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Abstract

All-optical ultrasound (OpUS) is an imaging paradigm which uses light to both gen-

erate and receive ultrasound and has progressed from benchtop to in vivo studies in

recent years, demonstrating promise for minimally invasive surgical applications.

This technique has advantages in terms of ease of miniaturisation through the use of

optical fibres, high sensitivity, broad ultrasound bandwidth and immunity to electro-

magnetic interference. Additionally, the use of optics allows for easy modification

to allow a lateral viewing configuration, which enables the operator to have a view

of the specific vessel wall, such as coronary arteries. Another promising feature

of OpUS is the potential to integrate other optical modalities, such as photoacous-

tic imaging or laser ablation via additional optical fibres or wavelength-selective

coatings.

Recently there has been interest in using miniaturised hybrid probes for guid-

ing minimally invasive procedures. One promising hybrid imaging methodology is

the combination of ultrasound imaging and fluorescence sensing. With ultrasound

imaging, an image is formed by the combination of the received reflections of ul-

trasound waves, thereby providing structural contrast. With fluorescence sensing,

excitation light is delivered to the imaging target where it is selectively absorbed by

molecules, known as fluorophores, which emit light via fluorescence, thereby pro-

viding molecular contrast. These two complementary modalities have been realised

previously for imaging of the gastrointestinal tract and for assessment of cancer

progression.

This thesis focuses on the integration of complementary optical modalities into

a miniaturised lateral Optical Ultrasound (OpUS) probe. Ultrasound transmitters
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were fabricated using a novel composite coating to assess the feasibility of creat-

ing a wavelength-selective coating with the appropriate transmission windows for

complementary fluorescence sensing. These transmitters were capable of generat-

ing ultrasound pressures in excess of 1 MPa with corresponding −6 dB bandwidths

> 20 MHz. After modification to generate a lateral field-of-view, these transmitters

were integrated into a clinically-compatible catheter and housing. A novel rapid ac-

quisition imaging methodology was demonstrated, enabling imaging resolutions as

low as 45 µm and 120 µm in the axial and lateral extent respectively whilst achieving

subsecond acquisition periods. To demonstrate the potential of the device for clini-

cal imaging, an ex vivo swine oesophagus was imaged using the working channel of

a mock endoscope for device delivery. Further, fluorescence sensing was incorpo-

rated to present a fibre-optic dual-modality side-viewing device for rapid pullback

imaging.

This work demonstrates the promise of all-optical hybrid imaging probes to

provide rapid diagnostics and guidance alongside conventional endoscopy.



Impact Statement

The research interest in medical imaging techniques and technologies has been

growing exponentially in recent decades, driven by the increasing demand for more

accurate, non-invasive diagnostic tools. Innovations such as optical ultrasound,

fluorescence imaging and multi-modal systems are enhancing early detection and

real-time monitoring, providing clinicians with detailed structural and molecular in-

sights. These advancements are particularly transformative for minimally invasive

procedures, offering higher resolution and precision. As imaging technologies con-

tinue to evolve, the development of compact and multi-functional devices is poised

to revolutionise diagnostics and personalised healthcare.

This thesis presents advancements in multi-modality fibre-optic imaging for

minimally invasive medical applications, focusing on the integration of optical ul-

trasound and fluorescence sensing into a single miniaturised device. The develop-

ment of a novel, clinically compatible probe with dual-modality capabilities offers

a significant leap forward in the field of medical imaging, particularly for guiding

minimally invasive procedures like endoscopy.

Currently, most ultrasound transducers use piezoelectric elements to generate

ultrasound from high voltage pulses. However, these elements have proved chal-

lenging to miniaturise without sacrificing key factors such as adequate reception

sensitivity and wideband transmission. All-optical ultrasound is an emerging bio-

imaging technique that is suitable for miniaturisation to below 1 mm diameter in

conjunction with high sensitivity, broad bandwidth, and immunity to electromag-

netic interference. Further, the use of optics allows for elegant integration of com-

plementary modalities like photoacoustic imaging, optical coherence tomography,
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or optical fluorescence sensing.

The integration of ultrasound and fluorescence sensing in a single side-viewing

fibre-optic probe improves diagnostic accuracy by providing both structural and

molecular information about the vessel wall. This allows for enhanced detection of

pathological changes, such as the early stages of oesophageal cancer, with high res-

olution and speed, reducing the need for multiple invasive procedures. The probe’s

potential application in identifying metaplastic transformations in Barrett’s Oesoph-

agus and oesophageal adenocarcinoma highlights its importance in addressing clin-

ical challenges, where early diagnosis is key to improving patient outcomes.

Beyond oesophageal imaging, the probe’s design has versatile applications in a

range of minimally invasive procedures, offering enhanced imaging that can better

assist clinicians. This work also lays the foundation for future innovations, such as

integrating laser ablation, further advancing diagnostics and therapeutic techniques.

Overall, this research supports ongoing efforts to make medical procedures safer,

more efficient, and accessible, with significant potential to improve healthcare de-

livery and patient outcomes worldwide.
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Chapter 1

Introduction

Many medical interventions would benefit significantly from enhanced sensing and

imaging capabilities, as the limitations of using a single modality often restrict the

comprehensiveness and accuracy of diagnostics and treatments [12]. For instance,

traditional imaging techniques like Magnetic Resonance Imaging (MRI) or X-ray,

while effective in certain contexts, may lack the sensitivity or specificity needed

to detect subtle abnormalities or to provide detailed insights into complex physio-

logical processes. By integrating multiple imaging modalities, such as combining

Optical Coherence Tomography (OCT) with fluorescence imaging or Ultrasound

(US) with Photoacoustic (PA) imaging, clinicians can gain a more complete picture

of the tissue structure and function [12]. This multi-modal approach allows for bet-

ter differentiation of tissue types, improved detection of pathological changes, and

more precise guidance during interventions, ultimately leading to better patient out-

comes. Positron Emission Tomography (PET) combined with Computed Tomog-

raphy (CT) scans, for instance, are widely used in oncology to detect and localise

tumours [13]. Here, PET provides metabolic information, while CT offers detailed

anatomical structure. Similarly, OCT and fluorescence imaging are used in tandem

in ophthalmology, combining both a view of the structural details of the retina and

changes in molecular specificity of the tissue [14]. The synergy of different modal-

ities harnesses the strengths of each, offsetting their individual weaknesses, and is

particularly valuable in complex or minimally invasive procedures where real-time,

high-resolution imaging is essential.
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1.1 Motivation
Oesophageal cancer is responsible for more than 8000 deaths per year in the UK,

and has a survival rate of just 12% [15]. However, it is estimated that 59% of these

cases are preventable [16]. This anomaly is likely related to an early diagnosis rate

of just 5.8%; the lowest Stage I diagnosis rate of any cancer in the UK [15].

Barretts Oesophagus (BE) is a precancerous condition in which the squamous

lining the oesophagus begin to grow abnormally. Patients with BE are up to 125

times more likely to develop oesophageal adenocarcinoma than the general popula-

tion, depending on the grading of the dysplasia [17] (Fig. 1.1).

Figure 1.1: A histological description of the development of oesophageal adenocarcinoma
in patients with BE. The initial lining of the oesophagus comprises squamous
cells. These are then replaced by non-dysplastic columnar cells. Further molec-
ular and genetic aberrations result in low- and high-grade dysplasia. The latter
is the immediate precursor of, and often coexists with, adenocarcinoma. Taken
from [1].

Currently, the gold-standard diagnostic method for BE is histology of an en-

doscopic biopsy [18]. The biopsied epithelium is then categorised according to

the Vienna Criteria as non-dysplastic, Low-Grade Dysplasia (LGD) or High-Grade

Dysplasia (HGD) [19]. However, there is significant inter- and intra-observer vari-

ability in the diagnoses of these conditions [20]. Additionally, the inherent sampling

error of a biopsy gives an estimated false negative rate of 50% of all BE cases [21].

Initial diagnostic methods include the Cytosponge [22, 23] and white-light en-

doscopy [24]. However, histology of the cells collected by the Cytosponge only

indicates the presence of ‘brown cells’, so this must be followed up with endo-

scopies to determine the location and size of the abnormal region. White-light en-
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Figure 1.2: BE with HDG imaged with white-light endoscopy, supported by a) narrow band
imaging, b) confocal laser endomicroscopy. Taken from [2].

doscopy, whilst highly accurate for topographic identification, cannot identify the

tissue depth of the dysplasia, which is particularly important as it extends to the ad-

ventitia, where it may progress to adenocarcinoma. This must be supported by var-

ious techniques for mucosal enhancement (Fig. 1.2), including both Fluorescence

Sensing (FlS) and US imaging [25]. Further, this is likely to require an oesophageal

biopsy to be taken for confirmation.

As such, a medical tool is required for integration into the current endoscopic

surveillance system to ascertain not only the presence of dysplasia, but the depth and

density simultaneously, thereby limiting the amount of procedures required for the

patient. This tool could be utilised alongside biopsies for target guidance, or indeed

instead of a traditional biopsy, so as to limit the potential for a false negative.

1.2 Clinical Requirements
The first consideration is the compatibility with currently used technology, includ-

ing surgical instruments such as catheters and endoscopes. This would ease the

medical translation of these devices, both physically through the hardware used,

and in terms of simplicity for the clinician. To this end, miniaturisation of the probe

is of particular interest. Research of current endoscopic devices indicated a maxi-

mum tool channel diameter of 1 mm (Table 1.1 (1a)). Additionally, the acquisition

time should be minimal to improve patient comfort. A white-light endoscopy of

the upper Gastrointestinal (GI) tract takes ca. 5− 15 minutes depending on the

required detail [31]. Assuming the clinician requires multiple imaging angles, the

scan time must be short enough to accommodate multiple scans within the available
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Physical Attribute Parameter Advantage
General Probe Characteristics

1a Device diameter ≤ 1 mm Fits within current surgical work-
flow, e.g. in the working channel
of an endoscope

1b Acquisition time < 1 minute Fast imaging to minimise time
for scans and improve patient
comfort

1c Low cost £100s Suitable cost for single-use de-
vice

Ultrasound Parameters
2a Peak pressure > 1 MPa Suitable pressure for required

penetration depth
2b Bandwidth > 20 MHz Broadband emission of ultra-

sound for improved image reso-
lution

2c Resolution < 100 µm Suitable detail for imaging of
vascularisation in tissue [26]

2d Penetration depth > 10 mm Imaging of full oesophageal wall
[27]

Fluorescence Parameters
3a Signal to Noise Ra-

tio
≥ 20 : 1 To distinguish autofluorescence

from background noise sufficient
for clinically useful images [28]

3b Excitation/emission
wavelengths (Por-
phyrins)

400−410/600−
700 nm

Targeting porphyrins which can
accumulate in dysplastic tissue
[29]

3c Excitation/emission
wavelengths (Colla-
gen)

320−380/400−
450 nm

Targeting collagen III which can
become upregulated in dysplastic
tissue [30]

Table 1.1: Desired properties of an optimal imaging probe.

timeframe. As such, a target of ≤ 1 minute was decided (Table 1.1 (1b)). Due to

the invasive nature of these scans, it can be assumed that these devices would be re-

quired to be single use. Therefore, minimising costs for the disposable components

of the imaging system is essential (Table 1.1 (1c)). While the imaging console rep-

resents a significant cost, the device itself is relatively inexpensive to manufacture.

Ideally, imaging results should be provided directly to the clinician in a relevant

way that does not interfere with surgical workflow, and the probe should be robust

and designed for ease of use in a clinical setting.
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In order to image the full thickness of the oesophageal wall, the US should

be capable of an imaging depth of ca. 10 mm [27] (Table 1.1 (2d)). This depth is

necessary to adequately visualise the oesophageal wall and surrounding structures,

such as the aorta and lymph nodes. This can be used to dictate the required US

pressure. Fundamental acoustics and the speed of sound cs states that the acoustic

intensity I is defined by the peak pressure p of the US and the density of the medium

ρ as:

I =
P2

2ρc
(1.1)

Assuming an average oesophageal tissue attenuation µa of 0.5−0.75 dB.MHz−1.cm−1,

the pressure p required to reach this penetration depth d can be calculated using

Beer-Lamberts law [32] as:

P0 = P(d)eµad (1.2)

Here, the minimum required initial pressure for sufficient pressure at an imag-

ing depth of 10 mm using a high-frequency source was calculated to be 0.9 MPa.

As such, a target of ≥ 1 MPa was decided for the generated pressure (Table 1.1

(2a)).

The required resolution is dictated by that of comparable imaging method-

ologies. Conventional Endoscopic Ultrasound (EUS) achieves resolutions in the

axial and lateral extent of 100− 300 and 200− 500 µm respectively depending on

the acoustic profile of the US [33]. This is often used in conjunction with other

modalities for enhanced visualisation. PA and OCT, for example, demonstrate

much smaller resolutions, with PA imaging showing a range of 50− 200 µm in

both extents and OCT showing a lateral resolution of 20−40 µm and an axial reso-

lution of 5−10 µm. However, these modalities both demonstrate a poor penetration

(< 3 mm). As such, a target resolution of < 100 µm in the axial and lateral extent

was determined by the characteristics of BE (Table 1.1 (2c)). Here, the axial res-

olution is determined by the need to differentiate mucosal and submucosal layers,
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while the lateral resolution is determined by the vascularisation detail within the

tissue. These resolutions necessitate a broad bandwidth, so a target of 20 MHz was

set (Table 1.1 (2b)).

The optimal probe for GI US imaging would combine the wide field-of-view

and vessel wall visualisation of a lateral probe with integrated modalities such as FlS

to indicate the presence of biomarkers such as porphyrins or upregulated collagen

(Table 1.1 (3b,c)). The target Signal-to-Noise Ratio (SNR) of the fluorescent targets

was determined by the current standard of fluorescent imaging systems [28] as 20 : 1

(Table 1.1 (3a)).

An ideal solution would be a lateral single-fibre OpUS probe using a

wavelength-selective composite coating to target autofluorescent biomarkers for

integration of additional modalities without the need for additional fibres. Future

work could include the additional modality of laser ablation; either wavelength-

selective or by using an additional fibre. Ablation has already been successfully

demonstrated for treatment of LGD within the mucosal layer [34]. This tool would

be able to identify, locate, and remove dysplastic regions of the oesophagus in a

single outpatient procedure.

These requirements provide a guiding framework for probe development. As

this is a proof-of-concept investigation, these should be seen as target goals. It is

expected that they may not be fully met in the initial iteration, but the objective is

to make continuous progress toward achieving them.

1.3 Thesis Outline

The work contained in this thesis is aimed at creating a multi-modal lateral-viewing

OpUS imaging device for fast pullback imaging as a building block towards clinical

translation. The aim was to create a device which fulfils the requirements laid out

in Section 1.2. While OpUS imaging probes have been demonstrated in clinically

relevant formats, multi-modal optical probes remain limited in the literature. More-

over, few OpUS probes in existing studies offer a clinically relevant perspective,

such as viewing the vessel wall, and the imaging times are relatively large [35].
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Chapter 2 discusses the literature in more detail, looking at a range of topics in

both OpUS imaging and fluorescence imaging. Firstly, a review of current imaging

techniques for gastrointestinal imaging was conducted to identify a niche area that

would benefit from this tool. Subsequently, both the theoretical background and

experimental examples of OpUS imaging was discussed, including OpUS reception

and an in-depth investigation into the range of composite coatings exhibited in the

literature. Finally, the theory of fluorescence spectroscopy was outlined, along with

an examination of the currently available techniques.

The aim of the work described in this thesis was to create a device which fulfils

the requirements laid out in Table 1.1. This was broken down into three separate

elements:

• Wavelength-selective coatings for multi-modal imaging. This was addressed

in Chapter 3. Here, the fabrication of a novel OpUS transmitter using a NIR-

absorbing dye-Polydimethylsiloxane (PDMS) composite coated fibre is de-

scribed (published in MRS Advances [5]). This consisted of investigations

into different fabrication methods, as well as testing the behaviour and photo-

stability of the dye in various concentrations. Previously demonstrated com-

posites were also fabricated for comparative testing. The transmitters were

characterised and demonstrated peak pressure ≥ 1 MPa with corresponding

bandwidths ≥ 30 MHz which suggested they could be suitable for imaging.

In particular, the wavelength-selective behaviour was investigated to estab-

lish the potential for transmission windows to use in complementary modali-

ties. Subsequently, OpUS pulse-echo imaging was demonstrated using a dye-

PDMS coated transmitter in conjunction with an optical receiver (published

in IEEE [35]). With this device, images of a tungsten wire phantom and ex

vivo swine aorta were demonstrated, with an investigation into the impact of

imaging parameters on the quality of the image. The full depth of the aorta

sample was resolved and the images demonstrated the visualisation of physi-

ological features.

• Rapid B-mode imaging with a lateral-viewing probe. This was addressed pri-
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marily in Chapter 4. Here, a modified transmitter design is presented which

allowed for imaging perpendicular to the fibre axis. This was demonstrated

in conjunction with a novel rapid acquisition process which can achieve high-

resolution images in subsecond acquisition times (published in Biomedical

Optics Express [36]). Imaging resolutions as low as 45 µm and 120 µm in

the axial and lateral extent respectively were reported in images acquired at

speeds of 100 mm/s, with a corresponding SNR of 42 dB. This device has di-

rect application in invasive imaging where its highly miniaturised dimensions

would allow it to be used where conventional IVUS probes cannot reach. This

device was housed within a clinically compatible housing, and represents a

significant step towards developing clinical devices.

• Integration of a complementary fluorescence modality. This is addressed in

Chapter 5. Here, a novel probe design is presented which allows for both

US imaging and fluorescence sensing simultaneously. The device presented

a lateral field-of-view for both modalities. Rapid multi-modal imaging was

demonstrated which could offer improved guidance and diagnosis to clini-

cians. This work is awaiting publication at the time of thesis submission.

Finally, Chapter 6 contains a discussion of the work presented and the outlook for

future work.
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Literature Review

This chapter is a review for the current literature pertaining to the work carried out

in this thesis. Initially, the current imaging techniques in GI are investigated to as-

certain the required characteristics for the developed probe. Subsequently, OpUS

generation is discussed, including the theoretical approach to the design of compos-

ite coatings. The array of current transmitters are discussed, followed by an evalua-

tion of OpUS receivers, and their combination into both lateral imaging probes and

multi-modal probes that have been demonstrated previously. Finally, the methods

of fluorescence imaging are discussed, including both endogenous and exogenous

fluorophores used in medical imaging.

2.1 Current Imaging Techniques in Gastrointestinal

Imaging
Imaging technologies play a crucial role in the diagnosis and management of oe-

sophageal cancer and BE. Endoscopic US is highly valued for its ability to provide

detailed images of the oesophageal wall and surrounding structures, allowing for

accurate staging of oesophageal cancer and assessment of lymph node involvement

[37]. High-resolution endoscopy, combined with advanced imaging techniques such

as chromoendoscopy and Narrow-Band Imaging (NBI), enhances the detection of

dysplastic changes and early cancerous lesions in BE [38]. PET-CT is utilised

for staging and assessing the extent of metastatic spread in oesophageal cancer,

whilst OCT offers high-resolution, cross-sectional imaging that aids in evaluating
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the depth of invasion and detecting early mucosal abnormalities in BE [39]. These

imaging modalities, each with their specific advantages, collectively contribute to

a comprehensive approach to the diagnosis, treatment planning, and follow-up of

oesophageal malignancies.

2.1.1 Optical Coherence Tomography

OCT has emerged as a valuable tool in gastrointestinal imaging, particularly for BE.

OCT provides high-resolution, cross-sectional images of the oesophageal mucosa

and submucosa, enabling detailed assessment of dysplastic changes and early neo-

plastic lesions [39, 40]. One of the major advantages of OCT is its ability to offer

real-time, high-resolution imaging with excellent tissue differentiation, which aids

in accurate biopsy targeting and treatment planning [41]. For example, OCT can ef-

fectively distinguish between dysplastic and non-dysplastic tissues, improving the

precision of surveillance strategies and reducing the risk of overlooking early can-

cerous changes [42]. However, OCT also has limitations; its depth penetration is

relatively shallow (≤ 3 mm) compared with other imaging modalities such as en-

doscopic US, which can restrict its ability to evaluate deeper structures and lymph

nodes [43]. Additionally, the high-resolution images obtained with OCT can gener-

ate a significant amount of data, potentially complicating interpretation and increas-

ing the need for specialised training [44]. Despite these drawbacks, OCT remains

a valuable supplement to traditional endoscopy and biopsy, enhancing the overall

diagnostic and surveillance capabilities for BE and general GI imaging.

2.1.2 Positron Emission Tomography-Computed Tomography

PET-CT is increasingly utilised in the imaging and management of oesophageal

diseases, including BE and oesophageal cancer. PET-CT combines the metabolic

imaging capabilities of PET with the anatomical detail of CT, providing compre-

hensive insights into disease staging, treatment response, and detection of metasta-

sis [45]. In the context of BE, PET-CT is less commonly used for initial diagnosis

but plays a significant role in evaluating progression to oesophageal cancer and as-

sessing the extent of disease spread once malignancy is suspected [46]. The major
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advantage of PET-CT lies in its ability to detect hypermetabolic activity associated

with cancerous lesions, which can be critical for identifying areas of concern that

might not be evident through endoscopy or OCT alone.

However, there are limitations to the use of PET-CT in BE. One primary con-

cern is the relatively high cost and radiation exposure associated with PET-CT

scans, which may limit its use to cases where the benefit outweighs these risks

[47]. Additionally, while PET-CT is excellent for staging and assessing metastatic

spread, it is less effective in detecting early dysplastic changes within BE, which

typically require higher-resolution imaging techniques such as endoscopy or OCT

for accurate evaluation [48].

2.1.3 High-Resolution Endoscopy

High-resolution endoscopy has revolutionized the imaging and management of BE

by providing detailed, close-up views of the oesophageal mucosa. This advanced

endoscopic technique enhances the visualisation of subtle mucosal changes, allow-

ing for early detection of dysplasia and carcinoma in BE [49]. High-resolution

endoscopy employs ultra-thin scopes and high-definition imaging to capture fine

details of the oesophageal lining, which is crucial for accurately staging BE and

identifying areas that warrant biopsy [50]. This capability is particularly valuable

in surveillance programs, where the early identification of dysplastic or cancerous

lesions can significantly impact patient outcomes and treatment strategies.

Despite its advantages, high-resolution endoscopy has certain limitations. One

key drawback is that whilst it provides excellent mucosal detail, it does not offer

depth penetration beyond the mucosal layer, which can be a limitation when as-

sessing deeper invasion or submucosal disease [51]. Furthermore, the technique

demands high operator skill and experience to interpret the detailed images and ac-

curately determine the optimal target for biopsies, which can introduce variability

in diagnostic accuracy [49]. Additionally, high-resolution endoscopy is often used

in conjunction with other imaging modalities to provide a comprehensive assess-

ment, as it does not replace the need for techniques like OCT or PET-CT for deeper

structural evaluation or disease staging.



2.1. Current Imaging Techniques in Gastrointestinal Imaging 39

2.1.4 Narrow-band Imaging

NBI has significantly advanced the field of GI imaging, particularly for the surveil-

lance and management of BE. NBI enhances the visibility of mucosal and vascular

patterns by using specific wavelengths of light, which penetrate the tissue to a shal-

low depth and highlight surface structures [52]. This technique improves the detec-

tion of early dysplastic and cancerous lesions by providing greater contrast between

normal and abnormal tissues, enabling more accurate identification and characteri-

sation of mucosal abnormalities [53]. For instance, NBI can reveal subtle changes

in the mucosal surface and microvascular patterns that might be missed with stan-

dard white-light endoscopy, thereby aiding in the early diagnosis of dysplasia and

early-stage carcinoma in BE.

However, NBI also has limitations. Its effectiveness can be constrained by

the expertise required to interpret the enhanced images accurately, as well as by

the technique’s dependency on the quality of the endoscope and light source [52].

Additionally, while NBI excels at identifying surface abnormalities and vascular

patterns, it does not provide information about the depth of tissue invasion or the

presence of submucosal disease, necessitating supplementary imaging methods for

a comprehensive assessment [53].

2.1.5 Chromoendoscopy

Chromoendoscopy is a valuable technique in gastrointestinal imaging, particularly

useful for the detailed examination of BE. This method involves the application of

special dyes or stains during endoscopy to enhance the visualisation of mucosal pat-

terns and surface abnormalities [54]. Chromoendoscopy improves the detection of

dysplastic and cancerous lesions by providing contrast between normal and abnor-

mal tissue areas, thereby revealing subtle changes in the mucosal architecture that

might be missed with standard endoscopy [38]. For instance, chromoendoscopy

with methylene blue or indigo carmine can highlight areas of abnormal cell prolif-

eration and delineate the boundaries of dysplastic lesions more clearly, facilitating

targeted biopsy and accurate diagnosis.

However, chromoendoscopy has certain limitations. The technique requires
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additional preparation time and the use of staining agents, which can increase the

complexity and duration of the procedure [54]. Additionally, while chromoen-

doscopy is effective for visualising surface abnormalities, it does not provide depth

information about tissue invasion or submucosal involvement, which may necessi-

tate complementary imaging techniques for a comprehensive assessment [38]. De-

spite these challenges, chromoendoscopy remains a valuable tool in the surveillance

and management of BE, offering enhanced mucosal detail that improves diagnostic

accuracy and treatment planning, particularly when demonstrated in combination

with a structural imaging modality such as OCT or US.

2.1.6 Fluorescence Imaging

Fluorescence imaging has become an increasingly significant tool in the evalua-

tion of BE, utilising both endogenous and exogenous fluorescence to enhance the

detection of abnormal tissue. Endogenous fluorescence imaging leverages the nat-

ural fluorescence properties of tissues, such as the autofluorescence of collagen and

other extracellular matrix components, to differentiate between normal and patho-

logical tissues [55]. This technique can highlight areas of dysplasia or early cancer

by revealing differences in the tissue’s fluorescence characteristics, thereby aiding

in the identification of abnormal mucosal regions during endoscopic examination.

By contrast, exogenous fluorescence imaging involves the use of fluorescent

dyes or contrast agents that are specifically designed to bind to pathological tissues

or cellular targets. For example, dyes like 5-aminolevulinic acid (5-ALA) are ab-

sorbed by dysplastic or cancerous cells and emit fluorescence when exposed to spe-

cific light wavelengths, providing clear delineation of abnormal areas from healthy

tissues [56]. This approach enhances the visibility of lesions that might otherwise

be difficult to detect with conventional endoscopy, thus improving the accuracy of

diagnosis and the precision of biopsy targeting.

However, fluorescence imaging has its limitations. Endogenous fluorescence

techniques may suffer from variability in tissue autofluorescence and the potential

for interference from surrounding normal tissue, which can complicate interpreta-

tion [55]. Exogenous fluorescence imaging, whilst effective, depends on the selec-
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tive uptake and retention of fluorescent agents, which may not always be uniformly

distributed or may lead to false positives in cases of non-specific binding [57]. De-

spite these challenges, fluorescence imaging remains a powerful accompaniment to

traditional endoscopic methods, offering enhanced visualisation that improves the

early detection and management of BE.

2.1.7 Endoscopic Ultrasound

EUS has become an essential imaging modality in the evaluation of BE and oe-

sophageal cancer, providing detailed insights into the submucosal and deeper layers

of the oesophageal wall. EUS combines endoscopy with high-frequency US, allow-

ing for precise visualisation of the oesophageal wall layers, lymph nodes, and adja-

cent structures [58]. This technique is particularly valuable for staging oesophageal

cancer, as it enables assessment of tumour depth, local invasion, and the involve-

ment of regional lymph nodes. By providing a detailed cross-sectional view, EUS

helps in differentiating between T1a (mucosal) and T1b (submucosal) cancer stages,

which is crucial for treatment planning and determining surgical eligibility [59].

However, EUS has limitations in the context of BE. Whilst it excels at evalu-

ating the depth of tumour invasion and local lymph node involvement, it does not

provide information on superficial mucosal abnormalities or dysplasia, which are

essential for the surveillance and early detection of BE. Additionally, the quality of

the results can be influenced by factors such as patient anatomy and the presence of

gas or other artefacts [60]. Despite these challenges, EUS remains a valuable tool in

the comprehensive management of oesophageal conditions, offering critical infor-

mation that complements other imaging modalities and enhances overall diagnostic

and therapeutic strategies.

Typically, the US systems widely applied in medical diagnostics and consid-

ered current state of the art for US imaging use piezoelectric transducers, includ-

ing in EUS applications. However, miniaturising piezoelectric probes to a suffi-

cient diameter for EUS while maintaining adequate imaging resolution and depth

poses significant challenges [61]. The imaging resolution of any US system is influ-

enced by factors such as bandwidth, element size, and array aperture, whereas the
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imaging depth is determined by acoustic pressure, directionality, and attenuation.

While reducing the size of the piezoelectric element generally results in broader

bandwidths, enhancing axial resolution, it also decreases the active area, leading to

weaker acoustic pressure and reduced penetration depth. Moreover, miniaturised

elements often operate at higher frequencies to maintain efficient performance, but

these higher frequencies experience greater attenuation in tissue, further limiting

imaging depth [62].

All US systems exhibit an inverse relationship between depth and lateral res-

olution. Miniaturising the active area of the transducer typically results in a wider

US beam, increasing beam divergence with depth and degrading lateral resolution

[63]. Additionally, the smaller active area reduces the precision of beam focusing,

which diminishes lateral resolution. Miniaturisation also inherently limits the size

and number of active elements in array transducers, restricting the application of

advanced beamforming techniques such as dynamic focusing and apodisation. This

reduction in active area further lowers acoustic pressure and weakens the SNR,

making it harder to achieve sharp lateral resolution.

In comparison, optically-generated US shows great potential by simultane-

ously demonstrating extreme miniaturisation and high-resolution images. Notably,

OpUS systems can also be neatly incorporated into multi-modal systems with other

optical modalities due to the optical hardware requirements.

2.2 Optical Ultrasound Theory

The generation of US through the interaction of light with matter, commonly known

as the PA effect, occur via a mechanism known as the thermoacoustic effect [64, 65].

This process is based on the heating effect of the light and the consequent expansion

of the light-absorbing material [64, 66] and is non-destructive while demonstrating

a high transduction efficiency [67]. OpUS relies on the absorption of incident light

and the use of the PA effect to convert absorbed light to an acoustic wave. To obtain

this effect, the light intensity must vary, either periodically as modulated light, or

as a single flash (pulsed light). The PA effect is then quantified by measuring the
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pressure changes in the formed acoustic wave.

2.2.1 Pressure Generation

OpUS imaging requires sufficient pressure creation. A simple set of relationships

have been derived to describe the instantaneous pressure generated from an incident

optical pulse.

Two important timescales exist in laser heating of a characteristic dimension:

the thermal relaxation time τth and the stress relaxation time τs [68, 69]. Here, the

characteristic dimension dc is defined as the lesser of either the dimension of the

medium or the decay constant of the optical energy deposition [70]. The thermal

relaxation time is calculated by Eq. 2.1 [68], where αth is the thermal diffusivity

(m2/s).

τth =
d2

c
αth

(2.1)

The excitation is said to be in thermal confinement if the laser pulsewidth τl

is shorter than τth, meaning that the heat conduction is negligible during the laser

pulse. The stress relaxation time τs is calculated by Eq. 2.2 [69], where cs is the

speed of sound.

τs =
dc

cs
(2.2)

Similarly to the thermal confinement, the excitation is said to be in stress con-

finement if the laser pulsewidth τl is shorter than τs, thereby meaning that the stress

propagation is negligible during the laser pulse.

The change in volume dV of a material can be found in terms of pressure p

and temperature T .

dV = d p(
δV
δ p

)T +dT (
δV
δT

)p (2.3)

The fractional volume expansion dV/V upon laser excitation can be expressed

in terms of the isothermal compressibility κ and the thermal expansion coefficient
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β .

dV
V

=−κ p+βT (2.4)

Here, the isothermal compressibility can be calculated as:

κ =
Cp

ρc2
sCv

(2.5)

where ρ is the mass density and Cp and Cv are the specific heat capacities at

constant pressure and volume respectively [71]. Assuming that the incident laser

pulse falls within the thermal (Eq. 2.1) and stress (Eq. 2.2) confinements, the frac-

tional volume expansion can be considered negligible and so the local pressure rise

immediately after the laser pulse can be derived from Eq. 2.4.

p0 =
βdT

κ
(2.6)

Using Beer-Lambert’s law [32], the optical absorption coefficient µa of a given

material can be calculated.

I = I0e−µad (2.7)

Given this known material quality, the temperature change dT in terms of in-

cident optical energy G can be calculated [72].

dT =
ηthµaG

ρCv
(2.8)

Here, the thermalisation efficiency ηth is defined by [73] as the percentage of

absorbed incident optical energy that is converted to heat in the medium. Optical en-

ergy that is not converted to heat, thereby not contributing to the thermal expansion

and subsequent acoustic emission, is diverted to light emission. [73] defined this by

studying the thermalisation of several common PA contrast agents, finding that the

absorbers with little to no fluorescence emission such as Carbon Nanotubes (CNT)

have thermalisation efficiencies of near 100%, whilst fluorescent emitters such as
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Fluorescein display much lower efficiencies. Substituting Eq. 2.8 into Eq. 2.6, the

local pressure rise can be calculated as:

d p =
β

κρCv
ηthµaG (2.9)

The Grüneisen parameter Γ [74], defined as:

Γ =
βcs

2

Cp
=

β

κρCv
(2.10)

can then be substituted into Eq. 2.9 to give:

d p = ΓηthµaG (2.11)

Simply stated, this means that the generated pressure p is proportional to the

material’s optical absorption coefficient µa and its Grüneisen parameter Γ.

p ∝ µaΓ (2.12)

As such, the required properties for a developed composite coating to generate

the maximum US pressure p from incident energy G demand a maximised optical

absorption coefficient µa, Grüneisen parameter Γ, and a large thermalisation effi-

ciency ηth.

However, each factors has various limitations and ramifications to be consid-

ered. Maximising the optical absorption µa, for example, will increase the heating

of the material, thus potentially creating thermal damage (Eq. 2.8). Alternatively, to

optimise the Grüneisen parameter, the speed of sound through the material should

be maximised, while minimising the specific heat capacity (Eq. 2.10). However,

increasing the speed of sound will increase the acoustic impedance of the material:

Z ∝ ρcs (2.13)

In order to achieve good acoustic coupling to the surrounding medium, the

acoustic impedance should be matched [3, 75, 76]. The acoustic impedance should



2.2. Optical Ultrasound Theory 46

also create minimal reflection with the substrate, in order to have minimal impact

on the temporal profile of the resulting pressure pulse.

2.2.2 Temporal Profiles

The temporal profile of the generated US pulse is typically dictated by the emitting

surface geometry. This behaviour dictates the generated acoustic bandwidth, which

subsequently dictates the attainable imaging resolution. The general PA equation

for the acoustic pressure p at location r⃗, time t and temperature T [77] states:

(∇2 − 1
c2

s

δ 2

δ t2 )p(⃗r, t) =− β

κc2
s

δ 2T (⃗r, t)
δ t2 (2.14)

Assuming infinite space, where no boundary exists, Green’s function for an

impulse diverging spherical wave [78] is given by:

G(⃗r, t : r⃗′, t ′) =
δ (t − t ′− |⃗r−⃗r′|

cs
)

4π |⃗r− r⃗′|
(2.15)

Simply stated, this represents the response of a point absorber to heating. This

can then be applied to Eq. 2.14. By assuming thermal confinement, and substituting

Eq. 2.10, Eq. 2.14 can be rewritten in terms of pressure response as:

p(⃗r, t) =
1

4πc2
s

δ

δ t

[
1

cst

∫
d⃗r′p0(⃗r′)δ

(
t − |⃗r− r⃗′|

cs

)]
(2.16)

When an excitation pulse heats up a thin slab, the resulting pressure distribution

can be expressed using Eq. 2.16 as:

p(z, t) =
1
2

p0(z− cst)+
1
2

p0(z+ cst) (2.17)

The initial pressure is built up within the slab and then propagated outward

in both positive and negative directions in the z plane, represented by the first and

second terms respectively of Eq. 2.17. This equates to a temporal profile shown

in Fig. 2.1. Experimentally, this appears as a monopolar waveform, in which the

pressure peak is proportional to the energy of the incident pulse.

Similarly, when a spherical surface is heated with an excitation pulse, an initial
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Figure 2.1: Propagating pressure from a planar slab on impulse heating.

pressure p0 is generated inside the sphere. However, the propagation here involves

spherical waves instead of the plane waves shown by the heating of the slab. As

such, when the resulting pressure distribution is expressed using Eq. 2.16, it com-

prises of three terms:

p(r, t) =
r+ cst

2r
p0(r+ cst)+

r− cst
2r

p0(−r+ cst)+
r− cst

2r
p0(r− cst) (2.18)

Figure 2.2: Propagating wave from a spherical source on heating showing i) initial pressure
application, ii) a converging spherical wave, iii) a diverging spherical wave, and
finally iv) the other converging wave.

Simply stated, the initial pressure (Fig. 2.2i)) generated within the spherical

surface is divided into two equal parts, each initiating a spherical wave. One travels

inwards as a converging spherical compression wave, represented by the first term

on the right-hand side of Eq. 2.18 (Fig. 2.2ii)). The other travels outwards as a
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diverging compression wave, represented by the third term (Fig. 2.2iii)). These two

spherical waves interact at the center of the spherical object, and become a diverging

spherical rarefaction wave, represented by the second term (Fig. 2.2iv)).

Experimentally, this appears as a bipolar wave, where the pressure peak is

proportional to the differential of the incident intensity. The efficiency of the pho-

toacoustic wave generation ηPA can be described using the energy of the laser pulse

Epulse and the energy of the resulting acoustic signal.

ηPA =
Ea

Epulse
(2.19)

Here, the energy of the acoustic signal can be approximated by considering the

density ρ and sound velocity cs of the medium, along with the measured acoustic

pressure p and spot area A [79].

Ea =
1

ρcs
A
∫

∞

0
p2(t)dt (2.20)

2.2.3 Directivity

Both diagnostic and therapeutic US applications require careful consideration of the

directivity patterns of the transducers [80]. The directivity pattern of the generated

US is a dimensionless parameter of the US transducer, affecting the imaging depth

and image reconstruction. It is typically determined by the characteristics of the

emitting substrate. It consists of a main lobe and side lobes, typically showing peak

radiation intensity in the front region of the transducer source [81]. The shape of

the main lobe and side lobes are determined by factors including the size, shape,

and acoustic phase characteristics of the emitting surface. The directivity of laser-

generated US is additionally impacted by the features of the laser beam.

For synthetic aperture imaging, a large angular divergence is required to in-

sonify a larger region giving reflections from multiple angles, albeit to the detriment

of the available penetration depth. Here, the side lobes can enhance the contrast of

the reconstructed image through detectable echoes from strong reflectors situated

off the central axis of the main beam [82]. However, side lobes and grating lobes
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can decrease the lateral resolution [83]. In comparison, for M-mode imaging, where

single A-lines are concatenated in time to produce a motion image, or other modali-

ties where reconstruction is unneccessary, a highly directional beam will reduce the

out-of-plane contributions.

A study by Yaping et al. [84] found that the angular distribution of the gener-

ated beam is dictated by the disk diameter; for small diameters, the angular range

becomes more isotropic and similar to a point source. Assuming that this theory

holds for the disk-like shape of the distal face of an optical fibre, it would be ex-

pected that a smaller fibre diameter would create a larger US divergence, thus cre-

ating a loss of penetration depth due to pressure loss in beam spreading. Yaping et

al. additionally found that the directivity pattern is dependent on both the thermal

diffusion and the optical absorption, provided that thermal confinement holds [84].

Ni et al. [85] proposed a solution for controlling the directivity of bulk waves

using a pulsed laser array. However, transducer arrays, unlike single element trans-

ducers, can suffer from the effects of ‘grating lobes’, thereby making this method

impractical.

2.2.4 OpUS Parameters

2.2.4.1 Acoustic Pressure

In general, relatively high pressure is necessary for reasonable penetration depths.

The absolute pressure requirements will depend on the purpose of the transducer

and the sensitivity of the receiver. The directivity of the transmitter is also a key

consideration in determining the optimal pressure generation. For example, a di-

vergent transmitter will suffer from beam spreading loss, while a highly directional

transmitter will not. Using the safety limits for diagnostic US, given as:

Pr√
fc
≤ 0.7 (2.21)

the upper limit for the peak rarefactional pressure Pr can be calculated, assum-

ing a known central frequency fc of the US beam. A cylindrical beam spreading in

a homogeneous medium with negligible acoustic attenuation is subject to a pressure



2.2. Optical Ultrasound Theory 50

loss of:

p ∝
1
r

(2.22)

Using the required penetration depth and the sensitivity of the optical receiver,

the lower limit of the pressure can be calculated. Given this required pressure spec-

trum, the transmitter can be designed according to the theory laid out in Section

2.2.1.

The importance of peak pressure generated was highlighted by [86]. This paper

is widely regarded as one of the originating papers of the current fibre-based minia-

turised transmitters. However, the chromium film coating demonstrated a PA con-

version efficiency of just 1.2x10−7, equating to a peak-to-peak pressure too small

to carry out any imaging. Later studies by the authors improved the pressure gen-

eration significantly, using composites such as graphite and carbon black [87, 88].

This improvement is likely due to a combination of factors, including the introduc-

tion of an elastomeric host to increase the Gruneisen parameter, thus improving the

acoustic pressure output [3]. Additional improvements include the reduction of film

thickness (Eq. 2.1, 2.2), increasing the optical absorption fraction (Eq. 2.12), and

reducing the optical reflectivity (Eq. 2.24).

2.2.4.2 Bandwidth

The bandwidth of the generated US wave is typically given as the frequency at

which the pressure p drops a given number of decibels below the maximum pres-

sure. Decibels Lp here are given using Eq. 2.23.

Lp = 10log10
p2

p2
re f

= 20log10
p

pre f
(2.23)

At the maximum pulse length, the temporal profile is proportional to the inten-

sity of the excitation pulse, while a shorter pulse creates a temporal profile propor-

tional to the spatial profile of the absorbing coating [89]. Therefore, the bandwidth

of the coating is determined by the the pulse length and the coating thickness; the

broadest bandwidth is created by a short pulse and a thin coating. However, an in-
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crease in bandwidth is likely to be limited by frequency-dependent US attenuation

by the coating [90], and, for in vivo imaging, attenuation by the blood and tissue

[91]. In practice, there is often a trade-off between maximising US pressure and US

bandwidth [3].

For example, minimising the characteristic length of the absorbing coating will

create a wider bandwidth. This can be achieved by either increasing the optical

absorption coefficient or reducing the coating thickness. If the optical absorption

coefficient is increased but the coating thickness is unchanged, the light will be

absorbed over a smaller region and therefore the temperature increase will be larger

and the composite is at risk of thermal damage. Conversely, if the coating thickness

is reduced and the optical absorption coefficient is unchanged, less light will be

absorbed and so the generated pressure will be reduced. Additionally, when the

characteristic length of the absorbing region is too short, the thermal confinement

condition is not met (Section 2.2.1).

2.3 OpUS Generation via Composite Coatings

The typical solution to optimise both the thermal expansion coefficient β and the

optical absorption coefficient µa is a composite material containing an elastomer

and an absorber.

2.3.1 Elastomeric Hosts

Several studies have proposed various elastomeric hosts materials for composites.

However, an overwhelming majority of studies use PDMS as an elastomeric host.

PDMS has been widely used in many fields including medical technology due

to its unique characteristics, including excellent temperature resistance, biocompat-

ibility [3], strong adhesion to glass [92] and low cost. One of the main beneficial

properties of PDMS is its large thermal expansion coefficient (β = 300x10−6 C−1

[93]) which creates a large value of Γ. Additionally, the refractive index of PDMS

is similar to that of the silica core of an optical fibre. Fresnels equation for reflection

at normal incidence [94] states:
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R = |n1 −n2

n1 +n2
|2 (2.24)

Taking the refractive indices of a silica fibre core (FG400LEP, Thorlabs) n1 as

1.46 and PDMS n2 as 1.43 , the reflection R here is calculated as just 0.01%. This

minimal reflection means high coupling of excitation light into the coating [95].

However, the primary drawback of PDMS is that it has a negligible optical

absorption across the visible and Near Infra-Red (NIR) range; a low value of µa will

create a low US pressure regardless of the size of the thermal expansion coefficient

(Eq. 2.11). This low absorption is the reason for an integration of optical absorbers

with the elastomeric host.

However, the hydrophobicity of PDMS limits the integration of the optical ab-

sorber to form a homogeneous composite. Additionally, the manufacturing process

must also create a suitable small coating thickness to maintain a wide bandwidth

(Section 2.2.4), which can be particularly challenging for coatings deposited on

highly miniaturised substrates.

2.3.2 Optical Absorbers

Several optical absorbers have been integrated for a variety of applications, but

the application process itself is not always straightforward. The hydrophobicity of

PDMS prior to curing limits the available types of optical absorbers, as well as cre-

ating a challenging fabrication protocol for a homogeneous composite. Additional

considerations are dictated by the required properties of the resulting transmitter

as outlined in Section 2.2. For example, the method of substrate application im-

pacts the thickness of the coating, subsequently affecting the acoustic attenuation

and resulting bandwidth.

2.3.2.1 Carbonaceous

Carbonaceous coatings, especially carbon nanotubes, are another potential material.

They often, although not always, show higher generation efficiency than metal-

based generators. Chen et al. [96] found that the PA conversion efficiency for

Candle Soot Nanoparticles (CSNPs)-PDMS, Carbon Nanofibres (CNFs)-PDMS,
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CNT-PDMS and Carbon Black (CB)-PDMS is 13 : 5 : 4 : 1. Overall, carbonaceous

coatings tend to demonstrate a higher optical absorption across both the visible and

NIR wavelength ranges than metallic materials [97, 98], but the optical absorption

and thus resulting acoustic wave generated by metallic films can be improved by

techniques like nanostructuring [99]. However, this complex and expensive process

is not ideal for the application of low-cost single-use probes such as those required

for GI imaging in this context, while the simple fabrication using carbonaceous

materials has yielded similar promising results [96], therefore demonstrating both

excellent US generation and simple manufacturing.

Several studies demonstrate the potential of CB-PDMS, for example [98], who

demonstrated that CB-PDMS has the potential to generate broadband US with a

bandwidth above 100 MHz. However, the authors also found that the amplitude

produced by CB-PDMS was marginally less than the pressure produced in a Gold

Nanoparticles (AuNP) study carried out by the same authors [98, 99]. However,

this contradiction to the general rule of carbonaceous coatings creating larger pres-

sures than metallic absorbers is due to the nanostructuring of the AuNP mentioned

previously.

Carbonaceous coatings are typically manufactured using solution-based All-

in-One (AiO) methods [100, 101]. A popular carbon-based method is the use of

CNT, of which the most promising results show bandwidths of around 120 MHz

and up to five times more pressure than the nanostructured AuNP [99, 100, 102, 92].

Like AuNP, the nanoscale dimension of the CNT allows fast heat diffusion; as

outlined in Section 2.2.1, this characteristic creates a highly efficient generation of

high-frequency US. Additionally, CNT has a high damage threshold, measured as

∼ 40 mJ/pulse [102]. This is ideal for increasing the pressure generation in order to

increase the penetration depth for minimally invasive imaging.

Similar to CNT, CNFs-PDMS films also demonstrate high efficiency and high

damage thresholds, such as that demonstrated by [103]. Here, a mesh of CNFs was

fabricated through electrospinning - a complex and expensive process - after which

the mesh was carbonised by heating and subsequently spin-coated with PDMS cre-
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ating a bilayer composite. [103] coated optical fibres with a thickness of 24 µm,

and using an incident laser fluence of 3.71 mJ/cm2, generating a peak pressure of

12.15 MPa, giving a calculated efficiency of 1.56x10−2 Pa/W.m−2 - over two or-

ders of magnitude larger than that demonstrated by CNT [102], CB [98] and AuNP

[104]. However, the bandwidth reported by the authors reached only 8 MHz, which

would significantly limit the potential imaging resolution. This is likely due to the

thickness of the coating; 24 µm is still miniaturised but, as stated in Section 2.2.2,

the minimum suitable thickness for an optical fibre of this diameter is in the region

of 2 µm. However, the high pressure generated by CNFs has been studied more

recently in relation to ablation applications [105], highlighting the importance of

application-specific composite design.

2.3.2.2 Metallic

Examples from literature tend to show carbonaceous absorbers outperforming a

simple metallic film by up to two orders of magnitude [3]. The characteristic likely

responsible for this large difference is the optical reflectivity. One method for reduc-

ing the optical reflectivity, thereby increasing the optical absorption of the metallic

films, is to nanostructure them.

AuNP’s serve as efficient optical absorbers because of the absorption by sur-

face plasmon resonance (SPR) structures, meaning that the spectral absorption can

be shifted by varying of the particles spherical diameter [99, 106]. AuNP’s have

been used previously as PA contrast agents [107, 108].

A promising method of AuNP absorber-host integration is a two-dimensional

nanostructure consisting of AuNP’s sandwiched between a substrate and a 4.5 µm

PDMS layer [99]. This method is more complex and time-consuming than the me-

chanical mixing of gold salt used by [109], requiring nanoimprint lithography of

a polymer on a glass substrate to form a template for the pattern of the gold, af-

ter which a layer of AuNP was deposited using an electron beam evaporator. The

patterned gold was then removed using acetone in a low-power ultrasonic water

bath, and the PDMS layer spin-coated on top. This method gave an acoustic pres-

sure measurement of 2 kPa at 10 mm from a laser pulse energy of 100 nJ. Using
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back-propagation, the pressure at the surface of the emitter was calculated as ca.

1.5 MPa. This method is complex and both time- and resource-expensive, but cre-

ates a peak-to-peak pressure comparable to less complex methods such as the study

by [109] (0.64 MPa at 1 mm from a smaller pulse energy of 11 µJ). However, [109]

highlighted the difficulty in controlling the coating thickness by dip-coating the sub-

strate in the composite solution which can greatly impact the attainable bandwidth

of the composite.

Another advantage shown by AuNP’s is the profile of the optical absorp-

tion spectra; the absorption peak here would enable the potential for wavelength-

selective multi-modal devices and integrated transmit-receive devices. This dual-

modality has been researched in PA imaging previously [110, 111, 112]. The Sur-

face Plasmon Resonance (SPR) effect creates changes in the resonant frequency

as the size and shape of AuNP change, enabling researchers to exploit the ’bio-

logical window’ (700− 1870 nm) in which the least blood and tissue attenuation

occurs [113]. Tailoring the size, shape and composition of the AuNP enables a

shift of the SPR peaks into the target window, improving tissue penetration and PA

signal. Applied to OpUS imaging, these absorption-transmission windows could

be exploited for many different applications. Cui et al. [104] recently developed a

AuNP-PDMS film by adding aqueous AuNP to an uncured PDMS mixture, forming

a AuNP-PDMS gel which, when coated on a substrate, was able to create simulta-

neous PA and US imaging under a single laser pulse irradiation. A transmission

rate of 41% at 150 µm coating thickness meant that a larger proportion of the laser

energy (59%) was absorbed to create the US signal, while a smaller proportion of

light was emitted to be incident on the tissue and create PA signal. However, the

resulting bandwidth for the US only reached 1.1 MHz at a distance of 9 mm.

Overall, AuNP demonstrates good potential for clinical imaging. Significant

pressure has been shown to be generated by various manufacturing methods of a

AuNP-PDMS composite [109, 104, 114]. This again highlights the importance

of the PDMS component for high photoacoustic conversion efficiency and robust

transmitters. They also demonstrate significant potential for multi-modal transmit-
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ters [115, 116].

2.3.2.3 Quantum Dots

Quantum Dots (QD) are increasingly being explored for OpUS generation due to

their unique optical and electronic properties. When excited by light, QD can

efficiently convert optical energy into heat through non-radiative recombination

processes, leading to rapid thermal expansion and the subsequent generation of

US waves. This photothermal effect is particularly effective in producing high-

frequency US signals with excellent spatial resolution. The tunability of QDs, de-

termined by their size and composition [117, 118], allows for precise control over

the generated US frequency, making them highly suitable for applications in high-

resolution medical imaging and non-invasive diagnostics [119]. The CuInS2 QD

demonstrated by [119] demonstrated a highly selective optical absorption profile,

absorbing over 90% of light at the US generation wavelength and less than 5% in

the NIR range. This nanocomposite also produced pressures exceeding 3.5 MPa

with a corresponding bandwidth of 18 MHz; this pressure outperforms that demon-

strated by AuNP [109, 99], dye-based [3] and indeed some carbonaceous coatings

[98]. However, these composites are costly and complex to fabricate [119], and are

not widely prevalent in literature.

2.3.2.4 Dye-based

Typically, dye-based coatings are fabricated using a top-down fabrication method

where the optical absorbers are incorporated into pre-deposited PDMS films using

techniques such as diffusion [3] or ion implantation [120]. Typically inexpensive

and widely commercially available, a range of absorbing dyes have been applied in a

range of applications including a Sudan II-PDMS composite for optical waveguides

used in fluorescence detection [121] and a methylene blue-AuNP-PDMS solution

for antibacterial activity against E-coli [122]. Whilst dyes are more widely used

as exogenous PA contrast agents currently, the absorption and thermal confinement

properties of these dyes make them highly suitable for US generation.

Organic pigments such as Crystal Violet (CV) have been demonstrated as both

exogeneous contrast agents and OpUS coatings. However, they can display poor
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Figure 2.3: a) Optical absorption spectrum of the crystal violet and AuNP composites, with
black lines showing the laser excitation wavelengths for ultrasound and pho-
toacoustic imaging. b) Ultrasound time series from crystal violet and AuNP
composites. c) Ultrasound power spectra generated by crystal violet and AuNP
composites. Taken from [3].

photostability with repeated use causing photobleaching with loss of acoustic con-

version efficiency. Noimark et al. [3] demonstrated a CV-PDMS composite, as

well as demonstrating an AuNP-PDMS composite for comparison. For an incident

optical fluence of 86.3 mJ.cm−1 the CV-PDMS composite showed peak-to-peak

pressures of up to 0.9 MPa at a distance of 1.5 mm. The −6 dB bandwidth was

measured as 15.1 MHz; significantly better than the 4.5 MHz shown by the AuNP-

PDMS. The AuNP-PDMS also showed 29% lower efficiency than the CV-PDMS,

despite the AuNP-PDMS demonstrating a higher optical absorption, as shown in

Fig. 2.3. These differences can potentially be explained by the increased thickness

of the AuNP-PDMS in comparison to the CV-PDMS due to the different fabrication

methods.

This is comparable with the increase in efficiency demonstrated by carbona-
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ceous coatings in comparison to AuNPs. However, as expected, the CV-PDMS

demonstrated significant photobleaching, showing an 80% reduction in the gener-

ated US pressure within 15 minutes of constant exposure. This raises concerns

about the viability and safety of dye-based composites for invasive use, so the pho-

tostability must be improved before clinical application.

2.4 OpUS Reception
Optical reception of US is a relatively well-established technique. While piezoelec-

tric counterparts can be highly miniaturised [123], the use of a fibre-optic receiver

completes the all-optical system. This has a wide range of benefits, including MRI

compatibility, reducing the amount of bulky electronics required, and reducing the

potential manufacturing costs.

2.4.1 Receiving Parameters

Optical receivers are evaluated based on various parameters, often requiring trade-

offs to achieve the right balance among them. These parameters are:

• Bandwidth and Central Frequency. The acoustic bandwidth is a measure

of the frequencies that can be efficiently detected. A broad bandwidth will

be capable of resolving shorter US pulses and thus lead to a higher imaging

resolution, which is key for imaging small structures such as vessel walls.

For miniaturised applications, small sensor sizes are required to fulfil the size

requirements for endoscopic or through-needle integration. With small re-

ceivers, diffraction effects may influence the frequency response of the re-

ceiver, such as that modelled by [124], thereby creating a complex frequency

response. As such, a simple definition of bandwidth determined from the

peak frequency may not sufficiently describe the frequency response.

• Sensitivity and Noise Equivalent Pressure (NEP). The sensitivity is typi-

cally defined as the minimum detectable signal pressure. Using the Boltz-

mann constant kB, the NEP in a medium of temperature T and acoustic

impedance Za is defined as the minimum measurable pressure above the in-
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herent level of noise within the system.

NEP( f ) =

√
kBT [1+ Fn

η( f ) ]Za

A
(2.25)

Here, the key detector parameters that influence the NEP are the active area A,

the on-resonant efficiencies η f at frequency f and the noise factor Fn, which

is the ratio of noise at the output of the preamplifier to the thermal noise of

the source [125]. For high penetration depth and detection of signals from

weakly reflecting boundaries, a low NEP (≤ 100 Pa) is necessary.

• Detector Aperture. Also known as the acceptance angle, the detector aper-

ture is the range of angles over which the detector can receive signals. Typ-

ically, piezoelectric transducers are directional, offering acceptable angles of

below ±20° [126]. As a result, many require acoustic lenses to increase their

imaging capability [127]. In comparison, optical detectors have inherently

higher acceptance angles, such as the omnidirectional receiving angle of the

Fabry-Pérot (FP) hydrophones [128]. This would be well suited to synthetic

aperture imaging, where US received from outside the line of sight contributes

to the reconstruction. However, for alternative US imaging modalities, such

as M-mode imaging where reconstruction is not necessary, a directional re-

ceiver may be preferable to reduce the effect of US reflections from outside

the imaging plane.

• Size. Detector size is a critical parameter in the context of highly-miniaturised

invasive imaging, and is a key driver in the development of OpUS detection.

Piezoelectric elements are restricted from miniaturisation by a key relation-

ship: the sensitivity of the transducer is proportional to the active area of

the transducer. In comparison, OpUS transducers do not tend to demonstrate

a similar dependence on active detection area so can be miniaturised exten-

sively without a loss of sensitivity. Indeed, it has been demonstrated that a

piezoelectric element with a diameter of 1 mm registered a bandwidth and
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NEP of 16 MHz and 1.8 kPa respectively, while an interferometric optical

transducer with a sensing area of just 0.13 x 0.27 mm - an area reduction of

over 95% - created a bandwidth of 77 MHz and a 100 Pa NEP [123].

An additional consideration in the selection of a receiver is the maximum

acoustic pressure measurable. This has two levels: firstly, when the induced volt-

age is no longer proportional to the applied pressure, and secondly, when physical

damage occurs to the receiver. However, for imaging applications such as those de-

scribed here, it is highly unlikely that the pressure will exceed either of these limits,

and thus these limits should be of little concern.

2.4.2 Hydrophones

In general, an all-OpUS system possesses three distinct advantages over a combined

piezoelectric-OpUS system; immunity to electromagnetic interference, greater ro-

bustness to mechanical and thermal damage, and potential for extreme miniaturisa-

tion [129]. As such, only fibre-optic hydrophones were considered for the imaging

component of the following work. A notable exception is the Polyvinylidene Fluo-

ride (PVDF) piezoelectric hydrophone, which is used for acoustic characterisation

of fabricated transmitters.

In broad terms, optical detectors rely on physical deformation caused by US,

and can be categorised as either refractometry- or interferometry-based detection

[123]. Refractometry-based detection utilises the photoelastic principle and uses

an interrogation laser beam to measure the difference in the refractive index of the

receiving medium caused by the acoustic waves inducing mechanical stress on the

medium [130]. The interferometric method relies on the premise of optical reso-

nance, where the incident acoustic wave causes vibrations of a reflector or a change

in resonant frequency, otherwise known as a change in interference condition, which

is subsequently detected using a photodiode or wavelength meter [131].

2.4.2.1 Piezoelectric Needle Hydrophone

PVDF piezoelectric needle hydrophones are widely used in US measurement and

imaging due to their high sensitivity and broad frequency response. These hy-
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drophones are constructed using PVDF, a polymer known for its strong piezo-

electric properties, allowing it to efficiently convert pressure waves from ultra-

sonic fields into electrical signals. The needle design, typically with diameters

ranging from 0.2− 1 mm, enables high spatial resolution, making them ideal for

measuring localized acoustic pressure fields with minimal disturbance to the US

wave. PVDF needle hydrophones are particularly valued in medical US applica-

tions for characterising and calibrating diagnostic and therapeutic US equipment.

They demonstrate an NEP of 1− 10 kPA, a broad bandwidth, and a central fre-

quency of 1− 40 MHz. Their robustness and ability to withstand high-intensity

fields without significant degradation further enhance their reliability in clinical and

research settings [129, 132]. These characteristics make PVDF piezoelectric needle

hydrophones essential tools in ensuring the safety and efficacy of OpUS devices.

2.4.2.2 Fabry-Perot Polymer Film Hydrophone

Figure 2.4: Reflectance spectra of a Fabry-Perot cavity interferometer with a reflectivity of
0.9 and a cavity length of 15 µm.

The FP interferometer is an optical cavity made from two parallel reflecting

surfaces first created by Charles Fabry and Alfred Pérot in 1899 [133]. The FP

polymer film hydrophone relies on acoustically induced thickness changes in an

interferometric film [129]. Here, the film consists of two mirrors separated by a

polymer spacer. Assuming mirrors of identical reflectivity and perpendicular in-

cident illumination, the reflectivity can be calculated using the reflectance of the

mirrors R, the wavelength λ , and the cavity thickness d.

RFP =
4Rsin2(2π

λ
d)

(1−R)2 +4sin2(2π

λ
d)

(2.26)

Using a typical cavity length of 15 µm, the calculated cavity reflectance is
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shown in Fig. 2.4. By tuning an interrogating laser to the midpoint of the trough

in the reflectance, small cavity length changes can measured by the proportional

change in reflectance [134, 135].

FP hydrophones are primarily well-suited for OpUS imaging due to their

broadly omnidirectional nature; [135] demonstrated the difference between a planar

fibre tip and a concave fibre tip in their interactions with complex acoustical waves.

Here, the authors concluded that a concave FP cavity is more likely to direct the light

to the fibre core with reduced beam divergence than a planar FP hydrophone. In a

further study, [136] investigated the directionality of concave FP interferometers,

showing them to be omnidirectional at frequencies up to 30 MHz, which is ideal

for synthetic aperture reconstruction using out-of-plane contributions, as stated in

Section 2.4, and therefore suited to a side-viewing US device. Additionally, FP

hydrophones can be used to measure temperature, due to the cavity length being

sensitive to the temperature fluctuations through thermal expansions, giving them

significant potential for multi-modal devices [134]. Planoconcave FP sensors were

shown to provide sensitivity of 9.3 Pa over 20 MHz [131].

Much of the development of the FP hydrophone has been carried out with the

Photoacoustic Imaging (PAI) Group at UCL. Working in close proximity to this

group makes it a preferable choice for an optical receiver in an OpUS device. The

expertise and devices available will make this sensor easier to incorporate.

2.5 OpUS Imaging

OpUS imaging can be achieved using a combination of the transmission and receiv-

ing devices discussed in Sections 2.2.4 and 2.4. While many combinations of these

elements have been explored, relatively few employ a lateral configuration, which

is particularly desirable for imaging vessel walls, such as in GI imaging.

A key method for designing an all-OpUS probe is to place the transmit and

receive elements on the same axis, much like a piezoelectric transducer where the

transmit and receive functions occur in the same physical space. This design has

key advantages in terms of size but may limit performance when integrating the
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elements, especially in the development of a lateral probe. Forward-viewing probes

using a single axis design include the device developed by [98], and the in-line probe

presented by [137]. Both devices included an absorbing layer overcoated with a FP

cavity, with imaging achieved through scanning a transmission and reception laser

(or interrogation and generation laser). The resolution quality measured on a wire

phantom for both devices were high, suggesting that the devices should provide

good signal and penetration depth, but neither was used for tissue imaging due to

the number of averages required, thereby making the device unsuitable for clinical

application, meaning that conclusions on the imaging capabilities cannot be drawn.

However, more recently, [138] presented a single dual-clad optical fibre to provide

both US transmission and reception in a lateral field-of-view. Whilst this probe

generated a comparatively low pressure (∼ 0.4 MPa), the corresponding bandwidth

was measured in excess of 27 MHz with measured imaging resolutions of 50 µm and

190 µm in the axial and lateral extent respectively. Notably, ex vivo tissue imaging

was carried out, demonstrating detailed US images [138].

Another design considered in this work consists of adjacent transmit and re-

ceive elements. In the case of a lateral probe, this design is more easily applied,

and indeed has previously been applied [139]. This probe was used for rotational

imaging as opposed to pullback imaging, but was able to display B-mode images

in real time. The high bandwidths combined with the wide dynamic range of the

FP hydrophone allowed for high spatial resolution as well as high imaging depths,

which would be beneficial for minimally invasive GI imaging.

2.5.1 Multi-Modality Probes

Multi-modal or hybrid optical imaging can be accomplished through two ap-

proaches: using additional fibres or applying wavelength-selective composite coat-

ings (Fig. 2.5). Each method has its own advantages and limitations. Additional

fibres enable greater optimization of each modality independently but increase the

device’s diameter. In contrast, wavelength-selective coatings offer a more compact

integration of optical modalities, resulting in a smaller device size and increased

mechanical flexibility.
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Figure 2.5: Wavelength-selective optical imaging modalities [4, 5, 6, 7, 8, 9].

Zhang et al. [140] presented a dual-modality device combining optical ab-

lation and OpUS imaging through an additional fibre. Here, OpUS imaging was

achieved with the typical combination of OpUS transmitter and receiver, with the

additional modality carried out through a separate fibre delivering laser light for ab-

lation, while maintaining a device diameter of ≤ 1 mm. This probe highlighted the

benefit of separated fibres; the ablation lesions were found to vary greatly with tis-

sue type and application parameters, so maintaining full and real-time adaptability

of power deposited is essential to ensure the procedure is applied safely. However,

the physical characteristics of this device pose challenges for medical translation;

its diameter limits clinical integration such as lack of housing within a typical med-

ical device such as a catheter. Additionally, its mechanical flexibility is inadequate

for clinical applications.

In comparison, [141] described a US-PA design consisting of a dual-modal

transmit element with an adjacent receiving element. As PA signals are also acous-

tic waves, they can be detected by the same optical sensor. The dichroic filter in-

corporated into this design allows US generation as well as transmission of certain

wavelengths to carry out simultaneous PA and US imaging, with a microring re-
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ceptor for US reception. Using this configuration, imaging was performed using a

linear scan on several subjects, including a wire phantom of 100 µm tungsten wires

and an ex vivo rabbit aorta. The dual modality is designed to assist clinicians by

providing images with complementary detail, but the configuration shown did not

achieve this aim, with the imaging of the rabbit aorta showing no distinct features,

thereby requiring improvement for satisfactory clinical imaging. However, the wire

phantom image showed promising detail.

Similarly, Colchester et al. [142] presented a hybrid US-PA probe utilising a

wavelength-selective composite based on permanent marker ink. This probe also

demonstrated promising detail in the imaging of a wire phantom, but the low pres-

sure generated resulted in a poor penetration depth and a limited axial resolution.

While this coating could be optimised for greater US generation, this would likely

be at the expense of the complementary modality.

2.6 Fluorescence Spectroscopy
Monodimensional fluorescence imaging is a noninvasive, nondestructive, and sen-

sitive technique requiring minimal sample pretreatment [143]. Fluorescence is used

to determine the molecular specificity of biological materials through the presence

of fluorophores. In this technique, a beam of light is passed through the solution to

stimulate the electrons in the molecules of specific compounds. The light released

throughout a wide range of wavelengths upon stimulation at a specific wavelength

is measured as spectral data, resulting in a plot that depicts the intensity of fluo-

rescence against the wavelengths of emission. The obtained emission spectra have

been considered as a unique fingerprint of the sample [143, 10].

2.6.1 Principles of Fluorescence Imaging

2.6.1.1 Excitation and Emission

Every molecule in a substrate possesses a series of closely spaced energy levels.

When a quantum of light impinges on a molecule and is absorbed, the electron is

promoted from the singlet groundstate S0 to an excited singlet state Sn. When these

electrons return to the ground state S0, there is a loss of vibrational energy. Since the
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Figure 2.6: Diagram of the Stokes’ shift between absorption and emission light spectra.

wavelength λ is inversely proportional to the radiation energy E, and given Planck’s

constant h and the speed of light c, the energy of the photon can be calculated as:

E = hv =
hc
λ

(2.27)

This energy loss shifts the emission spectrum to longer wavelengths than the

excitation spectrum, known as Stokes’ Shift. A typical fluorophore absorption-

emission spectra is shown in Figure 2.6. Of note is the spectral overlap between the

upper end of the excitation spectra and the lower wavelengths of the emission, as

well as the similarity between the absorption and emission curves.

The efficiency with which the absorbed light is converted into emitted light is

known as the quantum yield Φ, expressed as:

Φ =
Photonsemitted

Photonsabsorbed
(2.28)

A high quantum yield indicates that a large proportion of absorbed photons

are re-emitted as fluorescence, which is desirable for applications requiring strong

and clear fluorescence signals. Conversely, a low quantum yield suggests that a

significant amount of absorbed energy is lost through non-radiative processes rather

than being emitted as light. This is a critical parameter for designing and evaluating

fluorescent probes for various applications.
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2.6.1.2 Fluorophore Mechanisms

Endogenous and exogenous fluorescence are two key types of fluorescence used in

imaging and detection. Endogenous fluorescence originates from naturally occur-

ring fluorophores within biological tissues, such as NADH, flavins, and collagen.

This type of fluorescence is advantageous for non-invasive imaging, as it requires

no external dyes or labels. However, it often suffers from lower signal specificity

and intensity, and can be complicated by autofluorescence from other tissue com-

ponents [10].

Exogenous fluorescence, on the other hand, involves the introduction of ex-

ternal fluorophores, such as fluorescent dyes or proteins, into a biological system.

These fluorophores can be engineered to target specific molecules or structures, pro-

viding higher specificity and brighter signals [143]. While exogenous fluorescence

offers greater flexibility and precision, it requires careful consideration of factors

like fluorophore toxicity, potential for photobleaching, and the complexity of in-

troducing the fluorophore into the system [144]. The mechanisms of exogenous

fluorophores can be categorised in one of four types:

• Excited State Intramolecular Proton Transfer (ESIPT). Also known as

tautomerization, ESIPT is a photophysical process where a proton is trans-

ferred within a molecule from a donor to an acceptor site upon excitation by

light [145]. This transfer leads to a significant change in the electronic struc-

ture of the molecule, often resulting in dual fluorescence emissions from two

distinct excited states: one before and one after the proton transfer, such as the

dual peaks demonstrated by 3-Hydroxychomone derivatives [146]. This dual

emission can provide valuable information about the environment around the

molecule, such as polarity or hydrogen bonding, making ESIPT-based flu-

orophores highly sensitive for fluorescence imaging in complex biological

systems [147]. Additionally, the large Stokes’ shifts associated with ESIPT

can minimize self-quenching and reabsorption issues, improving the accuracy

of detection [143]. However, the complexity of the ESIPT process can lead

to non-linear responses and complicate the interpretation of the fluorescence
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signal [147].

• Photoinduced Electron Transfer (PET). This is a process where, upon exci-

tation by light, an electron is transferred from a donor molecule to an acceptor

molecule within a fluorophore or between a fluorophore and its surrounding

environment [148]. This transfer can quench the fluorescence of the fluo-

rophore, reducing or even completely suppressing its emission. PET-based

fluorophores are valuable for creating highly sensitive and specific fluores-

cence, as the fluorescence ‘on/off’ response can be used to detect the presence

of specific analytes, such as metal ions, pH changes, or biological molecules

[148]. PET fluorophores can be designed to respond to very small changes

in their environment, making them excellent for detecting low concentrations

of target molecules [149]. Additionally, PET sensors can be engineered to

be reversible, allowing for real-time monitoring of dynamic processes in bi-

ological systems [149]. However, PET can sometimes lead to non-specific

quenching, where factors other than the target analyte (such as changes in

temperature or solvent polarity) can also trigger electron transfer, leading to

false-positive or ambiguous results [148].

• Fluorescence Resonance Energy Transfer (FRET). Here, energy is trans-

ferred non-radiatively from an excited donor fluorophore to a nearby acceptor

fluorophore through dipole-dipole interactions. This energy transfer occurs

when the emission spectrum of the donor overlaps with the absorption spec-

trum of the acceptor, and the two molecules are within a specific proximity,

typically 1-10 nanometers [150, 151]. FRET is highly sensitive to molecular

proximity, which allows it to be used as a ‘molecular ruler’ to measure dis-

tances and detect interactions between molecules with high precision. How-

ever, the design of a FRET experiment is complex, as the efficiency is af-

fected by factors such as changes in orientation or the compatible spectra of

the donor and acceptor fluorophores; typical pairings used include Green Flu-

orescent Protein (GFP) and Yellow Fluorescent Protein (YFP) to study real-

time protein interactions [152], or Fluors 488 and 594 used for neurological
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imaging [153, 154]. Further, the presence of spectral overlap can complicate

the interpretation of FRET data, leading to errors or the need for complex

correction methods [150].

• Intramolecular Charge Transfer (ICT). In ICT, upon excitation by light,

an electron is transferred within a single molecule from a donor group to an

acceptor group. This electron transfer significantly alters the electronic distri-

bution within the molecule, often resulting in a shift in the fluorescence emis-

sion spectrum, such as a red shift, and changes in fluorescence intensity . ICT

fluorophores are highly sensitive to environmental factors, making them ideal

for applications like sensing local polarity changes in cellular membranes

(such as Nile Red, which changes its fluorescence emission depending on po-

larity [155]) or detecting specific ions in biological systems [156]. However,

this sensitivity can also create complexity in interpreting ICT signals, as the

fluorescence response can be influenced by multiple factors simultaneously

[157].

2.6.1.3 Fluorescence Detection

Simply stated, fluorescence detection involves collecting the emitted light from an

excited fluorophore and converting it into an electrical signal that can be analysed.

Typically, the emitted fluorescence is collected using lenses, mirrors, or optical fi-

bres, which direct the emitted light towards a detector [143]. The aim here is to

maximise the amount of fluorescence captured while minimising the collection of

other light sources such as reflected excitation light. Prior to reaching the detector,

the light will typically pass through an emission filter that blocks the light at other

unwanted wavelengths, allowing just the desired fluorescence signal to pass through

[144, 158]. The separation of excitation and emission wavelengths is achieved by

the proper selection of filters.

Fluorescence detection is influenced by several critical factors, including pho-

tobleaching, autofluorescence, sensitivity, and resolution [143]. Photobleaching

refers to the irreversible loss of fluorescence as fluorophores degrade under pro-
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longed exposure to excitation light. This degradation reduces signal strength over

time, limiting the duration of experiments and the ability to capture long-term data

[159]. Background autofluorescence - the natural emission of light by biological

tissues or other materials - can interfere with the detection of specific signals by

adding background noise, making it difficult to distinguish the target fluorescence

from the background [10, 160]. Sensitivity is another key factor, determining the

ability of the detection system to identify low levels of fluorescence. High sen-

sitivity is essential for detecting weak signals but can be compromised by noise

from photobleaching and autofluorescence [159, 158]. Finally, resolution impacts

the ability to distinguish between closely spaced fluorescence signals. High res-

olution is crucial for accurately mapping the spatial distribution of fluorophores,

particularly in complex biological tissues [143, 158]. Balancing these factors is

essential for optimizing fluorescence detection in various imaging and analytical

applications. A variety of detectors are used for fluorescence detection, detailed as

follows:

• Photomultiplier Tubes (PMTs) These are highly sensitive detectors that

convert light into an electrical signal by amplifying the signal through a se-

ries of dynodes [161]. Each dynode stage multiplies the number of electrons,

resulting in a significant amplification of the original signal. A PMTs gain µ

can be estimated using the emission ratio δ and the number of dynodes n as:

µ = δ
n (2.29)

However, PMTs are large, fragile, and sensitive to magnetic fields, which can

make them challenging to integrate into compact systems. They are often

used in low-light applications such as confocal microscopy.

• Charge-Coupled Devices (CCDs) Widely used in cameras for fluorescence

imaging, these are sensors that accumulate charge in response to light expo-

sure. They capture photons on a silicon-based chip and convert them into

electronic signals. CCDs offer high sensitivity and resolution, making them
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suitable for detailed imaging tasks [162]. However, they can be slower and

consume more power compared to Complementary Metal Oxide Semicon-

ductor Sensors (CMOS) sensors.

• CMOS Similarly to CCDs, these capture charge in response to light, but with

a faster readout and lower power consumption. They are more robust and can

be integrated into smaller devices, making them ideal for portable imaging

systems. However, CMOS sensors generally have higher noise levels com-

pared to CCDs, which can affect image quality [163].

• Avalanche Photodiodes (APDs) These are highly sensitive detectors that op-

erate by amplifying the photo-generated current through an avalanche effect.

They offer high gain and fast response times, making them suitable for time-

resolved fluorescence detection. However, APDs are also prone to noise, par-

ticularly at high gains, which can limit their sensitivity and dynamic range

[164].

2.6.2 Techniques in Fluorescence Imaging

Fluorescence imaging is a cornerstone of modern biological and medical research,

offering the ability to visualise and analyse specific molecules within cells and tis-

sues with high sensitivity and specificity. The diversity of techniques available in

fluorescence imaging, ranging from widefield microscopy to more advanced meth-

ods like confocal microscopy, allows researchers to tailor their approach based on

the resolution, depth, and temporal dynamics required by their studies.

2.6.2.1 Widefield Fluorescence Microscopy

Widefield fluorescence microscopy is a powerful imaging technique that enables

the visualisation of fluorescent labelled samples across a wide field of view. In this

method, the entire sample is illuminated simultaneously with a light source, typi-

cally a mercury or xenon lamp, that excites fluorescent molecules within the sample.

The emitted fluorescence from these molecules is then captured by a camera, such

as a CCDs or CMOS sensor, creating an image that displays the distribution and

intensity of fluorescence across the sample.
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One of the major advantages of widefield fluorescence microscopy is its ability

to rapidly acquire images, making it suitable for live-cell imaging and large-scale

screening applications [165]. However, a significant limitation is that out-of-focus

light from other parts of the sample can contribute to the image, leading to reduced

contrast and potential blurring. This issue is particularly pronounced in thick sam-

ples, where light from above and below the focal plane can interfere with the sharp-

ness of the image [166]. To mitigate these effects, deconvolution algorithms are of-

ten employed to improve image clarity by computationally removing out-of-focus

light [165]. Despite this limitation, widefield fluorescence microscopy remains a

widely used and accessible technique, particularly when speed and simplicity are

key considerations.

2.6.2.2 Confocal Microscopy

Confocal microscopy is an advanced fluorescence imaging technique that enhances

optical resolution and contrast by employing a spatial pinhole to eliminate out-of-

focus light from the sample. Unlike widefield microscopy, where the entire sample

is illuminated, confocal microscopy focuses light onto a specific point within the

sample, scanning it point by point to construct a detailed image. This method is

particularly beneficial for imaging thick specimens, as it allows for the collection

of optical sections at different depths, enabling three-dimensional reconstruction of

the sample [158].

The key advantages of confocal microscopy include its ability to produce high-

resolution images with improved contrast and its capacity for generating 3D images

of complex structures. However, these benefits come at the cost of longer acquisi-

tion times and potential photobleaching due to the intense laser light used for ex-

citation [158, 167]. Additionally, the need for precise alignment and calibration of

the optical components can make confocal microscopy more technically demanding

than widefield techniques. Confocal microscopy has been widely adopted in bio-

logical and medical research, particularly for detailed studies of cellular structures,

protein localisation, and tissue architecture [158].
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2.6.2.3 Two-Photon Microscopy

Two-photon microscopy is an advanced fluorescence imaging technique that allows

for deep tissue imaging with reduced photodamage and photobleaching compared to

traditional single-photon methods. This technique utilises NIR laser light to excite

fluorophores through the simultaneous absorption of two lower-energy photons. Be-

cause two-photon absorption is a nonlinear process, it occurs only at the focal point

of the laser, thereby minimising out-of-focus excitation and allowing for precise,

three-dimensional imaging of biological specimens.

One of the significant advantages of two-photon microscopy is its ability to

image deeper into tissues, often up to 1 mm [168], which is significantly further

than conventional fluorescence techniques. This depth penetration, combined with

reduced scattering of NIR light, makes two-photon microscopy particularly valu-

able for imaging in thick, living tissues, such as brain slices [169, 170] or whole

embryos [171]. However, the technique requires expensive and complex laser sys-

tems, and the need for high laser power at the focal point can still result in localised

photodamage if not carefully managed [170]. Two-photon microscopy has become

a vital tool in neuroscience, developmental biology, and other fields where deep

tissue imaging is essential. It is especially renowned for its ability to image living

tissues over extended periods with minimal phototoxic effects.

2.6.2.4 Fluorescence Lifetime Imaging

Fluorescence Lifetime Imaging (FLIM) is an advanced microscopy technique that

provides insights into the dynamics of fluorescent molecules by measuring the time

they spend in their excited state before returning to the ground state. Unlike tra-

ditional fluorescence microscopy, which relies on intensity measurements, FLIM

captures the decay times of fluorescent signals, offering enhanced contrast and

specificity. This technique is particularly useful for studying molecular interac-

tions, cellular environments, and dynamic processes at the nanometre scale. For in-

stance, FLIM can be used to investigate protein-protein interactions through FRET

by analysing the changes in fluorescence lifetime when energy transfer occurs be-

tween donor and acceptor molecules [150, 172]. Additionally, FLIM has existing



2.7. Chapter Conclusions 74

applications in cancer research, where it helps to identify changes in cellular mi-

croenvironments that may indicate disease progression [143].

2.7 Chapter Conclusions
This chapter has discussed relevant literature pertaining to the development of a hy-

brid tool for use in multi-modal optical imaging of the GI tract. Initially, a review of

the various techniques used to visualise and diagnose conditions within the GI tract

was conducted. Endoscopy is the most common method, using a flexible tube with

a camera to directly view the GI vessel wall. CT provides cross-sectional images

that can detect structural abnormalities, masses, and inflammation. US is frequently

used for evaluating the liver, gallbladder, and other abdominal organs, often supple-

mented by EUS, which combines endoscopy with US to obtain detailed images of

the GI wall and surrounding structures. Fluorescence imaging and spectroscopy of-

fers real-time molecular insights by detecting fluorescent signals from targeted dyes,

which can reveal early-stage disease not visible with standard techniques. OCT pro-

vides high-resolution cross-sectional images of tissue microarchitecture, aiding in

early detection of dysplasia and cancer. These methods, often used in combination,

enable comprehensive assessment and diagnosis of GI conditions. It was concluded

that there is a requirement for a tool combining the structural information of US and

the molecular specificity of fluorescence sensing.

Subsequently, the theory and current literature demonstrating OpUS probes

was discussed. From this, there are a few key conclusions to be drawn, and applied

to the subsequent work:

• The composite coating requires an optical absorber with a high absorption

coefficient and an elastomeric host with a high thermal expansion coefficient

in order to efficiently generate a sufficient US profile. A high pressure is

required for the potential obtainable penetration depth, and a broad bandwidth

is necessary for high-resolution imaging.

• The application of this composite coating must be considered in relation to

the incident laser pulse width and energy to maintain the thermal and stress
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confinements, as well as begin a similar impedance to that of the medium.

• The profile of the transmitter must be carefully considered to tailor the beam

divergence and penetration depth of the US. This depends on the application:

for synthetic aperture imaging, a wider beam divergence is preferred at the ex-

pense of penetration depth, while M-mode images rely on a highly directional

profile.

• The receiver best suited for the intended lateral imaging probe would be om-

nidirectional, miniature, and demonstrate a broad bandwidth. These require-

ments are satisfied by the FP interferometer. This is also developed primarily

by the PAI group at UCL, so this sensor is the preferable choice due to the

expertise and devices easily available.

• Multi-modality probes can be configured with either a wavelength-selective

composite coating or a dual-fibre approach. If a wavelength-selective coating

is used, the transmission window must demonstrate an absorption of ≤ 20%

of the incident light to be efficient excitation for complementary modalities.

Finally, the theory and current techniques used in fluorescence sensing were thor-

oughly discussed, highlighting the principles, methods, and innovations that shape

this field. The key conclusions drawn emphasise that the configuration of a de-

signed fluorescence sensing system is primarily influenced by the characteristics of

the targeted fluorophore. Factors such as the fluorophore’s emission and excitation

spectra, sensitivity to environmental conditions, and photostability play crucial roles

in determining the optimal design and functionality of the excitation element and

the selected receiver. This underscores the importance of carefully selecting and

tailoring the system components to achieve the desired specificity and performance,

ultimately enhancing the accuracy and reliability of fluorescence-based measure-

ments.



Chapter 3

Photostable NIR Dyes for Ultrasound

Generation

This chapter is based on work published in [5] and [35], and describes the devel-

opment of novel US transmitters, comprised of Epolight-PDMS coatings on optical

fibres.

3.1 Introduction
The generation of US via all-optical methods is covered in Chapter 2. Briefly, both

a large optical absorption µa and thermal expansion coefficient β are required for

an efficient PA effect; these parameters are typically maximised through composite

materials consisting of an elastomeric host and an optical absorber.

One specific area of interest for optical US generation is the capacity for

complementary therapeutic and imaging modalities to be integrated [119]. How-

ever, combining modalities requires carefully engineered composite materials with

wavelength-selective absorption [3]. Here, the US can be generated at one wave-

length via optical absorption within the coating, whilst at other wavelengths light

can be transmitted through the coating and be used or a complementary modal-

ity such as PA imaging [104, 141] or laser ablation [140]. Previous research has

demonstrated the use of CV or AuNP embedded in a PDMS host for co-registered

US and PA imaging [3]. However, these composites suffered from poor photostabil-

ity under prolonged laser exposure, as well as limited US pressures and bandwidths.
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Recently, QD’s have been demonstrated for co-registered US and PA imaging, but

these were fabricated through a complex process [119].

Figure 3.1: Optical density spectrum of Epolight 9837 in polycarbonate, provided by
Epolin, UK.

The work in this chapter details an investigation into the use of a photo-

stable NIR dye - Epolight 9837 - as a dichroic optical absorber. This dye was

selected due to its selective absorption window centered at 1064 nm (see Fig. 3.1)

as demonstrated by the manufacturer. The optical density profile provided by the

manufacturer is based on a 1 mm thick film consisting of a dye mass fraction of

0.5 suspended in a polycarbonate host, which ensures optical transparency in the

400–1400 nm range while offering a stable, solid medium that preserves the ab-

sorber’s optical properties. The optical density of a material with a molar extinction

coefficient ε , a concentration C and path length d is given as:

OD = εCd (3.1)

Using this, the optical density of a comparative absorber such as CV at

1064 nm would be ca. 0.15 with a selective peak of ca. 9 at 532 nm while Re-

duced Graphene Oxide (rGO) would show a consistent optical density of ca. 5 in

the range of 400−1400 nm.

Here, Epolight 9837 was embedded in a PDMS host and deposited on the tip
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Figure 3.2: a) AiO dip-coating process: i) fibre and AiO solution of optical absorber and
PDMS. ii) fibre inserted into the solution. iii) fibre withdrawal leaving iv) a
coating on the tip. b) DD dip-coating process. i) fibre coated in a solution of
optical absorber and xylene. ii) coated fibre inserted into a solution of PDMS
and xylene. iii) fibre withdrawn leaving iv) a bilayer coating on the tip.

of optical fibres; this composite was studied in terms of its suitability for OpUS and

complementary modalities. This includes a detailed study of various manufacturing

methods, a photostability study, and a comparison with a widely used composite -

rGO-PDMS - in imaging applications.

3.2 Methods

3.2.1 Fabrication

All composite coatings were fabricated and tested on proximal-end SMA connec-

torised optical fibres with a core diameter of 400 µm (FG400LEP, Thorlabs, UK),

consisting of a fused silica core/cladding with a core:cladding ratio of 1 : 1.06 and

a polyimide buffer jacket.

3.2.1.1 Dip Coating Procedure

Simply stated, dip coating is the application of material to a substrate by immersing

and removing the substrate from the liquid to create a film (Fig. 3.2). Typically,
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Dye Dye Weight Substrate Fabrication Ref.

Epolight

2.5 mg

Fibre AiO

2.5A
5 mg 5A
10 mg 10A
15 mg 15A

Epolight

2.5 mg

Fibre DD

2.5D
5 mg 5D
10 mg 10D
15 mg 15D

CV 40.8 mg Fibre Heat Diffusion CVO

CV-AuNP 40.8 mg Slide
Heat Diffusion
(backed)

CVAUB

CV-AuNP 40.8 mg Slide
Heat Diffusion
(unbacked)

CVAUU

rGO 500 mg Fibre DD rGO

Table 3.1: Dye-PDMS composites fabricated for characterisation.

this solution contains an adhesive element such as PDMS. After the withdrawal

of the substrate from the solution, a homogeneous liquid film is formed on the

surface. Subsequently, the solvents in the solution will be evaporated through drying

in ambient conditions, resulting in a thin film of coating adhered to the substrate

surface. Studies have shown that the thickness of the resulting coating relies on

the speed of withdrawal, the viscosity of the solution, the solvent used, and the

concentration of the suspension [173, 174].
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3.2.1.2 Coating Application

Optical fibres were prepared for coating by first removing the buffer coating from

the distal end of the fibre. Subsequently, the distal end was cleaved manually using a

tungsten blade. The prepared optical fibres were manually dipped into the prepared

composite solutions and left to cure under ambient conditions for 24 hours with the

distal end surface facing up.

3.2.1.3 Epolight Preparation

All measurements of Epolight were taken using a scale from Denver Instruments

with a standard error of ±0.05 mg. To form a homogeneous material of PDMS

and Epolight, the Epolight powder must first be dissolved into an organic solvent.

The solvent used here was xylene, which was standardised as 0.5 ml per solution

to maintain the concentration of Epolight as the independent variable. The selected

weight of Epolight powder was mixed with the xylene solvent until the dye was

visibly dissolved. Two coating methods were then used to apply the materials to the

fibres (Fig. 3.2).

All-in-One Synthesisation

AiO synthesisation requires the combining of the elastomeric host and optical

absorber prior to their application to the substrate. Here, the Epolight-xylene so-

lution was manually mixed with 0.25 g of PDMS (MED-1000, Polymer Systems

Technology, UK). This one-pot solution was then applied to the optical fibre using

the dip coating process (Fig. 3.2a).

Direct Deposit Synthesisation

The Direct Deposit (DD) method requires two applications of coating to create

a bilayer composite (Fig. 3.2b). Firstly, the Epolight-xylene solution was deposited

on the fibre through dip coating. This coating of the optical absorber was left to dry

(ca. 30 minutes). Subsequently, the coated fibre was dip coated again in the PDMS

layer. Here, 0.25 g of PDMS was diluted with 0.5 ml of xylene which is manually

mixed.
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3.2.1.4 Crystal Violet Preparation

Crystal Violet Fibres

The CV fibres were manufactured as per the top-down protocol outlined by

[3]. One concentration of CV fibres was fabricated: 0.0408 g of powdered CV was

mixed with de-ionised water to form 10 ml of liquid. Briefly, the fibres were dip-

coated in a solution of PDMS and xylene (0.25 g:0.5 ml) and left to cure in ambient

conditions. Once cured, these fibres were then submerged in a vial of liquid CV

heated to 80°C for ∼ 12 hours, allowing the dye to diffuse into the PDMS to achieve

large uptake of the dye. These fibres were then removed and left to dry.

Crystal Violet Slides with Gold Nanoparticles

Here, CVAuNP-PDMS composites were fabricated by Dr. Sacha Noimark.

These coatings were fabricated on glass slides rather than the distal face of an optical

fibre. This was achieved using the heated diffusion method as before, followed by

addition of AuNP via in situ reduction of gold salt. Two variations were fabricated:

the first formation required the CV-PDMS to be backed with Kaplan tape prior to

the addition of the gold salt (Table 3.1: CVAUB) while the second was not backed

(Table 3.1: CVAUU), meaning that the AuNP particles were able to diffuse from

both sides of the composite sheet.

3.2.1.5 Reduced Graphene Oxide

The rGO was prepared as outlined in [175]. 500 mg of rGO functionalised with

octadecylamine (805084, Sigma Aldrich, UK) was sonicated for 20 s in 2.5 ml of

xylene to give a homogeneous solution. The optical fibres were dip-coated in this

solution, followed by a PDMS overcoat to make a bilayer DD composite as outlined

previously.

3.2.2 Characterisation

Prior to optical and US characterisation, the coated optical fibres were examined

visually using a stereo-microscope. Coatings were examined for uniform surface

morphology, aggregation of the absorber within the composite, and thickness of the

deposited coating.
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3.2.2.1 Optical Characterisation

Optical characterisation of light is a typical tool in materials studies to obtain the

proportion of absorption and transmission by the sample at points throughout the

spectra. The interaction of light with media that are absorbing, homogeneous and

isotropic is governed by Beer-Lambert’s law [32]. This states that the difference in

intensity of an incident light beam I0 on a sample and the emerging light intensity

I at wavelength λ is directly related to the properties of that substance, such as

attenuation µa at the given wavelength λ and sample thickness d (Eq. 3.2).

I(λ ) = I0e−µa(λ )d (3.2)

Assuming an homogeneous and isotropic medium, the absorbance A can be

directly obtained from the measured transmittance T = I/I0 using Eq. 3.3.

A = log(
1
T
) (3.3)

Assuming a constant thermal expansion coefficient β , the optical absorption is

proportional to the pressure generated (see Eq. 2.12).

Figure 3.3: Schematic of measurement set-up used for optical characterisation: through-
illumination of the fibre using a halogen white light source measured by an
integrating sphere and spectrometer.

The wavelength-dependent optical absorption for the dye-PDMS coated fibres

was measured between 400 and 1800 nm using a halogen lamp (HL2000 Tung-

sten Halogen Light Source, Ocean Optics, USA), an integrating sphere, and two

spectrometers (Flame (400− 900 nm) & NIRQuest512 (700− 1800 nm), Ocean

Optics, USA). An uncoated optical fibre was used for reference and a background

count was taken for each measurement to remove ambient light and dark counts
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(Fig. 3.3). A ‘light’ and ‘dark’ measurement was taken for each fibre including the

uncoated reference fibre, and the absorbance at each wavelength given by Eq. 3.3.

The normalised absorption fraction is then calculated using Eq. 3.4.

α = 1−
αlight −αdark

αre f
(3.4)

Here αre f is calculated as:

αre f = αre f (light)−αre f (dark) (3.5)

Errors in the optical spectra could be caused by background light interference

or saturation of light. These risk factors can be addressed by using ‘dark’ measure-

ments to remove artificial peaks from background light, as well as the use of a blank

fibre to calculate the optimal integration time to reduce the risk of saturation.

3.2.2.2 Ultrasound Characterisation

The acoustic characterisation of the fabricated transmitters is carried out at a sin-

gle point measurement to assess the generated US field in terms of peak-to-peak

pressure, spectrum and field profile. The schematic for the measurement set-up is

shown in Fig. 3.4.

Figure 3.4: Schematic of measurement set-up used for acoustic characterisation.

Two separate pulsed Nd:YAG lasers were used for excitation; one with a wave-

length of 1064 nm (pulse width: 2 ns, repetition rate: 100 Hz, Spot-10-500-1064,
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Elforlight, UK), and another with a wavelength of 532 nm (pulse width: 10 ns, rep-

etition rate: 100 Hz, FQ-500-532, Elforlight, UK). The pulse energy was measured

prior to characterisation measurement using a photodiode detector (Newport, UK),

and adjusted to the desired fluence using a rotating Brewster mirror to attenuate the

source.

The study fibre was mounted on the stationary clamp stand directly opposite

the 200 µm needle hydrophone (Precision Acoustics, UK) with a calibration range

1− 30 MHz. This hydrophone was mounted on a 3-axis linear translation stage

used to both centre the hydrophone on the US beam and to adjust the hydrophone

transmitter separation to ensure that the generated US was measured at a distance

of 1.5 mm. The received US pressure generated by the fabricated transmitter was

digitised at 14 bits with a sample rate of 100 MS/s (PCI-5142, National Instruments,

UK). To obtain the US bandwidth of the study transmitter, a Fourier transform was

applied to the acquired time-series, and the hydrophone calibration was applied.

Errors in the acoustic characterisation could be caused several factors. There

is an error associated with the digitisation noise which is measured to be less than

0.003 MPa. Assuming the error is constant and the peak-to-peak pressures are suf-

ficiently large, this error can be considered relatively negligible. Potential error can

also be introduced by deviance from the central frequency in the source-detector

alignment. The Full-Width Half-Maximum (FWHM) of the US profile at short dis-

tances is narrow, and therefore the signal maximum can be found relatively easily

through trial and error. The estimated error here is less than 5%. The most signif-

icant source of error arises from the wavelength-dependent hydrophone calibration

which is given by Precision Acoustics to be a maximum of 10%.

3.2.2.3 Photostability Assessment

One of the primary drawbacks of dye-based coatings to date are their poor photosta-

bility. To measure the photostability, coatings were continuously exposed to laser

pulses for a period of 60 minutes and an US measurement was recorded every 10 s

to simulate an imaging scan. The incident laser was set at 100 Hz repetition rate

and a pulse energy of 20 µJ.
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Figure 3.5: Schematic of ultrasound characterisation setup for photostability assessment
with input laser pulse and output ultrasound signal.

It is important to note that, while the acoustic characterisation set up here is

largely described in Section 3.2.2.2, the hydrophone used is uncalibrated, meaning

that the resulting pressure loss is calculated as a percentage drop from the initial

measurement. The pressure loss of the calibrated and uncalibrated hydrophone was

assessed using a CV composite with a known photostability; it was concluded that

the relative pressure loss was sufficiently similar. The use of the uncalibrated hy-

drophone is to protect the calibrated hydrophone from potential damage caused by

direct laser exposure in the event that the composite coating is ablated during long

exposure.

3.2.3 OpUS Imaging System

An OpUS imaging system was developed which comprised two elements: an OpUS

probe and an imaging console.

3.2.3.1 OpUS Probe

A typical OpUS probe consists of a fibre transmitter in combination with a plano-

concave microresonator for receiving signal.

Receiver

The US receiver was fabricated using single-mode optical fibres with core/-

cladding diameters of 8/125 µm (SMF-28, Thorlabs, UK). A plano-concave mi-

croresonator was fabricated at the distal end by dip-coating into an optically trans-

parent polymer as described previously [135]. A dielectric mirror was applied to

the fibre end prior to the polymer coating, with a second mirror deposited on the

outer surface of the polymer. The mirror reflectivities were nominally 98% in the

range of 1500−1600 nm. Finally, the plano-concave microresonator was coated in

a protective layer (thickness ca. 5 µm) of parylene C.
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Figure 3.6: Schematic of fibre arrangement for B-mode imaging. Input pulsed laser light
(red) is absorbed by one of the composite coatings, generating ultrasound which
is subsequently reflected off of the wire phantom. The reflections (blue) are
received by a fibre-optic hydrophone.

Imaging Probe

The fabricated transmitters were affixed adjacent to a plano-concave microres-

onator to provide US generation and reception, respectively (Fig. 3.6).

3.2.3.2 Imaging Console

The console comprised optoelectronic components to both deliver pulsed excita-

tion light to the OpUS transmitter and interrogate the OpUS receiver. The trans-

mitters were coupled to the pulsed Nd:YAG laser for US generation (1064 nm,

Elforlight, UK). The plano-concave microresonator was interrogated with a contin-

uous wave laser (Tunics T100S-HP, Yenista Optics, France) with a tuning range of

1500−1630 nm and a power of 4.5 mW as described in previous studies [140, 175].

The laser was connected via a fibre optic circulator which allowed the reflected sig-



3.2. Methods 87

nal to be detected with a photoreceiver. The photoreceiver split the signal into

high-frequency (> 500 kHz) and low-frequency (< 50 kHz) components. The low-

frequency component was digitised at 16 bits (PCI-6251, National Instruments, UK)

and was used to record the transfer function of the microresonator and estimate the

optimum bias point. The high-frequency component was digitised at 14 bits with

a sample rate of 100 MS/s (PCI-5142, National Instruments, UK) and was used

to record the modulation of the reflection induced by the incident acoustic wave.

The sensor was biased to the point of the maximum derivative of the interferome-

ter transfer function of the plano-concave microresonator to optimise the sensitivity

[176].

3.2.3.3 Data Acquisition

This probe was then clamped to a motorised stage (MTS50/M-Z8, Thorlabs, UK)

controlled by a motor controller (TDC001 T-Cube DC, Thorlabs, UK).

Imaging was performed by translating the probe one horizontal step at a time

using the motorised stage and acquiring an A-line at each step. Each A-line con-

sisted of a number of sensor data points corresponding to the required depth d. This

is calculated using the speed of sound in the medium cs and a sampling interval dt

of 1.0e−8 as:

d =
nsamples cs dt

2
(3.6)

The A-lines were then concatenated to form a complete data set. Imaging

was performed sequentially with the comparative transmitters; each scan using the

Epolight-PDMS transmitter was immediately repeated with the rGO-PDMS trans-

mitter to ensure direct comparison.

3.2.3.4 Image Processing

The data was bandpass filtered (4th order Butterworth, 1.5− 40 MHz), followed

by the application of a cross-talk algorithm, as described previously [177] Briefly,

each scan was fitted with a general linear model of three components: a local

average obtained from 40 scans, the derivative of the local average to allow for
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temporal offsets, and a constant term. The modelled cross-talk was then sub-

tracted from the signals. This was followed by image reconstruction using the

k-Wave toolbox, as described previously [77]. Briefly, for image reconstruction,

a fast Fourier transform was computed on both dimensions (t,y) converting the raw

data to wavenumber-frequency space. Subsequently, the data was then mapped to

wavenumber-wavenumber space using the dispersion relation for a plane wave. Fi-

nally, an inverse Fourier transform was then computed back to the spatial domain

(x,y). The signal envelope was found using the absolute value of the Hilbert trans-

form followed by a log transformation.

3.2.3.5 Imaging Targets

A custom phantom comprising a series of parallel tungsten wires (diameter: 27 µm)

mounted on a plastic frame was used to assess the imaging resolution. This phan-

tom appears in reconstructed images as a series of Point Spread Function (PSF)s

which can be used to measure the resolution of the imaging system. The imaging

targets were fixed in position in a water bath (Fig. 3.6), while the OpUS probe was

translated relative to the target. Data acquisition was carried out using A-line spac-

ings of 25− 200 µm. For each of the reconstructed images, the axial and lateral

resolution were calculated as the FWHM values of the PSFs that represented the

tungsten wires in the images.

The SNR of the imaging targets was calculated for each reconstructed image.

First, a Region of Interest (ROI) representing noise was identified in an area of the

image where no imaging target was present, with the mean intensity of this ROI

used as the noise value. Next, ROIs were selected around the imaging targets, such

as the PSFs from the wire phantom, where the maximum intensity within these

regions was taken as the signal. The SNR was then determined using these signal

and noise values.

Imaging of ex vivo swine aorta tissue (Medmeat, UK) was carried out to as-

certain the potential for visualising biological structures. In preparation for imaging

the vessels were cut parallel to their longitudinal axis and fixed to a cork mount with

the inner surface facing up towards the US probe (Fig. 3.7). The cork mount and
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Figure 3.7: Schematic of aorta tissue arrangement for ex vivo B-mode imaging.

tissue were placed in the water bath.

3.3 Study I: PDMS Composites with Photostable

NIR Dyes
One particular area of interest in the fabrication of miniaturised OpUS devices in the

capacity to integrate complementary modalities. However, combing modalities re-

quires carefully engineered composite materials with wavelength-selective absorp-

tion [3, 104, 141, 119]. Previous research has demonstrated the use of CV or AuNP

embedded in a PDMS host for co-registered US and PA imaging [3]. However,

these composites suffered from poor photostability under prolonged laser exposure.

Here, the use of a highly-photostable NIR-absorbing dye (Epolight 9837, Epolin,

USA) was explored. This dye was recommended for absorption of 1064 nm laser

light as well as demonstrating a high optical transmission in the visible range [178].

This wavelength-selective nature is highly desirable for combining complementary

modalities with OpUS imaging. Several composite coatings were fabricated to as-

sess the optimal dye concentration and manufacturing method; these are detailed

in Table 3.1. Additionally, comparable composites were fabricated; these are also

detailed in Table 3.1.
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3.3.1 Fabrication

Seven composite coatings were fabricated; four using Epolight 9837 with varying

concentration of dye by weight (Table 3.1: 2.5A, 5A, 10A), one using pure CV

(CVO) for comparison as previous studies show this dye is susceptible to photo-

bleaching [3], and two using CV stabilised with AuNP (CVAUB, CAVUU). For

each composite coating, five US generators were fabricated to test for consistency.

The US generation here was characterised at a pulse energy of 20 µJ, which corre-

sponded to a fluence deposited within the coating of 15.9 mJ/cm2.

3.3.2 Results

3.3.2.1 Microscope Images

Figure 3.8: Stereo-microscopy images of 2.5A Epolight composite coated optical fibre. a)
End-view with through illumination. b) End-view with no through illumina-
tion. c) Side-view. Scale bar: 400 µm.

The microscope images were examined for coating uniformity and thickness

(Fig. 3.8). Fibres with excessively thick coating layers (≥ 0.15 mm) or visible

agglomerations of optical absorber were eliminated prior to characterisation. No

visible difference was noted in the colour or consistency in the range of Epolight-

PDMS coatings.
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3.3.2.2 Optical Absorption

@ 1064 nm @ 532 nm @ 400−800 nm

2.5A 78±4 67±7 65±8
5A 86±2 73±5 72±4
10A 96±2 86±7 86±6

CVO 29±11 66±14 51±15

CVAUB 31±11 80±7 40±17

CVAUU 36±12 83±6 39±20

Table 3.2: Optical absorption of Epolight and CV composite coatings at 1064 and 532 nm,
as well as the average absorption in the visible range.

Figure 3.9: Optical absorption spectra for the CV (blue solid line) and Epolight composites
(2.5A: red dotted line, 5A: red dashed line, 10A: red solid line).

The CV and Epolight dyes exhibited different optical absorption profiles

(Figure 3.9). The Epolight composites exhibited an optical absorption peak at

ca. 900− 1100 nm for all dye concentrations (Table 3.2, Figure 3.9) with a maxi-

mum of > 90% for the composite with the highest concentration of dye (10 mg).
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For wavelengths shorter than 900 nm and longer than 1100 nm the optical absorp-

tion decreased. The optical absorption at all wavelengths decreased proportionally

with dye concentration for the Epolight composites. The CV composite exhibited

an absorption peak at ca. 532 nm with a value ca. 66%. The optical absorption

decreased for longer wavelengths to a value < 30%. The CVAuNP demonstrated

an absorption peak at 532 nm with a value of ca. 80%. The optical absorption

decreased for longer wavelengths; it is of note that these demonstrated a significant

variability.

3.3.2.3 Ultrasound Generation

Pressure [MPa] Bandwidth [MHz]

2.5A 0.46 ± 0.14 16.0 ± 2.7
5A 1.03 ± 0.13 20.7 ± 3.3
10A 0.92 ± 0.17 20.5 ± 2.3

CVO 0.31 ± 0.02 10.6 ± 1.6

CVAUB 0.42 ± 0.24 8.23 ± 0.46

CVAUU 1.69 ± 0.04 16.25 ± 0.18

Table 3.3: Ultrasound generation properties of Epolight and CV composite coatings using
a 20 µJ incident pulse energy at a transmitter-receiver distance of 1.5 mm.

The Epolight composites exhibited peak-to-peak US pressure with values up to

1 MPa, with corresponding −6 dB US bandwidths ca. 20 MHz (Figure 3.10). The

generated US pressure was found to increase with increasing dye concentration

from 2.5 mg to 5 mg with maximum values of 0.46 and 1.03 MPa, respectively.

For the highest dye concentration of 10 mg, the peak-to-peak pressure was found to

decrease slightly, with a value of 0.92 MPa.

The CV composites used for reference in general created narrower bandwidths
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Figure 3.10: a) - f) Ultrasound time-series for the composite coatings, including Epolight
coatings: a) 2.5A - red dotted line, b) 5A - red dashed line, c) 10A - red solid
line and CV coatings: d) CV: blue solid line, e) CVAUU: blue dashed line, f)
CVAUB: blue dotted line. g) Corresponding ultrasound power spectra for the
composite coatings.

(Table 3.3, Figure 3.10). While the CVO and CVAUB composites generated lower

peak-to-peak pressures than the Epolight composites (0.31 and 0.42 MPa respec-

tively), the CVAUB composite generated the largest pressure overall (Table 3.3:

1.69 MPa).
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3.3.2.4 Photostability

2.5A (@1064 nm) 5A (@1064 nm) 10A (@1064 nm)
Loss[%] 22.6 ± 2.5 15.2 ± 0.7 13.0 ± 0.6

CVO (@532 nm) CVAUB (@532 nm) CVAUU (@532 nm)
Loss [%] 58.6 ± 3.3 35.2 ± 3.5 20.2 ± 2.2

Table 3.4: Normalised pressure loss of Epolight and CV composite coatings using a 20 µJ
incident pulse energy at a transmitter-receiver distance of 1.5 mm over a period
of an hour.

The photostability of the Epolight composites was compared with CV composites.

Initially, a direct comparison was conducted between a CVO composite and an Epo-

light composite, both excited by a 532 nm source. The Epolight composite used in

this comparison contained 10 mg of dye, which, as shown in Fig. 3.9, exhibited a

similar optical absorption at 532 nm to the CVO composite. With a pulse energy

of 20 µJ, the peak-to-peak pressure generated by the CV composite fell by 68% in

1 hour, compared with a reduction by 7% for the 10 mg Epolight composite.

Subsequently, the photostability of the variations of AiO Epolight and CV

composites was compared (Table 3.4, Fig. 3.11). All Epolight concentrations

demonstrated good photostability at 1064 nm, with the pressure dropping by 22%,

15% and 13% for the 2.5A, 5A and 10A composites, respectively. By comparison,

the CV composites performed poorly under constant exposure, with normalised

pressure losses of 58%, 35% and 20% for the CVO, CVAUB and CVAUU compos-

ites respectively.

3.3.3 Discussion

3.3.3.1 Epolight Concentrations

It was found that by reducing the concentration of the Epolight dye, the optical

absorption in the range 400 to 800 nm and for wavelengths > 1200 nm could be

reduced whilst maintaining a relatively high optical absorption at 1064 nm for US

generation. The lower optical absorption at wavelengths from 400 to 900 nm and

> 1100 nm is well-suited to a variety of complementary modalities, including PA

imaging and optical ablation [142, 140]. However, whilst the presence of these
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Figure 3.11: Normalised photostability for the Epolight composites compared to the CV
composites.

optical absorption windows are promising for multi-modality imaging, further op-

timisation is needed to reduce the absorption on either side of the peak at 1064 nm.

This will be explored further in the following studies, using different concentrations

and alternative fabrication methods, such as the bilayer approach highlighted in [3].

The US generated by the composites was comparable with that used in previ-

ous studies for imaging [109, 179, 139]. Composite 2.5A generated lower US pres-

sures than the 5A, as expected from the corresponding decrease in optical absorp-

tion. However, for the higher dye concentration of 10A, the peak-to-peak pressure

was found to decrease. This may be due to increased US attenuation within the coat-

ing caused by the higher dye loading. US bandwidths up to 20 MHz were achieved,

sufficient for high resolution US imaging. However, the lower dye concentration in

2.5A exhibited narrower bandwidths than other composites. This could be caused

by the longer absorption length, leading to a wider temporal profile in the generated

US pulse (see Chapter 2 Section 2.2.2).

3.3.3.2 Epolight vs CV

In general, the Epolight composites here outperformed the CV composites in terms

of US characteristics and photostability. It should be noted however, that previous

studies with CV have achieved higher pressures and bandwidths [3] than that of the
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CVO used here.

Crucially, the photostability of the Epolight composites was measured and

compared with the CV composites. CVO has previously been used for ex vivo

imaging, but demonstrated poor photostability [3]. All Epolight composites exhib-

ited acceptable photostability compared to CVO, with pressure decreasing by only

approximately 10% over one hour, in contrast to a 58% drop for the CVO compos-

ite over the same period. Notably, the photostability measurements in Fig. 3.11

show considerable variation rather than a consistent decline, and the overall pres-

sure loss trend for Epolight composites remains relatively flat, indicating minimal

degradation. In contrast, the CVO composite demonstrates a significant decrease.

It is important to note that the hydrophone used for sensing was uncalibrated,

likely introducing some error. Additional sources of error may include movement

of either the transmitter or the hydrophone during exposure, as well as heating of the

PVDF needle hydrophone over the hour-long period. Variations in ambient temper-

ature could also affect the hydrophone’s sensitivity, potentially altering the recorded

pressure values. Electrical noise or interference from surrounding equipment may

introduce signal fluctuations, while inconsistencies in the alignment of the acoustic

beam with the hydrophone over time could further impact the accuracy of the mea-

surements. Finally, minor fluctuations in the light source intensity or the optical

stability of the experimental setup may also contribute to variations in the recorded

data. As such, it can be concluded that the loss observed in the Epolight composites

is largely within the expected experimental error range.

Of note is the impact of adding AuNP to the CV-PDMS composites. Here, the

CVAUU outperforms both the CVO and CVAUB composites in terms of photosta-

bility, as well as the Epolight composites in terms of US pressure generation. This is

likely due to the larger percentage of AuNP particles in the composite; the unbacked

fabrication (CVAUU) allows infusion of AuNP from both sides in comparison with

the single-sided infusion in the backed fabrication (CVAUB). The larger concentra-

tion of AuNP increases the SPR, where the light incident on the surface of metallic

Nanoparticles (NPs) causes the electrons in the conduction band to resonate, thus
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enhancing the optical properties such as optical absorption µa [180]. This increase

in optical absorption is likely responsible for the increased peak-to-peak pressure

generated (see Eq. 3.3). Further, the heightened absorption of the AuNP is likely

responsible for the reduced pressure loss under constant exposure; here, the AuNP

acts as a photoprotector for the host absorber [181]. However, the amount of AuNP

incorporated as a photoprotector, as well as the size of the NPs, has a considerable

effect on the location of the absorption peak, for example, larger NPs will create

a ‘red-shift’ to longer wavelengths, whilst smaller NPs will create a ‘blue-shift’ in

the opposite direction. A significant change in absorption peak for an incident light-

source of a fixed wavelength could mean that the improvement in absorption created

by the SPR is negated by the shift of the peak.

3.4 Study II: Optimising of Manufacturing Method

for Dichromacity

3.4.1 Coating Methodology

After determining that the transmission percentage in the NIR and visible range for

the coatings produced using AiO was inadequate for wavelength-selective multi-

modality, an alternative fabrication method was explored. The optical density spec-

trum provided by the manufacturer of Epolight 9837 in polycarbonate indicates a

sufficiently low absorption at all wavelengths ≤ 1000 and ≥ 1200 nm (Fig. 3.1).

However, this was not observed in the previously fabricated coatings, possibly due

to interactions with xylene and PDMS during the AiO coating process. In this study,

an alternative approach was employed to assess the impact of minimising the ab-

sorbers interactions.

3.4.1.1 Fabrication

To assess the impact of coating methods, DD and AiO coatings were fabricated

(Fig. 3.2). Coatings were fabricated for each method using three concentrations of

optical absorber (Table 3.1: 5A, 5D, 10A, 10D, 15A, 15D). As with the previous

study, five US generators were fabricated of each type to test for consistency. The
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US generation here was characterised at a pulse energy of 20 µJ.

3.4.1.2 Results

@ 1064 nm @ 400−800 nm Pressure [MPa] Bandwidth [MHz]

5A 86±2 72±4 1.03±0.13 20.7±3.3
10A 91±2 78±6 0.92±0.17 20.5±2.3
15A 95±2 71±15 1.21±0.15 23.1±2.7

5D 59±7 46±12 0.62±0.23 29.3±3.2
10D 76±4 76±15 1.01±0.45 29.2±2.8
15D 96±2 81±8 1.30±0.36 31.6±3.6

Table 3.5: Optical absorption of Epolight AiO and DD composite coatings at 1064 nm
and the average absorption in the visible range, and corresponding ultrasound
generation properties using a 20 µJ incident pulse energy including peak-to-peak
pressure and corresponding −6 dB bandwidth.

Figure 3.12: Optical absorption spectra for the a) AiO and b) DD composites with Epolight
concentrations of 5 mg (dotted line), 10 mg (dashed line), and 15 mg (solid
line).

All US transmitters exhibited an optical absorption peak at ca. 900−1100 nm

(Table 3.5, Fig. 3.12) with a maximum of 96% demonstrated by both 15 mg trans-

mitters. The optical absorption decreased for wavelengths ≤ 900 nm and ≥ 1100 nm

for all composites. The DD composites showed a distinct relationship between Epo-

light concentration and optical absorption; this is demonstrated to a lesser extent

with the AiO composites.
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Figure 3.13: Ultrasound time-series for Epolight a) AiO and b) DD composite coatings
(5 mg: dotted line, 10 mg: dashed line, 15 mg: solid line). Corresponding
ultrasound power spectra for c) AiO and d) DD composite coatings.

The AiO composites exhibited peak-to-peak US pressure with values up to

1.2 MPa, with corresponding −6 dB US bandwidths ca. 21 MHz (Table 3.5,

Fig. 3.13). The generated US pressure was largest for the largest dye concentra-

tion 15A. However, the increased pressure with dye concentration was not shown

to be linear, with the lowest pressure shown by 10A (Table 3.5).

The DD composites, in comparison, demonstrated peak-to-peak pressures of

up to 1.3 MPa, with a distinctly linear correlation between Epolight concentration

and pressure generation. The corresponding −6 dB bandwidth was measured at up

to 31 MHz (Table 3.5, Fig. 3.13).

5A 10A 15A
Loss [%] 15.2±0.7 13.0±0.6 10.3±0.2

5D 10D 15D
Loss [%] 20.1±0.3 16.2±0.3 12.5±0.3

Table 3.6: Normalised pressure loss of AiO and DD Epolight composite coatings using a
20 µJ incident pulse energy at a transmitter-receiver distance of 1.5 mm over a
period of an hour.



3.4. Study II: Optimising of Manufacturing Method for Dichromacity 100

The photostability trend here shows that, for both manufacturing methods, con-

centration of the optical absorber is inversely proportional to the pressure loss. The

DD coatings experienced a marginally larger pressure loss than the AiO coatings.

The lowest loss was observed in 15A (ca. 10%), while the highest loss occurred in

5D (ca. 20%).

3.4.1.3 Discussion

The best performing composite here was 15D, both in terms of optical absorption at

the US generating wavelength and the corresponding acoustic profile. Of particular

note was the drastic increase in bandwidth shown by the DD composites in com-

parison with the AiO composites (Table 3.5). As the optical pulse length remains

constant, this difference in bandwidth is likely due to the difference in absorption

path length [89] (see Section 2.2.4). The DD method creates a bilayer compos-

ite, meaning that the optical absorber sits against the distal face of the fibre, thus

decreasing the heating time. However, a thin coating, whilst exhibiting a broad

bandwidth, is also more susceptible to heat damage (Eq. 2.8). This is demonstrated

by the DD composites; a broader bandwidth was generated, but a slightly lower

photostability than the AiO method was exhibited.

The photostability results also showed that pressure loss increased as the con-

centration of Epolight decreased. This effect is likely due to the impact of the

thickness of the optical absorber within the composite coating on photobleaching.

Photobleaching occurs when the molecules are excited from the singlet state to the

triplet state but are unable to fluoresce [182]. The amount of bleaching can be

controlled by reducing incident intensity, increasing the absorber concentration, or

reducing incident frequency [183]. With lower concentrations, as particles near the

surface photobleach under laser pulses, a greater proportion of light passes through

rather than being absorbed. In contrast, with higher concentrations, photobleaching

at the surface is compensated by a denser agglomeration of particles deeper within

the composite. This is supported by both the optical and acoustic behaviour of the

composites: lower concentrations demonstrate poorer absorption and lower peak-

to-peak pressure (Table 3.5). This could also provide an explanation for the differ-
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ence between AiO and DD composites; since the dye is distributed throughout the

PDMS matrix in an AiO composite, laser incidence and therefore photobleaching

would occur gradually throughout the volume, leading to a less noticeable perfor-

mance loss. In comparison, the absorber in a DD composite is confined to a single

layer, so laser incidence and photobleaching would be more concentrated in that

layer, potentially leading to a sharper performance loss than the AiO counterpart.

An interesting observation from the photostability measurements is the appar-

ent recovery of the composites. A pressure loss of just 10% would negatively impact

the SNR of an imaging scan. However, after each fibre sample underwent photosta-

bility testing, the acoustic spectra in subsequent tests returned to their initial values.

Additionally, the probe used in Chapter 4, which utilised an Epolight-PDMS com-

posite coating for over a year, compiling many hours of imaging time, theoretically

should have experienced complete degradation of the coating. Instead, the pressure

generated remained stable until it suddenly degraded very quickly after ca. one year

of use. This behaviour is likely due to the number of excitation cycles required for

full bleaching. This is defined approximately as:

li f etime[s] = I0tC (3.7)

where I is the incident intensity, t is the exposure time, and C is the number of

excitation-relaxation cycles that the molecule is capable of [182]. Theoretically,

each cycle has an equal probability of causing photobleaching given a constant en-

vironment, but dyes that are considered photostable can, by definition, withstand a

larger number of cycles. This combination of recovery and sudden degradation af-

ter a year of use suggests that photobleaching is not occurring during the hour-long

tests. Instead, the observed pressure loss is more likely due to experimental errors.

As noted in Section 3.3.3.2, the hydrophone itself may contribute to inaccuracies,

given the uncertainty introduced by its uncalibrated state. Additional sources of

error could include movement of the transmitter or hydrophone during exposure,

heating of the hydrophone, or fluctuations in light source intensity. The behaviour

of Epolight dyes across the concentrations and manufacturing methods implied that



3.4. Study II: Optimising of Manufacturing Method for Dichromacity 102

the lifetime of Epolight is sufficient for application in minimally invasive imaging,

particularly in scans that require ≤ 1 hour to acquire.

The most promising optical spectra for multi-modal imaging was shown by

15D with a transmission of 75% in the NIR range. Indeed, all DD composites

exhibited a higher transmission in the NIR range than their AiO counterparts. Multi-

modal imaging requires carefully designed optical profiles, with high absorption (≥

80%) at the designated US wavelength and low absorption at other wavelengths [3].

It follows, therefore, that the designated transmission windows should transmit ≥

80% of the incident light. As stated in Table 1.1, the optimal excitation wavelengths

for complementary endogenous fluorescence GI imaging is ca. 400 nm for targeting

porphyrins and ca. 350 nm for targeting collagen III. Despite the optical density

profile of Epolight showing ca. 90% transmission at these wavelengths, this is

not exhibited by the optical spectra of any of the composites. Instead, a promising

secondary modality is using exogenous fluorescence imaging, such as Indium-based

fluorescence, which has an excitation wavelength of 1650 nm [4]. However, the

transmission of 75% shown by 15D is not sufficient for this imaging method.

It is interesting to note that both 15A and 15D demonstrate differing absorp-

tion profiles than either of the 10 or 5 mg coatings. The sample size, as well as the

consistent variation in generated pressures, implies that this is unlikely to be due

to a fabrication error. This behaviour requires further investigation but is likely to

be related to the interaction between the dye and the xylene solvent. Alternatively,

this could be related to the saturation point of the xylene, meaning that a propor-

tion of the dye molecules are not dissolved and therefore following an absorption

behaviour more similar to that of the manufacturers optical density (Fig 3.1). This

is supported by the pressure generated by the transmitters; for both AiO and DD

composites, the variation in the maximum pressure reported by any concentration

overlaps with other concentrations (Table 3.5). However, this variation requires

further investigation.
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3.4.2 Impact of Sonication

A key factor in the reliable manufacturing of US generation coatings is the homo-

geneity of the composite. The previous studies detailed in this chapter have shown

significant variations in both optical and acoustic spectra, especially in the pressure

generated, where the differences are substantial enough to overlap with other con-

centrations. Here, the impact of sonication on composite homogeneity is assessed.

Sonochemistry is the enhancement of chemical reactions using US, almost ex-

clusively in liquids [184]. Here, kinetic energy is introduced to the solution through

acoustic cavitation: the formation, growth, and implosive collapse of bubbles in a

liquid [185]. This has been used previously to dissolve organic compounds in water

with great success [186], so could theoretically be used to aid in the dissolving of

agglomerations of dye in the composite coatings here.

3.4.2.1 Fabrication

Here, 12 batches of composites were fabricated: three batches each of 5A, 5D,

10A and 10D. Of these, one batch from each composite was not sonicated, one

was sonicated for 20 s at 120 W and 20 kHz, and one was sonicated twice for 10 s

at 120 W and 20 kHz (Fisherbrand Sonic Dismembrator, Fisher Scientific, USA).

Only the Epolight-xylene solution was sonicated in the case of the DD composites.

3.4.2.2 Results

Sonic. Param. 5A 5D 10A 10D

0 s
@1064 nm [%] 86±2 59±7 91±2 76±4
Pressure [MPa] 1.03±0.13 0.62±0.23 0.92±0.17 1.01±0.45

Bandwidth [MHz] 20.7±3.3 29.3±3.2 20.5±2.3 29.2±2.8

20 s
@1064 nm [%] 78±9 61±3 88±7 80±3
Pressure [MPa] 0.88±0.33 0.81±0.13 0.98±0.20 1.10±0.25

Bandwidth [MHz] 14.6±3.5 30.5±3.0 15.0±3.2 29.8±2.9

10 s x2
@1064 nm [%] 82±7 62±2 88±5 79±3
Pressure [MPa] 0.89±0.25 0.82±0.15 0.92±0.19 1.08±0.22

Bandwidth [MHz] 15.8±2.8 30.8±3.2 15.5±2.9 30.2±2.5

Table 3.7: Average absorption percentage at 1064 nm, peak-to-peak pressure, and corre-
sponding bandwidth of both hand-mixed, sonicated and twice-sonicated Epo-
light composites of both AiO and DD manufacturing at concentrations of 5 mg
and 10 mg.
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3.4.2.3 Discussion

The primary concern with using sonication here was the premature curing of the

PDMS. As shown in Section 2.2.4, the thickness of the coating directly impacts

the potential bandwidth generation. By partially curing the PDMS prematurely,

the viscosity of the solution increases, which affects the thickness of the resulting

coating (see Section 3.2.1.1). This is demonstrated by the bandwidths given by the

AiO coatings that underwent sonication; the bandwidth of the manually mixed AiO

coating was ca. 20 MHz, while the sonicated AiO coatings showed bandwidths of

ca. 15 MHz. The thicker coatings caused by a higher viscosity is likely to attenuate

more of the laser incidence, as well as having a larger thermal diffusion distance,

therefore emitting a narrow US bandwidth [89]. The second sonication method

involved a shorter sonication duration with a rest period in between to minimise

the potential curing of the PDMS. However, the bandwidths observed were similar

enough to those from the first sonication method to suggest that curing was still

occurring.

The peak-to-peak pressures of the sonicated AiO coatings were also lower than

the manually mixed counterparts. This is also likely due to the overall thickness of

the coating. However, this decrease was less noticeable; indeed, the measured pres-

sures of the sonicated coatings were well within the variance shown by the manually

mixed coatings. Additionally, the optical absorption was sufficiently similar across

the AiO coatings to imply that sonication had no discernible impact. However, the

variance for both the optical absorption and the peak-to-peak pressure increased for

the sonicated coatings. This is, again, likely due to partial curing; the use of a probe

sonicator likely increases the viscosity of the solution in direct contact with the

probe, while having less impact on the outer edges of the test tube. This would cre-

ate variation within the batch of dip-coated probes. It was noted in Section 3.3 that

the relationship between concentration and factors like optical spectra and acoustic

pressure was not linear; it was theorised that this was due to saturation of the dye

within the solution. However, the absorption and acoustic pressure here fits a linear

correlation when considered with the data from 3.4. This implies that, while the so-
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lution had not reached saturation, a higher concentration was less easy to disperse,

and agglomerations were more likely. Sonication, while creating a thicker coating,

does seem to improve the dispersion of the dye within the solution.

The sonication had a positive impact on the DD composites, both in terms

of the measured optical and acoustic parameters, and the corresponding variance.

Only the bandwidth appeared unaffected; this was expected as no sonication of the

PDMS was carried out. However, the improvement shown in optical absorption and

peak-to-peak pressure was within the variance of the manually mixed composites

for both 5D and 10D. However, the variance reduced by ca. 50%. This is likely due

to an improvement in the homogeneity and path length of the absorption layer of

the bilayer composite.

It can be understood that, in general, sonication does not necessarily signifi-

cantly improve the overall properties of the DD composite, but the improvement in

variance given by the sonicated solutions in comparison with the manually mixed

solutions indicates that sonication does improve the manufacturing process. It was

concluded to continue the use of sonication in further studies using DD composites.

3.5 Study III: B-Mode Ultrasound Imaging
This study is based on work published in [5]. Here, a 15D Epolight-PDMS trans-

mitter is compared with a previously used rGO-PDMS [175] (Table 3.1: rGO) in

terms of optical and acoustic spectra, as well as use in B-mode imaging of both a

tungsten wire phantom and ex vivo swine aorta tissue.

3.5.1 Methods

3.5.1.1 Characterisation

The coated fibres were examined visually using a stereo-microscope (Fig. 3.14).

Subsequently, the optical absorption was measured for wavelengths of 400 -

1800 nm (Section 3.2.2.1), followed by acoustic characterisation (Section 3.2.2.2).

Here, the laser had a pulse energy of 20 µJ, corresponding to an incident fluence

of 15.9 mJ/cm2 on the composite coating. The generated US was measured at a

distance of 1.5 mm from the coating using a 200 µm needle hydrophone (Precision
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Acoustics, UK) with a calibrated range 1−30 MHz.

Figure 3.14: a) Stereo-microscope image of distal face of Epolight-PDMS transmitter i)
with through-illumination and ii) unlit. Scale bar: 400 µm. b) Distal face of
rGO-PDMS transmitter i) with through illumination and ii) unlit.

3.5.1.2 B-Mode Imaging

Both the rGO and 15D Epolight transmitters were combined with a plano-concave

microresonator to create a fibre-optic OpUS probe (Section 3.2.3.1). The trans-

mitters were subjected to a laser pulse energy of 25 µJ. This probe was used for

acquiring B-mode images of both a tungsten wire phantom (Fig. 3.6) and ex vivo

swine aorta tissue (Fig. 3.7). The images of the wire phantom were analysed for

both SNR and resolutions over a range of depths and A-line spacings.

3.5.2 Results

3.5.2.1 Characterisation

Figure 3.15: Optical absorption spectra of Epolight-PDMS 15D (red line) and rGO-PDMS
(black line).
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The microscope images were examined for coating uniformity and thickness

(Fig. 3.14a-b). Fibres with excessively thick coating layers (> 0.15 mm) or visible

agglomerations of optical absorber were eliminated prior to characterisation.

The rGO and Epolight 15D exhibited different optical absorption profiles

(Fig. 3.14c). The Epolight composite exhibited an optical absorption peak of ca.

95% at ca. 900−1100 nm while demonstrating < 30% absorption at wavelengths

> 1100 nm and ca. 50% absorption at wavelengths < 900 nm. The rGO com-

posite, in comparison, exhibited a broadband absorption of ca. 90%± 5% at all

wavelengths.

The Epolight-PDMS 15D composite exhibited peak-to-peak US pressure of

1.7 MPa (Fig. 3.16a)i)) with corresponding −6 dB US bandwidths 35 MHz

(Fig. 3.16b)). In comparison, the rGO-PDMS composite generated US pressures

of 1.3 MPa (Fig. 3.16a)ii)) with a bandwidth of 32 MHz (Fig. 3.16b).

Figure 3.16: a) Transmitted ultrasound time-series measured at 1.5 mm for (i) Epolight-
PDMS and (ii) rGO-PDMS coatings. b) Corresponding ultrasound power
spectrum.
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Figure 3.17: B-mode optical ultrasound images of custom 27 µm resolution phantom using
a FP hydrophone in conjunction with a) Epolight-PDMS transmitter and b)
rGO-PDMS transmitter. c) SNR measurements over depth. d) Axial and e)
lateral ultrasound resolutions for the Epolight-PDMS transmitter. f) Axial and
g) lateral ultrasound resolutions for the rGO-PDMS transmitter.

3.5.2.2 Resolution Study

All phantom PSF’s were visible in the US images acquired by both the Epolight-

PDMS and rGO-PDMS transmitters (Fig. 3.17a),b)). The SNR was highest for the

tungsten wires closest to the probe (Epolight 15D: 40 dB, rGO: 38 dB). The contrast
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of the PSF decreased with depth by ca. 2 dB/mm (Fig. 3.17c)).

It was found that decreasing the A-line acquisition step-size improved the res-

olution. In particular, the lateral resolution given by the Epolight-PDMS transmitter

improved from 200 µm to 60 µm at a depth of 4 mm as the spacing was reduced from

200 µm to 50 µm (Fig. 3.17e)). This relationship was also observed in the lateral

resolution given by the rGO-PDMS transmitter at decreasing acquisition step-size.

For all images, the lateral resolution deteriorated with depth (Fig. 3.17e),g)).

The best resolution was found at 4 mm (Epolight-PDMS: 60 µm, rGO-PDMS:

75 µm), while the larger depths of 25 mm showed poorer resolutions (Epolight-

PDMS: 120 µm, rGO-PDMS: 110 µm) at a maintained A-line spacing of 25 µm.

The axial resolution remained relatively constant at all depths and A-line step-

sizes (50±8 µm) (Fig. 3.17d),f)).

Figure 3.18: B-mode optical ultrasound images of ex vivo swine aorta tissue acquired using
a) Epolight-PDMS transmitters and b) rGO-PDMS transmitters. Right: dB
scale bar. Part a) labels showing: inner edge of tissue (pink), outer edge of
tissue (yellow), oesophageal mucosa (green), submucosa with oesophageal
glands (blue) and muscularis propria (purple).

3.5.2.3 Swine Aorta

The aorta tissue surface was visible in the OpUS images throughout acquisition. For

ex vivo images, the vessel was well-resolved and the cork mount behind the vessel

could be visualised. For both the Epolight-PDMS (Fig. 3.18a)) and rGO-PDMS

(Fig. 3.18b)) composites, three layers were visible in the vessel wall in the recon-

structed OpUS images. These were thought to correspond to the intima (represented

by a bright region indicated by a green arrow), the media (indicated by a blue arrow)

and adventitia (indicated by a purple arrow). Further visible features included the

side branches (yellow arrows) and cork mount (pink arrow). The Epolight-PDMS
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transmitter generated a peak SNR ca. 35 dB. The rGO-PDMS transmitter, in com-

parison, demonstrated a peak SNR ca. 25 dB.

3.5.3 Discussion

The peak-to-peak pressure and bandwidth of the two composites studied here are

relatively similar: pressures in excess of 1.3 MPa and corresponding −6 dB band-

widths ca. 35 MHz. The small difference in the generated US pressure is likely

due to the difference in the optical spectra; Epolight absorbed 95% at the incident

wavelength whereas rGO absorbed 89%.

3.5.3.1 Resolution

As with conventional US imaging, axial resolution is typically limited by the

bandwidth of the both the generated US and the US receiver [63]. Optical US

generation can achieve wide transmission bandwidths with the use of short laser

excitation pulses [187]. Since the brevity of the excitation pulse is not altered

through the change in acquisition step-size, it would be expected that the axial res-

olution remains constant with change step-size. However, whilst a shorter pulse

length improves axial resolution, it typically reduces penetration depth due to the

higher attenuation of high-frequency US. This may explain the slight upward trend

in axial resolution observed with the rGO-PDMS transmitters (Fig. 3.17f) from

> 20 mm). In contrast, this effect was not observed with the Epolight-PDMS trans-

mitter (Fig. 3.17d)), likely due to its larger peak-to-peak pressure output, which

results in stronger signals at greater depths. This improved SNR enhances the sys-

tem’s ability to resolve details along the axial dimension. A similar upward trend

in axial resolution would likely occur for the Epolight-PDMS transmitter at a larger

depth.

Lateral resolution is dictated by the width of the US beam and the bandwidth

of the US [63], as well as the width of the synthetic aperture and element spac-

ing. The narrow aperture size of the US generating elements will lead to a diver-

gent beam which is optimal when image reconstruction is used and was consistent

between the two comparative transmitters, thus any variation in lateral resolution
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should be proportional to the variation in the bandwidth of the generated US. The

lateral resolution values are comparable to a typical commercial US device which

can achieve lateral resolutions of 100 µm depending on the bandwidth and fre-

quency of the device [63]. The quality of the lateral resolution was indicated to be

inversely proportional to the acquisition step-size. This compromise between reso-

lution and step-size is necessary to quantify prior to further pre-clinical studies to

minimise the computationally intensive reconstruction while allowing detailed im-

ages of large areas. Fig. 3.17e) and g) show a similar lateral resolution over depth at

25 and 50 µm step-sizes, thereby maintaining comparable resolution while halving

the collected data set.

3.5.3.2 Tissue

Ex vivo swine aorta tissue was imaged, showing peak SNR of 35 dB and clear dis-

tinction of tissue layers. These images exhibited a higher SNR than those obtained

with the rGO-PDMS transmitter, but were comparable in terms of the tissue layer

distinction and side branch identification. Accurate identification of tissue layers

would necessitate a histological study which was not performed. As such, the tissue

layers were identified from previous similar studies such as [177]. Detailed com-

parisons to histological analyses would be valuable to ascertain the detail quality

in the reconstructed images and therefore the future application of Epolight-PDMS

transmitters to medical imaging. In particular, concurrent histological studies and

OpUS images of tissues encountered in other clinical contexts that have previously

been studied with fluorescence or PA imaging, such as lung [188] or gastrointestinal

tissue [189], will be valuable in the assessment of the OpUS component of multi-

modal imaging using Epolight-PDMS transmitters.

3.6 Chapter Conclusions
This chapter demonstrates the fabrication of a composite comprising of an Epo-

light dye and PDMS host and compares it to a CV-PDMS composite, as well as

CV-AuNP-PDMS and rGO-PDMS composites. It was found that by reducing the

concentration of the Epolight dye, the optical absorption in the visible range and for



3.6. Chapter Conclusions 112

wavelengths > 1200 nm could be reduced whilst maintaining a relatively high opti-

cal absorption at 1064 nm for US generation. However, while the presence of these

optical absorption windows are promising for multi-modal imaging, the transmis-

sion fraction, particularly in the visible range, is not sufficient for fluorescence ex-

citation for any manufacturing method or concentration. However, the transmission

window in the mid-infrared range is promising for the generation of fluorescence

imaging using Indium-based contrast agents [4].

The US generated by the composites was comparable to that used in previous

studies for imaging [139, 179, 109]. All the Epolight composites fabricated out-

performed all three reference CV composites fabricated here, exhibiting maximum

peak-to-peak pressures of ca. 1.3 MPa and bandwidths of ca. 30 MHz for the 15D

composite. This is sufficient for both the high resolution imaging and the high pen-

etration depth as given in the requirements (Section 1.2). It should also be noted

that previous studies with CV composites have achieved higher pressures and band-

widths [3]. As expected, the optical absorption and peak-to-peak pressure decreases

with the concentration of the Epolight dye. The bandwidths remained relatively

constant, apart from a significant decrease shown by the 2.5A, which could have

been caused by the longer absorption length, leading to a wider temporal profile

in the generated US pulse. Additionally, the DD composites showed wider band-

widths than any AiO composites, which is likely due to the direct heating of the

optical absorber and a thinner PDMS overcoat created by the bilayer application.

Crucially, the photostability of the Epolight composites was measured and

compared to the CV composites, which have previously been used for ex vivo imag-

ing, but demonstrated poor photostability [3]. All of the Epolight composites had

acceptable photostability, with the pressure only dropping by ca. 10% over a pe-

riod of 1 hour, which is well within the expected experimental error, compared to a

68% drop for CV composites over the same period. These timescales are relevant

for translation of the devices to minimally invasive imaging contexts, where proce-

dures typically take > 1 hour. The results here demonstrate that composite coatings

comprising Epolight 9837 are promising for application in multi-modal all-optical
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US devices. Future work could consider other dyes with different wavelength selec-

tivities allowing for application-specific composites. This includes further work on

the CV composites used here for reference, including the impact of diffusion time

for the gold salt.

After both optical and acoustic characterisation, a 15D transmitter was used in

conjunction with a plano-concave microresonator for US imaging and compared to

previously-presented rGO-PDMS transmitters. A bench-top OpUS imaging setup

was used to acquire 2D images with resolutions as low as 75 µm laterally and 50 µm

axially. Tissue images were well-resolved with structures clearly visualised. The

comparable imaging parameters demonstrated by this system with both the previ-

ously presented transmitter and conventional piezoelectric US is indicative of the

potential of this composite material in an OpUS application.



Chapter 4

All-Optical Lateral Ultrasound

Probe for Rapid Image Acquisition

This chapter is based on work published in [36], and describes the development of

a novel US imaging methodology in tandem with a bespoke miniaturised US probe.

4.1 Introduction
OpUS generation is highly suited to guiding minimally invasive procedures [3, 139].

However, for applications such as GI tract imaging or lung tissue imaging, these

devices need to be modified to allow a view of the vessel wall, perpendicular to the

fibre axis. Previous research has shown proof of concept for a lateral probe [138]

but further development is required to optimise the imaging process and move the

system from benchtop to pre-clinical studies. Additionally, there is a need for a

rapid acquisition method: current OpUS acquisition methods use a step-by-step

raster acquisition process which is time-intensive [35].

The work in this chapter details an investigation into the development of an

OpUS transmitter with a lateral field-of-view. This was evaluated in comparison

with the forward-viewing transmitters detailed in Chapter 3, and studied in terms of

its suitability for minimally invasive imaging. The transmitter was combined with

an omnidirectional optical receiver and packaged within an US transparent sheath

with compatible dimensions for the working channel of a standard-of-care clinical

endoscope.
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Additionally, a rapid acquisition method was developed to acquire 2D B-mode

images with subsecond acquisition times. This was applied to resolution phantoms

and ex vivo tissue to assess the imaging capabilities.

4.2 Study I: Lateral Probe Development
Typically, a foward-viewing fibre like that used in Chapter 3 is cleaved perpendicu-

lar to the longitudinal axis, after which the flat distal surface of the fibre is coated in

a composite coating. The resulting US emission will therefore propagate along the

same axis on which the fibre is placed. In order to create a side-viewing fibre, the

transmitter had to be modified to transmit signal laterally.

However, this requirement creates a range of difficulties in the manufacturing

process. Firstly, the optical fibres are brittle and fragile, so are difficult to adapt.

Secondly, lateral emission requires a smooth surface for reflection of the laser pulse

to the outer edge of the fibre. Finally, the curved outer edge of the fibre is not

conducive to either coating the emission surface or narrowing the focus area of the

beam. As such, the fibre was tipped with a square capillary in order to protect

the fibre tip, allow for a larger reflection surface for the laser pulse, and create a

flat emission surface on the lateral face. This capillary has several uses: firstly,

the 45°angle of an already minuscule fibre is highly fragile, so the capillary adds

structural protection. Secondly, by aligning one of the flat faces of the capillary

with the reflected light emission, the directivity of the resulting US beam can be

more easily determined and controlled. The resulting beam divergence is based on

the geometry of the transmitting surface; a convex surface creates a larger beam

divergence, while a planar or concave surface creates a more focused beam [89].

Additionally, the temporal profile of the wave is proportional to the pulse intensity

for a planar source, but proportional to only half the intensity for a cylindrical source

[89].

4.2.1 Transmitter Fabrication

The fibres used here were SMA connectorised silica core/silica cladding optical

fibres with a 400 µm diameter and a polyimide buffer coating (FG400LEP, Thorlabs,
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Figure 4.1: OpUS transmitter fabrication process; a) stripped and cleaved optical fibre, b)
optical fibre inserted in square glass capillary, c) optical fibre and capillary
polished to a 45 °angle, d) silver mirror applied to polished surface, e) OpUS-
generating composite coating applied to capillary surface.

Figure 4.2: Stereo-microscope images of a) side-view and b) bottom view of rGO-PDMS
lateral transmitter. Scale bar: 0.5 mm.

UK). The fabrication of the transmitter at the distal end of the fibre in shown in Fig.

4.1.

Briefly, the polyimide layer was carbonised and stripped from the fibre, fol-

lowed by perpendicular cleaving as normal (Fig. 4.1a)). Next, the stripped fibre

was tipped with a square capillary (OD: 0.5 x 0.5 mm, wall thickness: 0.1 mm, Vit-

rocom Hollow Square 8250− 100, CM Scientific, Germany) such that the cleaved

face of the fibre was aligned with the end of the capillary (Fig. 4.1b)). The square

glass capillaries were cut to size (ca. 1 cm length) and fastened in place using clear

LED-cured epoxy (Norland Optical Adhesive 1665, Edmund Optics, USA).

After this, the flat distal face was polished to a 45°angle (Trig Bare Fibre Pol-

isher, Krell Technologies, USA). The fibre was clamped at a 45° angle to the polish-

ing surface, and, using a 9 µm lapping paper, the bulk of the material was removed

to create a 45° surface (Fig. 4.1c)). Subsequently, this surface was polished using

both 3 µm and 0.3 µm lapping sheets, and the surface inspected with the 80x mag-

nification tool built into the polisher. The fibre tips were then gently cleaned with

lint free paper and isopropyl to remove any remaining material.
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The next step was to apply silver mirror paint (RS PRO Conductive Lacquer,

RS PRO, UK) to the 45°surface (Fig. 4.1d), Fig. 4.2). The purpose of the coating

on the 45° face is to reflect the pulsed light towards the longitudinal surface of the

fibre.

Finally, the US-generating composite was applied to the capillary surface (Fig.

4.1e)). Here, two composites were used for direct comparison: Epolight-PDMS

15D and rGO-PDMS, both described previously (see Section 3.2.1.1). The fabrica-

tion of the composites is described briefly as follows:

• Epolight-PDMS. 15 mg of Epolight 9837 (Epolin, USA) was sonicated for

20 s in 0.5 ml of xylene. This was deposited on the capillary surface to

form a bilayer composite. Subsequently, an overcoat of PDMS (MED-1000,

Polymer Systems Technology, UK) thinned with xylene (ratio of 0.25 g to

0.5 ml) was applied to the Epolight coating to create a bilayer composite.

• rGO-PDMS. 500 mg of rGO functionalised with octadecylamine (805084,

Sigma Aldrich, UK) was sonicated for 20 s in 2.5 ml of xylene. This was

deposited on the capillary surface opposite the silver mirror and left to dry for

ca. 12 hours. Subsequently, an overcoat of PDMS thinned with xylene was

applied to the rGO coating to create a bilayer composite.

4.2.1.1 Transmitter Characterisation

Here, both Epolight-PDMS and rGO-PDMS composites were characterised in the

lateral configuration, alongside their forward-viewing counterparts for direct com-

parison.

Methods

The US pressure time-series and bandwidth were measured at a single point

using the methodology outlined in Section 3.2.2.2 using a pulse energy of 20 µJ.

Briefly, the study fibre was mounted on a stationary clamp stand directly oppo-

site a 200 µm needle hydrophone, which was centred on the US beam and set to

a transmitter-receiver distance of 1.5 mm. For the laterally-configured fibres, the

study fibre was rotated to face the emission surface of the capillary towards to hy-
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Epolight-PDMS rGO-PDMS
Pressure [MPa] Bandwidth [MHz] Pressure [MPa] Bandwidth [MHz]

Forward 1.70 34.9 1.31 32.3

Lateral 1.02 26.5 0.72 18.5

Table 4.1: Comparative ultrasound peak-to-peak pressure and corresponding −6dB band-
width for rGO-PDMS and Epolight-PDMS coatings in both lateral- and forward-
viewing configurations.

Figure 4.3: Ultrasound time-series measured at 1.5 mm from the emitting face for compos-
ite coatings of Epolight-PDMS (black) and rGO-PDMS (blue).

drophone. The received US pressure was measured, and the bandwidth obtained by

applying a Fourier transform and the hydrophone calibration to the acquired time-

series.

Results

The resulting time-series and power spectra are shown in Fig. 4.3 and Fig.

Figure 4.4: Ultrasound power spectra measured at 1.5 mm from the emitting face for com-
posite coatings of Epolight-PDMS (black) and rGO-PDMS (blue).
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4.4. The time-series shown in Fig. 4.3 are both bipolar in shape. The peak-to-

peak pressures were 1.02 and 0.72 MPa for the Epolight-PDMS and rGO-PDMS

composites respectively.

The corresponding power spectra were 26.5 and 18.5 MHz for the Epolight-

PDMS and rGO-PDMS composites respectively. The pressure and bandwidth

were smaller for both composites in the lateral configuration than in their forward

viewing-counterparts (Table 4.1).

Discussion

The US generated by the modified lateral-viewing transmitters was comparable

to that of the forward-viewing transmitters (Table 4.1). Indeed, both lateral transmit-

ters produced pressures and bandwidths that exceeded those of a lateral transmitter

demonstrated previously [138]. The Epolight power began to fall around 30 MHz

which is well within the calibration range of the hydrophone, suggesting that the

detector is not limiting the measured bandwidth. However, the pressures and band-

widths were slightly lower for the lateral transmitters. This difference is likely due

to the dip-coating process; here, the bilayer composite was applied by dipping only

the emitting face of the transmitter into the solution, as opposed to immersing the

entire fibre tip as done for the forward-viewing transmitters (Fig 3.2). This could

have inadvertently influenced factors such as the concentration of the solution the

emission surface is exposed to and the withdrawal speed; these have been deter-

mined to be key factors in the quality of the deposited layers [173, 174].

Alternatively, the lower pressures and bandwidths could be due to loss of flu-

ence intensity through inefficient reflection by the mirror-coated surface. The sil-

ver mirror paint used here reported reflection of ≤ 95% of light for wavelengths

≥ 400 nm [190]. This assumes a uniform polished surface, which, while great care

was taken with polishing the 45° surface, was not guaranteed. As such, while the

US generated here was sufficient for US imaging, further development of a more

efficient transmitter is necessary.
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4.2.1.2 Beam Divergence

As stated in Section 2.2.3, a wider beam divergence will reduce the focus of the

emission thereby creating pressure loss through beam spreading and subsequently

reducing the available penetration depth [84]. Forward-viewing fibres optical fibres

of the same diameter have previously been reviewed [191], but the design of a side-

viewing probe will likely change the shape and focus of the emitted US. In order to

evaluate the FWHM area and the change in pressure over depth, a beam divergence

study was carried out.

Methods

Here, both Epolight-PDMS and rGO-PDMS transmitters in forward and lateral

configuration were assessed. First, the hydrophone was moved to a fixed distance

from the emitting face of the transmitter (1.5 mm) and centred on the maximum

US pressure, as with acoustic characterisation. Vertical and horizontal raster scans

consisting of 61 measurements were then acquired intersecting this point using the

motorised stages at an acquisition step size of 50 µm. This equated to a 9.3 mm2

grid. The peak pressure p was extrapolated backwards for each position, resulting

in an array of cross-sections of the US beam. The size of the FWHM cross section

was extrapolated backwards to give the area of the beam over distance.

Results

Distance [mm] 0 5 10 15

FW
H

M
[m

m
2 ]

Epolight
F 0.4 3.0 7.7 9.3
L 0.4 3.3 7.5 9.3

rGO
F 0.4 3.1 6.9 9.3
L 0.4 3.2 7.5 9.3

Pr
es

su
re

[M
Pa

]

Epolight
F 1.5 0.6 0.3 0.3
L 1.2 0.6 0.5 0.5

rGO
F 1.2 0.4 0.3 0.2
L 1.0 0.5 0.4 0.4

Table 4.2: Beam divergence of Epolight-PDMS and rGO-PDMS composites in both the
forward- (F) and lateral-viewing (L) configurations.



4.2. Study I: Lateral Probe Development 121

Figure 4.5: Peak ultrasound pressures (orange) and FWHM areas (blue) at distances from
the US emission surface for a rGO-PDMS composite coating in both the
forward- (solid line) and lateral-viewing (dashed line) configurations.

The beam divergence of the rGO-PDMS lateral transmitter was shown to

spread at approximately the same rate as the forward-viewing counterpart (Fig. 4.5).

Both transmitters reached a maximum FWHM of ca. 9.3 mm2. The initial spot area

for all transmitters was 0.4 mm2 which corresponds to the size of the emission sur-

face.

However, the pressure loss appears to be greater in the forward-viewing fi-

bre, with a difference of 0.2 MPa shown at 15 mm in comparison with the lateral-

viewing transmitter. This was also demonstrated in the Epolight-PDMS coating,

with a pressure 0.5 MPa and 0.3 MPa measured at 15 mm for the lateral- and

forward-viewing transmitters respectively (Table 4.2).

Discussion

The initial beam spreading is equal to the size of the emission surface for the

forward viewing fibre. Technically, the area coated in the US-generating composite

for the lateral-viewing transmitter is ca. 2.5 mm2. However, the spot area of the

incident laser light theoretically corresponds to the size and shape of the optical

fibre within the capillary. This is confirmed by the area of the beam given at 0 mm

for both lateral transmitters.

Colchester et al. [175] demonstrated a highly directional forward-viewing US
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transmitter; the beam width at 16 mm was found to be 2.1 mm diameter, equating to

an area of 3.46 mm2. However, the fibre used had a diameter of 640 µm; as outlined

in Section 2.2.3, a larger aperture size equates to more directional US generation.

Colchester et al. [175] also presented a simulation model to show theoretical beam

divergence for a range of fibre diameters. This calculated a FWHM area of ca.

11 mm2 at 16 mm for a 400 µm diameter optical fibre. Here, both forward- and

lateral-viewing transmitters demonstrated a maximum FWHM of 9.3 mm2. This

equates to the acquired grid size, implying that the FWHM could extend beyond

this size. However, the general trend here agrees with the simulated results.

The comparable beam divergence with the forward-viewing transmitter

demonstrated in Chapter 3 implies that the lateral-viewing transmitter is suitable for

invasive imaging. While a highly directional probe would be necessary for extreme

imaging penetration depths, continuous acquisition depends on whole-field insoni-

fication, making a larger beam divergence more desirable. However, this must not

be at the expense of available penetration depth. The imaging studies in Chapter 3

demonstrate that the forward-viewing probe achieves good resolution and SNR at

imaging depths of ≤ 30 mm. As such, it can be concluded that the beam divergence

and pressure loss here is sufficient for high-resolution US imaging in the intended

context.

4.2.2 Probe Fabrication

In order to fabricate a miniaturised probe for pulse-echo imaging, the transmitters

require integration into a singular transmit-receive imaging system. The two main

components of an OpUS imaging system are the transmitter and the receiver.

4.2.2.1 EBUS Catheter

As described in Section 1.2, an important element of the probe design is ease of

medical translation, including hardware integration for current systems. To this

end, the transmitter and receiver were built into Endobronchial Ultrasound (EBUS)

sheaths (K201 EBUS Sheath, Olympus, US), which are specifically developed to be

used in the working channel of an endoscope, meaning that the diameter is suitable
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for medical use and the sheaths themselves are considered medically safe.

The EBUS sheaths acquired consisted of 3 parts:

• An ultrasonically transparent guide sheath.

• Forceps.

• A protective torque coil placed over the forceps.

While the forceps were not used in the optical probe, the other two parts were

considerably useful. The cable for the forceps was cut and the forceps removed,

meaning that the torque coil (which fits perfectly inside the guide sheath) was able

to be used as protection for the optical fibres.

4.2.2.2 Integration of Probe into EBUS Catheter

Figure 4.6: Schematic of lateral probe encased in an ultrasonically-transparent sheath in-
side the working channel of a mock endoscope.

Here, the receiver used was the planoconcave microresonators developed by

Dr. Zhang (Dept. of Medical Physics, UCL). These receivers have been described

previously [136]. Briefly, a plano-concave microresonator was fabricated on the tip

of a single-mode optical fibre (SMF-28, Thorlabs, UK) by depositing a dieletric mir-

ror on the distal face of the fibre prior to dip-coating the distal end into an optically

transparent polymer, and finally applying a second mirror on the outer surface of the

polymer. These are well suited for lateral use as they have highly omni-directional
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sensitivity, meaning no modification is required for integration into a lateral device

[136].

Firstly, the transmitter was cleaved at the proximal end and backthreaded

through the protective torque coil (diameter: 600 µm) until ca. 1 cm of the dis-

tal end is visible. The transmitter then required SMA connectorising once in place.

This ‘fixes’ the transmitter within the torque coil, as the capillary prevents the trans-

mitter from sliding through one end, while the SMA connector holds the other end.

The diameter of the torque coil was too narrow for the capillary to fit through.

Secondly, the hydrophone was then gently forward-threaded through the torque

coil alongside the transmitter fibre until ca. 1 cm was visible at the distal end. The

hydrophone and transmitter are aligned such that the tip of the hydrophone was

adjacent to the emitting face of the capillary (Fig. 4.6).

Subsequently, the two elements were fixed in place at both the distal and prox-

imal end of the torque coil by using a soldering iron to apply sealing wax, taking

care to ensure that no heat was applied directly to either fibre (Fig. 4.6). The proxi-

Figure 4.7: Structural support at the distal end of the probe consisting of two layers of heat
shrink (red arrow) and strapped torque coil (black arrow).

mal end of the torque coil was then the most fragile element of the probe, especially

with the weight of the connector element of the hydrophone. This was reinforced

using two layers of heat shrink, and further strengthened by an additional piece of

torque coil strapped across the connector element (Fig. 4.7).

A Luer side arm adaptor was slid over the torque coil to meet the structural
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support element and secured in place using the strainer clamp. Finally, the US-

transparent EBUS sheath was threaded over the probe and the white plastic tubing

at the end of the sheath (Fig. 4.7) was clamped into the Luer side arm.

Mock Endoscope

A mock endoscope was fabricated out of steel hypotubing using the same di-

ameters as standard clinical GI endoscopes: a 5 mm outer diameter with a 2 mm

working channel [192]. The OpUS catheter was inserted through the working chan-

nel of the mock endoscope for imaging (Fig. 4.8). This was important to evaluate

the handling, robustness and mechanical flexibility of the probe by replicating a

clinical setting as closely as possible.

Figure 4.8: Mock endoscope fabricated for use in conjunction with OpUS probe.

4.3 Study II: Comparison of Raster and Continuous

Acquisition Imaging
The imaging methodology in Chapter 3 involved a step-by-step raster acquisition

of images. In this process, the motor moves the probe a set distance, pauses to

acquire an A-line, and then repeats. The concatenation of these A-lines creates

the final 2D image. However, this method is highly time-intensive, with each scan

taking up to an hour depending on the image size. One potential improvement

would be the use of a faster motor with raster scanning capabilities to accelerate the

process. However, the step-by-step acquisition approach remains inherently slower

than a continuous acquisition method due to the repeated stopping and starting of
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the motor at each scanning point. A continuous acquisition approach, such as using

a high-speed translation stage, could significantly reduce scan times by eliminating

mechanical delays and enabling real-time data collection. Additionally, optimising

the synchronisation between the laser, transducer, and motion system could further

enhance efficiency while maintaining imaging precision.

In order to meet the acquisition times discussed in Section 1.2, a significant re-

duction in scan time is necessary. This section introduces a novel imaging method-

ology developed to achieve this goal. Here, A-lines are acquired at set intervals

under continuous motion. This was initially assessed using speeds ≤ 5 mm/s, and

compared with images on a tungsten wire phantom and ex vivo swine aorta acquired

by a forward-viewing probe using both the typical raster scan and continuous ac-

quisition. This study was carried out using the 15D Epolight-PDMS composite

coating.

4.3.1 Methods

4.3.1.1 Data Acquisition

Forward-viewing Probe

The configuration of the forward-viewing probe was outlined in Section 3.5.

Briefly, the transmitters were combined with a plano-concave microresonator to

create a fibre-optic OpUS probe with a ‘top-down’ view of the imaging target (Fig.

3.6). This probe was clamped to a motorised stage (MTS50/M-Z8, Thorlabs, UK)

controlled by a motor controller (TDC001 T-Cube DC, Thorlabs, UK). Imaging was

performed by translating the probe horizontally with respect to the target. Images

were acquired using both a raster scanning approach and a continuous motion ap-

proach with speeds of 1− 5 mm/s. A-lines were acquired at a spacing of 25 µm.

The acquisition rate was varied to maintain the the A-line spacing depending on the

translation velocity; for example, at a velocity of 5 mm/s, a repetition rate of 200 Hz

was used. Each A-line consisted of 4000 sensor data points corresponding to a total

imaging depth of 30 mm.

Lateral-viewing Probe

The proximal end of the probe outlined in Section 4.2 was clamped to a
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Figure 4.9: System for all-optical lateral ultrasound imaging through fast pullback. a)
Imaging console comprising pulsed excitation light delivered to the transmis-
sion fibre and CW light delivered from a wavelength-tuneable laser to the
receiving fibre. b) Cutaway schematic of the fabricated side-viewing OpUS
probe comprising the plano-concave microresonator and side-viewing optical
ultrasound transmitter. c) Schematic of the side-viewing optical ultrasound
transducer. Ultrasound transmitting fibre (orange) and omnidirectional receiver
(green) inside the probe, including OpUS probe submerged in the saline water
bath and directed at the wire phantom imaging target.

motorised stage (MTS50/M-Z8, Thorlabs, UK) controlled by a motor controller

(TDC001 T-Cube DC, Thorlabs, UK) to provide motion (Fig. 4.9c)). The probe

was clamped such that the side arm adaptor and US transparent sheath were held

stationary while the torque coil with the optical fibres fixed inside was mounted on

the translation stage. This enabled the probe to be pulled back within the sheath,

whilst the outer sheath remained stationary. The sheath, along with the contained

US probe, was inserted into the mock endoscope and submerged in a water bath for

imaging, while saline was injected through the side-arm to provide US coupling.

To acquire US images, the probe was translated laterally in both a raster scanning

method and at a constant velocity within the sheath with respect to the imaging tar-

get. A-lines were acquired at a spacing of 25 µm. The acquisition rate was varied

to maintain the the A-line spacing depending on the translation velocity. Each A-

line consisted of 4000 sensor data points corresponding to a total imaging depth of

30 mm. The impact of larger A-line spacing was investigated by removing A-lines
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in post-processing.

4.3.1.2 Imaging Console

The imaging console was outlined in Section 3.2.3.2. Briefly, the transmitters were

coupled to the pulsed Nd:YAG laser for US generation (1064 nm, Elforlight, UK).

The plano-concave microresonator was interrogated with a continuous wave laser

(Tunics T100S-HP, Yenista Optics, France) with a tuning range of 1500−1630 nm

and a power of 4.5 mW as described in previous studies [140, 175]. The laser

was connected via a fibre optic circulator which allowed the reflected signal to be

detected with a photoreceiver, which was used to record the modulation of the re-

flection induced by the incident acoustic wave (Fig. 4.9a)).

4.3.1.3 Image Processing

The image processing was outlined in Section 3.2.3.4. Briefly, the acquired A-lines

were concatenated, followed by the application of a bandpass filter (Butterworth,

4th order, 1.5− 40 MHz). Subsequently, a cross-talk algorithm was applied to re-

move the US signals transmitter directly from the transmitter to the receiver, as

described previously [177]. Subsequently, the image was reconstructed using a k-

space method based on the fast-Fourier transform from the k-Wave toolbox [77].

Finally, the signal envelope was found using the absolute value of the Hilbert trans-

form, followed by a log transformation. PSF’s at two depths were chosen: one at

3.5 mm and one at 7 mm. The SNR was measured for these PSF’s, along with

the axial and lateral resolutions, for both raster scanning and imaging speeds of

1−5 mm/s at a set A-line acquisition spacing of 25 µm. Each scan was repeated 10

times to assess the deviation in image quality.

4.3.1.4 Imaging Targets

The imaging targets used here were described in Section 3.2.3.5. Briefly, imaging

was carried out using both a resolution phantom consisting of tungsten wires (OD:

27 µm) and ex vivo swine aorta. These were both submerged in a water bath for

imaging.
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4.3.2 Results

4.3.2.1 Resolution Phantom

Figure 4.10: Reconstructed OpUS images (A-line spacing of 25 µm) of the tungsten wire
resolution phantom acquired using lateral-viewing probe and a) raster acqui-
sition and b) 5 mm/s continuous acquisition.

The tungsten wire phantom appeared in the reconstructed images as a series of

PSF’s which were used to measure the resolution of the imaging system (Fig. 4.10).

The FWHM of the PSFs in the OpUS images were used to provide values for the

axial and lateral resolutions. Here, all PSF’s were visible in the images acquired

(Fig. 4.10).

The SNR and lateral resolution were slightly improved in the images obtained

using a forward-viewing configuration, regardless of the acquisition method. As

discussed in Section 3.5, both the SNR and lateral resolution worsened with depth,

while the axial resolution remained constant at ca. 50 µm (Table 4.3). The SNR

for the lower PSF was consistently poorer than that for the higher PSF, reaching a

maximum of 38 dB in the forward-viewing configuration and 27 dB for the lateral-

viewing configuration. This trend was also observed in the lateral resolution, which

was consistently better for the higher wire than for the lower wire. Nevertheless,

all parameters remained stable in the change of acquisition methodology, and the

values were comparable across different transmitter configurations (Table 4.3).
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Raster 1 3 5

Fo
rw

ar
d

SNR [dB]
Top 38±2 35±2 32±2 38±1

Bottom 25±3 21±2 26±3 26±2

Ax. [µm]
Top 50±3 55±4 50±3 51±3

Bottom 48±3 51±3 55±2 50±3

Lat. [µm]
Top 82±17 90±15 89±13 93±16

Bottom 120±16 110±21 129±13 125±13

L
at

er
al

SNR [dB]
Top 25±3 26±3 22±3 27±2

Bottom 18±2 20±2 21±3 19±2

Ax. [µm]
Top 55±3 60±4 57±3 60±3

Bottom 53±3 51±3 60±4 55±3

Lat. [µm]
Top 120±22 115±21 130±11 127±16

Bottom 210±27 189±21 204±26 215±24

Table 4.3: Image quality metrics for PSF target depths imaged with forward- and lateral-
viewing image configurations and both raster and continuous imaging (1 −
5 mm/s). Values presented as mean ± standard deviation, calculated from reso-
lution assessment of five repeated images.

Figure 4.11: B-mode OpUS images of ex vivo swine aorta tissue acquired using a lateral-
viewing probe and a) a raster acquisition and b) a 5 mm/s continuous acquisi-
tion.

4.3.2.2 Ex vivo Aorta Tissue

The aorta tissue surface was visible in the OpUS images through acquisition. For

both raster and continuous acquisition, three layers were visible in the vessel wall

in the reconstructed image. Both images showed a peak SNR of ca. 25 dB. The

SNR of the tissue seemed to remain unaffected by the speed of acquisition and the

configuration of the imaging probe.
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4.3.3 Discussion

The axial resolutions demonstrated here, regardless of target depth, acquisition

speed, or probe configuration, were consistent with previous OpUS devices such

as [138] or [35] who both reported axial resolutions of 50 µm. Similarly, a good

lateral resolution was achieved by all combinations here, with values as low as

110 µm. These values are comparable to previous OpUS probes [193, 177, 88], as

well as typical commercial piezoelectric US devices which can achieve resolutions

of 200 µm depending on the bandwidth and frequency of the device [63, 194, 195].

However, unlike the axial resolution, there is an inverse relationship demonstrated

between the depth and the lateral resolution. This relationship has been demon-

strated in Section 3.5, as well as previous OpUS studies [196, 177]. As outlined

in Section 2.2.3, the lateral resolution could be enhanced by increasing beam di-

vergence. However, the mechanical and US properties of such a modification must

be considered. A smaller aperture could increase the beam divergence, albeit at the

expense of penetration depth, but could increase the fragility of the transmitter tip,

making fabrication more challenging.

It is also of note that the on-axis positional accuracy of this motor is ±290 µm

which could significantly degrade the quality of the reconstructed image. In par-

ticular, this error may lead to a lateral resolution loss due to inconsistently spaced

A-lines, or introduce aliasing artefacts from spatial inconsistencies. To mitigate

this, the stage undergoes a ’homing’ procedure between scans, ensuring relative

consistency in positional errors. Since the motor operates via a lead screw mech-

anism, positional drift can accumulate without calibration. However, once homed,

the system is effectively recalibrated, achieving a movement accuracy of ±4 µm.

Nonetheless, a smaller transmitter could offer other advantages. While the

measured parameters appear to be independent of the acquisition speed in this con-

text, errors and artefacts may be introduced during pullback motion. Considering

Fig. 4.10, for example: increased noise in the uppermost 2 mm of the image ap-

peared in the image acquired under continuous motion (Fig. 4.10b)) in comparison

to the typical noise acquired under raster motion (Fig. 4.10a)). Noise in this re-
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gion is usually removed during the application of a cross-talk removal algorithm

[177]. The persistence of this noise through typical filters implies that the signal is

originating elsewhere. The diameter of the capillary tip on the transmitter in this

probe is similar to that of the housing sheath, suggesting that this artefact may re-

sult from unintended motion between the highly sensitive microresonator and either

the transmitter or the sheath during acquisition. This noise is not present in images

acquired using a raster scanning method, regardless of the probe configuration. Un-

like continuous scanning, the raster method allows the receiver to remain stationary

during each A-line acquisition, ensuring a more consistent distance from the trans-

mission surface and reducing motion-induced artefacts such as interaction between

the transmitter and receiver or a change in the acquired cross-talk. This artefact is

likely exaggerated by the positioning of the detector relative to the emission surface;

this noise is not noticeable in images acquired using continuous acquisition and a

forward-viewing configuration. As such, a smaller diameter transmitter could also

reduce the friction within the sheath.

The SNR demonstrates a similar set of relationships as the lateral resolution.

Firstly, the impact of probe configuration appears minimal, with a difference of

ca. 8 dB between the respective measurements for each configuration. Secondly,

the speed of acquisition appears to have a negligible effect on the measured SNR.

Finally, the SNR for all configurations and acquisition speeds shows a proportional

relationship with the depth of the target. This could be improved by the application

of Time Gain Compensation (TGC) such as that presented by [179]. The addition

of TGC could additionally improve resolutions through the magnification of out-of-

plane contributions to the delay-and-sum reconstruction. This could also be useful

for tissue imaging: the peak SNR of the ex vivo swine aorta was comparable with

previous studies (see Section 3.5), but the application of TGC could improve the

delineation of the underside of the tissue.

This study demonstrates a proof-of-concept for a novel image acquisition pro-

cess in tandem with a bespoke US transmitter. In general, it can be concluded that

continuous acquisition is a comparable imaging process to the widely used raster
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scanning method, while demonstrating a drastic reduction in acquisition time. Di-

rections of development here include increasing the acquisition speed to satisfy the

tool requirements (Section 1.2) and applying this to ex vivo oesophageal tissue.

4.4 Study III: Optimisation of Imaging Process
This study details two self-contained experiments carried out prior to rapid-

acquisition lateral imaging of ex vivo oesophageal tissue.

4.4.1 Optimal Conditions for ex vivo Oesophageal Imaging

The conditions of ex vivo tissue for imaging is a crucial factor in determining the

quality of the resulting image. One parameter to be considered is how intact the

tissue remains over imaging periods. Oesophageal tissue is more susceptible to

degradation ex vivo than tissue such as aorta [197]. Oesophageal tissue is lined with

epithelial cells, such as squamous cells and ciliated columnar cells, which contain

less connective tissue and fewer structural components than endothelial cells [198].

In contrast, aortic tissue is lined with endothelial cells, which has a higher density of

structural proteins, enhancing their stability and slowing down the decomposition

process [198]. Additionally, epithelial cells are inherently responsive to environ-

mental factors like temperature changes and physical damage, leading to a high

rate of cellular turnover. In contrast, endothelial cells have a lower turnover rate,

resulting in slower decomposition [197].

Typically, tissue samples used for histopathology are placed in a fixative, like

formalin, then dehydrated and embedded in a medium, such as paraffin wax [199].

While this method effectively prevents decay and preserves tissue structure, it is

not conducive for US imaging of ex vivo tissue, where the primary aim is to repli-

cate conditions as closely as possible to in vivo tissue imaging. For this purpose,

hydrated tissue is needed without density alterations caused by additives such as

paraffin. Therefore, a saline solution was explored for its use in imaging ex vivo

oesophageal tissue. Whilst not a fixative, saline can temporarily preserve the tis-

sue’s physical appearance, and indeed is used for temporarily storing tissue during

transport or short-term procedures [200]. However, too much salt in the solution



4.4. Study III: Optimisation of Imaging Process 134

can affect the osmotic gradient of the tissue and cause further degradation.

4.4.1.1 Methods

Here, the effects of different saline concentrations were compared with the SNR of

ex vivo oesophageal tissue over time. The water bath was filled with saline concen-

trations of 0% to 2%. For each concentration, a 4 cm long piece of ex vivo swine

oesophagus was defrosted, cut lengthwise, and pinned to a cork mount. Images

were acquired every 15 minutes for 4 hours using a 5 mm/s acquisition speed and

an A-line spacing of 25 µm. The images were reconstructed (see Section 4.3.1.3)

and the SNR was acquired for the upper surface of the tissue for each scan.

4.4.1.2 Results

Figure 4.12: B-mode OpUS images of ex vivo swine oesophagus in deionised water a)
immediately after submersion and b) after 30 minutes.

The full thickness of the oesophageal wall was visible in the image, with both

the inner and outer surface as distinct boundaries (Fig. 4.12a)). The layer thought

to correspond to the oesophageal mucosa showed the highest SNR, with a value of

28 dB. The layer beneath, thought to correspond to the muscularis propria, showed

the lowest SNR of 8 dB.

The 0% concentration exhibited the greatest degradation over time, losing ca.

18 dB over 4 hours (Fig. 4.13). This trend was replicated in the 0.5% concentration.

The concentrations of 1.5 and 2% showed a smaller loss of ca. 8 dB. However, the

concentration of 1% showed negligible loss of SNR over the timeframe.
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Figure 4.13: SNR of ex vivo oesophageal tissue acquired over 4 hours for saline concentra-
tions of 0% (black solid line), 0.5% (red dashed line), 1% (blue dotted line),
1.5% (green dashed line) and 2% (blue dashed line).

4.4.1.3 Discussion

The results in Figure 4.13 clearly indicated that the ideal concentration was ca. 1%.

This concentration aligns with the typical saline solution of 0.9% used for short-

term tissue hydration [200, 201]. This correlation suggests that this concentration

is effective in preserving the physiological balance of excised tissues by mimicking

the osmotic conditions they experience in vivo. Excised tissue is highly susceptible

to osmotic imbalances due to the loss of their natural regulatory mechanisms when

removed from the body. If the surrounding solution is too hypo- or hypertonic, it can

lead to cellular swelling or shrinkage, respectively, therefore compromising tissue

structure [202]. The 0.9% saline solution is isotonic, meaning it has an osmolarity

similar to that of extracellular fluid, which helps maintain the osmotic equilibrium

of the tissue. Therefore, using a solution near this concentration helps to minimize

osmotic stress, preventing the cells from undergoing lysis or dehydration. As such,

it preserves cellular integrity and functionality, reducing the risk of early degrada-

tion and providing a more stable environment for ex vivo tissues during imaging.

In this study, the focus was specifically on assessing the SNR of the signal

originating from the upper layer of the tissue. This emphasis was chosen due to

the cellular composition of this area. As discussed earlier, the upper layer primarily

consists of epithelial cells, which are generally more susceptible to rapid degrada-
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tion. This vulnerability to degradation was apparent in the OpUS imaging results,

where a noticeable decline in the signal strength of the upper tissue layer was ob-

served over time.

In comparison, the signal from the deeper layer of tissue, presumed to corre-

spond to the muscularis propria, demonstrated a low, but constant, signal strength

of ca. 8 dB. The density of the muscularis propria, depending on the position within

the GI tract, is around 1.05−1.10 g/cm3 [203]; the density of water, by comparison,

is 1.0 g/cm3, so a small SNR was expected. This tissue signal exhibited a minimal

decline and remained relatively constant throughout the observation period. This

difference in signal stability between the two layers is consistent with the inher-

ent characteristics of their respective tissue types. The muscularis propria, being a

muscle-based tissue, contains a higher concentration of structural components such

as collagen and elastin fibers, which provide greater durability and resistance to

degradation compared to the epithelial cells found in the upper layer [198]. As a re-

sult, the muscularis propria maintains its integrity and density, and therefore signal

strength, for a longer period.

4.4.2 Hydrophone Positioning

While the FP hydrophones are omnidirectional receivers,the placement of the re-

ceivers must be considered for the quality of the reconstructed image. Here, the

image reconstruction is carried out by considering a delay and sum of all received

signals. In the case of a single point reflector, such as the tungsten wires used in

the resolution studies, the received reflection will have a delay corresponding to the

distance between the source and the transducer. For each transducer position, all the

received signals from other positions can be delayed temporally to correspond with

the position; the sum of these signals creates the representation of the reflector. Sig-

nals originating in line with the transmitter will give a strong signal, while signals

outside of this line will sum to give a low value. However, this image reconstruction

theory relies on the assumption that the transmitter and receiver are a single point

and are omnidirectional. This would dictate an optimal position of a transmitter and

receiver in the same physical space. However, this configuration has been noted
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during the previous imaging study (Section 4.3) as a source of noise and artefact

during pullback within the catheter. Here, noise is introduced as the motion creates

interaction between the receiver and either the transmitter or the sheath. As such, it

may be more efficient for the reliability of image acquisition, and the robustness of

the probe, to introduce a separation between the elements and address any resulting

signal losses in post-processing. This study focuses on the image reconstruction

qualities with a transmitter-receiver separation.

4.4.2.1 Methods

Figure 4.14: Transmitter-receiver separations of a) −4 mm, b) −2 mm, c) 0 mm, d) 2 mm
and e) 4 mm.

The transmitter and receiver in the designed probe sit on the same axis, so the

difference in positioning here is the separation between the transmitting surface and

the tip of the hydrophone (Fig. 4.14). The effect of the hydrophone placement was

measured using the tungsten wire phantom as described in Section 3.2.3.5. PSF’s at

two depths were chosen: one at 3.5 mm and one at 7 mm. The SNR was measured

for these PSF’s, along with the axial and lateral resolutions, at imaging speeds of

1− 5 mm/s at a set acquisition spacing of 50 µm for each hydrophone placement.

The A-line spacing was constant at 50 µm. Each scan was repeated 10 times to

assess the deviation in image quality.
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3.5 mm 7 mm
Position Ax.

[µm]
Lat. [µm] SNR Ax.

[µm]
Lat. [µm] SNR

+4 mm 53±5 115±33 20.4±1.4 54±6 161±40 17.8±3.1
+2 mm 55±7 140±38 25.1±4.0 55±7 180±43 19.0±5.2
0 mm 51±4 110±25 23.6±1.3 53±5 150±32 19.6±2.5
−2 mm 49±3 82±15 22.1±1.9 51±6 120±18 17.6±2.5
−4 mm 50±4 95±20 22.4±0.6 50±5 126±20 18.9±1.2

Table 4.4: Image quality metrics for PSF target depths imaged with transmitter-receiver
separations of −4 to +4 mm.

Figure 4.15: Axial and lateral resolutions measured by hydrophone placements for a target
PSF at 3.5 mm depth. Data here shown as the average and standard deviation
of the resolutions at speeds from 1−5 mm/s.

4.4.2.2 Results

The results of the PSF quality at 3.5 mm can be seen in Fig. 4.15. The comparative

results for the 7 mm depth can be seen in Table 4.4.

The axial resolution remains relatively consistent across the various hy-

drophone positioning, although is clearly the largest at the −2 mm position. For

both the target PSF depths, the largest lateral resolution was shown by the −2 mm

hydrophone position. The smallest lateral resolution was shown by the +2 and +4

mm hydrophone positioning. However, it is of note that the prone positions detect

a higher SNR than those in the supine positions.
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4.4.2.3 Discussion

The largest lateral resolution was exhibited by the −2 mm position. This position

also showed the largest standard deviation in the resolution measurements, which

implies that the poor resolution here is due to the accidental movement of the hy-

drophone during motion. The FP hydrophones can be considered omnidirectional

receivers [136], so the angle of the US reflections should theoretically not limit the

lateral resolution. However, the catheter is, by nature, small in diameter, and the

current design of transmitter includes a glass capillary that is only slightly smaller

than the catheter sheath. Irregular movement of the receiver could cause either the

US reflections to be ‘blocked’, or the microresonator to be deformed through con-

tact with either the sheath or the transmitter. Indeed, while acquiring the sample

of 10 images using this configuration, the microresonator was often deformed to

the point of requiring recalibration with the interrogation laser. This distortion may

be caused by heating of the FP sensor, leading to a refractive index shift or cavity

expansion, either due to self-heating or its proximity to the transmission surface.

However, this is unlikely, as the water bath serves as an effective heat sink, and the

interrogation power used is relatively low. By moving the hydrophone tip further

along the lateral plane, it limits the possibility that the receiver will be distorted

during acquisition.

However, placing the receiver in a prone position, such as the 2 or 4 mm, could

pose a risk of damage to the fragile FP receiver. This is especially true during

the ‘push’ to the start position of the image acquisition process. Given that the

final tool must be flexible and cannot guarantee a perfectly straight sheath, pushing

the unprotected receiver through it could deform the microresonator or even cause

permanent damage. As such, despite the prone positions indicating the best quality

of image reconstruction, these configurations cannot be used.

An alternative approach might involve modifying the dimensions of the probe.

For instance, using a larger catheter sheath could reduce contact during motion,

though this would make the probe incompatible with existing clinical workflow.

Another option is to use a smaller optical fibre and capillary tip in the transmit-
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ter, which would decrease unintended contact and increase beam divergence [175].

However, this could complicate modifications due to the angled surface and increase

the transmitter’s fragility. Additionally, manufacturing a miniature fiber guide to fit

inside the catheter and keep the transmitter and probe aligned in parallel could ad-

dress the issue, but it might introduce friction during motion and add strain on the

motor. Lastly, an alternative transmitter design could emit US from an angled face,

eliminating the need for a capillary and reducing the sheath diameter. While this

would change the imaging perspective away from the direct vessel wall view, delay

and sum reconstruction techniques would still produce a similar image orientation.

4.5 Study IV: Rapid Acquisition
The results outlined in Section 4.3 indicate that continuous acquisition in a lateral-

viewing configuration acquires comparable image quality to those achieved by the

raster scanning process in a forward-configuration demonstrated in Section 3.5.

However, in order to satisfy the subsecond acquisition requirement (Section 1.2),

this technique requires further optimisation.

In this study, the OpUS imaging probe with lateral dimensions compatible

with standard-of-care clinical endoscope working channels that was demonstrated

in Section 4.3 was used in conjunction with a modified operating system. The probe

was housed within an US-transparent sheath. This system was capable of pullback

speeds of ≤ 500 mm/s. A resolution phantom was used to assess the probe at ac-

quisition speeds of 10− 100 mm/s. To demonstrate the potential of the device for

clinical imaging, an ex vivo swine oesophagus was imaged using the working chan-

nel of a mock endoscope for device delivery.

4.5.1 Methods

The proximal end of the OpUS probe was mounted on a motorised translation stage

(DDSM100, Thorlabs, UK, maximum speed: 500 mm/s, travel range: 100 mm) to

provide pullback motion. The probe was clamped such that the Y-joint and US-

transparent sheath were held stationary whilst the torque coil with the optical fibres

fixed inside was mounted on the translation stage (Fig. 4.9c)). To acquire US im-
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ages, the probe was translated laterally at a constant velocity within the sheath with

respect to the sample surface. A-lines were acquired at a lateral spacing of 25 mi-

crons. The acquisition rate was varied to maintain the A-line spacing depending on

the translation velocity, i.e. for a velocity of 100 mm/s a repetition rate of 4 kHz

was used. Each A-line comprised 4000 data points which corresponded to a total

imaging depth of ca. 30 mm. The impact of larger A-line spacing was investigated

by removing A-lines in post-processing.

4.5.1.1 Image Processing

Acquired A-lines were concatenated, followed by the application of a bandpass

filter (Butterworth, 4th order, 1.5−40 MHz). Subsequently, a cross-talk algorithm

was applied to remove the US signals transmitted directly from the generation fibre

to the reception fibre, as described previously [177].

This was followed by the application of digital TGC [179]. This was achieved

by multiplying the signal by the following gain factor:

g(i) =
min(i, imax)

imax

γ

(4.1)

where i is the sample index of the signal. Parameters imax and γ were empirically

designated as 650 and 2 respectively. The US image was reconstructed using the

k-Wave toolbox [77], using a k-space method based on the fast-fourier transform.

Finally, the signal envelope was found using the absolute value of the Hilbert trans-

form followed by a log transformation.

4.5.1.2 Imaging Targets

Two imaging targets were used for this study; a resolution phantom and ex vivo

porcine oesophagus. The resolution phantom was used to assess the probe ca-

pabilities in terms of axial and lateral resolution and SNR. It comprised a plastic

frame strung with regularly spaced tungsten wires (OD: 27 µm). The phantom was

mounted in a water bath and angled with respect to the OpUS catheter such that the

wires were positioned at increasing depths (Fig. 4.9c)).

Imaging of ex vivo porcine oesophageal tissue (Medmeat, UK) was carried out
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Figure 4.16: Schematic of lateral probe encased in an ultrasonically-transparent sheath in-
side the working channel of a mock endoscope inserted into an oesophagus.

to investigate the clinical potential of the OpUS probe. The tissue was acquired

frozen, and subsequently defrosted and submerged in a 1% saline solution for ex-

periments. The tissue was imaged immediately after defrosting. A 10 cm section of

the oesophagus was mounted in a water bath and the mock endoscope was inserted

into the lumen (Fig. 4.16). The OpUS probe was inserted through the instrument

channel of the mock endoscope such that it extended out of the distal end into the

oesophageal lumen. The pullback protocol outlined in Section 4.3.1.1 was used to

acquire tissue images, with the US transparent sheath held stationary.

4.5.2 Results

4.5.2.1 Resolution Phantom Imaging

The tungsten wire phantom appeared in the reconstructed images as a series

of PSF’s which were used to measure the resolution of the imaging system

(Fig. 4.17a)). The FWHM value of the resulting PSFs in the OpUS images were

used to provide values for the axial and lateral resolutions. Here, all PSF’s were

visible in the images acquired (Fig. 4.17a)). The SNR at an A-line spacing of 25 µm

decreased with increasing depth by ca. 1 dB/mm, from 43 dB for the closest wire

(1.5 mm) to 32 dB for the furthest (12.5 mm) (Fig. 4.17d)). The A-line spacing had

negligible impact on the SNR values (Fig. 4.17d)). Additionally, increasing imaging

speed from 10 mm/s to 100 mm/s had negligible impact on the SNR (Fig. 4.18c)).

For an A-line spacing of 25 µm, the lateral resolution worsened with increasing

depth from 152 µm for the closest wire to 214 µm for the furthest (Fig. 4.17c)).
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Figure 4.17: a) Reconstructed OpUS image of the tungsten wire resolution phantom ac-
quired using a 100 mm/s fast-pullback acquisition with an A-line spacing of
25 µm. b) - d) OpUS probe performance with imaging depth for an A-line
spacing of 25 µm (black cross), 50 µm (blue star) and 100 µm (red cross). b)
Axial resolution. c) Lateral resolution. d) Signal to noise ratio (SNR).

Figure 4.18: OpUS probe performance with imaging depth for an A-line spacing of 25 µm
acquired using a pullback speed of 10 mm/s (black cross), 50 mm/s (blue
star), and 100 mm/s (red cross). a) Axial resolution. b) Lateral resolution. c)
Signal-to-noise ratio (SNR).

This relationship was replicated in the reconstruction at larger A-line spacing, albeit

with worse overall resolution (Fig. 4.17c)). The best lateral resolution for a 50 µm

spacing was 190 µm, whilst for a spacing of 100 µm it increased further to 236 µm.
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This was also seen in the worst lateral resolutions for each spacing; at a depth of

13 mm the 50 and 100 µm spacing showed resolutions of 249 µm and 323 µm,

respectively. Further, similar to the SNR, it was found that the pullback speed had

a negligible impact on the lateral resolution (Fig. 4.18b)).

The axial resolution was consistently better than the lateral resolution. Unlike

the lateral resolution, the axial resolution was largely independent of the system

parameters and remained relatively constant at 37-43 µm, independent of the A-line

spacing, pullback speed, or target depth (Fig. 4.17b), Fig. 4.18a)). For example, the

best axial resolution at 10 mm/s was measured to be 37 µm, while the best axial

resolution at 100 mm/s was measured to be 38 µm.

4.5.2.2 Oesophagheal Tissue Imaging

Figure 4.19: Reconstructed OpUS image of oesophageal tissue acquired using a) - b)
10 mm/s fast pullback reconstructed at an A-line spacing of a) 25 µm and
b) 100 µm. c) - d) corresponding images taken using 100 mm/s fast-pullback
at an A-line spacing of c) 25 µm and d) 100 µm. Right: dB scale bar. Part
a) labels showing: inner edge of tissue (pink), outer edge of tissue (yellow),
oesophageal mucosa (green), submucosa with oesophageal glands (blue) and
muscularis propria (purple).

Ex vivo porcine oesophagus was imaged to investigate the clinical potential of

the OpUS probe and demonstrate its capability for gastrointestinal imaging. The

full thickness of the oesophageal wall was visible in the image, with both the in-

ner (pink arrow) and outer surface (yellow arrow) appearing as distinct boundaries

against the background (Fig. 4.9). Several distinct regions were apparent, which,

on comparison with previous US images of the oesophagus, were thought to corre-
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spond to the oesopheal mucusa (green arrow), submucosa with oesophageal glands

(blue arrow), and muscularis propria (purple arrow) [204]. The SNR was highest in

the layer thought to correspond to the submucosa, with a value of 32 dB.

The acquisition speed was found to have minimal impact on the quality of the

OpUS images from a qualitative perspective (Fig. 4.19a),c)). Further, the SNR was

found to decrease marginally with the increase in pullback speed, as demonstrated

with the resolution phantom results. Additionally, despite the known reduction in

lateral resolution associated with the increased A-line spacing, this had minimal

impact on the qualitative outcome of the oesophageal imaging (Fig. 4.19a),b)). The

general oesophageal shape was preserved and subsurface details could be well vi-

sualised for all A-line spacings.

4.5.3 Discussion

Images acquired of a resolution phantom demonstrated axial resolutions < 40 µm.

This is consistent with previous OpUS devices such as [138] or [35] who both re-

ported axial resolutions of 50 µm, or [205] who reported an axial resolution of

35 µm. With commercial miniaturised piezoelectric probes, axial resolutions of

ca.100 µm have been reported with a corresponding tissue penetration of 4 - 8 mm

[194, 195]. As with conventional US imaging, axial resolution is typically limited

by the bandwidth of both the generated US and the US receiver [63]. Whilst the

axial resolution provided here exceeds the clinical requirements, it could be im-

proved further. This can be achieved by increasing the US reception bandwidth,

or the bandwidth of the generated US pulse. The received bandwidth could be im-

proved by decreasing the thickness of the FP cavity; however, this would create a

decreased sensitivity [177]. The generated bandwidth is dictated by both the brevity

of the excitation pulse and the thickness of the composite coating [119]. The trans-

mitted US bandwidth, and therefore the axial resolution, could likely be improved

by minimising the thickness of the optical absorber or adjusting the excitation pulse

duration [206]. Since the brevity of the excitation pulse or the composite coating is

not altered during either the change in acquisition step-size or the lateral pullback

speed, it would be expected that the axial resolution remains independent of the
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imaging parameters such as A-line spacing or pullback speed. This was reflected in

the results. The independence of the axial resolution from the A-line spacing means

that less computationally intensive datasets can be acquired without sacrificing im-

age quality. Additionally, it was found that the axial resolution was independent of

the pullback speed, as expected, which suggests that the pullback speed could be

increased to allow for larger imaging apertures or shorter acquisition times.

Similar to the axial resolution, a good lateral resolution was achieved in this

study, with values as low as 150 µm. These values were comparable to a typical

commercial US device which can achieve lateral resolutions of 200 µm depend-

ing on the bandwidth and frequency of the device [63, 194, 195], as well as being

comparable to previously reported OpUS transducers [193, 177, 88]. Unlike the

axial resolution, the lateral resolution was dependent on various imaging param-

eters. Firstly, there was an inverse relationships demonstrated between the depth

and the acquired lateral resolution. This relationship is similar to that demonstrated

in previous OpUS studies [196, 177] as well as demonstrated in Section 3.5. As

outlined in Section 2.2.3, lateral resolution is dictated by the width of the US beam

and the bandwidth of the US [63]. Since the image reconstruction here relies on the

premise of whole-field insonification, a wider beam divergence will lead to a higher

lateral resolution. The resolution could likely be improved by increasing the US

beam divergence, for example by changing the aperture size. However, changing

the aperture size could increase the probe size thereby making it incompatible with

a typical endoscope. Even a marginal increase in size could introduce more friction

during pullback within the sheath which would be detrimental to the image quality.

Secondly, there is an additional inverse relationship between the lateral resolution

and the A-line spacing. Typically it is the aim to achieve the smallest possible res-

olution. Here, however, it would be beneficial to be able to provide real-time image

reconstruction and analysis, so the compromise must be between the computational

intensity of the acquired data and the resulting image quality, as mentioned pre-

viously. Using this as a baseline, the A-line spacings of 25 and 50 µm are both

more than adequate for the purpose here. Finally, the last imaging parameter of
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consideration here is the pullback speed. This work used a rapid linear pullback for

image acquisition. The use of the pullback technique resulted in drastically reduced

acquisition times than those previously reported using a raster scanning approach,

or indeed the slower pullback speeds described in Section 4.3. It appears from the

results that the pullback speed has minimal impact on the resulting image quality

(Fig. 4.18). This supports the conclusions drawn from Section 4.3.

The maximum pullback velocity used in this study was 100 mm/s which en-

abled imaging over an 5 cm aperture in 0.5 s. The translation stage used here can

reach speeds of 500 mm/s. This could be beneficial for larger imaging apertures,

capable of imaging 50 cm in 1 s. The average adult human oesophagus is approxi-

mately 40 cm in length. To this end, this faster acquisition rate could acquire more

pullback scans within the timespan of a regular endoscopy, thereby minimising the

sampling error that is present in the acquisition and pathologic interpretation of

biopsies which is currently the primary detection method of BE [207, 208]. In this

study, pullback speeds were limited to 100 mm/s. An increased pullback speed

could still create an A-line spacing of 25 µm by utilising a higher repetition rate.

However, this increased rate would come at the expense of a higher energy depo-

sition rate in the coating, which may lead to heating or damage to the coating (see

Section 2.2.1). This requires exploration in further studies if the repetition rate is to

be increased further. The results here showed that even at the highest speeds with

an A-line spacing of 50 µm, the resolution is still comparable to previously reported

devices [177, 209, 63], even up to depths of 20 mm, which exceeds the largest thick-

ness of the oesophagus. The results here show that an increased A-line spacing of

50 µm can be used without significant detraction of image quality. Therefore, using

a 50 µm spacing combined with a 4000 Hz acquisition rate, the maximum applica-

ble pullback speed is 200 mm/s, meaning the acquisition of a single pullback scan

of a 100 mm aperture could be achieved in 0.5 s. This satisfies the sub-second

acquisition times outlined in the requirements given in Table 1.1.

The ex vivo swine oesophageal image demonstrated clinically relevant details

with the tissue layers providing differing contrast. The full thickness of the tis-
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sue was visualised and an SNR of 32 dB was achieved without the use of averag-

ing. Further, tissue boundaries were observed and demonstrated similarities to US

imaging acquired in previous studies [210, 211]. In future work, the origin of these

boundaries could be verified with tissue histology or another method of ground truth

imaging. This study was limited to healthy tissue, but could be extended to include

imaging of diseased tissue to assess the ability to differentiate BE. This might be

carried out on ex vivo human tissue or in an animal model. The primary clinical

aim of oesphageal imaging would be to ascertain the presence of HGD commonly

found with the commencement of BE, which is widely considered to be a signif-

icant precursor to oesophageal adenocarcinoma [212, 213, 214]. This is found in

the mucosal tissue [215], which was believed to be visualised beneath the tissue

surface (Fig. 4.19, green and blue arrows). The clear delineation of these layers, in

conjunction with the high resolutions and sub-second acquisition speeds achieved,

indicates the clinical potential of this device.

However, a key issue encountered at high speeds is movement in the compo-

nents comprising the device. For high speeds, the transmitter and receiver stability

was reduced, leading to a reduction in image quality. Whilst the motor used can

exceed the current maximum pullback speeds, the pullback motion creates friction

within the device between the two elements, which causes a reduction in the image

quality. Indeed, friction and related artefacts were noted in the images acquired

using slower pullback speeds outlined in Section 4.3. To overcome this in future

studies the device fabrication method could be modified. This could include the in-

troduction of a custom micromachined housing to hold the transmitter and receiver

relative to one another. Alternatively, the device fabrication method could be mod-

ified to remove the bulky capillary, such as further modification of the tip of the

optical fibre to create a flat emission surface on the lateral face, or to increase the

angle of the polished face and emit US from this angled face.
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4.6 Study V: Lateral Probe Optimisation
One of the conclusions from previous studies suggests that modifying the transmit-

ter would enhance the robustness and mechanical flexibility of the probe. The cur-

rent probe design occupies a significant amount of space within the sheath, which

can lead to image artefacts, increased friction resulting in additional load on the

motor, or even permanent damage to the transmitter or receiver. Furthermore, the

use of a capillary creates challenges for integrating the transmitter into the probe

and its housing. The proposed modifications include:

• Reducing the diameter of the optical fibre used for the transmitter. As pre-

viously mentioned, this would increase beam divergence but at the cost of

reduced penetration depth. Additionally, it would make the transmitter more

fragile, especially during fabrication, and complicate the accuracy of the pol-

ished angle. This issue could be mitigated by tipping the fibre with the cap-

illary before polishing, which would increase the surface area exposed to the

polisher. However, this design does not resolve the challenge of integrating

the transmitter into the probe.

• Compression of a polymeric fibre to create an eccentric source such as [216].

By compressing the tip of a fibre from a circular shape to an oval, a ‘flattened’

surface could be created on the side of the tip of the fibre. Polishing the distal

face to a 45° angle, coating this face with mirror paint, and coating the flat-

tened side of the fibre would theoretically allow for lateral US emission with-

out the need for a capillary. However, this configuration could significantly

influence the US profile. The ‘flattened’ side is more likely to be convex than

planar, meaning both a larger beam divergence and a smaller temporal pro-

file [89]. Furthermore, the altered geometry of the reflective face will reduce

the area of incident light on the composite coating, thus generating a wide

insonification in the direction of the length of the fibre as well.

• Applying the composite coating to the polished face. This would create a

transmitter that would generate US at a 45° angle to the direction of the fi-
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bre. While not directly imaging the vessel wall, the premise of whole-field

insonification would result in a lateral-viewing reconstructed image. Addi-

tionally, this design would minimise the required space within the sheath and

simplify probe integration by removing the capillary. It would also preserve

the existing image acquisition and processing methods while enhancing the

mechanical flexibility of the probe. In a clinical context, a 45° view may pro-

vide better visualisation of tortuous or folded sections of the GI tract than a

perpendicular view of the vessel wall.

4.6.1 Fabrication of a Modified Transmitter

Figure 4.20: a) Schematic of fibre and acrylic mount configuration for cutting fibres to a
45° angled surface. b) Photograph of cut fibres in the acrylic mount.

The fibres used here were SMA connectorised silica core/cladding optical fi-

bres with a 400 µm diameter and a polyimide buffer coating (FG400LEP, Thorlabs,

UK), as is used in Section 4.2. The polyimide layer was carbonised and stripped

from the fibre, followed by perpendicular cleaving as normal.

Subsequently, the fibre was clamped in an acrylic mount at a 45° angle (Fig.

4.20). This mount was placed in a laser cutter (VLS4.60, One Touch Laser, UK)

and cut lengthwise (Fig. 4.20a)). This created a uniform, planar 45° face at the tip

of the fibre.

This face was subsequently coated with a bilayer rGO-PDMS composite coat-

ing (Fig. 4.21), as outlined in Section 3.2.1.5. Briefly, 500 mg of rGO functionalised



4.6. Study V: Lateral Probe Optimisation 151

Figure 4.21: Schematic of modified transmitter.

with octadecylamine (805084, Sigma Aldrich, UK) was sonicated for 20 s in 2.5 ml

of xylene. This was deposited on the angled surface and left to dry for ca. 12 hours.

Subsequently, an overcoat of PDMS thinned with xylene was applied to the rGO

coating to create a bilayer composite.

4.6.2 Characterisation of a Modified Transmitter

4.6.2.1 Acoustic Characterisation

The acoustic spectra of the transmitter was acquired using the protocol outlined in

Section 3.2.2.2. Briefly, the study fibre was mounted on a stationary clamp stand

directly opposite a 200 µm needle hydrophone, which was centred on the US beam

and set to a transmitter-receiver distance of 1.5 mm. The study fibre was rotated

such that the emission surface faced towards to hydrophone (Fig. 4.21b)). The

received US pressure was measured, and the bandwidth obtained by applying a

Fourier transform and the hydrophone calibration to the acquired time-series.

Figure 4.22: a) Transmitted ultrasound time-series measured at 1.5 mm. b) Corresponding
ultrasound power spectrum.

The generated US peak-to-peak pressure level was measured as 1.12 MPa

(Fig. 4.22a)) at 1.5 mm from the coated face with a corresponding −6 dB bandwidth
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of 22 MHz (Fig. 4.22b)). This is comparable with the profile of the US generated

by both the forward- and lateral-viewing transmitters demonstrated in Section 4.3.

4.6.2.2 Beam Divergence

This modified transmitter emits US in a different direction to those outlined in the

previous sections of this chapter. As such, the beam profile must be assessed to

evaluate the potential for lateral imaging in this configuration.

The beam divergence was acquired using the protocol outlined in Section

4.2.1.2. Briefly, the hydrophone was moved to a fixed distance from the emitting

face of the transmitter (1.5 mm) and centred on the maximum US pressure, as with

acoustic characterisation. Vertical and horizontal raster scans consisting of 61 mea-

surements were then acquired intersecting this point using the motorised stages at an

acquisition step size of 50 µm. This equated to a 9.3 mm2 grid. The peak pressure p

was extrapolated backwards for each position, resulting in an array of cross-sections

of the US beam. The size of the FWHM cross section was extrapolated backwards

to give the area of the beam over distance.

A beam spreading assessment was carried out both with the hydrophone per-

pendicular to the length of the fibre (Fig. 4.21a)) and directly facing the emission

surface of the transmitter (Fig. 4.21b)).

Figure 4.23: Beam divergence profiles for the modified lateral transmitter acquired at a
distance of 1.5 mm in a view a) perpendicular to the fibre direction (see Figure
4.21a)) and b) perpendicular to the emitting face (see Figure 4.21b)).

The beam divergence of the modified transmitter was shown to spread at ap-
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proximately the same rate as both the forward-viewing and original design of lateral

transmitters. Here, a maximum FWHM of 9.3 mm2 was measured, as well as an ini-

tial spot area of ca. 0.4 mm2, corresponding the size of the emission surface. This

correlates with the theoretical beam spreading given by [175]; despite the change in

angle of emission, the size and shape of the emission surface remained consistent.

Of particular interest is the comparison of the initial profiles of the transmitter

based on orientation. Although both profiles exhibit a similar total area of maximum

pressure, the initial profile shown in Figure 4.23a) exhibits a slightly compressed

shape, with pressure decaying only towards the right side and no lower pressures

visible on the left. In particular, a small ‘shadow’ of pressure appears at ca. 2 mm in

the x direction. This is likely due to the orientation of the fibre; the ‘shadow’ likely

corresponds to the lower edge of the polished face. In contrast, the profile in Figure

4.23b) closely resembles those of the forward-viewing transmitters shown previ-

ously. This similarity indicates a suitable beam profile for application to imaging in

the context required here.

4.6.3 Rapid Acquisition B-Mode Imaging with a Modified Probe

This transmitter was subsequently integrated into the OpUS probe and housing as

outlined in Section 4.2.2. Briefly, both the transmitting and receiving elements were

encased in a protective torque coil and fixed in place. This probe was subsequently

housed in a US-transparent sheath and placed inside a mock endoscope. The key

difference here was that the smaller diameter of the transmitter tip enabled it to be

threaded forward through the torque coil, eliminating the need to remove the SMA

connector and reconnecting the proximal end of the fibre after back-threading.

4.6.3.1 Methods

This probe was mounted on the motorised translation stage for imaging as described

in Section 4.5. Briefly, the probe was clamped such that the Y-joint and sheath were

held stationary while the probe was translated laterally at a constant velocity within

the sheath with respect to the imaging target. A-lines were obtained at a lateral

spacing of 25 µm, with each A-line comprising 4000 data points corresponding to a
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Figure 4.24: a) Reconstructed OpUS image of the tungsten wire resolution phantom ac-
quired using the modified probe with a 100 mm/s acquisition speed with an
A-line spacing of 25 µm. b)-d) OpUS probe performance with imaging depth.
b) Signal to noise ratio (SNR). c) Lateral resolution. d) Axial resolution.

total imaging depth of ca. 30 mm.

Images were acquired of a tungsten wire resolution phantom at a speed of

100 mm/s. The acquired A-lines were concatenated, followed by a the application

of a bandpass filter and a cross-talk removal algorithm [177]. TGC was applied

[179], followed by image reconstruction using the k-Wave toolbox [77]. Finally,

the signal envelope was found using the absolute value of the Hilbert transform

followed by a log transformation. The acquired images were assessed in terms of

the SNR, lateral resolution, and axial resolution of the PSF’s.
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4.6.3.2 Results

The tungsten wire phantom appeared in the reconstructed images as a series of

PSF’s (Fig. 4.24a)). The FWHM of the PSF’s were used to provide values for the

axial and lateral resolutions. The SNR decreased by ca. 0.5 dB per mm, from 33

dB for the closest wire (6 mm) to 28 dB for the furthest (15 mm) (Fig. 4.24b)).

Increasing the imaging speed between 10−100 mm/s was found to have negligible

impact on the SNR.

The lateral resolution appeared consistent with increasing depth from 125 µm

for the closest wire to 130 mm for the furthest (Fig. 4.24c)). Similar to the SNR

the impact of acquisition speed was found to have a negligible impact on the lateral

resolution.

The axial resolution was consistently better than the lateral resolution. Unlike

the lateral resolution, the axial resolution was largely independent of the system

parameters and remained relatively consistent at ca. 40 µm (Fig. 4.24d)).

4.6.3.3 Discussion

Images acquired of the resolution phantom demonstrated axial resolution ca. 40 µm.

This is consistent with previous OpUS devices [138, 35, 205], but importantly, is

consistent with the axial resolution acquired by the original design of transmitter

shown in Section 4.5. As seen in the previous studies, the axial resolution appears

unaffected by parameters like acquisition speed or PSF depth.

Similarly, a good lateral resolution was achieved in this study, with values as

low as 125 µm. These values are comparable with previous OpUS devices [193,

177, 88] and typical commercial US devices [63, 194, 195]. Importantly, these

results are consistent, and indeed marginally improved, with the lateral resolution

acquired by the original design of transmitter shown in Section 4.5. As outlined

previously, the lateral resolution is dictated by the width of the US beam; since the

image reconstruction here relies on the premise of whole-field insonication, it is

likely that the lateral resolution is improved by the out-of-plane contributions of the

new field-of-view.

It is important to note that the lateral resolution here appears less influenced by
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the depth of the PSF. This could be attributed in part to the application of TGC, but

can also be explained by the out-of-plane contributions given by the US emission

angle. This is supported by the relationship between the depth and the SNR of

the PSF’s; while signal loss is present, it is significantly smaller than noted in the

previous study. However, it is important to note that the depths assessed here are

≤ 15 mm, while the previous studies reach depths of 20 mm. As concluded from

the previous studies, the lateral resolution appears unaffected by the increase in

acquisition speed.

The new configuration also enhanced the robustness and reliability of the

probe, although this improvement is not quantified in the results. There was reduced

interaction between the receiver, sheath, and transmitter during the image acquisi-

tion process, resulting in fewer noise and artefacts in the reconstructed images. This

is likely due to the probe occupying less space within the sheath. Furthermore, there

were fewer breakages, and the sheath’s angle became more easily adjustable.

4.7 Chapter Conclusions

In this chapter, a novel method for sub-second acquisition of OpUS images while

maintaining image resolutions and depths suitable for minimally invasive surgical

applications was demonstrated. This was paired with a bespoke device comprising

miniaturised components which are compatible with current clinical endoscopes.

The lateral ultrasound transmitter developed for the study exhibited peak-to-peak

pressure in excess of 1 MPa with a corresponding −6 dB bandwidth of > 20 MHz.

These are consistent with both previous high-bandwidth rGO-PDMS OpUS devices

[35] and previous side-viewing transmitters [139]. This enabled imaging resolutions

as low as 45 µm and 120 µm in the axial and lateral extent respectively, with a

corresponding SNR of 42 dB.

Crucially, the resolution appears to stay constant during changes in acquisition

speed, both using the slower (1−5 mm/s) and faster speeds (10−100 mm/s). This

is a key result for the development of the probe and optimisation of the required

scan time for future medical translation. The minimal variation in resolution is



4.7. Chapter Conclusions 157

likely due to errors in the probe such as the introduction of air bubbles in the EBUS

sheath or the inadvertent twisting of the fibres during pullback creating issues with

acquisition of reflected signal.

The positioning of the hydrophone in reference to the probe twisting was in-

vestigated, using a variety of positions ranging from −4 to +4 mm. The optimal

positioning was determined to be the positive positions where the hydrophone sits

prone to the transmitter capillary, thus minimising the blocking of received signal or

the excessive cross-talk from being positioned directly in front of the emitting face.

This study has highlighted two avenues for probe improvement: smaller capillaries

or miniaturised fibre guides to fix the transmitter and receiver tips in position. A

modified transmitter was developed and tested within the presented system. This

transmitter demonstrated comparable image quality alongside a reduced interaction

between the probe elements during motion.

To demonstrate the potential of the device for clinical imaging, an ex vivo swine

oesophagus was imaged using the working channel of a mock endoscope for device

delivery. The full thickness of the oesophagus was resolved and several tissue layers

were present in the resulting US images.

This work represents a significant step in the surgical translation of minimally

invasive OpUS imaging. The subsecond acquisition times while maintaining com-

petitive imaging resolutions and high imaging depths would be beneficial for many

clinical applications. Additionally, the packaging of the probe in a clinically com-

patible catheter is a key step towards bringing OpUS through medical translation.

It is expected that this device will be further developed for in vivo studies, with

rigorous robustness testing and optimisation of handling for a preclinical environ-

ment. A further area of development is the addition of complementary imaging and

therapeutic modalities. OpUS has shown promise for multi-modal devices, with

previous studies including a combination with photoacoustic imaging [142] and

optical ablation [140]. The presented probe could be modified to incorporate a sec-

ondary modality by using a wavelength-selective coating such as those previously

presented from PDMS-AuNP [3] or PDMS-Epolight [5]. The comparable imaging
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parameters demonstrated by this imaging method with both other OpUS modali-

ties such as B-mode imaging [35] or rotational imaging [139], and conventional

piezoelectric US [194] is indicative of the potential of rapid acquisition imaging in

clinical application.



Chapter 5

Dual Modality OpUS Fluorescence

Imaging

This chapter is based on work currently submitted for publication, and describes the

preliminary development of a multi-modal optical imaging system, utilising both

OpUS imaging and FlS sensing. This chapter is supported by the work carried out

by Deniz Terzioglu for his undergraduate research project, supervised by both Dr

Richard Colchester and the author.

5.1 Introduction
Fluorescence spectroscopy has been used both in vitro and in vivo to distinguish be-

tween normal and malignant tissue in several organs, including breast, lung, colon

and oesophagus [11, 217, 218]. However, in most cases, the lesions are visible and

can be readily diagnosed by the clinician. While these studies validate the tool’s

accuracy, it also holds potential to aid clinicians in diagnosing impalpable condi-

tions. In BE, for example, the dysplasia within the mucosal level is not visually

distinguishable from nondysplastic areas [11]. Extensive pinch biopsy specimens

are required to detect dysplasia in patients [219]. As such, an alternative technique

is required to improve the detection of HGD in patients with BE.

This chapter focuses on the addition of FlS as a complementary modality for

OpUS imaging. Using an excitation light source of a specific wavelength, the imag-

ing targets emit fluorescence at a range of wavelengths. FlS detects the intensity
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Figure 5.1: Typical spectral profiles of autofluorescence emission from endogenous fluo-
rophores. Taken from [10].

of the fluorescence at particular wavelengths from the surface of the imaged tissue,

which can be utilised to identify differing cell types. Typically, different cell types

will fluoresce at different wavelengths, which can be utilised to identify tissue types

(Fig. 5.1). Additionally, healthy tissue will display different fluorescing properties

to diseased tissue. For example, the degree of dysplasia in oesophageal tissue with

BE will be demonstrated in the measured fluorescing spectra, as shown in Fig. 5.2.

Figure 5.2: a) Normalised fluorescence spectrum from nondysplastic (black) and HGD
(red) BE mucosa. b) Corresponding differential normalised fluorescence spec-
trum for nondysplastic (black) and HGD (red) BE mucosa. Adapted from [11].

A tool comprising of FlS in conjunction with OpUS imaging would yield valu-

able information about both biomarkers on the tissue surface and tissue density

under the surface. The two data sets can be combined and co-registered to com-

plement each other and provide a uniquely invaluable tool. For example, as light
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dissipates over distance, FlS yields less intensity for surfaces further from the ex-

citation source. By utilising the detailed depth data provided by the simultaneous

OpUS image, the FlS can be normalised for distance. While fluorescence imaging

is not depth resolved, the correction of intensity loss over depth allows the FlS data

to display changes in cell type independent of distance. Inversely, normalised FlS

data can be overlaid on the OpUS image to provide supporting information on the

biological makeup of the imaged tissue.

The work in this chapter details a preliminary investigation into the develop-

ment of a dual-modal FlS-OpUS probe with a lateral field-of-view. Here, a proof-

of-concept device was developed alongside an image acquisition and processing

methodology. This was applied to a series of bespoke phantoms and the correspon-

dence between the modalities was assessed.

5.2 Study I: Proof of Concept of Optical Fluores-

cence Sensing

While fluorescence imaging has been demonstrated for identifying malignant tis-

sue previously, many methods require complex equipment and computationally-

intensive results [220]. FlS, by comparison, provides a more straightforward and

simplistic approach to detecting specific fluorophores. This method typically used

miniaturised sensors that can be easily integrated into catheters, endoscopes, or

other invasive tools, allowing for real-time, point-of-care diagnostics within con-

fined areas of the body [221]. Furthermore, FlS generally requires less power and

space, making it particularly suitable for miniaturised devices.

Here, a simple proof-of-concept of an all-optical FlS system was demonstrated

using uncoated optical fibres connected to a US excitation source and a standard

spectrometer, prior to combined US-FlS imaging. This was to be used as a ‘gold

standard’ to compare with the FlS data acquired in subsequent studies.
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5.2.1 Methods

Here, two 400 µm uncoated fibres were used (FG400LEP, Thorlabs, UK); one for

excitation light delivery and one for transmission of the resulting FlS. Continuous

wave excitation light was provided by a Ultraviolet (UV) Light Emitting Diode

(LED) (MP365FP1, Thorlabs, USA). The emitted light excited a fluorescent re-

sponse when incident on the target. This fluorescent response was received through

the adjacent fibre and interrogated by a spectrometer (Maya2000 Pro, Ocean Op-

tics, USA), using an integration time of 6 ms, which was the minimum time the

spectrometer was capable of achieving.

The imaging target used here was a laser alignment disk (ADF9, Thorlabs,

USA) with a known fluorescence emission of ca. 560− 600 nm. Contrast was

added using a cable tidy in an X-shape (Fig. 5.3). The FlS probe was attached to

a dual-axis translation stage and data was acquired in a grid formation through a

step-by-step raster scan.

Figure 5.3: Photograph of fluorescence imaging process and imaging target.

For each fluorescence measurement, the optical spectrum was acquired across

a range of 200−1200 nm with a 0.5 nm bin size; this was the standard acquisition

range for the spectrometer used. Here, the mean of the intensity I in the fluorescence

response window (λmin−λmax) was calculated, given here to be 560−600 nm. This

was normalised using the maximum absorption value, which is typically given at the

wavelength of the input excitation UV light:
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I =
I(λmin)+...+I(λmax)

(λmax−λmin)

Imax
(5.1)

This results in the data being translated into matrix of intensity values for each

acquisition point.

5.2.2 Results

Figure 5.4: a) Light spectra at position [1,1]. b) Light spectra at position [61,61]. c) Re-
constructed image of alignment disk fluorescence with contrast provided by
cable tidy. Image corresponds to photograph in Fig. 5.3.

The resulting image is a 2D view of the imaging target. Here, the contrast

was clearly visualised (Fig. 5.4c)), with a maximum SNR of 17 : 1. The excitation

wavelength of 385 nm saturated the spectrometer, measuring 100% intensity (Fig.

5.4b)). No fluorescence signal was detected within the contrast region.

5.2.3 Discussion

The spectrometer used here is also used for characterising the optical profile of com-

posite coatings in Chapter 3. In that context, additional measurements are taken for

each study fibre to eliminate background light from the spectra. In particular, a

‘dark’ measurement is acquired to characterise any extraneous light, which is sub-
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sequently detracted from the spectra. Here, it is not possible to incorporate these

measurements during an imaging process. However, the saturation of the spectrom-

eter caused by the excitation light creates a natural normalisation point. In this

respect, the intensity of the received light is measured as relative to the intensity of

the excitation light source, rather than as a photon count per second. This is not

atypical; the intensity measured by a spectrometer is typically expressed in arbi-

trary units because the measurement depends on factors such as the sensitivity, the

calibration, and the use of a known light source [222].

However, using a saturated signal for normalising fluorescence data has sev-

eral limitations. Saturation prevents accurate measurement of true excitation inten-

sity, leading to potential inaccuracies in normalisation. Many spectrometers exhibit

non-linear responses near saturation, introducing errors, while variations in experi-

mental conditions can cause inconsistencies. Additionally, normalisation based on a

saturated signal may overcompensate fluorescence intensities, distorting the recon-

structed image. Weaker fluorescence signals may be disproportionately affected,

reducing the signal-to-noise ratio. A more reliable approach may involve using

calibrated reference standards for improved accuracy, but this could introduce com-

plexity when translating this approach to tissue imaging, particularly for clinical

applications.

This normalisation dictated a SNR of 17 : 1 in the region of 560− 600 nm.

The SNR of commercial fluorescence sensing systems is typically ≥ 20 : 1 [223,

28]. This indicates that, whilst demonstrating room for improvement, this method

represents a good proof-of-concept for a simple FlS sensing system.

However, this probe requires modification to be compatible with the diame-

ters required for a clinical endoscope in conjunction with the OpUS probe. The

proposed modification is to use a single fibre for both transmission and receiving of

light. This would minimise the diameter of the device, as well as ensure a consistent

incidence of the excitation light to normalise the intensity of the received spectra.
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5.3 Study II: Integration of Modalities
This study describes a proof-of-concept device, which demonstrates that fluores-

cence can be combined with OpUS in a miniature form factor. Here, the FlS device

used in the previous study was modified to use a single fibre. This was used in

conjunction with an OpUS probe to acquire images of a simple planar surface. The

results acquired were used to develop an image coregistration process, including a

FlS intensity depth-correction process based on an analytical model. Here, depth

correction is applied to compensate for signal loss over depth, rather than to make

the fluorescence depth-resolved.

5.3.1 Methods

5.3.1.1 Combined Imaging System

For this study, as imaging system was developed which comprised an OpUS imag-

ing system and a fluorescence sensing system. Each comprised several components,

as detailed in the following sections.

OpUS Imaging System

The OpUS imaging system used here is described previously in Chapters 3

and 4. Briefly, an OpUS transmitter was fabricated on a 400 µm optical fibre us-

ing a rGO-PDMS bilayer composite coating. This was used in conjunction with a

planoconcave microresonator for US reception to create the OpUS probe (Fig. 5.5).

The probe was used in a forward-viewing configuration as described in Chapter 3.

For US generation, pulsed excitation light (wavelength: 1064 nm, pulsewidth:

2 ns, pulse energy: 30 µJ) was delivered into the US transmitter from a Q-switched

Nd:YAG laser (SPOT-10-500-1064, Elforlight, UK). The US receiving fibre was

interrogated with a continuous wave light delivered by a tuneable laser (Tunics

T100S-HP CL, Yenista Optics, France, tuning range: 1500 − 1630 nm, power:

4.5 mW). As described previously, the low-frequency component of the received

signal was digitised and used to record the FP transfer function and track the opti-

mum bias point of the interferometer transfer function [224]. The high-frequency

component was the US component originating from variations in the reflectivity of
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Figure 5.5: Schematic of fibre arrangement for a forward-viewing combined FlS-OpUS
probe consisting of a fluorescence excitation/reception fibre, with UV input
light (yellow) and spectrometer interrogation of the fluorescence emission (or-
ange), and an OpUS probe, with input pulsed 1064 nm laser light generating
US (red) through a composite rGO-PDMS coating and the reflected US (blue)
being received by a fibre-optic hydrophone.

the FP cavity produced by the impinging US waves.

Fluorescence Sensing System

The FlS system comprised of a single uncoated 400 µm fibre (Fig. 5.5). A fibre

splitter (TM200R5S1B, Thorlabs, USA) was used to facilitate both light emission

and reception through a single fibre.

Continuous wave excitation light was provided by a UV LED (MP365FP1,

Thorlabs, USA). The emitted light excited a fluorescent response when incident on

the target. This fluorescent response was received through the same fibre emitting

the excitation light and interrogated by a spectrometer (Maya2000 Pro, Ocean Op-

tics, USA), using an integration time of 6 ms.
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5.3.1.2 Data Acquisition

OpUS and FlS data were acquired concurrently during a single scan. Here, a step-

by-step raster acquisition process was used, as described in Section 3.5. The prox-

imal end of the probe was mounted on a translation stage (MTS50-Z8, Thorlabs,

USA), which moved the probe a specified distance, paused during data acquisi-

tion, and then moved again. Data was acquired for both modalities at each point,

which were concatenated for each modality to form a full dataset. Each US A-line

consisted of 4000 data points which corresponded to a total imaging depth of ca.

30 mm. Each FlS measurement consisted of the intensity spectra across a range of

200−1200 nm with a 0.5 nm bin size. The imaging target used here was a simple

fluorescent slide angled at a 30° decline (FSK4, Thorlabs, USA) (Fig. 5.5). This

provided a known target for use in verifying both the surface detection method and

the modelling of fluorescence loss over depth. All experiments were carried out in a

water bath and the imaging target was submerged and angled such that the imaging

probe could acquire a top-down image (Fig. 5.5).

5.3.1.3 Image Processing

Ultrasound Post Processing

The US processing was carried out as described previously (Section 4.3.1.3)

(Fig. 5.6a)). Briefly, the acquired A-lines were concatenated, followed by the appli-

cation of a bandpass filter (Butterworth, 4th order, 1.5−40 MHz) and a cross-talk

removal algorithm as described in [177]. This was followed by the application of

digital time-gain compensation [179]. The image was then reconstructed using the

k-Wave toolbox [77, 225], using a k-space method based on the fast-Fourier trans-

form. Finally, the signal envelope was found using the absolute value of the Hilbert

transform followed by a log transformation.

Surface Detection

A surface detection method was implemented to identify the target surface and

determine the position of the fluorescence signal within the image. In this approach,

each A-line was analysed individually to detect the fluorescence signal. The pro-

cess began by iterating through the A-line to identify the first pixel with an intensity
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Figure 5.6: Image processing steps: a) Reconstructed OpUS image of target consisting of a
slanted surface. b) Corresponding detected surface. c) Experimental data using
the corresponding fluorescence measurements from the angled surface (blue)
and modelled data using Equation 5.6 (orange) to show fluorescence intensity
loss over depth. d) Fluorescence intensity corrected for depth over the width
of the image. e) Fluorescence results i) before and ii) after depth correction is
applied. f) OpUS image with fluorescence overlay.

value exceeding a predefined threshold. Once identified, the algorithm continued

scanning to determine whether subsequent pixels also remained above the thresh-

old. To mitigate the influence of noise, a minimum grouping of five consecutive

pixels was required for detection. If a group contained fewer than five pixels above

the threshold, it was disregarded, and the iteration proceeded to the next potential

grouping. When a valid grouping of five or more pixels was detected, the index of

the first pixel in this group was recorded for depth correction.

The fluorescence mask was then defined by continuing the iteration from this

grouping until a pixel with a value below the threshold was encountered. This

identified grouping was subsequently used to assign the fluorescence mask. If no
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Figure 5.7: Schematic of steps taken for surface detection method.

grouping of at least five consecutive pixels above the threshold was found, the A-

line was assigned a null fluorescence value.

Fluorescence Post Processing

The fluorescence signal obtained consists of a matrix of 2000 data points at

each sensor location corresponding to the light intensity of the wavelength range.

This was translated into a one dimensional series with a signal intensity value for

each sensor location (Fig. 5.6e)i)). A fibre splitter was used to facilitate signal

reception and provide a zero value for the fluorescence measurements. Received

fluorescence intensity measurements were normalised against the saturation point

provided by the excitation wavelength. The fluorescence emission window of the

imaging target was found by comparing the entire dataset and locating the wave-

lengths where the light intensity fluctuates significantly. The fluorescence window

of the imaging target here was found to be in the region of 470 - 520 nm. The

average of this window was calculated for each sensor location resulting in the one

dimensional data array.

Depth Correction

The depth correction process used an analytical fluorescence model as a func-

tion of depth. Assuming the light emission from the distal end of the fibre can be

considered a point source, the radiated energy produces a spherical wave. Using the

inverse-square law, the light intensity I as a function of distance x can be expressed

as:
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I ∝
1
x2 (5.2)

Applying the law of conservation of energy, the light intensity I from a power

source P over an irradiated area A is given as:

I =
P
A

(5.3)

Given the spherical wave, the irradiated area A is expressed as:

A = πr2 (5.4)

The point source consists of a 400 µm diameter fibre. Assuming that the ab-

sorption and scattering of the signal are negligible compared with the signal loss

due to the acceptance angle of the optical fibre, the signal loss can be modelled.

Given the Numerical Aperture (NA) of 0.22, the maximum acceptance angle θacc

can be calculated as 12.71 °. The radius of the irradiated area can therefore be given

as:

r = d f + x tanθacc (5.5)

This can be substituted into Equation 5.2 to give a modelled fluorescence loss

as a function of depth as:

f (x) =
1

π(d f + x tanθacc)2 (5.6)

where d f is the optical fibre diameter, θacc is the maximum acceptance angle

of the optical fibre, and x is the depth given by the surface detection. The acquired

fluorescent signal showing the loss of signal over depth can be seen in Fig.5.6c)

alongside the modelled loss. This model was applied to the one dimensional array

of fluorescence data in order to correct for signal loss over depth (Fig. 5.6d)).

Coregistration

The depth-corrected fluorescence was used to create a colourmap indicating the
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magnitude of processed fluorescence (Fig.5.6e)ii)). This colourmap was applied as

a mask using the surface location data and overlaid on the OpUS image (Fig.5.6f)).

5.3.2 Results

The analytical model was assessed using the slanted surface phantom. The exper-

imental and modelled fluorescence loss for this target can be seen in Figure 5.6c).

The difference is reported at 0.5% at both 0 and 15 mm. In contrast, at the maxi-

mum measured depth of 30 mm, the difference is 2.75%. On average, the difference

across the depths is 1.5%.

The angled slide appeared as a slanted surface in the image (Fig. 5.6a)), which

was used to assess the accuracy of the modelled loss. Here, the measured fluores-

cence signal decreased with depth following an inverse square pattern, with approx-

imately 50% of the signal lost within the first 4 mm and 90% lost over 15 mm. The

peak SNR was measured to be 15 : 1.

5.3.3 Discussion

Here, a hybrid device was demonstrated by imaging a simple planar surface with a

known fluorescence emission window. This target was used to assess the bespoke

surface detection and depth-correction methods developed.

The depth-correction was applied using a simple analytical model, which was

based on the assumption that signal loss from the acceptance angle outweighs ab-

sorption and scattering. However, the model’s accuracy diminished with increasing

depth. Images were limited to a depth of 30 mm; between 20 and 30 mm, the

signal drops to less than 10% of its original strength, and discrepancies between ex-

perimental and model values grow, likely leading to inaccurate correction factors.

However, in the context of clinical imaging, the fluorescence emitted by targets like

GI tissue typically originates near the surface, close to the imaging probe, where

sensitivity is higher.

The required sensitivity for clinical conditions must be considered. Fluores-

cence intensity alone is not a reliable indicator; while it may be proportional to

fluorophore concentration in low volumes, high concentrations can lead to concen-
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tration quenching and fluorescence reabsorption [226]. For intensity to be propor-

tional, factors such as specific excitation/emission wavelength pairs must be con-

sidered [227], along with corrections for the fraction of states and the fluorescence

quantum yield of each state[228]. As such, creating a binary map of fluorescence

presence may be more critical than achieving high sensitivity, though depth correc-

tion remains important.

The depth correction factor is determined based on the depth obtained through

surface detection, using a simplified thresholding method to identify the single up-

per edge. However, this method has difficulty handling image noise, which in-

creases the likelihood of detecting weak edges or misidentifying noise as an edge.

This method could be replaced by edge detection algorithms like Canny or Sobel

operators, but they tend to favour horizontal and vertical edges, making them un-

suitable for tissue imaging, where edges are often irregular and curved [229]. These

biases limit their effectiveness in accurately detecting the complex contours typical

of biological tissues.

Due to the preliminary nature of this study, several limitations prevent this

methodology from being directly applicable in a clinical setting. For instance, the

analytical model assumes negligible scattering and absorption of fluorescence (FL)

excitation light, whereas tissue imaging would experience significant optical losses.

Additionally, a more sensitive and wavelength-selective fluorescence sensor would

be required for endogenous imaging, where signal levels are typically lower. Other

limitations include motion artefacts, which could impact image stability in a dy-

namic biological environment, and depth-dependent signal attenuation, which may

require advanced correction techniques for accurate quantification. Furthermore,

there is currently no method to account for interference from autofluorescence of

surrounding tissues, which could interfere with signal specificity in a clinical sce-

nario.

It is also of note that the acquisition time is not sufficient for clinical trans-

lation. This study used a step-by-step raster acquisition process acquired with a

XY plane translation stage (MTS50-Z8, Thorlabs, USA). In development, the need
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was realised for a continuous acquisition for seamless integration with the probe

developed in Chapter 4. Here, the acquisition speed is limited by the integration

time required by the spectrometer. This could be addressed by using an alternative

detector such as APDs or PMTs, which demonstrate almost instantaneous acquisi-

tion. However, as discussed in Section 2.6.1.3, PMTs are difficult to integrate into

compact systems due to their size, and APDs demonstrate a poor SNR.

5.4 Study III: Co-registered OpUS Imaging and FlS
The study outlined in Section 5.3 concluded that continuous acquisition was re-

quired in the development of this device for the required context. As such, a solu-

tion had to be found for acquiring spectra at known locations based on time intervals

as opposed to distance intervals. For the OpUS probe, the pulse repetition rate can

be dictated to acquire A-lines at set time intervals. Due to the constant movement

speed of the motor, the location of these A-lines can be determined. However, this

process is only possible due to the virtually instantaneous A-line acquisition; the er-

ror in position is negligible (±1.5 µm), and any possible errors are counteracted by

the delay-and-sum image reconstruction process. As such, images can be reliably

acquired at pullback speeds of 100 mm/s [36].

In comparison, the spectral acquisition is dictated by, and indeed qualitatively

proportional to, the exposure time; a longer exposure time will result in a more

precise measurement, especially when dealing with weak signals, as the increased

light acquisition will enhance the SNR. The recommended exposure time for the

MayaPro is 6 ms - 5 s. As such, applying the same approach as the OpUS modality

of acquiring data at set time intervals is not as simple for FlS. Firstly, the movement

speed is significantly limited. This is primarily due to the exposure time needing

to be shorter than or equal to the step acquisition time. For example, using the

minimum exposure time t of 6 ms and a step size d of 50 µm, the maximum speed

is given as:

s =
d
t
=

0.05
0.006

= 8.33mm/s (5.7)

Secondly, the quality of the results will tend to decrease as the speed tends to the
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maximum. Each measurement takes 6 ms to acquire, during which time the probe

will have moved 50 µm if moving at the maximum velocity. As this speed requires

the minimum possible exposure time, this is likely to correlate to a poorer result.

Additionally, some time must be allowed for the computational process of acquiring

the data at that point. As such, the continuous imaging speed for an A-line spacing

of 50 µm was restricted to 7 mm/s. Dedicating the entire integration time to move-

ment gives a step size of 42 µm per FlS acquisition. A scan length of 50 mm would

be acquired here in 7.1 seconds.

This study demonstrates continuous multi-modal imaging in conjunction with

a lateral-viewing probe. A range of bespoke phantoms were fabricated and imaged,

with the modalities exhibited in coregistered images.

5.4.1 Methods

5.4.1.1 Imaging System

OpUS Probe

A modified transmitter was fabricated on a 400 µm optical fibre (FG400LEP,

Thorlabs, USA) (Fig. 5.8a)i)). Firstly, the distal face of an optical fibre was pol-

ished to a 45°surface (Fig. 5.8a)ii)). Subsequently, a bilayer rGO-PDMS composite

coating was manually applied to the polished surface (Fig. 5.8a)iii)), as described

previously (Section 4.2). For US reception, a planoconcave microresonator was

used in conjunction with the US transmitter (Fig. 5.8c)); this has been described

previously [136] (Section 3.5).

OpUS Console

The console used was described in previous studies (Section 3.5, 4.3). Briefly,

this comprised optoelectronic components to deliver pulsed excitation light to the

OpUS transmitter and interrogate the OpUS receiver (Fig. 5.8d)). For US gener-

ation, pulsed excitation light (wavelength: 1064 nm, pulsewidth: 2 ns, pulse en-

ergy: 30 µJ) was delivered into the US transmitter from a Q-switched Nd:YAG

laser (SPOT-10-500-1064, Elforlight, UK). The US receiving fibre was interrogated

with a continuous wave light delivered by a tuneable laser (Tunics T100S-HP CL,

Yenista Optics, France, tuning range: 1500−1630 nm, power: 4.5 mW).
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Figure 5.8: Schematic of combined OpUS-fluorescence probe. a)i) - iv) Transmitter fabri-
cation process; i) stripped and cleaved optical fibre, ii) a fibre tip polished to
45° angle, iii) silver mirror applied to angled surface to create the fluorescence
fibre, iv) OpUS-generating composite coating applied to angled surface to cre-
ate the OpUS transmitter. b) Stereo-microscope image of probe tip showing 45°
surfaces from the side view with scale bar. c) Schematic of the side-viewing op-
tical transducer. US transmitting fibre and omnidirectional receiver (orange),
combined with fluorescence transmission/reception fibre (green). Probe sub-
merged in saline water bath and directed at the imaging target. d) Imaging
console comprising pulsed excitation light delivered to the transmission fibre
and CW light delivered from a wavelength-tuneable laser to the receiving fibre.
e) Console comprising CW excitation light delivered by a UV LED and spec-
trometer for received fluorescence. f) Schematic of data acquisition process
showing the transducer being pulled back within a stationary endoscope and
catheter by the motorised stage.
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Fluorescence Probe

The fluorescence sensing system comprised of a single uncoated 400 µm fibre.

This was polished to create a 45°surface which was subsequently coated with silver

mirror paint to create a side view (Fig. 5.8a)iv)). A fibre splitter (TM200R5S1B,

Thorlabs, USA) was used to facilitate both light emission and reception through a

single fibre (Fig. 5.8e)).

Fluorescence Console

Continuous wave excitation light was provided by an UV LED (MP365FP1,

Thorlabs, USA) (Fig.5.8e)). The emitted light excited a fluorescent response when

incident on the target. This fluorescent response was received through the same

fibre emitting the excitation light and interrogated by a spectrometer (Maya2000

Pro, Ocean Optics, USA), using an integration time of 6 ms.

Imaging Probe

To facilitate medical application, the probe was incorporated within a medi-

cal grade catheter. An ultrasonically transparent sheath was adapted from an en-

dobronchial guide sheath (K201 EBUS Sheath, Olympus, US). The three optical

fibres were aligned longitudinally, with the US receiving fibre extended ca. 1 mm

beyond the other two to facilitate the reception of US reflections (Fig. 5.8b),c)).

The fibres were fixed in place within the tubing using sealing wax and heat shrink

tubing, and the probe was then inserted into an US-transparent sheath (ID: 1.4 mm,

OD: 1.6 mm) via a Y-piece connector which allowed flushing with water during

experiments. For device delivery during experiments, a mock endoscope with an

outer diameter of 5 mm and a 2 mm working channel was fabricated out of steel

hypotubing to correspond with standard clinical gastrointestinal endoscopes; this

has been described previously (Section 4.2.2.2). The catheter was inserted through

the working channel of the mock endoscope for imaging.

5.4.1.2 Image Processing

Data Acquisition

OpUS imaging and fluorescence sensing was acquired concurrently during

a single motorised pullback, which has been described previously (Section 4.5).
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Briefly, the proximal end of the probe was mounted on a motorised translation stage

(Fig. 5.8f)) (DDSM100, Thorlabs, UK, maximum speed: 500 mm/s, travel range:

100 mm) to provide pullback motion. The probe was clamped such that the Y-joint

and sheath were held stationary while the probe was pulled back within the sheath

(Fig. 5.8f)).

Data was acquired for both modalities at set intervals, equating to an acqui-

sition step size of 50− 240 µm using speeds of 7− 40 mm/s to assess the attain-

able image quality during a clinically relevant imaging time-span. Each US A-line

consisted of 4000 data points which corresponded to a total imaging depth of ca.

30 mm. For fluorescence measurement, the optical spectrum was acquired across

a range of 200−1200 nm with a 0.5 nm bin size. Each acquisition point was then

concatenated and processed to form a full image.

Data Processing

The post-processing of the data has been outlined in Section 5.3.1.3. Briefly,

the US image was reconstructed through the application of bandpass filters, cross-

talk removal and TGC, before being reconstructed using the k-Wave toolbox. A

surface detection method based on thresholding was applied to identify the target

surface. This creates both a matrix of positional data and a mask for the fluorescence

overlay. The fluorescence signal was translated to a 1D series with a signal intensity

value for each sensor location. This was corrected for loss over depth by applying

an analytical model in conjunction with the positional data acquired through surface

detection. This corrected data was used to populate the mask acquired by the surface

detection.

5.4.1.3 Imaging Targets

All experiments were carried out in a water bath and imaging targets were sub-

mersed and angled such that the imaging catheter could acquire a top-down image

through rapid pullback acquisition (Fig. 5.8f)). Initial studies used a simple fluo-

rescent slide angled at a 30° decline (FSK4, Thorlabs, USA) (Fig. 5.9a)i)). This

provided a known target for use in verifying both the surface detection method and

the modelling of fluorescence loss over depth in comparison with the configuration
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demonstrated in the previous study.

To assess the correlation between the two modalities, a variety of phantoms

were fabricated using a fluorescent filament (Polylite PLA, 3D Filaprint, UK) with

a known excitation (385 nm) and fluorescent emission wavelength (470-520 nm).

Firstly, a phantom was fabricated to assess the capabilities of the imaging probe.

The phantom consisted of standalone posts (width: 1 mm) at decreasing heights

with respect to the imaging path (Fig. 5.9a)iii)). An additional phantom was fabri-

cated using the florescent filament comprising posts of decreasing widths (5 mm -

0.2 mm) to assess the positional accuracy of the fluorescent overlay (Fig. 5.9a)ii).

To produce clinically relevant images, a phantom was fabricated consisting of

a segment of ex vivo porcine oesophagus (Medmeat, UK) with fluorescent inserts

to simulate tissue contrasts. The tissue was acquired frozen, and subsequently de-

frosted and imaged immediately in a bath of saline solution. A 10 cm section of the

oesophagus was mounted in a water bath with a mesh formed of fluorescent fila-

ment inserted inside (Fig. 5.10a)). Each section of mesh was 0.2 mm in diameter,

and was aligned such that the mesh was in-line with the surface of the oesphageal

tissue. The mock endoscope was inserted into the lumen, and the imaging probe

was inserted through the instrument channel such that it extended out of the distal

end into the oesophageal lumen.

5.4.2 Results

The lateral correlation of the two datasets was assessed using the known positions of

the post phantoms. For instance, the horizontal distance from the starting position

of the probe to the second post in Figure 5.9d) is given to be 7.2 mm, corresponding

to a probe-target distance of 6 mm. At this point, the initial fluorescence signal was

expected to appear in the 144th measurement. In practise, the signal appeared in the

143rd measurement and peaked at the 145th measurement. This lateral correlation

was repeated at faster imaging speeds of 40 mm/s, albeit with slightly less accuracy.

Taking the same post, for example, the fluorescence signal was expected to appear at

the 30th measurement, but was not significantly apparent until the 31st measurement

in practise. However, this lateral correlation remained consistent across the entire
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Figure 5.9: Co-registered fluorescent sensing-OpUS images of besoke phantoms. a)i) -
iii) schematics of fabricated phantoms: i) slanted surface phantom, ii) stepped
posts of decreasing widths, iii) stepped posts of decreasing height. b) - e)
coregistered fluorescence-OpUS images displayed with a dynamic range of
−35 : 0 dB of the phantoms shown in: b) part a)i), c) part a)ii), d) part a)iii)
taken at 7 mm/s with a corresponding step of 50 µm. e) image d) repeated with
an imaging speed of 40 mm/s and a corresponding step of 240 µm. Right: dB
scale bar (top) and fluorescent contrast scale (bottom).

30 mm depth for both acquisition speeds.

Ex vivo swine oesophagus was imaged to investigate the clinical potential of

the multi-modal probe and demonstrate its capability for gastrointestinal imaging

(Fig. 5.10b)-c)). The full thickness of the oesophageal wall was visible in the US

image; both the inner (green arrow) and outer (red arrow) surfaces appeared as

distinct boundaries. The cork mount appeared in both images at a depth of approx-

imately 10 mm (yellow arrow). The fluorescence overlay appeared in the surface

layer of the tissue. The fluorescent inserts appeared as intermittent areas of variable

sizes. This is to represent areas where the biomarkers of a particular fluorescence

window are present. The opacity of the colour indicates the intensity of the fluores-

cence signal. The peak SNR here was measured at 14 : 1
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Figure 5.10: Overlaid fluorescence-OpUS images of ex vivo swine oesophageal tissue with
fluorescent insert (a)i) - iii)) taken of two pieces of tissue (b)-c)) taken at
speeds of 7 mm/s (b)i) and c)i)) and 40 mm/s (b)ii) and c)ii)). Right: dB scale
bar (top) and fluorescent contrast scale (bottom). Part c)i) labels showing:
cork mount (yellow), inner edge of tissue (green), outer edge of tissue (red),
mucosa (orange) and submucosa with oesophageal glands (blue).

5.4.3 Discussion

As with the previous study, depth-correction was applied here using a simple ana-

lytical model, which was based on the assumption that signal loss from the accep-

tance angle outweighs absorption and scattering. This model was not altered for

application to a lateral field-of-view. As noted in Section 5.3, the model’s accu-

racy diminished with increasing depth. However, the accuracy of the model applied

here was consistent with that of the previous study. In a clinical context, it may be

more critical to obtain a binary map of fluorescence presence as opposed to a high

accuracy of the received intensity.

To this end, this model was then applied to a series of phantoms with raised

steps made from a material with a known fluorescing window. The results showed

that the fluorescence signal aligned with the OpUS image within a single acquisi-

tion step, indicating strong linear alignment of the signals. However, at faster image
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acquisition speeds, the quality of the US image declines due to the increased A-line

spacing [36]. The lateral accuracy of the corresponding fluorescence data also de-

clined. This could be due to either the reduced number of measurements leading to

sampling errors, or the lower quality of the US image causing inaccuracies in the

surface detection and therefore the fluorescence depth correction. In this case, the

depth correction factor is determined based on the depth obtained through surface

detection, using a simplified thresholding method to identify the single upper edge.

However, this method has difficulty handling image noise, which increases the like-

lihood of detecting weak edges or misidentifying noise as an edge. This method

could be replaced by edge detection algorithms like Canny or Sobel operators, but

they tend to favor horizontal and vertical edges, making them unsuitable for tissue

imaging, where edges are often irregular and curved [229]. These biases limit their

effectiveness in accurately detecting the complex contours typical of biological tis-

sues.

The full thickness of the ex vivo swine oesophageal tissue was resolved with

clear tissue layers visible. The coregistered image demonstrated clinically relevant

details, with the US data providing structural contrast and the FlS data providing

complementary molecular specificity. In future work, the origin of the tissue bound-

aries indicated here could be verified through tissue histology or another reliable

ground truth imaging technique. It is important to highlight that in vivo applications

would depend on the tissue response, whether endogenous or exogenous, to indicate

biomarkers such as dysplasia [10]. However, in this study, a fabricated insert was

used to simulate abnormal tissue in a controlled manner to allow for validation. An

additional development could involve using fluorescing dyes, such as Indocyanine

Green (ICG), with ex vivo tissue to evaluate imaging quality. Alternatively, incorpo-

rating both inserts and dyes could showcase the probe’s capability for multispectral

FlS.

Previous studies have shown hybrid all-optical imaging using a wavelength-

selective composite coating on a single optical fibre. However, this design likely

compromises at least one imaging modality; [142] found that the developed
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wavelength-selective composite had lower pressure and bandwidth compared to

other available options. Here, using two fibres allows for optimal performance

of both imaging modalities independently while still maintaining a clinically-

compatible small diameter. Specifically, keeping fluorescence sensing as a separate

component allows for greater adaptability. Previous studies have employed various

excitation wavelengths to target different biomarkers [10, 230, 231]. By isolating

the fluorescence element, the probe can potentially accommodate a broader range

of tissue imaging needs with only a minimal increase in diameter.

It is important to note that the dual modality imaging technique here provides

a slower imaging speed than that demonstrated previously (Section 4.5). This is

in order to accommodate for both the processing time and the integration time re-

quired for each fluorescence acquisition. However, the maximum speed here of

40 mm/s is still capable of achieving > 5 s time-spans for image acquisition while

maintaining competitive imaging resolutions. As stated previously, this faster ac-

quisition speed correlates with a poorer imaging resolution and therefore accuracy

of the fluorescence overlay; this is dictated by the minimum integration time of the

spectrometer used for sensing. This issue could be addressed by using alternative

detectors like PMTs, which offer high sensitivity and fast response times, making

them well-suited for real-time applications [143]. However, PMTs are bulky and

fragile, posing challenges for integration into compact systems, and they are also

sensitive to magnetic fields, necessitating additional shielding [143]. Alternatively,

APDs could serve as a durable, low-cost detector. While their lower sensitivity

might limit use in applications requiring high precision, they would be adequate for

generating a binary fluorescence map [143].

5.5 Chapter Conclusions

In this chapter, a novel hybrid all-optical imaging probe combing ultrasound imag-

ing with complementary fluorescence sensing was demonstrated. Here, OpUS

imaging provides structural contrast with imaging depths of up to 40 mm, whilst

FlS can be used to differentiate tissue types thus providing complementary infor-
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mation. The device comprised miniaturised components which are compatible with

current clinical endoscopes and provided a view of the imaging target perpendicular

to the fibre direction. The US transmitter generated a peak-to-peak pressure suffi-

cient to enable US imaging with no averaging. Further, the bandwidth was suitable

to generate a high imaging resolution [63]. Fluorescence sensing was performed

using a single optical fibre, with US excitation light generating the fluorescence,

which was then detected by a spectrometer.

A range of fluorescent phantoms were fabricated and imaged at speeds of

7− 40 mm/s to evaluate the capabilities of the probe. OpUS images and fluores-

cence data were co-registered and displayed as a single image. The quality of the

co-registration was assessed at a variety of pullback speeds. To demonstrate the

potential of the device for clinical imaging, an ex vivo swine oesophagus with flu-

orescent inserts was imaged with device delivery through the working channel of a

mock endoscope.

Fundamentally, this work demonstrates that low-cost materials can be used to

fabricate a hybrid, dual-modality imaging device, with modalities providing com-

plementary information for one another. Additionally, the packaging of the probe

in a clinically compatible catheter is a key step towards bringing fibre-optic hybrid

probes through medical translation. It is expected that this device will be further

developed for in vivo studies, with optimisation of both the available acquisition

time and the handling for a preclinical environment. A further area of development

for pre-clinical translation is to establish and test the appropriate light sources for

targeting the endogenous fluorescence of various biomarkers. Additionally, this de-

vice demonstrates significant potential for multi-spectral FlS; this could be further

developed.



Chapter 6

Conclusions

6.1 Initial Requirements
This thesis explores the development of a hybrid imaging tool for use in imaging

the GI tract. During Chapter 1 a set of requirements was laid out for this device

(Section 1.2). As stated, these requirements provided a guiding framework; as a

proof-of-concept investigation, these were not expected to be fully met. However,

several of these requirements have been met during the work.

• Device diameter. This was specified to be a suitably small diameter to fit

within current surgical workflow. This requirement was not only met but ex-

ceeded; the device was successfully incorporated into a clinically compatible

sheath, allowing it to pass through the working channel of a mock endoscope.

This integration demonstrates the device’s practical applicability in real-world

clinical settings, highlighting its potential for use in minimally invasive pro-

cedures where space constraints and compatibility with existing surgical tools

are critical. The successful adaptation within the mock endoscope setup un-

derscores its readiness for translation into clinical environments.

• Acquisition time. Here, a target of less than one minute was set. Again, this

target was exceeded. Subsecond acquisition times were achieved for OpUS

imaging, without compromising image quality. When FlS was incorporated,

the acquisition time was larger, but still ≤ 1 minute for a 50 mm scan.

• Low cost. This device is inherently designed to be single-use. While the
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cost of the permanent elements such as the imaging consoles are significantly

larger than this cost target, the cost of fabricating each probe meets this target.

• Peak pressure. Transmitters fabricated here generated pressures in excess of

1 MPa which is sufficient for the penetration depth required by the intended

context of this device. This was demonstrated by the optimised Epolight-

PDMS coatings in both of the transmitter configurations.

• Bandwidth. In particular, the broad bandwidths exhibited by the DD

Epolight-PDMS coatings exceeded this requirement significantly. Band-

widths in excess of 30 MHz were recorded. This indicates the potential for a

high-resolution OpUS imaging device.

• Resolution. In conjunction with the broad bandwidths, the resolutions here

were significant. While the axial resolution was not specified as a target, val-

ues as low as 45 µm were recorded. The corresponding lateral resolution did

not quite reach the intended target, recording an average of 120 µm. However,

this is still a significant value, as this was acquired using a novel transmitter

and novel acquisition method. Further optimisation could include modifi-

cation of the transmitter to achieve a broader bandwidth and broader beam

divergence in order to meet this resolution target.

• Penetration depth. This is directly related to the peak pressure generated

by the transmitters. In this case, the high pressure caused the imaging pene-

tration depth to surpass the intended target. Images were acquired of depths

≤ 40 mm. This successfully imaged through the ex vivo swine aorta and oe-

sophageal tissue.

• Fluorescence SNR. This target was not quite met. The FlS sensing demon-

strated a SNR of 17 : 1. However, this is a significant value for a proof-of-

concept device with no amplification or averaging and a minimal integration

time. This could be improved by using alternative detectors such as APDs,

or incorporating components such as lenses, mirrors or filters. However, dur-
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ing the process of this investigation, it was theorised that a binary map of

fluorescence presence may be a more clinically relevant approach.

• Excitation/emission wavelengths. This target was not met. Firstly, dur-

ing the development of this probe, a known fluorescent target was deemed

more suitable for validating the system and the image processing model. Sec-

ondly, addressing tissue autofluorescence would likely require in vivo imag-

ing, which was not performed.

6.2 Discussion and Outlook
Over the course of this research there has been significant progress in the field of

optical methods for biomedical imaging. Advancements in technologies such as

OpUS, fluorescence spectroscopy, OCT, and photoacoustic imaging have enhanced

the ability to visualise biological tissues with unprecedented resolution and speci-

ficity. Innovations in miniaturisation have allowed these techniques to be incor-

porated into compact, clinically compatible devices, broadening their applicability

in minimally invasive procedures. Additionally, the integration of machine learn-

ing and advanced data processing algorithms has improved image reconstruction

and analysis, providing clinicians with more accurate diagnostic information in real

time. These developments have not only expanded the range of detectable biomark-

ers but also improved the speed, sensitivity, and overall performance of optical

imaging methods, paving the way for new diagnostic and therapeutic possibilities

in clinical practice.

The field of OpUS has advanced from bench-top and lab-based systems to

imaging using a variety of probe configurations. In this work, B-mode pulse-echo

imaging was successfully demonstrated in both forward- and lateral-viewing con-

figurations, highlighting the potential of OpUS for medical imaging. Additionally,

OpUS imaging was achieved with subsecond acquisition times without compro-

mising image quality. This marks a significant advancement in translating this tech-

nology from the laboratory to clinical settings. The lateral-viewing configuration

demonstrated here could provide clinicians with a clear view of the vessel wall,
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which could act as a ‘virtual biopsy’. This probe could be adapted to include rota-

tional imaging similar to that demonstrated by [139], thus rapidly providing a com-

plete view of the vessel. Further developments like this could create an invaluable

clinical tool.

There has been significant work creating composite coatings which can gener-

ate high US pressures and bandwidths from several groups. For device development

there are still many developments to be considered. Currently only a few studies

have used materials which can both absorb and transmit light as a hybrid OpUS

transmitter with complementary modalities [142, 3]. These materials are not as

efficient as the best pure OpUS-generating materials such as carbon-based PDMS

composites. Several new absorbers could be considered, such as Epolight 7665

(Epolin, UK) or quantum dots. The addition of a variety complementary modalities

could be invaluable for clinicians, such as ablation, photoacoustic, or OCT. Over-

all, the future of all-optical imaging in medical contexts is likely to be very exciting

with clinical translation in the near future.
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Appendix B

Bespoke MATLAB Functions for

Image Co-Registration

B.1 Surface Detection

Listing B.1: Surface detection algorithm for use on a two-dimensional OpUS image to find

create a mask of the surface detected (peakPos) and a one dimensional array

of the distance of the surface from the imaging probe (depth).

1 function [peakPos, depth] = findsurface(dataset,

threshold,visibility)

2

3 [data_rows, data_cols] = size(dataset);

4 peakPos = zeros(data_rows, data_cols);

5

6 for col = 1:data_cols

7 peakFound = false;

8 for row = threshold + 1:data_rows

9 if dataset(row, col) > threshold

10 peakPos(row:row + visibility, col) = 1;

11 peakFound = true;

12 elseif peakFound

13 break;
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14 end

15 end

16 end

17

18 depth = zeros(1, size(peakPos, 2));

19 for col = 1:size(peakPos, 2)

20 row_index = find(peakPos(:, col), 1, 'first');

21 if ˜isempty(row_index)

22 depth(col) = row_index;

23 end

24 end

B.2 Fluorescence Correction

Listing B.2: Fluorescence intensity correction outputting the correction factor based on the

depth data given by the surface detection algorithm.

1 function model_values = FL_depth_correction(depth)

2 alpha = 12.71; %in degrees

3 fdiameter = 0.4; %fibre core diameter in mm

4 model_values = 1./(pi*(fdiameter+(depth*tan(deg2rad(

alpha)))).ˆ2);

B.3 Creating a Fluorescence Colormap

Listing B.3: Fluorescence image creation based on the corrected fluorescence data.

1 function FL_image = createFLcmap(FL, cmap)

2 norm = imagesc(FL, [0 1]); % Create scaled colourmap

3 colormap(cmap);

4 cdata = norm.CData; % Colourmap data

5 cmap = colormap(norm.Parent);

6 num = size(cmap, 1); % Number of colours in colourmap
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7 c = linspace(norm.Parent.CLim(1), norm.Parent.CLim(2),

num); % Intensity range

8 idx = reshape(interp1(c, 1:num, cdata(:), 'nearest'),

size(cdata)); % Indexed image

9 FL_image = ind2rgb(idx, cmap);

10 close(norm)
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