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Abstract
This thesis details a collection of design, optimisation, fabrication and characterisation work

to form fiber-optic probes and optical phantom devices for intravascular diagnostics in min-

imally invasive surgery (MIS).

Optically generated ultrasound is an emerging technique to create broadband high

frequency ultrasound via the photoacoustic effect. In the first segment of this thesis, the

development of a novel miniature fiber-optic ultrasound transmitter is detailed. A mor-

phologically controlled coating was formed at the endface of a multimode optical fiber by

controlled electrospinning of a carbon-nanotube composite. Efficient optical ultrasound

generation was realised, with signal amplitude, bandwidth and device form factor suited to

clinical intravascular imaging applications.

Thereafter, precision microfabricated extrinsic fiber-optic interferometric sensors for

MIS intravascular pressure and temperature evaluation were developed. In a first demon-

stration, two-photon polymerisation (TPP) was used to form a high resolution freeform

microscale extrinsic sensing element in a fiber-optic interferometric sensor, comprising of

optical lensing elements, a confined gas cavity and a distal deformable membrane. These

devices were interrogated using low-coherence interferometry and their performance eval-

uated in simulated intravascular conditions. Pressure and temperature sensitivities in the

biomedical range of interest were observed with these devices.

Characterisation and clinical validation of precision microfabricatied probes possess-

ing unconventional sensing geometries used in MIS require complex imaging phantoms. In

the final project, high resolution mesoscale intravascular optical coherence tomography (IV-

OCT) phantoms were created using TPP and micro-injection of tissue-mimicking materials

to simulate healthy and diseased tissue morphology. Sub-resolution IV-OCT phantoms with

anatomic features were realised and verified using a clinical IV-OCT system.

The devices and techniques developed in this thesis pave the way for precision mi-

crofabrication of fiber-optic probes in intravascular ultrasound imaging, multi-parameter

physiological sensing, and the associated 3D mesoscale imaging phantoms. These devices

and fabrication paradigms lend themselves well to prototyping and design optimisation of

miniature medical devices, with potential for clinical translation in the near future.
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Impact statement
Cardiovascular diseases are a leading cause of morbidity and mortality around the world [1].

The significance of addressing this global challenge was recognised by UN as one of its Sus-

tainable Development Goals in 2015 [2]. This has promoted concerted efforts in developing

efficient interventional measures at the population-level and individual-level to mitigate the

associated burden. For treatment of cardiovascular diseases at the individual level, keyhole

surgery (or minimally invasive intervention) presents significant benefits in reducing pa-

tient trauma and length of hospital stay compared to traditional open surgery approaches.

Minimally-invasive diagnostic tools are indispensable in guiding these procedures and reli-

ably assessing the extent of cardiovascular disease.

These miniature probes and tools need to be suited to the size scales of human vascu-

lature, and be safe for clinical use in vivo or assist with operation of devices used therein.

Precision manufacturing with structural resolution in the sub-micron scale are required to

realise such devices. In this work, three novel miniature devices were developed. Micro-

and nano-manufacturing techniques such as electrospinning, laser microfabrication, poly-

mer moulding and microinjection were explored to improve the performance of minimally-

invasive medical devices. Designs, construction methods, and characterisation techniques

to form these three distinct devices for cardiovascular diagnostics were investigated.

First, a novel high-efficiency fiber-optic ultrasound transmitter device for intravas-

cular imaging applications was formulated and tested. The feasibility of electrospinning

nanofibers directly on optical fiber endface was illustrated in this study. Beyond its use

in forming probes for minimally invasive surgery, the process of electrospinning on opti-

cal fiber end-faces could find valuable applications in non-destructive testing of materials,

chemical investigations, and environmental monitoring.

Thereafter, a first instance of multi-functional single-part extrinsic fiber-optic physio-

logical sensors was demonstrated. Their efficacy in intravascular pressure and temperature

sensing was highlighted, however these could also be optimised for use as detectors in ul-

trasound imaging probes in combination with fiber-optic ultrasound transmitters. Precision

laser micro-manufacturing techniques were implemented for construction of the functional

elements. The freeform fabrication and integration paradigm developed for these probes is

expected to aid construction of a new class of microscale optical sensors. Moreover this

technique presents great opportunities in prototyping micro- and mesoscale sensors for de-
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sign optimisation and mechanistic investigations. With this prototype as a foundation in

combination with innovations in metamaterial structures and optically active nanoparticles,

new avenues for minimally invasive sensing could be developed for biochemical, and in-

dustrial application.

In the final segment, hybrid optical phantom models for evaluating intravascular

plaque (a major indication of cardiovascular disease) were developed. These were de-

signed for clinical intravascular optical coherence tomography (IV-OCT) probes, using

laser-micromachining of printed scaffolds and microinjection of tissue-mimicking polymer

composites. Sub-resolution geometries and material distributions were obtained for the first

time in an IV-OCT phantom. This method could be easily implemented to form phantom

devices for other minimally-invasive diagnostic phantoms including photoacoustic imag-

ing, IVUS, MRI, CT and fluoroscopy, with a high degree of control over their microscale

geometry and material properties. Moreover, the general technique could enable innovation

in multi-layer lab-on-chip devices and organ-on-chip systems.

The technologies developed in this work can ultimately lead to an all-in-one probe for

imaging and physiology as well as phantoms to evaluate it. Moreover, this research presents

significant application potential in clinical diagnostics, biotechnology and industrial sensing

applications.
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Chapter 1

Introduction

1.1 Motivation

Open surgery can be traumatic due to the large incisions required to access tis-

sues and organs of interest. Minimally invasive surgery (MIS) is an alternative that

involves reduced pain and injury during operations, faster recovery time and a de-

creased risk of infection. A comparison of incisions involved in these two surgical

modalities in the context of cardiac surgery is depicted in Figure 1.1. However, MIS

requires miniature sensing catheters and finely machined compact tools to guide

physicians in vivo during diagnosis and intervention.

Optical fibers have been investigated for endoscopy since the early 1960s, af-

ter they were successfully pioneered for both illumination and imaging within the

Figure 1.1: Schematic illustration comparing the incisions in traditional vs minimally in-
vasive surgery. (Image modified from source: Policy & Medicine, Rockpointe
Inc.)
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human stomach and oesophagus [3,4]. During the late 1980s, optical fiber imaging

tools became widely accepted in MIS guidance - both as light sources for imaging,

and special optical fibers to monitor physiological parameters such as temperature,

pressure, oxygen concentration, and applied force [5].

Functional fiber-optic devices integrated into surgical needles and catheters of-

fer many advantages over conventional electronic sensors or actuators: small size,

immunity to electromagnetic interference (EMI), biochemical inertness, enhanced

sensitivity, and mechanical robustness. Their, compact size and flexibility enables

fiber-optic sensors to be miniaturised, and applied in space-restricted environments.

These unique properties have enabled their use in complex procedures in cardio-

vascular examinations, gastroenterology, ophthalmology, neurology, dermatology,

dentistry and oncology [6–12]. Imaging is a key application of such probes, for

instance in intravascular optical coherence tomography (IV-OCT), photoacoustics,

and the upcoming modality of optical ultrasound. Fiber-optic probes are also useful

for in vivo physiological pressure and temperature measurement.

Integration of the developing innovations in nano- and microfabrication re-

ported on flat glass substrates in the context of optical fibers presents vast scope for

design improvement in fiber-optic biomedical probes. Study of precision microfab-

rication techniques for fiber-optic devices and tools in the context of intravascular

diagnostics for MIS was conducted as part of this doctoral research. Novel designs

and fabrication methods for fiber-optic probes and phantom devices were formu-

lated. A brief introduction to the three major application areas within the scope of

this thesis is given below.

1.2 Laser generated ultrasound

Optical ultrasound imaging probes are promising for anatomic visualisation in min-

imally invasive surgery. Although piezoelectric and capacitive micromachined

transducers are the current state-of-the-art for ultrasound imaging applications,

all-optical ultrasound probes could further miniaturise and reduce the cost of ul-

trasound transducers, while providing increased sensitivity and bandwidth. [13].
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Moreover, they are immune to EMI and can be easily incorporated into catheters

and/or guidewires for diagnostics and therapy (as depicted in Figure 1.2), enabling

imaging within small vessel lumens currently inaccessible by conventional medical

ultrasound transducers. In these probes, ultrasound is produced by the photoacous-

tic effect, where pulsed or modulated laser light incident on a suitable coating leads

to thermoelastic expansion producing ultrasound waves [13].

Control over the optical, mechanical and geometric properties of the transmit-

ter, especially its thermoleastic component is required for application-specific per-

formance optimisation in optical fiber ultrasound transmitters. Thickness control

of the thermoelastic element, along with enhancing its optical absorption efficiency

and elastomer infiltration into the absorber material is particularly relevant for effi-

cient optical ultrasound generation [14].

Figure 1.2: Schematic illustration of fiber-optic ultrasound probe for tissue imaging inte-
grated within a surgical needle.

The fabrication technique of electrospinning was investigated for deposition of

nanofibrous absorber composite on an optical fiber end-face to achieve efficient op-

tical ultrasound generation. The design of a novel fiber-optic ultrasound transmit-

ter was formulated, comprising of nanfibrous polymeric thermoelastic composite

structure extrinsically integrated to the end-face of a multi-mode optical fiber. This

composite coating resulted in superior ultrasound generation efficiency, enabled by

control over its structure and morphology over the fiber-optic probe using the mi-
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crofabrication technique developed in this work (Chapter 3). Interestingly, electro-

spinning on optical fiber end-face has not been reported previously in literature and

by modifying the material composition, this method of constructing opto-acoustic

devices could also be applicable in areas beyond ultrasound generation.

1.3 Fiber-optic interferometric sensors

Clinical interventional procedures involving the need for physiological param-

eter sensing such as pressure and temperature, include neurosurgery (intracra-

nial pressure, intradiscal pressure, intraocular pressure), orthopaedic surgery (in-

tramedullary pressure), intracardiac interventions (pressure in the aorta and left

ventricle, testing continuous flow in left ventricular assist devices), intravascular

blood pressure, urodynamic pressure, intra-uterine pressure, among others. Another

key parameter of interest in intravascular MIS is coronary blood flow. High fidelity

miniature fiber-optic temperature sensors can aid flow assessment using thermodilu-

tion (measurement of flow-induced change in temperature in the bloodstream) [15].

Moreover, numerous non-surgical applications in the clinical context require the

use of reliable miniature biocompatibe pressure and temperature sensors; such as

in the trachea and gastrointestinal tract [16]. Respiratory monitoring in paediatric

or neonatal intensive care requires minimally invasive sensors for direct measure-

ments of tracheal pressure [17]. Furthermore, measuring peristalsis (i.e. the rhyth-

mic contraction of smooth muscles through the digestive tract) can help diagnosis of

several gastrointestinal motility disorders. While this is possible using manometric

techniques, solid-state electronic devices, and water perfusion pressure sensors, the

ability to present sensors for endovascular use with adequate form factor, flexibility

and resolution remains a challenge. This could be addressed using fiber-optic inter-

ferometric sensors comprising of microscale extrinsic Fabry-Perot (FP) cavities.

Fabrication of such microscale minimally invasive sensors with the necessary

structural precision and performance is challenging. High dimensional tolerances

at the micron-scale are required to form fiber-optic pressure sensors for physiolog-

ical applications. This is compounded by the complexity involved in fabricating
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uniform miniature membranes and/or methods to apply them to support structures

and optical fibers to form interferometric sensing devices. Furthermore, construc-

tion of optical quality free-form surfaces with a high degree of structural control is

desirable to improve optical sensing performance.

There is a need to develop new fabrication methods that yield high performance

sensors with simple construction, and potential to measure pressure and temperature

simultaneously. It is valuable to investigate methods to prototype and test interfer-

ometric sensor designs for clinical and non-clinical applications. Moreover batch

fabrication of sensing elements for FOPS is necessary for translation from bench

to bedside. The precision microfabrication method of two-photon polymerisation

(TPP) was investigated in this regard. In addition to construction of single and

multi-cavity interferometric elements for optical fiber integration in the first two

designs, a lensed element was included in the optical path of the sensor element in

the final sensor design to maintain a high coupling ratio of the back-reflected light

to improve sensor performance. The associated research methodology and results

are detailed in Chapter 4.

1.4 Mesoscale optical imaging phantoms

Validation of clinical systems, including MIS probes requires phantom structures

that closely mimic the geometry and heterogeneous contrast properties of biologi-

cal tissues specific to the sensing/imaging modality. Moreover, device standardis-

ation requires durable phantoms, that can serve as a reference to compare systems

over time. Microscale phantom structures suited to 3D intravascular OCT (IV-OCT)

imaging, possessing adequate structural resolution, optical characteristics and ma-

terial properties mimicking vascular anatomy have been elusive. As with any other

optical system, initial testing in intravascular optical imaging systems such as IV-

OCT can be performed on simple scattering slabs, but for systems investigating 3D

tomographic medical images for quantitative diagnostics in MIS, it is imperative

that they be evaluated using phantom structures mimicking the 3D geometry and

optical properties to represent different states of tissue.
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An attempt was made to address this using the 3D optical microfabrication

technique of TPP in combination with microinjection printing, (detailed in Chapter

5). Major motivations of this approach include the validation of clinical IV-OCT

systems using phantom devices constructed with high structural reproducibility and

tailored material properties within complex mesoscale geometries with submicron

resolution.

1.5 Thesis outline
A literature review relevant to the work described in this thesis is given in Chapter

2. This is followed by details of the novel fiber-optic imaging probes and phantom

structures developed during my doctoral research, which are presented in Chapter

3, 4 and 5. Finally, in Chapter 6, the future outlook of the key developments made

in this work are discussed.



Chapter 2

Literature Review

Minimally invasive surgery (MIS) is a medical intervention approach where use of

major incisions or sustained exposure to ionising radiation is avoided. This results

in reduced trauma, lower likelihood of complications and lower cost for the patient

compared to conventional open surgery [6].

In cardiovascular medicine, MIS was ushered by Werner Forssmann when he

performed right heart catheterisation on himself in 1929 [18]. By the 1940s, cardiac

catheterisation was implemented in the study of heart-lung interactions. This laid

the foundation for diagnosing and assessing haemodynamic impairment, pathology,

clinical prognosis, and evaluating function of the cardiovascular system in general

[6]. Moreover, catheterisation can now be used to acquire anatomic images in vivo.

Intra-operative visualisation of local anatomy, and physiological parameters is key

to attain positive clinical outcomes in MIS [19].

Integrating pre-surgical and intra-operative imaging modalities can greatly in-

crease information on the anatomy and physiology of visualised tissue in MIS. The

choice of imaging modality depends on a variety of factors such as target tissue,

image resolution and penetration depth required (a comparative trade-off between

selected clinical imaging modalities is indicated in Figure 2.1). Magnetic resonance

imaging (MRI) systems can offer resolutions of ~500 µm, which have recently been

further improved to ~300 µm using motion correction techniques [20], but their

high initial investment and upkeep cost, along with slow imaging speed limits its

prevalence in MIS. A relatively affordable imaging modality is X-ray computed to-
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Figure 2.1: Comparison of resolution and penetration depth in clinical imaging modalities
(Image adapted from [25]).

mography (CT) and fluoroscopy which can provide a high resolution of around 400

µm, but the presence of ionising radiation makes it undesirable for MIS [21, 22].

Optical techniques such as optical coherence tomography (OCT) can support real-

time imaging with high resolution (< 10 µm) but it cannot be used for depth imag-

ing applications due to its limited penetration depth (~3 mm) [23, 24]. Ultrasound

imaging systems on the other hand are safe, portable, non-ionising, and can provide

real-time imaging, albeit at lower resolution than OCT [6].

To improve image quality and reduce noise created due to the tissue surround-

ing the area of interest, it is desirable to image directly at (or as close to) the affected

anatomy. This has been the motivation for rapid development of miniaturised sen-

sors that can be used intra-operatively in endoscopic surgery. An illustration of

such a device comprising of a cardiac catheter and guidewire used in cardiovascu-

lar plaque assessment is depicted in Figure 2.2. Of particular interest for the work

described further in this thesis is the development of fiber-optic probes and tools

for intravascular diagnostics, specifically in the areas of optical ultrasound imaging,

physiological parameter sensing and intravascular OCT probe evaluation.

A brief literature review relevant to MIS intra-operative visualisation tools de-

veloped in this work is presented in this chapter. The first area is the emerging imag-
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Figure 2.2: Representation of cardiac catheter and guidewire use in assessment of cardio-
vascular plaque (Image modified from source: Healthwise Inc.)

ing modality of optical ultrasound with a focus on ultrasound transmitters (section

2.1). Thereafter, a brief review of fiber-optic interferometric sensors is given, along

with a note on the associated theory in the context of low-coherence interferometry

(LCI) in section 2.2. Finally, a brief background on precision optical microfabrica-

tion by photopolymerisation (relevant to the work in Chapter 4 and 5) is given in

section 2.3. The devices detailed in this work were developed using various micro-

fabrication techniques including electrospinning, microinjection and micromolding

that are reviewed within the specific chapters involving their implementation.

2.1 Optical ultrasound for MIS
Optical ultrasound is an emerging alternative to traditional ultrasound devices for

MIS applications. Conventional ultrasound detectors including piezoelectric crys-

tals (quartz and ZnO), piezoceramics (barium titanate- BaTiO3, and lead zirconate

titanate - PZT), capacitive micro-machined transducers and piezoelectric polymers

such as polyvinylidene difluoride (PVDF) have been explored to realise miniature

ultrasound transducers, but technical challenges persist [14, 26, 27]. These include

limitations in sensitivity, inefficiency due to EMI, high cost and complexity of fab-

rication, and challenges in device integration for in vivo application. These lim-

itations can potentially be overcome by using all-optical ultrasound transducers,

instead of its electronic counterparts.
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Since the early 1960s, there have been investigations into the production of

ultrasonic waves by laser irradiation of a solid, and reception/sensing of ultrasound

through optical interrogation of an interferometric cavity [28, 29]. Some associated

concepts and techniques are mentioned below. These techniques for optical gener-

ation and reception of ultrasound when combined can be used to form all-optical

ultrasound imaging devices.

2.1.1 Optical ultrasound sensing

To realise all-optical ultrasound imaging devices, optical ultrasound transmitters

need to be paired with platforms for optical ultrasound sensing. Optical techniques

for ultrasound detection can be broadly categorised based on operating principle as

mentioned below, with some specific examples cited:

1. Free-space optics based approaches: These include Michelson interferom-

eters [30, 31] or Mach-Zehnder (MZ) interferometers [31–37], Fabry-Perot

(FP) interferometers [29, 38], laser-beam MZ [39–41], and FP optical-films

[42–44].

2. Fiber-optics based approaches: These include intrinsic optical fiber interfer-

ometers [45–47], fiber Bragg gratings [48–50], and fiber FP probe [51–54].

3. Photonic integrated circuits: Waveguided MZ interferometers, Bragg grating

waveguides [55], and micro-ring resonators (MRR) [56–58].

4. Optical-interface based approaches: Fresnel reflection [59] or surface-bonded

photonic modes including photonic crystal surface wave [60,61], surface plas-

mon resonance [62], and metamaterials [63].

It can be inferred from the literature that using soft polymer materials (low

Young’s Modulus) with optical interrogation techniques such as interferometry, op-

tical cavities and high-Q (B.2.1.2) micro-optical resonators for high sensitivity ul-

trasound detectors can be realised [64]. Compared to piezoelectric ultrasound sens-

ing, optical detection of ultrasound can provide greater sensitivities over a signifi-

cantly wider frequency range, potentially providing higher spatial resolution [65].
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They also enable construction of miniature optically transparent ultrasonic detectors

with mechanical flexibility, electrically passive components, and EMI immunity.

2.1.2 Optical ultrasound generation

Production of ultrasound through laser irradiation on metals was first proposed by

White in 1963 [28], driven by both ablation and the thermoelastic effect. In ablation,

application of large optical power causes melting of the target material resulting in

plasma formation. Thermoelastic regime on the other hand involves heat-induced

elastic deformation of the material creating a mechanical disturbance as ultrasound

waves. Due to better long-term material integrity, the thermoelastic effect is pre-

ferred for most practical applications, including in biomedical probes [13].

Figure 2.3: Illustration of the thermoelastic effect (based on description in [66])

Thermoelastic regime is dominant in the generation of optical ultrasound

within the clinical range for pulse-echo imaging (0.1 MPa to 10’s of MPa) [67].

Ultrasound generated in this manner involves thermal transitions in the material,

discussed extensively in literature [13, 68–70]. In this paradigm, a composite coat-

ing that is both optically absorbing and elastomeric is illuminated by laser pulses.

Optical energy is converted into thermal energy by the absorbtive component of the

irradiated composite material. This thermal energy in turn generates a mechanical

wave through interaction with the elastic component in the composite. Longitudinal

mechanical waves in the ultrasound frequency range (20 kHz to 20 MHz) [71] can

be generated by optimising the laser illumination parameters and the thermoelastic

composite material, as depicted in Figure 2.3. The pulse profile of optically gen-

erated ultrasound follows the laser pulse profile, which can lead to a very high fre-
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quency and broad bandwidth ultrasound, particularly when using an ultra-fast laser

with a suitable composite material. Optical ultrasound generation using this princi-

ple can be implemented for medical applications, for instance pulse-echo imaging

using waveguides or optical fibers [14, 27, 72].

Several mathematical models have been proposed in literature to describe the

processes involved in optical ultrasound generation through the thermoelastic ap-

proach. The differential heat equation for a semi-infinite medium and the tempera-

ture distribution estimates were used to calculate the lateral strain across the surface

in [73]. Green function was applied to numerically predict the elastic waveforms

in [74, 75]. In [76, 77], a hyperbolic equation was applied to form a consolidated

computational model.

Wang et al. outlined a simple thermodynamic approach in [64], to calculate

instantaneous pressures relevant to optical ultrasound generation. This approach

assumes stress confinement and thermal confinement, whereby both thermal and

stress propagation were assumed negligible during heating. The assumption of

stress confinement holds if stress relaxation time is less than the incident laser pulse

width used for photoacoustic generation. Thermal confinement holds as the thermal

relaxation time is less than the incident laser pulse width in photoacoustic genera-

tion. Approximating the process to be isothermal, the fractional change in volume

V using the thermal expansion coefficient κ1 and isothermal compressibility 2 β

can be expressed as:

dV
V

=−κ.d p+β .dT (2.1)

here, d p and dT denote changes in pressure (in Pa) and temperature (in K) respec-

tively. Considering that the fractional volume change is negligible during the energy

deposition, and the laser pulse time scales are too short for physical volume changes

to occur, we can rearrange the equation to:

1~5x10−10 Pa−1 for water or soft tissue
2 ~4x10−4 K−1 for muscle
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d p =
β .dT

κ
(2.2)

This indicates that the pressure is directly proportional to the change in temperature.

Instantaneous temperature change can be expressed in terms of the incident optical

energy as:

dT =
ηthµaF

ρCv
(2.3)

where, ηth is the themalisation efficiency (measure of absorbed energy converted

to heat), µa is the optical absorption coefficient, F is the incident optical fluence,

and Cv is the specific heat capacity at constant volume. Therefore, the change in

pressure can be written as:

d p =
β

κρCv
ηthµaF = ΓηthµaF (2.4)

where, Γ= β

κρCv
=

βv2
s

CP
is the Gruneisen parameter, which is a dimensionless param-

eter that describes the efficiency with which incident optical energy is converted to

pressure. This expression for instantaneous pressure stated in [64] shows that for ef-

ficient optical ultrasound generation, it is desirable to use materials with high values

of Gruneisen parameter, coefficient of thermal expansion and optical absorption.

2.1.2.1 Optical ultrasound transmitters

Review of optical ultrasound generation, including design, fabrication and optimi-

sation of optical ultrasound transmitters is presented here. A variety of substrates

have been investigated for optical ultrasound generation. For instance, modification

of transmitter substrate geometry to produce high-power laser-generated focused

ultrasound based on an acoustic lens has also drawn interest for therapeutic ultra-

sound [78, 79]. Ultrasound beam-focusing and beam-shaping may also be realised

through array implementation of the transmitter [80, 81]. Moreover, building the

ultrasound transmitters on optical fibers can cater to interventional ultrasound ap-

plications such as pulse echo imaging of intravasuclar tissue, given their compact
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Figure 2.4: Optical ultrasound transmitters on different substrate configurations: (a) fiber-
optic transmitter; (b) focused transmitter; (c) array transmitter with its pitch
defined by spatially selective pulsed laser heating; and (d) array transmitter
with its pitch defined by spatially fabricated absorbers. Blue lines represent
short laser pulses (Image modified from [82]).

size and mechanical flexibility. Some substrate configurations suitable for laser ul-

trasound generation are shown in Figure 2.4.

2.1.2.1.1 Absorptive materials

Various studies have investigated enhancing the efficiency of optical ultrasound

transmitter. Since the major bottleneck in the photoacoustic generation principle

is the low generation efficiency, choice of material is a key concern. High ultra-

sound generation efficiency demands materials with high laser absorption, low heat

capacity, and large thermoelastic expansion [26, 68, 83–85]. The absorber materi-

als used in optical ultrasound generation can be categorised into metallic absorbers,

and carbon-based absorbers. They are often mixed with an elastomer possessing

low Young’s modulus (high elasticity), for instance polydimethylsiloxane (PDMS)

to enhance optical ultrasound generation efficiency.

Metal absorbers
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A thin metal film irradiated by a short pulsed laser beam is capable of inducing a

broadband acoustic wave. Several noble metals in the form of metallic nanoparti-

cles, and their composites are of interest for this purpose.

Au (Au) nanoparticles (NP) have been used to optically generate high-

frequency ultrasound in several studies. A 2D Au nanostructure consisting of

AuNPs sandwiched between a substrate and a 4.5 µm PDMS layer have been re-

ported to generate ultrasound in the 100 MHz frequency range [86]. The 2D nanos-

tructure was intended to form ultrasound array transmitters for high-frequency ultra-

sound imaging. Wu et al. reported a one-pot synthesized AuNPs-PDMS nanocom-

posite for high amplitude ultrasound generation [83]. The efficiency is maximised

by optimisation of concentrations and thickness of the nanocomposite film. Com-

pared to the pressure generated by an Al thin film, the AuNPs-PDMS transmitters

were demonstrated to present higher efficiency by three orders of magnitude, at-

tributed to the improved optical absorption efficiency.

Besides AuNPs, there are several studies on other metals for optical ultra-

sound generation. Lee et al. explored use of a thin Al film coated with reduced

graphene oxide (RGO) for its high thermal conductivity as an effective optical ul-

trasound transmitter, which shows a 64-fold enhancement compared to an untreated

Al-film [87]. An RGO composite has also been illustrated to provide directional

optical ultrasound generation in [88]. The laser-generated surface acoustic waves in

an Al plate were studied using a finite element model in [89], to evaluate the effect

of laser parameters on the induced ultrasound. Further, the dynamics of temper-

ature and pressure were studied by heating a submicron Al film with high power

nanosecond laser pulses in another study [90]. Another metal investigated for ultra-

sound generation was nanostructured germanium, which was overlaid with PDMS

and was shown to produce high frequency (> 50 MHz) ultrasound, although the

fabrication process was cumbersome involving several steps in substrate prepara-

tion and metallization under a cleanroom environment [91]. 1D photonic crystal

metallic structures have also been explored for wavelength-selective absorption of

optical energy for efficient optical ultrasound transmission [92]. Such transmitters
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could be used for mutimodality imaging, for instance a combination involving ul-

trasound, photoacoustic and OCT imaging.

Carbon-based absorbers

Unlike metals, most polymers inherently possess a high coefficient of thermal ex-

pansion and tailorable mechanical properties when forming composites. By mixing

epoxy with graphite powder, Biagi’s group successfully generated broadband ultra-

sound with a pulsed laser [77, 93, 94]. The ultrasound generation efficiency was

found to be two orders of magnitude higher than that by a thin chromium film [77].

Buma et al. mixed carbon black within polydimethylsiloxane (PDMS) to obtain a

composite they called "black PDMS" [68], and generate optical ultrasound frequen-

cies of over 50 MHz and a 24 dB increase in efficiency compared to a reference

chromium film. Carbon black (CB)-PDMS was used to produce high-frequency

ultrasound in [95]. It has the potential to generate ultrasound with broad band-

width above 10 MHz. The amplitude of ultrasound produced by CB-PDMS was

found to be slightly lower than that produced by AuNPs-PDMS in [86]. Sheaff

and Ashkenazi used polyimide to optically generate ultrasound due to the strong

optical absorption of the polyimide at UV wavelength [54]. A 4.3 MPa ultrasound

centered at 27 MHz with a bandwidth of 29 MHz was observed. More recently,

candle soot carbon NPs-PDMS nanocomposites were also reported for generation

of optical ultrasound [96]. Carbon nanofibers (CNFs)-PDMS thin films have also

been investigated in [97].

Carbon nanotube (CNT) nanocomposites have demonstrated high efficiency

and high-frequency ultrasound transmitters. The fast heat transition due to the

nanoscale dimension of the CNT permits generation of high-frequency ultrasound.

Simultaneously, the exceptional thermal conductivity of the CNTs facilitates better

heat conduction, leading to the increased efficiency of stronger pressure. By mixing

CNTs within PDMS, Baac et al. observed a strong ultrasound generation when ex-

cited by a pulsed laser [26]. It was reported that the efficiency was 18 times better

than using a chromium film and 5 times better than using Au nanostructure-PDMS
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with high bandwidth and potential for use in focused ultrasound therapy.

2.1.3 Fiber-optic ultrasound transmitters

Compact devices for ultrasound generation can be realised by implementing optical

ultrasound transmitters on optical fibers. Such miniature transmitters can be used

in confined spaces to facilitate applications such as intravascular ultrasound (IVUS)

imaging. Most optical ultrasound transmitters mentioned in the previous section

were built upon centimetre scale flat glass surfaces which are the standard substrates

for most solid film fabrication techniques like spin coating. It may be possible to

apply similar structures and materials onto optical fibers for high spatial resolution

due to small size of optical fibers, remote sensing capability, and immunity to EMI.

However, due to the compact size of optical fibers, applying standard solid film

fabrication techniques like spin-coating presents practical challenges.

Several groups have managed to fabricate fiber-optic ultrasound generators.

Tian et al. reported an ultrasound transmitter fabricated by a focused ion beam

technique, wherein highly absorptive Au nanopores were patterned on the end face

of an optical fiber [98]. The miniature optical ultrasound transmitter produced ul-

trasound with an amplitude of 2.7 kPa and a -3 dB bandwidth of 7 MHz. Another

fiber-optic transmitter using Au was fabricated by Zou et al. using a composite

synthesised by mixing the AuNPs into PDMS following a one-pot protocol, and dip

coated on a multi-mode fiber with a core diameter of 400 µm to realise a broadband

miniature fiber-optic optical ultrasound transmitter [99]. The generated ultrasound

had an amplitude of 0.64 MPa and a bandwidth of more than 20 MHz, which were

a significantly improvement compared to the work in [98]. Ultrasound imaging of

a tissue sample with the resolution of 200 µm was demonstrated.

Fiber-optic ultrasound generation has also been demonstrated using carbon-

based materials. Biagi et al. applied epoxy mixied with graphite onto optical fibers

to form fiber-optic ultrasound generators [94] as an extension of their previous work

with similar absorbers on glass slides [77]. By using a 600 µm core optical fiber and

a 10 µJ 8 ns laser, ultrasound signals with 150 kPa and 50 MHz bandwidth were
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generated. Fomitchov et al. also used a graphite mixed glue as the material to gen-

erate ultrasound on optical fibers [78]. Although a supporting structure was used

for fabrication which made the transmitter bulky, this resulted in ease of fabrication

and the possibility of forming conical or angled transmitters. The fiber-optic ultra-

sound transmitter produced a bandwidth of ~15 MHz. Zou et al. applied the Au

nanocomposite material onto the optical fiber to obtain a fiber-optic ultrasound gen-

erator [99]. The ultrasound signals were 640 kPa with a bandwidth of 30 MHz. In

another study by Colchester et al., a composite of CNTs and PDMS, facilitated by

CNTs functionalisation with oleylamine in xylene, a CNT-PDMS nanocomposite

was dip coated on optical fibers for efficient optical ultrasound transmission [85].

Strong ultrasound pressure of 3.6 MPa and 4.5 MPa are measured using optical

fibers with core diameters of 105 and 200 µm, respectively. These were also used

for all-optical tissue imaging using a fiber-optic Fabry Perot interferometer [27].

This method was further optimised by increasing CNT concentration, enhanceing

optical absorption within the coating to obtain nearly 21 MPa pressure at the optical

fiber tip [14].

Ultrasound generation has also been demonstrated from the side wall of optical

fibers. Kochergin et al. replaced the cladding of an optical fiber with graphite/epoxy

mixture to generate ultrasound from the side wall of optical fibers [100] for struc-

tural health monitoring with a PZT transducer receiver. A novel fiber-optic device

based on FBGs is proposed to generate ultrasound at multiple, selected locations

along the fiber in a scheme of light tapping where only a particular wavelength is

tapped out for ultrasound generation [101]. Graphite powder and epoxy were used

as the absorber and elastomer materials in this device. Multiple ultrasound genera-

tion elements can be fabricated along one optical fiber in this manner.

Carbon-based fiber-optic ultrasound transmitters typically demonstrate higher

photoacoustic conversion efficiency than their metallic-based counterparts [77].

Such optical fiber ultrasound transmitters are relevant for a range of applications,

for instance: architectural structural health monitoring including fiber embedded

systems [102], intravascular plaque imaging, and endoscopic ultrasound imaging
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[103, 104].

2.2 Fiber-optic probes for physiological sensing

Fiber-optic sensors are invaluable for guiding diagnosis and therapy in minimally

invasive surgery. Particularly for cardiovascular applications, invasive blood pres-

sure and temperature measurements performed across a coronary artery steno-

sis are important metrics in assessing the need for stenting to treat the block-

age [51, 105–108].

Fiber-optic pressure and temperature sensors for medical applications have

been extensively investigated over the last two decades (reviewed below). These

tend to comprise a sensing element extrinsic to the distal endface of the fiber, in

the form of a sealed gas cavity with a diaphragm. Deflections of the diaphragm re-

sulting from changes in external pressure can be monitored inteferometrically with

interrogation light delivered and received by the same optical fiber. Interferometric

detection can take place with different optical configurations briefly mentioned in

section 2.1.1. Most prominently, FP cavity-based sensing is implemented when the

sensor surfaces have high reflectivities, i.e. a high-finesse (B.2.1.1) cavity requir-

ing mirror coatings. Alternatively, interferometric interrogation can be performed

by LCI is suted to low-finesse cavities, i.e. those containing surfaces of low opti-

cal reflectivities, for instance interfaces between a gas and unpolished inorganic or

organic surfaces.

2.2.1 Fiber-optic interferometric sensors

Interferometry is a technique where measurement of parameters is performed

through analysis of correlation or interference between light backscattered from

a sample and light that has travelled a known distance or time delay through a ref-

erence path (B.1). The working principle of fiber-optic sensors typically employ

interferometry, and they have been applied in various industrial areas to measure

parameters such as temperature, refractive index, strain, pressure and fluid dynam-
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ics [92,109–112]. Fiber-optic sensors have drawn much interest owing to attributes

such as dimensional compactness, high sensitivity, applicability in harsh environ-

ments, low cost, easy handling and alignment, immunity to electromagnetic inter-

ference (EMI) and multiplexing capability.

Interfermetric fiber-optic sensors have been realised in different configura-

tions as summarised in section 2.1.1. Light sources of different wavelength ranges

have also been explored in this regard, including broadband light sources - halo-

gen lamps, LED arrays, superluminescent diode (SLD) [113–116]; and narrowband

light sources - monochrome laser and swept laser. Interferometric sensing is based

on modulation of optical parameters - polarisation state, intensity, frequency, or

phase. However, photodetectors detect the time-varying intensity of the reflected

light, which is used to determine affects on signal parameters either during post-

processing or by employing intermediate filtering elements in the optical circuit (or

using spectrometer as the detector) to obtain wavelength resolved data.

In general, a fiber-optic sensor can involve extrinsic or intrinsic sensing ele-

ments, or a combination thereof. In intrinsic FP sensors, the sensitive element is

located within the optical fiber itself. FBGs are a prominent example of this, in

which refractive index variations induced in the optical fiber in response to changes

in temperature and strain of the fiber leads to changes in the measured reflection

spectra [5]. An extrinsic sensing element is a well integrated structure external to

a waveguiding optical fiber, for instance a FP cavity. Here, light is guided by an

optical fiber into an extrinsic sensing element where it undergoes multiple reflec-

tions. Extrinsic sensor elements can include a membrane that deforms in response

to changes in external pressure which is attached to a support structure bonded to

an optical fiber. Presence of a sealed gas cavity between the membrane and optical

fiber helps improve the sensitivity.

Particularly for localised pressure and temperature measurements, FP sensors

have remarkable scope of application in medical, automotive, aerospace, gas and

oil industries [5]. These sensors usually employ two reflecting flat surfaces sepa-

rated by a cavity, an end face of optical fiber and a reflecting diaphragm surface or
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deformable membrane. The reflection spectra of FP cavities can change in response

to temperature and pressure on the cavity.

2.2.1.1 Fabry-Perot interferometer

The smallest form factor fiber-optic interferometric sensors tend to be of the FP

type. FP interferometer or etalon is a folded Michelson interferometer (Appendix

B.1). Figure 2.5 shows the general configuration of an FP interferometer or etalon,

of thickness z and refractive index n1. The interferometer structure is surrounded

by a material of index n0, where n1 > n0. Ideally, the surfaces are perfectly flat and

parallel, the materials are lossless and the incident light is assumed to be collimated.

Figure 2.5: Illustration of a Fabry-Perot etalon comprising of a single optical cavity of
refractive index n1, bounded by partially reflecting surfaces

FP sensors contain an etalon structure at the end of a waveguide (e.g. optical

fiber) and is operated reflectively, resulting in a compact single ended probe. The

expected intensity of reflected light to incident intensity in a single cavity system

was studied by G. Hill et al. [117], and can be given as-

Ir

Ii
=

M+Fsin2(Φ/2)
1+Fsin2(Φ/2)

(2.5)

where,

M =
[√R1−

√
R2

1−R

]2
, F =

4R
(1−R)2 , Φ =−4π

λ
L+φ1 +φ2, R =

√
R1R2
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Here, Ii is the incident intensity, Ir is the reflected intensity, Φ is the phase

shift acquired in one trip in the cavity, M describes the reflectance mismatch values

at the ends of the interferometer, L is the cavity length; λ is the wavelength of

light and φ1 and φ2 are the field phase shifts of reflected light off the proximal and

distal endfaces of the cavity of the single-cavity FP interferometer. R1 and R2 are the

respective reflection coefficients at these interfaces. For an ideal FPI, the reflectance

spectrum is that of a lossless cavity with R1 = R2 (i.e. M = 0), maximising signal

contrast. Larger values of M dampen the interferometric modulation of the incident

spectrum.

Evaluation of displacement in one of the reflecting surfaces (change in optical

path length) or change in cavity refractive index is the general working principle

used in FP interferometric sensors. These are done through optical interrogation of

the cavity, wherein the specific measurement scheme is based on the light source

and cavity finesse. When high coherence light source (B.2.1.4 and high-finesse FP

cavities are used, changes in reflectance peak/trough can be evaluated for pressure

sensing [65]. Notable implementations of such a sensor configuration integrated to

an optical fiber to form miniature ultrasound sensing probes were found in [51,79].

Low coherence interferometry (LCI) is an alternative sensing system for FP

cavities (further detailed in section 4.3.2.3), where a broadband NIR light source is

typically used to illuminate an interferometric sensing cavity, using an optical fiber

as a waveguide. LCI-based extrinsic FP interferometric sensors have M > 0 as

the low-finesse cavities with partially reflecting surfaces are involved. Practically,

higher value of M can be caused by several factors including two reflecting surfaces

formed of different materials, or significantly different surface features causing op-

tical modulation. This can affect the interferometric signal contrast. Moreover,

alignment of the reflecting surfaces influences the coupling of reflected beam back

into the core of the waveguiding optical fiber. Therefore, it is necessary to precisely

align the functional elements of the optical cavity to enable efficient sensing with

high SNR.
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2.2.2 Low-coherence interferometry in fiber-optic sensors

The LCI interferometric fiber-optic sensor embodiment has evolved in the last two

decades, particularly in the characterisation of biological tissues as the field of Op-

tical Coherence Tomography (OCT). Significant advancements have been reported

in both the underlying technology (optical sources, scanning systems) and the diag-

nostic capabilities (ophthalmology, dermatology and cardiology).

LCI systems are generally realised in a variation of Michelson interferometer

configuration, as depicted in Figure B.1 [118]. The incident light source is divided

into a reference beam and a measurement beam which travel different distances in

the two arms of the interferometer. The field at the output of the interferometer, i.e.

at the detector is a sum of the measurement and reference fields.

The interrogation in an LCI system is performed by evaluating the intensity

signal in either time domain (TD) or frequency domain (FD). Prominent implemen-

tations based on this distinction can be found in application of LCI in OCT systems,

i.e. TD-OCT and FD-OCT [119]. Both TD and FD implementations for interroga-

tion have been reported for LCI-based sensor systems, but in recent times FD is

prevalent in clinical systems due to the performance attributes of higher accuracy,

robustness and sensing speed.

LCI has also been of interest in the field of physical parameter sensing

[107, 120]. Humidity sensing has also been recently reported using a multimode

optical fiber using LCI. The extrinsic cavity sensing element was implemented by

dip-coating Nafion®perfluorinated ion exchange resin [121]. Furthermore LCI was

also demonstrated using thin diamond films created through microwave plasma as-

sisted CVD on silicon substrates [122]. LCI is also the basis for OCT, which has

emerged as a versatile method for microscopy and clinical diagnostic imaging [7].

Moreover, LCI is implemented with low coherence light sources leading to signif-

icant reduction in system cost and size, compared to high finesse reflectance inter-

rogation methods.
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2.3 Precision optical microfabrication

2.3.1 Photopolymerisation

Photopolymerisation is a technique where a monomer material is polymerised by

light illumination in the UV or visible wavelength range through chain growth

polymerisation [123]. Polymerisation is induced by absorption of photon energy

capable of crosslinking the monomer into its polymeric state. Photon absorption is

generally linearly dependant on the intensity, where the requisite electron excita-

tion in the monomer for crosslinking occurs through absorption of a single photon,

or single-photon absorption (SPA). This process is widely employed for controlled

fabrication of polymeric nanostructures in 2D and 32.5D, and cm scale 3D struc-

tures through stereolithography (SLA). This is distinct from extrusion-based addi-

tive manufacturing of 3D structures popularised currently in the form of low cost

benchtop systems which provides structural resolution of 100’s of µm [124].

In the first description of photopolymerisation-based 3D printing or stere-

olithography in 1986 by Charles Hull, a resin composed of monomers and

oligomers consisting of initiator material was used where UV photon was absorbed

through linear absorption or SPA [125]. The resolution of this first system was

in the mm scale, and the poor penetrating ability of UV light inhibited construc-

tion of large structures. There have been significant advancement in photolithog-

raphy catalysed by innovation in lasers, instrumentation systems and resist materi-

als [126, 127].

Using pulsed high energy lasers photopolymerisation can also occur with non-

linear dependance of intensity on the photon absorption, where simultaneous ab-

sorption of multiple photons (generally two) enable monomer crosslinking in a

highly confined spot. This process is termed multiphoton absorption (MPA) and can

enable fabrication of microscale 3D structures with sub-diffraction limited struc-

tural resolution.

3A surface which is a projection of a plane into the third dimension and can be easily repre-
sented as a colour map. Although the object has features spanning all three geometric dimensions,
construction of freeform or overhanging elements is not possible.
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2.3.2 Two photon lithography

Two photon lithography (TPL) is a class of direct laser wirting (DLW) methods

that is based on the multi-photon absorption (MPA) principle theorised by Maria

Goppert-Mayer in 1931 [128], and experimentally confirmed by Kaiser and Gar-

rett in 1961 [129]. When focused into the volume of a photosensitive material

(photoresist), the ultra-short laser pulses can initiate polymerisation via two-photon

absorption (TPA), in a significantly more confined spot compared to SPA. Desired

structural geometry can be sequentially illuminated within the photoresist volume

and subsequently developed i.e immersed into a solvent bath to wash out unpoly-

merised regions, leaving polymerised material in the predefined 3-D form. This

process initiating the polymerisation required for this process is termed two-photon

polymerisation (TPP).

2.3.2.1 Multi-photon absorption

The nonlinear intensity dependence of the absorption process allows polymerisa-

tion to be localised within the focal volume of the laser beam. This is depicted in

Figure 2.6(b). The rate of absorption in a transverse cross-section of a laser beam

depends upon the product of the intensity (number of photons per time per area)

and the number of molecules in the cross-section [128]. Thus, the absorption rate

does not depend upon area. Whereas, the number of molecules excited by SPA is

constant in any transverse plane of a focused laser beam resulting in no localisation

or confinement of excitation in the focal region.

In TPA, the rate of photon absorption in a transverse cross section of a laser

beam is proportional to number of molecules times the intensity squared [128]. The

absorption rate therefore scales inversely with area. Highest density of energy ab-

sorption occurs in the region where the laser beam is focused most tightly. Denk,

et al. utilised this localisation in 1990 to implement two-photon fluorescence mi-

croscopy [131]. It has since been applied to 3D data storage [132], photodynamic
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Figure 2.6: Comparison of fluorophore photo-excitation induced by (a) single-photon ab-
sorption (SPA) to (b) two-photon absorption (TPA). Highly localised fluores-
cence with TPA compared to SPA can be observed in the insets. (Image source:
modified from [130])

therapy [133] and microfabrication (TPP) [134].

The photon density needed for TPA is created using a microscope objectives

with the requisite NA (B.2.1.3). For an ultrafast laser with pulse duration τ and

pulse repetition rate fp, the number of photons absorbed per molecule na can be

given as [131]:

na ≈
(p0)

2δ

τ( fp)2

(
(NA)2

2hcλ

)2

(2.6)

where p0 is the time averaged laser power, λ is the excitation wavelength,

and λ is the TPA cross section. The units for δ are named after Göppert-Mayer

(GM), the physics Nobel-laureate, and are defined in SI units as 1 GM = 10−58 m4s

photon−1. For instance, fluorescein is a good fluorophore with δ of 38 GM.
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2.3.2.2 Mechanism of TPP

Photopolymerisation can be described as a chemical process occurring in a mix-

ture containing a monomer, photoinitator, and photosensitiser. By simplifying the

descriptions in [134] and [135], the TPP mechanism can be stated as:

Initiation: PI
hν ,hν−−−→ PI∗ −→ R• (2.7)

Propagation: R•+M M−→ RMM•...−→ RM•n (2.8)

Termination: RM•m +RM•n
R−→Mm+nR (2.9)

In the initiation phase, photoinitiators (PI) absorb two photons to reach the

excited state (PI*) and decompose to radicals (R•). In the propagation phase, the

radicals combine with the monomers (M) in the photoresist to produce monomer

radicals (MR•n). And finally in the termination phase, two monomer radicals com-

bine to terminate the photopolymerisation process.

The fundamental process of TPP is TPA, a third-order nonlinear optical pro-

cess. The absorption rate of energy is proportional to the square of light intensity,

as follows:

dW
dt

=
8π2ω

n2c2 I2Im(χ(3)) (2.10)

where n is the refractive index, ω is the frequency of the incident light, c is the

speed of light in vacuum, I is the intensity of the light and Im(χ(3)) is the imaginary

part of the third-order susceptibility. The absorption cross section for TPA is much

lower than that for one photon absorption, and consequently an ultra-short pulse

laser with high intensities in the order of TW/cm2 is needed. Further details on

the mechanism of multiphoton absorption are described in [128] and [136]. Poly-

merisation in TPP is probabilistic and requires a high-enough intensity of photons,
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focused beam from a pulsed laser source for instance, to induce TPA. Additionally,

initiation of polymerisation occurs only when concentration of radicals exceeds a

certain threshold depending on the radical quenchers in the resin.

In the context of TPP, a voxel is defined as the smallest unit volume cured. The

minimum feature size or resolution is dependent on numerous parameters includ-

ing the focusing optics, speed of beam translation through the photoresist, material

properties of the resist (photoinitiator concentration, fluence dependent crosslinking

density, photoresist development protocol, CAD parameters, among others. In or-

der to perform layer-by-layer processing of three dimensional structures, the voxel

of polymerised material must exhibit a low aspect ratio. This requires use of low

laser power and low exposure time at an energy that is near the threshold value. The

beam is focused into the volume of a near infrared light-transparent photosensitive

resin [134,137,138]. The scanning path of the laser focus is generally moved along

a 2D scanning path followed by translation in the z-axis, to fabricate 3D structures

in a layer-by-layer fashion.

Therefore design optimisation of the optical source, illumination system, and

resist material are required for TPP, and a high resolution multi-axis translation

system to enable fabrication of complex 3D microstructures, as described in the

next section.

2.3.2.3 Two photon lithography system

In the currently available academic and commercial systems for 3D TPP printing,

TPA in a UV-sensitive photoresist is realised by spatially and temporally controlled

illumination of a highly focused and intense pulsed IR beam. The fundamental

parts of such an instrumentation system comprises of ultra high precision transla-

tion stages, a femtosecond pulsed laser and beam shaping elements. A few differ-

ent instrument implementations have been reviewed by Zhou et al. [139]. For the

TPP-based microfabrication implementations described further in this thesis, the

Photonic Professional (GT) system by Nanoscribe GmBH was used.

A simplified schematic of this TPP system is shown in Figure 2.7. The illumi-
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Figure 2.7: Simplified illustration of major instrumentation components of the Two Photon
polymerisation system (Image source: Nanoscribe GmBH)

nation source is a femtosecond fiber laser source with a center wavelength of 780

nm. The laser power ranges between 50 mW and 150 mW with pulses ranging from

100 fs to 200 fs. In brief, the laser beam from a mode-locked Ti-Sapphire laser

passes through an attenuator and thereafter is expanded to reduce the divergence

angle and focused tightly into the specified voxel volume of the photoresist by a

high numerical aperture objective (for instance NA of 1.4 or 0.8 and magnification

63x or 25x magnification respectively, chosen as per the dimension and resolution

requirements). The beam energy is adjusted via pulse-width modulation (PWM)

using an acousto-optic modulator, while the exposure time is controlled by a shut-

ter. This optically modulated beam is focused within the photoresist droplet placed

on a flat substrate using a microscope setup equipped with autofocus capability, and

a CMOS/CCD camera to enable online process monitoring. The axial scanning of

the laser beam relative to the sample can be realised using a 3D piezo stage for high

resolution and accuracy, but this severely limits the processing speed and geometric

extent. Alternatively, two-dimensional galvanometer scanner combined with a 1D

piezo stage can be used for faster fabrication with structures ranging from 100’s of

microns to mm scale.
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The TPP apparatus works with input from proprietary editor software DeScribe

to convert all designs to the native General Writing Language (GWL) format with

added code to aid further geometric segmentation, dose tests, defining photoresist-

specific recipes, laser parameters, stage translation modifications, and other oper-

ational specifications for the 3D lithography. The major process control variables

adjusted for optimal fabrication are listed below:

• Hatching distance: Lateral distance between two adjacent lines of laser illu-

mination within a layer, i.e in the X-Y plane.

• Slicing distance: Axial distance between two adjacent layers or planes

• Power scaling: It is a scaling factor for assigning the laser power of illumi-

nation, with a default value of 1. Power scaling can be set within the range

of 0 to maximum power scaling of the system (determined to be 1.19 for our

system, corresponding to 59.5 mW during calibration)

• Scan speed: The process variable that sets laser scanning speed and hence

the writing velocity in µm/s.

Additional details and an exhaustive list of parameters relevant to optimisation

and control of the TPP process can be found in [140].

2.3.2.4 3D precision microfabrication with TPP

The last decade has seen rapid advances in the fabrication of micro- and nanoscale

polymeric structures through advanced lithographic techniques, wherein the pho-

toresists have printing resolution equivalent or superior to those of microscopic or

mesoscopic imaging systems. TPP printing is one such technique that enables sub-

micron scale 3D printing to a resolution down to 45 nm, depending on the photore-

sist used [141]. TPP printing with a negative photoresist has been realised using

a tightly focused laser beam to induce crosslinking of voxels into nanostructures

inside a photocurable material through two-photon absorption in a localised focal
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volume followed by washout of the non-crosslinked material. Alternatively, the illu-

miniated sections are washed out when using positive photoresist as per application

requirements.

TPP can be implemented with both positive and negative photoresists, but

the use of negative resists is more prevalent. High-resolution 3D microstruc-

tures such as photonic crystals, microlenses, optical interconnects, 3D micro-

channels, microneedles, among others have been fabricated with negative pho-

toresists [137, 139, 142–144]. Further, photoresists doped with ceramic or metal

nanoparticles have also been implemented to form composite micro/nanostructures

for fundamental studies in nanostructured 3D materials [145].

Crosslinking of material in TPP is highly localised due to a quadratic depen-

dance of the TPA probability on intensity. Processing of 3D microscale structures

in the form of 7 µm diameter spiral structures with a urethane acrylate resin using

TPP was first demonstrated by Maruo et al. [134]. Structures with lateral spatial

resolution down to 120 nm were demonstrated by Takada et al. by incorporat-

ing radical quenchers within the photosensitive resin [146]. Minimum feature size

down to 40 nm along the beam resolution has be achieved with use of pulsed 800

nm light to initiate cross-linking and simultaneously, an 800 nm CW beam deacti-

vated the photo-polymerisation by employing spatial phase-shaping [138] (inspired

by stimulated emission depletion (STED)). Li et al. developed a novel physical

strategy to improve resolution of TPP down to 45 nm, by employing pulsed 800 nm

beam to initiate cross-linking in a photoresist through single-photon absorption of

continuous-wave 800 nm beam simultaneously to deactivate the photopolymerisa-

tion.

Multi-material printing has also been reported. Spatial immobilisation of mul-

tiple biochemical growth factors within 3D hydrogels via two-photon photochem-

istry was reported by Wylie et al. [147]. Subsequently Skylar-Scott et al. generated

3D scaffolds with high resolution patterned geometries and simultaneously intro-

duced 3D patterns of protein cues into the scaffolds [148].

TPP is becoming increasingly popular in fields with high requirements of
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miniaturisation and integration to 3D micro/nanostructures such as electronics,

communications, microfluidics, MEMS, metamaterials, and biomedicine. These

fields have previously relied on expensive and/or time consuming techniques such

as deep UV lighography, electron/ion beam lithography; or techniques with limi-

tations in the kind of structures and resolutions that can be achieved, like nanoim-

print lithography micro-stereolithography, ink-jet printing and self assembly. These

impediments with practical implementation of complex microscale nanostructured

devices can be mitigated to a great extent using TPP. Compared to traditional pho-

tolithography, sub-diffraction limit structures can be implemented using TPP.

Many drawbacks of other conventional polymer 3D printing (extrusion print-

ing, sterolithography) in micro- and mesoscale structures have been demonstrably

overcome with TPP printing, such as the need for support materials/structures, high

surface tension, oxygen inhibition and rough surface feature (induced in low resolu-

tion layer-by-layer printing). However TPP does have some limitations in fabricat-

ing macroscale objects in the cm scale due to the serial nature of laser illumination

and the associated timescales of hours to days. System cost is currently high due

to need for expensive components such as femtosecond lasers, positioning systems

and IR optics. Furthermore, the requirement of highly IR transparent resins impedes

inclusion of high concentration ceramic or metal particles for added functionality.

Novel materials for TPP with application-specific optical, mechanical and biomed-

ical properties is currently an active area of research.

2.3.3 Biocompatibility

Biocompatibility is a term used to describe the property of a material being com-

patible with living tissue without producing toxic or immunological response when

exposed to the body or bodily fluids. In the context of medical devices, biocompat-

ibility implies support of harmonious biological functioning and without causing

harm to or being rejected by the body, in its intended mode of usage [149]. Bio-

compatibility of medical devices is a complex and evolving subject and ISO 10993

outlines an international standard. Moreover, application-specific standards are also
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outlined by the United States Food and Drug Administration (FDA). As per the up-

dated device standards, of the ISO and FDA standards, the interaction of the devices

materials with the body and the potential risks need to be identified. In preliminary

stages, a risk assessment of the material components is required, followed by per-

forming tests on the final form of the device. These include traditional in vitro and

in vivo biological test, chemical tests, and toxicological risk assessment, along with

scientific risk assessment regarding clinical use of a material. The biocompatibility

requirements are also dependent on the nature of use of the device.

Long-term biochemical stability and inflammatory response are particularly

significant in implantable devices such as hernia meshes, pace-makers, brain stim-

ulation devices and orthopaedic implants. However, for single use medical devices

and tools, the requirements are less stringent, keeping in mind their end use and

duration for interaction with biological tissue. Fiber-optic sensors and devices tend

to fall in the latter category. Although biocompatibility tests were beyond the scope

of the proof-of-concept work undertaken in this thesis, minimising the use of toxic

components that could interact with the external environment in the final form of

the device it is an important consideration for translation of a medical device from

the laboratory to the clinical environment.





Chapter 3

Fiber-optic Ultrasound Transmitter

using Electrospun CNT Composite

The work described in this chapter details the investigation of a novel electro-

spun nanofibrous CNT-based composite structure to form a miniature fiber-optic

ultrasound transmitter. A brief background mentioning the design, material con-

siderations and rationale for use of electrospinning as the fabrication method is

given at the outset. Further, the fabrication and characterisation processes are de-

scribed. Next, details on evaluation of the electrospun-absorber ultrasound trans-

mitters against a dip-coated reference are outlined, followed by discussion of the

results.

3.1 Background
The basic design of optical ultrasound transmitters involves a waveguide for de-

livering laser pulses to an optically absorbing thermoelastic coating for ultrasound

generation 1. The prevalent methods and materials in the area of optical ultrasound

research were reviewed in Chapter 2. Some pertinent takeaways from this review

relevant to construction of ultrasound transmitters are mentioned in this section,

highlighting the optical absorption anisotropy of CNTs. Additionally, a brief back-

ground on the process of electrospinning is given, with a focus on incorporating

CNT’s to form optically absorbing structurally controlled nanofibrous composites.

1Parts of this work has been published in the journal articles [150, 151] and [152]
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3.1.1 Fabrication challenges and motivation

A variety of fabrication methods have been reported for optical ultrasound trans-

mitter fabrication as described in the previous section. These include dip-coating

[14, 85], spin-coating [26, 97, 153] CVD [26, 154], metal evaporation [155], and

etching [99, 154]. Dip-coated and spin-coated absorber-elastomer composites on

glass substrates have been implemented for fabrication of carbonaceous optical ul-

trasound generating surfaces [14, 27, 153]. Electrospun carbonised polyacryloni-

trile nanofibers deposited on macroscale substrates (a flat glass slide and a concave

lens), and then spin-coated with PDMS were also reported for laser ultrasound gen-

eration [97]. In this instance, area of the coated substrate was significantly larger

than an optical fiber cross-section, and high pulse energies (4.2 mJ) were employed.

Whilst ultrasound generating coatings can be deposited on optical fiber end-face

by composite dip-coating [14, 85], control of the absorber layer coating thickness

can be challenging. Additionally, close contact between the absorber and elastomer

components in the thermoelastic composite is desirable for efficient ultrasound gen-

eration [65]. In cases where the composite comprises of a carbon based absorber

and silicone elastomer, this can be accomplished by ensuring high PDMS elastomer

infiltration into the optical absorber, for instance MWCNTs, to enhance thermoe-

lastic heat transfer between the nanotubes and PDMS.

Use of highly absorbing nanofibrous structures could help address the chal-

lenges of elastomer infiltration. Nanofibers are able to form a highly porous

mesh and possess a large surface-to-volume ratio, that could also help improve

efficiency of thermoelastic conversion. There are several methods of producing

nanofibers, from high-volume production methods such as melt fibrillation and

gas jet techniques, to highly precise methods like nanolithography and self assem-

bly [156]. But their usefulness is limited by material restrictions, aggregation of

fibers, cost and rate of production. Electrospinning is another method for fabri-

cation of nanofibers providing high throughput at low cost. Successful usage of

electrospun nanofibers and their composites have been reported in a wide variety of

areas such as macroscale sensors, water purification, bioprinting, and scaffold struc-
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tures for tissue engineering, among others owing to the attributes of large surface

area to volume ratio, flexibility and porous structure [157].

In this work we have explored preferential alignment of absorber materials

(MWCNTs) to improve optical absorption efficiency during ultrasound generation.

This is based on the optical absorption anisotropy of MWCNTs demonstrated in the

work by Blancon et al [158], and is described further in 3.1.4.

3.1.2 Transmitter design considerations

The intended application for these optical ultrasound transmitters is imaging in MIS,

whereby some of the design considerations and desirable properties are as follows:

1. Ultrasound pressures within 0.1 to 10’s of MPa for pulse-echo imaging within

the intravascular space [65].

2. High ultrasound frequency (10’s of MHz) and bandwidth (over 20 MHz) to

obtain adequate imaging resolution for intravascular imaging, to distinguish

associated anatomic features of interest within healthy and diseased arteries

[14, 65].2

3. To aid incorporation into surgical needles and catheters for MIS, miniature

waveguides for light delivery (for instance, optical fibers 200 µm cross-

section) are required [6].

4. Mechanical integrity, flexibility, and chemical inertness in vivo.

5. Preferably employ a laser source existing in the clinical workflow (for in-

stance, 1064 nm pulsed lasers are employed in laser ablation applications).

6. The transmitter device is biocompatible in its final form, when integrated into

a surgical needle/catheter.

2Higher ultrasound frequencies provide better imaging resolution, at the cost of lower penetration
depth due (a consequence of signal loss due to higher interstitial tissue scattering and attenuation).
Consequently, frequencies higher than 20 MHz are suited to microscopy applications of surface
features. On the other hand, imaging resolution with lower ultrasound frequencies is not as high.
However, they enable higher penetration depth (due to lower scattering in the tissue), and are often
implemented in material NDT applications [71].
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7. Simplicity in construction, use, and integration in the surgical process.

3.1.3 Thermoelastic material considerations

Ultrasound is generated through thermoelastic expansion of a coating illuminated

with laser pulses. Some of the desirable material properties for such a coating, as

inferred from literature are :

1. High optical absorption coefficient (B.2.2.1) at the wavelength of laser illu-

mination [72].

2. High opto-thermal conversion efficiency and thermal conductivity [152,159].

3. The composite should contain an elastic component with low elastic modulus

and high thermoelastic coefficient [14, 26].

4. Minimal coating thickness to avoid ultrasound attenuation within the coating

[14, 27].

5. Good interaction between the absorber and elastomer components of the ma-

terial. For heterogenous composites, a high degree of elastomer infiltration

into the absorber component is beneficial [152].

6. High laser damage threshold value for coating integrity during operation

[153].

7. Good adhesion to substrate or waveguide surface (for instance optical fiber

end-face for MIS applications).

Composites of CNTs in polydimethylsiloxane (PDMS) elastomeric hosts are

promising for ultrasound pressure generation in the clinical range (0.1 to 10’s of

MPa) [14, 26, 160]. Furthermore, the optical absorption anisotropy of CNTs can be

used to enhance ultrasound transmitter efficiency. This property is further described

in the next section.
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Figure 3.1: Results of CNT absorption measurements from the study reported in [158]. (a)
Absolute absorption cross-section spectrum for incident light parallel (full dots)
and perpendicular to the nanotube. (b) Light-polarisation dependant absorption
cross-section for two laser excitation energies. The experimental data are fitted
by the function Cabscos2(θ),θ = 0 being the direction parallel to the nanotube
axis.(Image source: [158])

3.1.4 Optical absorption anisotropy of CNTs

CNTs are unusual macromolecules exhibiting large electrical and thermal conduc-

tivities, in addition to extraordinary mechanical strength and interesting optical

properties. Their substantial length-to-diameter aspect ratio presents a fundamen-

tal structural anisotropy that influences the above mentioned properties, dependant

strongly on the arrangement of carbon atoms indexed by the chiral vector or wrap-

ping vector of the underlying graphene sheet [161]. It is widely accepted based on

theoretical studies that CNTs exhibit maximal optical absorption efficiency when

the direction of polarisation of incident light is parallel to the CNT axis (Figure 3.1).

This effect has been theoretically outlined and practically verified as reported in lit-

erature for both for single-walled CNTs in [158, 162], and for MWCNTs in [163].

It was demonstrated by Najafi et al. that the co-polarized absorption cross-section

of MWCNTs is larger by a factor of two compared to the cross-polarized absorption

cross-section.

Considering this along with the fact that light emerging from a multimode op-

tical fiber cleaved at normal incidence is polarised in the plane parallel to its cleaved

surface [164], MWCNT-based coatings with the nanotube axes oriented parallel to

the optical fiber tip would support maximal optical absorption, consequently im-

proving ultrasound generation.
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3.1.5 Coating morphology control via electrospinning

Morphology of a material is a vital part in determining its bulk and surface proper-

ties. Different methods to fabricate structures for optical ultrasound generation were

reviewed in section 2.1.2. Although progress is being made in the use of novel ab-

sorber materials such as thin metallic layers and carbon composites, there has been

limited use of nanofibous absorbers to promote ultrasound generation. Among vari-

ous techniques, electrospinning is considered to be a facile and inexpensive method

for large-scale synthesis of nanofibers characterised by exceptional length and uni-

form diameter ranging from tens of nanometers to several micrometers [165, 166].

An example is the illustration of a thin electrospun epoxy composite of nylon 4,6

nanofibers of 30-200 nm diameters that exhibited optical transparency to visible

light [167]. Moreover, highly conductive lightweight polymer films of SWNT rein-

forced polyimide composite nanofiber films were made for static charge dissipation

in spacecraft walls [168]. The features of large surface area-to-volume ratio, high

porosity, and interconnectivity of nanofibers prove them to be compelling for struc-

tural integrity and possible opto-mechanical functionality [166].

3.1.5.1 Electrospinning

Electrospinning is a an electro-chemical process that produces solid submicron

fibers by pushing a millimetre diameter liquid jet through a metallic nozzle or nee-

dle in a high electric field [169]. This process is implemented at room temperature

and provides high yields of robust and stable nanofiber mats.

A complex interplay of forces on the polymeric droplet determines the through-

put of the electrospinning process. In a typical electrospinning setup, a syringe

containing the precursor solution loaded onto a pump for controlled solution dis-

pensation through a metallic needle at high voltage, with nanofibers formed at a

grounded collector surface placed a few cm in front of the needle tip. The metallic

needle is connected to a high-voltage power supply which electrifies the polymeric

droplet exiting the needle. At the tip of the needle, due to cohesive forces in the

liquid precursor and the Coulombic forces of the external electric field, the hemi-
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spherical surface of the droplet is distorted into a conical shape known as Taylor

cone [157, 170]. A polymer jet emanates from the tip of the Taylor cone.

Under low solution concentrations, the jet is destabilised due to varicose in-

stability forming fine self-dispersing micro-droplets, a process termed electrospray-

ing [171]. With higher solution concentrations the cohesive forces in the solution

become stronger, whereby the Taylor cone forms an accelerating jet that progres-

sively thins out in the electric field. This jet experiences a radial charge repulsion

that splits the primary jet into multiple filaments, in a process known as "splay-

ing" [172] to form nanofibers at the collector plate. A comparison of the jet tra-

jectory in electrospraying vs electrospinning is highlighted in Figure 3.2. Evapo-

ration of the solvent leads to contraction and solidification of the resultant droplets

or fibers. Consequently, the final morphology of structures deposited on the col-

lector is determined primarily by the constitution of the precursor solution and the

system’s electrostatic parameters.

Previously electrospinning has only been reported on the curved side-surface of

an optical fiber for the fabrication of a humidity sensor [173], but here we demon-

strate for the first time, electrospinning of a polymer composite directly onto an

optical fiber end-face and highlight its capability for optical ultrasound generation.

In our electrospun coating method we use aqueous dispersions of MWCNTs. These

were functionalised by sonication with a commercially available ligand to obtain

suitable aqueous MWCNT concentrations for formation of an optically absorbing

MWCNT-polymer composite. This process is less complex than functionalization

strategies necessary to disperse MWCNTs in organic solvents such as xylene which

are compatible with polymers for optical ultrasound generation [14, 27].

Numerous parameters contribute to the properties of the electrospun structure.

The process has been theorised on the basis of stability and variation of fluid flow

in an external electric field [169,174,175]. G. Taylor developed the basic principles

for dealing with electrified fluids [175]. This study reported that finite conductivity

in the fluid material enables electrical charge to accumulate at droplet interface gen-

erating electric stress [176], balanced by the fluid’s viscosity. The tangential electric
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Figure 3.2: Fluid droplet under electric field, undergoing the processes of: (a) Electrospray-
ing and (b) Electrospinning. (Images source: high-speed camera at Swanholm
Nordic Pharma and Analyzer Centre)

stress drags the fluid into motion generating hydrodynamic stress at the drop inter-

face. The complex interaction between these two stress sources causes the droplet

deformation, resulting in either microdroplets (electrospraying) or nanofibers (elec-

trospinning), shown in Figure3.2(a) and (b) respectively.

This theory has been experimentally verified on neutrally buoyant drops elon-

gated by electric fields, and is also referred to in literature as the "leaky dielectric

model" [177]. Later, G. Saville took the analysis further and reported axisymmetric

instability and an oscillatory "whipping" instability of the centerline of the jet, as

an extension to the electrohydrodynamic model proposed by G. Taylor [175]. Es-

sentially, these studies have attempted to theorise the electrospinning process using

various fluid dynamics and electromagnetic principles, to explain the formation of

nanofibers through electrospinning, and experimentally verify the results through

process parameter variations.

3.1.5.2 Polymer nanofiber formation

Fabrication of nanofibers composed of long chain polymers can be done through

electrospinning. The polymer jet under the influence of an electrostatic field can ex-

perience a high degree of elongation strain, as mentioned previously. The high elon-

gation strains and shear forces are capable of aligning the macromolecular chains
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along the fiber axis resulting in a high degree of molecular orientation in the fibers,

depending on constituent polymer [172]. Consequently, the process of electrospin-

ning alters the intrinsic structural properties of the polymer material.

The electrospinning process variables impact the morphology nanofibers/ mi-

crodroplets deposited on the collector. Draw ratio (ratio of spinning velocity of

collected fiber to ejection velocity of polymer solution of spun fibers) is known to

affect the macromolecular chain alignment. Using basic hydrodynamic concepts

and the principle of mass conservation J. Zhao et al. [172] stated that the velocity

of the fibers at the ground collector can be given by:

vspin =
( w f

100.p f .π(r f )2.t

)
(3.1)

where, vspin is the spinning velocity (m/min) when fibers are collected at the ground

electrode, w f weight (g) of polymer fibers on the ground electrode, p f density

(g/cm3) of the PCL fibers, r f average radius (in cm) of the collected fibers and t

electrospinning time (min).

Similarly, the solution velocity vsol can be calculated by replacing the equation

3.1 with the corresponding polymer solution parameters. The elongation rate of the

fibers can be determined as:

ε =
vspin− vsol

H
(3.2)

where ε is the elongation rate and H is the distance between the pipette and ground

collector. Higher draw ratio values are expected to provide better chain orienta-

tion in the fibers. This can be interpreted as higher electric field and polymer flow

rate enhancing nanofiber throughput. But beyond a threshold potential difference

between the polymer dispensing needle and collector, electrostatic breakdown oc-

curs (either at the needle-polymer interface or in the surrounding medium, i.e. air),

limiting further increase in the electric field.

From literature review on the process of polymer nanofiber formation through

electrospinning, it is evident that the process is dependant on:



3.2. Fabrication methods 74

1. Properties of the polymer or composite (conductivity and viscosity)

2. Geometry of needle and collector

3. Fluid dispensing flow rate

4. Electric field and electric permittivity of the surrounding medium, i.e. air (de-

pendant on the relative humidity and presence of contaminants in the air); and

5. Time of electrospinning

Taking these factors into consideration, it is possible to create functional elec-

trospun nanofibers with tunable morphology and optical properties. Furthermore,

nanofibers can be incorporated into the electrospinning precursor polymer solution

to create functional composites. On this basis, the design, fabrication and charac-

terisation of CNT-polymer composite nanofibers on optical fibers was undertaken

as part of my research to investigate their optoacoustic functionality as miniature

ultrasound transmitters.

3.2 Fabrication methods
To harness the optical absorption anisotropy of CNTs for efficient ultrasound gener-

ation, MWCNTs are deposited onto the optical fiber tip by electrospinning of CNTs

uniformly dispersed in a polymeric solution. The resultant optically absorbing pla-

nar mesh structure could function to promote elastomer (PDMS) infiltration due

to its inherent porosity, and offer increased control over the coating thickness by

varying the electrospinning time. These steps are briefly described in this section.

3.2.1 Electrospinning absorber composite

3.2.1.1 Preparation of electrospinning precursor

A nanofibrous thermoelastic composite with MWCNTs, polyvinyl alcohol (PVA),

and PDMS was developed for coating the end-face of optical fibers. MWCNTs with

dimensions of 6 to 9 nm x 5 µm (724769, Sigma Aldrich, UK) were functionalised

for dispersion in deionized water (30 mL water) using cetyltrimethylammonium

bromide (CTAB, 0.3 g) through a modification of the method described in [178].
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This functionalization process was performed by Dr. Sacha Noimark. This solution

was sonicated (Branson B-Series 1510, 100% power) for a minimum of 2 hours to

disperse the MWCNTs in water.

Solutions with increasing concentrations of MWCNTs were considered with

the aim of obtaining both high concentration and uniform electrospun fiber mor-

phology, with minimal nanoparticle clumping. Optimizing the nanotube loading

in the nanofibrous materials has been shown previously to be an important fac-

tor in developing high performance electrospun composite materials. The soni-

cated MWCNT dispersion was left overnight to allow for settling of any stray non-

functionalised MWCNTs or impurities. The dispersion containing 7.5 mg/mL of

MWCNT in water was the nanotube solution with highest concentration that pro-

duced uniform continuous electrospun absorber nanofibers without agglomerations,

and was used in the fabrication of our ultrasound transmitters.

The precursor solution for electrospinning was prepared by pipetting out req-

uisite volume of the MWCNT dispersion and heating it to 80 ◦C. To this heated dis-

persion, 9 wt.% of polyvinyl alcohol (PVA) (Sigma Aldrich 321584-25G, molecular

wt. 89,000-98,000, 99% hydrolyzed) was added and the mixture was stirred for 24

hours on a heating plate at 70 °C. This precursor polymer composite of MWCNT

and PVA solution was degassed prior to electrospinning.

3.2.1.2 Modified electrospinning setup

Electrospun deposition of absorbing nanofibers was carried out directly onto an

optical fiber end-face using a collector plate modified for substrate insertion, as il-

lustrated in Figure 3.3. A flat plate covered with aluminum foil (10 cm x 10 cm)

and a central circular aperture (0.6 cm diameter) for optical fiber placement acted

as the collector/grounding electrode for electrospinning. End-face of a step-index,

silica-core, silica-cladding multimode optical fiber with core/cladding diameters of

200/220 µm cleaved at normal incidence was used as the substrate. The optical fiber

end-face was aligned parallel to the collector plate surface with its distal end pro-

truding by ~1 mm through the aperture in the central region of the grounding plate.

The proximal end of the optical fiber, along with the excess overhanging section
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Figure 3.3: Modified electrospinning setup for nanofiber absorber deposition on optical
fiber endface.

was supported behind the collector plate on a horizontal plastic stand. On securing

the substrate, PVA-MWCNT composite precursor solution was electrospun at an

ambient temperature of 21 °C and humidity between 50 to 60 %. The solution was

dispensed through a blunted 23 G needle3 at an applied potential difference of 9 kV,

flow rate of 0.5 ml/hr, and needle-to-collector separation of ~12 cm.

3.2.2 Elastomer incorporation

Figure 3.4: Fabrication sequence for preparing optical fiber tip ultrasound transmitter.

Following direct electrospinning onto the optical fiber end-face as described in

the previous section, the optical fiber was gently pushed out through the collector

3 G or Gauge represents a unit in the British wire gauge system, which is commonly used to
specify the inner and outer diameters of surgical needles and peripheral catheters [179]
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plate. This resulted in the electrospun nanofibers being deposited at the optical fiber

end-face (resultant structure shown in Figure 3.8(a)). PDMS elastomer was incorpo-

rated by dip-coating the electrospun PVA-MWCNT coated optical fiber end-face to

provide a high thermoelastic coefficient. Diluted PDMS (Sylgard 184, Dow Corn-

ing thinned with 30 wt.% toluene) was used to lower the viscosity of the elastomer

solution to promote infiltration into the electrospun absorber. The dip-coated optical

fiber end-face was left to cure facing up for at least 24 hr at room temperature.

3.3 Measurement methods

3.3.1 Optical evaluation

The optical absorption of the composite coatings on the distal ends of optical fibers

was measured across the wavelength range of 400 to 1300 nm. Broadband light

from a halogen lamp (HL-2000-FHSA-LL, Ocean Optics, Fl, USA) was delivered

from the proximal end of a fiber; transmitted light from the coated end was received

by an integrating sphere (FOIS-1, Ocean Optics, USA) and measured with two

spectrometers (Maya2000 Pro 500-1000 nm) and NIRQuest512 (900 to 1300 nm,

Ocean Optics, USA). A non-coated, cleaved optical fiber was used as a wavelength-

independent reference and a dark measurement was obtained to correct for back-

ground spectrometer signals.

Scanning electron microscopy (SEM) of the composites on the distal ends of

optical fibers was performed using secondary electron imaging on a field emission

instrument (JSM-6301F, JEOL, Japan) with an acceleration voltage of 5 kV.

The electrospun fibers were also inspected with transmission electron mi-

croscopy (TEM) by Dr. Tom Macdonald, using a JEOL 2010 TEM operating at

200 kV.

3.3.2 Ultrasound measurements

Laser generated ultrasound pressure measurements were conducted as described

by Colchester, et al. [85] using a standardised setup (Figure 3.5). The fiber being
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Figure 3.5: Schematic representation of the setup used for ultrasound pressure measure-
ments of the fiber-optic ultrasound transmitters.

studied was mounted in a water bath opposite a hydrophone. The hydrophone was

mounted on a 3-axis linear translation stage allowing it to be centred on the ultra-

sound beam for measurements, and to vary distance from the transmitter surface.

The pressure data was recorded on a computer at 100 MS/s using a high speed

digitiser (PCI-5142, National Instruments, UK). The excitation light was provided

by a Q-switched Nd:YAG 1064 nm laser (SPOT-10-500-1064, Elforlight, UK), with

a pulse width of 2 ns, a repetition rate of 100 Hz, and laser pulse energy of 11

µJ (fluence 35 mJ/cm2). For pressure measurements, the optical fiber ultrasound

transmitters were positioned in water facing a calibrated 75 µm diameter needle hy-

drophone (SN 493, Precision Acoustics, UK) with a working range of 1-50 MHz

(calibrated periodically against a 1-30 MHz reference), and 1.5 mm separation be-

tween transmitter and hydrophone surface.

Measurements were performed on transmitters with different thicknesses of

electrospun functional coating (including at least three instances of each iteration
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of modified functional coating). Moreover, these were characterised against a dip

coated reference of the same material composition of absorber and elastomer for

performance comparison. The general observations from all the measurements per-

formed as part of this study are highlighted using representative figures and plots in

the next section.

3.4 Results and discussion

3.4.1 Electrospinning precursor

The optical, mechanical and chemical properties of the planar nanofibrous structure

is dependant on the precursor solution composition, in addition to the electrospin-

ning equipment parameters. In this section, some of the observations relating to the

electrospinning precursor optimisation are outlined.

3.4.1.1 Carrier polymer

High molecular weight polymers and high polymer concentrations are desirable to

produce electrospun nanofibers since polymer chain entanglements and overlap-

ping are necessary for uniform fiber formation. Consequently, electrospinning of

non-polymeric systems such as MWCNTs is not feasible without a carrier poly-

mer. Furthermore, in the interest of reducing use of toxic solvents (dimethylfor-

mamide, tetrahydrofuran, aerosolised toluene/xylene) and using aqueous disper-

sions of MWCNTs, polar carrier polymer is preferred for our composite coating.

3.4.1.1.1 Choice of polymer

Carrier polymers such as polyethylene oxide (PEO) and polyacrylonitrile (PAN)

have been reported for carbon nanotube electrospinning [166]. In the first instance,

PEO was chosen as the carrier polymer for this study, given its polar nature (i.e.

water can be used as the solvent unlike PAN which requires toxic DMF) and its

prevalence in literature for CNT electrospinning. Although good electrospun mor-

phology and optical absorption can be achieved using PEO, during preliminary ul-

trasound measurements, a drop (of nearly 50%) in ultrasound signal was observed

at pulsed illumination of 20 µJ for 15 minutes, and the coating itself was getting
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visibly damaged on illumination with laser pulse energies exceeding 26 µJ (for 30

seconds). This could be caused by localised melting of the constituent PEO (melt-

ing point of 58 °C [180]). On further investigation, polyvinyl alcohol (PVA) with

melting point of >180 °C [181] was chosen as the carrier polymer.

3.4.1.1.2 Polymer viscosity

Figure 3.6: SEM of electrospun PVA solution concentration in DI water: (a) 7 wt.% ; (b)
10 wt.% ; (c) 12 wt.%

Polymer concentration determines the solution viscosity, which in turn influ-

ences the quality of nanofibers produced. To optimise the precursor solution con-

centration for optimal nanofiber formation, PVA concentration was varied between

5 wt.% to 15 wt.% in DI water.

Electrospraying was prevalent with PVA concentrations below 7 wt.% (de-

picted in Figure 3.6(a) a mix of spinning and spraying obeserved with concentration

of 7 wt.% PVA). Nanofiber formation was observed in the range between 8 to 12

wt.% (Figure 3.6(b) and (c)), beyond which the high viscosity of the solution led

to needle clogging. In the higher range of the electrospinnable concentration, the

fibers were thicker while also resulting in some localised non-uniformities caused

by solvent evaporation leading to formation of beads/droplets of precursor solution

at the needle tip (Figure 3.6(c)).

3.4.1.2 Incorporation of MWCNTs

Aqueous dispersions of MWCNTs with increasing concentrations were prepared as

described in section 3.2.1.1. Uniform aqueous dispersions with upto 8 mg/mL of

MWCNT were achievable using the modified functionalisation method described.

As expected, optical absorption of the electrospun nanofibrous mat increased with
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Figure 3.7: SEM of electrospun PVA-MWCNT composite solution with 9 wt.% PVA along
with aqueous MWCNT dispersion concentrations of: (a) 6 wt.% ; (b) 7 wt.% ;
(c) 8 wt.%

MWCNT loading. Also, this affected the nanofiber morphology. The SEM images

in Figure 3.7 show the morphologies of the MWCNT-PVA nanofibers produced

with a constant PVA concentration of 9 wt.% and increasing MWCNT loading of

6, 7 and 8 mg/mL of precursor solution. MWCNT agglomerations were observed

with 8 mg/mL, not observed with 6 and 7 mg/mL concentrations. Therefore, to

maximise optical absorption while avoiding nanotube clumping (which may reduce

the optical absorption efficiency as the preferential MWCNT alignment would be

lost in these instances), 7.5 mg/mL was chosen as the optimal concentration of

MWCNT loading.

3.4.2 Elastomer infiltration

For ascertaining coating thickness and elastomer infiltration, cross-sectional SEM

was performed, whereby the coating process was performed on a glass coverslip

as the substrate (in place of optical fiber end-face), which was then fractured cryo-

genically for cross-sectional imaging. Planar mesh structure of the MWCNT-PVA

absorber nanofibers can be observed in Figure 3.8(a). The preferential alignment

of CNTs along the endface of the optical fiber, i.e. parallel to the electric field axis

of the plane polarised light emanating from the optical fiber tip would could help

enhance the absorption efficiency by harnessing the optical absorption anisotropy of

MWCNTs as stated in section 3.1.4. Furthermore, complete elastomer infiltration

into the electrospun absorber mesh was achieved (Figure 3.(b) and (c)), thereby pro-

moting thermoelastic energy transfer between the optically absorbing nanofibrous

MWCNT component and the PDMS elastomer component.
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Figure 3.8: Cross-sectional SEM images obtained from (a) electrospun PVA-MWCNT,
where its planar nanofibrous structure is apparent, the inset shows the carte-
sian coordinate axis as a reference where x-y represents the electrospinning
plane and z-axis denotes the optical axis perpendicular to the substrate (or the
optical fiber endface); and (b) composite coating following both absorber elec-
trospinning and PDMS dip coating; complete elastomer infiltration through the
nanofibrous MWCNT-PVA mesh onto the substrate can be observed. C: com-
posite, S: glass substrate, (c) Ends of CNTs are visible as bright spots in the
cross section of the electrospun CNT-PVA with PDMS infiltrated, indicating
planar arrangement of CNTs parallel to the substrate surface

3.4.3 Nanofibrous absorber on optical fiber tip

As a consequence of the electrospinning process, nanofiber mats composed of the

precursor solution constituents (excluding the solvent) are formed in a layer by layer

fashion. Therefore, with increased electrospinning time, thicker electrospun mats

in predominently planar orientation can be additively formed at the optical fiber

endface, as depicted in the representative cross-sectional SEM image of electro-

spun nanofibrous MWCNT-PVA absorber mesh (Figure 3.8(a)). This image was

acquired by cryogenically fracturing a glass cover slip placed in the same location

as the optical fiber endface in Figure 3.2.1.2.The electrospun layers were observed

to be largely parallel to the optical fiber end-face (excluding the artefacts caused by

improper cyrogenic fracturing which caused some fiber aggregates to jut out of the

plane-of-focus during imaging). With optical fiber positioned at this collector loca-

tion, the result can be inferred as electrospun layers largely parallel to the optical

fiber end-face (Figure 3.8(a)).

The electrospun nanofiber diameters (Figure 3.8(b)) were found to be between

175-250 nm, with a mean diameter of 207 nm (analysed in Fiji image analysis soft-

ware [182] within an analysed area of 200 x 200 µm). Furthermore, the MWCNTs
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Figure 3.9: (a) SEM of electrospun absorber coating on a cleaved optical fiber illustrat-
ing deposition of the nanofibrous planar mat on the end-face; (b) SEM of the
electrospun MWCNT-PVA nanofibers that were coated on optical fiber end-
face; (c) TEM of the electrospun absorber nanofibers illustrating the preferen-
tial alignment of the MWCNTs’ axis along the PVA nanofibers

that were dispersed with random orientation in the polymer precursor are seen to

be preferentially oriented along the electrospun nanofiber axis, under TEM (Figure

3.8(c)). This can be attributed to controlled polymer flow, in conjunction with the

externally applied electrostatic field promoting orientation of MWCNTs along the

length of the PVA nanofibers during electrospinning [183].

It was concluded from these observations that electrospinning resulted in ori-

entation of the absorber MWCNT-PVA composite as stacked planar meshes on the

optical fiber end-face, but with an absence of uniaxial alignment at a macro scale.

Since the optical pulse leaving the multimode optical fiber is plane polarised, planar

alignment of MWCNT’s axes within the planar nanofibrous absorber mesh should

present an improvement in terms of optical absorption efficiency over random 3D

arrangement of carbon nanotubes (as seen with dip-coating of polymer solutions).

3.4.4 Varying electrospinning time

3.4.4.1 Thickness control of electrospun composite coating

The electrospinning process allowed for control of the coating thickness. With all

other parameters kept constant, increasing electrospinning time from 2 to 14 min-

utes, correspondingly increased the electrospun coating thickness from 2.3 µm to

41.4 µm, as measured using side-on SEM ( values plotted in Figure 3.10).
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Figure 3.10: Variation of electrospun absorber layer thickness with electrospinning time
(thickness measured by cross-sectional SEM)

3.4.4.2 Optical absorption of composite coating

Increased coating thickness led to an increase in optical absorption and a change

in the generated ultrasound pressure (3.11). A monotonic rise in optical absorption

approaching unity was observed with higher electrospinning time (Figure 3.11, up

to a certain coating thickness of ~11 µm (or associated electrospinning time), as is

expected from Beer-Lambert law [184]. At larger thicknesses, a saturation effect

(in the absorbtivity of the material with increased thickness) can be observed, and

therefore absorption in the log-scale deviates from Beer-Lambert law (defined in

section B.2.2.1).

Figure 3.11: Effect of increasing electrospun transmitter coating thickness on optical ab-
sorption (A).
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3.4.4.3 Generated ultrasound pressure

In contrast to the optical absorption which increases with coating thickness, the

measured ultrasound peak-to-peak pressure reached a maximum of 1.59 MPa at an

optimal electrospinning time of 8 minutes that corresponded to a coating thickness

of 13.7 µm, and then dropped with further increase in electrospinning time (Figure

3.12(a)). This indicates that beyond a certain optimal coating thickness, there is

a trade-off between the increased optical absorption and simultaneous ultrasound

attenuation (due to absorption and scattering of the generated ultrasound within

the composite coating) [14, 65]. Therefore, beyond 8 minutes electrospinning time

which gave a coating with 13.7 µm thickness in this study, the ultrasound attenuation

evidently overpowered the beneficial effect of increased optical absorption.

Figure 3.12: Effect of increasing electrospun transmitter coating thickness on optically
generated ultrasound pressure. (a) Plot of peak-to-peak ultrasound pressure
for varying coating thickness values (obtained by varying electrospinning
times (ES time), dotted lines are only a guide to the eye); (b) Time traces
of ultrasound pressures measured with ES times of 6, 8 and 20 minutes.

3.4.5 Evaluation against dip coated reference

To better understand the dependence of the coating morphology on optical ul-

trasound generation capability, we evaluated the performance of our electrospun

optical ultrasound transmitters against an equivalent reference formed by dip-

coating. The reference transmitter was prepared by cleaving an optical fiber with
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Figure 3.13: Calibrated time traces of optical ultrasound pressures measured at a distance
of 1.5 mm from fiber-optic electrospun ultrasound transmitters (blue trace)
and dip coated reference (red trace), under 11 µJ pulse energy.

core/cladding diameters of 200/220 µm at normal incidence, and dip-coated with

the electrospinning precursor solution which was left to dry for 2 hours, followed by

dip-coating in PDMS to obtain a solid film coating. For material equivalence in this

comparison, the same corresponding polymer solutions (PVA-MWCNT polymer

mixture and PDMS-toluene mixture in the electrospun absorber transmitter) were

used to form the reference transmitter. The optical absorption of the dip-coated ref-

erence sample at 1064 nm was measured to be 0.97, identical to the optical absorp-

tion measured from electrospun transmitter sample prepared with electrospinning

time of 8 minutes (thickness 13.7 µm), to which it was compared. Although the op-

tical absorption values were identical, the dip coated reference transmitter possessed

a higher coating thickness (~60 µm) compared to its electrospun counterpart.

3.4.5.1 Ultrasound pressure time trace

The fiber optic ultrasound transmitters with an electrospun absorber generated a

five-fold greater ultrasound peak-to-peak pressure than a dip-coated reference with

the same composition (Figure 3.13). Measured peak-to-peak pressure was 1.59

MPa for the electrospun transmitter versus 0.31 MPa for the dip-coated reference,

both producing bipolar ultrasound signals. The signals were measured at 1.5 mm

from the calibrated fiber optic hydrophone. The distance between the end-face of

the transmitter and hydrophone was ascertained using the time trace by assuming
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a constant sound speed of 1500 m/s in the water bath. Furthermore, the pressure

measurements were conducted with the hydrophone directly facing the fiber optic

transmitter, aligned using the three-axis translation stage depicted in Figure 3.5.

3.4.5.2 Signal bandwidth

Figure 3.14: Power spectra of optical ultrasound signals measured at a distance of 1.5
mm from fiber-optic electrospun ultrasound transmitters (blue trace) and dip
coated reference (red trace), under 11 µJ pulse energy.

The fiber optic ultrasound transmitters with an electrospun absorber generated

ultrasound signals with broader bandwidth relative to the reference dip-coated trans-

mitter (Figure 3.5). The -6 dB bandwidth was measured as 29 MHz with signal peak

at 31 MHz for electrospun transmitter compared to 8 MHz with signal peak at 10.5

MHz for the reference.

In thermoelastic optical ultrasound generation, acoustic pressure in the far field

is proportional to the time derivative of the laser pulse, i.e. bandwidth of the gen-

erated ultrasound is determined by the incident laser pulse. Additionally, coating

thickness also affects the resultant ultrasound bandwidth, as lower thickness trans-

lates to higher bandwidth. Since the laser illumination pulse parameters were iden-

tical for both the electrospun transmitter and the dip-coated reference, (Figure 3.5),

we attribute the reduced bandwidth in part to the higher coating thickness of the

reference transmitter (60 µm vs 13.7 µm). Furthermore, it is seen that for the same

receiver parameters, the power spectrum of the dip coated reference is significantly

noisier, possibly indicating backreflections within the coating.
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The higher optical ultrasound amplitude and signal bandwidth (Figure 3.13

and 3.14) of the electrospun transmitter compared to the dip-coated reference trans-

mitter to two main factors: i) lower ultrasound attenuation, and ii) improved opto-

thermal energy conversion in the electrospun composite coating. Although both

transmitters have exhibited identical optical absorption, the electrospun coating is

much thinner than the dip-coated one. This is indicative of the electrospun coating

possessing a higher absorption coefficient, which can be ascribed to the preferen-

tial alignment of the constituent MWCNT axis within and along the electrospun

nanofibers (Figure 2(d)), and consequently to the plane of polarisation of the in-

cident light from the multi-mode optical fiber end-face. As a consequence of the

thinner coating, ultrasound attenuation is lower in the electrospun transmitter, re-

sulting in higher ultrasound amplitude and wider bandwidth [14]. Simultaneously,

the high effective surface area of the porous electrospun absorber, and complete

elastomer infiltration through it, very likely promoted thermal energy transfer be-

tween these two constituents. These factors act synergistically to improve the opto-

thermal energy conversion for optical ultrasound generation in the electrospun ul-

trasound transmitters.

3.5 Summary and future work

Ultrasound generation was successfully demonstrated on an optical fiber by elec-

trospinning an absorber composite onto its end-face and then dip-coating with an

elastomer. The pressure amplitude and bandwidth requirements needed for intravas-

cular imaging using fiber-optic ultrasound transmitters were realised (1.59 MPa

pressure at 1.5 mm distance from the endface, with -3dB bandwidth of 29 MHz

with peak signal peak at 31 MHz), adhering to the requirements laid out in sec-

tion 3.1.2. The electrospun transmitters produced ultrasound pressures in the MPa

range with low pulse energies of 11 µJ, making them suitable for clinical use in

MIS. High efficiency of optical ultrasound generation was demonstrated using the

electrospun MWCNT nanocomposite fiber optic ultrasound transmitters (compared

with a equivalent dip coated reference).
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The feasibility of electrospinning directly on optical fiber tip, and its appli-

cability to form optical fiber ultrasound transmitters was illustrated in this study.

The thickness of the coating layer was effectively controlled by varying the electro-

spinning deposition time. High elastomer infiltration was observed by dip-coating

PDMS elastomer into the porous nanofibrous absorber mesh produced. In addi-

tion to probes for minimally-invasive surgery, the paradigm of electrospinning on

optical fiber end-faces could be of use in a wide range of applications including

non-destructive testing of materials, chemical sensing, and environmental monitor-

ing. [64, 173, 185].

Nanofibers produced by electrospinning possess high porosity, which results

in surface areas several orders of magnitude higher than regular films [169]. The

porous optically absorbing planar mesh structure can assist elastomer (PDMS) in-

filtration to aid direct mechanical contact and the high surface area of of interac-

tion can function to promote heat transfer between the absorber and elastomer con-

stituents, beneficial for optical ultrasound generation. Electrospinning can also of-

fer increased control over the coating thickness through variation of electrospinning

time, while promoting preferential in-plane alignment of MWCNTs along optical

fiber end-face. This could help enhance optical absorption efficiency in electro-

spun coatings relative to random MWCNT alignment, due to the optical absorption

anisotropy of MWCNTs [158, 162, 163].

The technique presented here could be further optimised in several ways. First,

a focused electric field could be used to attain better control over the fiber deposition

area, and a controlled mesh structure, to facilitate polarisation selective absorption

for multimodality imaging (for instance, a probe offering the functionalities of both

ultrasound and photoacoustic imaging with polarisation selective optical absorp-

tion). Second, the carrier polymer (PVA) could be carbonised from optical fiber

end-face prior to PDMS dip coating to obtain MWCNTs in planar alignment along

the optical fiber tip to form MWCNT-PDMS composite with minimal carrier poly-

mer residue. Third, it may be possible to use PDMS itself as the electrospinning

carrier polymer, which could enhance the elasticity of the coating and negate the
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need for dip-coating the elastomer. This would function to further reduce the num-

ber of fabrication steps, and potentially improve the transmitter performance.

The envisaged future work includes clinical testing of the reported optical ul-

trasound generating probes. Additionally formation of lens-ended fiber probes is of

interest in this context, in particular endoscopic laser treatment and MIS [186,187].

Previous fabrication techniques of integrated fiber-optic microlenses were based ei-

ther on: (i) integration of a separately fabricated glass microlens onto the fiber tip; or

(ii) using the laser-microfurnace technique [112], where the laser energy delivered

by the fiber itself caused the fiber tip to melt, which can then be appropriately ma-

nipulated to form the requisite lens structure. Alternatively such lensed structures

could be formed using TPP followed by coating with an thermoelastic polymer to

the lensed surface for focussed ultrasound generation. Some preliminary studies

have been reported [159], with scope for further investigation focussed on clinical

translation. These devices could be the basis for development of a new class of

probes for US ablation and imaging in cardiology, intravascular surgery, nephrol-

ogy, endoscopy and other MIS interventions.



Chapter 4

Microscale Fiber-optic Probe for

Intravascular Pressure and

Temperature Sensing

Miniature minimally-invasive sensors allow for fine spatial resolution and targeted

point measurements at critical sites for diagnostic applications. These include intra-

surgical measurement of pressure and temperature in cardiac vasculature, intracra-

nial physiological monitoring during recovery following head trauma, intra-ocular

pressure measurement for evaluating glaucoma, among others. In this context, fiber-

optic sensors can provide improved performance in the clinical environment with

enhancement in temporal resolution compared to traditional biomedical pressure

sensors such as fluid-filled catheters or electronic sensors. For instance, manometer-

style catheters damp pressure dynamics and tend to be too large for most in vivo ap-

plications [188], while electronic sensors are sensitive to EMI and have large form

factors. Importantly, the risk of embolism, infection and thrombosis increases with

the size of a sensor [6], highlighting the importance of sensor miniaturisation.

Fiber-optic pressure and temperature sensors for MIS require sub-millimetre

lateral dimensions to facilitate integration within endoscopic catheters or coro-

nary guidewires. Such sensors can be formed using an interferometric sensing

structure consisting of a deformable diaphragm extrinsic to a waveguiding opti-

cal fiber. These diaphragm structures have been realised using a wide range of
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materials including Si, SiO2, metal films, nano-diamond, ceramics, and organic

polymers [53, 109, 113, 122, 189–199]. Achieving the geometric tolerance needed

for integration of these structure to optical fibers for interferometric sensing require

the use of precise micromachining approaches. Commercial fiber-optic extrinsic

interferometric sensors are typically formed by anodic bonding of a thin silicon

diaphragm onto a glass support structure. However, this method tends to be very

expensive in terms of the assembly time and capital equipment required, and is un-

favourable to design modifications for prototyping [193]. To date, a method that

allows for rapid prototyping of evolving freeform microscale fiber-optic sensor de-

signs has been elusive.

Furthermore, little work has been reported in applying lithographic techniques

for 3D precision-microfabrication of interferometric physiological sensing probes.

One relevant sensor prototype reported is a simple cylindrical SU-8-based single-

cavity extrinsic FP interferometer formed by photolithography using a mask pattern

[117]. However no other examples of sensors with confined cavity were found in

literature using lithographic approaches (as of March 2019). It used SPA approach

in conjunction with a photomask UV-exposure. Although responsive to pressure

changes, it lacked freeform fabrication capability, required use of a photomask, and

the structures were limited to simple 2.5D designs containing only a single optical

cavity (limiting multi-parameter sensing and reliable calibration) .

In this work, we investigate TPP printing to form fiber-optic interferometric

sensors having freeform design with features such as a confined gas cavity, a mi-

croscale deformable membrane, and optical elements (all within a single microfab-

ricated structure)1. The associated design iterations, along with a novel method for

sensor fabrication and integration to the optical fiber is described. The constructed

fiber-optic sensors were interrogated with low coherence interferometry (LCI) and

characterised in a benchtop setup that allowed pressure and temperature variations

simulating intravascular parameters, to test their application potential as a physio-

logical pressure and temperature sensor.

1Part of this work has been published in [151]
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First, a brief background relevant to this work is presented in section 4.1.

Thereafter, some design considerations inferred from literature, MIS requirements

and available fabrication capabilities are listed in section 4.2. Next, the methodol-

ogy for sensor construction, interrogation and characterisation is presented section

4.3. The results of this work are discussed by considering three major design itera-

tions in section 4.4, and finally a summary along with notes on future work is given

in section 4.5.

4.1 Background

4.1.1 Intravascular pressure sensing

Figure 4.1: Illustration of intravascular pressure sensing using a guidewire to evaluate the
severity of plaque build-up in a stenotic artery at locations proximal (Pa) and
distal (Pd) to the stenosis (Image adapted from [200]).

In intravascular MIS, pressure measurements are conducted using disposable

pressure transducers that need to be precise, stable and provide continuous mea-

surement of physiological pressure values. These miniature physiological sensors

are introduced percutaneously into vasculature (major veins or arteries) of inter-

est. They are used for both qualitative and quantitative assessment of vascular dis-

ease [6]. Fractional flow reserve (FFR) measurements are prominent among the

quantitative measurements. FFR is defined as the ratio of pressure between the

proximal and distal ends of a stenotic artery and is used as an important metric

in the decision to perform percutaneous coronary intervention (PCI). For instance,

stent placement is deemed suitable only in patients with both an angiographic indi-

cation of plaque, and FFR value of below 0.8 [201].

Monitoring interstitial fluid pressure in MIS gained increased clinical atten-
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tion in the early 1970’s when miniaturised piezoelectic pressure sensors were de-

veloped and integrated into catheters for measurement of intra-discal pressure in

spinal surgery [202]. Currently such devices available for clinical use are fragile,

expensive and their SNR is heavily impacted by EMI. [6].

In an alternative approach to tackle the EMI sensitivity of the piezoelectric

sensors, fluid-filled catheters attached to external pressure transducers were intro-

duced [203]. These initially consisted of a needle connected to a mercury pres-

sure manometer, which progressively advanced to wick catheter, slit catheter, or a

side-ported needle. Their chief advantage is the low sensor cost, but they suffer

from hydrostatic artefacts caused by body movements, and require multiple cycles

of flushing or infusion to maintain accuracy during a single procedure [117, 188].

Despite extensive efforts to minimise these drawbacks, their use in environments

involving macroscale movements still remains a challenge.

Fiber-optic interferometric sensors are of interest to address these challenges.

The active element of such sensors is a confined microscale optical cavity, along

with an optical fiber functioning as the waveguide. Generally, no electronic com-

ponents or electrically conductive elements are present in such sensors. The in-

herent biocompatibility, mechanical flexibility, and resistance to EMI of the op-

tical signals from these sensors can address the drawbacks of manometric and

electronic intravascular sensors. In the extrinsic FP-interferometer configuration,

fiber-optic sensors are being increasingly investigated for clinical pressure mea-

surements [79,109,109,113,117], and for potential application in intravascular MIS.

The general construction of these devices comprises an optical fiber waveguide inte-

grated to a functional microscale extrinsic sensing element with a distal deformable

diaphragm structure.

4.1.2 Intravascular temperature sensing

In addition to intravascular pressure changes, evaluating local temperature varia-

tions in vivo is of interest in MIS. These include procedures such as flow measure-

ment by thermodilution, monitoring endoscopic ablation, post-trauma monitoring

of intercranial temperature and hyperthermia interventions [204, 205]. They are
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also of interest in the guidance of photothermal therapy of atherosclerotic plaque,

and control of localised drug delivery in chemotherapy when temperature-sensitive

liposome-based vehicles are employed [15, 206]. Miniature inexpensive tempera-

ture sensors based on thermocouples and thermisters have been commercially avail-

able for decades, however these electrical sensors are unfavorable for biomedical

applications in the EMI-rich clinical environments.

A range of miniature fiber-optic temperature sensors have been reported re-

cently for temperature sensing [207]. Depending on the sensing principle employed,

these sensors can be categorised into fluorescent and interferometric sensors. In flu-

orescent fiber-optic sensors, the temperature-dependent emission spectrum decay

of a through-fiber UV-illuminated fluorescent coating attached to the distal tip of

a multimode fiber is monitored. Such sensors were commercially available with a

resolution of 0.1 °C and response time of 1s [208]. An issue with such sensors is the

limited lifetime due to progressive degradation of the fluorescent material. Interfer-

ometric sensors on the other involve optical interrogation of temperature-induced

structural deformation in the sensor, and are therefore relatively less prone to chem-

ical degradation. These can be broadly classified based on their design into intrinsic

and extrinsic configurations (defined in section 2.2.1).

The most prominent example of intrinsic fiber-optic temperature sensors are

FBGs which can provide stable high-accuracy sensing performance. They are made

by laterally exposing the core of an SM fiber to a periodic pattern of intense UV

light [209]. The exposure produces a permanent increase in the refractive index

in the fiber core creating a fixed index modulation or grating pattern. FBG sensor

interrogation can be performed by multiplexing signals in the wavelength, time or

spatial domain [108]. However, these sensors require speciality optical fibers, and

the fabrication of such FBG sensors is currently relatively cost-intensive, and multi-

parameter sensing for MIS is not feasible using this design alone.

Fiber-optic extrinsic interferometric temperature sensors on the other hand,

consist of a thermally-deformable FP etalon structure coupled to the endface of the

waveguiding fiber. Their working principle is mentioned in the next section.
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4.1.3 Extrinsic fiber-optic Fabry Perot cavity

Figure 4.2: Illustration of design elements in a fiber-optic extrinsic single-cavity interfero-
metric sensor. Here, PD is the pressure sensitive distal deformable diaphragm
element, AC is an air cavity within the sensing element, C is the diameter of
PD, z indicates axial deflection in it at different radial points at a distance r
from the centre of the circular PD.

FP fiber-optic sensors are typically realised by implementing an extrinsic in-

terferometric cavity structure used as a point measurement device at the tip of an

optical fiber. Such sensors are commonly constructed with a single-mode (SM)

fiber as a waveguide spliced to a hollow capillary and/or hollow-core fiber with a

deformable diaphragm at the distal end forming a gas (air) cavity as indicated in

Figure 4.2. By analysing the back-reflected signals from the sensing fiber acquired

at the photodetector/spectrometer in an optical interferometry setup, changes in the

effective cavity length due to cavity deformation or refractive index shift can be

measured. This can be induced by a variety of factors, including fluctuations in

pressure and/or temperature in the local environment around the sensing element.

Heat-induced reversible thermal expansion in the sensing element forms the

basis of FP-based temperature sensors in the biomedical temperature range of in-

terest. For high temperature industrial applications (100’s of °C), heat-induced re-

fractive index changes are generally calibrated for measurement. Therefore, the

temperature sensing behaviour of extrinsic fiber-optic sensors is heavily dependant

on the thermal expansion properties of the extrinsic sensor element [188, 194].

Pressure measurements on the other hand, can be obtained by evaluating
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changes in the optical path lengths along the optical fiber axis through pressure-

induced displacement of a deformable diaphragm in the extrinsic sensing element.

This can be visualised by considering a single cavity design of the extrinsic sens-

ing element containing a confined air cavity and a distal deformable diaphragm as

shown in Figure 4.2, where a and b indicate the prominent back-reflected measure-

ment beams. Both the design and material properties of the extrinsic sensor element

influences the sensor performance.

Pressure-induced axial mechanical deformation in an deformable circular di-

aphragm element was studied in [210], and a simplified relationship between di-

aphragm displacement under a uniformly applied pressure was summarised as fol-

lows:

z(r) =
3

16
.
(1−ν2)(C2− r2)2

Et3 .P (4.1)

Here z is the diaphragm displacement, r is the distance of a point from the cen-

tre of the diaphragm, C and t are the radius and thickness of the circular diaphragm

respectively, while E is the Young’s modulus, and ν is the Poisson’s ratio. Equation

4.1 indicates that a thinner distal diaphragm leads to greater maximum deflection

or z (and hence sensitivity), and placing it perpendicular to the interrogating beam

results in a linear relationship between changes in pressure and diaphragm displace-

ment. It can also be inferred from equation 4.1 that the extent of deflection varies

laterally across the diaphragm and is maximum at the center. Therefore a confined

interrogating beam spot interrogating its central region of the diaphragm is desirable

to achieve high sensitivity.

4.1.3.1 Simultaneous pressure and temperature sensing

Simultaneous detection of pressure and temperature are valuable in a variety of

biomedical and industrial applications. Some such commercial devices, and in-

stances reported in academic literature were based on designs involving FP cav-

ities alone, or in combination with FBGs [5]. The sensor design and sensitivity

range was application dependent. In literature, FBGs coupled to FP cavities have
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been used for simultaneous temperature and pressure sensing [211–213]. Other

dual parameter sensors tend to include intrinsic fiber-optic elements, as is the case

with tapered and microstructured fibers, or extrinsic multi-cavity FP sensors [112].

Application of the multi-cavity extrinsic fiber-optic sensor paradigm has been rel-

atively scarce in literature, but few variants of multi-cavity designs have been re-

ported [109, 116, 214–216], with further design aspects detailed below.

4.1.3.2 Multi-cavity fiber-optic interferometric sensors

Multi-cavity microscale FP interferometer design is of particular interest in this

work. Presence of multiple interferometric cavities in the extrinsic sensing element

can enable measurement of a single physical parameter with increased accuracy

(by aiding calibration through error compensation), or facilitate simultaneous mea-

surement of multiple parameters, dependent on individual cavity responses. When

using a single optical fiber for delivery and collection of the interrogating beams, it

is imperative that the interfaces are only partially reflective allowing propagation of

light to the distal-most reflecting surface, and subsequently guided back to the op-

tical fiber core for processing. It involves at least three partially reflecting surfaces

that are individually or in-combination capable of forming distinct interferometric

cavities. During optical interrogation, a part of the light reaching the endface of

the SM fiber is reflected and the rest is transmitted further to the partially reflecting

interfaces of the sensing element. Subsequently, light is reflected from the inner

and outer surfaces of each subsequent interface and that of the distal diaphragm.

These are coupled back into the SM fiber with a phase difference between each of

the reflected beams caused by the distinct optical path lengths traversed.

Some multi-cavity fiber-optic sensor designs have been reported in litera-

ture [109,116,214–216]. These design implementations include all-silica structures

with multiple spliced hollow capillaries to the endfaces of the waveguiding fiber,

combinations of polymer spacer segments with hollow capillaries or hollow-core

fibers, and FBG segments integrated to glass capillaries or hollow-core fibers with a

distal deformable membrane [109,212,214]. Each of these sensors require multiple

steps of optical alignment and microstructure integration following fabrication, but
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offer little or no dimensional control.

In current literature on fiber-optic sensors, methods to aid sensor prototyp-

ing, particularly to evaluate its use in different measurement ranges is lacking, as

is the ability to include freeform confined gas cavity structures and/or lensing ele-

ments. We attempt to address these challenges through a precision microfabrication

method involving TPP (section 2.3.2.2). TPP is an upcoming technique to form 3D

nano and microstructure on flat substrates. This technique has recently also been

implemented on the endface of optical fibers to form micro-optical structures for

beam lensing [217–219]. Although these studies neither deal with intereferometric

sensing, nor do they produce irreversibly bonded devices with confined gas cavi-

ties, they are of interest from a micro-optics fabrication perspective, which could be

relevant for beam modulation in FP-cavities.

4.1.4 Micro-optics fabrication on optical fibers

There are two common approaches to form miniature extrinsic fiber-optic devices

comprising of lensing structures. The first involves an assembly of discrete micro-

optical elements (e.g. graded-index lenses, ball lenses, prisms, mirrors). How-

ever manufacturing such micro-optic elements made out of glass requires special

handling tools (for blocking, grinding, polishing, or laser-beam induced melt pro-

cessing) making the process time-consuming and expensive [220, 221]. Moreover,

precise alignment and design features to minimise stray backreflection can be chal-

lenging. The other approach is to create lensed fiber-optic probes by fusion splicing

fiber lenses directly onto another optical fiber [222–225], by using an optical fiber

splicer. However, it is not feasible to produce compound micro-optical components,

or complex geometries using these methods.

These methods are cumbersome and expensive, and the direct fabrication of

polymer lenses and/or photonic structure on the fiber tip would be a relatively low-

cost and flexible alternative. Furthermore, using advanced lithographic techniques

and optically transparent photoresist material, high degree of control over the fiber

optic lens curvature is possible.

Few examples of optical and photonic structures fabricated directly at the end-
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face of an optical fiber using laser lithography have been reported in literature. A

3D micro-photonic structure using SU-8 photoresist was constructed on the tip of an

optical fiber (woodpile photonic crystal and simple lens element), using a combina-

tion of melt reflow process [142] with direct laser writing (DLW) and interference

lithography. However, technical challenges exist in the construction of freeform

geometries or fiber-optic structures with confined gas cavity using these techniques.

TPP can enable repeatable, precise freeform 3D printing with sub-micron res-

olution and sub-wavelength roughness on flat substrates [226]. Although the stan-

dard fabrication of TPP is performed on macroscale optically flat substrates (glass

slides, Si wafer, etc.), TPP printing could also be accomplished on flat microscale

substrates surfaces, such as a cleaved optical fiber endface. This was implemented

to form microscale lensing assemblies [217–219, 227], and a microscale force sen-

sors [111] through careful cleaving and accurate fiber alignment in the path of the

femtosecond beam used for TPP. The configurations explored in this regard in-

clude dip-in laser lithography (DiLL), and oil-immersion configurations of TPP on

a cleaved optical fiber segment (described further in section 4.3.1.2) by placing the

optical fiber on a custom fiber chuck, followed by TPP illumination and standard

photoresist development.

The efficacy of TPP to fabricate lensing structures with the optical fiber as a

waveguide is established, but the mechanical stability of the structures is heavily

dependent on the adhesion between the photoresist and the optical fiber endface

(prone to detachment under solvent swelling and mechanical agitation). When im-

plementing TPP for a fiber-optic probe used in MIS applications involving turbu-

lent fluid motion (such as within human vasculature), the printed micro-structures

have a high likelihood of detachment if no additional measures are taken to improve

structural adhesion. Furthermore, direct on-fiber laser illumination for TPP requires

removal of the laser beam dump assembly from the commercial TPP equipment for

placement of the optical fiber holder, potentially dangerous from a operational laser

safety perspective 2.

2while also voiding warranty of the TPP equipment
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4.2 Sensor design considerations
The details presented in the background section and those inferred from review

were used to outline general design considerations to form high fidelity precision

microfabricated fiber-optic devices for pressure and temperature sensing:

1. The fiber-optic sensor is envisioned to contain a precision fabricated extrinsic

sensing element integrated to an optical fiber acting as a waveguide.

2. The intended waveguide is an SM optical fiber, cleaved at normal incidence

with cladding diameter of 125 µm.

3. The fiber-optic sensor will be interrogated by phase resolved LCI (described

in section 4.3.2.3) using a broadband NIR illumination source of central

wavelength 830 nm.

4. A distal deformable diaphragm should be present in the extrinsic sensor ele-

ment to respond to changes in ambient pressure.

5. A confined gas-filled optical cavity should be present within the sensing ele-

ment, bounded on one side by the distal deformable diaphragm, to aid max-

imal pressure-induced deformation and refractive index contrast when used

within an aqueous medium or blood.

6. The sensor should consist of parameter-responsive optical cavities. High fi-

nesse cavities (defined in appendix B.2.1.1) are needed only for FP sensors

where the wavelength-dependant reflectance is evaluated. For LCI-based in-

terrogation, the sensor elements can be low-finesse containing only moder-

ately reflective bounding surfaces.

7. For clinical intravascular sensing applications, and for the associated regula-

tory approval, pressure responsivity across a range spanning 300 mmHg is

required as per FDA regulations - FDI 21CFR870.1200 (Normal blood pres-

sure systolic/diastolic in adult humans is 120/180 mmHg).
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8. Temperature responsivity at least 10 °C above and below the human average

internal temperature is desirable for intravascular interventional applications

(i.e. 37 ±10°C). [207]

9. The lateral dimensions of the sensor element should be suitable for inclusion

into a cardiac catheter, guidewire or needle. Among PCI needles, the smallest

diameter is considered, i.e. 21G for paediatric interventions (inner diameter

of 0.71 mm) [6]. To allow for inclusion of other interventional devices into

PCI needles along with the fiber-optic sensor, the maximum outer diameter

for our sensors was set to 300 µm.

10. The sensor material should be water insoluble, and not attacked by blood or

other biological fluids (non-cytotoxic and non-thrombogenic).

11. It is desirable to have multi-cavity elements with designs that enable simul-

taneous measurement of multiple measurands, for instance temperature and

pressure.

12. It is beneficial to include free-form lensing elements within the sensor to en-

hance the interferometer SNR.

13. For investigation into novel designs, the fabrication method, and material

used needs to facilitate design flexibility and easy prototyping.

4.3 Methods
Precision microfabrication of the extrinsic sensing element for the fiber-optic sen-

sors in this work was accomplished using TPP with a proprietary photoresist. A

basic description of the design aspects and their rationale is stated in section 4.3.1.1.

Further, the TPP fabrication and steps involved in integrating the microfabricated

elements to SM optical fibers to form the sensing device is described in section

4.3.1.2 and 4.3.1.3. Thereafter the sensor characterisation method under simulated

intravascular conditions was performed as detailed in section 4.3.2.
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4.3.1 Sensor construction

4.3.1.1 Design evolution

Three of the major prototype designs, with progressive functional improvements

are described below (referred to as S1, S2, and S3 in this report). Using these basic

designs as a guide, sensing elements were fabricated as single-part microstructures.

The design rationale of these three prototype designs are given below.

Figure 4.3: Schematic representation of the major prototype designs termed (a) S1, (b)
S2, and (c) S3, guiding the precision microfabrication of fiber-optic sensors de-
scribed in this chapter. (SM: single mode, AC: air cavity, PD: pressure-sensitive
distal deformable diaphragm, TS: temperature sensitive ’spacer’ element)

S1: At the outset, the feasibility of constructing a single-element extrinsic in-

terferometric sensing element responsive to localised changes in pressure was in-

vestigated. Importantly, design aspects to enable efficient and repeatable fiber in-

tegration, the resultant microstructure morphology, and sensor sensitivity were in-

vestigated using this preliminary design (illustrated in Figure 4.3(a)). This design

comprised a single distal deformable diaphragm and a cylindrical support structure

with features that form a confined interferometric air cavity at the distal surface

of the optical fiber, on integration. To assist with manipulating the sensor element

following fabrication, and to simplify the fiber integration process, an additional

lateral holding element was added to the design. The envisioned 3D geometry was

formulated via computer-aided design (CAD). The distal diaphragm was designed
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and tested to ascertain responsivity to pressure variations in the intravascular range,

along with structural fidelity of the membrane and sensing structure fabricated un-

der these operational considerations. Following validation of this design, further

iterations involved addition of functional elements using S1 as the basic skeleton in

subsequent CADs.

S2: Addition of temperature sensing functionality to the sensor using a multi-

cavity design was explored. The extrinsic element in this sensor iteration consisted

of a cylindrical support structure with multiple optically reflecting surfaces along

its axis, comprised entirely of a transparent photoresist material. A polymer block

segment (termed ’spacer’) is present in this design, adjacent to the cleaved surface

of the optical fiber and shielded from the external environment by the outer cylin-

drical structure (Figure 4.3(b)). The interfaces associated with this segment are not

affected by changes in ambient pressure, but are responsive to changes in tempera-

ture. Moreover, a distal diaphragm was designed to deflect in response to changes

in external pressure, inducing optical path length variations in the back-reflected

beams (as with S1) which was sensitive to changes in both pressure and temper-

ature. The feasibility to simultaneously detect pressure and temperature using the

same sensing element was investigated using this design.

S3: In the final design iteration, a lensing element was included into a multi-

cavity design of the sensor, and capability of simultaneous pressure and tempera-

ture sensing was demonstrated. The basic geometric cross-section of such a design

is shown in Figure 4.3(c). In addition to the rationale presented for the central

’spacer’ designed to be insensitive to pressure but responsive to temperature, it is

expected that by lensing the interrogation beam (interfaces of appropriate curva-

tures), the sensor SNR can be improved. The operation of sensors implemented as

per this design iteration was evaluated and the results compared with S1 and S2.

4.3.1.2 Two-photon lithography

To realise the TPP-printed 3D micro and mesostructures in this work, the designs

were first created as a 3D CAD file in Autodesk Inventor, exported as an STL file,

and subsequently converted to GWL data format using DeScribe software pack-
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Figure 4.4: Schematic representation of the different substrate-lens positions in the con-
ventional (oil and air) and DiLL configurations of TPP laser lithography

age [140]. Thereafter, printing parameters in the generated job file were modified

within DeScribe for optimal fabrication, and loaded into the system’s control soft-

ware (NanoWrite) for print execution.

The dip-in laser lithography (DiLL) configuration was implemented for laser

illumination of the TPP mesoscale structure fabrication in this work. In DiLL, the

microscope objective is directly dipped into the photoresist (as indicated in Figure

4.4), whereby spherical aberrations are minimised and remain constant in individ-

ual printing segments. This necessitates the use of photoresists that do not contain

solvents or chemicals that damage or etch through the glass, stainless steel casing,

and joints or interconnects of the focusing microscope objective. Given the bottom-

up nature of DiLL, there is no optically-defined theoretical limit to the achievable

structural height in this configuration compared to the other TPP configuration (typ-

ically around 120 µm with oil immersion and air configurations for TPL [140] due to

beam dispersion and other optical constraints). The structural height in this case is

limited by the sample holder and mechanical window in the system chassis to below

2 mm. Also, it can be noted that the substrate with the uncrosslinked photoresist is

placed in an upside-down orientation, with the laser-beam focussing objective lens

placed below it, as seen in Figure 4.4.

All TPP fabrication was performed on Indium Tin Oxide (ITO)-coated slides.

This was done to obtain the refractive index contrast required between the substrate

and photoresist material to enable functioning of the autofocus sub-system of the

TPP equipment. With the 25x NA 0.8 objective lens used in this work [140], a
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minimum refractive index contrast of 0.10 is necessary. Refractive index of the

IP-S photoresist (optimised for mesoscale fabrication) was 1.48, while that of plain

glass slides is 1.518, offering a refractive index contrast of only 0.038, which is

below the system requirements. Use of ITO-coated slides (surface resistivity ~100

Ω/sq , refractive index >1.6 [228]) was found to provide adequate refractive index

contrast at the surface to aid operation of the autofocus sub-system (all refractive

indices are quoted at 830 nm).

The fabrication was carried out through layer-by-layer laser illumination along

the z-axis, starting from the base layer adjoining the substrate (Figure 4.5). Laser

illumination overlap of 1.5 µm of base layer for TPP illumination into the surface of

the glass substrate was programmed into the job file to ensure substrate anchoring

of the TPP printed structures. System parameters including laser intensity, scanning

variables, and stage translation were individually optimised based on the design and

associated structural resolution requirements. Hatching and slicing distances of 1

µm were used for preliminary designs, which were subsequently reduced in designs

involving lensing elements (section 4.4.3). Accordingly, scan speed of the beam

and the laser intensity were reduced to achieve optimal voxel dose delivery. This

optimisation can be broadly described as:

LP1
2

v1
=

LP2
2

v2
(4.2)

where, LP1 and LP2 are the laser power values, while v1 and v2 are the respective

scan speeds. The maximum laser power for our system was measured to be 59.5

mW, which corresponded to a scaling factor of 1.19 since the power at the objective

plane was calibrated as 1.0 at 50.0 mW. Rough computations to optimise dose de-

livery were performed using these values, followed by dose tests to ascertain power

scaling specific to individual design requirements.

Following the TPP illumination process, the structures were developed for

at least 90 minutes in propylene-glycol-monomethyl-ether-acetate (PGMEA), fol-

lowed by at least 5 minutes in isopropyl-alcohol (IPA). Uncured photoresist material

is removed during the development process, after which the 3D printed structures
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Figure 4.5: Schematic of the microfabrication of the TPP-printed extrinsic sensor element.
Fs: femtosecond, TPP: two photon polymerisation, ITO: Indium Tin Oxide.

were lifted off the ITO substrate. Additional optimisation steps in photoresist devel-

opment, structure detachment and fiber integration processes were found to improve

the fabrication fidelity and sensing performance. Further details and their effects are

mentioned in the results section 4.4 and section 4.3.1.4.

4.3.1.3 Sensor integration

Integration of the TPP printed extrinsic sensor element with aN SM optical fiber

(SM-800, Thorlabs, NJ, USA) was performed under an optical microscope for all

designs. The lateral holding elements of these sensors were held with extra-fine

tweezers, and temporarily affixed to a vertical optical post connected to a 3-axis

manual translation stage. The microfabricated sensing element was positioned such

that its proximal end faced the distal end of an optical fiber cleaved at normal in-

cidence and secured to an optical fiber clamp, as illustrated in the Figure 4.6(b)

schematic. Optical alignment of the extrinsic sensor element and the optical fiber

was achieved by manual manipulation of the translation stages under visual and in-

terferometric guidance. The sensor element was thereafter irreversibly bonded to

the optical fiber using an adhesive material applied at its proximal edges. A few

different adhesive materials were explored in this regard, with further details in sec-

tion 4.4.4.2. Thereafter, the lateral holding element was readily snapped off with

extra-fine tweezers (as can be seen in Figure 4.6(b)).
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Figure 4.6: Schematics of the steps involved in optical fiber integration of the TPP-printed
extrinsic sensor element. TPP: two photon polymerisation, SM: single mode.

4.3.1.4 Controlled detachment of microstructures

Controlled detachment of microstructures without any structural damage is neces-

sary for sensor construction. The TPP fabrication step requires adhesion of the

crosslinked microstructure to the ITO-coated glass substrate for further layer-by-

layer illumination in DiLL. Although this adhesion is not irreversible, careful de-

tachment is necessary to avoid cracks and breaks along the stitching lines in these

microfabricated structures.

Multiple methods were explored for substrate detachment following TPP mi-

crofabrication - including detachment using shear forces, implementation of sacri-

ficial layers, chemical detachment, or swelling-off of the microstructures. A sum-

mary of the various methods evaluated for controlled detachment from the substrate,

and the associated outcomes is given in Appendix B.4. Among these methods, acid

washout using ITO as a sacrificial layer was chosen for detachment of the extrinsic

microfabricated structures (further details in Appendix B.4.4).

TPP was investigated to form extrinsic cavity elements for fiber-optic interfero-

metric structures. Various design iterations with successive geometric modifications

were explored in the process of constructing the major design instances S1, S2 and

S3. These iterations enabled evaluation of the feasibility of realising fiber-optic
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interferometric structures through TPP. This includes optimising the TPP illumina-

tion, the development process, detachment of microstructure from glass substrate,

manoeuvrability of these design elements using tweezers, integration to an opti-

cal fiber and the resultant sensor performance. Notes on a few of the incremental

design improvements made in this work with associated details and microscope im-

ages summarised in Appendix B.4.5.

4.3.2 Sensor interrogation

The integrated fiber-optic sensors were interrogated using LCI to evaluate changes

in the interference pattern caused by variation in ambient pressure and temperature.

4.3.2.1 Interrogation system

An interferometry system based on phase-resolved LCI constructed by Dr. Adrien

Desjardins and optimised by Dr. Joanna Coote for interrogation of the fiber-optic

sensors in this work (schematic shown in Figure 4.7 described in detail in [109]).

Briefly, a superluminescent diode (SLD) with a central wavelength of 830 nm, a

spectral width of approximately 65 nm and output power of 15 mW (Superlum)

was connected to one input branch of a 50:50 fiber-optic coupler (TW850R5A2,

Thorlabs). The second input branch was connected to a compact broadband spec-

trometer (Flame-S, Ocean Optics), with an acquisition time of 1 ms. The fiber-optic

sensor-under-test was connected to one of the output branches, and the second out-

Figure 4.7: Schematic of the interferometry system implemented for LCI interrogation of
fiber-optic sensors.
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put branch was unused during measurements. To prevent saturation of the spectrom-

eter detector, an in-line attenuator (VOA-850-APC, Thorlabs) was placed between

the source and the coupler. Raw spectra were acquired and processed by a PC run-

ning a custom program written in LabVIEW (National Instruments), with an overall

sampling rate of up to 250 Hz.

4.3.2.2 Sensing mechanism

Figure 4.8: Illustration depicting the primary functional elements in the envisioned fiber-
optic sensor. SM: single mode, TS: Temperature sensitive ’spacer element’,
AC: Air cavity, PD: Distal deformable diaphragm. Cavity dimensions of the
extrinsic sensor element along the optical fiber axis are depicted as z1 and z1,
and induced changes in these dimensions as ∆z1 and ∆z2.

The LCI sensing mechanism can be described using a a two cavity design of

the extrinsic sensing element. Variation in local pressure and temperature induce

changes in the lengths of these cavities as shown in Figure 4.8 (also briefly intro-

duced in Figure 2.5).

Increase in pressure in the surrounding medium causes the distal deformable

membrane (PD) to deform causing a change in the cavity length z2. Moreover, a

temperature increase causes the photoresist material to expand modifying the cav-

ity length z1. The distal deformable diaphragm also undergoes thermal expansion

resulting in a change in z2, depending on the bulk design of the single-part sensor

element. Thermal expansion at the nm scale occurs in the photoresist, and in the
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physiological temperature range we assume an isotropic expansion resulting in a

decrease in z2. Therefore the changes in z2 (denoted as ∆z2 in Figure 4.8) is depen-

dent on both pressure and temperature. Under the constraints mentioned above, we

can denote this as ∆z2 = ∆z2(P)+∆z2(T ).

However, in the multi-cavity design implemented in this work, the central pho-

toresist cavity segment was insensitive to changes in pressure within the pressure

range of interest (760 mmHg to 1060 mmHg absolute, or 100 kPa to 140 kPa). This

was confirmed experimentally (further details in section 4.4). This property can

be used to measure pressure and temperature independently; i.e. by calibrating the

temperature dependence of both ∆z1 and ∆z2 and the pressure dependence of ∆z2.

4.3.2.3 Phase resolved low-coherence interferometry

Changes in local pressure and temperature induce variations in the interferometric

cavity lengths in the extrinsic sensing structure (Figure 4.8). Cavity length changes

in ∆z1 and ∆z2 were measured by processing the spectrometer response using phase-

resolved LCI. The light beam reflected by the interfaces within the sensor element

follows a common path from the sensor to the spectrometer, and creates interference

fringes in the received spectrum. Considering only two interfaces, the geometric

distance between them (measured along the optical axis) is defined in general as z,

and it changes by a small value ∆z depending on the relative movement of the re-

flecting surface. The interrogation of the sensor response was based on the methods

described in [212] and [109].

The implementation of phase-resolved LCI used in this work can be described

by first considering only two reflecting surface as with a single-cavity design, (for

instance the cleaved fiber endface and the outer surface of the photoresist ’spacer’

in the representative design in Figure 4.8). When interrogated using the LCI sys-

tem depicted in Figure 4.7, intensity of the received spectrum I as a function of

wavenumber k (where k = 1/λ and λ is the wavelength) can be described as:

I(k) = S(k)[R1 +R2 +2
√

R1R2cos(4πnz0(∆k)+4πnk0(∆z))] (4.3)
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where, S(k) is the intensity spectrum of the SLD, R1 and R2 are the intensity re-

flection coefficients of the first and second surface respectively, n is the refractive

index of the medium between the two surfaces, k0 is the central wavenumber of the

source, and k = k0 +∆k. Here, we assume that ∆z and ∆k are small compared to

z0 and k0, considering the low numerical aperture of the fiber (0.01 to 0.14 as per

supplier specifications - Thorlabs SM800) and low reflectance of the interfaces, we

assume two-beam interference, with normal incidence. Polarisation effects were

neglected following experimental confirmation of polarisation-insensitivity of the

signal (described in section 4.3.2.5). The spectrum can be described in distance

variables by taking the inverse Fourier transform of equation 4.3 as follows:

F −1[I(k)](2nz) = F −1[S(k)](2nz)∗{(R1 +R2)δ (2nz)

+
√

R1R2{δ [2n(z− z0)]+δ [2n(z+ z0)}exp(4πnk0∆z)}
(4.4)

Here ∗ denotes convolution. The first term on the right hand side of equation 4.4

is the inverse Fourier transform of the source spectrum, centred around z = 0. The

second term provides information about the periodicity of the interference pattern,

and the distance z0 can be found by locating the maxima of equation 4.4 that appears

at z = z0. This absolute distance is only measurable to within the accuracy provided

by the resolution of the inverse Fourier transform. However, small variations in the

geometric path length, ∆z, can be monitored at higher resolution as a function of

time, by taking the complex argument of equation 4.4 at z =+z0:

φ0(t− t0) = arg{F −1[I(k)](2nz0)}= 4πnk0∆z (4.5)

The complex argument φ0(t − t0) is therefore proportional to the change in

cavity length ∆z, and is used as the sensor signal. Since the initial phase of the

interference pattern is unknown, φ0 is a differential signal, referenced to an arbitrary

starting point at time t0.

In multi-cavity intereferometric sensing elements, where more than two re-

flecting surfaces are present, each pair of reflectors generates distinct maxima in the
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Fourier-transformed spectrum, at distances z = z j (where j = 1,2, denotes the jth

peak). Here φ j can then be obtained at each peak, allowing multiple cavity lengths

to be monitored simultaneously in the same spectrum acquisition. Representative

plots of the raw received spectrum and inverse Fourier-transformed spectrum of a

double cavity sensor of design S2 is shown in Figure 4.9.

The signal peaks marked z1 and z2 correspond to the location of reflecting

surfaces along the axis of the sensor element. LCI inherently noisy compared to

a high-coherence system. The SLD light source, optical components in the inter-

ferometry system, spectrometer, and associated electronic noise in the detector all

contribute to the noise in the acquired signal in LCI, with further discussion on noise

sources given in [229].

The response of the system peaks was verified by evaluating the reflections

from a glass slide placed perpendicular to and illuminated by a bare cleaved SM

optical fiber connected to the LCI system. In these tests, the bare fiber affixed to

an optical fiber clamp was used in the place of the ’integrated fiber-optic sensor’ as

shown in the schematic in Figure 4.7. A clean glass slide was aligned perpendic-

ular to this optical fiber (affixed to translation stage to move along the axis of the

optical fiber) to form a partially reflecting surface. The signal peaks in the IFFT

corresponding to the two surfaces of the glass cover slip were observed to move

in response to translating the optical fiber along the axis of the optical fiber (i.e.

the interrogation beam). Moreover, a minor system peak was detected at 50 µm

in the IFFT which was found to be a consequence of the spectrometer used in the

LCI system (system peak was found to shift to 75 µm when the spectrometer was

temporarily replaced from Flame-S to Maya2000 Pro by Ocean Optics).

Although the noise floor is notably high in the IFFT spectrum depicted in Fig-

ure 4.9 (b), the reflector peaks as per the extrinsic sensor design were prominently

visible in all cases (irrespective of the sensor design). Moreover, unlike the other

minor IFFT peaks (a consequence of one or more of the LCI system noise sources),

these prominent reflector peaks responded to changes in temperature (z1 and z2) and

pressure (only z2).



4.3. Methods 114

Figure 4.9: (a) Spectrum received at the spectrometer; (b) Inverse Fourier transform of
the received spectrum indicating the peaks z1 and z2 corresponding to selected
optical cavity surfaces in a representative sensor.

Data from the spectrometer is obtained as intensity versus wavelength, as a

result of which the sampling points of the spectra would not be uniformly spaced

when converted into wavenumbers. Therefore, it is interpolated on to a linearly

spaced wavenumber axis to allow an inverse fast Fourier transform (IFFT) algorithm

to be applied. Since the complex argument function is only single-valued in the

range -π < φ < π , the sensor signals φ j will have discontinuities at intervals of

2π; therefore, a phase-unwrapping algorithm was applied to φ j to restore smoothly

varying signals [230].

We characterise the sensor response by selecting two peaks in the inverse

Fourier-transformed spectrum corresponding to the two cavities described earlier

in this section (corresponding to the distances z1 and z2− z1 respectively, Figure

4.8), since these two peaks typically have the largest magnitude. The complex ar-

guments of these two signals φ1 and φ2 are termed ’phase peak 1’ and ’phase peak

2’ respectively.

For calibration, the pressure and temperature dependence of these signals was

expressed as:

φ1(t− t0)

φ2(t− t0)

=

m1T m1P

m2T m2P

T (t− t0)

P(t− t0)

 (4.6)
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All pressure and temperature fits of the phase responses to reference data were

obtained as linear fits with R2 values greater than 0.98 (unless stated otherwise),

and the sensitivities were computed using 95% confidence levels and the standard

formula of propagating errors [231].

4.3.2.4 Signal quality

The quality of measurements in instrumentation systems is often characterised us-

ing a signal-to-noise ratio (SNR). In optical measurements, an optical transducer

such as a photodetector or photodiode produces a photocurrent in proportion to

the optical power with some noise added. This noise source can be optical (from

optical components of the system or shot noise), or generated by the detector elec-

tronics [232]. For LCI measurements, SNR can be expressed as [229]:

SNR =

〈
SLCI

〉
σ2

bg
(4.7)

where,
〈
SLCI

〉
is the signal obtained by the the detector in the interferometric sys-

tem, and σbg is the standard deviation of the background signal at the same mea-

surement point, when no reflecting surface is present.

SNR influences the sensitivity and the minimum change detectable in a sensor.

Readings from the reference sensors (detailed in the section 4.10) are used to cali-

brate the response of the precision microfabricated sensors. Prior to measurements

from the microfabricated sensors, the IFFT signal response of the reference sensor

at z values corresponding to the chosen reflection peaks (illustrated in Figure 4.9

(b)) were chosen to be the noise floor. These noise floor values were acquired at

constant pressure and temperature (at 21 °C and 760 mmHg) for a duration of 30

seconds. The measurable pressure or temperature resolution is ascertained by divid-

ing the value of the noise floor (standard deviation of the background signal) by the

unit change (in radians) induced in the sensor during calibration against a reference.
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4.3.2.5 Polarisation sensitivity test

The LCI interrogation system was tested for polarisation sensitivity. A manual

fiber polarisation controller (FPC030, Thorlabs) was installed with a bare SM fiber

(780HP, Thorlabs) and connected between the SLD and the fiber-optic coupler in

the setup outlined in section 4.7.

An integrated sensor was placed inside the characterisation setup (depicted in

4.10), and maintained at room temperature and atmospheric pressure [109]. The

signals were recorded while the polarisation controller paddles were rotated. The

stress-induced change in the birefringence of the fiber results in change of the po-

larisation state of the light propagating inside the fiber. The sensor signals φ1 and

φ2 showed no significant change in response to the movement of the polarisation

controller paddles, confirming that polarisation state of the interrogation light has

negligible effect on the sensor signals. This could be attributed to the radial sym-

metry of the sensor element about the optical axis.

It is interesting to note that in sensors fabricated with coarser TPP hatching

distances (set to 1 µm), very slight nonlinear variation (average value 0.43 dB) in re-

sponse was observed while rotating the polarisation controller paddles. With higher

hatching distance settings during TPP laser illumination (i.e. faster beam scanning),

the the proximal surface of the pressure sensitive membrane and both surfaces of the

central lens element tend to be less smooth, with the appearance of parallel line fea-

tures in the former and circular step discontinuities in the latter (printing artefacts).

These periodic patterns could produce very weak Bragg-type grating polarisation

effects (similar to the effect described in [108]). These effects were observed to be

non-existent/negligible when reducing the hatching distance to 0.5 µm or lower, at

the cost of increased print time (54 minutes instead of 21 minutes for design S3).

4.3.3 Sensor characterisation

4.3.3.1 Structural fidelity

The extrinsic sensor elements and the integrated sensors were evaluated to ascertain

its correspondence with the CAD and optical designs that guided their fabrication.
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The fabrication process was monitored and structures were evaluated under an op-

tical microscope at varying powers of magnification. For improved depth-of-field,

and higher magnification images, SEM of the printed structures and their cross-

sections was performed. Further, AFM of individual printed surfaces forming inter-

ferometer interfaces (proximal surface of the deformable diaphragm, and the fiber

integration surface) were performed to evaluate surface roughness.

4.3.3.2 Pressure response

The fabricated sensors were characterised inside a sealed water-filled tube made of

high density polyethylene (HDPE), immersed in a water bath with arrangements for

controlled variation of pressure. Pressure within this chamber was varied with an

electro-pneumatic regulator (ITV-0010-3BS, SMC, Japan) and monitored using a

custom configured pressure transducer (Omega Engineering, CT, USA). The pres-

sure was varied over the range of 760 mmHg to 1060 mmHg absolute (100 kPa

to 140 kPa), as per the medical device requirement section 4.2, # 7. For pressure

sensitivity measurements, the temperature was maintained at room temperature.

Figure 4.10: Schematic of the characterisation setup to evaluate the pressure and tempera-
ture response of the fiber-optic sensors

4.3.3.3 Temperature response

Temperature sensitivity measurements were taken by placing the sensor in the afore-

mentioned sealed water-filled tube, which in turn was positioned inside a water

bath whose temperature was varied within the range of 25 to 55 °C as per the de-
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vice requirement stated in section 4.2, # 7. A k-type thermocouple (409-4908, RS

Components, UK) positioned within the water bath, adjacent to the TPP 3D-printed

fiber-optic sensor served as the reference temperature sensor. Interferometric phase

changes were initially calibrated to values from reference thermocouple with a lin-

ear transformation (section 4.3.2.3). The pressure within the sealed water tube was

kept constant during temperature sensitivity measurements.

4.4 Results and discussion

4.4.1 S1: Extrinsic fiber-optic pressure sensor

The paradigm of forming a single-part 3D printed sensor element was tested using

a single cavity design referred to here as S1. The main objectives of this design was

to ascertain efficacy of the sensor fabrication method (detailed in section 4.3.1.2) in

forming a fiber-optic probe with a confined air cavity, the process of integrating the

sensing element to a fiber, and responsivity of the TPP-fabricated distal diaphragm

to changes in ambient pressure. The CAD design as per the description in section

4.3.1.1 is depicted in Figure 4.11.

Figure 4.11: Design of the extrinsic sensing element with single optical cavity and de-
formable distal diaphragm (DM). (a) Top view of the extrinsic sensing element
(SE) and the much larger lateral holding element (LHE) to aid fiber integra-
tion; scale bar = 300 µm (b) Angled cross-sectional view along the red dotted
lines in (a) of sensor element with the design the dimensions indicated; (c)
Schematic illustration of positioning of the sensing element w.r.t the SM op-
tical fiber (SM-OF). The air cavity (AC) and the distal deformable diaphragm
(PD) are indicated.

S1 was formed in scaffold mode, wherein the complete structure was printed
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Figure 4.12: (a) Microscope images of the TPP-fabricated sensor element i. top view and
ii. side view; (Scale bars = 250 µm); (b) Image depicting the arrangement
for optical fiber (OF) integrating to the TPP-printed sensing element (SE).
Optical alignment was performed by temporarily securing SE to a horizontally
affixed optical post (OP) integrated to a 3-axis translation stage, and aided by
tilt-correction through the horizontal view provided by the pyramidal mirror
(PM), scale bar = 500 µm. Inset figure shows the endface of a cleaved SM
optical fiber, scale bar = 50 µm (c) Top view, and side view (in the pyramidal
mirror affixed to the optical post) of the integrated S1 fiber-optic sensor.

by only illuminating an outer shell structure and a scaffold subsection of the de-

sign followed by development and UV illumination. In this case, a 5 µm thick shell

structure with intermediate struts within the body for mechanical stability (trian-

gular arrangement visible in the microscope images, Figure 4.12(a)) comprise the

illuminated regions. Thereafter these structures were developed and then illumi-

nated with a UV lamp for 30 minutes (power at illumination distance of 10 cm

measured to be 34 µW/cm2). This method dramatically reduced the print time com-

pared to illumination of the complete structure (8 minutes vs 19 minutes). The

distal deformable diaphragm was designed to be 5 µm thick, and the printing block

segmentation was adjusted such that no discontinuities or struts were present. The

geometric correspondence of the fabricated microstructure to the S1 CAD design

was confirmed through structural imaging under an optical microscope and by in-

terrogating the cavity length by LCI.

Fiber integration under the microscope was successful as can be seen in the

Figure 4.12, following which the lateral holding element meant to aid transfer of

the printed microstructure during the substrate detachment and fiber integration was
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easily snapped off using extra fine-tipped tweezers (Idealtek, 140 mm extra fine

anti-acid).

Deformation of the distal diaphragm (diameter 110 µm and thickness 5 µm) in

response to changes in the surrounding pressure was observed to produce changes

in the measured interferogram. This was monitored by evaluating the phase peak as

described in section 4.3.2.3 corresponding to the S1 optical cavity length (designed

to be 100 µm in this case), i.e. the distance between the cleaved endface of the op-

tical fiber and the inner surface of the diaphragm element in the integrated sensor.

Pressure response was assessed using the characterisation setup shown in Figure

4.10, wherein linear pressure increase was programmed from ambient to 860 mmHg

pressure in 10 mmHg increments in the electro-pneumatic regulator. Response of

the reference pressure sensor and the phase response of S1 is shown in Figure 4.13

(a) and (b) respectively. This is the raw uncalibrated phase peak response, which

was observed to decrease with increasing pressure. Compared to the bulk reference

pressure sensor, response of S1 is noisier, but it is of interest that the the sudden

changes/oscillations induced in the step-response of the electro-pneumatic regula-

tor are reasonably well reproduced. Some signal drift was observed in long term

measurement, which is further described in section 4.4.4.4.

The sensor was further tested in a range from 760 to 1060 mmHg, (range re-

quired for regulatory approval of clinical intravascular pressure sensors), and the

Figure 4.13: Pressure response of the TPP-printed single cavity fiber-optic sensor obtained
through LCI interrogation.
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phase peaks were observed to be responsive in this range. Linearly calibrating

the complex arguments of inverse Fourier transformed peaks (as detailed in sec-

tion 4.3.2.3), the pressure sensitivity of the integrated sensor was found to be 6.1

mrad/mmHg. The associated noise floor was found to be 8.7 mrad, obtained as a

standard deviation of signal obtained across 10 s. Therefore, a minimum pressure

of 1.43 mmHg could be detected using this design.

This sensor design produced fair pressure sensitivity, however, due to the

high noise value the pressure resolution was found to be inadequate in the mea-

surement range suited to intra-vasular pressure measurement (<0.5 mmHg, as per

ANSI/AAMI BP22 standards), but appropriate for neurology applications requir-

ing intra-cranial and spinal pressure measurements (<2 mmHg as per ANSI/AAMI

NS28 standards detailed in [120]). Nonetheless, considering that this was a pre-

liminary design, these results present an optimistic prospect for the methodology

used to form this sensor. Moreover, the integrated sensor structure was found to

be robust, as no irreversible structural changes/damages were induced in the extrin-

sic sensor structure or its deformable membrane and air cavity, even after multiple

measurement cycles. This demonstrated that sensors formed in this way possess

adequate ruggedness for application in environments where there is possibility of

minor impacts with moving surfaces (as is the case with intravascular space in MIS).

Figure 4.14: AFM measurement in tapping mode of the inner surface of the distal de-
formable membrane, (a) surface roughness profile; (b) 3D representation
of depth profile in the AFM measurement. (Data analysed and plotted on
NanoScope Analysis software package) )

The surface roughness of the proximal surface of the diaphragm was charac-

terised using an AFM measurement by printing a test sample in transverse cross-
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section consisting of only 45 µm of the distal-most section of the sensing element, to

allow the AFM tip to access the measurement surface. The average surface rough-

ness values was obtained by evaluating the AFM data on the NanoScope Analysis

software package in the tapping mode over an area of 5 µm square (TPP hatching

and slicing distances were 0.5 µm and 1 µm respectively), as can be seen in Figure

4.14. The mean roughness using this method was found to be 54.7 nm Figure 4.14.

The main source of roughness is assumed to be the hatching lines created by the

laser illumination scheme of the TPP system. The sub-wavelength nature of the ob-

served surface roughness ensures that no significant diffraction effects occur during

the sensor interrogation.

Therefore, the fabrication paradigm and design rationale for S1 stated in sec-

tion 4.3.1.1 were verified, and a method for accelerated fabrication of interferomet-

ric cavity micro-structures was also evaluated. The integrated sensor was found

to be mechanically robust and responsive to changes in ambient pressure (tested

within a sealed water tube) in the clinical range of interest. In the next design it-

erations, additional geometric features were added, along with modifications in the

distal diaphragm dimensions.

4.4.2 S2: Multi-cavity extrinsic sensor

In this design, the potential to detect changes in temperature and pressure in the

same sensor was explored. The 3D geometry of S2 was formulated such that at least

one of the optical cavities formed would be insensitive to changes in pressure, while

the distal diaphragm (and the distal optical cavity) would be responsive to local

changes in pressure. Pressure sensitivity is a function of structural deflection due

to a mechanical disturbance. Whereas, temperature change detected in polymeric

FP cavities is a consequence of thermal expansion of the material and the resultant

displacement of the cavity interfaces. Using the simple multi-cavity S2 design with

phase resolved LCI to monitor changes in cavity lengths, the capability of detecting

both thermally induced cavity displacement, and the mechanical deformation due

to change in ambient pressure were investigated.

The extrinsic element of this fiber-optic pressure sensor comprised of a cylin-
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Figure 4.15: CAD designs of the multicavity extrinsic sensing element.(a) Top view of the
complete printed structure, which included the extrinsic sensing element (SE)
and the much larger lateral holding element (LHE), scale bar = 300 µm. (b)
Isometric view of CAD design for FPP-microfabrication, scale bar = 200 µm.
(c) Cross-sectional view of the sensing element along the plane indicated by
the red dotted lines in (a). Also depicted is a schematic of the integrated sensor
consisting of the SM-OF, temperature sensitive ’spacer’ (segment), tapered
holes for solvent washout (H) to form a confined air cavity (AC) with the
pressure-sensitive distal deformable diaphragm; scale bar = 50 µm [151].

drical cap structure with three optically reflecting interfaces perpendicular to its axis

forming at least two distinct low-finesse optical cavities. The pressure sensitive el-

ement was the diaphragm segment (thickness 3 µm, diameter 200 µm) at the distal

end of the cap structure. The thickness was reduced and diameter increased com-

pared to design S1 based on the inferences from equation 4.1. A central polymer

block segment (hereafter referred to as ’spacer’) of thickness 60 µm adjacent to the

cleaved surface of the optical fiber was included in this design. This segment would

inherently be shielded from the external environment following fiber integration,

and is expected to be insensitive to changes in pressure in the biomedical range of

interest. However, all interfaces are expected to respond to changes in tempera-

ture due to the resultant thermal expansion. To allow for removal of unpolymerised
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photoresist from the region designated as the air cavity bounded at one end by the

distal deformable diaphragm, and the ’spacer’ segment on the other, tapered circular

washout holes along the periphery of the latter segment were included in the design.

Moreover, the taper angle of the fiber placement region was reduced from 10° to 3°

to minimise yaw/pitch alignment errors during optical fiber integration. As with

S1, an additional lateral holding element was included in the design, to assist with

manipulating the sensor element. Top view, isometric view and a cross-sectional

view of S2 as a CAD are shown in Figure 4.16.

The TPP-printed extrinsic sensor element had an excellent visual correspon-

dence to its CAD (Figure 4.16). Following TPP printing, photoresist development,

and detachment from the ITO-coated glass substrate, the extrinsic sensor element

was inspected by optical microscopy and SEM. After photoresist development, no

remnant unprocessed excess photoresist material or solvent was observed within the

Figure 4.16: Microscope images of the TPP-fabricated multi-cavity extrinsic sensor ele-
ment and integrated sensor: (a) Distal view of the sensor element at different
focal planes showing i. the outer surface of the distal deformable membrane,
ii. central ’spacer’ segment along with the solvent-washout holes seen through
the distal diaphragm. (b) i. View of a cleaved SM optical fiber aligned within
the extrinsic sensor element, ii. Image of the integrated sensor following ap-
plication of adhesive, illuminated by a UV diode, iii. Image of the integrated
sensor after separating the lateral holding element. (c) View of the distal end
of the sensor following fiber integration.
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cavity space, which indicated that all the uncured photoresist material was success-

fully extracted through the tapered holes along the spacer (Figure 4.16) (a)ii. and

(c)). After the integration step, the optical fiber and the extrinsic sensor element

were found to be well aligned by visual inspection and in the observation of the in-

terference peaks in LCI. The pressure and temperature response of S2 was evaluated

using the measurement setup and protocol detailed in section 4.3.3.

Figure 4.17: Temperature response of the TPP-printed multi-cavity fiber-optic sensor of S2
design, depicting changes induced in the phase peaks corresponding to the
two cavities. Temperature profile of a k-type thermocouple placed within the
same measurement tube is used as the reference sensor.

Temperature response of S2 was evaluated by manually pouring hot water into

the outer water bath (of the characterisation setup shown in Figure 4.10) and subse-

quently replacing it with cold water. Changes in temperature were observed to in-

duce phase shifts in the component of the interferogram corresponding to reflection

from the spacer (z1). It was observed that both the optical cavities (corresponding

to the distal diaphragm and the spacer), and the corresponding signal peaks in the

interferogram IFFT are responsive to changes in temperature (Figure 4.17).

It was noted that the dynamic response of S2 and reference thermocouple were

not identical, and slight signal drift was also present. This could be partly attributed

to the difference in local temperature experienced by the two sensors due to place-
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ment of the reference sensor around 2 cm away from the extrinsic element of S2

within the sealed water tube. Moreover, some variation is also expected due to the

difference in sensing mechanism of the interferometric vs thermocouple sensor. Al-

though our sensor seems to respond faster to temperature changes compared to the

relatively damped response of the thermocouple sensor, lower stability with slightly

higher measurement hysteresis were observed (discussed further in section 4.4.4.4).

By applying linear fit to the phase responses of S2 to temperature changes, and

excluding effects of sensor drift, the temperature sensitivity of the sensor was found

to be 0.33 rad/°C. The observed noise floor in the phase peak of the interferogram

corresponding to the distal surface of the spacer was 7.6 mrad (standard deviation

of signal obtained across 10 s), whereby the temperature resolution of this sensor

constructed as per design S2 was found to be 0.023 °C.

Changes in pressure within the sealed water-filled tube induced phase shifts in

the interferogram, which was observed as shifts in the phase peak corresponding to

reflection from the deformable diaphragm (cavity shown as z2 in Figure 4.1.3.2).

While the distal diaphragm was close to linearly responsive to pressure changes

(Figure 4.18), the spacer element was found to be completely insensitive to changes

in pressure. This can be attributed to mechanical shielding of the ’spacer’ element

by the outer walls of the sensor structure and the confined air cavity following inte-

gration to the SM optical fiber.

The unwrapped interferogram phase response was calibrated to the reference

pressure with a linear transformation (section 4.3.2.3). Its response well approxi-

mated that of the reference pressure signal (Figure 4.18). Of particular interest is

that high frequency oscillations following a step change in pressure, observable in

the reference signal were also clearly evident in the S2 phase response. The pres-

sure sensitivity was found to be 0.031 rad/mmHg. A noise floor of 12.1 mrad was

present in the signal corresponding to reflection peaks from the deformable mem-

brane, resulting in a pressure resolution of 0.38 mmHg. These sensitivity values are

in the range relevant to intra-vascular and intra-cranial pressure monitoring (AAMI

BP22 [233], AAMI NS28 [234] and Table 2 in [212]). Slight mechanical hystere-
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sis and signal drift were both apparent, and need to be fully characterised through

material study and further design modifications.

Therefore this sensor design was simultaneously responsive to changes in both

pressure and temperature, albeit some challenges exist in calibration (discussed fur-

ther in section 4.4.4.3). The integrated sensor was found to be structurally robust

to minor impacts against the HDPE walls of the sealed water-filled tube, and to

insertions through luer fittings during pressure response tests. Moreover, the in-

terferogram peaks and the pressure sensitivity were found to be largely consistent

across multiple measurement cycles over a duration of 10 weeks. This is of signifi-

Figure 4.18: Pressure response of the TPP multi-cavity sensor measured in a pressure-
sealed water tube (a) Reference pressure signal. (b) Phase peak response cor-
responding to the first optical cavity containing a ’spacer’ element in the TPP-
printed multi-cavity fiber-optic sensor. (c) Calibrated pressure signal from the
distal optical cavity bounded by the deformable membrane, where calibration
to the reference pressure was performed with a linear transformation just prior
to acquisition of these data.
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cant relevance for the potential in vivo application of sensors elements formed and

integrated using the method detailed in this herein.

Further work was directed towards improving sensor SNR by improving cou-

pling of back-reflected interrogation signal into the optical fiber core by including

lensing elements into the extrinsic sensor element design. In the next design S3,

attempts were made to optimise beam trajectory within the extrinsic sensing ele-

ment. Besides, a few challenges that occurred in photoresist development during

fabrication of this updated design were also addressed.

4.4.3 S3: Lensed multi-cavity sensor

The multi-cavity design in S2 was further modified with the aim of improving de-

tection sensitivity and reducing the SLD illumination power required for LCI in-

terrogation (illustrated in Figure 4.24). Using low illumination power is desirable

as it reduces the likelihood of beam-induced heating effects in the extrinsic sensor

element, and/or the surrounding media beyond the partially transmissive distal de-

formable diaphragm (for instance blood when considering the intravascular space).

Figure 4.19: Basic design schematic of S3 indicating lensing within the optical cavities
of the sensor. The red shaded region denotes the path of the forward and
back-propagation of the interrogating beam, partially reflected at the flat inner
surface of the pressure-sensitive distal deformable membrane (PD). The blue
dotted lines denote the geometry-of-interest for ray-tracing design optimisa-
tion to aid lensing of the interrogation beam in the sensing element.

To enable adequate performance at lower illumination powers, the sensor ele-

ment design was modified to enhance coupling of the backreflected beam from the

cavity surfaces into the core of the waveguiding SM optical fiber. With plane par-
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allel reflecting surfaces as is the design norm for FP cavities in fiber-optic pressure

sensors [109, 112, 115, 212] (and those implemented in S1 and S2), only a small

fraction of the reflected interferometric signal couples back into the SM fiber to be

detected by the spectrometer. This is a result of progressive divergence of the beam

emanating from the SM optical fiber core, and then travelling through the central

spacer segment and air cavity in the extrinsic sensor element. To address the resul-

tant loss of signal, ray-tracing optimisation of the optics design of the sensor was

performed. Accordingly, the central spacer was lensed in S3 to reduce beam di-

vergence in forward propagation, and aid coupling of the reflected beams into the

waveguiding optical fiber core on the return path. The construction, fabrication and

characterisation of this design is detailed below.

4.4.3.1 Ray-tracing simulations for design optimisation

In this design paradigm, after emanating from the core of an SM optical fiber

cleaved at normal incidence, the interrogation beam passes through the photore-

sist material (the spacer segment), then through the air cavity, before being back-

Figure 4.20: Illustration of the raytrace of the optimised sensor design interrogation beam
propagation through the extrinsic sensing element S3 (simulated in Zemax
OpticStudio 15.6). A single mode optical fiber core (OF-C) functions both
as the light source (S) in the forward propagation path, and as the ’screen’ or
conduit surface for the back-reflected beam being collected and transmitted
through the waveguiding fiber to the spectrometer for LCI evaluation. The
lensing element (LE) region - shaded grey here, is composed of the IP-S pho-
toresist, while AC denotes the air-cavity region and PD the deformable di-
aphragm. The blue dotted lines correspond to similarly highlighted region in
the sensing element in the schematic of S3 indicated in Figure 4.19.
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reflected along the same path to the optical fiber core. The distal diaphragm thick-

ness was fixed to 1 µm for S3. The optical design was then optimised to obtain

collimation of the beam in the air cavity region of the sensor, and to focus it back to

the optical fiber core on back-reflection. The ray-tracing for an optical system repre-

senting S3 was performed on OpticStudio 15.6 software (Zemax LLC, Washington,

USA) using the Physical Optics propagation method in the Sequential ray-tracing

mode.

The SM optical fiber core was simulated as a 5.6 µm diameter Gaussian light

source of wavelength of 830 nm (the central wavelength of the SLD source of the

LCI interrogation system), and a numerical aperture of 1.4 obtained from the spec-

ification of the optical fiber (SM800, Thorlabs). At this wavelength, the refractive

index of the constituent photoresist material of S3 (IP-S) was obtained as 1.49 from

the measurements conducted by T. Gissibl, et al. [226], while the deformable mem-

brane was modelled as a partial reflector with reflectance of 50%. For clarity in

the ray trace illustration, the forward and return beam trajectories are not shown

to be superimposed, but represented on either side of the membrane element (as

passing through it) with the air cavity and lensed element mirrored and placed in

the beam path (Figure 4.20). The surface curvatures and dimensions of the various

cavity elements were optimised, while also considering possible positioning errors

during sensor integration by relative light source decentering (optical fiber core) of

by ±1µm in the optical system.

In the optimised geometry obtained in these ray-tracing simulations, central

’spacer’ segment was determined to be a thick plano-convex circularly-symmetric

lens with a radius of curvature of 30 µm, and thickness 75 µm. The completed ray

trajectory of the optimised design shown in Figure 4.20.

4.4.3.2 S3 microfabrication

Using the results of the ray-tracing optimisation, the 3D CAD of S3 was constructed

(dimensions highlighted in Figure 4.21(a)). TPP parameters were modified to form

lensed surfaces with relatively smooth surface topography by reducing the hatching
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and slicing distances to 0.3 µm each. SEM image of the fabricated microstructures

are shown in Figure 4.22, while a longitudinal cross-section image of the sensing

element highlighting adherence to the CAD geometry is depicted in Figure 4.21(b).

The measured surface roughness was 37.1 nm on the proximal surface of the dis-

tal deformable membrane (as per the method described in section 4.16 and Figure

4.14), while the surface discontinuities on the curved lens surface were estimated to

be <350 nm.

To account for the increased photon dose caused by the higher laser-spot dwell

time (required to achieve the specified hatching and slicing distances), the laser

power scaling was reduced to 0.55 (value ascertained by starting with equation 4.2

as a guide, followed by a beam dose test). This is necessary to avoid photoresist

burning and/or gas bubble formation due to laser-induced focal heating. Hexagonal

blocks were implemented for the mesoscale fabrication. Block overlap angle along

the z axis was reduced from 15° to 12° to allow for larger block size along the x-y

plane. Using these settings, the block positioning was implemented such that no

slice lines fell along the path of the interrogation beam designed in the ray trace,

with some additional allowance along the periphery (cylindrical region coaxial with

Figure 4.21: Cross-sectional view (longitudinal) of lensed extrinsic sensor element shown
as (a) CAD view, and (b) microscope view of TPP-printed sample cross-
section. Scale bar = 50 µm.



4.4. Results and discussion 132

the sensor element, of 50 µm radius). The average fabrication time for each sensor

element was found to be 54 minutes.

In addition to the change in cavity dimensions and interface geometry in S3

compared with S2, minor geometric modifications outside the path of propagation

of the LCI interrogation beam were made to aid solvent washout from the air cav-

ity segment of the micro-structures. Specifically, the effective volume of washout

holes, and their volume-to-surface ratios were increased by changing them from

conical to tapered bean-shaped holes (Figure 4.23). Additionally, the edges around

these washout holes were designed to have chamfered contours. These changes

were made because tapered circular holes with sharp edges used in S2 with the as-

sociated development protocol resulted in incomplete solvent washout (described

further in section 4.4.4.1). This can be ascribed to multiple factors including the

modified TPP exposure protocol, changes induced in the photoresist due to pro-

longed storage in the lab environment at room temperature, possible exposure to

moisture within the laboratory environment, and change in laboratory temperature

and humidity conditions. It is expected that latter may have been the major cause, as

there was an increase in laboratory temperature (from 19°C during fabrication of S1

and S2 to 25°C for S3) potentially affecting changes in the development kinetics.

Figure 4.22: SEM images of TPP-printed sensing element of design S3 following substrate
detachment but prior to fiber integration. (a) Top view where the receptacle for
fiber integration in the sensing element is visible, scale bar = 500 µm.(b) Top
view of an inverted sensor segment where the printed deformable diaphragm
in the sensing element is visible, scale bar = 500 µm. (c) Isometric view
where distal deformable diaphragm and part of the lateral holding element are
visible. Scale bar = 125 µm.
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The above described geometric modification, along with the optimised devel-

opment protocol (detailed further in section 4.4.4.1) was found to work well for

complete washout of unpolymerised resist from the the air cavity segments in the

microfabricated S3 sensors (Figure 4.27). SEM of the TPP-printed and detached mi-

crostructures is shown in Figure 4.22. Microscope images of the these microstruc-

tures, along with images of the fiber assembly process and integrated S3 sensor is

given in Figure 4.23. Also note that compared to S1 and S2, the lateral holding ele-

ment was positioned at to the proximal end of S3 and not to the distal end, thereby

simplifying its removal, with lower likelihood of causing damage to the functional

elements in the sensing structure.

Furthermore, the lensing capability of the integrated sensor S3 compared to

S2 is illustrated in Figure 4.24. It can be seen that the beam spot for the lensed

spacer design in S3 is significantly more confined compared to S2 with a planar

spacer element design. Further, image of the the beam spot ~500 µm distal to the

outer surface of the deformable membrane was found to diverge significantly more

in S2, compared to S3. The specular pattern observed here instead of a uniformly

Figure 4.23: Microscope images of the integrated S3 sensors containing lensed features.
(a) Microscope image focused on the washout holes within the sensor element
(top view), just prior to optical fiber integration. Images with depth-of-focus
(DOF) at the distal end (i.), and at the proximal end (ii.), of the washout holes.
Scale bar = 100 µm. (b) View of the TPP-printed structure aligned prior to
integration with the SM optical fiber, scale bar = 200 µm. (c) View of the final
integrated sensor, scale bar = 200 µm.
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Figure 4.24: Beam spot images (illumination intensity approx. 80% of spectrometer satu-
ration in the LCI system) at the distal end of the integrated sensors containing
equal air cavity lengths but with (a) lensed central ’spacer segment’, and (b)
flat central ’spacer segment’. i. DOF at the distal diaphragm surface. ii. DOF
further distal (~200 µ m) from the surface. Scale bar = 100 µ m.

diverging beam, could be a consequence of slight angular misalignment during fiber

integration in S2, which I attempted to address in S3 by reducing the angular and

spatial tolerance at the integration plane (from 1 to 0.5 µm) in the fiber position-

ing segment. The reduced illumination required in the interrogation of S3 is also

evident. Moreover an increase in the phase peak 2 (corresponding to the distal de-

formable membrane) of ~10 dB was observed with S3 compared to S2. Therefore,

the basic rationale for the lensed design was tested and found to match with the

design requirements stated at the beginning of this section.

4.4.3.3 S3 sensor response

The LCI response of lensed S3 sensors was evaluated in the characterisation setup

described in section 4.3.3. As with S2, the central segment in S3 (lensed spacer in

this case) was found to be non-responsive to changes in pressure. This demonstrates

that the sensor element adhered strongly to its waveguiding SM optical fiber, and

the lensed spacer was shielded from hydrodynamic pressure variations induced in

the sealed water-filled tube. Concurrently, the distal deformable diaphragm was

found to be responsive to changes in pressure.

The temperature response of S3 was evaluated by applying controlled thermal



4.4. Results and discussion 135

Figure 4.25: Temperature response of the TPP-printed sensor element under constant pres-
sure of 770 mmHg. (a) Thermocouple response; (b) S3 sensor response mea-
sured from the phase peaks corresponding to the distal end of the central
lensed segment, and the proximal surface of the distal deformable membrane
(phase peak 1 and 2 respectively); the section bound by the grey dotted lines
indicates temperature response in the range 35 °C to 50 °C.

gradients to the sensor by implementing a programmable temperature feedback in

the outer water bath of the measurement system 4.3.3. Furthermore, care was taken

to place the reference thermocouple and S3 as close to the sensor-under-test (<1

mm apart by visual inspection) to minimise the effect of local temperature gradients

during testing/calibration measurements.

The temperature response in the range spanning 21 °C to 55 °C was mea-

sured (reference thermocouple and phase peak responses are plotted in Figure 4.25.

Within this range, the response was found to fit a quadratic relationship with the

reference temperature. On closer inspection, the phase peak response in the tem-

perature range of 35 °C to 50 °C (marked by the grey dotted lines in Figure 4.25)

was found to approximate linear behaviour with an R2 value of 0.981. In this tem-

perature range, the temperature sensitivity of phase peak 1 was found to be 0.52

rad/°C, with a noise floor value of 18.9 mrad (standard deviation of signal over a

measurement duration of 10 s). The temperature resolution was found to be 0.036

°C in this case.
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The pressure response was tested and found to approximate linear behaviour.

Evaluating the response of the sensors in the range 760 mmHg to 1060 mmHg, the

sensitivity of phase peak 2 was found to be 0.19 rad/mmHg and a noise floor of

0.042 rad resulting in a pressure resolution of 0.11 mmHg. Moreover, measure-

ments with a simulated arterial pulse pressure waveform at 72 pulses per minute

were obtained and calibrated as per the above mentioned fit. This is depicted in

Figure 4.26. It can be observed that the response of phase peak 2 (i.e distal de-

formable membrane) was found to well approximate the reference pressure sensor.

It was noted that for longer durations, of over 30 minutes, signal drift was found

to be present (as had been observed with S1 and S2, and in other polymer-based

interferometric sensors in literature [106, 109, 117, 235] ). This is further discussed

in section 4.4.4.4.

4.4.4 General observations

4.4.4.1 TPP development of mesoscale structures

Some changes in the outcome of the photoresist development was found with varia-

tions in structural design and illumination parameters. For the simple single-cavity

design S1, the prescribed TPP development process for IP-S of placing the illumi-

nated sample slide 1 hr in PGMEA followed by 5 minutes in IPA, was found to

Figure 4.26: Pressure response of the TPP-printed sensor element under simulated arterial
pulse response (72 pulses-per-minute).
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be effective (Figure 4.12). Complete removal of uncrosslinked polymer was ascer-

tained through visual inspection under a microscope. The subsequent designs with

multi-cavity segments (S2 and S3) included significantly more confined spaces pos-

ing a challenge in proper photoresist development. Through-hole structures in the

’spacer’ or lensed segments (pressure-insensitive) were included in the designs in

regions away from the beam path (indicated as ’H’ in Figure 4.15) to enable pho-

toresist washout to clear-out the designated air cavity spaces.

The prescribed development process for TPP structures fabricated with IP-S

photoresist was not effective for certain design iterations detailed in this work. The

prominent issue in this regard was the incomplete washout of unpolymerised pho-

toresist in S3 designs (as observed in Figure 4.27(b)). A few of the process modifi-

cations explored to address this challenge are discussed below.

4.4.4.1.1 Developer solvent

In addition to PGMEA, acetone and trimethyl-ammonium-hydroxide (TMAH) were

considered for development of the TPP microstructures. Acetone was found to at-

tack the photoresist surface within 20 minutes of immersion in it, and was hence

not pursued further. Diluting TMAH 1:1 with DI water and using it for develop-

ment seemed initially effective (immersion for 40 minutes followed by DI water for

10 minutes and IPA for 5 minutes), but was not found to perform better than de-

velopment with PGMEA, as the issues with incomplete cavity-space washout per-

sisted (some remnants of unpolymerised photoresist were found on the distal end of

the lens surface). Moreover, immersion for longer than 50 minutes in 1:1 ratio by

weight of TMAH:water solution resulted in etching of the microfabricated structure

in the form of ~1 µm long streaks.

Due to the resilience of the microfabricated structure to PGMEA (no visible

surface etching in the exposed microstructures following immersion for 24 hr), and

the the interplay of chemical kinetics involved in photoresist development around

and outside the confined cavity structures (detailed further in [123]), extending the

development time in PGMEA and IPA was evaluated. The issue of improper devel-
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opment was found to be mitigated by extending the development time from 1 hr to

6 hr (followed by 30 minutes in IPA) for complete development. As detailed below,

this can be further reduced by mildly agitating the solvent bath.

4.4.4.1.2 Agitation of developer bath

Mild agitation of developer baths in conventional photolithography have been pre-

viously reported to aid uniform development and also reduce development time for

2.5D nanostructures [236]. Similar effects were observed with the TPP microstruc-

tures prepared in this study.

The rationale for the efficacy of solvent agitation is based on replenishment of

solvent along the surface of the crosslinked structures through mechanical motion.

During development, the solvent penetrates the polymer matrix and starts to sur-

round the fragments. As the molecules start to interact, a gel is formed comprising

of the uncrosslinked resist, with potential swelling of the crosslinked resist. Once

completely surrounded by solvent, the fragments detach from the matrix and dif-

fuse into the solvent [123]. The mild agitation could enhance the detachment of

these fragments, and hasten the solvent ingress enabling faster and more uniform

development throughout the cross-linked microstructure.

This was implemented by horizontally positioning the sample slide consisting

of the TPP printed microstructure in an upside-down orientation, using a modified

sample holder within a 100 mL beaker containing 30 mL PGMEA, ~2 cm above

the base of the beaker and submerged within the solvent. The sample holder was

secured to the wall of the beaker (diameter 90 mm), which was in turn placed on

an orbital shaker at 75 rpm for 90 minutes. This was followed by replacing the

developer solvent with IPA and continuing mild agitation on the orbital shaker for

15 minutes. Subsequently, the sample was dried in air for at least 30 minutes.

This modified development protocol, in conjunction with the minor geometric

design modifications described below resulted in complete development of the TPP

extrinsic sensor designs.
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4.4.4.1.3 Geometric alterations to aid development

In the case of design S2, it was found that varying the geometry of washout ’holes’

from cylindrical 15 µm diameter to conical with proximal and distal ends of 15 and

25 µm diameters respectively aided faster and more efficient photoresist develop-

ment. Moreover, placement of the the glass slide during development in an inverted

horizontal orientation instead of the conventional vertical orientation yielded im-

proved results.

Incomplete development was observed when forming the S3 sensors, therefore

the washout cross-section area was increased, compared to the S2 design. While the

angled (8° axial) depth geometry was retained (as with the conical structures S2),

the washout segments were now made bean-shaped to allow for the larger washout

area. Furthermore, chamfering/smoothening of the edges was also included in the

final designs to avoid edge accumulation of remnant photoresist along sharp bound-

aries. These design modifications in conjunction with mild agitation of developer

bath and a longer development time of 120 minutes resulted in efficient and repeat-

able development of the microstructures as indicated in Figure 4.27.

The finalised protocol was experimentally verified by fabricating and develop-

ing the designs as a transverse cross-section without the distal diaphragm element

in the S3 design (70 µm of the distal section of the design, or the section below the

dotted red lines in 4.27(a) was cropped out of the design), and the cavity region was

now bounded by glass during fabrication and development. These were constructed

with and without the design and development modifications added to S3, and both

variants were evaluated under an SEM for clear visualisation, and checking for un-

polymerised photoresist, as shown in Figure 4.27.

4.4.4.2 Fiber integration: adhesive material

The microfabricated extrinsic sensor elements were integrated to the SM optical

fiber using an adhesive material. Primary requirements of the adhesive material

include good glass-to-polymer adhesion strength, high shore-D hardness (>80)

(B.2.2.2), non-toxicity, low elasticity, high post-integration hardness, and a sim-
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Figure 4.27: Verification of TPP development and solvent washout within the air cavity re-
gion of the sensor element, before and after the modified development process.
(a) Modified CAD design where the distal deformable diaphragm element was
excluded (segment above the dotted lines within the cross-section of the de-
sign). (b) SEM showing incomplete washout within the air-cavity section in
the test sample, when the original development protocol was used; (c) SEM
depicting complete solvent washout within the air cavity and hole segments,
using the optimised development protocol.

ple scalable repeatable method to activate the adhesive. Since the adhesive is meant

for application to the exterior of the sensor element and the outer surface of the

cladding, optical transparency is not a strict requirement. With these considera-

tions, the adhesive materials shortlisted and investigated include: UV-curing optical

adhesive epoxy, the photoresist material IP-S, heat-curing epoxy by EPO-TEK, and

fast-curing cyanoacrylate. Some important parameters and observations of this in-

vestigation are outlined in Table 4.1.

Following preliminary testing, cyanoacrylate was deemed to have optimum ad-

hesion strength with a simple activation method (exposure to the moisture at atmo-

spheric pressure and room temperature [237]). Although the integration method was
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Table 4.1: Adhesives evaluated for fiber-to-sensor integration [237–240]

Adhesive Curing Shore D Water Adhesion approx. Curing
material method hardness * absorption to glass time (mins)

Norland-61 UV 85 0.16% v. good 5
Norland-81 UV 90 <0.1% good 5

IP-S UV - n.a. fair 30
EPO-TEK Heat (>80°C) 85 n.a. v. good 60

Cyanoacrylate Moisture at RT 80 no good 10

* defined in appendix B.2.2.2

similar for UV curing epoxy and the photoresist, the adhesion strength of IP-S was

comparatively lower. Heat curing epoxy on the other hand required localised con-

tact heating, which significantly added to integration complexity compared to the

other adhesives considered. The initial iterations were integrated using Norland-81,

including the S1 sensors and the a few variants of S2 consisting of ’spacer’ ele-

ment. But the sensors formed using S3 design were integrated using fast-curing

cyanoacrylate as no significant differences were observed between the UV-epoxy

and cyanoacrylate in terms of adhesion strength, but the latter produced lower drift

rates, does not require UV illumination for activation, and has been reported to be

less susceptible to swelling induced by water adsorption. Furthermore, cyanoacry-

late has been used previously in medical devices and bio-compatible variants are

available [238].

4.4.4.3 Non-linear temperature response

Nonlinear temperature response was observed in measurements made in the range

of 21 to 55 °C. Although calculations and sensitivity estimates were performed by

approximating to linear behaviour (R2 > 0.98) in the temperature range 35 to 50

°C, the near-quadratic response of S2 and S3 within the complete measurement

range is of interest. This behaviour could be attributed to dynamic response of ther-

mal expansion of TPP printed extrinsic sensing element and the adhesive material,

along with temperature dependent changes in water adsorption by the photoresist
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material [241] 3, further exacerbated by low-frequency drift observed in extrinsic

interferometric sensors [120]. These could potentially be mitigated by tailoring

the crosslinking density and hence thermal parameters of the photoresist material

used. Another compelling avenue that could be explored are methods to reduce

hygroscopic swelling of the fabricated structures - such as ultrasound treatment as

reported in [242] and PVD of thin parylene layer [243].

4.4.4.4 Sensor drift

In experiments spanning 10’s of minutes, significant random low-frequency drift in

the phase response was observed. This is illustrated in the Figure 4.28, where a drift

of 8 mmHg was observed in pressure cycling measurement spanning 120 seconds.

This drift in optical phase is related to the stability of optical paths of the inter-

ferometer and response of the waveguiding optical fiber to thermal changes. The

IP-S photoresist used in the fabrication of the extrinsic sensor elements has negligi-

ble absorption in NIR [140]. Nevertheless, in long term measurements, absorption

of laser power by the microfabricated sensors may contribute to thermally induced

changes in the optical path length.

Figure 4.28: Signal drift in the TPP-printed sensor S3 compared to reference pressure.

Moreover, minor changes including adsorption of water onto the sensor sur-

3 Similar to SU-8 studied in [241], the base material of IP-S photoresist is Bisphenol A Novolac
epoxy. Therefore a similar trend in mechanical properties and thermal expansion influenced by
moisture adsorption can be expected.
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face, slight drift in local temperature (of the water bath, and air surrounding the

waveguiding fiber), and slow fluctuations in the source spectrum, could also con-

tribute to this low frequency drift. Although the impact of this low-frequency drift

is far slower than the dynamic changes in pressure and temperature in intravascular

applications, it can hinder accurate measurements due to potential drift in sensor

calibration. This is an important parameter to be optimised in future embodiments

of such precision microfabricated fiber-optic sensors.

4.5 Summary and future work

In a first instance, this work demonstrates the construction of a fiber-optic interfer-

ometric probe made as a single-part extrinsic FP structure consisting of a confined

gas-cavity and lensing elements with a freeform geometry. In this work, the con-

fined gas cavity was constructed by a novel method that involved precisely micro-

fabricating a single-element extrinsic sensing structure and thereafter integrating it

to an SM optical fiber. This enabled TPP fabrication of freeform multi-cavity sen-

sor elements and structural integration with adhesive materials to enable irreversible

bonding of the microfabricated structure to the optical fiber. Three distinct sensor

design iterations were demonstrated and characterised. A brief summary of their

TPP fabrication parameter and structural considerations are given in Table 4.2, and

outcomes from the pressure and temperature characterisation are listed in Table 4.3.

The response of the sensors fabricated as per design S1 (1.43 mmHg) to

changes in pressure were within the range suited to intracranial pressure measure-

ment but not intravascular pressure measurement, as per the current FDA regula-

tions. Specifically, the FDA title-21 requirements state that the pressure sensitiv-

ity of catheter-based sensing devices should be 2 mmHg or lower for intracranial

pressure measurement, and 0.5 mmHg or lower for intravascular pressure measure-

ment, as per the CFR870.1250 and CFR870.1200 regulations respectively. How-

ever, the pressure response and temperature sensitivity of designs S2 (0.39 mmHg

and 0.023 deg C) and S3 (0.11 mmHg and 0.036 deg C) met the regulatory standards
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Table 4.2: Summary of design and fabrication of precision microfabricated fiber-optic in-
terferometric sensors with designs S1, S2, and S3

Sensor design S1 S2 S3

z1 (µm) - 60 75

Design † z2 (µm) 100 140 85

features tPD (µm) 5 3 1

CPD (µm) 110 200 150

H (µm) 0.5 0.5 0.3

Fabrication ‡ S (µm) 1 1 0.3

parameters PowerScaling 1 1 0.55

TPP duration (mins) 19* 28 54

PD roughness (µm) 54.7 54.2 37.0

† z1 and z2 are the geometric cavity lengths as indicated in Figure 4.8;
tPD and CPD are the thickness and diameter of the distal deformable diaphragm;

‡ H and S are the hatching and slicing distances applied during the TPL;
*reduced to 8 minutes in scaffold mode.

for intravascular sensing applications, with S3 demonstrating superior performance

among these two design implementations.

Presence of confined microscale spaces with small (sub-25 µm) openings for

removal of a relatively large volume of unpolymerised photoresist was unfavorable

considering the chemical kinetics of the the development process. It would take

longer (than the prescribed development time, where allowance for large confined

spaces may not have been made) to create the the chemical gradient in the cavity re-

gions to enable solubility and removal of the uncrosslinked photoresist. Appropriate

modification of the development process was explored and the optimised protocol

for each design have been detailed as S1, S2 and S3.

Freestanding uniform deformable diaphragms of high aspect ratio, with thick-

ness down to 1 µm were fabricated with high precision and accuracy. Varying cavity

geometries and design topographies, while including lensed element designs were

demonstrated. It can be seen from Table 4.2 that the surface roughness of the fabri-
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Table 4.3: Summary of pressure and temperature responses observed in the three design
variations of fiber-optic interferometric sensors S1, S2, and S3

Sensor design S1 S2 S3

φ1 noise floor (mrad) - 7.6 18.9

T φ1 sensitivity (mrad/° C) - 331 523

Tmin (in ° C) - 0.023 0.036

Sensor .

Performance
φ2 noise floor (mrad) 8.7 12.1 21.7

P φ2 sensitivity (mrad/mmHg) 6.1 31 190

Pmin (in mmHg) 1.43 0.39 0.11

. φ1 and φ2 represent the phase peaks responses corresponding to z1 and z2; while,
Pmin and Tmin are the pressure resolution and temperature resolution respectively.

cated interfaces is dependent on the TPP fabrication parameters, and was found to

be below the wavelength of the interrogation beam. Therefore, the geometry and

surface parameters of microstructures can be tailored using the described fiber-optic

sensor micro-fabrication method.

The sensors developed in this chapter comprised of optical fiber, IP-S photore-

sist material and cyanoacrylate adhesive for bonding. Each of these constituents

are either bio-compatible and or variants suited for clinical use are commercially

available (in the case of cyanoacrylate). Glass optical fibers are inherently biocom-

patible on removing their plastic jackets, as has been done with these probes. The

biocompatibility of IP-S photoresist has been highlighted by its use in tissue scaf-

fold studies [244]. Moreover, in further iterations of such sensors where functional

metallic coatings might be used for tuning optical properties of the interferometric

cavities, the outer surfaces of the sensor can be isolated from coming in contact with

blood in the intravascular space though conformal PVD coating of biocompatible

parylene-C.

The pressure and temperature characterisation results detailed in section 4.3.3

are summarised in Table 4.3. The pressure response of the three sensor iterations
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and temperature response of the multi-cavity sensors are listed. Multi-cavity FP

cavity designs can allow simultaneous measurement of pressure and temperature,

while lensing of one of the multi-cavity interfaces (optimised as per ray-tracing

simulations) was found to yield higher signal coupling for interrogation with lower

source illumination. Although, both φ1 and φ2, for S3 had a higher noise floor than

S2, a significant increase in the sensor signal was also observed. This, along with

the lower cavity thickness contributed to improved sensor sensitivity in the lensed

sensor design. It can be seen that the optically optimised design S3 in particular

presented temperature sensitivity and pressure sensitivity well within the range re-

quired for intravascular sensing catheters and intracranial pressure measurements

stated by AAMI and FDA regulations [120].

It can be seen from table 4.3 that pressure and temperature sensitivity values

for S2 and S3 in the range of interest for MIS (intravascular and neurosurgery in par-

ticular) were obtained. However some operational challenges exist - such as sensor

drift and nonlinear temperature response, which pose difficulties in accurately cal-

ibrating these sensors for potential clinical use in their current form. These could

be mitigated through using alternative constituent materials for the extrinsic sensor

element, along with further optimisation of the micro-optics design and fiber inte-

gration. Use of photoresist material with tailored mechanical properties or explor-

ing other materials such as metal composites [145, 245, 246], silica or glass [247]

through additive and/or subtractive TPP merits further investigation.

In addition to exploring other materials for precision TPP-based microfabrica-

tion, the designs can be modified to explore alternative sensing functionalities. For

instance, S1 design paradigm could be used to form smaller high-finesse cavities for

fiber-optic ultrasound sensing by metallising the distal end of the waveguiding opti-

cal fiber and proximal end of the deformable diaphragm. Moreover, these could be

modified for multiplexed sensing and biomolecule detection by including plasmonic

surfaces along with the interferometric measurement of physiological pressure and

temperature. They could also be designed to function as lightguides and/or diffrac-

tive optical elements integrated to optical fibers for measurements in optogenetics.
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Additional design modifications can enable construction of multifunctional probes

for use in myriad range of applications within and beyond biomedical sensing.

Therefore this work presents significant inroads in the field of optical sensing,

particularly in the evaluation of novel microsensor designs for MIS and associated

material considerations, within the domain of fiber-optic sensors in general, and

MIS probes in particular.





Chapter 5

3D Vascular Imaging Phantoms for

IV-OCT

In biomedical research, medical imaging phantoms are used as stand-ins for human

tissues to ensure that systems and methods for clinical diagnostic imaging are op-

erating correctly. In this work, hybrid IV-OCT phantoms in the size scale of human

blood vessels with associated optical contrast were developed. Primarily we dis-

cuss a method for fabricating phantom models using a combination of TPP to print

scaffolds followed by microinjection of tailored tissue-mimicking materials into the

printed mesoscale scaffolds to simulate healthy and diseased vascular tissue. The

design, fabrication, and validation of three phantom models is described.

First, a model with sub-resolution1 wires (5 to 34 µm diameter) arranged cir-

cumferentially was constructed to ascertain the suitablity of TPP to form phantom

structures suited to IV-OCT calibration. The second phantom model depicts a vessel

side-branch, a clinically significant anatomy in vascular interventions, demonstrat-

ing the potential of adding polymer material with tailorable optical properties into

mesoscale segments in the phantom structure. The third phantom was designed to

represent the vascular pathology of thin-capped fibroatheroma (TCFA) [6] contain-

ing a lipid pocket within a vessel side-wall. Its construction highlighted the capa-

bility of microscale multi-material inclusions to form a hybrid imaging phantom

1The term sub-resolution refers to features with structural resolution below the imaging resolu-
tion of clinical IV-OCT system, i.e. below 10 µm [6]
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structure with this method. In this work, we illustrate the first IV-OCT phantom

structures depicting freeform vascular anatomic features with sub-micron resolu-

tion, and hybrid optical constrast distribution.

Part of the work described in this chapter has been published in [248]. The

phantom design, TPP microfabrication, optimisation and characterisation was car-

ried out by me. The selection of vascular designs of interest, and the IV-OCT imag-

ing was undertaken in collaboration with Dr. Callum Little, while the microinjection

printing of lipid was performed by Mr. Richard Caulfield.

5.1 Motivation

Visualisation within the human body through microscopic and mesoscopic imaging

techniques are indispensable to vascular diagnostics in MIS. To ascertain the effi-

cacy of these imaging devices and establish performance metrics, there is a need

to design and fabricate suitably sized phantom models with 3D tissue-mimicking

architectures and molecular compositions. Moreover, phantoms can enable rapid

development of new imaging techniques through facilitation of low-cost customis-

able and easily reproducible standards. Through efficient replication of the imaging

environment, phantom models could also help minimise animal experiments needed

for system validation [249].

Phantom models with macroscopic features have been widely studied and re-

ported for 2D or 2.5D [250–256] and macroscale 3D [257–262] imaging, but those

required for micro and mesoscopic imaging methods present additional challenges

owing to the miniature geometry and associated fabrication constraints. To simulate

anatomic structures in imaging phantoms, inclusion of both structural and molecular

contrast into predefined geometrical locations is of particular importance. The con-

trast requirements vary depending on the imaging modality of interest, i.e. optical

contrast for OCT, tissue mechanical properties for ultrasound (and a combination of

the two for photoacoustic imaging), magnetic or paramagnetic contrast in MRI, and

material density for X-ray CT [65, 71, 255, 263, 264]. Fundamentally these proper-
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ties are interrelated and the basic requirement is to tune the material composition to

suit the measured contrast.

With the development of advanced imaging modalities involving quantitative

diagnostic techniques and use of unconventional sensor configurations, such as

those integrated into endoscopes or catheters for 3D anatomic visualisation, de-

velopment of suitable high resolution phantoms is required. This has been partic-

ularly challenging for intravascular optical imaging, due to the associated complex

freeform 3D anatomic geometry.

A prominent intravascular optical imaging modality is IV-OCT, where OCT

was adapted for vascular diagnostics using an optical fiber probe within an intravas-

cular catheter for visualisation of the inner structures of blood vessels [186]. In the

last two decades, its application has expanded from morphological investigation of

diseased vasculature, to other modifications of the technique - including Doppler

OCT to investigate blood flow, Optical Coherence Elastography (OCE) to inves-

tigate biomechanical properties of the tissue, spectroscopic OCT to ascertain the

nature of intravascular plaques and precancerous lesions [255, 265, 266]. Extensive

research is underway in this field with constant innovation in clinical systems and

image processing protocols. Moreover, the prevalence of IV-OCT in clinical cardi-

ology has significantly increased in the last decade, and has become indispensable

in procedures such as intravascular stent assessment [267].

OCT phantom development has largely centred around tuning the material op-

tical properties to be in the same range as tissues for macroscle imaging, or for

planar and 2.5D geometry relevant to ocular diagnostics [251, 253, 259, 260, 268].

However properties such as durability, 3D freeform microstructure, and mechanical

properties of the constituent materials in these phantoms need further investiga-

tion in the context of intravascular imaging. Such phantom models would also aid

in education and clinical training, while enabling development of novel diagnostic

protocols.
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5.2 Background

5.2.1 Optical coherence tomography

OCT is technique used widely in optical imaging and material characterisation. In

the context of imaging biological tissues, OCT is non-invasive and can provide

3D tomographic imaging producing high-resolution cross-sectional images of inho-

mogenous samples [255]. The fundamental principles of OCT evolved from optical

1D low-coherence interferometry (section 4.3.2.3) in a Michelson interferometer

configuration using a broadband light source (appendix B.1). The potential of LCI

for 3D imaging in biological tissue was first realised by Huang et al. in 1991 [7] fol-

lowing its development for short range fault-finding in optical fibers and photonic

components in the late 1980’s [269].

OCT systems can be broadly divided into time domain OCT (TD-OCT) and

frequency-domain OCT (FD-OCT), also known as spectral domain OCT. In TD-

OCT, a time domain interference pattern is obtained by translating the reference

mirror in the interferometer setup to change the reference path length and match

multiple optical paths due to layer reflections within the sample. Whereas in FD-

OCT, frequency domain measurements by Fourier transformation of the output

spectrum are evaluated to derive depth information. In such an arrangement the

reference optical path length remains fixed and component frequencies of the OCT

output are detected using a spectrometer. Further details on OCT theory, evolution

of clinical OCT systems and applications can be referred to in [7] and [270].

5.2.1.1 Intravascular OCT: system and optical contrast

There is increasing implementation of OCT in intravascular imaging. Its potential to

detect early stages of coronary artery disease was highlighted in 1997 by Tearney et

al. [186]). IV-OCT is also useful for evaluating scar-tissue formation resulting from

the use of stents. IV-OCT has provided new insights into the pathology of coronary

artery disease in vivo and is valuable in evaluating the immediate and long-term

outcomes of percutaneous coronary interventions (PCI) [6, 255]. Moreover, there

is interest in expanding its use for monitoring plaque erosion while administering
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intravascular interventions, and improve clinical follow-up of patients after heart

transplantation [6].

FD-OCT configuration is preferred for clinical IV-OCT systems as they are

capable of line-scans at much higher imaging speeds, facilitating rapid 3D pullback

imaging [271]. Because blood is highly scattering in the NIR, 3D pullback imaging

with IV-OCT is performed during the administration of non-occlusive flush of opti-

cally transparent media such as Lactated Ringer’s or radiocontrast [255]. Although

FD-OCT has certain drawback compared to TD-OCT such as presence of autocor-

relation artefacts, complex conjugate artefact and fall-off of signal with depth, these

are negligible in IV-OCT imaging applications and are outweighed by the benefits.

IV-OCT requires a single optical fiber that both carries the source beam and

records the reflections, while simultaneously rotating and being pulled back along

the artery to acquire a 3D visualisation. A NIR light source with a central wave-

length ranging from 1250 to 1350 nm is typically used. A standard configuration of

Figure 5.1: (a) Schematic representation of an IV-OCT system with a light source, as-
sosiated optics, waveguiding optical fiber and imaging catheter probe go-
ing into an artery. The imaging window in the probe is close to the distal
tip of the probe as demicted by the red flash (Image modified from source
www.cardiologicomonzino.it, accessed 22 March 2019); (b) Illustration of a
basic ray-trace along with dimension of the imaging section of a generic IV-
OCT catheter; (c) Photograph of a DragonflyTM Duo Imaging Catheter; (Image
source: modified from St. Jude Medical IV-OCT website).
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an IV-OCT system along with a basic ray trace of the interrogation beam is depicted

in Figure 5.1(a) and (b), while (c) shows a photograph of a commercial IV-OCT

catheter (DragonflyTM Duo by St. Jude Medical).

Optical attenuation and back-scattering properties provide contrast for IV-OCT

imaging. As the source beam encounters a boundary between materials of two dif-

ferent refractive indices (optical impedances), a portion of the light is scattered, and

a portion is transmitted. IV-OCT measures light that is reflected/backscattered from

the interface and collected by the imaging optical fiber within the probe catheter, as

illustrated in Figure 5.1(b). The amount of backscattered light, and therefore inten-

sity of the IV-OCT image is dependent on the magnitude of difference in refractive

index between tissue layers. With macroscale planar structures of dimensions sig-

nificantly larger than the wavelength of light, such as stent struts, the reflected light

is higher when the object is perpendicular to the axis of the beam.

5.2.2 Intravascular OCT phantoms

The 3D geometry of arteries makes it challenging to be replicated as a phantom (par-

ticularly the geometry of smaller arteries), however a few instances of macroscale

artery phantoms have been reported in literature. Commercial polymer tubing was

used to create a multilayer artery phantom for IVUS application in [272]. These

phantoms were durable and mimicked healthy artery optical properties well, but the

fabrication method was not repeatable, and catered only to formation of macroscale

tissue models, nearly a unit of magnitude larger than those commonly evaluated

using IV-OCT. 3D fabrication of phantoms in the mm-scale have been recently re-

ported for optical imaging by Durkee et al. using a method consisting of sterolithog-

raphy and polymer moulding [260].

While studies demonstrating construction of phantoms mimicking microscale

vascular geometry have been scarce, those investigating materials to simulate tissue

optical properties have been extensive [82, 252, 254, 256, 258, 259, 262, 267]. It was

noted from these studies that in fabricating an OCT phantom, the general practice is

to introduce scatterers and absorbers into a polymeric matrix or base material. The

main contribution to the backscattering is expected from the scatterers but there are
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often contributions from both the base material and the absorbers, which can be

tuned to modify the attenuation if necessary. Another significant effect that comes

into play is scattering anisotropy, which determines the angular distribution over

which the light is scattered.

5.2.2.1 Base materials

Many early OCT phantoms were based on hydrogels, such as agar and gelatin. The

semi-solid matrices of hydrogels allow for the inclusion of both organic and inor-

ganic optical scatterers. Their tissue-like mechanical properties were an advantage

for investigation of OCE techniques [273]. Despite their initial popularity, there

were several issues with hydrogel phantoms, including a short durablity (on the or-

der of a week), and non-rigidity at room temperature - their semisolid physical form

made it difficult to manufacture and maintain complex 3D structures. PVA cryogels

have been investigated in some cases where properties of hydrogels were required,

but with higher durability [267, 274]. Fibrin gels 2 have also been investigated in

this regard. Its inherent biocompatibility, and elasticity presents a convenient op-

tion in cases where tissue contrast needs to be incorporated into a previously pre-

pared scaffold or mould as described in [255]. Fibrin can be readily synthesised

and has a shelf life of up to one month (compared to less than a week for agar and

gelatin [275]), and is already available as an adhesive for surgical procedures and

wound closures [276].

Polymer resin phantoms have been explored as an alternative to overcome is-

sues with durability and formability associated with hydrogel phantoms. Resin

phantoms can maintain their optical properties for years, and be fabricated into com-

plex macroscale shapes, demonstrated using extrusion, filament-based 3D print-

ing, stereolithography, polymer moulding, or using commercial polymer tubings

[258, 268]. Silicones are a prominent example of resins convenient for flexible mi-

crofabrication of phantom structures with features over 100’s of µm or in the mm

scale [251,257,262,277]. These synthetic organic polymers can be easily combined

2 Fibrin, a fibrous non-globular protein, is formed by the action of different tissue constituents
(the polymerisation of fibrinogen when acted on by thrombin), and provides structural support for
blood clots.



5.2. Background 156

with a wide range of optical scatterers, while its mechanical properties can be ad-

justed by modifying the ratio of cross-linking agent to silicone monomer, and/or by

including a controlled fraction of silicone oil to the mixture. The latter is partic-

ularly advantageous when the phantom fabrication method calls for low viscosity

prior to curing, and subsequently high resistance to fracture in the prepared phan-

tom. Compatibility with organic material and tissue constituents has been cited as

the major drawback in the application of heat-curing silicone formulations in hybrid

phantom structures [252]. Although biocompatible silicones are now available (for

instance MED-1000, NuSil), they are predominantly slow curing (>24 hours, on

exposure to atmosphere at room temperature through solvent evaporation), and not

suited for fabrication into geometries mimicking microscale 3D vasculature using

the prevalent fabrication methods.

5.2.2.2 Optical scatterers

Inclusion of scatterers and/or absorbers into the base material of optical imaging

phantoms is imperative for tailoring their optical attenuation. Titanium dioxide [93],

silica microspheres [251], alumina [278], and gold microspheres [279], are some

of the commonly reported scatterers; while carbon black and particulate dyes [280,

281] have been used as absorbers. The scatterers tend to have much higher refractive

indices than biological tissue (approx. 1.35 < ntissue < 1.46 [282], while nAl2O3 =

1.76, and nTiO2 = 2.3 [283]). Although the refractive index of silica microspheres

is closer to that of biological tissue, its propensity to form aggregates has hindered

widespread use in this context.

Obtaining a homogeneous distribution of scatterers and absorbers without ag-

gregates, sediments or air bubbles is challenging when fabricating polymer matrix-

based microstructures. Different techniques implemented individually or in com-

bination to mitigate this issue, as seen in the reviewed studies in literature include

- sonication, reducing viscosity of host polymer matrix prior to curing using a sol-

vent (hexane or toluene for silicone matrix) followed by evaporating off the solvent,

and degassing under vacuum. The phantom geometry and imaging requirements

determine the choice of the scatterer and base material.
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5.3 IV-OCT phantom design requirements

In this study, we attempted to construct precision microfabricated optical phantoms.

IV-OCT is chosen as the imaging technique of interest, given that construction of

sub-resolution1 microscale phantoms are an unmet need in the field [186, 248].

IV-OCT is performed clinically with a miniature probe (outer diameter 0.9

mm) that is percutaenously inserted into the vasculature [6]. 3D imaging is per-

formed by rapidly rotating and simultaneously translating a focused beam that typi-

cally penetrates tissue at depths of 1 to 2 mm. It is of importance to understand how

the visibility of a small structure may vary across the image. Ideally, an imaging

phantom for IV-OCT would provide sub-resolution point targets at multiple dis-

tinct spatial locations, which could allow for quantifying image distortions due to

non-uniform rotation and sub-sampling in the angular domain.

Interpretation of IV-OCT images is often difficult, given that its spatial reso-

lution (typically 10 µm axial and 20 µm lateral) is close to that of cell diameters,

and images tend to be confounded by speckle noise [255]. Therefore, it is desirable

to reliably replicate sub-resolution anatomic features in the phantom. Additionally,

heterogeneous anatomic phantom models mimicking healthy and diseased vascular

tissue are of particular interest in investigating the performance of IV-OCT device

in robotic surgery applications such as image quantification data to determine a

treatment plan or demarcate lesions in MIS.

In this work, TPP printing method was investigated standalone, and then in

combination with micro-injection methods to fabricate optically heterogenous 3D

imaging phantoms, and tested using a clinical IV-OCT system. Three distinct phan-

tom models were realised - a wireframe phantom composed entirely of the pho-

toresist material, a side-branching artery phantom mimicking healthy vasculature

with complex freeform geometry, and a lipid-plaque phantom composed of multi-

material constrast inclusions. The associated methods and results are described

further in this chapter.
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5.4 Fabrication methods

5.4.1 Two-photon lithography

TPP enables production of complex 3D structures with sub-micron precision us-

ing a tailored photoresist material (described in section 4.3.1.2). In this work, we

apply TPP techniques to create IV-OCT phantoms with 3D calibration elements,

mesoscale scaffolds, or vessel-like structures for subsequent inclusion of appropri-

ate contrast material mimicking vascular tissue optical contrast. A brief description

of the TPP technique is given in section 2.3.2. As described therein, TPP allows

submicorn structural resolution through maskless DLW. 3D structures are created

by moving a highly focussed focal spot (forming submicron scale voxels) within an

IR-transparent photoresist. Construction of mesoscale and mm-scale structures in-

volves extensive stitching and additional design challenges as described in appendix

B.3.

Printing with TPP was performed with a commercial TPL system (Photonic

Professional-GT; Nanoscribe GmbH, Eggenstein-Leopoldshafen, Germany), using

the proprietary IP-S photoresist optimised for mesoscale fabrication (further details

of the system detailed in section 2.3.2.3). All TPP fabrication was performed on

ITO-coated glass slides in the dip-in laser lithography (DiLL) mode. Given the

mesoscale fabrication requirements, and to facilitate realisation of high aspect ratio

structures, the structures were segmented into parallelepiped blocks with a rectan-

gular base of 250 x 255 µm and height 200 µm, and stitching angle of 12% to ensure

optimal block overlap. A scan speed of 100 mm/s and normalised laser power scal-

ing of 0.7 was used (laser power 35 mW/cm2).

The illuminated samples were then developed as per a modified protocol (fur-

ther described in section 5.6.1.1). For IV-OCT measurement, the IV-OCT catheter

needs to be threaded through the lumen, and the illuminating optics in these com-

mercial probes are about 2 cm proximal to their endface. To enable this, the 3D

printed structure was gently lifted-off the ITO-glass substrate by immersing it in

concentrated HCl for 5 minutes (using ITO as the sacrificial layer, further described
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in section B.4.4), followed by successive immersion in DI water and 3M Novec

7100 engineering fluid for 5 minutes each. The sample transfers following detach-

ment were done using extra-fine acid resistant tweezers. Thereafter the structure

was air-dried for at least 1 hr at room temperature to ensure complete evaporation

of the engineering fluid.

5.4.2 Lipid microinjection

Fluid microinjection process was used to fill microscale cavity segments with a

lipid material in the third phantom design (detailed in section 5.6.3). It comprised

of a TPP-printed scaffold and distinct material inclusions to provide optical contrast

distinguishing regions of healthy vasculature and presence of a lipid plaque region.

Microinjection method was used to deliver small quantities of coconut oil into

the plaque-mimicking region (schematic representation in Figure 5.2). Coconut oil

has a low melting point in the range of 24-27 °C which ensured that it was solid at

Figure 5.2: (a) Schematic of the microinjection setup showing the process of injecting liq-
uid coconut oil as the lipid inclusion in the arterial plaque phantom using a
functionalised micropipette (mp). (b) Optical microscopy of the dashed green
region in (a) where the micropipette (mp) is positioned above the arc-cavity
(Ca) just prior to injection; (c) Optical microscopy of the glass pipette used for
the microinjection process. Tip diameter is observed to be ~60 µm with a long
taper of ~3 mm.
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room temperature following incorporation into the phantom, while it could be easily

melted to low viscosity making in an efficient micro-injectable tissue-mimicking

lipid material. Micropipettes were used to precisely introduce small volumes of

liquid coconut-oil into the TPP printed scaffold with direct visualisation under a

microscope. Glass micropipettes of tip diameter ~60 µm and taper length ~3 mm

were prepared using a micropipette puller (P-100 Sutter Instrument, Novato, Ca,

USA). Luer lock adapter (EFD 15-gauge tips, Nordson, Westlake, Ohio, US) were

fitted to the micropipettes to enable easy integration with syringes.

During initial tests with pure glass micropipettes, the injected lipids formed

large droplets that built up on the outside walls of the pipette. This was addressed

by modifying the glass surface by functionalising the micropipettes using a mixture

of hexane and perflurooctyl-trichlorosilane to induce oleophobicity [284, 285].

A schematic of the microinjection system is shown in Figure 5.2. The base

glass slide of the TPP printed scaffold was mounted to an Al block such that the

opening of the arc-shaped cavity was facing upwards enabling its cavity axis to

easily be made collinear with that of the microinjection pipette tip. A syringe con-

taining the liquid coconut oil (heated to 50°C) connected to the prepared glass mi-

cropipette was then positioned above the opening with a 3-axis translation stage

(Thorlabs Inc., Newton, NJ, USA). Position of the micropipette relative to the

TPP printed scaffold was monitored as depicted in Figure 5.2(b) using an objective

lens (MPlan Apo SL 50x, Mitutoyo UK Ltd., Andover, UK) and a CMOS camera

(DCC1545M, Thorlabs Inc, Newton, NJ, US), and was suitably adjusted. As the

functionalised micropipette glass tip was lowered into the arc-shaped cavity, con-

trolled pneumatic back-pressure was applied (VPPM proportional pressure regula-

tor, Festo, Brussels, Belgium) to inject liquid coconut oil into the designated space

within the TPP structure (Figure 5.2(c)). The micropipette was gradually raised as

the plaque region was filling up. When the coconut oil meniscus reached the top

of the cavity, the pneumatic back-pressure was removed, and the micropipette was

fully extracted. Thereafter, the phantom model was cooled to 4 °C and stored as

such, to ensure solidification of the coconut oil prior to further characterisation.
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5.5 Characterisation methods
Three distinct IV-OCT phantom models were constructed and their structural fi-

delity and adherence to CAD design were evaluated using optical microscopy and

SEM. Thereafter, a clinical IV-OCT probe (Illumen Optis IV-OCT imaging system

with Dragonfly Duo imaging catheter from St. Jude Medical, St. Paul. MN, US)

was used for OCT evaluation.

The imaging catheter was threaded through the central lumen of the phantom

placed in a water bath as shown in Figure 5.3. The phantom was secured to a

glass slide (using Norland-81 optical adhesive) with the orientation of the phantom

lumen axis parallel to the slide surface. This glass slide was affixed to the side wall

of the water bath with the lumen axis vertical. Images were acquired with the IV-

OCT catheter moving in helical pullback mode through the phantom lumen for 3D

image acquisition with an acquisition speed of 180 frames per second. The imaging

parameters were set within the control panel on the Dragonfly Duo catheter system.

The sequential frames were processed in matlab (Mathworks, MA, US) to give

a single averaged frame. 3D reconstructions were performed using the open-source

medical imaging software Horos.

Figure 5.3: Schematic of IV-OCT imaging of the microfabricated phantoms using a clinical
IV-OCT probe (Illumen Optis IV-OCT imaging system with Dragonfly Duo
imaging catheter from St. Jude medical)
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5.6 Results and discussion

5.6.1 Wireframe phantom

A simple wireframe design was devised to investigate TPP as a mesoscale fabrica-

tion method to enable construction of sub-resolution IV-OCT phantoms. Optimisa-

tion of the mm-scale design, laser illumination, printing parameters, orientation and

photoresist development was performed, using only the proprietary mesoscale TPP

photoresist from Nanoscribe, IP-S.

The phantom model was designed using the cloud-based CAD software (Fu-

sion 360, Autodesk Inc, USA), as shown in Figure 5.4. This phantom design com-

prised a central cylindrical channel of diameter 1 mm, through which an IV-OCT

imaging probe (OD: 0.9 mm) could be inserted. The wires were arranged in a cir-

cular pattern at a distance of 0.7 mm from the center of the imaging channel. The

diameters of these wires ranged from 5 µm to 34 µm, in progressive increments of

1 µm and a pitch of 150 µm. The smallest wire dimension (OD: 5 µm) was chosen

as it was a factor of 2 lower than the resolution limit of commercial IV-OCT sys-

tems [255]. Support-plates at the base and side were included for structural stability.

Figure 5.4: (a) Isometric view of CAD model of the wireframe phantom. The central region
designated for passing a clinical IV-OCT catheter for imaging is indicated using
a dashed green arrow (scale bar is 300 µm); (b) A cross sectional depiction of
dimensions and the varying wire cross-section (5 µm to 34 µm) in the phantom
model.
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Optimisation of the print parameters and design orientation was done using

a representative multi-part design (shown in Figure C.1), to ensure optimal print

fidelity. It was observed that printing orientation with the axis of the central cylin-

drical channel perpendicular to the print substrate or glass slide resulted in least

number of printing blocks, lowest printing time, and thereby maximal correspon-

dence to its CAD design following TPP illumination and development.

Following the TPP process, the structures were initially developed in PGMEA

solvent, followed by 5 minutes in IPA. Varying development times in PGMEA were

explored, to ensure no remnant uncured photo resist within the few narrow crevices

of low aspect ratio elements in the phantom design.90 minutes was found to effec-

tively remove uncured photoresist. However, following the development process,

elements of high aspect ratio (beyond 40) were observed to collapse or detach dur-

ing the solvent washout step (as depicted in Figure C.1 and Figure C.2 in C).

5.6.1.1 TPP for high aspect ratio mesoscale structures

The development process was modified to accommodate precise fabrication of high

aspect ratio structures to minimise structural damage. It is expected that the sample

transfer process within the multiple developer solution baths induces hydrodynamic

strain on the fabricated structures. The surface effects, and stress induced by heavy

solvent droplets over fragile ’wire-like’ high aspect ratio structures were deduced

to be the cause of the observed mechanical damage.

The final solvent evaporation process involving interactions between IPA

vapour and water vapour could also be a contributor to the failure/collapse of high

aspect ratio structures. This is attributed to Marangoni effect3 which causes the

surface of the nano/microfabricated structure being pulled back into the immersion

bath as the sample is taken out and left for solvent evaporation [287]. The surface

tension4 of IPA-air interface is much lower (23 dynes/cm) than the water-air in-

terface (73 dynes/cm) [288]. High values of surface tension between a solvent-air

interface can therefore lead to high likelihood of microstructure breakage in pho-

3 Marangoni effect can be defined as the phenomenon that causes mass transfer or liquid flow
from a region of low surface tension to high surface tension [286]

4 Surface tension is a force that resists deformation of liquid surfaces.
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toresist development during the solvent evaporation process, especially in fragile

high-aspect ratio microstructures.

This can be addressed by replacing IPA with a solvent of low vapour solubil-

ity, low viscosity and high vapour pressure (consequently low surface tension). This

approach of controlled evaporation of residual solvent to ensure design reliability

and mitigate surface tension effects in micro/nanostructuring is based on the criti-

cal point drying technique implemented for dehydrating biological samples while

maintaining their structural integrity, in preparation for SEM measurements [289].

The development protocol was accordingly modified to mitigate strain induced

on the TPP structures by solvent evaporation. 3M Novec 7100 engineering fluid

(Sigma Aldrich) was chosen as the final solvent for the development process (sur-

face tension on interface with air 13.6 dynes/cm−1) [290]. In this protocol, the TPP

illuminated sample was immersed in PGMEA for at least 60 minutes followed by

immersion in Novec 7100 for 20 minutes, and left to dry in air at room tempera-

ture (in this case 22 °C) for at least one hour. Immediate transfer between the two

solvent baths was done without any undue turbulent movement of either solvent

media. This enabled fabrication of wire-like structures with aspect ratios as high as

100 (in Figure 5.6(a), the 5 µm ’wire’ structure that are 500 µm long were seen to

be intact). To further reduce the structural fragility of the developed structures, they

were illuminated under a UV lamp for at least 30 minutes to increase the photoresist

crosslinking density.

Figure 5.5: Top view of the wireframe phantom (a) CAD model, (b) SEM image, (c) Micro-
scope image (back-illuminated) of phantom after detachment from substrate.
All scale bars are 500 µm.
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Following careful detachment from the substrate, the wireframe phantom

model was secured to a glass slide using a UV-curing epoxy (Norland-81), which

was painted onto the sides of the model with a cleaved optical fiber. The completed

model was then imaged under both an optical microscope and an SEM, with the ob-

servations shown in Figure 5.5. The transition point between the thickest (34 µm)

and thinnest (5 µm) wires was well visualised on the SEM image (Figure 5.5(b)

and Figure 5.6(a)). In the optical microscope images the central lumen was clearly

visible as seen in Figure 5.5(b) and (c).

A magnified SEM of the individual wire segments is shown in Figure 5.6(a),

while the reconstructed IV-OCT image of one frame (as detailed in section 5.4) is

shown in Figure 5.6(b), where the inset is the cross-sectional view of the highlighted

segments. The wire segments of differing dimensions can be clearly distinguished,

but some stray reflections and ’flare’ artefacts are also visible, which appear to

be a consequence of the IV-OCT imaging methodology used in this study. The

IV-OCT imaging was performed with a recycled catheter that had previously been

used in a clinical procedure and thereafter cleaned and sterilised for use in this

study, i.e. possible damage to the catheter sheath cannot be ruled out. Moreover,

given that a clinical system was used for imaging, much of the data processing

occurred within the inbuilt software of the system, where pre-compensation for

the catheter geometry and sheath optical properties is already applied, assuming

an intact IV-OCT catheter probe (meant for single-use). Slight modification of the

effective refractive index distribution of the device is expected, as a consequence of

positional distortion in the polymer catheter sheath and silicone lubricant between

the optical fiber and the catheter. The oval appearance of circular lumen seen in the

OCT image on Figure 5.6(b) can therefore be attributed to catheter sheath damage

not being accounted for in the post-processing of the IV-OCT system.

Artefacts were also visible near the larger wire segments (above 24 µm) either

as an elongation of a circular wire cross-section, or as an additional reflection spot

in the radially proximal direction. This can be attributed to double reflection of the

OCT beam, once at the proximal boundary of a wire segment (water to polymer)
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Figure 5.6: (a) SEM image of the transition region that spans the thickest (34 µm) and
thinnest (5 µm) wires in the phantom; Scale bar = 500 µm. (b) 2D IV-OCT
image with the transition region in the wire dimensions magnified and labelled
in inset. Scale bar = 50 µm and 50 µm in the inset.

and then at the distal boundary (polymer to water). Compared to vascular tissue, the

relatively smooth walls of the phantom (composed solely of the polymer photore-

sist) are more reflective and possess a higher refractive index contrast, which can

explain the reflection artefacts. In future iterations, this could be mitigated by use

of an undamaged imaging probe, and/or tailoring the photoresist material to have

refractive index closer to healthy vascular tissue (~1.4) [110].

Following successful fabrication and IV-OCT evaluation of this single-material

phantom structure, further investigation was focused on creating multi-material

phantoms with tissue-mimicking structures and optical properties.

5.6.2 Branching artery phantom

A branching artery phantom model was created to investigate inclusion of tissue-

mimicking optical contrast in a precision fabricated mesoscale phantom (as de-

scribed in section 5.4). While depicting a clinically relevant morphology, a

branched artery geometry is also relevant for further assessment of TPP in the con-

struction of freeform high-aspect ratio micro-/meso-scale anatomic structures.

This phantom structure comprised a main vessel (OD: 1 mm; length: 2 mm)

with a side branch (OD: O.6 mm) that bifurcated from the main vessel at an angle

of 45°, as shown in Figure 5.7(a). This geometry is consistent with the structure

of distal coronary arteries [291]. The vessel structures were confined within a 2

mm open-topped cube, to create a bounded space into which material with tissue-
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Figure 5.7: (a) CAD model of the side branching phantom indicating dimensions of the
main lumen and the 45° side branch, and the region where the tissue-mimicking
composite would be added. (b) Microscope image of side-branching design
constructed using TPP, after substrate detachment.

mimicking optical properties could be introduced around the central lumen.

The CAD segmentation, TPP illumination and development was conducted,

as described in section 5.4 and 5.6.1.1. The CAD design for the side-branching

phantom is as shown in Figure 5.7(a), while a microscope image of the TPP fabri-

cated structure is shown in Figure 5.7(b). The print matched the design without any

significant distortions. Stitching lines are visible on the microscope image, but the

surface roughness induced by these were ascertained to be less than the slicing and

hatching distance of 1 µm.

A silicone matrix was chosen to form the tissue mimicking material due to

its very uniform group refractive index comparable to biological tissue. Tissue-

mimicking base material comprised of a mixture of PDMS (Sylgard 184, Dow

Corning, MI, US) and silicone oil. Silicone oil was incorporated to decrease vis-

cosity of the mixture for ease in transfer into the TPP-printed scaffold structure

of the phantom model. The optimised composition was 10:10:1 ratio of silicone

oil: PDMS base: PDMS cross-linking agent. To achieve tissue-mimicking optical

scattering, TiO2 nanoparticles (13463-67-7, ReagentPlus 99%, Sigma-Aldrich) of

21 nm nominal particle size were added at a concentration of 2 mg/ml [292, 293].
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Following manual mixing with a spatula, the sample was sonicated for 30 min-

utes to ensure a uniform distribution of the TiO2 nanoparticles to ensure optical

scattering homogeneity of scattering. The mixture was then degassed to allow for

complete removal of entrapped air. This PDMS-TiO2 mixture was transferred into

the extra-luminal segment of the scaffold structure using the cleaved tip of a sin-

gle mode optical fiber under an optical microscope, ensuring no trapped air pockets

were formed. This integrated model was immediately heated for 1 hr at 100°C in

a convection oven to ensure uniform crosslinking of the PDMS base in the mixture

and avoid agglomerations.

This vessel side-branch model was imaged with a clinical IV-OCT system as

described in section 5.5. Using an automated translation stage, image acquisition

was carried out at a pullback speed of 0.89 mm/s. In a transverse cross-sectional

reconstruction of the IV-OCT data, the vessel side branch can be clearly visualised

exiting the main lumen (as depicted in Figure 5.8). The pullback acquisition was

post-processed to create a 3D reconstruction at a longitudinal cross-section, shown

as an isometric projection view of the vessel side-branch (Figure 5.8(c)).

Tissue-mimicking optical scattering was achieved with structural correspon-

dence of the scaffold structure to the side-branching CAD design, and uniform

scatterer distribution. Moreover this hybrid mesoscale phantom was found to be

mechanically robust and undamaged when placed within a water-bath for extended

Figure 5.8: (a) Microscope image of the TPP fabricated design of the side branching phan-
tom prior to the inclusion of silicone-TiO2 mixture. (b) 2D IV-OCT image ac-
quired from the side-branch region (dashed green line in (a)). (c) 3D IV-OCT
image, (all scale bars are 500 µm).
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duration, and imaged using the clinical IV-OCT catheter. Therefore, hybrid preci-

sion microstructured IV-OCT phantom representing a healthy side-branching distal

artery was successfully realised. In the next design, we attempt to construct a micro-

structured 3D phantom replicating an arterial plaque pathology.

5.6.3 Arterial plaque phantom

Simulation of vascular pathology, namely an anatomic-scale arterial plaque phan-

tom was formed by combining TPP printing with a modified embodiment of mi-

croinjection printing (appendix C.2). The objective was to evaluate multi-material

inclusions in confined, freeform micro-scale regions within the phantom. The ar-

terial plaque phantom design to replicate a lipid-rich TCFA was created first as a

scaffold using TPP.

TCFAs are a type of vulnerable plaque with a propensity towards thrombosis

or rupture. TCFAs are of major clinical interest, as their presence is thought to

increase the risk of developing a myocardial infarction [255]. The efficacy of IV-

OCT to detect TCFA was demonstrated in [294], and is currently the preferred

method for clinical diagnosis of TCFA, thereby dictating further intervention. A

characteristic feature of TCFA is a distinct lipid pocket covered by fiberous plaque.

Accurate identification of TCFAs with IV-OCT is crucial, as they are not always

Figure 5.9: (a) Visualisation of TCFA by IV-OCT. The shadowed region with diffuse bor-
ders is indicative of lipid covered by a fibrous plaque. (b) Histological mi-
croscopy image of the TCFA using hematoxylin-eosin stain where the lipid
pool and calcified nodule are visible. (Image source: [294])
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visible with X-ray fluoroscopy. TCFAs consist of a large lipid-rich core covered by

a thin fibrous cap that is less than 65 µm in thickness [6, 295]. A representative IV-

OCT and histology image of TCFA is shown in Figure 5.9.In the histology image,

the TCFA is clearly visible. Moreover, the distinct tissue layers of the vessel walls

- intima, media and adventitia can be distinguished (in Figure 5.9(b)). However,

these cant be distingushed as clearly in the IV-OCT image (in Figure 5.9(b)).

Figure 5.10: (a) CAD model of the arterial plaque phantom model. The main lumen (Lu)
accommodates the IV-OCT catheter, with the green dashed arrow represent-
ing the direction of catheter pullback. The open-topped cavity (Op) provides
an area into which the optically scattering silicone-TiO2 mixture can be intro-
duced as tissue simulating material. The arc cavity (Ca) allows for introduc-
tion of lipid material. (b) Microscope images of the TPP fabricated phantom
structures where i. shows the top view through the Op opening with the outer
boundary of the lumen section clearly visible, ii. shows the top view from
a perpendicular orientation through one of the side walls, and iii. shows the
top view after of the TPP printed phantom structure after detachment from its
substrate showing clear demarcation between the Ca and Lu spaces. (Note:
the dark section to the left of this image is the remnant solvent following the
substrate detachment).
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In keeping with this anatomic specification, the CAD model contained a ves-

sel with an arc-shaped cavity or ’plaque region’ close to the vessel lumen, creating

a region into which the optically scattering silicone mixture could be introduced.

A narrow gap was present between the the lipid region and the vessel lumen; this

gap represents the fibrous cap of TCFA and was 50 µm in diameter. In this proof-

of-concept design, the vessel wall tissue is represented as a homogeneous optical

entity, and has not been sub-divided into the three different tissue layers with slight

difference in optical contrast. As with the previous designs, the vessel lumen struc-

ture was supported within a 2 mm open-top cube.

Optical contrast between the extra-luminal space and the plaque region was

ensured through use of filler materials with distinct optical properties. The optically

scattering silicone mixture described previously (in section 5.6.2) was introduced

into the extra-luminal space, while coconut oil was used for the arc-shaped plaque-

mimicking region. The aperture size of the arc-shaped cavity (230 µm) was much

smaller than the main compartment, making it challenging to ensure proper contrast

inclusion. Therefore, inclusion of the lipid material or coconut oil into the plaque

region was performed by microinjection as described in section 5.4.2.

The fully formed lipid plaque phantom model was imaged in the clinical IV-

Figure 5.11: (a) CAD outline of the arterial plaque phantom model with the green dashed
arrow representing the direction of catheter pullback during IV-OCT imaging.
(b) Two-dimensional IV-OCT image of the phantom model where T is the tis-
sue simulating section filled with the silicone-TiO2 mixture; Lu is the lumen;
and Li is the region simulating lipid plaque (coconut oil) with decreased scat-
tering with some shadowing visible further away from the lumen. (Scale bar
is 500 µm).
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OCT system. In the transverse cross-sectional IV-OCT image, the lipid plaque re-

gion presented as a mildly hypoechoic area with some shadowing behind this re-

gion that likely resulted from optical absorption by the lipid (Figure 5.11(b)). This

appearance of microscale regions with distinct optical contrast is consistent with

the molecular distribution that would be expected with diseased vascular structure

(assessment confirmed by consultant cardiologists at Royal Free Hospital, London,

U.K.). Unprocessed coconut oil is a saturated fat similar to intravascular plaque, but

its optical attenuation at NIR was found to be relatively low compared to clinical

visualisation of TCFA by IV-OCT (as shown in Figure 5.9. The higher hypoechoic

appearance of TCFA in clinical IV-OCT imaging could be mimicked by addition

of absorbing particles such as silica nanoparticles into the melted lipid prior to so-

lidification. Furthermore, these mesoscale phantom structures were found to be

mechanically robust at room temperature for at least 2 months, although it is ex-

pected that the lipid material (coconut oil) would start to degrade if stored for over

3 months due to exposure to the oxygen in air.

5.7 Summary and future work

Manufacturing phantom models using a combination of TPP printed scaffolds and

microinjection of tissue mimicking materials offers several key advantages. TPP

printing allows for highly complex vascular geometries to be simulated, and ma-

terial injection using the functionalised micropipettes described here allows for a

high level of spatially controlled optical heterogeneity. Here we have demonstrated

phantom models with a single vessel side branch; however, multiple branches of

differing sizes and orientations can be constructed. All the design considerations

and requirements laid out in section 5.3 were met in the construction of the three

phantom designs in this study. Patient-specific geometries could also be imported

from high-resolution clinical imaging modalities such as X-ray micro-CT [296] and

used to generate freeform 3D printed designs [297].

The fabricated phantom models were observed to be robust after the contrast

inclusions were completely cured, allowing repeated imaging with no apparent
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damage from either storage at room temperature, or from the IV-OCT imaging

catheters after a period of 6 months. The smallest feature in the mesoscale wire

phantom was 5 µm in diameter, could serve as a point target for IV-OCT system

evaluation. The capability of TPP printing to construct structures as small as 100

nm (or lower by exploiting the ongoing advances in photoresist synthesis and de-

velopment) will be useful in the construction of phantom structures suited to higher

resolution imaging techniques and microscopy applications.

Moreover, the photoresist material used in this work has been shown to be bio-

compatible [298, 299], and can therefore enable inclusion of specific cells such as

macrophages to evaluate their visibility with research systems aiming to optimise

imaging protocol or acquisition/post-processing software. The refractive index of

this material (1.49) is higher than that of tissue (approx. 1.35 < ntissue < 1.46 [282]),

therefore brighter boundaries would be expected on imaging these phantoms. This

effect could be mitigated by imaging within fluids that have higher refractive in-

dices. Moreover, TPP fabrication of mesoscale structures using for photosensitive

materials with lower refractive index, for instance hydrogel-based materials could

almost aid construction of index-matched phantoms. Therefore, in future work ex-

ploring the use of photoresists with specifically tailored refractive indices to match

the optical characteristics of biological tissue is of interest.

On the basis of the fabrication capabilities evidenced in these proof-of con-

cept IV-OCT phantoms, it is possible to fabricate complex microscale structures

with geometric and material properties closely resembling morphologies relevant

to qualitative and quantitative clinical measurements. Although not demonstrated

here, distinct demarcation of the tissue layers of the vascular wall - intima, media

and adventitia with multiple different microscale contrast inclusions can be eas-

ily implemented. In addition to TCFA, additional vascular pathologies such as

atheroma, necrotic core, macrophage accumulation, presence of cholesterol crys-

tal and thrombus could be modelled for qualitative assessment. Furthermore, this

method could be beneficial to validate quantitative measurements such as plaque

border identification in atherosclerosis, and lumen measurements vital for interven-
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tional procedures. With high resolution calibration standards, improved guidance

could be achieved in the upcoming field of robotic endovascular surgery. Further,

physiological phantom models for fluorescence imaging are possible through the in-

troduction of fluorophore-containing composites or fluorescence labelled cells into

precision fabricated mesoscale structures.

Therefore, combining the high resolution microfabrication capability of TPP

with the the versatility and tailorability of materials offered by microinjection print-

ing, can enable manufacturing of complex imaging phantoms for a wide range of

clinical 3D microscale and mesoscale optical imaging modalities.



Chapter 6

Conclusions and Future Outlook

Novel tools for MIS were developed in the course of my doctoral research, in the

form of three micro/mesoscale devices - a minimally invasive fiber-optic ultrasound

transmitter, a fiber-optic probe for physiological sensing, and a sub-resolution multi-

material anatomic imaging phantom for clinical IV-OCT systems. The design opti-

misation, fabrication and characterisation of these precision microfabricated devices

for intravascular diagnostics were detailed in this thesis.

First, a novel, high-efficiency fiber-optic ultrasound probe was developed, with

form factor and performance suitable for clinical application. Ultrasound genera-

tion was demonstrated on an optical fiber endface by electrospinning a CNT-based

absorber composite onto its end-face and then dip-coating with an elastomer, in

Chapter 3. The microscale thickness of the coating layer was controlled by vary-

ing the electrospinning deposition time. High elastomer infiltration was observed

when dip-coating PDMS into the porous nanofibrous absorber mesh at the endface

of the optical fiber. The electrospun transmitters produced ultrasound pressures in

the MPa range with low pulse energies of 11 µJ, suitable for clinical use. Therefore,

the feasibility of electrospinning directly on optical fiber tip and its applicability to

form flexible optical ultrasound transmitters was illustrated in this study. In addition

to probes for MIS, the process of electrospinning on optical fiber end-faces could

also be of use in a wide range of non-clinical applications including non-destructive

testing of materials, chemical sensing, and environmental monitoring.

Thereafter a new paradigm for precision microfabrication of extrinsic fiber-



176

optic interferometric sensors for intravascular pressure and temperature evalua-

tion was developed (Chapter 4). These sensors are intended for integration into

catheters/guidewires for physiological parameter monitoring. In a first demonstra-

tion, TPP was used to form a high resolution 3D freeform microscale fiber-optic in-

terferometric sensor, comprising of optical lensing elements, a confined gas cavity,

and a distal deformable membrane, all in a single sensing element. The constructed

extrinsic structures were reliably integrated to SM optical fiber to form interfero-

metric sensors with cavity dimensions precisely matching optical design. These

devices were interrogated using LCI and their performance evaluated in simulated

intravascular conditions. Pressure and temperature sensitivities in the clinical range

of interest for intravascular and neurosurgical MIS were observed.

In this context, it is envisaged that TPP will become increasingly applied in

precision microfabrication of miniature medical devices, particularly those used

in MIS. There is significant work ongoing on making TPL systems more acces-

sible technologies through innovation in photoresists and instrumentation to enable

mesoscale and industrial fabrication requirements (possibly using multibeam sys-

tems, or microlens arrays to aid parallel beam illumination, for instance). Although

not yet suited for large-scale construction of low-cost sensor elements at an indus-

trial scale in the immediate future, the TPP-based method described in Chapter 4

is an effective sensor prototyping tool to evaluate design-dependent sensor perfor-

mance. In further iterations, refinement of processing parameters, and evaluation

of mechanical behaviour of micro-fabricated structures needs to be performed spe-

cific to each application. Moreover, this technology could be optimised for sensing

ultrasound and combined with the fiber-optic ultrasound transmitters described in

Chapter 3 to form high fidelity intravascular imaging probes. The high degree of

control over the geometry and material properties in the sub-micron scale enabled

by this fabrication paradigm could pave the way for a new class of optical fiber

probes with a variety of application possibilities, including high fidelity lightguides

in OCT imaging or optogenetics, and localised physical parameter sensors or bio-

chemical probes for biomedical and industrial applications.
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Finally, the fabrication of hybrid optical phantom models for clinical IV-OCT

probes using a combination of TPP printed scaffolds and microinjection of tissue-

mimicking polymer composites was realised (detailed in Chapter 5). TPP printing

allowed for simulation of complex sub-resolution anatomic vascular geometries,

while composite microinjection using functionalised micropipettes allowed for a

high level of controlled optical heterogeneity. Phantom models of three distinct

geometries and material compositions were prepared, with optimisation details pro-

vided for forming mesoscale freeform structures with high aspect ratios (over 100).

In future embodiments, patient-specific geometries could be imported from high-

resolution clinical imaging modalities and used to generate freeform high-resolution

mesoscale designs for biomedical research.

The durability and mechanical ruggedness of the phantoms constructed by this

method also presents opportunities to form heterogeneous phantom structures for

educational purposes and clinical training. For instance, complex capillary net-

works for fluid flow phantoms, which are relevant to a wide range of imaging tech-

niques could be constructed. Moreover, physiological phantom models suitable for

florescence imaging can also be realised through the introduction of fluorophores or

fluorescence-labelled cells into precision fabricated mesoscale scaffold structures.

Therefore the combination of optically generated 3-D scaffolds and microinjection

of tissue-mimicking materials will enable complex imaging phantoms for a wide

range of microscopic and mesoscale optical imaging techniques (optical, IVUS,

MRI, photoacoustic, among others) by tailoring the scaffold design and contrast

materials incorporated. This approach for 3D mesoscale fabrication could also aid

construction of new design paradigms in the field of microfluidics, and organ-on-

chip systems.

Over the course of my doctoral research, a multidisciplinary approach has en-

abled development of a range of devices and fabrication paradigms suited to proto-

typing and design optimisation of miniature optical devices for MIS, with potential

for clinical translation in the near future. These technologies are expected to lead to

an all-in-one probe for imaging and physiology as well as phantoms to evaluate it.
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In addition to clinical diagnostics and intervention, this research presents significant

application potential in non-destructive material testing, multi-parameter industrial

sensing applications, optogenetics, microfluidics, organ-on-chip construction, and

soft robotics.



Appendix A

Biocompatibility considerations:

MWCNTs in MIS probes

In the electrospun ultrasound transmitters detailed in Chapter 3, the biocompatible

aspects were considered, whereby the outer surface of the final ultrasound trans-

mitter device (interacting with the intravascular environment) did not contain toxic

components. The transmitter constituents, i.e. the glass optical fibers, PVA and

PDMS silicone materials used in this work are widely used in medical devices due

to their inherent biocompatibility, although the MWCNTs used as the absorber com-

ponent are not inherently non-toxic.

In high concentrations, bare SWCNTs and MWCNTs have been found to

be toxic, particularly in pulmonary and intravascular test on animal models

[300]. Therefore attempts were made to localise MWCNTs within the electrospun

nanocomposite. The MWCNTs were confined within the PVA nanofibers deposited

at the endface of the optical fiber. Moreover, the adhesion of PVA nanofibrous mat

to the endface of the optical fibers followed by the high degree of silicone elastomer

infiltration into the PVA-MWCNT fibers as highlighted in Figures 3.8 and 3.9. Ir-

reversible adhesion of the functional extrinsic coating to the optical fiber endface

was obtained. These measures ensured isolation of MWCNTs away from the outer

surface of the ultrasound transmitter device, i.e. the regions interacting with the

intravascular environment).

Although biocompatibility and toxicity studies were outside the scope of this
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work, these studies need to be undertaken prior to clinical used of these devices. In

case any biocompatibility issues are observed, the functional elements of the device

can be isolated from interaction with blood or other biological tissue during its use

by conformally coating with parylene-C through physical vapour deposition (PVD).

While this could result in minor loss in signal amplitude, it could be mitigated by

increasing the laser pulse energy used for the optical ultrasound generation.



Appendix B

Fiber optic probes

B.1 Michelson interferometer
Interferometers are a class of instruments that produce optical interference, for use

in a variety of sensing, imaging or optical analysis purposes. They can be realised in

a variety of optical arrangements as detailed in [301], one of which is the Michelson

interferometer configuration that produces interference between two beams of light.

Figure B.1: Schematic illustration of a Michelson interferometer

A basic schematic of Michelson interferometer device is given shown in Figure

B.1. The type of light source such as broadband discharge lamp, LED, or narrow-

band laser depends on the intended application. Light beams from the source travel

to the beam-splitter where it divides into two parts travelling in distinct paths with

different path lengths. Subsequently, these beams are brought together to interfere
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with each other, while the interference pattern can be observed on the screen. In

the configuration depicted in the figure, light from source ’S’ is incident at 45° on

a beam-splitter BS at A. The split parts of the light ’x’ and ’y’ travels to and reflect

from the stationary mirror M1 and movable mirror M2 respectively. Both rays then

interfere at the screen with a path difference d defined as [301]:

2d = 2|AB−AC|, (B.1)

with an induced phase difference ∆φ0 of

∆φ0 = ~k.~r =
2π

λ
2d, (B.2)

where~k is the wavevector of the light and~r is the associated position vector. The

ray x undergoes two external reflections (at M1 and BS) whereas y undergoes only

one at M2, inducing an additional phase difference ∆φr =−π as follows:

∆φ = ∆φ0 +∆φr =
2π

λ
2d − π (B.3)

Constructive interference occurs when the total phase difference is a multiple

of 2π , i.e.

2d =
(

m+
1
2

)
λ (B.4)

where m = 0,1,2, ....

Therefore displacement of M2 by ∆d would cause successive constructive and

destructive inteference dependant on the path length difference. Completely bright

and dark fringes can only be observed at the screen if the incident light is highly

collimated using an ideal laser beam for instance. With practical sources, and par-

ticularly in low coherence interferometry where broadband sources or SLDs are

used, this above Michelson interfeormeter would result in appearance of concentric

rings or fringes with a gradient distribution of intensities with maxima and minima

bands.
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B.2 Terminology

B.2.1 Optical parameters

B.2.1.1 Finesse of optical cavities

Finesse is a measure of the quality of resonance in the interferometer. It can be

expressed as a ratio of the Free Spectral Range (FSR) to the signal FWHM :

F =
FSR

FWHM
(B.5)

Here, FSR of an FPI is the wavelength spacing of its transmission peaks and limits

the wavelength range in which it can be used. FSR can be defined as:

(∆λ )FSR =
(λ0)

2

2nl
(B.6)

This is derived by equating the phase difference between successive reflectance

minima in the FPI (2π in this case) to the derivative of the phase w.r.t wavelength

and rearranging to obtain it in terms of dλ . The terms λ0 and 2nl are respectively the

wavelength corresponding to the first reflectance minima, and the optical thickness.

Finesse of an optical cavity therefore decreases with increasing cavity thick-

ness (decreased FSR), and increases with cavity reflectance (decreased FWHM).

B.2.1.2 Q-factor of FPI cavities

The decay of energy in an optical cavity is expressed in terms of Q-factor. With

regards to an FPI, Q-factor determined by the ratio of energy loss per round trip to

the initial energy introduced into the cavity. It can be defined as

Q =
4πl
λ0κ

(B.7)

where l is the cavity spacing of the FPI, λ0 is the wavelength of resonance, i.e. the

wavelength corresponding to the first reflectance minima and κ is the fractional loss

of power per round trip.
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B.2.1.3 Numerical Aperture

The numerical aperture (N.A.) of a fiber is the sine of the largest angle an incident

ray can have for total internal reflectance on the core. Rays launched outside the

angle specified by the fiber’s NA will excite radiation modes of the fiber. A higher

core index, with respect to the cladding, means larger NA. The trade-offs involved in

increasing NA include higher scattering loss from greater concentrations of dopant.

A fiber’s NA can be determined by measuring the divergence angle of the light

cone it emits when all its modes are excited [301]. Qualitatively, NA is a measure

of the light gathering ability of a fiber. It also indicates how easy it is to couple light

into a fiber.

B.2.1.4 Coherence

Coherence is an important parameter of illumination sources. It refers to the ability

of beam to maintain its properties at different points in time and space, and can be

termed temporal coherence and spatial coherence respectively. Alternatively, it is a

measure of the ability of wave functions that describe the photons in a light source

to interfere with each other.

Figure B.2: Representation of optical sources composed of coherent light and short coher-
ence length light (Image source: modified from [266]).

In low coherence interferometry, it is important that the optical path difference

between the waves need to be shorter than the spatial coherence length of the source

Lc which can be expressed as [301]:

Lc =

√
2ln2

π

λ 2

∆λ
(B.8)

where λ is the central wavelength and ∆λ is the FWHM wavelength range of the
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light source [118]. It is assumed here that the transmission medium is air, and the

source has a Gaussian emission spectrum.

Lasers have high coherence length (over 9 km for some solid state lasers),

while the coherence length of sunlight is about 1.2 µm [301]. Light sources with

intermediate coherence length of a few centimetres are suitable for LCI, for instance

laser diodes or superluminescent diodes.

B.2.2 Material properties

B.2.2.1 Absorbance

Absorbance (A) is a dimensionless material property which is defined as the com-

mon logarithm of the ratio of incident to transmitted spectral radiant power through

a material. It is an important parameter in Beer-Lambert law which relates the atten-

uation of light to the properties of the material though which the light is travelling,

defined as follows [184]:

A = −log10
P
P0

= abc (B.9)

where, P = radiant power or intensity; a = absorptivity, or extinction coefficient of

the material; b = length of the beam in the absorbing medium; c = concentration of

the absorbing species;

While being valuable in colorimetric and spectroscopic material analysis, there

quantity of absorbance is an important consideration in the preparation of compos-

ites for optical ultrasound generation.

B.2.2.2 Shore hardness of a material

Shore hardness is a measure of the resistance a material has to indentation. It is

a scale set up to assess the hardness of a material by indentation on a durometer.

The test is done with a spring-weighted pin which measures the depth of penetra-

tion. The higher the number, the harder the material. Shore A scale is used for soft

flexible materials, shore D for more rigid, hard materials [302]. In material compar-

isons, a higher value of shore hardness-D indicates increased mechanical strength

and a higher Young’s modulus.
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B.3 Mesoscale two-photon lithography

In the context of manufacturing, the term mesoscale is used to denote the process of

creating components with dimensions in range between the molecular and macro-

scopic, i.e. approximately 0.1 mm to 5 mm with high accuracy and precision [303].

Direct laser writing (DLW) 3D maskless lithography based on TPP is an emerging

technology for fabrication of 3D microscale structures with submicron resolution

(mechanism and some applications detailed in section 2.3.2). With the ongoing

developments in TPP instrumentation, there is growing interest in extending its ap-

plication to mesoscale manufacturing.

In order to realise mesoscale 3D printing with TPP, certain process modifi-

cations need to be made in the conventional DLW approach. Modification to the

design segmentation, laser exposure protocol, choice of photoresist and the devel-

opment process are required. In the microscale TPL paradigm, high resolution 3D

structures are formed through a collection of single voxel exposures. Practically,

this is realised layer-by-layer either through scanning the laser beam across each

layer, or in-plane sample translation relative to a stationary laser beam (or a com-

bination thereof), in conjuction with axial sample movement. To form mesoscale

structures, low inertia galvo-scanners are preferred as they can have high scanning

velocities at accuracy of around 150 nm. This also comes with a a slightly higher

possibility of vignetting and distortion at the edges of the galvo writing field, com-

pared to using piezo-scanner. Selection of microscope objective for beam focussing

onto the photoresist is determined by both the voxel resolution requirement and di-

mensional extent of the required structure. Objectives with lower power and NA are

suitable for larger structures (25x, 0.8 NA objective for structures beyond 250 µm

square), which are then segmented into microscale blocks of dimensions dependent

on the objective lens used, and are fabricated in a pre-defined sequence and ’stitched

together’ to form the final mesoscale structure.
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B.4 Substrate detachment of TPP microstructures

The microscale TPP printed objects detailed in Chapter 4 and 5 needed to be sep-

arated from the print substrates for fiber integration and/or optical measurement.

Details on the methods investigated for substrate detachment are given below:

B.4.1 Mechanical detachment

Shear forces can aid detachment of the microstructures, but care needs to be taken

to avoid damage of fragile elements in it. The base of the extrinsic sensing element

and the lateral holding element of the designs are adhered to the substrate following

development. To aid manual mechanical detachment using extra-fine tweezers, the

base area of contact with the substrate was decreased. Cylindrical posts of 15 µm

height and base diameter of 10 µm are included along the base outer periphery of

the extrinsic sensor element in the designs.

This method yielded positive results in 5 out of the 8 samples tested. Three

of these structures were had breakages visible along the sensing element and were

unsuitable for fiber integration. In one out of the five samples detached successfully,

the section between the lateral holding element and sensing structure was damaged,

increasing the micromanipulation complexity of the fiber integration process.

B.4.2 Sacrificial polymer layer

Use of sacrificial polymer was explored as the next paradigm for controlled de-

tachment of the microfabricated structures. MIS-308 positive photoresist was spin

coated at 3000 rpm and heated for 120 s on a hotplate to form a uniform layer

of ~100 nm thickness. This layer was found to provide adequate refractive index

contrast for the autofocus operation in the TPP system.

B.4.3 Swelling-off through solvent absorption

An observation during the optimisation of the development process was the unex-

pected/uncontrolled detachment of the TPP microstructures during the development

process, as a consequence of swelling off of the structures due to solvent absorption.

This was most prominent when using tri-methyl ammonium hydorxide (TMAH) -
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within 15 minutes of immersion, but was also observed to a limited degree with ace-

tone, and occasionally with PGMEA. This development can be attributed to a com-

bination solvent-induced swelling and improper adhesion of the microstructures to

the ITO-substrate (possibly due to presence of stray dust particles).

B.4.4 ITO as sacrificial layer

Instead of using generic soda glass slide as the substrate, fabrication of the mi-

crostructures was performed on ITO coated slides to enable interface finding using

the autofocus function in the TPP system as described above.

The 40 nm ITO coating was used as a sacrificial layer for repeatable and con-

trolled detachment of the microstructures. Concentrated HCl readily dissolved away

the ITO coating, while its effect on the TPP microfabricated structures was negli-

gible when exposed only for a <30 minutes. In this work, the sample slide was

immersed in conc. HCL (37 % in water) for 20 minutes. Thereafter, the detached

microstructures were transferred into DI water using for 5 minutes and then IPA for

5 minutes. These detached structures were transferred onto a petridish lined with

optical wipes (to avoid structures sticking to its base) and left to dry for at least 30

minutes. This protocol was found to be repeatable and reliable, and was therefore

finalised for use in the detachment of all the TPP-printed extrinsic structures.
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B.4.5 Design iterations

An overview of the major design features explored in the process of constructing

the sensor iterations S1, S2 and S3 detailed in Chapter 4 are summarised below.

Table B.1: Summary of some major design features explored to optimise TPP of fiber-optic
interferometric probes

Representative images Notes

1.

-Single distal membrane

- Cuboidal block segmentation for TPP

- Shell mode printing

- LHE connected to SE along 60°arc

of its outer surface with thickness of 100 µm

2.

- Single distal membrane

- LHE on two sides (different geometries to

test ease of substrate detachment and

handling)

- Shell mode printing

3.

- Simple LHE element with 30 micron

thickness

- 10 micron posts at the base (distal end) of

the SE for ease of detachment

4.

- Modified LHE with intermediate thin

section for ease of detachment following

fiber integration

- TPP in solid mode

5.

- Modified LHE with 40 µm long thin post

and LHE of 40 µm

- Shell mode

(*This scheme was used for S1)
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6.

- Modified LHE 40 µm thick with D-shaped

section which was found to aid ease of

manipulation with tweezers

- Solid mode

- Double membrane design (* used for S2)

7.

- Various geometries of ’washout holes’

were explored for solvent removal of

confined cavity space

- Varying dimensions and arrangements of

cylindrical and conical holes explored

- Circular arrangement of 8 cylindrical holes

along the outer periphery were used for S3

8.

- Washout holes modified to tapering

structures with donut-shaped cross-section

and chamfered edges in 3D to aid uncured

photoresist removal

- LHE connected to the base of SE

9.

- The LHE connected to the top (proximal

end) of the SE to aid clean LHE detachment

from the SE following fiber integration (with

reduced propensity of membrane damage)

10.

- Metallising the outer surface of the SE

(seen here sputtered with ~160 nm thick

Au-PD coating)

11.

- Design for self-guided fiber integration

without prior substrate detachment

- SE orientated on its side

- Triangular slot on a 2 mm support structure

for guiding fiber for integration into the SE



Appendix C

IV-OCT phantom

C.1 Test structures

Figure C.1: Test structure for evaluating TPP development process and aspect ratio con-
sideration (a) CAD model of test structure. (b) Top view of the fabricated test
structure using default TPP development process. Structural damage in the
wireframe structures are visible.
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Figure C.2: Test structure evaluating TPP mesoscale freeform printing (a) CAD view of
lipid phantom structure with microscale features around the central lumen, i.
top view and ii. angled view. (b) Microscope images of the fabricated structure
focussed at, i. top and ii. bottom surface of the printed structure (scale bar 500
µm).
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C.2 Microinjection printing
Microinjection printing is a term used for 3D printing approaches that move an ink-

depositing nozzle to create objects with controlled architectures and compositions. The

representative methods include filament-based approaches, such as fused deposition and

droplet-based approaches, such as ink-jet printing [304–306]. The base materials or inks

are extruded under a pneumatic pressure and subsequently solidify either through liquid

evaporation, gelation, or temperature- or solvent-induced phase change [277, 307–310].

The resolution of microinjection printing is dependent on the diameter of printing

nozzles and properties of the printing material (viscosity, surface tension, curing time).

Print resolution of down to 1 µm have been achieved [311]. The main advantage of this

method is the diversity of printable materials, such as polymers, waxes, hydrogels, cell

spheroids, ceramics and metals. Microinjection can also be used in combination with other

microscale printing techniques. Furthermore, it is a relatively gentle technique and is there-

fore a preferred choice for cell printing for tissue-engineering applications [305]. Complex

3D architectures from a broad array of materials at low cost are achievable, but due to slow

movement of the nozzle, its print speed is significantly lower than light-based microprinting

approaches. A review of 3D printed microscale designs via microinjection printing is given

in [312].

A modified embodiment of the microinjection printing approach was used in this work,

and is further described in section 5.4.
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