3" slotted lens tube (SM1L30C, Thorlabs) containing a tube lens of focal length

12.5 cm (AC254-125-A, Thorlabs) or 20 cm (AC254-200-A, Thorlabs) depending on

the magnification required. The objective was designed to work with the 20 cm focal

length lens and enable higher magnification images of the MBs, however the in plane

FOV was smaller than the ≈ 200 𝜇m tube width. Thus the 12.5 cm focal length

lens was used when it was necessary to image the full extent of the tube. A diagram

of the internal optics is proved in 3-3(B). The slotted lens tube was connected to

the high resolution Z stage which supported the objective lens. Parallel to the lens,

optomechanical posts were used to hold the fibre optic tubing below the diffuser. The

camera was connected to a laptop (Latitude E6540, Dell, Texas, US) using a Micro-B
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connector (Ximea).

The right hand branch supported the target to be imaged. Two optical posts

(TR50/M, Thorlabs) with grooves cut to support the butterfly needles attached to

the cellulose tubing were held by a perpendicular post which could be moved using a

XYZ micrometer stage.

3.3.3 Resolution characterisation

The resolution over the DOF was characterised using a sector star resolution target

(R1L1S3P, ThorLabs) as shown in Figure 3-4(A), where contrast between bright and

dark bars provides a measure of resolution. The smallest resolution measurable was

115 lp/mm. This corresponded to a bar width of 4.3 𝜇m. Resolution is generally

quantified using these targets in terms of modulation period, which is the width over

a dark and white bar. The highest resolution corresponded to a modulation period

of 8.6 𝜇m.

Using the tube lens with a focal length of 20 cm, profiles at the smallest possible

radii were obtained at the focus and at 100 𝜇m from the focus using the full aperture

(12 mm in diameter) and 4 mm aperture. The aperture 4 mm in diameter was used as

it was the smallest possible to avoid obscuring the image. A small degree of movement

of the target occurred when adjusting the axial position, this was corrected for using

a simple 2D cross-correlation motion correction using the MATLAB function (xcorr).

A more detailed characterisation was done with the lens of focal length 12.5 cm

because this had the most suitable magnification to allow the full tube to be visualised

in a single frame. Contrast was calculated by measuring the intensity profile over arcs

at 4 𝜇m intervals, a subset of these arcs are shown in Figure 3-4(B). The difference

between the mean value of the maxima and minima of the profile is reported as the

contrast. This was repeated over each aperture diameter and (1-12 mm) and 200 𝜇m

about the focal plane in 10 𝜇m steps to assess the extent to which the DOF could be

extended.
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Figure 3-4: Quantification of optical resolution using a resolution target. (A) is an
image of the optical target, adapted from (Thorlabs.com, 2019), where the scale bar
corresponds to 1 mm. (B) shows an example image of optical target with the green
lines indicating where intensity profiles were calculated.

It is more challenging to do a similar experiment using MBs because it is possible

that they may move or dissolve, and thus it is difficult to compare the images of

the same MBs over different distances from the focus and using different aperture

sizes. However, it is necessary to check whether any improvements quantified using

the target will make a meaningful difference when imaging MBs. Using both lenses,

MBs resting on the tube of the cellulose tube were imaged at a range of apertures

and distances from the focus.

Using the 20 cm lens, a MB of radius approximately 1 𝜇m was imaged over a

DOF of 100 𝜇m moving the optical focus from 50 𝜇m above the MB position to 50

𝜇m below the MB position.

For the 12 cm lens, a distribution of MBs resting on top of the cellulose tube were

imaged using 2 mm, 4 mm and full aperture and up to 50 𝜇m from the focus. Thresh-

olding was empirically applied and any 8-connected objects were extracted from the

background using the MATLAB function "bwlabel()". This allowed qualitative as-

sessment of how well MBs could be distinguished from the background under each

set of microscope conditions.
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3.3.4 In vitro optical flow characterisation

A dilute MB solution was drawn through a 200 𝜇m cellulose tube using a syringe

pump. The images from the optical setup were affected by flow speed, thus some

preliminary data was collected at a range of speeds to assess the most appropriate

flow rate to use in future experiments (5 𝜇l/min,15 𝜇l/min and 50 𝜇l/min).

Flow rates 5 𝜇l/min and 15 𝜇l/min were appropriate for the frame rate of the

camera but 50 𝜇l/min was too fast to capture. Using the lower flow rates, it was

empirically observed that MBs could only be optically detected over the upper half

of the tube. To confirm this, using the widest possible aperture, the MB flow was

characterised at 10 𝜇m increments across the extent of the tube to map the MB

flow distribution for 5 𝜇l/min and 15 𝜇l/min. The average number of MBs per

frame were determined in MATLAB using the "imfindcircles()" function. These were

characterised as MBs depending on their contrast compared to the background, size,

and position (i.e. detections outside the tube walls and signals where there are marks

on the lens were rejected). The algorithm was tested on an empty tube with no MBs

to test to what extent the algorithm was affected by marks on the tube/dust on the

lens.

3.3.5 In silico flow

The experimental results were compared with theory by modelling the MB parabolic

flow. This simple model assumed that the parabolic flow was fully developed when

exiting the needle. The maximum lateral velocity modelled corresponded to a flow

rate of 50 𝜇l/min as previously demonstrated to work for a similar setup [147]. Mean

flow rates of 5 𝜇l/min and 15 𝜇l/min, used in the in vitro imaging of this chapter,

were also simulated. The slowest simulated flow rate, corresponding to a maximum

lateral velocity of 1 mm/s, was used to model flow in the smallest vessels. The initial

axial velocity (v0) was 0. The vertical equation of motion was formulated considering

buoyancy, gravity and drag. The axial equation of motion was:
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𝐹 unbalanced = 𝐹 buoyancy − 𝐹 gravity − 𝐹 drag (3.4)

𝑚
𝑑𝑣

𝑑𝑡
= 𝜌𝑔𝑉 −𝑚𝑔 − 6𝜋𝜂𝑅𝑣 (3.5)

where force is given by 𝐹 , 𝑚 is MB mass, 𝑡 is time, 𝜌 is liquid density (1000 kgm−3),

g is acceleration due to gravity (9.8 ms−2) and 𝜂 is liquid dynamic viscosity (8.9x10−4

Pas).

The MB mass, for each MB size, was calculated assuming a sphere at atmospheric

pressure and adding the estimated weights of the inner gas (molar mass of SF6 =

146.1 g/mol) and shell lipids (molar mass of DSPC = 790.1 g/mol and molar mass

of DPPG-Na = 801.01 g/mol, 1:1 mixture of both phospholipids. The area per lipid

was estimated to be 0.4 nm2 as used in Marmottant et al., (2005) [80].

The equation for the lateral speed was assumed to be parabolic flow, as shown in

Figure 3-5:

𝑢 = 𝑢0(1 − (
𝑦(𝑡)

𝑑
)2) (3.6)

where 𝑑 is the tube radius (100 𝜇m) and 𝑦(𝑡) is the axial MB position.

Figure 3-5: Schematic of parabolic flow in a 200 𝜇m tube.

This model was used to estimate the trajectories of MBs across the tube extent.

3.3.6 Simultaneous imaging

Optical data was collected before and after the triggering of plane wave ultrasound

using an ULA-OP system (MSD Lab, University of Florence). A LA332 (Esaote,
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Genoa, Italy) probe was operated at a centre frequency of 4 MHz, with contrast

sequence (1,-1, +0.5), as explained in the introduction section 1.3.10. The pulse

repetition was chosen to be 400 Hz, as this had been shown to be successful for

SRUS in previous work (Christensen-Jeffries et al., 2017). The contrast images were

processed using amplitude modulation to give a frame rate of 133 Hz. Pulse amplitude

was chosen such that MBs were not significantly diminished by destruction over the

acquisition. The optical camera was used at a frame rate of approximately 99.0 ±

5.1 Hz. The US probe was aligned approximately parallel to the cellulose tube. The

microscope was positioned above the cellulose tube and aligned along the vertical

direction - approximately perpendicular to the direction of US propagation.

Alignment

Alignment of the modalities was achieved using the tip of a pipette which was threaded

on to the cellulose tubes before connection to the butterfly needles as shown in Figure

3-6(A). Alignment was achieved when the pipette tip was in the FOV of the optical

camera and could also be observed in the US image as shown in Figure 3-6(B).

Pipette 
tip signal

Imaging target BA
Pipette tip

Butterfly 
needle

Cellulose 
tube

Pipette tip

Cellulose tube

Ultrasound alignment

Figure 3-6: Alignment of simultaneous optical and US imaging. (A) shows how a
pipette tip was threaded onto the cellulose tube phantom and was used to generate
a strong signal in the US image as shown in (B).
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Triggering

Both the camera and ULA-OP was controlled and triggered in MATLAB. Generally,

50 optical frames were collected, before the acoustic imaging was triggered and a

further 200 optical frames collected.

Choice of flow rate

A flow rate of 15 𝜇l/min was chosen as an appropriate speed for the optical imaging.

Due to challenges acquiring US data at this speed, which will be discussed in the

following sections, data was also collected at a flow rate of 50 𝜇l/min for comparison.

Choice of pulse amplitude

The US pulse amplitude appropriate for imaging a flow rate of 15 𝜇l/min was in-

vestigated using the optical setup. 50 optical frames were collected before the US

pulse, and 50 optical frames collected during the contrast imaging sequence described

previously. The average number of MBs per frame were counted using the algorithm

described previously, based on the "imfindcircles()" MATLAB function. Whether

there was a significant level of MB destruction was assessed by performing a two-

sample t-test using the MATLAB "ttest2()" function. The alternative hypothesis

tested was, whether the mean number of MBs detected before the US sequences was

greater than the mean number of MBs detected after the US sequence. The null

hypothesis was rejected at a significance level of 5 %. It was not assumed that the

two distributions would have equal variances. This was repeated over the full range

of ULA-OP pulse amplitude settings by adjusting the amplitude of each pulse in the

contrast sequence from 0 to 1 in 0.1 steps. See Appendix C for the relationship be-

tween the ULA-OP amplitude setting and the peak negative pressure in MPa and/or

MI.

An ULA-OP pulse amplitude of 0.2 was chosen as one which did not destroy

the MBs but still generated adequate contrast signal at a flow rate of 15 𝜇l/min.

Simultaneous optical and acoustic data were collected at this amplitude.
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Choice of receive gain

Due to concerns over saturation of the tube signal at the receive gains required to

capture weak MB signals, the pulse sequence was adapted to acquire data at different

gains over successive pulses. In this chapter, low gain data collected at a gain of

30 dB and at a high gain of 46 dB using a MB flow rate of 50 𝜇l/min and without

MBs are presented. The motivation for this will be covered more thoroughly in the

discussion section 3.5.4 and the following chapter.

Calculation of MB sizes

When required, the radii of MBs were calculated by binarising the image such that the

pixel values greater than the mean plus three standard deviations of the background

signal were set to 1. All pixels under this threshold were set to 0. Then a region

containing the MB to be measured was extracted and "imfindcircles" function was

used to determine the MB radius.

163



Chapter 3 3.4. Results

3.4 Results

3.4.1 Effect of adjustable aperture.
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Figure 3-7: Contrast quantification using a lens with focal length of 20 cm. (A)
Images of the star sector resolution target at the optical focus and 100 𝜇m from the
focus. Reduced aperture images correspond to an aperture size of 4 mm. (B) Profiles
were taken at the same radii to visualise the resolution variation. (C) Example image
of microbubble detected over a field of view of 50 𝜇m using the 4 mm aperture.

Figure 3-7(A) shows how the introduction of the aperture enabled the smallest struc-

ture in the resolution target, 4.4 𝜇m, to be resolved at a distance of 100 𝜇m from

the optical focus when using the tube lens of focal length 20 cm. An aperture 4 mm

in diameter was used as it was the smallest possible to avoid obscuring the image.

Figure 3-7(B) shows the profiles taken at the smallest possible radii. At 100 𝜇m from
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the focus, without any aperture, the image is blurred such that the amplitude plot

(green) is flat. When the aperture is reduced (cyan), more variation in amplitude can

be observed at 100 𝜇m from the focus. An example MB image of a MB resting at the

top surface of the cellulose tubing is shown in Figure 3-7(C) over a DOF of 50 𝜇m.

A more detailed characterisation was done with the lens of focal length 12.5 cm

because this had the most suitable magnification to allow the full tube to be visualised

in a single frame. Thus the 12.5 mm lens was used for all the following results figures.

The contrast at three positions are shown over the full range of modulation periods in

Figure 3-8(A). Figure 3-8(B) shows that the most improvement in contrast could be

achieved over the range 10 - 50 𝜇m from the optical focus. Overall Figure 3-8 shows

that the restricted aperture caused a negligible improvement in contrast at the focus

and far from the focus, but was most beneficial in between.
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Figure 3-8: Characterisation of optical DOF and resolution with a lens of focal length
12.5 cm. (A) Plotting contrast over resolution at 100 𝜇m, 50 𝜇m and 0 𝜇m from the
focus for the full aperture and 4 mm aperture. (B) The average difference in contrast
between the full aperture and 4mm aperture, calculated as an average over all periods
of modulation measured and at 10 𝜇m increments away from the focus is shown.

Figure 3-9 shows the results of the imaging MBs at varying apertures and distances

from the focus. Figure 3-9(A) shows the effect of decreasing the aperture size down to

2 mm, where the FOV began to be obstructed. Figure 3-9(B) shows how decreasing

the aperture size did allow an improvement in the number of MBs which could be

detected at 25 𝜇m and 50 𝜇m away from the focus. The white ROIs in Figure 3-

165



Chapter 3 3.4. Results

9(B-C) show MBs which would not have been detected if the full aperture (12 mm)

was used. More distinct regions of MBs are also observed when using the reduced

aperture compared to the full aperture, showing improved resolution at a distance

from the focus.

Full Aperture: 25 μm from focus

4 mm Aperture: 25 μm from focus

Binarised Image Detected MBsExample Frame

Full Aperture: 50 μm from focus

4 mm Aperture: 50 μm from focus

In focus MBs
Full Aperture

4mm Aperture

A

2 mm Aperture

Binarised Image Detected MBsExample Frame

B

C

Figure 3-9: Effect of reduced aperture on MB imaging. (A) shows in focus images
of MBs resting on the top of the cellulose tube using the full 12 mm aperture (top),
a 4 mm aperture (middle) and 2 mm aperture (bottom). (B) shows images 25 𝜇m
from the focus (left), which were binarised (middle) and then regions of 8-connected
components identified. The white square indicates regions where better separation
of the MBs and background was achieved using a smaller aperture. (C) shows the
results of repeating the process in (B) at 50 𝜇m from the focus.
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3.4.2 In silico characterisation of MB flow in tube

Modelling of the MB flow considering drag, gravity, buoyancy and parabolic flow

showed that buoyancy would be expected to have a significant effect over a range

of MB flow speeds. The tube position which is optically observed in experiments is

generally around 4-5 cm from the needle junction. Figure 3-10 shows that only the

smallest MBs (of radius < 1 𝜇m) will be found in the upper 50 𝜇m of the tube after

flowing a distance of 5 cm with a maximum speed, of 1 mm/s. As the speed increases

to match one of the experimentally used flow rates of 5 𝜇l/min MBs of radius ≤ 2 𝜇m

are predicted to flow in the imaged tube region. For a flow rate of 15 𝜇l/min MBs

≤ 4 𝜇m are expected to enter the FOV. At a flow rate of 50 𝜇l/min the full range of

MB sizes considered are expected to contribute to the acoustic imaging.
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Mean Flow rate: 1 μl/min

Mean Flow rate: 50 μl/min

Mean Flow rate: 15 μl/min

Mean Flow rate: 5 μl/min

Figure 3-10: Modelling the MB trajectories. The paths of MBs, of 5 radii, are
plotted for flow rates of 1 𝜇l/min (corresponding to max. speed of 1 mm/s), 5
𝜇l/min, 15 𝜇l/min and 50 𝜇l/min where the colormap is in terms of (mm/s) for
easier interpretation.
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3.4.3 In vitro characterisation of MB flow in tube

Figure 3-11(A) provides a qualitative example of any image taken at a flow rate of

50 𝜇l/min, where streaks are observed instead of well resolved MB images. This

illustrates why higher flow speeds are more challenging to capture with the optical

camera.

Example frame: 50 μl/min flow  A

Characterising Flow Over TubeC

Tube Top Surface

30 μm from Tube Top Surface

Tube centre 

Tube Bottom Surface 

B

Detected MB
Removed Detection

Figure 3-11: In vitro measurements of MB flow in the tube. (A) shows the challenge
of optically imaging MBs flowing at 50 𝜇l/min. (B) shows example images at different
axial positions in the tube, at a flow rate of 15 𝜇l/min. The green circles show the
signals the algorithm has identified as MBs and the red circles are those detections
which have been filtered out due to being at locations where there is a dust on the
lens or locations outside the tube walls. (C) collates the results of the MB counting
algorithm at different positions in the tube at a flow rate of 5 𝜇l/min (blue) and 15
𝜇l/min (red).

As presented in the example frames in Figure 3-11(B) the MBs were qualitatively

observed to be concentrated in the upper portion of the tube for these slow flows. The

green circles show the signals the algorithm has identified as MBs. The red circles are

those detections which have been filtered out due to being at locations where there

is dust on the lens or locations outside the tube walls. The curves in Figure 3-11(C)

show this result quantitively. Here the mean is plotted, with error bars corresponding
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to the standard deviation over 100 frames. MBs were most likely to be found in

the top ≈ 30 𝜇m and ≈ 40 𝜇m of the tube for 5 𝜇l/min and 15 𝜇l/min flow rates

respectively.

The image 200 𝜇m from the tube top in Figure 3-11(B) shows how debris which

has sunk to the tube bottom can erroneously be detected as MBs - this explains the

slight increase in the curves in this region. The error of the MB detection code was

determined to be an average of 1.15 false detections per frame by performing the

experiment on an empty tube. This was subtracted from the curves shown in Figure

3-11(C).

3.4.4 Challenges of imaging at slow flows

Figure 3-12 shows some of the challenges of imaging a flowing MB population at

low flow speeds. Using a ULA-OP amplitude of 0.8 and a flow rate of 50 𝜇l/min,

a sparse distribution of MBs appropriate for SRUS can be acoustically imaged, as

shown in Figure 3-12(A). The relatively high pulse amplitude generates a high SNR

for individual MB signals. However, given that the flow is from left to right, MB

destruction can be observed after the MBs have spent more time in the FOV. When

imaging a flow rate of 15 𝜇l/min the MB signal is initially strong, however all MBs

are rapidly destroyed over < 100 frames and the flow rate is too slow to replenish the

FOV.

Figure 3-12(B) shows the simultaneous optical imaging alongside the acoustic

measurements at 15 𝜇l/min presented in (A). Immediately before the US imaging

four MBs can be observed flowing in the optical FOV, these are seen more clearly

in the difference image (top right panel of Figure 3-12(B)). After the US is initiated,

the MBs, labelled 3 and 4 (2.0 𝜇m and 2.1 𝜇m in radius), were observed to rapidly

decelerate and float to the top of the tube. Only very small MBs (1.2 𝜇m and 1.1

𝜇m in radius), labelled 5 and 6 continued to flow.
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Figure 3-12: Challenge of US imaging at slow flow rate of 15 𝜇l/min. (A) shows ex-
ample amplitude modulation frames collected using the sample concentration of MBs
and US pulse sequence for MBs flowing at 50 𝜇l/min (top) and 15 𝜇l/min (bottom).
(B) shows optical data collected immediately before US (top) and immediately after
the US acquisition started (bottom). An example optical frame is shown on the left,
and the difference image between successive frames is presented on the right to show
the movement of the MBs between frames

Figure 3-13 shows at which ULA-OP pulse amplitudes the MB destruction is

significant. ULA-OP pulse amplitudes settings of ≥ 0.5 showed significant destruction

to a 5% significance level. See Appendix C for the relationship between the ULA-

OP pulse amplitude setting and peak negative pressure in MPa. For quick reference,

an ULA-OP amplitude setting of 0.5 corresponds to a peak negative pressure of -

0.14 MPa. The number of MBs before the US pulse decreased with respect to pulse

amplitude because MBs which had floated to the tube top were destroyed.
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Figure 3-13: Destruction of MBs at various ULA-OP pulse amplitude settings. See
Appendix C for the relationship between the ULA-OP pulse amplitude setting and
peak negative pressure in MPa. The plot compares the mean number of MBs per
frame before the US (green) compared to after the US (yellow). The value of h is 1
if a significant number of MBs have been destroyed by the US sequence (significance
level of 5%).

3.4.5 Simultaneous acquisition at slow flows

Figure 3-14(A) and Figure 3-14(B) show corresponding acoustic and optical frames

shortly after the acoustic insonation was triggered.
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Figure 3-14: Simultaneous US and optical imaging at an ULA-OP amplitude of 0.2.
(A) shows an example acoustic amplitude modulation frame with MB flow at 15
𝜇l/min and (B) shows the corresponding optical frame. (C) shows how the MB
signals, highlighted by the green box of (A), appear to show two MBs (highlighted
using red and blue circles) passing each other when the images are binarised. (D)
shows the amplitude of using the same concentration of MBs, at a higher flow rate of
50 𝜇l/min.

Initially the results of Figure 3-14 seemed to show that there were fewer bubbles
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observed acoustically (A) than optically (B). When the US frames were thresholded

as shown in Figure 3-14(C) they appeared to show two MBs passing each other.

Figure 3-14(D) shows that individual MB signals collected at a higher flow rate of 50

𝜇l/min, acquired using the same pulse amplitude, showed that the signal amplitude

from MBs spatially separated sufficiently to be acceptable for SR imaging processing

was much less than that observed in (A). Thus, perhaps there is not an expected

mismatch between Figure 3-14(A) and Figure 3-14 (B). Just that the MBs are more

concentrated in some tube regions than others, giving rise to stronger regions of

signals which correspond to more than one MB.

Another, more practical, factor that made SRUS at lower flow speeds more chal-

lenging was simply the lack of movement between frames. When MBs are flowing it

is easier to judge whether a region of contrast is due to two nearby MBs or an iso-

lated MB as the signals will move relative to each other. However, without significant

movement of the MBs during the experiment, with respect to the resolution of the

US image, it was difficult to assess the suitability of the concentration and whether

single MBs were present.

3.5 Discussion

The aim of this work was to develop an optical ground truth of the SRUS process.

When the MB concentration has been tuned to enable the detection of isolated MBs

in the acoustic FOV the distribution of acoustically active MBs is sparse in the US

image, especially compared to the in-plane FOV of the optical imaging (≈ 200 𝜇m).

Perhaps naively, it was expected that if the DOF of the optical system was increased

over the tube extent it would be fairly straightforward to identify individual MBs

in the optical image and match them with their acoustic signal. This would have

enabled the influence of the MB surroundings, size and flow characteristics on the

localisations to be better understood. This work has developed and implemented a

simple optical set-up to investigate the SRUS process. Although the set-up developed

in this chapter did not allow the effect of the MB environment on SRUS to be optically
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validated, it did provide insight into the SRUS process which could have implications

for future directions of SR. This section will discuss the findings of the existing set-up,

implications for SRUS and limitations.

3.5.1 Summary of findings

Expanding the DOF

This work has shown that introduction of an adjustable aperture is a cheap and

flexible way of increasing the likelihood of MB detection approximately 50 𝜇m about

the optical focus. Although individual MBs may not be well resolved 50 𝜇m from the

focus, an increase in contrast will increase the likelihood that those frames where more

than one MB exists in the tube can be identified. Expanding the aperture over the

full extent of the 200 𝜇m tube was not achieved in this work. However, in vitro and

in silico studies both showed that the required DOF was reduced due to buoyancy,

with MBs most likely to be observed in the top half of the tube.

Simultaneous optical and acoustic measurements

It was challenging to experimentally achieve acoustic signals appropriate for SRUS

at flow rates of ≤ 15 𝜇l/min (mean speed of 8.0 mm/s) compared to the faster flow

rates of 50 𝜇l/min (mean speed of 26.5 mm/s). However, using faster flow, the optical

set-up did not have a high enough frame rate to capture the flowing MBs without

blurring. Regardless, if SRUS is to be useful for imaging microvasculature flow it will

be necessary to image acoustically at speeds « 15 𝜇l/min (a mean speed of 1mm/s ≈

2 𝜇l/min). Thus, the optical framerate was suitable for the investigation of relevant

flow speeds and accordingly the acoustic parameters were adjusted. The simultaneous

optical imaging alongside the US imaging was used as a tool to test pulse amplitudes

which would not destroy MBs at a flow rate of 15 𝜇l/min. This allowed an amplitude

which would not significantly destroy MBs during imaging to be used in the following

experiments. Figure 3-14 showed results using a lower amplitude, chosen not to

destroy the MBs. At a flow rate of 15 𝜇l/min stronger signals than those expected of
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isolated MB appeared to move together. Instead of visualising single MBs it is more

likely that, at these low speeds, acoustically active MBs are more concentrated in

some tube regions than others, giving rise to stronger regions of signals. As the same

concentration was used for the flow at 50 𝜇l/min which gave a spatial separation

of MBs feasible to perform SR on, it was uncertain what might be causing these

more concentrated regions. In the small FOV observed optically, there were tens of

MBs detected. This meant that it was not possible to determine which MBs were

contributing to the acoustic signal.

3.5.2 Implication of Findings

MB size tuning

The in silico results showed that imaging faster flow rates may allow a greater range

of MB sizes to contribute to the image when using a phantom such as the 200 𝜇m

tubes. The simulation showed that, at a mean flow rate of 5 𝜇l/min, only MBs of

radius ≤ 2 𝜇m are predicted to flow in the imaged tube region. Comparatively, at a

flow rate of 50 𝜇l/min, the full range of MB sizes are expected to enter the imaged

region. Perhaps the larger MBs are responsible for the stronger MB signal using these

imaging parameters. This would agree with the previous studies on the optimum MB

size for SR imaging which have suggested that larger MB diameters are more suitable

for SRUS under certain conditions [122, 196]. More generally, Gorce et al. (2000)

has shown how total MB gas volume can be a better predictor of echogenicity than

MB number [191]. The authors showed that although MBs smaller than 2 𝜇m in

diameter make up 60% of the Sonovue polydisperse population, they are responsible

for less that 5% of the total contrast signal for transmit frequencies up to 7 MHz. It

was predicted that MBs imaged at frequencies below their resonance frequency will

not contribute significantly to the image. However, the response of MBs of different

sizes is affected by imaging parameters such as frequency, bandwidth and detection

method, as shown in the previous chapter. Thus, the most efficient MB size is too

sensitive to imaging parameters to definitively say that larger MBs should be used
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for SRUS. However, this will be discussed further in the final chapter and suggestions

for future work outlined.

Figure 3-12 showed that larger MBs also may have very different trajectories

following the US insonation than smaller MBs. Larger MBs of radii ≈ 2.1 𝜇m were

observed to travel rapidly to the top of the tube immediately after insonation and

remain stationary during the imaging procedure. Conversely, smaller MB of radii ≈

1.2 𝜇m continued to flow. The Bjerkes force is dependent on the MB radius, as the

amplitude is proportional to 1/(𝑅𝑜4) and the direction depends on whether the MB

is above or below resonance [203]. However, the direction of gravity was aligned to be

approximately perpendicular to the acoustic radiation, thus this was not the direction

that MBs were expected to be pushed by the radiation force. This is an observation

which could be investigated further in future work.

Influence of US amplitude

One factor which makes it easier to obtain acoustic data with strong isolated signals

at high flow rates of 50 𝜇l/min is because it is possible to use a higher pulse amplitude

without destruction of the MBs. In previous SR work where the maximum ULA-OP

amplitude was used successfully with a flow rate of 50 𝜇l/min in a 200 𝜇m cellulose

tube. The relative ease of imaging fast flow due to the potential of using higher

amplitudes is something that will also likely be true in vivo.

If the cellulose tubing is a reasonable mimic, then the results of this chapter

could have important implications for the imaging microvasculature flow. If the slow

moving MBs are easily destroyed by the pulse strength required to give high SNR

then perhaps this will decrease the efficacy of SRUS for imaging the smallest vessels.

One possible area of investigation could be the use of an imaging sequence less likely

to destroy MBs but still using pulse strengths sufficient to generate a high SNR. For

example, brief periods of high frame rate imaging could be interspersed with pauses

to retain the benefits of ultrafast imaging without significant MB destruction [138].

Nonetheless, previous in vivo investigations have shown that MBs flowing at

speeds < 2mm/s can be imaged [118, 124]. Foiret et al. (2017) showed that MBs
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travelling in the kidney microvasculature can withstand hundreds of pulses whilst

still generating a strong enough response to be detected. This in vivo environment

differs from the in vitro environment in that the slowest flowing MBs are likely to be

in vessels « 200 𝜇m. Previous literature has shown that the MB response is damped,

and fragmentation is reduced in smaller tubes [205]. Whether this protective effect

can compensate for the damped response and benefit SRUS of microvasculature is a

possible direction for future work.

Alternatively, other authors have shown, also using simultaneous optical and

acoustic imaging, that stationary MBs can be easily destroyed at routinely used imag-

ing parameters [221]. Thus perhaps the MB concentrations in these vessels are just

higher than expected when SRUS is performed, and destruction of a subset of the

imaged MBs is required for sufficient SNR .

Influence of MB buoyancy

Figure 3-12 showed how, using the same concentration, the MB contrast was much

stronger at 15 𝜇l/min compared to 50 𝜇l/min at the start of the acoustic acquisition.

This may be due to the increased number of MBs that float to the top of the tube

due to buoyancy. Destroying these MBs before imaging with CEUS sequence is not

feasible, because on the timescale required to replenish the MB flow in the tube more

MBs will have floated to the tube surface. Thus, it was not possible in this work to

achieve an appropriate concentration of flowing MBs in the FOV without multiple

MBs being optically observed resting on the tube top. Dayton et al., (1999) performed

a very similar set up of acoustically and optically measuring signal from single flowing

MBs. The authors did not report the same problem, although did mention that the

effect of buoyancy may make it harder to maintain a constant MB concentration in

the FOV [76]. For the work shown in this chapter, this effect was problematic in vitro

but it is unknown how buoyancy would affect the SRUS process in vivo. Future work

could use a branching phantom with channels of varying diameters down to capillary

dimensions to more realistically model the MB trajectories.
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General benefits of an optical window into the SRUS process

Figure 3-13 shows a simple example of the benefits of having such a setup. Earlier in

vivo research in SRUS has aimed to use a pulse amplitude which would not destroy

MBs by using a suitable MI value [116]. The optical set-up was useful for providing a

ground truth of where destruction was significant at the specific imaging parameters

and geometry used in this work.

Another useful, practical, insight from implementing the optical set-up with the

tube phantom was the observation of the tube vibration as described in subsec-

tion 3.3.1. This may seem trivial, but movement even on a micron scale is important

for SRUS. After this observation the necessity of improving the set-up, for example

by using damped rods, was recognised. This is a simple adjustment, but something

that may otherwise have been neglected in future experiments.

Being able to optically quantify the distribution of MBs across the tube meant

that the trajectories of the MBs could be better understood at specific flow rates.

Thus, it was found that MB concentration was not constant over the tube. This work

has shown that this can be predicted using modelling, this has not been previously

discussed in the literature.

During this work, optically visualising the phantom during the acoustic acquisition

also helped make a more informed interpretation of the results. For example, using

the acoustic data in Figure 3-14 from MBs flowing at 15 𝜇l/min, regions could be

thresholded such that the data could be interpreted as single MBs moving in the tube.

However, the relatively large amplitude of the signals (compared to flow at 50 𝜇l/min)

and the optical ground truth showing many MBs in the FOV meant that this dataset

should not necessarily be appropriate for localisation of isolated MBs. If the moving

signals were isolated MBs then the optical data would show that a low percentage of

MBs are acoustically active. It is possible that the higher amplitude observed for 15

𝜇l/min is simply due to the AM imaging mode performing better at lower speeds due

to improved overlap of MB signals between the frames in the multi-pulse sequence. An

alternative hypothesis is that these signals were not isolated (acoustically active) MBs
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and the stronger regions of contrast were due to an inhomogeneous concentration over

the tube phantom which was moving in bulk. Another possible explanation is that

these regions of signals were caused by MB coalescence. The secondary radiation

force causes MBs of a similar size to cluster together, coalescence can be defined

as the fusion of two or more of these MBs [222]. Alternatively, MBs may cluster

together without actually coalescing but still act as a single entity in the acoustic

field [223]. Generally, studies observing coalescence have not considered flowing MBs

[222, 223, 224]. Investigating any relationship between flow rate and coalescence is a

topic for future work and would be especially interesting using concentrations of MBs

suitable for SRUS.

3.5.3 Limitations:

There were some limitations and areas of future improvement regarding the detailed

experiments which should be highlighted.

One limitation of the quantification of the enhanced DOF using the optical target

was that the contrast between bars of the resolution target may not be representa-

tive of the contrast difference between a MB and the surrounding water. A similar

experiment to that performed with the target was repeated using MBs resting at the

top of the cellulose tube. However due to the time taken to complete the full set

of experiments the MBs were liable to dissolve or change position in the FOV, thus

performing a well-controlled experiment was difficult. Perhaps a future measurement

could be done by adapting the target to better mimic the contrast difference of a

MB in the tube centre. It should be noted that the results may also be sensitive to

changes in the set-up such as the illumination source. For a fairer comparison between

aperture sizes, the exposure could be adjusted to ensure that the same quantity of

light reaches the CMOS sensor. However, for this work, the frame rate could not be

sacrificed. The minimum possible exposure time to enable a good SNR had already

been identified, thus this parameter was not varied. Perhaps future work could try

introducing a brighter light source to allow the exposure time to be further reduced.

Although not essential for investigating low flows, a camera with a higher fram-
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erate may allow some of the unanswered questions raised in this chapter to be inves-

tigated. For example, it would allow validation of how the size distribution of MBs

over the tube depended on flow speed.

The simulation was simplistic, although it did agree with the experimental mea-

surements. The model did not include the mass of any added palmitic acid (used to

stabilise the shell) because no literature values for fraction of palmitic acid to phos-

pholipids in the shell could be determined. Thus, the mass may have been underesti-

mated. Likewise, the additional terms due to the radiation force were not considered

since US pulses are only incident on the MB for a negligible time compared to the

overall flow through the phantom.

It was challenging to design a simple optical tracking algorithm so that it was gen-

eral enough to work for a range of flow speeds and positions in the tube. For example,

the contrast was affected by non-uniformity of the illumination. A main concern was

that the "imfindcircles()" algorithm may miss quickly moving MBs which would have

more of a streak appearance. In particular, the smallest MBs are most likely to be

moving fastest due to being swept along by the lateral parabolic flow but are the

hardest to optically observe. Manual observation showed that a small number of

MBs were present over a wider DOF than the algorithm. Thus, the quantitative

results may be slightly skewed to underestimate the number of faster MBs near the

tube centre. More importantly this means that limited DOF, despite the modest im-

provement made by using the aperture, is still problematic for imaging flowing MBs.

This is something was has not been discussed in previous similar set-ups using the

200 𝜇m tubes [76, 82]. Nonetheless, the results still demonstrate that the MBs are

concentrated in the upper half of the tube. If the flow speed limited the optical de-

tection then the plots shown in Figure 3-11(C) should be approximately symmetrical

about 100 𝜇m to account for the slower moving MBs in the bottom half of the tube,

assuming parabolic horizontal flow.
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3.5.4 Observations for future directions

Processing improvements

During this work strong scattering from the tube was observed. The previous non-

linear results had the background subtracted by initially acquiring a tube image

without MBs, and only water. This could then be subtracted from the MB images.

Both of these images were acquired using the maximum system gain. This is simple

in this stationary in vitro situation, but less useful for more imaging where there is

some movement of the probe or tube, or when taking the image without MBs is not

possible.

There was a relatively strong linear reflection from the cellulose tubing, which

could be saturated when imaging with the set-up described in this chapter. Linear

signal from the tube filled with water was saturated after a ULA-OP setting of 0.5

when using the full gain. Using a high gain is needed for capturing the weak non-

linear MB signal as shown in Figure 3-15(A) by comparing the single RF frame in

the right-hand column collected at high gain compared to the left column collected

at low gain. The parabola tails from the MBs are more visible in the high gain

image, although the peak of the parabola inside the tube region is not visible due to

saturation of the cellulose signal.

Figure 3-15(B) shows a single line of the received RF plane wave data for each

pulse of the contrast sequence. The saturation shown for the +1 and -1 pulses would

be particularly problematic when combining for non-linear imaging modes, such as

AM, as now the linear signal from the tube will not cancel.

It was hypothesised that, using the ultrafast imaging rates, data could be collected

at low and high gains and then combined together to extract the MB signal without

the tube saturation. This will be explored in the following chapter.
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Figure 3-15: Acquiring data at various gains. (A) Example RF frames acquired at a
low gain of 30 dB (left) and at a high gain of 46 dB (right), with MB contrast (top)
and without MB contrast (bottom). (B) shows the RF signal received at a single
element when a cellulose tube is imaged using a CEUS sequence.

Phantom development

Another direction to prioritise should be development of more appropriate microvas-

culature phantoms. MBs can be detected over 50 𝜇m. Even if flowing MBs are more

likely to be in the upper tube portion, ideally the full phantom extent should be in
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the optical view. If phantoms with channels < 50 𝜇m were used then a tube lens

of longer focal length (such as the 20 cm lens used in Figure 3-7) could be used to

provide greater magnification. This would mean that the DOF and in-plane FOV

would cover the full phantom extent. Working at a higher magnification would be

particularly beneficial for imaging the smallest MBs which are also likely to move

the fastest, assuming parabolic lateral flow and buoyancy, and thus most difficult to

capture without blurring using the optical camera.

In subsection 3.4.5 it was not possible to match acoustic signals to corresponding

optical images. An alternative approach could involve imaging an extremely low

concentration of MBs flowing through the cellulose tubes so that only a single MB

enters the optical and acoustic FOV [76]. However, during preliminary trials, it was

not possible to achieve an optically dilute flowing solution without MBs which have

floated to the top of the tube also being in the acoustic FOV. Using a vessel of

diameter close to capillary scale should avoid this problem. Moreover, this will allow

some the questions raised in subsection 3.4.4 regarding the pulse amplitude required

for appropriate SNR of single MBs in small tubes to be answered.

Overall, a common theme during the interpretation of the results of this chapter

was that simultaneous optical and acoustic validation of SRUS was made unneces-

sarily more challenging by using a tube diameter an order of magnitude larger than

capillaries. Thus, the penultimate chapter in this thesis will focus on developing more

suitable microvasculature phantoms.

3.6 Conclusions

Overall this work has developed and implemented an optical set-up to investigate the

SRUS process. The introduction of an adjustable aperture can marginally improve

optical MB detection up to a distance 50 𝜇m from the focus. Acoustic imaging MB

flow rates relevant to microvasculature is challenging in vitro due to MB destruction.

in silico and in vitro results have shown that the MB distribution is not uniform

over the tube extent, due to buoyancy. Instead, MBs are most likely to be found
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in the top half of the tube. The results also suggest that, for these parameters, the

larger MBs (≈ 2 𝜇m in radius) contributed more to the signal and their trajectories

are more significantly altered by US insonation compared to smaller MBs (≈ 1 𝜇m

in radius). However, more work is required to confirm this. Although the set-up

developed in this chapter did not allow the effect of the MB environment on SRUS to

be optically validated as intended, this work draws out new insights and challenges

for its development of an optical ground truth, and to SRUS itself. Future work

should focus on improving imaging sequences to enhance SNR without destroying

MBs, developing phantoms with smaller channels, and characterising the signal from

isolated flowing MBs. Channels < 50 𝜇m in diameter would enable optical MB

detection over the full channel extent.
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High Dynamic Range Non-linear

Ultrasound Imaging

4.1 Abstract

The non-linear response of MBs provides the opportunity to extract the MB signal

from surrounding tissue using non-linear processing techniques. However, capturing

the non-linear MB signal often requires a high receive gain. This can cause strong

tissue signal to be saturated and appear as an artifact. This chapter proposes a high

dynamic range (HDR) acquisition strategy for non-linear imaging inspired from the

previous chapter, section 3.5.4. The HDR non-linear ultrasound imaging was tested

in silico and in vitro. The in silico results showed that HDR non-linear ultrasound

generated a 4.6 dB improvement in CTR over high gain saturated data and a 9.8%

increase in contrast to acoustic noise ratio (CANR) over low gain unsaturated images.

The in vitro data showed a 13.3 dB and 44% improvement in CTR and CANR respec-

tively for HDR non-linear imaging. Overall, this method can significantly improve

image quality whilst being easily implemented on existing systems.
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4.2 Introduction

As discussed in the introductory chapter section 1.3.10, in some instances MBs have a

non-linear response to US which enables them to be extracted from the surrounding,

mainly linearly scattering, tissue using non-linear image processing techniques [200].

Since the non-linear components of the MB signals are much weaker than the linear,

the receive gain of the US system must be high to capture this non-linear response.

However, this can cause the signal from strong tissue scattering to become saturated

and then breakthrough the filtering process. This is a common problem in commercial

ultrasound systems, with the saturated signal appearing as bright structures in the

contrast enhanced image [225]. The work in this chapter was motivated from the

previous chapter which showed how the cellulose tube signal could be saturated when

imaging at a gain which enabled better visualisation of the MB signal. In response

to this observation I invented an imaging acquisition and signal processing technique

to combine information received at different gains. This technique would be useful

for CEUS imaging beyond SRUS, thus it is presented more generally in this chapter.

This work has been submitted to the UK patent office and is pending examination.

In ultrasound acquisition the received signal undergoes analogue amplification be-

fore being digitised [226]. There is a finite range over which the analogue amplifier

can ensure linear amplification of the input voltage with respect to the output volt-

age [227]. That is, input voltages over a specific amplitude will become saturated

following amplification. However, if the gain is decreased to prevent this saturation

the weak non-linear MB contributions may give low contrast due to decreased con-

trast to acoustic noise ratio (CANR). Thus, for non-linear imaging, saturated signal

from otherwise linearly scattering tissue will not be cancelled. Figure 4-1 illustrates

this problem using amplitude modulation (AM) where two pulses, one of amplitude

A (full amplitude) and a second of amplitude A/2 (half amplitude), are transmitted

successively. Non-linear signal is extracted by subtracting double the response of the

half pulse from the full pulse response.

This problem is not unique to ultrasound. For example, the pixel intensity in
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an optical image is a function of the brightness of the object being imaged and the

exposure time [228]. A relatively short exposure time allows visualisation of bright

objects at the expense of darker objects. If exposure time is increased, the darker

objects will be visible but the brighter objects saturated. Tone mapping techniques

involve combining images acquired using high and low exposures to visualise both

bright and dark features [229]. Previous authors have applied analogous techniques

to ultrasound imaging without contrast agents [228, 230]. These involved combining

images acquired at different pulse amplitudes. However, they require the assumption

that the scattering properties of the imaged medium vary linearly with amplitude.

For non-linear imaging techniques, this is no longer valid. MB responses depend on

pulse amplitude and they will be destroyed/damaged if the amplitude increases over

a certain threshold [231].

Conventional HDR approaches combine multiple images taken over several am-

plitude settings [228]. The HDR image is calculated using a response function which

describes the relationship between the scattered pressure and pixel intensity. Follow-

ing the image computation, the pixels can then be rescaled using a process such as

tone-mapping to display the image on dynamic range suitable for human visualisation

(dynamic range of 30 dB). The work in this chapter is different from the conventional

approach in that it only corrects the artifact generated at one gain by predicting the

missing information using a second image acquired at a different gain. Contrary to

the conventional approach, most of the information in the image has originated from

a single acquired image. Only the saturated pixels have been replaced. This work is

considered a form of high dynamic range imaging in this chapter because it corrects

for an artifact caused by the limited dynamic range of the US probe.
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Figure 4-1: Schematic describing need for high dynamic range nonlinear ultrasound
for amplitude modulation. For non-saturated data, the top row shows how linear
tissue signals will be completely cancelled using amplitude modulation and the middle
row shows that microbubble signals will be extracted. The bottom row shows how
the saturated signal will result in an artifact.

Ishihara et al. (2015), describe a system which also looks at the effect of saturation

specifically for amplitude modulated data [227]. If the highest amplitude pulse is

flagged as being saturated, the gain applied to subsequent pulses of lower transmit

amplitude is increased prior to the digitisation. For example, if the signal from

the pulse of amplitude A has been saturated at gain G , the signal from the pulse of

amplitude A/2 will be received using gain 2G . This attempts to recreate the saturation

artifact for the lower amplitude pulse. The two received signals can be subtracted

to generate an image equivalent to that normally acquired with AM. This patent is

the closest work related to this innovation. However, the patent suggests this is a

hardware change - in that it must be possible for the user to manipulate how the

system gain changes in response to the amplitude of the initial pulse. Thus this

innovation may be challenging to incorporate into existing experimental systems and

is only applicable to AM imaging.
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Overall, the problem of visualising MB non-linear signal, without saturation of

strong linearly scattering structure, has not be sufficiently addressed for contrast

enhanced ultrasound imaging. This work will outline a novel technique with potential

for filling this gap

4.3 Methods

4.3.1 The HDR non-linear method

Multi-pulse sequence 
(Low gain)

Multi-pulse sequence 
(High gain)

time

Combining DataA B

Amplified Low Gain
Saturated High Gain
HDR

(μs)

CB

A

Figure 4-2: The new HDR non-linear method. (A) shows a schematic of the pulse
sequence performed first at low gain and then high gain. (B) shows a single line
of saturated high gain data (blue) with the amplified low gain data (red) and re-
constructed HDR data (thin yellow). The inset (C) shows the regions where the
correction is made.
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Using plane wave ultrafast imaging, frame rates are primarily limited by the depth

being imaged [51]. For example, when imaging at depths of 30 cm, frames rates on

the order of 1 kHz can be achieved. This means that imaging transmit or receive

parameters can be changed on a very fast timescale. The proposed method uses

ultrafast imaging to acquire data at different gains before being combined. Figure

4-2(A) shows an example acquisition sequence and Figure 4-2(B) how the received

data is combined.

1. Data is acquired using a non-linear multi-pulse sequence at the highest gain

before saturation occurs (low gain), and the gain required to capture non-linear

signal (high gain).

2. The received low gain signal is amplified during post processing according to

the known relationship between gains.

3. The data lost due to saturation of the high gain pulse is replaced with that from

the amplified low gain acquisition. This is achieved by replacing the data points

above the known saturation threshold with the corresponding data points from

the amplified low gain pulse. The result can then be low pass filtered to remove

any discontinuities, if necessary.

4. A multi-pulse sequence is then applied to the reconstructed HDR data.

This means that the MB information contained in the high gain data is conserved,

but the saturated portions are replaced by data which should better represent the

linear tissue contribution.

4.3.2 In silico

k-Wave, a simulation package used to model acoustic wave propagation in tissue [161]

was combined with the Marmottant model [80] as detailed in Chapter 2. This was

used to simulate 2D plane wave contrast enhanced ultrasound images received with

different gains. Simulation geometry with layers of fat and muscle to generate strong
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reflections was designed as shown in Figure 4-3. A circular region of contrast was

defined with a random distribution of MB radii between 0.5 𝜇m and 5 𝜇m. The

received data was scaled to have a 7 dB difference between low gain and high gain to

match the experimental data. A constant level of noise was calculated so that the low

gain, maximum amplitude, pulse had an SNR of 26.4. The results were quantified

using contrast to tissue (CTR):

CTR = 20log10(
𝜇contrast

𝜇tissue
) (4.1)

and contrast to acoustic noise ratio (CANR):

CANR =
|𝜇contrast − 𝜇noise|√
𝜎2

contrast + 𝜎2
noise

(4.2)

where 𝜇 is the signal mean and 𝜎 is the standard deviation. For the method to

be useful, the HDR image should have better CANR compared to the low gain image

and better CTR compared to the high gain image.

Probe

Contrast
Muscle

Fat

Figure 4-3: Simulation geometry. The colour map provides the tissue impedance
values, probe position is shown in white, and region of microbubble contrast is shown
in black.
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4.3.3 In vitro

Figure 4-4: Set-up for in vitro experiments. A schematic of the experimental set-up
used to test the non-linear HDR method

A 200 𝜇m copper wire was used as a strong linear scatterer and a diluted solution of

Sonuvue𝑇𝑀 (Bracco Imaging SpA, Milan, Italy) MBs was drawn through a 200 𝜇m cel-

lulose tube (Hemophan R○, Membrana) at 30 𝜇m/min to generate a region of contrast,

as shown in Figure 4-4. Plane wave ultrasound data, was acquired at a pulse repetition

frequency of 4 kHz, using the programmable ULA-OP system (MSD Lab, University

of Florence, Italy) and pulse sequence [Alow_gain , -Alow_gain , (A/2)low_gain , Ahigh_gain ,

-Ahigh_gain , (A/2)high_gain ] where A is the amplitude. However, it should be noted that

for the following quantifications only the Alow_gain , Ahigh_gain and (A/2)high_gain pulses

were used. The maximum possible gain before saturation was found to be 22 dB. A

gain of 29 dB was chosen as the high gain setting because it was the highest gain

setting before the half amplitude pulse was also saturated. The mean and standard

deviation of the CANR and CTR were calculated over 100 frames.
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4.4 Results

4.4.1 In silico

High gain  – HDR   = 

Tissue ROI

Noise ROI

Contrast ROI

A

B

Figure 4-5: In silico demonstration. (A) Beamformed images following amplitude
modulation at low gain (left), high gain (middle) and following the high dynamic
range technique (right). (B) Difference between high gain image and HDR image
showing the saturated tissue signal removed.

As shown in Figure 4-5, HDR imaging can clearly conserve strong MB signal from

the high gain image, whilst removing the saturation artifact. The difference image

shows the result of subtracting the HDR image from the high gain image. With these

gain settings, HDR imaging achieved an improvement in CTR of 4.6 dB over high

gain data and an improvement in CANR of 9.8% over the low gain image.
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4.4.2 In vitro

Acquisition CTR (dB) CANR

High Gain 
data

-6.69±0.89 1.29±0.08

Low Gain data 5.90±2.87 0.86±0.08

HDR data 6.57±1.77 1.24±0.07
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Figure 4-6: Experimental demonstration. (A) Beamformed images following ampli-
tude modulation at low gain (left), high gain (middle) and following the high dynamic
range technique (right). (B) Difference between high gain image and HDR image
showing the saturated tissue signal removed. (C) Quantification of the images using
contrast to tissue ratio (CTR) and contrast to acoustic noise ratio (CANR).

Figure 4-6 shows how the MB contrast can be captured without the saturation artifact

in vitro. In the tissue ROI for the HDR image in Figure 4-6 some signal from the wire

can still be observed. This is breakthrough due to non-linear propagation. It should

be noted that this method can not correct for any unwanted non-linear behaviour.

4.5 Discussion

Artifacts due to saturation when performing non-linear pulse sequences can be dis-

tracting and lead to misinterpretation of clinical data. By combining ultrafast data

received at high and low gains, the strong contrast signals possible at high gains

can be visualised without the saturation of strong linear signals. The in vitro data
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provided a example of removing the saturation from a strong linear scatterer. The

simulation used realistic tissue properties and geometry to show how the method

would be useful in a clinical environment.

Due to the transmit amplitudes of incident pulses being unchanged, the MB scat-

tering properties should be unaffected. This makes this method more appropriate

for imaging of non-linear contrast agents compared to the HDR method used by

Degirmenci et al. (2018) and Xiao et al. (2018).

The primary limitation of this method is the reduction in frame rate required.

That is, when receiving data at two gain settings the maximum possible framerate

has halved. However, with the growing availability of ultrafast plane wave imaging,

this increase in pulse sequence time is likely to be insignificant for most applica-

tions. Moreover synthetic aperture imaging, an established technique where subsets

of transducer elements are used independently [232], could potentially be applied to

this HDR technique to receive at different gains simultaneously.

This method is only necessary if sufficient contrast cannot be visualised without

increasing the gain until saturation occurs. In practice, a test sequence over a possible

range of receiver gain levels can be performed on the imaging target to determine

where saturation occurs and whether gains above this threshold are necessary. An

additional point to underline is that this method will also require calibration of the

system if the relationship between gain settings is not already well characterised. One

benefit of retaining these regions of saturation is that they can be used by clinicians as

landmarks to navigate the anatomical structure within the field of view [225]. Thus,

perhaps the saturated data and HDR non-linear data could be visualised side-by-side

on a dual display to provide complementary information. Otherwise, this method can

be easily implemented on existing clinical and research ultrasound systems.

It is important to note that this technique will only correct for artifacts due to sat-

uration. Clutter in non-linear images caused by non-linear propagation or mismatch

between the transmitted waves will remain.

This technique is sufficiently general to have potential for other modes of non-

linear imaging. Changing the order of the pulses within the sequence is not foreseen
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to have consequences on the final reconstructed data. Moreover, this work considered

only when the maximum amplitude pulse was saturated and not the half amplitude

pulse. It would be possible to use a higher gain and apply the HDR reconstruction

to the half amplitude pulse too. Future work is required to investigate application

to other multi-pulse techniques and second harmonic tissue imaging where saturation

may also be problematic.

4.6 Conclusions

Overall, this work has shown how this novel HDR non-linear imaging method can

provide superior CTR and CANR compared to imaging conventionally with a sin-

gle gain level. This approach can be easily implemented on existing systems whilst

minimising changes to non-linear behaviour of MBs as transmit pulse amplitudes are

unchanged.
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Chapter 5

Development of Microvascular

Phantoms

5.1 Abstract

There is a need for microvascular phantoms across many scientific disciplines. This

chapter draws on inspiration from other fields such as 3D printing and tissue engineer-

ing to investigate the feasibility of a range of microvascular phantom options for SRUS.

Four potential SRUS phantoms; 3D printed channels, wire extrusion phantoms, sac-

rificial sugar structures and decellularised leaves are considered in this chapter.

The simplest option, wall-less 50 𝜇m channels fabricated in low melt agar, were

the most successful phantom trialled during this work. SR images of the tubing

were generated alongside optical validation. The results from this chapter showed

that the sacrificial sugar scaffolds could also be utilised as microvascular phantoms

for SRUS. Channels with diameters < 50 𝜇m were achieved. These structures also

had the most tortuosity which may be useful for the application of SRUS to tumour

vasculature. Three-dimensional printing of Agilus30 using polyjetting technology

achieved channels with diameters 290-360 𝜇m. Smaller channels < 200 𝜇m were

fabricated using Layfomm-40, however the channels printed using Layfomm were less

able to accommodate flow compared to Agilus30. The results showed that Agilus30

had reasonable acoustic properties compared to soft tissue of 1425.1 ± 5.2 m/s and
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1140 -1150 (kg/m3 for sound speed and density respectively. The attenuation was

significantly higher than ideal 21.9 ± 4.1 dB/(cmMHz). However, imaging of MB

flow was still possible. Optical imaging of MBs flowing in the decellularised leaf

phantoms did show that perfusion of a range of vessel diameters (as low as 20 𝜇m)

was possible. However, the protocol did not work well enough to allow all vessels to

be perfused, and it was difficult to determine which vessels could accommodate flow.

Therefore, the decellularised leaves were the least successful as SRUS phantoms.

In future work the ground truth available from these phantoms (particularly the

wire extrusion and sugar scaffolds) could be used to test and compare the various

acquisition and processing choices for SRUS.

5.2 Introduction

The key criteria for a realistic phantom for in vitro validation of SRUS are:

∙ microvascular structures,

∙ can accommodate flow,

∙ acoustically similar properties to soft tissue and,

∙ be able to withstand the probe pressure during imaging.

It would also be desirable for the vessels to:

∙ have a degree of complexity in the 3rd dimension,

∙ be resistant to any degradation over time (i.e., a new phantom not required for

each experiment) and,

∙ be optically transparent.

This is a challenging set of requirements which has not previously been met for

SR imaging phantoms.
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5.2.1 In vitro vessel phantoms

Previous in vitro work demonstrating SRUS has used 200 𝜇m ± 15 𝜇m cellulose tubing

with a wall thickness of 8 𝜇m ±1 𝜇m as in vitro vessel models, either as a single tube

[115], two tubes positioned diagonally [145] or two tubes parallel to each other [115].

Cellulose is not the only available material for microtubing; Lin et al., (2017) used

thin walled polycarbonate microtubing to test their SRUS method in vitro [196]. In

the field of perfusion US imaging more generally, a variety of tube materials have been

used. For example, Caskey et al., (2006) has used polymethacrylate (PMMA/acrylic)

tubing to investigate how MBs behave in tubes similarly sized to capillaries [205].

These mimetric vessels are generally less compliant than real capillaries and, although

available at small diameters, the PMMA tubing used in literature generally have

unrealistically large wall thicknesses which may affect the received MB response.

For example, the 12 𝜇m inner diameter tubing used in Caskey et al. 2006 had an

outer diameter of 50 𝜇m. Related work has shown that proximity to the tube wall

boundaries [77, 206], vessel size [205, 213], and compliance [148] all significantly affect

the MB response.

The literature described above performed measurements on these tubes suspended

in water. Another option is to fabricate them within larger block of material, ideally

a material which has similar properties to biological soft tissue. Early work in SRUS

by Desailly et al., (2013) printed channels were between 40-100 𝜇m in width and 80

𝜇m in polydimethylsiloxane (PDMS) using lithography [134]. However, PDMS has

an unrealistically low sound speed and high attenuation to be appropriate as a tissue

mimicking material (TMM) [233]. There is a wealth of literature on tissue mimicking

materials. Culjat et al., (2010) provides a review of the materials conventionally used

[1] and Browne et al., (2003) provides a comparison of material used commercially

such as Zerdine, condensed milk-based gel and Urethane rubber [234]. For reference,

Table 5.1 gives some typical tissue impedances and Table 5.2 details those currently

achieved using phantom materials.
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Table 5.1: Typical Acoustic Properties of Soft Tissue (adapted from Culjat et al.,
(2010)[1] with permission from Elsevier under the License no. 4687810135301.)

Table 5.2: Acoustic Properties of Soft Tissue Mimics (adapted from Culjat et al.,
(2010) [1] with permission from Elsevier under the License no. 4687810135301.)

5.2.2 Validation using in vivo models

The lack of a realistic in vitro option makes it challenging to replace the use of in

vivo models (in accordance with the 3R aims for animal protection [235]). Obtaining

a ground truth from in vivo studies is not trivial. One option is preclinical micro-CT

where the reported resolutions are around 4-10 𝜇m [236]. However, increasing the

time that the animal is under anaesthetic and moving the animal between modalities

is practically difficult and may not be ethically possible for all studies. For some

studies, performing the microCT ex vivo following the SRUS procedure could be an

option. However, if imaging the exact same FOV with both modalities is important,

this may still be a significant challenge. Another option to provide a ground truth is
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ex vivo optical microscopy of a sample. However, this can still be subject to errors

- the need to slice into thin samples can distort the vessel structures and it can

be unfeasible to reconstruct a continuous 3D structure from finite slices [169]. A

possible alternative for representing 3D structures is vasculature corrosion casting.

Vasculature corrosion casting create a model of the vasculature ex vivo by infusing

Mercox resin into the vasculature. The resin then polymerises and the surrounding

tissue can be removed. Zhu et al., 2019 performed SRUS on rabbit lymph nodes and

a corrosion cast of an example lymph node was imaged using microCT [120]. The

size distribution of vessels within the corrosion cast was compared with that obtained

using SRUS. A limitation of this work was that the same lymph node imaged with

US was not used to provide a ground truth due to practical reasons. Moreover, other

authors have cautioned that the resin may not necessarily perfuse all vessels and

may not accurately represent the vessel diameters [237]. These in vivo challenges are

common to several fields thus inspiration for the avenues in this chapter have been

taken from a range of disciplines.

5.2.3 Commercially available phantoms

Commercial ultrasound phantoms for quality assurance can be purchased to test the

performance of an imaging system or technique. The subset of these test objects

of most relevance to this work are those assessing Doppler flow imaging and those

assessing image resolution. The Doppler test phantoms generally consist of a series

of channels embedded within a TMM, for example Urethane rubber [238, 239] with

flow controlled using a pump. These phantoms are designed to test sensitivity to

flow and the accuracy that flow velocity at varying flow positions and depths can be

measured. However, they have not been designed with assessing microvascular flow

in mind. Resolution phantoms typically use nylon pins/wires at varying axial and

lateral separations to test spatial resolution at varying depth within a TMM [240].

Figure 5-1(A) provides an example of how these pins could be used to measure the

axial cross section, where pins are only resolved if there is no overlap between the

upper and lower boundaries of adjacent PSFs. An analogous method can be used
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for lateral resolution. Alternatively, the PSF dimensions can be measured at isolated

nylon pins throughout the FOV to allow system resolution to be characterised, as

shown in Figure 5-1(B).

Overlapping so
axially unresolved

Axially resolved
Can measure PSF 

dimensions at each 
target

A B
Target position US Image

Target position US Image

Figure 5-1: Example nylon pin resolution targets used in commercially available US
phantoms. The resolution target arrangement shown in (A) can be used to quantify
axial resolution by determining the minimum pin separation for which there is no
axial overlap of adjacent PSFs. Alternatively the dimensions of the PSFs imaged at
individual pins can be characterised (B).

No commercially available phantoms were found that could be useful for testing

SRUS. Nonetheless, the approach used to quantify resolution and various materials

used may be valuable to consider when designing super-resolution test objects. The

following sections will outline the motivation for the four approaches considered in

this work.
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5.2.4 3D printed phantoms

Figure 5-2: Helical microrobot printed using Nanoscribe. Adapted from (Barbot et
al., 2016) [241]. This work is licensed under a Creative Commons Attribution 4.0
International License.

Three-dimensional printing is a natural consideration during the development of a

three-dimensional phantom and printing at the microscale or nanoscale is now possi-

ble. For example, the Nanoscribe Professional GT is a laser lithography system which

polymerises photosensitive resins through a two photon polymerisation process and

has been applied to a number of applications [241, 242, 243]. One example of a mi-

croscale print is given in Figure 5-2. However, typically the thermosetting materials

used are often brittle [244] and so unsuitable for US phantom material. The hardness

of 3D printing flexible filaments is generally quantified in terms of Shore hardness.

𝐸 =
1 − 𝜇2

2 ·𝑅 ·𝐶3
· 𝐶1 + 𝐶2 + 𝑆ℎA

100 − 𝑆ℎA

(5.1)

where E is the Young’s modulus, 𝑆ℎA is the shore hardness, 𝜇 is Poisson’s ratio, R

is the width of the indenter used to make the measurement and C1, C2 and C3 are

constants.

Previous literature has also shown the possibility of 3D printing of the paraf-

fin wax material discussed earlier in this section, however the gel nature limits the

printing resolution [245]. The trade-off between printing resolution and flexibility is
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problematic for several fields in bioengineering, thus there is a steady growth in the

development of novel materials for 3D printing which may have the potential to ad-

dress the need for softer materials with high resolutions [246]. Poro-Lay is a composite

blend of a thermoplastic polymer and PVA. The stiff Polyvinyl acetate (PVA) makes

the material easy to print, but the PVA can later dissolve in water leaving behind a

microporous, flexible structure [247]. The softest material in the series is Lay-fomm

40 which has a Shore A of 40. Lay-fomm is printed using Fused Deposition Modelling

(FDM). This involves the material in filament form being melted through a heated

nozzle and deposited layer by layer to build up the 3D structure [248]. The nozzle

is computer operated using computer aided design (CAD) drawing to determine the

translation. Another particularly soft material, Agilus30, was assessed. Agilus30 is

printed using Material Jetting, where droplets of photosensitive material is solidified

using UV light and layered to form a 3D structure [244]. Agilus30 has been used pre-

viously by the co-developers of the material to print realistic vasculature phantoms

for characterisation of blood pressure [249].

5.2.5 Wire extrusion phantoms

Maneas et al. (2018) fabricated realistic vessel phantoms made using moulding of

paraffin gel wax based on a placenta model. Moulding a vessel phantom refers to set-

ting two halves of the phantom separately and then sealing together. For this work,

the authors primarily aimed to demonstrate that acoustically realistic phantoms could

be fabricated using paraffin wax - as opposed specifically fabricating microvascular

phantoms. Thus the smallest vessel fabricated was 2 mm in diameter [250]. It was

hypothesised that fabricating micro-channels using moulding is challenging due to

the need to seal two half channels together, so this was not tested during this chap-

ter. An alternative approach to moulding is the extrusion of a tube from a tissue

mimicking gel. Nikitichev et al., (2016) fabricated vessel phantoms instead by the re-

moval of polytetrafluoroethylene tubes from set agar gel, the smallest tube diameter

demonstrated was 4 mm [251]. A similar technique enabled the construction of flow

phantoms of diameter 1 mm [252]. To our knowledge, the smallest micro vessel flow
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phantoms using this extrusion technique have been fabricated by Grand-Perret et al.,

2018 with straight channels between 147-436 𝜇m made within a silicone based ma-

terial [253]. However, previous work focusing on therapeutic ultrasound have shown

that smaller channels are possible. By withdrawing 10 𝜇m Tungsten wire from acry-

lamide gel a microvascular phantom was used to study how MB oscillation under

incident US could affect the vessel wall [254].
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5.2.6 Sacrificial phantoms

Figure 5-3: Example of using sugar for sacrificial structures. (A) The top view shows
3D printed scaffolds with channels ranging in diameter from 150 𝜇m - 750 𝜇m (scale
bar = 1 mm). The side view shows the junctions magnified (scale bar = 200 𝜇m).
(B) shows the channels embedded in various medium and seeded with cells (scale bars
= 200 𝜇m). Blue beads are used to highlight the lumen for easier visualisation. The
images, (A) and (B), were replicated from Miller et al., (2012) [255] with permission
from Springer Nature under license no. 4687800084760. (C) shows the channels
left when sugar structures made in a modified cotton candy machine are embedded
in PDMS before being dissolved. An example of the micron structures are shown
in (D) using dark field microscopy. (E) shows the tracking of fluorescent particles
to demonstrate flow. The images, (C-E), were replicated from Bellan et al., (2009)
[256] with permission from ROYAL SOCIETY OF CHEMISTRY under license no.
4687801283875.

Another option is the possibility of developing sacrificial structures which can be made

using a dissolvable material. A tissue mimicking material can then be set around this
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structure before it is later dissolved to leave behind channels. One particularly novel

material is carbohydrate glass [255], shown in Figure 5-3(A-B). Miller et al., (2012)

demonstrated 3D printing of this sacrificial vasculature architecture for 3D tissue cul-

ture. The authors developed a recipe of combining easily accessible carbohydrates

which can be vitrified to give structures which are both mechanically stiff and eas-

ily dissolved. A custom-made printer then printed perfusable channels of diameters

down to 150 𝜇m. Earlier work demonstrated the same idea to fabricate less ordered

structures. Bellan et al., (2009) used modified cotton candy machine to fabricate

spun sugar fibre networks, as shown in Figure 5-3(C-E) [256]. Polydimethylsiloxane

(PDMS) was then set around these structures and the sugar later dissolved to leave

channels with diameters reported on the order of 1-100 𝜇m. Flow was introduced

by welding the cotton candy to sugar sticks with diameters on the order of 1 mm.

Although few details are provided, the authors suggested that materials more appro-

priate to biomedical applications than PDMS could be used to surround the sugar.

Using sugar spinning techniques rather than 3D printing will be used for this work

to first check the viability of fabricating a microvascular phantom using sacrificial

sugar structures before investing in purchasing and modifying a 3D printer. Ordered

structures are not necessary for a SRUS phantom as long as the channel structures

can be characterised to provide a ground truth. Imaging of sacrificial sugar phantoms

is not an option which has been previously pursued for US imaging.
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5.2.7 Decellularising tissue

Figure 5-4: Perfusion of decellularised leaf scaffold. (A) shows a decellularised leaf
sample (top) which could be perfused using red dye (bottom). (B) shows how mi-
crospheres could be tracked along vessels, where the yellow arrow highlights the mi-
crosphere. These images were adapted with permission from Gershlak et al., (2017)
[257] under the Creative Commons Attribution-NonCommercial-No Derivatives Li-
cense (CC BY NC ND).

Authors in the field of tissue engineering have considered decellularising plant ma-

terial to use as a tissue scaffold [257]. Decellularisation is the process of removing

cellular material whilst leaving behind the tissue structures such as the extracellular

matrix and vasculature. Gershlak et al., (2017) decellularised plant material with

the aim of engineering an immunogenic scaffold with a viable vasculature. These

scaffolds could then potentially be recellularised with a patient’s own cells for organ

transplantation applications. SRUS phantoms do not need to satisfy the immuno-

genic requirements of this literature, however the mechanical changes to the leaf are
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of interest. Following decellularisation the leaf becomes more pliable and flow can

be easily pumped through the existing vasculature structure. This was demonstrated

by perfusing red dye through the decellularised leaves as shown in Figure 5-4(A-B).

Gershlak et al., (2017) demonstrated how individual 50 𝜇m microspheres could be

optically tracked flowing through the vasculature channels - not unlike how MBs are

tracked during SRUS. An example of one such particle being tracked along the petiole

is provided in Figure 5-4(C). There are a number of physical, chemical and enzymatic

methods for achieving decellularisation and commonly a protocol will use a combi-

nation of these [258]. Gershlak et al., (2017) use a mainly chemical approach where

ionic and non-ionic detergents are perfused using a gravity flow. The ionic detergents

sodium dodecyl sulfate (SDS) was used to break up cellular membranes and denature

proteins. The non-ionic solvent Triton X-100 was then used to disrupt lipid-lipid and

lipid-protein interaction [258]. Although this is a relatively lengthy procedure, with

at least 9 days of perfusion, this phantom has the potential to generate the most real-

istic vasculature structure compared to the other options considered in this chapter.

This is also not an option which has been previously pursued for US imaging.

5.2.8 Chapter outline

This chapter builds on these ideas in the literature to investigate four potential SRUS

microvascular phantoms.

1. Firstly, the suitability of novel 3D printing materials, particularly Layfomm-40

and Agilus30, will be assessed using a custom designed resolution test object.

2. Secondly, the withdrawal of wires from TMMs to fabricate flow channels with

smaller dimensions (three-fold smaller) than previously reported will be demon-

strated and imaged with SRUS.

3. Thirdly, sacrificial structures made from carbohydrate glass using conventional

sugar spinning techniques, instead of a 3D printing, will be explored to assess

the feasibility of fabricating 3D structures on a microscale.
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4. Finally, the protocol for decellularisation of spinach leaves will then be per-

formed and the resulting structure tested for SRUS imaging.

Previous SRUS literature has generally used vessel phantoms on the scale of 200

𝜇m [115]. Smaller polycarbonate tubing (50 𝜇m in diameter) have been used [121],

but it is unclear how acoustically transparent these are. Likewise, vessels on the scale

of 100 𝜇m have been printed using non tissue mimicking material [134]. Moreover,

until now, SRUS images been of simple linear structures which are not representative

of tortuous 3D vasculature. The development of realistic microvascular phantoms

is important for the refinement of SRUS, and would also have implications more

generally in the field of US perfusion imaging. This chapter is structured such that

the methods and results of each phantom are presented together, before a single

discussion comparing the potential SR phantoms.

5.3 3D printing

This section investigates the feasibility of using 3D printing for microvascular US

phantoms. A resolution phantom was designed and used to test the smallest possible

channel dimension which could be 3D printed for various materials. Two promising

material Layfomm-40 and Agilus30 were acoustically characterised, and tested for the

feasibility of establishing MB flow in channels.

There are several other researchers who should be acknowledged for their contri-

bution to this section.

Three GCSE students; Sabah Ally, Nimah Ashraf and Senthooran Ramesh vis-

ited our lab once a week for 10 weeks as part of a school outreach programme. They

contributed by helping with designing the resolution phantom and researching po-

tentially useful materials. They also learned how to use TinkerCad and built the 3D

computer aided design of the phantom.

This section hugely benefitted from the help of fellow PhD student S. Wang. She

approached me for help in acoustically characterising novel materials she had identi-

fied as useful for a multi-modal (including US) imaging phantom. She then offered
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access to her lab’s 3D printers and organised a print of the Agilus30 phantom with her

collaborators. Her interest in helping with the challenging task of identifying materi-

als which were both flexible and could be printed at high resolution was invaluable.

5.3.1 Methods

Resolution Phantom

The resolution phantom shown in Figure 5-5 was designed using TinkerCad. This

had 100% infill and hollow channels ranging in diameter from 2mm to 0.01mm (2

mm, 1.5 mm, 1 mm, 0.8 mm, 0.6 mm, 0.4 mm, 0.2 mm, 0.1 mm, 0.05 mm, 0.01 mm).

2 mm

0.01 mm

Figure 5-5: Resolution phantom in TinkerCad software.

Preliminary 3D printing investigations:

Early in the research process Formlabs Flexible Resin was selected as a potential can-

didate (Shore A 80-90) to test the efficacy of stereolithography (SLA) printing. Using

the Form 2 printer the resolution phantom in Figure 5-5 was printed. This printer

can achieve a layer resolution of 25 microns and has a laser spot size (FWHM) of

140 microns. Both orientations of printing channels were trialled (either parallel or

perpendicular to the channels). A commonly used flexible FDM material NinjaFlex

(NinjaTek) was also trialled (Shore A 85) using a BQ Wiltbox 2 printer. However,

for both the materials, only channels diameters of approximately 1 mm were success-

fully printed. There were two main challenges with this work. Without access to
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a dedicated printer there was limited possibility to make multiple iterations whilst

adjusting printing speed/temperature/nozzle speed. Thus it was challenging to rule

out commercial materials. Secondly, from discussions with the 3D printer technicians

it became evident that there was an empirically observed trade-off between resolu-

tion and hardness. This makes it challenging to print a material for high resolution

ultrasound phantoms. To tackle this challenge collaboration was established with S.

Wang.

Identification and printing of novel materials

The Poro-Lay series had been identified as a potential TMM in previous work (Wang

et al., (In Review)). For this work, the Lay-fomm 40 material, which has a Shore

A of 40 was trialled. Poro-Lay is a composite blend of a thermoplastic polymer and

PVA. The stiff PVA makes the material easy to print, but the PVA can later dissolve

in water leaving behind a microporous, flexible structure. Due to access to an onsite

printer (DeltaWASP Turbo 2040 printer (WASP, Italy)), this collaboration allowed

us more opportunity to iterate through various printing parameters to more fully

assess the possible printing resolution. To print the phantoms, the speed was set to

40 mm/s and temperature was set to 230 𝑜C. No support media was required. The

layer height resolution was set to be 100 𝜇m. This the approximate height of each

layer. The phantom was then immersed in ultrapure water for 48 hours.

Agilus30𝑇𝑀 was the softest of those trialled, with a shore hardness of 30-40 scale A.

This material can be printed using material Jetting, where droplets of photosensitive

material is solidified using UV light and layered to form a 3D structure [244]. The

resolution of this printer is dependent on the laser spot size. This material has been

used previously by the co-developers of the material to print realistic vasculature

phantoms for characterisation of blood pressure [249].
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Characterisation of acoustic properties:

Figure 5-6: Experimental set-up for measuring acoustic properties.

Attenuation, speed of sound and density were determined for both materials using

the set-up shown in Figure 5-14. The pulse echo method was used to determine

the acoustic sound speed and attenuation [234]. An aluminium plate was chosen to

generate strong reflections and a uniform slab of each sample material held adjacent to

the plate using a simple Perspex holder (if necessary). The data was collected using

a LA332 probe (Esaote, Genoa, Italy) operating at 3 MHz and ULA-OP system

(Univ. degli Studi di Firenze, Florence, Italy)[192] and analysed using MATLAB.

The velocity and attenuation values were the mean values from 100 replications over

the 64 elements.

The acoustic velocity can be calculated from equation 5.3.1, where 𝑐s is acoustic

velocity in sample, 𝑐w is acoustic velocity of water which is 1486 m/s, 𝑑 is the sample

thickness measured using a calliper, ∆𝑇 is the time shift upon displacement of water

with the sample in place.
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1

𝑐s
=

1

𝑐w
− ∆𝑇

2𝑑

(5.2)

The attenuation calculation is from the log difference between the acquired two

spectra, where 𝛼 is the attenuation coefficient, 𝐴(𝑥, 𝑓) is the magnitude of the spec-

trum with the sample in place and 𝐴0(𝑥, 𝑓) is the magnitude of the spectrum with

no sample in place:

𝛼 = −20

2𝑑
log10

𝐴(𝑥, 𝑓)

𝐴0(𝑥, 𝑓)
[dB/cm] (5.3)

The 𝑥 dependence refers to the calculation being made including all 64 elements,

and the frequency (𝑓) range included was 2 MHz - 4 MHz.

It should be noted that the same set-up was used to determine the acoustic prop-

erties of the low melt agar (2%) phantom used in other areas of this chapter.

5.3.2 Results

Layfomm-40 optical characterisation

Figure 5-7 shows the result of printing the resolution phantom using Layfomm-40.

Poor layer adhesion meant individual polymer strands could be identified (A) and that

the material was liable to separate along the layers as shown in (B) after soaking.

As shown by Figure 5-7(C), the material was easily deformable by hand. Comparing

(D) and (E) is evident that swelling of the material after soaking helped to make

the phantom more uniform. Based on the optical observations, the smallest hole

printed was the fifth largest channel (designed to be 600 𝜇m in diameter). After

soaking this hole had a diameter ranging between 0.11-0.2 mm. This range comes

from the maximum and minimum diameters measured for each hole since the channels

did not print uniformly. Sacrificing of the phantom, after all experiments had been

completed, confirmed that the presence of these 5 channels was consistent throughout

the phantom extent.
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Designed 
Diameter 
(mm)

2 1.5 1 0.8 0.6 0.4

Unsoaked
Diameter 
(mm)

1.70-2.00 1.28-1.52 0.62-0.76 0.53-0.64 0.23-0.43 NA

Soaked 
Diameter 
(mm)

1.61-1.89 1.18-1.35 0.48-0.65 0.27-0.40 0.11-0.20 NA

Optical measurements of hole diameters

1 mm

1 mm

A

B C

D

E

F

Figure 5-7: Optical characterisation of Lay-fomm 40 phantom. (A) shows the reso-
lution phantom immediately after printing. After soaking the phantom is liable to
breakages along the layers (B) but gentle pressure by hand confirms that the material
is easily deformable (C). Optical images of the channels before (D) and after (E)
soaking are shown and the range of channel diameters reported (F).
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Layfomm-40 US characterisation

Figure 5-8 shows US imaging of the Layfomm-40 phantom. Using US only the largest

three channels could be identified, as shown in (A). In (B) the probe is orientated

so that the channel is parallel to the lateral direction to show how MB flow could

be established alone a channel. The sum of 129 difference images for the largest

channel are shown in part (B). The green arrows indicate where MB flow is leaving

the channel through the gap between layers. As shown in (C), there is a relatively

high background signal which means that the introduction of MBs do not significantly

increase signal without the use of a contrast mode.

Figure 5-8: Acoustic imaging of Lay-fomm 40 phantom. (A) shows the optical cross-
section of the phantom with air only in the channels after soaking. The sum of 129
difference images is provided in (B) of a high concentration of MBs flowing through
the largest channel. The green arrows indicate MB flow flowing between layers. (C)
shows the acoustic image of the largest channel without MBs (left) and with flowing
MBs (right)

Agilus30 optical characterisation

Figure 5-9 shows the result of printing the resolution phantom using Agilus30. The

material has a reported value of 220-270% for elongation at break and (B) shows that

the phantom is easily deformable by hand. The largest 6 channels could be printed
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with less variation between the maximum and minimum diameter for each channel

(56 𝜇m on average) compared to Layfomm-40. Based on the optical observations,

the smallest hole printed was the sixth largest channel (designed to be 400 𝜇m in

diameter). In practice, this channel has a diameter between 290 - 360 𝜇m.

Designed 
Diameter 
(mm)

2 1.5 1 0.8 0.6 0.4

Diameter 
(mm) 1.79-1.82 1.29-1.35 0.91-0.96 0.61-0.69 0.55-0.62 0.29-0.36

Optical measurements of hole diameters

A B

C

D

Agilus30 print

Optical microscope images

Flexibility

Figure 5-9: Optical imaging of Agilus30 phantom. (A) shows the resolution phantom
immediately after printing. Again the phantom is easily deformable as shown in (B).
Optical images of the channels before and quantification of each diameter is provided
in (C) and (D) respectively.
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Agilus30 US characterisation

Figure 5-10 shows US imaging of the Agilus30. (A) shows the cross section of the

largest 6 channels. When imaging parallel to the channel (B) shows that the seventh

channel could just be visualised, although this could not be measured optically. MB

flow was established in the sixth largest channel as shown in (C).

A B

C

Cross-section of channels within phantom
Parallel to largest channel 

Parallel to 7th largest channel 

Imaging parallel to channels

Figure 5-10: Acoustic imaging of Agilus30 phantom. (A) shows the optical cross-
section of the phantom with air only in the channels, where the yellow arrows are
used to highlight the channel signal. (B) shows the lateral image of the largest channel
(top) and seventh largest channel (bottom), where the green box indicates the channel
position. (C) shows the sixth largest channel with air (left), water (centre) and MB
flow (right).
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Acoustic properties

Table 5.3 shows the acoustic properties of Layfomm-40 and Agilus30.

Agilus30 Layfomm-40

Speed of sound (m/s) 1425.1 ± 5.2 1628.9 ± 6.9

Attenuation (dB/(cm MHz)) 21.9 ± 4.1 17.6 ± 1.6

Density (kg/m3) 1140 -1150* 989 -1271

Table 5.3: Acoustic Properties of 3D printed materials. * indicates a literature value.

5.4 Wire extrusion phantoms

This section details the fabrication of channels within an optically transparent agar

block by the extrusion of 50 𝜇m wires. The SRUS image processing protocol, i.e.

the method of identification of isolated MB signals, will be described here and used

throughout this chapter. For full disclosure of other group members’ contributions,

the SRUS image processing code was based on that written by Dr Kirsten Christensen

Jeffries and Dr Sevan Harput.

5.4.1 Methods

For the first iteration of this phantom, branching wall-less phantoms were made within

silicon baking moulds as shown in Figure 5-11 (A -B). Windows were cut out of the

silicon mould to accommodate an acoustic window and integration of a light source. A

25G butterfly needle (Terumo) was supported in the mould and threaded with three

or four lengths of 50 𝜇m co-polymer mono hooklength line (Preston Innovations).

The lengths of the line were secured together in a fan shape, so that the wires are

held together to form a single channel at the needle tip and gradually spread to form

50 𝜇m channels.
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3D printed holder

Figure 5-11: Tube extrusion experimental set-up. (A) shows the fan shaped wire
arrangement, and (B) shows the position of the acoustic window relative to the needle
connection. (C) show the different parts designed on TinkerCad software and (D) how
the probe was secured in the holder. (E) shows the finished printed product.
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To ensure a constant probe position and enable easier alignment with the channels, a

custom probe holder was designed using TinkerCad as shown in Figure 5-11 (C -D).

The holder was designed to hold a rectangular cuboid of gel, with a window on one side

and the base for the acoustic probe coupling and optical light source respectively. A

channel of diameter 5 mm to hold the needle was aligned with three smaller channels

with diameters 0.8 mm to hold the polymer line in a fan shape. Beneath the channel

for the needle was a small plate to support any tubing and associated connections.

The centre line of the probe was aligned parallel to the channels using the base plate

of a custom-made probe holder. The holder was printed using standard polylactic

acid filament (PLA ) and the finished product is shown in Figure 5-11 (E).

Low-melt agar

A 2 % (w/vol) solutions of low melt agar gel was made by measuring 2 g of low

melt agar (Fisher Scientific, New Hampshire, United States) and adding to 100 ml of

ultrapure water. The agar was melted in a microwave at high power. The solution

was brought to the boil and allowed to boil for approximately 1 minute or until the

particles were visibly dissolved. The flask was gently swirled to mix and allowed to

cool to < 45 𝑜C before use.

Phantom construction

Three lengths of 50 𝜇m co-polymer mono hooklength line (Preston Innovations,

Telford, UK) were threaded through a 25G needle (Terumo Corporation, Tokyo,

Japan) glued into the holder. Each line was then threaded through a hole in the

holder wall. Standard Clingfilm was attached over the open windows to contain the

unset gel. The low melt agar solution was then set around the wires. The gel set

within an hour, however, empirically it was found that the gel was more durable to

handling and probe pressure after at least 3 hours in the refrigerator. Air bubbles in

the mixture rose to the surface during the cooling and could be removed by slicing

the top layer after setting. When set, the wire could then be extruded from the gel

leaving behind wall-less channels.
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Ultrasound imaging protocol

B-mode IQ data of 144 lines was acquired using the ULA-OP system (MSD Lab,

University of Florence, Italy) and LA332 probe (Esaote, Genoa, Italy) operating at 3

MHz centre frequency. This was done at an amplitude setting of 0.1 on the ULA-OP.

This amplitude setting, when measured using a 0.2 mm hydrophone needle (Precision

Acoustics, Dorchester, UK) at 30 mm depth in ultrapure water, corresponded to a

PNP of approximately -0.09 MPa. The PRF was set to 1000 Hz. The B-mode data

was interleaved with RF plane wave acquisition using the contrast sequence [A, -A,

A/2]. This was also done using a centre frequency of 3 MHz. A higher amplitude

setting of 0.8 on the ULA-OP was used for better SNR, which corresponded to a PNP

of approximately -0.22 MPa. A dilute MB solution using 0.3 ml of Sonovue𝑇𝑀 (Bracco

Imaging SpA, Milan, Italy) MBs mixed in 600 ml of ultrapure water using a magnetic

stirrer was injected at 200 𝜇l/min, using a syringe pump (SP210 IWZ syringe pump,

World Precision Instruments, Stevenage, UK). Due to rupture of the agar gel around

the needle, some solution escaped without passing through the channels, thus the

actual flow rate within the tubes was less than 200 𝜇l/min. The targets were most

easily imaged when the holder was turned on its side and the flow ran parallel with

gravity.

Motion correction

The imaging set-up was largely without motion. However, compression was period-

ically applied to the set agar to stimulate stalled flow and it was possible that this

could result in some shift of the channels. A rigid, sub-pixel, motion correction algo-

rithm "Efficient_subpixel_registration()" was used. This code uses cross-correlation

on upsampled data, where selective upsampling is achieved using a multiplication of

a discrete Fourier transform matrix about the neighbourhood of the cross-correlation

peak. More details can be found in [259] where the algorithm is referred to as the

single-step DFT algorithm. The overall motion correction algorithm is shown in Fig-

ure 5-12. Initially high concentration frames were rejected by determining the mean
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value of the frame and empirically setting a threshold corresponding to too high a

concentration for detection of isolated MBs. A region of interest was chosen around

one of the channels to use as an input to the image registration algorithm. When the

local mean value of that region of interest suggested there was a MB in the ROI, the

frame was rejected so as not to affect the motion correction. Finally, any frames with

significant movement (corresponding to the compression of the agar) were rejected,

due to this movement likely being highly non-rigid and so not possible to correct

using this algorithm. Finally, the remaining frames were corrected for motion using

the output of the registration algorithm.

Reject high 
concentration 

frames

Select ROI

Image 
registration

Reject frames 
with 

significant 
movement

Figure 5-12: Motion correction protocol.
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Data processing

After the motion correction procedure, the data was processed to generate a SR im-

age. For this dataset, the pixels were interpolated to square pixels of dimensions 𝜆/4.

Background subtraction was achieved using a rolling background subtraction of 60

frames either side of each frame. MB properties were determined by manual classi-

fication of the potential MB regions detected in a random selection of 200 intensity

thresholded frames. The intensity threshold was set to be three standard deviations

over the mean of all frames. The regions were classified into either isolated MBs,

multiple MBs or false detections. Due to the relatively low number of multiple MB

detection, a further random set of 200 frames was used to collect the characteris-

tics of only multiply MBs. Histograms corresponding to signal area, power, major

axis length and eccentricity were generated and thresholds to characterise the signals

determined.

Estimating localisation precision

A 200 𝜇m copper wire was embedded in the low melt agar solution perpendicular to

the transducer and at the imaging focus. The cross-section of the wire was estimated

to approximate a point scatterer. 500 frames of BMode IQ data were collected and

the same pixel interpolation and intensity thresholding applied as to the MB data.

Localisation was repeated 500 times and the standard deviation of the axial and

lateral positions reported as the SR precisions.

Optical imaging protocol

Following the acoustic acquisition, ground truth images of the underlying structure

were acquired optically. The channels were examined under x10, x20 and x40 magni-

fication using a table-top microscope (Apex Practitioner Digital, Apex Microscopes,

UK). Food dye injected into the syringe to provide more optical contrast. In early

tests, to ensure that MB flow could be established, a concentrated solution of MBs

was also injected and imaged.
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5.4.2 Results

Sizing of hollow channels

Using the initial phantom set-up of the silicon mould, the channel diameters were

measured following wire removal. The red colour of the tubes, corresponding to the

injected food dye, and the presence of MBs in Figure 5-13 (B) show that the channels

could accommodate flow. The measured portion of the right hand tube, highlighted

with the red bar, was determined to be 51.6 𝜇m ± 1.5 𝜇m. And the extent of two

tubes (blue bar) were within 123.0 𝜇m ± 1.2 𝜇m.

Figure 5-13: Optical measurements of agar tubing. Optical images at a magnification
x4 (A) and at magnification x40 (B) The red bar shows the position where the tube
width was measured, and the blue bar shows where the extent of two tubes was
measured.

Estimating US imaging precision

An example of the point target localisation is shown in Figure 5-14. The lateral

precision was determined to be 8.9 𝜇m and the axial precision was 2.7 𝜇m. Figure

5-14 and more specifically the clusters of points will be explained further in the

discussion subsection 5.7.2.
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A B Localisation Distribution

Figure 5-14: Localisation precision. (A) shows the point target localisation and (B)
shows the localisations over 500 repeats.

Isolated MB properties

In total, 214 single MBs, 19 multiple MBs and 149 false signals were detected. False

signals refer to those which may be mistaken for isolated MBs but are manually clas-

sified as being noise or artefacts due to reflection from a region of stronger signal.

The characteristics of each classification were compared using the histograms shown

in Figure 5-15. It should be noted that these classifications are manually predicted

by the user based on how signals present over time. The green regions represent

the properties associated with isolated MBs and the red regions represent the char-

acteristics which lead to the region localisation not being included in the final SR

image.

Table 5.4 shows the appropriateness of the thresholds in terms of false positives

(FP), true positives (TP), false negatives (FN) and true negatives (TN). Sensitivity,

provided in Equation 5.4 for reference, was chosen as a metric to quantify how well

the threshold choices use the potential of the data to provide a high SNR. Sensitivity

for this data was 69.2%.

Sensitivity =
TP

(TP + FN)
(5.4)
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Table 5.4: Description of localisations determined as individual MBs following filter-
ing in terms of false positives (FP), true positives (TP), false negatives (FN) and true
negatives (TN).

False positives are likely to blur the image. There were 34 false positives recorded

which corresponds to a false discovery rate (or 1-Precision) of 18.7%. Equation 5.5

provides the false discover rate.

False Discovery Rate =
FP

(TP + FP)
(5.5)
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Figure 5-15: Single MB properties. Histograms showing the distribution of signal
area, power, major axis length and eccentricity for isolated MBs, mutiple MBs and
erroneous/false localisations. The red regions contain values which cause a MB to be
rejected and the green regions contain those values considered consistent with single
MB properties.
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SR imaging protocol

Figure 5-16 shows the example US images of the phantom. The final two images (D-E)

show that, for this phantom, only the bottom two channels could be well perfused.

A

B

C

D

E

Figure 5-16: Example US frames of the channels. Before the wires have been removed
(A), with air only (B), after the perfusion of water (C), a high concentration of MBs
(D) and a low concentration of MBs suitable for SR (E).

After motion correction there were 14409 frames which could be used for super-
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localisation. 17029 potential MB signal were detected and after filtering, based on

the single MB characteristics, 10645 single MBs were localised. The pixel size of the

SR images is 2.7 𝜇m x 2.7 𝜇m.

Centroid Localisations

Onset Localisations

Upper Tube

Upper Tube

Centre Tube

Centre Tube

Lower Tube

Lower Tube

A

B

FWHM = 147 µm

FWHM = 29 µm

FWHM = 159 µm

FWHM = 265 µm

FWHM = 36 µm

FWHM = 261 µm

C

D

Figure 5-17: SR imaging of agar channels. The SR images of the channels using
the centroid method and onset method are shown in (A) and (C) respectively. (B)
and (D) show the profile perpendicular to each tube and averaged over the first 10
mm (blue line) for the centroid and onset method respectively. The FWHM of the
smoothed profile (red line) was calculated and shown on each plot.

Figure 5-17 shows the SR images using centroid localisation (A) and onset lo-

calisation (C). The images were rotated such as each channel was parallel to the x

axis and the profiles perpendicular to the channels shown in Figure 5-17 (B and D)
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determined. For the two well perfused channels the average FWHM was 263 𝜇m and

153 𝜇m for the centroid and onset method respectively.

Figure 5-18(A) shows the three ROIs centred at 3 mm (ROI 1), 23.5 mm (ROI

2) and 30.5 mm (ROI 3). Figure 5-18 (B) shows the SR profiles overlayed with the

conventional profile (averaged frames containing MBs). Each of the SR profiles are

normalised with respect to the onset profile in ROI 1. ROI 1 is an example of where

the three channels can be resolved with conventional US imaging. ROI 2 is an example

of where the SR imaging enabling visualisation beyond the dimensions of the PSF.

ROI 3 shows the profiles at the point at which the channels are no longer resolvable

using SR.
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Figure 5-18: Testing the SR resolution. (A) shows an overlay of an average conven-
tional imaging frame and the localisations in white. (B) shows the profile perpendic-
ular to the centre tube and averaged over 1 mm for centroid localisation at different
lateral positions with the conventional resolution (yellow), the SR onset image profiles
(blue) and centroid SR image profiles (red).

Figure 5-19 shows the SR image alongside the optical ground truth. The optical

images shown in Figure 5-19 (B) were acquired using a x4 microscope. Several frames

were aligned together to represent the full extent of the phantom imaged optically.

Unfortunately, the uneven lighting meant that this introduced the diagonal line arte-
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facts. Figure 5-19 (C) is an approximate alignment of the optical and US images to

show the relative scales and overlapping FOV.

1mm

Optical Image (to scale)
Optical Image (magnified)

SR ImageA

B

C

Figure 5-19: Optical ground truth data. (A) shows the SR image for reference and
(B) the corresponding optical images of the three channels. (C) shows the relative
scale of the images and where in the US FOV the optical measurements correspond
to.

5.5 Sacrificial sugar structures

This section details the fabrication of sugar structures which could be immersed within

a low melt agar block and, after setting of the agar, dissolved to leave behind chan-

nels. These structures were optically characterised, and MB flow established in the

channels. SRUS images were generated using background subtracted B-mode imag-

ing and PW AM imaging. This is a novel method of manufacturing a microvascular

phantom.
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5.5.1 Methods

Sugar structure

The sugar composition from Miller et al. (2012) was replicated [255]. A mixture of

25 g glucose (Alfa Aesar, Massachusetts, United States), 53 g sucrose (Alfa Aesar,

Massachusetts, United States), 10 g dextran (86 kDa) (Alfa Aesar, Massachusetts,

United States), and 50 ml ultrapure water was gradually heated to 165 𝑜C whilst

continually stirring. Instead of 3D printing, a range of 2D and 3D structures were

made simply by using sugar spinning techniques common in cookery - this mainly

involved the rapid movement of a metal dining fork coated in the mixture above a

wooden spoon. The structures were then vitrified in a laboratory convection oven

(APT.line𝑇𝑀 FD (E2),Binder,Tuttlingen, Germany) at 50 𝑜C, and then stored at 45
𝑜C to avoid ambient moisture absorption until used.

Polymer coating

The original protocol immersed the structures in a 25 mg ml solution of Poly DL-

lactide-co-glycolide (PDLGA) in chloroform to provide a polymer coating on the

glass structures. This allowed the dissolved structures to be easily flowed out of the

channels leaving behind smooth vessels. However, due to the expense of PDLGA

and the toxicity of chloroform, two alternative plastic coatings, nail polish (Rimmel,

London, UK) and hairspray (Ultimate hold hairspray, Vo5, Alberto-Culver, Illinois,

United States), were trialled. The main chemical difference between the two is that

hairspray has an alcohol base and is water soluble, whereas nail polish has an acetate

base and is non-water soluble. After investigation into which method preserved the

structures best, as described in the following results section, clear nail varnish coating

was used as an alternative polymer coating.

Surrounding mediums

Paraffin phantoms were made by melting paraffin gel wax (medium density gel wax,

the candle making shop, London, UK) in a silicon dish in a laboratory oven at 115𝑜C
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for 3 hours. The paraffin quickly sets once removed from the oven, so had to be

poured as quickly as possible. The paraffin could be set at room temperature within

1 hour. Low melt agar was prepared as per the protocol provided previously and set

around the structures in a 4𝑜C fridge for at least 3 hours.

Dissolution and perfusion of vessels

When the phantoms were ready for use, ultrapure water was used to dissolve out the

carbohydrate glass. A 25g butterfly needle was inserted into a thick portion of the

channel and glued in place using epoxy-resin glue (Araldite). The block was cut along

a line containing vessels with a razor blade to enable an output for the flow.

Optical imaging

The structures were examined under x10 and x20 magnification using a table-top mi-

croscope (Apex Practitioner Digital, Apex Microscopes, UK) or, for larger structures,

a standard digital camera (Canon Powershot SX240 HS, Canon, Tokyo, Japan) was

used. Food dye/MB solution was used to provide more optical contrast and to test

whether MB flow could be established.

5.5.2 Results

Sugar structures

Figure 5-20 shows the scale and geometries of sugar structures that could be formed.

It was possible to form structures with dimensions < 50 𝜇m.
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Figure 5-20: Fabricated micron scale structures. Optical images of structures collected
at a magnification of x 4 (A) and at x 10 (B).

Figure 5-21 shows an example of a complex structure embedded in low melt agar

and taken with a standard digital camera (Canon Powershot SX240 HS, Canon,

Tokyo, Japan). This was an example of a structure without any polymer coating. At

this point it became evident that many of the smaller vessels were not being preserved

once embedded in the agar gel, despite the gel temperature being less that the scaffold

melting point. The sugar structures were also dissolving during the setting process,

instead of being flushed out with water before use. Moreover, the channel edges were

uneven and air bubbles could be formed along the channel surfaces. However, what

this figure does clearly show is the potential for flow through the channels left by the

dissolution of the sugar structures.
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Figure 5-21: Perfusion of sacrificial channels. (A) shows the channels within a layer
of low melt agar and (B) shows the perfusion of the majority of the vessels using food
dye.

Polymer coating choice

Table 5.5 qualitatively describes the effect of TMM and coating choice on the sugar

structures. With paraffin it was easier to preserve structures compared to agar,

however due to the high working temperature of paraffin, many more air bubbles

were incorporated into the phantom. The results show that a combination of nail

varnish and low melt agar was the best option due to the preservation of structures

without the formation of bubbles. Figure 5-22 provides examples of each of the

scenarios when a polymer coating was used. Due to the non-uniformity of the sugar

structures, these experiments were not controlled with respect to vessel size.
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Surrounding Media No coating Hairspray Nail polish

Low melt agar

Low success:

dissolution of

most structures.

Low success:

dissolution of

most structures.

High success:

structures apparently

preserved.

Paraffin

Low success:

dissolution of

most structures.

Low success:

few large structures

preserved,

but many trapped

air bubbles.

Moderate success:

structures apparently

preserved,

many trapped

air bubbles.

Table 5.5: Qualitative effect of different polymer coatings.

Figure 5-22: Effect of different polymer coatings (nail varnish vs paraffin) and sur-
rounding medium (low melt agar vs paraffin).

Ideally, it would be possible to optically document the shape of these structures

before embedding in the TMM. This would allow the dimensions and geometry of

the structures to be measured without any distortion from surrounding medium.

However, this would require the structures to remain constant before and after setting
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of the surrounding media. Figure 5-23 (A) shows some example shapes before (red)

and after (blue) encasing in a thin layer of agar. The smallest vessel identified and

preserved is shown in the green box and found to be 41 𝜇m ± 5.7 𝜇m. No measurable

change in shape was observed. It should be noted that care should be taken to avoid

any non-uniform application of the polymer coating. This is demonstrated in Figure

5-23 (B-C) where the arrows indicate where a non-uniform coating of nail varnish

could potentially affect the shape of the channel.

Figure 5-23: Vessel shape change following coating in nail varnish and embedding in
low melt agar. Three examples are shown of structures before being embedded (red)
and after (blue). (B) shows a structure before being embedded and (C) shows the
same structure after. The black arrows indicate areas of non-uniform nail varnish
coating which may affect the size of the channels. And the green region was where
the smallest vessel size was measured.

Optically observed flow

Figure 5-24 shows optical microscopy images which demonstrate the feasibility of

MB flow in these tortuous phantoms. The red dye highlights the channels and the

difference images show how MBs can be circulated through these structures.

239



Chapter 5 5.5. Sacrificial sugar structures

250 μm

250 μm

250 μm

A

B C

Figure 5-24: Perfusion of channels with MBs and food colouring. (A) shows optical
images of a tortuous structure collected at a magnification of x4 and (B) shows two
sections imaged at a magnification of x10. (C) shows difference images over time
for the structures in (B) when MB flow is introduced. The green boxes and arrows
indicate regions where the MB contrast was easily visualised.

SR imaging

Figure 5-25 show an example of one sugar phantom when imaged with US and MBs.

Figure 5-25(B) demonstrates the issue that it can be challenging to perfuse the smaller

vessels due to less resistance to flow through the larger channels.
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Figure 5-25: US imaging of sugar phantom. (A) shows the mean background image
over 500 frames of low concentration MB flow. (B) shows a background subtracted
image of the phantom when a high concentration of MBs is introduced and (C) is an
example of using a concentration of MBs better suited to SRUS, where the background
has again been subtracted using a rolling average.
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Figure 5-26(A) shows the SR image for centroid and onset localisation, using IQ

and PW data. The structures visualised can be compared to the optical ground truth

shown in Figure 5-26(B) which was generated by stitching multiple frames taken using

the optical microscope at a magnification of x4. Panoramic image software introduced

distortion of the frames so was avoided.

PW data
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Figure 5-26: SRUS imaging of sugar phantom. (A) shows the SRUS image using
IQ data (left) and PW data (right) with either centroid (top) or onset (bottom)
localisation. (B) shows the optical ground truth image.

Two channels that were easily identified in the SRUS image were chosen to quan-

tify their widths, as shown in Figure 5-27. Channel 1 and channel 2 had optically

determined widths of 284 𝜇m ± 24 𝜇m and 487 𝜇m ± 16 𝜇m respectively. On the

SRUS image, the FWHM of these channels were measured to be 164 𝜇m and 276 𝜇m

respectively.
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Figure 5-27: Measuring vessel sizes. (A) shows the SRUS image with two channels
highlighted in green. (B) shows the optical ground truth image for each of these
channels and (C) shows the intensity profile averaged over 800 𝜇m for each of these
channels (red) and a smoothed profile (blue) that was used to calculate the FWHM
(black).

5.6 Perfusable leaves

This section tests the suitability of decellularised leaves, originally developed for tissue

engineering purposed, as microvascular phantoms for SRUS. The research in this

section benefitted from work of A. Skondras who I co-supervised for his BEng project.

His contribution was invaluable help in trialling the perfusion protocol. Together we

also benefitted from the expertise of Professor Gaudette, who generously shared his

expertise to help improve the set-up.
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5.6.1 Methods

Decellularisation protocol

The decellularisation process from Gershlak et al., (2017) was followed [257]. The

waxy leaf cuticles were removed by submerging in hexane (98%, Mixed Isomers, Alfa

Aesar, Massachusetts, United States) for 30 minutes and then washed in 1x PBS (Alfa

Aesar) for 2 minutes, with the wash repeated twice. This was performed in a fume

hood (ChemcapTM Ductless Fumes Cabinet, Bigneat, Waterlooville, UK). Spinach

leaves were cannulated through the petiole. They were held in place using epoxy resin

glue (Araldite) and taped to the sides of a container in such a way to allow gravity to

aid the perfusion. The cannula was attached to air infusion set (Medisave, Weymouth,

UK) which controlled the flow of the various agents. The set-up is shown in Figure

5-28. A 10% sodium dodecyl sulfate (SDS)(Alfa Aesar) was perfused for 5 days.

Crystallised salt formed on the leaf surface and had to be removed at regular intervals.

A 0.1% Triton-X-100 in a chlorine dioxide water purification solution made from 60

ml of sodium dioxide water purification drops (Lifesystems, Berkshire, UK) diluted in

750 ml of ultrapure water. Ultrapure water was then perfused for a further 48 hours.

The scaffolds were then stored in ultrapure water in the fridge until required. This

set-up required large volumes of the solvents to maintain perfusion over several days.

Blockages and breakage at the leaf junctions were common, leading to unsuccessful

phantom materials. Thus, a meeting was arranged with Professor Glen Gaudetter,

the principle investigator of Gershlak et al. (2017).

Professor Gaudette very kindly shared further details on the protocol and im-

provements which had been made following publication. More details were provided

for the hexane wash; the leaves were now washed in hexanes for 2 minutes (repeated 3

times) and then washed in 1x PBS for 2 minutes. Instead of the sodium dioxide water

purification tables, a 10% solution of domestic bleach could be used. The following

results used Domestos, Original, which was 4.5% (w/w) sodiumhypochlorite. The

leaves could also be sutured to the needle using Low-Density Polyethylene (LDPE)

tubing of inner diameter of 0.58 mm (Smiths Medical Portex𝑡𝑚 Fine Bore LDPE Tub-
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ing, Fisher Scientific, New Hampshire, United States) to strengthen the junction. It

was advised to secure the junction with thread. However in practice, securing using

epoxy resin glue was found to be more practical. Finally, a simpler alternative to the

perfusion set-up was the use of a tube roller (SciQuip Tube Roller BASIC, SciQuip,

Newtown, UK) to submerge the leaves in the solvents and gently rotate.

Figure 5-28: Decellularisation set-up. The leaves could either be prepared using the
perfusion set up (left) or more simply with a tube roller (right).

The new protocol was as follows:

1. The spinach leaves were cannulated via the petiole. A 27G syringe was sheathed

in the LDPE tubing and threaded within the spinach petiole. The tubing, leaf

and needle were secured by tightly tying 100% polyester thread.

2. Once leaves are cannulated, the leaves were submerged in hexanes and washed
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vigorously for 2 minutes. This was repeated 3 times. The phantoms were then

rinsed in 1 x PBS for 2 minutes.

3. The leaves were placed in 50 ml conical tubes (Consumable Direct, Ama-

zon.co.uk) and the tubes filled with 1 x SDS.

4. The tubes were gently rotated on the tube roller until the leaves became more

transparent (48 hours).

5. The SDS was then removed and replaced with the 0.1% Triton-X-100 in a 10%

solution of bleach.

6. The tubes were again rotated until the leaves were transparent and had no

remaining green coloration (48 hours).

7. The leaves were then washed in ultrapure water for 24 hours.

8. The phantoms could then be stored in the 4𝑜C fridge until use (for up to a

week).

Acoustic set-up

It was relatively challenging to image the leaf structures as they were so fragile.

Small spots of superglue were used to secure the leaf to standard clingfilm. This

was stretched between two optical posts (Thorlabs, New Jersey, United States). The

LA332 linear array transducer was clamped above the phantoms, as shown in Figure

5-29. IQ and PW data was collected at a centre frequency of 3 MHz. A moderate

concentration, based on 0.3 ml of Sonovue in 600 ml of ultrapure water but empirically

adjusted, of MBs was injected using a syringe pump.
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Figure 5-29: Acoustic imaging of leaf. The leaves were glued to clingfilm stretched
over optical poles (A) and imaged in a water tank (B).

5.6.2 Results

Decellularisation outcomes

Figure 5-30 shows the progression of the decellularisation process, beginning with the

initial leaf shown in (A). The cannulation is shown in (B) and the securing of the

junction with glue shown in (C). A very early initial test, of forcing flow into the initial

leaf (D), was simply to demonstrate that the decellularisation protocol was necessary

to make a perfusion phantom. The dye does not travel through the vasculature, but

instead leaks through the leaf surface. The result of the hexane wash is shown in part

(E) and the increase in transparency/decolouration following 48 hours of immersion

in SDS, and a further 48 hours in Triton-X/bleach solution are shown in (F) and (G)

respectively.
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Figure 5-30: Decellularisation of leaves. (A) shows the initial leaf which could then
be cannulated (B) and secured using glue (C). Forcing flow before decellularisation
is shown in (D). The leaves were then underwent a hexane wash (E), SDS treatment
(F) and bleaching (G).

Optical quantification

One of the methods used to confirm perfusion in Gershlak et al., (2017) was the

visualisation of perfused dye. However, when this was trialled, it was found that

dye leakage often naturally followed the raised vasculature as flowed over the surface.

Figure 5-31 shows how the perfusion was tested alongside a control where the leaf was

dipped in dye instead of being internally perfused. Figure 5-31 (A) does appear to

show more convincingly that the main petiole was perfused and some of the smaller

branches than the control (B) which is more uniformly coated in dye. However, for a

SRUS phantom, a ground truth collected using an optical microscope was desirable.

Figure 5-31 (C) shows how, after resting on the slide for a few minutes, both the

vasculature of the perfused sample and control were stained red. Microscope images

did not show a marked difference in the staining of either the main branches or

microvasculature for the control leaf compared to the perfused sample. Thus it was not
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possible to assess which channels had been successfully perfused using this method.

Figure 5-31: Testing the perfusion of the samples using dye. (A) shows the treated
leaf being slowly perfused with red food dye compared to a control (B) which was only
dipped in dye. (C) shows the final staining of the perfused sample and the control
using a conventional camera (left) and a x10 microscope objective (right).

Introducing MB flow made it easier to assess perfusion. Adjusting the focusing

depth meant that it possible to focus within the vessel either side of the bubble flow

- which made it more convincing that internal perfusion had been achieved. It was

consistently more challenging to achieve perfusion in the smaller vessels. The smallest

vessel where perfusion was convincingly shown in Figure 5-32 was approximately 20

𝜇m. Taking difference images over time, meant that the signal due to MB movement
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could be extracted. Figure 5-32 (A - B) show that this movement was within the

channel for the perfused leaf and following the outside channel wall for the control

(C).
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Figure 5-32: Testing the perfusion of the samples with MBs. (A) shows the treated
leaf being slowing perfused with MBs and imaged using the x40 objective. The right
image is the summed difference images over time to show MB flow. (B) shows the
smallest vessel where perfusion could be confirmed alonside a single difference image
(right). (C) shows MBs introduced onto the surface of the control leaf. Here they
appear to follow the channel edge. MBs in the single difference image (right) are
highlighted using the green arrows.
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Preliminary SR imaging

Figure 5-33 (A) shows BMode differential images of the vasculature acquired. The

majority of the MB signals are within the main petiole. However, several MBs also

appear to be travelling along branches. Figure 5-33 (B) shows the SR image generated

using only 258 frames of data with 3585 localisations. For easier visualisation, the

localisations were convolved with a symmetrical gaussian with a standard deviation

of 50 𝜇m.

A

B

Figure 5-33: SR image of leaf. (A) shows three successive differential images of the
BMode data and (B) shows the SR image obtained from this phantom.
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5.7 Discussion

In this chapter, four novel microvascular phantoms for testing SRUS were considered.

This discussion section will be used to assess how successful each phantom type was

based on the results presented previously and the desired criteria of a SRUS phantom.

The results are summarised in Table 5.6 with reference to the criteria defined in the

introduction of this chapter. One addition criterion (which was not stated in the

introduction but is interesting to compare here) is the ease of fabrication.

Phantom Type

Desirable 
Property

3D Printing
(Agilus30)

Wire Extrusion Sacrificial Sugar 
Structures

Perfusable Leaves

Appropriate 
diameter

Limited (confirmed 
channels on the 
order of 300 μm)

Yes Yes Yes

Can accommodate 
flow

Yes Yes Yes Partially

Acoustically realistic 
TMM

Limited (relatively 
high attenuation)

Yes Yes Imaged suspended in 
water/medium

Withstand probe 
pressure

Yes Yes (relatively fragile 
and care required)

Yes (relatively fragile 
and care required)

Imaged suspended in 
water/medium

Structure in 3 
dimensions

To be tested Yes (depends on tube 
arrangement)

Yes (Could be 
achieved using more 

than one sugar 
structure)

Yes (only if folded)

Resistant to 
degradation over 

time

Yes Limited Limited No, too fragile to be 
suitable for reuse.

Optically transparent Not tested, but 
transparent version 
available for future 

work.

Yes Yes Yes
(some obstruction 

due to tissue 
structures)

Easy to fabricate Yes Yes Relatively easy but 
multiple steps 

required. 

Challenging to 
fabricate and at least 

five days required. 

Meets requirements 

Meets requirements 
with conditions 

Partially meets 
requirements/not fully 
tested
Does not meet 
requirements

Table 5.6: Assessment of microvascular phantoms.

Although not considered in this chapter, in future work it may also be important

to consider other criteria such as production cost and repeatability.

None of the consumables used in this chapter were prohibitively expensive. How-

ever, it is noted that the overall cost depends on the availability of equipment such

as 3D printers.
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Being able to repeatably fabricate the same microvascular structure could be

highly valuable when testing and improving various parts of a SRUS protocol over a

long period of time. The methods for perfusable leaves and sacrificial sugar structures

are not useful for fabricating repeatable phantoms. The extruded wire phantoms and

especially the 3D printed phantoms would appear to have more potential to provide

repeatable phantoms. However, even 3D printing of the same design multiple times

will likely be associated with some variation between the printed structures when

printing at these resolutions. Quantifying the repeatability of phantom fabrication

would be an interesting addition to future comparisons.

5.7.1 3D printed phantoms

It quickly became evident over the course of this work that 3D printing at microscale

resolution using ultrasound compatible materials was at the leading edge of commer-

cially available technology. This meant that it was useful to engage with researchers

in the 3D printing field to identify potential materials and printing technologies.

Layfomm-40 and Agilus30 were investigated using a simple resolution phantom to de-

termine the smallest channel that could be printed. Layfomm-40 printed the smallest

diameter channels < 200 𝜇m. However, these channels were highly non-uniform. Poor

adhesion between the layers of this material meant that MB flow was not necessarily

contained within the intended channels and could instead leak through the phantom

bulk. The inhomogeneity of this phantom also meant that there was strong signal

from the phantom material surrounding the channel relative to the MB contrast sig-

nal within the channel. This meant that only the three largest air filled channels (>

480 𝜇m in diameter) could be visualised using linear US imaging. Overall, this ma-

terial was determined to be a poor choice for microvascular phantoms. Perhaps this

material would be more useful as a layer of TMM where the generation of background

signal from tissue inhomogeneity is desirable.

Agilus30 was more successful that Layfomm-40. Agilus material was more durable

to manipulation than Layfomm-30 during imaging, despite having a lower Shore A

number. Due to the use of material jetting technology rather than FDM printing, the
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Agilus30 phantom was also more homogenous and the tubes measured optically could

also be identified acoustically. The smallest tube measured optically had a diameter

ranging between 290-360 𝜇m. However, the ultrasound imaging suggested that the

next smallest channel (designed to be 200 𝜇m) had also been printed. Failure to

identify this optically suggested that the channel may have a blockage obstructing

the light. The phantom was 40 mm in the direction parallel to the channels. In

future work a smaller phantom could be printed to more easily optically assess the

resolution limits of printing with this material.

Testing of the acoustic properties suggested that the Agilus30 had an appropriate

sound speed and density to be a tissue mimic (1425.1 ± 5.2 m/s and 1140 -1150 kg/m3

respectively). The speed of sound of Agilus30 is 9% less than the average sound

speed for soft tissue presented in Table 5.1. The density of Agilus30 is less than 10%

more that the average density for soft tissue presented in Table 5.1. However, the

attenuation was potentially unfeasibly high (21.9 ± 4.1 dB/(cmMHz)) compared to

literature values for average soft tissue of 0.54 dB/(cm MHz). Nonetheless, MB flow

(high concentration) could be visualised in the smallest diameter channel optically

identified using linear US imaging.

The channels printed were relatively uniform in diameter compared to Layfomm-

30, and there was no MB leakage. The fabrication of perfusable channels (< 300 𝜇m)

in an US compatible and durable material was positive. This meant that Agilus30

channels with diameters < 𝜆/2 could be used as sub diffraction channels for US

imaging at frequencies < 2.4 MHz. Due to not being able to generate a ground truth

for straight channels < 200 𝜇m in diameter this phantom was not pursued further

since there is existing availability of 200 𝜇m cellulose tubing. However, if this work

was to be continued with SRUS as the application, it would be interesting to test the

potential to fabricate more complicated structures such as branching and tortuosity.

This structural complexity would have benefits over the cellulose tubing currently

used.

As shown in Table 5.6 one major benefit of the Agilus30 phantom was the re-

sistance to changes over time and the ability to withstand probe pressure during
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imaging. This would allow for measurements to be repeated over several days in a

way that is currently not possible using any other SRUS phantom. There are also

significant practical advantages to being able to fabricate phantoms in advance and

easily transport between laboratories. The Layfomm-30 is less suitable for long term

storage and repeated measurements. The material must be stored in water. It was

observed to increase in flexibility and decrease in size over the course of several days.

Thus, the acoustic properties are also likely to vary with time.

5.7.2 Agar tubing

This very simple idea was the most successful. Withdrawal of the wire from low melt

agar generated perfusable, uniform, channels of 50 𝜇m. The optical transparency of

the low melt agar means that this phantoms also has the potential for use with the

simultaneous optical and acoustic set-up.

A benefit of the agar tubing and sacrificial sugar structures was that the material

used to form the microscale structure did not need to be ultrasound compatible. Low

melt agar was used for the sacrificial phantoms as it was the gel which gave the most

uniform channels in Miller et al., (2012). Additionally, agar is a commonly used TMM

[1]. Using the same characterisation apparatus and method used for the 3D printing

material, the sound speed and attenuation was measured to be 1485.4 ± 1.2 m/s and

0.29 ± 0.63 dB/cm respectively which is very similar to that of water. As the agar

set, larger bubbles could be observed to rise to the top of the phantom. Any smaller

bubbles remaining in the gel may generate a strong signal in the US image. For the

SRUS experiments this will generally be subtracted using background subtraction.

However, in future, perhaps the agar solution could be prepared in a low-pressure

environment to limit the formation of any bubbles in the medium.

There are many possible adaptations to the arrangement/sizes of the tubes used

in this phantom which could be investigated in future work. The branching structure

chosen in this work, of three tubes from a common junction, enabled the resolution of

the SR imaging to be tested. High resolution imaging is often desirable to distinguish
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between multiple structures which are closer than the diffraction limit, as opposed to

simply accurately determining the dimensions of a single structure. Moreover, true

testing of resolution ability requires the separation of two nearby objects. Thus, this

wall-less phantom may be preferable over the cellulose tubing due to the potential

to place channels adjacent to each other without the effect of the finite tube wall

width. The normalisation of Figure 5-18 relative to one SR profile shows how the

density of SR localisations can change over the length of the phantom. If all MBs

are passing through without destruction this should remain constant. The difference

could be accounted for by the possibility of detecting isolated MBs decreasing as

the vasculature becomes more dense. This arrangement of branches is sensitive to

the axial extent of the MB signals in adjacent tubes overlapping. The resolution

achievable using SRUS is likely to be affected by the orientation of these channels

relative to the transducer.

Obtaining an optical ground truth for this phantom was made more difficult by

the 3D printed holder used to make the US imaging easier. Removal of the phantom

for optical imaging required that the flow junction was broken. This meant that a

ground truth was not collected for the full extent of the phantom. In the future,

the holder could be designed to ensure easier removal where the flow connection can

be maintained. Alternatively, optical characterisation could be avoided by allowing

less variation in the tubing position. Instead of relying on the 3D printed holes in

the support to hold the wires in place, a holder could be precision machined to more

closely match the wire diameter and hold the wire in place so that the position is

more precisely known.

One challenge was that flow of the MBs was observed to stop during the perfusion.

Indeed, one of the three channels within this phantom had very little flow at all, so

could not be successfully imaged. Some gentle pressure on the phantom surface was

enough to reinitiate flow on the two well perfused tubes, however the possibility for

this pressure to change the phantom position relative to the probe was a concern.

This could be due to the possibility of the agar gel rupturing near the needle junction

as this could provide a route of less resistance for flow than through the channels.
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This was problematic when this phantom was initially trialled using paraffin wax gel

instead of agar in early attempts at this work. Future work would involve investigating

the reasons why flow could be restricted and how to mitigate them.

Another challenge of using these phantoms is their limited ability to withstand

probe pressure and resistance to degradation over time. It was possible for splits to

appear if too much pressure was applied, especially near the delicate needle junction

region. Over a period of days the low melt agar was observe to shrink slightly, thus

it is not resistance to changes over time.

Very recently, Heiles et al. (2019) have used a similar approach to fabricate a wall-

less agar phantom for SRUS in 3D [137]. This phantom had a branching architecture

by gluing a 400 𝜇m diameter wire with two 200 𝜇m diameter wires that could be

pulled from set agar. The phantoms was then imaged in 3D using a 2D matrix array

probe. Future work could involve using the wire extrusion method to make different

3D structures within the medium with the smaller 50 𝜇m wires used in this chapter.

For example, the wires could be separated from each other in two dimensions by

securing the loose end of one wire deeper than the other two before encasing in agar.

Thus this phantom is also appropriate for 3D SRUS imaging.

A B

Figure 5-34: Motion correction shifts calculated on the data processed with SR algo-
rithm after frames with significant motion were rejected. The axial shift calculated
using the motion correction (A) and the lateral shift calculated using the motion
correction (B).

As shown in Figure 5-17 the tube width measured using SRUS for the well perfused

257



Chapter 5 5.7. Discussion

channels were significantly wider than the expected 50 𝜇m. A rigid motion correction

algorithm was trialled to test whether the pressure used to reinitiate flow could have

shifted the channels. However, as shown in Figure 5-34 the influence of the motion

correction on the tube widths was negligible. There was axial shift of approximately

30 𝜇m regardless of the starting frame used to correlate subsequent frames with,

suggesting a systematic error associated with the motion correction algorithm. Less

than 1% of frames were calculated to have a shift in position over 10 𝜇m in magnitude

about the systematic 30 𝜇m axial shift. Thus any shifts accounted for using the

motion correction algorithm were not sufficient to account for the FWHM being at

least three-fold larger than the expected 50 𝜇m. Moreover, it was expected that

the more closely spaced channels near the junction, and recorded using the optical

microscopy, would be resolvable using SRUS. Imaging of this phantom had shown

that the SRUS protocol used had generated lower resolutions than expected.
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Figure 5-35: Gridding artifact due to interpolation. The artifact, highlighted by the
yellow arrows, is most evident for SR data processed without additional interpola-
tion from the data acquired directly from the scanner (top). Interpolations to pixel
dimensions of 𝜆/4 decreases the artifact (centre) and filtering to extract only isolated
MB signals decreases it further (bottom). This data is presented with SR pixel size
of 2 𝜇m x 2 𝜇m.
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This phantom also highlighted the incidence of a gridding artefact shown in Fig-

ure 5-35. Gridding artifacts have been investigated in earlier literature. Song et al.

(2018) investigated how a gridding artefact can occur when the data is insufficiently

sampled upon acquisition [260]. The authors showed that sampling data to obtain

a beamforming resolution of 0.5𝜆 laterally and 0.25𝜆 axially should avoid quantisa-

tion error. They also showed that, in that case of undersampling, localisation using

Gaussian fitting and centroiding was more robust than peak detection. The data

used in this chapter exceeded the sampling criteria, however a gridding artefact was

still present. It was hypothesised that the extent of interpolation performed on the

data may affect this artefact. Figure 5-35 shows the gridding artefact that could be

observed in the beamformed data without any interpolation (unsampled data). Upon

performing linear interpolation of each frame to square pixels of 𝜆/4 prior to inten-

sity thresholding, the gridding artefact was reduced (more successfully in the case of

centroid localisation). Upon filtering out signals from noise and multiple MBs the

gridding artefact had been removed from both localisation methods. This suggested

that interpolation was related to the gridding artefact, onset localisation was more

susceptible than centroiding, and weaker signals (attributed to noise) were also more

susceptible.
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Figure 5-36: How centroid localisations are affected by interpolation choices. The
choice of the level of interpolation and whether thresholding is done before or after
interpolation will change the appearance of the PSF (top). The discretion of signal
to pixel values also changes the variation in localisations due to noise as shown by
the spread of individual localisations (bottom) over 500 repeats.

This artifact was also seen earlier in Figure 5-14 where repeated localisations of the

linear point target resulted in groups of localisation points. Figure 5-36 explores this

further. Without interpolation the distribution of the localisations does not look as

random as expected if the localisation precision was primarily determined by noise.

Interpolation to square pixels of 𝜆/20 prior to intensity thresholding, results in a

much smoother distribution. It is important to note that this should be performed

before intensity thresholding, as otherwise the gridding artefact will persist due to

the thresholding of large pixels having a significant impact on the shape of the PSF.

Centroid localisation may be less affected than onset localisation because centroiding

uses all the PSF pixels whereas the axial position of the signal onset is determined

only by two columns about the lateral centroid location. Following interpolation,

these adjacent columns are likely to be more similar than if they also included infor-

mation from the edges of the PSF. This could also be why small PSFs in the case of

noise/weaker signals were also more affected.

Overall, this phantom was the easiest to use and manufacture out of the four

options tested in this chapter. This meant that it could already by used to investigate

interesting research questions related to SRUS such as the degree of interpolation.
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5.7.3 Sacrificial sugar structures

This method was a novel application of a technique originally designed to fabricate a

3D tissue culture scaffold to fabricating a microvascular US phantom. There are many

materials which could be considered for use as sacrificial structures. The benefit of this

approach was that the carbohydrate recipe had been previously shown to quickly and

easily dissolve within a material (low melt agar) suitable as a TMM. This dissolution

of the structure could be performed using water within a few minutes. The integrity

of the surrounding low melt agar was not affected - as it might have been if a harsher

solvent was required. Moreover, Miller et al., (2012) had intentionally designed and

iterated the recipe to enable easy dissolution. The results showed that not all US

TMMs will be suitable for use with the sugar scaffolds. For example, paraffin wax

was more likely to cause the structures to dissolve than the low melt agar. Thus the

surrounding material of low melt agar, as trialled in Miller et al., (2012) was also used

in this chapter.

The results showed that the sugar spinning method could fabricate channels with

diameters < 50 𝜇m. Figure 5-26 shows that the channels left by these structures

could accommodate MB flow and SRUS was possible. Out of the four phantoms

tested, this example enabled the most tortuous perfusable vessels to be fabricated.

In future work, it would be interesting to use these phantoms to assess the efficacy of

using SRUS to make structural measures of tortuosity and distance which previous

literature has suggested is useful for the diagnosis of malignancy [121].

Of particular interest is that, Figure 5-26 shows that, the SRUS protocol used has

not detected all of the perfused vessels. Having this ground truth allows such issues

to be identified, and the reasons/solutions investigated in the future. In contrast to

the agar-tubing, the FWHM of the SRUS image of two example vessels was less than

expected based on the widths measured using the optical microscope. This could

suggest that the MB distribution was not uniform across the channels generated.

Another point to note is that most of the images of the phantoms in this chapter

were generated using the IQ data. Figure 5-26 shows that the PW data provided a
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poor visualisation of the structures due to increased noise, compared to when IQ data

was used. Other authors have noted the need to develop methods to counter the low

SNR of PW imaging [119]. This is a topic for future work.

Initially it was hoped that the structures could be optically characterised before

embedding in the TMM. This would prevent any distortion of the optical image

due to uneven surrounding medium causing refraction, or changes to the structure

during the process of extracting it from the US set-up and moving it to the optical

microscope. However, by making the structures using a sugar spinning technique, it

was not possible to ensure that the strands would be connected such that they could

all be perfused. Thus, it was necessary to optically characterise the phantom after

perfusion with dye. Future work could involve following a 3D printing approach of

the scaffolds as in Miller et al., (2012). This would allow the structures to be designed

to ensure perfusion.

One limitation of this method is that it may not be as suitable for fabricating 3D

phantoms as expected. Although 3D structures were made during the sugar spinning

process, they collapsed into a single plane during vitrification in the oven. This does

make 2D imaging easier since the full phantom can be aligned with the imaging

plane, but as research in SRUS moves in the direction of 3D imaging this could be a

disadvantage. In future, several structures could placed in a 3D arrangement prior to

pouring of the low melt agar.

For the phantom imaged using SRUS, some vessel leakage was observed during

the optical imaging. Leakage is not ideal as it makes it more difficult to accurately

measure the width of the channel over which MBs may exist. This was not observed

in previous phantoms which had been stored in the 45𝑜C oven for a several days

instead of being used straight away. In future, perhaps the scaffolds should be left to

dry out for several days in order to reduce the possibility of any dampness affecting

the efficacy of the coating.

Overall, referring to Table 5.6 the sacrificial sugar phantoms performed similarly

to the extracted agar tubing (largely due to the use of the same TMM). Although

they were more difficult and time consuming to fabricate, this phantom may be a
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good option when more complex structures are required.

5.7.4 Leaf decellularisation

This method was motivated by the potential to take advantage of the natural vascu-

lature branching structure of leaves. It was also desirable that the transparent, thin,

vessel boundaries could enable this phantom to be visualised simultaneously optically

and acoustically. However, this was judged the least successful phantom for SRUS

which was investigated.

Optical imaging of MBs did show that perfusion of a range of vessel diameters (as

low as 20 𝜇m). However, difficulty in distinguishing the dye perfused leaf from the

control sample meant that obtaining a ground truth of those vessels that could be

perfused was challenging - a crucial criteria for a phantom. Instead, flowing particles

were required to assess if the vessels were perfused. The phantoms were very delicate

and the prolonged manipulation of the samples on the optical microscope set-up

whilst perfusing MBs easily resulted in damage. Perhaps, in future work, this could

be avoided by extracting a fraction of the leaf, with only a few perfusable vessels,

which could be characterised optically and then easily registered to the SRUS image.

The preliminary SRUS image of a sample did hint at some potential as a vascu-

lature phantom despite only 258 frames being processed. The petiole could be easily

perfused and identified. Moreover, there was evidence of MBs flowing along smaller

vessel branching from the petiole. Future work would be required to assess whether

the decellularised vasculature had realistic acoustic properties compared to human

vasculature. If so, perhaps the easily perfusable petiole would have applications for

other flow applications where microvessels are not necessary.

5.8 Conclusion

Overall, this chapter has shown that the agar tube phantoms were the simplest for

testing SRUS. Since this phantom has a reliable ground truth, there is potential to use

the phantom to help investigate potential choices that have to be made in SRUS. For
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example, the data collected using the agar tubing allowed investigation of the effect

of interpolation choices, something that has not been previously characterised in the

literature. SRUS images were also generated using the sacrificial sugar phantoms and

future work could develop the methodology to make the fabrication of these more

reliable. The 3D printed phantoms and leaf phantoms both showed more promise as

US phantoms than perhaps expected, however the results from this work suggest that

SRUS is unlikely to be the most appropriate application for these phantoms.
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Conclusion

The primary aim of this thesis was to develop validation tools for SRUS. This was

motivated by the challenge of exploring the multitude of factors that affect SRUS

in vivo, and the lack of existing realistic in vitro and in silico techniques suitable

to provide a ground truth. SRUS is a rapidly emerging field with numerous groups

proposing new strategies and improvements to the SRUS process. However, without

a well-known and physiologically realistic ground truth it is challenging to compare

and validate these techniques.

6.1 Main findings and contributions

The first contribution of this thesis was the introduction of a new simulation platform

developed in order to simulate SRUS. This simulation is novel over the previous

in silico investigations in the literature in that it incorporates the non-linear MB

response, using an established MB model, with the nonlinear acoustic wave modelling

of k-Wave. The simulation can incorporate different transducer models, MB sizes and

MB/tissue movement.

The first application of this simulation platform was the comparison of MB detec-

tion techniques. Overall, this work has highlighted that the choice of detection tech-

nique is not inconsequential. Different detection techniques will be more appropriate

for use with different acquisition parameters and different physiological conditions. In
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particular, the velocity dependence of DI and SVD mean that they are less suitable

for visualisation of tumour microvasculature than non-linear techniques such as PI.

A further application of the simulation was the identification and investigation

of artifacts due to application of the SVD filter. Within a collaboration with other

colleagues, the "smearing", "flashing" and "splitting" artifacts were investigated in

silico, in vitro and in clinical data. The simulation allowed the factors which affected

the artifacts to be more reliably controlled and fully investigated. This work eluci-

dated the origin of the SVD artifacts and measures which could be taken to avoid

them.

A further contribution of this thesis was the design of a simultaneous acoustic

and optical rig to study SRUS of flowing MBs in a 200 𝜇m cellulose tube. Dur-

ing this work the limitation of the relative DOFs of the optical and acoustic FOVs

was highlighted, something that has not been discussed in previous literature. The

improvement achievable from introducing an adjustable aperture into the optical mi-

croscope was quantified. However, the results showed that this idea was insufficient

for extending the DOF over the full tube. Despite this set-up not allowing the effect

of the MB environment on SRUS to be optically validated as intended, this work did

provide insight into performing SRUS at low flow speeds in this in vitro environment.

In silico and in vitro results have shown that the MB distribution is not uniform

over the tube extent due to buoyancy. This raises an interesting question for future

research about whether buoyancy might also affect the SRUS profiles obtained during

in vivo imaging. The results of this chapter could also be used by future researchers to

guide their choice of tube diameter in similar set-ups. The effect of buoyancy at slow

flows makes it challenging to achieve a constant dilute MB concentration due to MBs

floating to rest at the top of the tube. It is suggested that vessels of diameters closer

to the capillary scale be used to avoid this problem. Achieving a constant flowing

concentration of MBs would also be useful when investigating how to achieve strong

MB signal without MB destruction - a key challenge identified during this work. Fur-

thermore, using vessels of smaller diameters will also avoid problems associated with

the limited optical DOF by making it easier to optically detect MBs over the full
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phantom extent.

An observation from acoustic images obtained during the work of Chapter 3, led to

the contribution of a new signal processing strategy to avoid the saturation artefact

commonly observed when operating at gains suitable for contrast imaging. High

dynamic range non-linear imaging has the potential for use with SRUS and the field

of CEUS more widely.

The final contribution of this thesis was the fabrication and comparison of four

potential microvasculature phantoms for SRUS. The two most successful phantoms

considered were the wire extrusion phantoms and the sacrificial sugar phantoms. The

agar channels fabricated in this thesis are the smallest wire extrusions channels that

have been shown to sustain flow and generate a SRUS image. The sacrificial sugar

structures are a novel SRUS phantom option that have the potential to mimic tortuous

vessels.

6.2 Future work

The results of this thesis also have implications for potential directions of future work.

In particular, there are some key research questions which the tools developed during

this work are well posed to investigate.

6.2.1 Application of simulation to investigate effect of aberra-

tion

Aberration is distortion of the wavefront due to inhomogeneous acoustic properties

of the medium [261]. When different sections of the wavefront propagate through

regions with different sound speeds, the different wavefront sections experience dif-

ferent non-geometric path lengths. This changes the shape of the wavefront. When

the image is beamformed, assuming a constant sound speed, resolution will be de-

graded. Understanding the degree to which SRUS will be affected by aberration is

an important step in assessing the depth capabilities of SRUS.
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Figure 6-1: Simulation geometry to investigate aberration.

This work has been started with the help of project student C. Salib. A possible

means of investigating the effect of aberration using the simulation was developed.

The proposed simulation would involve a grid of MBs relative to layers/or other clin-

ically relevant distributions of fat. One embodiment of this investigation, wherein

aberration due to a layer of fat is modelled, is shown in Figure 6-1. The grid formu-

lation would allow the effects of aberration on resolution and position of beamformed

MB signals over the FOV to be quantified. The simulation would be particularly

useful for investigating any change in localisation position of the scatterers caused by

aberration because the true MB positions are well known.

Previous authors have discussed how a point scatterer in the FOV can be used to

correct for aberration [262]. Unfortunately, this is generally unfeasible in vivo. How-

ever, assuming that MBs can be well approximated as spherical scatterers, perhaps

such correction methods would be relatively straight forward to adapt for aberration

correction of SRUS. This is an exciting area for future study.

6.2.2 Application of simulation to compare statistical and lo-

calisation methods

There is clear motivation to increase the acquisition speed of SRUS. Bar Zion et al.

(2017), suggest that their technique, given that images can be generated at a temporal
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resolution of <1s which is appropriate for imaging flow dynamics [129]. As discussed

in Chapter 1, this technique is one of several [129, 130, 131, 132] that operate at

higher MB concentrations than suitable for localisation microscopy.

It can be very difficult to fully compare these techniques in vivo, or even in

vitro, settings as they perform best over different time scales and MB concentrations.

Moreover, it will require investigators which have an interest in both approaches such

as the optimum acquisition parameters for both methods can be applied. A topic

for future work is the use of the simulation presented in Chapter 2 to compare these

approaches. Ultimately, it may be possible to use both techniques complementarily.

For example, consistently low concentration of MBs can be challenging to achieve in

vivo and consequently it could be beneficial to use both techniques so that data could

be used more efficiently.

6.2.3 Combination of agar tubing and optical set-up

The results of Chapter 3 showed that 200 𝜇m tubes may have too large a diameter due

to the effects of buoyancy and limited optical DOF. MBs could however be detected

over 50 𝜇m, therefore it would be interesting to use the wire extrusion phantoms

developed in Chapter 5 with the optical set-up. The low melt agar is already optically

transparent. The next step would be careful design of the 3D printed holder to

enable incorporation with the optical set-up. Using the smaller tubing could make

the investigation of how MB environment affects localisation easier.

One of the challenges encountered during the work of Chapter 3 was obtaining a

sufficiently high SNR of a low concentration of slowly flowing MBs. SNR limitations

of PW imaging also motivated the use of a focused mode when testing the phantom

options in Chapter 5. The need to counter the relatively poor SNR of PW relative to

focused mode for SRUS has already been raised in the literature [119]. However, this

is topic where significant future research could be useful. Using this proposed set-

up could allow the effect of potential approaches such as; varying amplitude and/or

framerate, introducing compounding, or signal processing/tracking approaches on

flowing MBs to be investigated.
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Investigation of monodisperse MBs for SRUS

There is motivation to develop monodisperse agents for applications beyond SRUS

because they can be tailored to improve imaging sensitivity [263, 264] and ensure

more consistent drug delivery [265]. For SRUS in particular, there is motivation to

develop monodisperse MBs both to increase agent sensitivity and ensure less variation

between MB signals.

Both the optical and simulation results have shown motivation for tuning MBs

size for SRUS. MBs of radii 1 𝜇m and 0.5 𝜇m generally contributed the least to the

signal using both the linear and non-linear techniques during the work of Chapter

2. This relates well to the work by Gorce et al. (2000) where MBs of radii < 1 𝜇m

were found to not significantly contribute to the overall echogenicity [191]. Previous

work considering the application of monodisperse MBs for SRUS has also suggested

that larger MBs are preferred [122, 196]. However, as shown in the simulation, the

most appropriate MB size depends on the transmit frequency, probe bandwidth and

detection method. For example, referring to Figure 2.5.2 when PI was performed at a

transmit frequency of (2 MHz), the smaller MBS (of radii 2 𝜇m and 3 𝜇m) generated

a higher CTR than the larger MBs (of radii 4 𝜇m and 5 𝜇m). Using the optical set-up

it was shown that flow rate may have an impact on the size of MBs in the optical

FOV. The effects of buoyancy meant that the larger MBs were more likely to float

to the top of the tube than the smaller MBs which could more easily move through

the FOV. This size selection may also contribute to why less acoustic signal can be

observed at slower flow rates. In future work it will be important to understand

how practical factors which unintentionally affect the size distribution such as lung

filtration [266], flow rate [267], and needle gauge [267, 268] all influence SRUS images.

Overall, future work is required to investigate the influence of using a polydisperse

agent for SRUS and the potential of monodisperse MBs to improve images.

270



Chapter 6 6.2. Future work

6.2.4 Application of sacrificial sugar phantoms to assess SRUS

quantification of tortuosity

One potential clinical application of SRUS is the extraction of parameters such as

tortuosity and distance between vessels which can be used to identify pathological

tissue [20, 121]. Previously, the structural measures have been extracted without

a ground truth of individual vessels - instead relying on bulk measurements of the

overall sample. Thus, it is not possible to assess how accurately the SRUS protocol

is capturing the complex vessel shapes. Aside from the relatively large spiral phan-

toms used in [114] the sugar scaffolds are the first microvascular phantoms which can

be used to generate complex structures. Future work could involve assessing how

accurately SRUS images these channels and how long data needs to be acquired to

identify pathology.
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Convergence testing for simulation

toolbox.

A.1 Motivation

The spatial discretisation and temporal discretisation may introduce numerical error

which affects the phase and amplitude of measured pressures. Thus convergence tests,

which mimic the following experiments as closely as possible, were required to ensure

that any numerical error is at an acceptable level. As this work incorporates the highly

non-linear MB signal, where it is important to resolve at least the 2nd harmonic, the

wavelength is defined as twice the transmit frequency. Due to the limitations of

defining the transducer geometry on the k-Wave grid, the lateral discretisation was

set to be a constant 20 𝜇m to match the probe pitch value. By varying the ppw (from

2 ppw to 10 ppw) and CFL value (from 0.005 to 0.5), see Equation 2.30, convergence

tests were performed.
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A.2 Methods

Propagation in homogeneous medium

This test was designed to be most relevent to step 1 of the MB simulation process.

A k-Wave sensor was used to measure the signal at the centre of the transducer,

7 mm axially from the probe. Care was taken to ensure that any rounding errors

in positioning the source on grid points did not change the distance travelled for

varying ppw, and that the effect of the staggered grid was corrected for. To keep

computational times manageable, base values of CFL and ppw were chosen to be

0.05 and 5 respectively. That is, for testing the effect of ppw the CFL value was

set to 0.05. A transmit pulse frequency of 4 MHz was used here, and the LA332

probe modelled. Phase error was determined by calculating the shift between the

signal peaks for each signal with respect to the simulation output performed at the

finest discretisation. Using the phase error to shift the signal, the amplitude error

was calculated by taking the root mean squared (RMS) error between each signal and

that determined at the finest discretisation.

Propagation in heterogeneous medium

An identical procedure to that with homogenous medium was performed using the

tissue distribution used for later experiments and provided in Figure 2-5. The grid

sizes were slightly different for each ppw value as the dimensions were set to have low

prime factors to increase the speed of the k-Wave simulation [182]. To keep the tissue

geometry the same at the point where the signal was measured, the distribution was

cropped to fit the smallest grid size. Random inhomogeneity was not included here

as it would cause variation to the propagation medium for varying pixel dimensions

which may affect the received signal.

Non-linear MB signal

It is necessary to investigate how the grid discretisation impacts the non-linear MB

signal. The MB response for a 2 MHz transmit pulse was propagated back to the probe
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position and the Fourier transform calculated. For this experiment no transducer

bandwidth was modelled to ensure non-linear signal components were not removed.

The fraction of linear signal was found by integrating the frequency spectrum between

1.6 MHz and 3.4 MHz and dividing by the total area under the frequency plot between

0 MHz and 12 MHz. Non-linear signal was considered to be contained between a

transmit frequency of 3.4 MHz and 12 MHz. No sub-harmonics were observed for

this set of parameters. The RMS error of the percentage of linear and non-linear

signal was calculated relative to the finest discretisation investigated.

Resolving small movements

Any error in absolute position caused by numerical choices is less important than error

that is not consistent and will cause relative errors when consider moving scatterers.

The effect of ppw choice on relative movement was investigated by putting the sensor

at the MB position and at 0.1 𝜇m increments axially about the MB position. The

delay between the signals received was found using the correlation-based MATLAB

function "finddelay()". The RMS error between this value and the known step size

was calculated.

A.3 Results

Figure A-1 shows the results of the convergence tests for homogeneous and hetero-

geneous media. There is no significant different between the discretisations required

for heterogeneous media compared to homogeneous. Appropriate ppw choice is more

important than CFL choice for limiting numerical error. Working at a grid spatially

discretised to match the Nyquist limit of 2 ppw can introduce amplitude error up to

10 kPa compared to performing the simulation at 10 ppw. The results suggest that

simulation performed at ≥ 6 ppw and CFL ≤ 0.05 will result in phase error < 1𝑜 and

amplitude error < 1 kPa.
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Figure A-1: Convergence testing for homogenous and heterogeneous media. Depen-
dence of numerical error on ppw (top) and CFL (bottom) for propagation through
homogenous (left) and heterogeneous media (right).

Figure A-2 shows that the fraction of the non-linear signal components has a small

percentage error relative to simulations performed at the finest discretisations. Again

a spatial discretisation of ≥ 6 ppw is recommended.

Figure A-2: Converging testing, considering MB non-linear signal. Dependence of
preservation of non-linear MB signal components on ppw (A) and CFL (B).

Assuming a bulk sound speed of 1570 m/s, a frequency of 4 MHz, and a phase

error on the order of 1𝑜 (as expected from Figure A-1), there may be a error in the

signal position of ≈ 2 𝜇m. This may be problematic when investigating the lowest
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MB speeds, as the MBs will move less than 2 𝜇m between frames. Fortunately, Figure

A-3 shows relative motion at each ppw has less error. For a MB speed of 1 mm/s and

PRF of 1000 Hz, a ppw ≥ 4 will give an estimated percentage error of < 5%.

Figure A-3: Dependence of movement resolution on ppw.

A.4 Conclusion

The use of the Fourier Spectral method for solving the wave equations reduces compu-

tational time but is not without compromises. For example, inappropriate temporal

and spatial discretisation of the grid may introduce inaccuracies and numerical insta-

bility. The results presented in Figures A-1, A-2 and A-3 have aimed to replicate the

parameters used in simulations during this thesis. By using a ppw ≥ 6 and CFL ≤

0.05, we can ensure a degree of phase error < 1𝑜 and amplitude error < 1 kPa.
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Methodology of in vitro and clinical

experiments within the SVD

collaboration

Artifacts associated with SVD clutter filtering were more fully explored through col-

laboration. The methodology of the in vitro experiments (performed by J. Zhu)

and clinical experiments (performed by F. Xu and P. Huang) are provided here for

reference.

B.0.1 In vitro

In vitro experiments used a 300 𝜇m tube embedded in a TMM [269]. MBs (made in-

house) of concentration approximately equal to 2.5 x 107 MB/mL were injected into

the tube using a programmable syringe pump (Harvard Apparatus Programmable

PHD2000 pump, Harvard Apparatus UK, Cambridge, United Kingdom) which con-

trolled the mean flow velocities at 4, 10 and 80 mm/s. Plane wave data was collected

using a linear probe L12-3v and research system (Verasonics Vantage 128). A sequence

with 5-angle compounding plane wave (angle range of 20𝑜) at centre frequency of 4

MHz, MI of 0.11 and frame rate of 1000 Hz was used. Compounded and beamformed

images were filtered using various stack sizes (1000, 500, 250, 100 and 50 frames).
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CTR was measured by taking a MB ROI around the vessel phantom and a back-

ground ROI 3 mm above the MB ROI. The CTR was computed as the mean pixel

intensity of the MB ROI over the mean pixel intensity over the tissue region.

B.0.2 Clinical

In vitro contrast data of a human cervical lymph node was collected using a clinical

scanner (EPIQ 7, Philips,Bothell,WA,USA) using a L12-3 linear array transducer in

penetration frequency mode. A 1.2 mL bolus of Sonovue MBs was injected, followed

by a 5 ml saline flush. To achieve a concentration suitable for SR, destruction pulses

with a MI of 0.75 were used. This was followed by imaging at an MI of 0.06 and

framerate of 62 Hz using the penetration frequency mode. 471 frames were acquired

for SVD processing.
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Calibration Table for the ULA-OP

Amplitude Setting

This ULA-OP amplitude setting at a centre frequency of 4 MHz was calibrated using

a 0.2 mm hydrophone needle (Precision Acoustics, Dorchester, UK). The results are

presented below in Table C.1 for the in vitro work in chapter 3.

ULA-OP Amplitude Setting Peak Negative Pressure (MPa) MI
0.1 -0.03 0.01
0.2 -0.06 0.03
0.3 -0.08 0.04
0.4 -0.11 0.05
0.5 -0.14 0.07
0.6 -0.17 0.09
0.7 -0.20 0.2
0.8 -0.22 0.11
0.9 -0.25 0.12
1.0 -0.27 0.14

Table C.1: Calibration of ULA-OP amplitude.
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