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A B S T R A C T

In times of economic constraint, an ageing population and antimicrobial

resistance, medical challenges must be met by exploring new pathways to

improve diagnostics, prevention and specialised treatments. Lung diseases

include a wide range of conditions and exhibit high morbidity and mortality

rates, especially for actively ventilated patients in intensive care units.

The aim of this PhD is to develop systems for endoscopic sensing in size

restricted regions such as the alveolar space in the distal lung. The systems are

based on miniaturised and disposable single optical fibres and a custom CMOS

SPAD line sensor capable of time-resolved single photon detection. Standard

optical fibres are suitable for single-use medical devices and allow access

to remote locations in the lung. Applying advanced time-resolving detector

technology has the potential to overcome common limitations of intensity-based

spectroscopy. Two common sensing technologies – Raman and fluorescence

spectroscopy – are investigated. Fluorescence spectroscopy is a powerful tool

for tissue diagnostics providing insight into the molecular composition and

local environment through changes in the fluorescence intensity, spectral

properties, and lifetime. Raman spectroscopy reveals the chemical ‘fingerprint’

of molecules under investigation, but is impeded by an inherently weak signal.

The visibility of the Raman signal can be significantly enhanced by utilising

the different time profiles of unwanted background signals and the Raman

signal. The systems are exemplified for differentiating normal and abnormal

tissue, detecting pathogens and measuring key physiological parameters such

as pH, facilitated by fluorescent markers and Raman reporters. Time-resolved

fluorescence lifetime spectroscopy successfully demonstrates its potential for

pH-sensing, distinguishing between normal and tumorous tissue, and detecting

fluorescent labelled bacteria, all through a miniaturised optical fibre. Time-gated

Raman spectroscopy enables pH-sensing with Raman reporters, functionalised

gold nanoshells deposited on the fibre tip, with an improved pH sensitivity of

0.06 pH units.
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1 I N T R O D U C T I O N

1.1 aim of this thesis

Lung diseases include a wide range of conditions such as asthma, infections,

chronic obstructive pulmonary disease (COPD), acute respiratory distress

syndrome (ARDS), tuberculosis, and lung cancer. A major contributing factor

to the high morbidity and mortality rates of many respiratory conditions are

non-specific initial symptoms such as a cough, fever, shortness of breath, and

chest pain. In the UK, respiratory conditions were responsible for an annual

number of hospital admissions of 700,000 and for 1 in 5 deaths in 2011 [1]; similar

numbers prevail in other EU countries [2, 3]. The combined annual economic

burden of lung disease was estimated to be over £11 billion for the UK in 2012,

which makes it the 4th most costly disease area [4].

Patients in the intensive care unit (ICU) who are mechanically ventilated

are some of the most vulnerable to respiratory complications and infections.

ICUs, since their establishment in the 1950s, have become a crucial element of

hospital care for critically ill patients and have faced expansion in responsibilities

and needs in a time of ageing population, rising numbers of natural disasters

and conflicts [5]. Each year, 20 million patients in ICUs are actively ventilated

and up to one-third of them are predicted to contract serious lung infections

such as ventilator-associated pneumonia (VAP) [5]. A third factor, antimicrobial

resistance (AMR) [6, 7] also has to be taken into account as it is one of the great

threats of this century1. It occurs when microorganisms such as bacteria, fungi,

parasites and viruses no longer respond to the drugs designed to treat and

prevent the infections they cause. Although intrinsic mechanisms of resistance

exist [8], there is an increasing number of microorganisms which develop

1 AMR is a broader term including parasites, viruses, and fungi while antibiotic resistance is

specific to bacteria and antibiotics.
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1.1 aim of this thesis

resistance due to unnecessary overuse and misuse of drugs in medicine and

agriculture. It is understood that the increased global burden of critically ill

patients in times of economical constraint and in the dawn of AMR have to be

met by exploring new pathways in fundamental and interdisciplinary research

for improving diagnostics, disease prevention and specialised treatment, and

developing new clinical devices.

The traditional medical imaging techniques such as radiography, X-Ray,

computed tomography (CT), magnetic resonance imaging (MRI) and positron

emission tomography (PET), have long been around as important tools to

observe and diagnose diseases, and follow their development in patients with

respiratory illnesses. From 1900 onwards, only five years after their discovery

by Wilhelm Röntgen [9], X-rays became invaluable for imaging cancer [10] and

detecting tuberculosis [11] in the lung. CT has been around since the 1970s and

low-dose spiral CT has been able to detect pulmonary nodules at an earlier stage

than chest X-ray [10]. While X-ray, CT and MRI scans only provide structural

information, PET scans are able to visualise disease processes. It is able to assess

the biochemical and physiological properties of metabolic processes within the

body with the aid of radioactive tracers.

These well-established imaging techniques have a number of known

disadvantages: the machinery is costly and cumbersome, there is a concern

about radiation exposure, especially in the case of repeated use, and they

provide poor resolution when imaging at a cellular or molecular level. Optical

imaging, using light from the visible and infrared part of the electromagnetic

spectrum, shows great potential to overcome these limitations and is currently

making a transfer from laboratories to clinics aided by recent developments

in lasers, optical fibres and molecular biology. It aims to provide low cost

and minimally invasive devices for rapid and frequent measurements with

high resolution at both the micro- and macroscopic level in vivo. Most of

the applications are amenable for multimodality fibre-based imaging, such as

combining fluorescence imaging with Raman imaging [12], optical coherence

tomography (OCT) [13], or ultrasound [14].

Optical molecular imaging (OMI) combines optical endomicroscopy (OEM)

with the delivery of optical molecular reporters to areas of interest in the

organ. Changes in the absorption and scattering of light when interacting

2



1.1 aim of this thesis

with matter allow for differentiation between malignant and benign tissue and

between tissue and microorganisms labelled with contrast agents, so called

optical molecular reporters. These probes consist of a recognition moiety specific

to a microorganism and a dye or fluorophore [15–18]. The standard for in

vivo clinical microendoscopy and optical biopsy is a fluorescence confocal

imaging system [19] which images the lung through an optical fibre bundle

by taking advantage of the strong autofluorescence from structural molecules of

connective tissue, elastin and collagen, in the green spectral range when excited

with blue light [20]. While clinicians are able to get a visual perception from the

environment for guidance based on spatial and intensity information, most of

the fluorophores approved for clinical molecular imaging light up in the green as

well, and are difficult to be quantised in contrast to the green autofluorescence.

Green-on-green imaging problems and other disadvantages in image-guided

diagnosis which is based purely on the fluorescence intensity can be overcome

by using additional spectral and kinetic information in the analysis to enhance

the accuracy and precision for detecting and diagnosing respiratory illnesses.

One crucial element in OEM is optical fibres which enable light delivery and

collection to and from remote, otherwise inaccessible parts of the human body.

The advantages of optical fibres in the clinical environment are that they are

unaffected by external fields, easy to sterilise, non-toxic and are made out of

inexpensive material suitable for single use devices. In the field of medical

imaging, early applications used a train of lenses for image transmission in

gastroenterology. These rigid endoscopes expose the patient to the risk of injuries

and are not able to access narrow, curvaceous organs. The first flexible coherent

fibre bundles for imaging were developed in the 1950s [21]. Coherent fibre

bundles consist of thousands of cores, of the order of a few µm in diameter,

closely packaged together. Each of the cores acts as a pixel and collectively they

relay an image from the distal-end to the proximal end in real time. Another

application is optical fibre sensors which can be categorised into intrinsic and

extrinsic sensors. While intrinsic sensors use the fibre itself as a sensing element,

extrinsic sensors need an additional sensing element such as fluorophores or

molecular reporters. Medical optical fibre sensors study their local environment

by collecting information, mainly spectral, from a single point without spatial

information and are able to resolve down to the intracellular level. They have

3



1.1 aim of this thesis

found a wide range of applications in white-light spectroscopy, fluorescence

spectroscopy, Raman spectroscopy and OCT. Recent developments in fibre

optic design focus on increasing the collection efficiency and suppressing the

background through improved geometrical layout [22, 23], fibre-tip design [24],

and photonic bandgap fibres [25–27]. These improvements often lead to costly,

complex, cumbersome and less flexible fibre sensors which are less suitable for

single use medical devices and for accessing the narrowest bronchioles and

tiny air sacs in the distal lung. Therefore the focus of this work lies in using

standard optical fibres and overcoming their limitations through time-resolved

spectroscopy and advanced detector technology.

The main aim of this thesis is to investigate how time can be used as

an additional dimension to intensity and spectral changes to enhance the

sensitivity and specificity of fibre optic sensors and optical molecular reporters.

Time-resolved spectroscopy allows one to study the relaxation of molecules after

excitation or to utilise the temporal development of signals to separate unwanted

background from signals of interest in fluorescence and Raman spectroscopy.

To extend the range of optical properties of the incident light on the detector

by time, without sacrificing the simultaneous measurement of a broad spectral

range and the overall measurement duration, a solution was found in detector

technology most commonly used for applications in quantum information.

Single-photon detection allows the arrival times of photons to be determined

as a correlation between two events, for example the firing of a light pulse and

the arrival of scattered photons at the detector [28]. Single-photon detectors

are often based on photomultiplier tubes (PMT) or semiconductor devices

including charge-coupled devices (CCD) and avalanche photodiodes (APD), and

a wide range of time-correlated single-photon counting (TCSPC) techniques

have been explored [29, 30]. Recent applications of single photon detectors in

optical imaging have been primarily based on fast-scanning fluorescence lifetime

imaging microscopy (FLIM) [31, 32], however, the research presented here focuses

solely on time-resolved spectroscopy. The spectrometer system developed for

fibre-based sensing in hard to reach regions of the body, such as the alveolar

space of the lung, is based on a complementary metal-oxide-semiconductor

(CMOS) single-photon avalanche diode (SPAD) line sensor [33, 34]. These line

sensors are able to work in a TCSPC modality, a counting technique which

4



1.1 aim of this thesis

captures the first photons that arrive at the sensor from a periodical pulse train

at a rate of several thousand pulses per second and reconstructs the original

temporal information by histogramming their arrival times at the sensor. The

main advantages of these sensors are their high temporal resolution, not relying

solely on the amplitude of signals which is susceptible to variations in the

laser pulses and fluorophore concentration, and their parallelised photon-sorting

capabilities enabling us to record both the spectral and time-related information

by mapping the spatial position and arrival times of single photons over 256

pixels simultaneously. Reading out all 256 pixels at the same time means no

complex scanning is needed for gathering information over a large spectral range

and allows for rapid acquisition times. The detector features a sensor-on-a-chip

design with all electronics integrated on a printed circuit board (PCB) the size of

a postcard, allowing for a small, compact system.

The additional knowledge of medically relevant physiological parameters

such as pH, oxygen and glucose levels, accessible through optical fibre sensors

and spectroscopy methods, enables the clinicians to give a more accurate

diagnosis and optimised treatment. To give an example, pH is tightly regulated

within cells and their environments, therefore, changes in pH may indicate

disease processes. Additionally, some cationic antimicrobial peptides have

shown reduced efficiency in acidic environments where the growth of bacteria is

enhanced [35]. Two primary types of fibre-based spectroscopy are available for

examining molecules and their response to changes in the local environment:

fluorescence and Raman spectroscopy. Fluorescence-based sensing provides

insight into the environment of a fluorophore by quantifying the changes in

the fluorescence emission wavelength, intensity and lifetime, amongst other

parameters. The fluorescence intensity is highly dependent on the concentration

of the fluorophores and can be masked by additional fluorescence from the

tissue and the optical fibre. Fluorescence lifetime is an inherent parameter of

the fluorophores which is not affected by these distortions and can therefore

be used to increase the sensing accuracy. Raman spectroscopy can reveal the

chemical ‘fingerprint’ of the molecule and offers label-free sensing, but suffers

from an inherently weak signal. Fluorescence is emitted after a relaxation process

and lasts generally for several nanoseconds, while Raman scattering is an

almost instantaneous process. By distinguishing the different time profiles of
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the unwanted signals from the optical fibre and the environmental fluorescence,

the visibility of the Raman signal can be significantly enhanced while the noise

is reduced.

The work presented in this thesis explores two data analysis methods

for time-resolved measurement and their application to biological models:

fluorescence lifetime sensing and post-processing time-gating for Raman

spectroscopy. The first hypothesis is that the combination of the temporal and

spectral information can improve the selectivity and sensitivity of detecting

bacteria in the distal lung with the aid of optical molecular probes. The second

hypothesis is that time-resolved spectroscopy can enhance the ability to measure

local conditions and assess key physiological parameters. The system was

developed for sensing pH using fluorescence and Raman spectroscopy, but can

easily be adapted to other physiological parameters. The methodology presented

here shows the potential to shift the focus from costly and complicated medical

probe design, specially developed for in vivo optical imaging and sensing,

towards disposable conventional multimode optical fibres for point sensing.

The research is part of the “Proteus” project, an EPSRC funded

Interdisciplinary Research Collaboration across three universities with expertise

in fibre optics, optical system design, signal processing, microbiology, chemistry

and medicine. The project seeks to develop a minimally invasive method for

identifying lung infections and inflammation for patients in critical care in

situ by combining novel molecular probes for imaging and sensing through

bespoke optical fibres in the distal lung with advanced detector technologies

for time-resolved analysis. A schematic of the envisioned device can be seen in

Fig. 1.1. The work presented here explores fundamental and interdisciplinary

research in proof-of-concept biophotonic and biomedical applications.

1.2 thesis outline

In Chapter 2, an introduction and overview of biophotonics in the field of

medical sensing will be given as well as a description of light-tissue interactions

and optical molecular probes with the focus of how to utilise them for
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Figure 1.1: Schematic of fibre-based disease detection platform for imaging and sensing

within the alveoli space of the lung. The fibre probe is 1.4 mm in diameter and

made of biocompatible tubing. It consists of three fibres: i) An imagine fibre

bundle for multi-colour fluorescence imaging consists of 8100 single cores,

each one acts as a pixel. ii) A capillary fibre allows for delivering of optical

molecular probes or performing of a microlavage. iii) A multicore fibre which

consists of 24 single cores each one will be enabled with a nanosensor at

the end for multiplexed sensing of physiological parameter such as pH and

oxygen.

time-resolved spectroscopy. Further, fluorescence and Raman spectroscopy are

described followed by an introduction to single photon detectors and TCSPC.

In Chapter 3, the time-resolved spectrometer and the CMOS SPAD line sensor

will be discussed and characterised. The focus is on the important parameters

for time-resolved spectroscopy: the dark count rate (DCR) and photon detection

efficiency (PDE) of the line sensor as well as the temporal resolution, also known

as the Instrument Response Function (IRF), and the spectral resolution of the

spectrometer. The chapter also introduces the optical fibre and optical molecular

probes used in the thesis, and describes the preparation of the sensors and tissue

samples.
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In Chapter 4, two proof-of-concept applications of fluorescence lifetime

spectroscopy are presented. Changes in the fluorescence lifetime are used

to observe variation in tissue through label free investigation of cancerous

and non-cancerous tissue. Optical molecular probes are used to label bacteria

in the lung by ‘activating’ environmentally sensitive fluorophores in their

presence. Intensity-based sensing and imaging only detects an enhancement in

fluorescence intensity which is dependent on the amount of present bacteria.

Fluorescence lifetime can be used to detect the longer wavelengths emission

from the fluorophores in contrast to the autofluorescence from tissue present at

shorter wavelengths. Changes in the fluorescence lifetime of the fluorophores

can also indicate changes in the morphology of the membrane of the bacteria.

Towards a new generation of robust fibre-based pH sensors, silica microspheres

loaded with fluorophores and deposited on the tip of a fibre were investigated.

The dense loading introduces a self-quenching effect to the fluorophores and

changes their pH behaviour. Fluorescein and its derivatives have long been

known for their pH sensitivity [36, 37] which can be further enhanced through

chemical synthesis.

In Chapter 5, the application of post-processing time-gating to time-resolved

Raman measurements is presented. Time-gating utilises the different

time-profiles of the signal which in combination with surface-enhanced Raman

spectroscopy (SERS) from molecular reporters can be used to enhance the

visibility of the inherently weak Raman signal. These functionalised gold

nanoshells are explored as pH nanosensors and with the improved signal

to noise ratio their pH sensitivity is increased. The time-gating analysis is

investigated and applied to various scenarios.

In Chapter 6, the conclusions and future outlook will be presented.

1.3 contributions

The introduction in Chapter 1, the literature review in Chapter 2 and the

conclusion in Chapter 6 are researched and written by K. Ehrlich with comments

and advice from Dr Tanner and Prof. Thomson.

8



1.3 contributions

Chapter 3 describes the methods and materials, within this chapter any

contribution from colleagues are clearly stated. The CMOS SPAD line sensors

are developed by the Prof. Henderson’s group from the School of Engineering,

University of Edinburgh. The software, the time-to-digital converter (TDC) and

IRF measurements for this specific line sensor has been provided by the PhD

student A. Kufcsák under the guidance of Dr N. Krstajić. The optical molecular

probes, neutrophil activation probe (NAP) and BacTwo, the fluorescent loaded

microspheres and the functionalised gold nanoshells are manufactured by the

Prof. Bradley’s group from the School of Chemistry, University of Edinburgh.

The experiments and data analyses in Chapter 4 and Chapter 5 have been

performed by K. Ehrlich with help, advice and guidance from Dr M. G. Tanner

and Prof. R. R. Thomson.

Section 4.6 has been published in the conference proceeding “Fibre optic

time-resolved spectroscopy using CMOS-SPAD arrays” by Ehrlich et al. [38].

Chapter 5, with the exception of the Sections 5.4 and 5.5, has been published

in the paper “pH sensing through a single optical fibre using SERS and CMOS

SPAD line arrays” by Ehrlich et al. [39]. Section 5.5 has been published in the

conference proceedings “Time-resolved single photon spectroscopy through a

single optical fibre for miniaturised medical probe design” by Ehrlich et al. [40].

Initial results of Section 4.4 have been presented at Photon18, University of

Leeds, UK.
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2 T R A N S L AT I O N A L B I O P H O T O N I C S

2.1 biophotonics

Biophotonics utilises light-based technologies and applies them to life sciences

and medicine to study biological tissue and cells through the interaction

between light and matter. The study of cell structure, metabolic processes and

microorganisms with high resolution, high sensitivity and rapid responses aims

for early recognition of diseases allowing prevention, early intervention and

targeted treatment [41]. As such, biophotonics is a field of high societal impact

and of growing economical interest. It is also an extremely multidisciplinary

research field and utilises knowledge from a wide range of disciplines such

as physics, biology, chemistry, informatics, engineering and medicine. Recent

developments of photonic methods in the clinical environment include point of

care devices, theranostics and medical imaging and spectroscopy. This work will

be focusing purely on the latter.

2.1.1 Optical imaging and spectroscopy

Optical imaging and spectroscopy can be used at different stages during

the clinical workflow: screening and diagnosis, treatment and monitoring of

treatment. While the advantages are minimally invasive procedure, low cost,

and compact devices for rapid and frequent measurements, the drawbacks are a

short penetration depth as well as complex and weak optical signals which

are often difficult to interpret. Choosing the right imaging or spectroscopy

techniques for the individual application is important and factors for

consideration are spatial and spectral resolution, penetration depth, sensitivity,

selectivity, and sampling speed. Most of the techniques offer the potential for
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2.1 biophotonics

multiplexing with other modalities to enhance sensitivity and selectivity or add

functionality.

Spectroscopy commonly interrogates the sample at a single point. While

ex vivo microscopy systems use free-space optical beams, in vivo endoscopy

applications require optical fibers for remote measurements inside the body.

Imaging maps the samples through widefield illumination or through scanning

of the beam or the optical fibres across the region of interest. Scanning

systems often sacrifice spectral resolution to decrease the acquisition time

and decrease the data volume through spectral binning. In this work we will

focus on biomedical spectroscopy and explore the advantages of time-resolved

spectroscopy for fibre-based sensing in fluorescence and Raman applications.

2.1.2 In vivo fluorescence spectroscopy

Fluorescence spectroscopy has proven a useful tool for tissue diagnosis and

allows the interrogation of the molecular composition and the local environment

of the tissue sample. In particular, the deployment of fibres has led to the

development of minimally invasive and remote fluorescence-based systems in

the intensity-based and time-resolved domain. The majority of applications

are based on intensity-based systems which record the intensity and spectral

information, and are often simple, inexpensive instruments. In 2012, Marcu

published a comprehensive summary of in vivo studies of autofluorescence over

the period of twelve years, see [42] and references herein. From 14 studies

within the lung, bronchi or larynx region, 13 are based on intensity-based

fluorescence imaging, often in combination with white light endoscopy, and

only one study applied TRFS based on a streak camera. This shows that

intensity-based autofluorescence imaging is the furthest developed technique for

diagnostics of respiratory diseases with several types of commercially available

fibrescopes including the Onco-LIFE (Novadq, Richmond, BC Canada), D-Light

(Karl Storz, Tuttlingen, Germany), DAFE (Wolf, Knittlingen, Germany) and

SAFE-3000 (Pentax-Hoya, Tokyo, Japan), and AFI (Olympus Corp, Tokio, Japan).

However, these bronchoscopic navigation techniques are not able to penetrate

down into the peripheral lung and alveoli region and do not provide
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sufficient information to distinguish between malignant and benign tissue.

These regions of interest are only accessible with more compact and flexible

fibre endoscopes which in combination with OEM, including fibered confocal

fluorescence microscopy (FCFM), allow imaging at cellular resolution. Currently,

five commercial endomicroscopic imaging platforms are available for clinical

use (NinePoint, Olympus, Pentax, Mauna Kea, and Zeiss); a short description of

each of them can be found in [43]. To achieve the necessary microscopic image

resolution, microendoscopy systems based on confocal scanning are superior

to widefield systems and allow real-time, microstructural, and histology-like

images of lobular and alveolar lung structures in humans, with the potential

of superseding biopsies and lavages in the future.

There are two types of confocal laser endomicroscopy (CLE) systems: an

endoscope-integrated system (eCLE), where the confocal scanning unit is

integrated in the tip of the endoscope, and a probe-based system (pCLE)

with a stand-alone proximal scanning unit. The current clinical approved and

routinely used pCLE system for microendoscopy in the distal lung is a FCFM

system (Cellvizio®, Mauna Kea Technologies, France). These FCFM systems

allow the high resolution autofluorescence 2D imaging of mesh-like structure

from connective tissues, composed mainly of elastin and cells. Examples of

image frames with and without cells can be seen in Fig. 2.1. They can provide

information in near real-time and allow for repeatable procedures for monitoring

disease processes and treatments. An imaging fibre bundle which is inserted

through the working channel of a bronchoscope, down the endobronchial tree,

into the alveoli space allows for optical imaging of autofluorescence from

pathogens and fluorescent labelled bacteria [44]. The Cellvizio® system uses a

488nm laser source which is suitable for exciting the endogenous fluorophores,

and a scanning confocal system based on an oscillating mirror for horizontal line

scanning and a galvanometric mirror for frame scanning, see Fig. 2.2. Real-time

imaging is achieved with a frame rate of 12Hz. The re-usable miniprobe has

an outer diameter of 1.4mm and consists of a coherent fibre bundle with a

field of view of 600µm. It achieves a resolution of 3.5µm and an axial depth

of 50µm. A sophisticated image processing algorithm reduces the artefacts

introduced through fibre bundle imaging [19]. The described probe-based FCFM

system has been widely used in in vivo clinical studies. Thiberville et al. [20]
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Figure 2.1: Examples of FCFM image taken with the Cellvizio® system during

bronchoscopy from the frames with or without cells: (a) elastin structure , (b)

blood vessel, and (c, d) elastin structure with additional granular structure

that appears to be cells. In general, cells appear as round objects. (Taken

from [44].)

showed that FCFM is a safe and suitable tool allowing the imaging in the

alveolar space through autofluorescence of elastin of the connective tissue

on 41 patients, including 17 smokers. In a later study, it was found that

the stiffness of the 1.4mm confocal miniprobe causes difficulty to access the

upper lobes for examination of solitary pulmonary nodules, mainly due to the

achievable minimal bend radius. However, these regions could be reached using

a miniprobe with a diameter of 0.6mm (Mauna Kea) [45]. While testing and

approval through clinical studies is a very important aspect, these fibre-bundle
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Figure 2.2: Schematic of the Cellvizio® system. The system uses a 488nm laser source,

and achieves a frame rate of 12Hz with a scanning confocal system based on

an oscillating mirror for horizontal line scanning and a galvanometric mirror

for frame scanning. (Taken from [19].)

imaging systems have also given rise to the development of novel and effective

image pre- and post-processing algorithms. The addressed applications include

reducing artefacts of the fibre-bundle arising from the core spacing and higher

order modes, enhancement algorithms and pattern recognition schemes for

pathology detection, quantification and classification [43]. The artefacts that

arose from the fibre bundles include misidentification of elastin structure as

bacteria dots or cells due to spatial aliasing between the core sizes and the

size and shape of the imaged structure, and cells that appear as “blinking”

circular-shaped objects while moving between cores during continuous imaging

(in fact they appear in the shape of the modes) [44]. These algorithms can only

become robust when large and diverse control sets are provided to account for

patient variability and variations in the expression of diseases. As an example,

Seth et al. [46] attempted to predict the malignancy of solitary pulmonary

nodules from label-free FCFM through image processing and machine learning

algorithms. Three different methods for feature extraction and classification

were evaluated, but they concluded that label-free FCFM alone does not yield

improvement over clinical and CT radiological diagnostics. In a later paper,
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they estimated the bacterial load in the case that FCFM is combined with an

optical molecular probe that emits strong fluorescence in the presence of the

targeted bacteria [44]. Based on a training data set where bacteria and cells were

dot-annotated in selected image frames provided by a clinician, a supervised

learning-to-count algorithm was developed to first detect the bacteria before

counting them. This sequence will allow software guided diagnostic because the

location of appearance can be visualised during bronchoscopy. They showed that

spatio-temporal features along with multi-resolution analysis provided better

contextual information about the bacterial dot and cellular structure.

Up-to-now there are no clinical approved FLIM or TRFS systems, although

there have been several in vivo human studies, which have been focusing on

brain, skin, oral, and breast cancer applications [42]. Recently, a FLIM system

was applied in a 15-patient study to assess the potential of using FLIM for

interoperative margin assessments of lung cancer [47]. They expected shorter

lifetimes for lung cancer in comparison to healthy tissue due to reduced lifetimes

of the metabolic cofactors nicotinamide adenine dinucleotide (NADH) and flavin

adenine dinucleotide (FAD) and reported an average lifetime of 1.46± 0.21 ns for

cancerous lung tissue and 2.01± 0.09 ns for healthy lung tissue. As a conclusion,

they suggested a threshold at 1.92ns to differentiate between human lung cancer

and normal tissues. The results were compared against standard histopathology

and FLIM showed a sensitivity of 92.9 % and a specificity of 92.3 % for lung cancer

diagnosis. Histopathology is the clinical gold standard technique for diagnosis,

but it can be affected by poor sampling and sampling techniques.

2.1.3 Fluorescence lifetime spectroscopy

While the sensitivity achieved in the above mentioned studies using

intensity-based fluorescence imaging is relatively high, the specificity is often

not, due to inhomogeneity of tissue samples regarding the presence and

distributions of fluorophores, movements of tissue, non-uniform illumination,

and photobleaching [42]. There are several approaches to overcome these

drawbacks including ratiometric analysis [48, 49], algorithms for linear spectral

unmixing to decompose the overlapping spectrum into the spectra of its
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components [50], and additional diffuse reflectance spectroscopy to correct for

absorption effects. Another approach adds the dynamics of the fluorescence

decay, the fluorescence lifetime, to the analysis. The fluorescence lifetime has

several advantages over analyses concerning only the intensity and spectral

shape: (i) It is independent of the intensity, and hence not generally dependent

on the concentration of fluorophores or affected by photobleaching. (ii) It

allows the interrogation of physiochemical changes in the local environment

through quenching effects. (iii) It resolves fluorescence lifetimes from different

fluorophores with otherwise overlapped spectra [42]. (iv) Fibre-based TRFS

or FLIM systems also offer the possibility to reduce the fibre background

through time-gated detection. The challenges TRFS or FLIM systems face range

from complex and expensive instrumentation, lengthy data acquisition times,

complex data processing, difficulty to interprete and validate the parameters, to

meaningful representation of the data to clinicians [42].

The most commonly used technique next to pulse sampling and gated

detection is TCSPC. Traditionally, TCSPC is a relatively slow technique, especially

in low photon budget scenarios, however, recent advances in employing CMOS

arrays drives the development of low-cost and compact TCSPC systems. Several

commercial systems are available (Becker & Hickl GmbH, PicoQuant GmbH,

and Horiba Ltd.) for TCSPC FLIM which are comprised of separate instruments for

timing electronics and single photon detectors. In these systems, pulse sampling

is enabled through multi-channel PMTs or intensified CCDs. Recently, there are

custom compact FLIM systems based on CMOS SPADs detector arrays which

combine the timing electronics and sensor on a board the size of a post card

and allow efficient parallelised photon detections [32, 51].

While most of the applications focus on FLIM applications with either

wide-field [53, 54] or scanning systems [32], there are a few single-point TRFS

systems [52, 55–61]. One of the more developed and applied TRFS system,

records fluorescence lifetime and intensity information simultaneously through

a fluorescence spectroscopy system based on up to four spectral bands with

a gated multi-channel PMT. A schematic of the multispectral-TRFS system can

be seen in Fig. 2.3. The spectral bands are achieved through a combination

of multiple dichroic and bandpass filters. The first iteration comprised 3

spectral bands (405/40nm, 460/50nm and 550/50nm) [55], at a later stage,
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Figure 2.3: Schematic of the multispectral-TRFS setup. Key: F1–F4 are optical pass-band

filters with the following centre wavelength/bandwidth configurations:

390/40nm, 452/45nm, 542/50nm, and 629/53nm, respectively. BS1–BS4 are

dichroic beam-splitters for wavelengths longer than 360nm, 420nm, 510nm,

and 590nm, respectively. MCP-PMT is a microchannel plate PMT and AMP

is a amplifier. (Taken from [52].)

the system comprised four spectral bands (390/40nm, 470/28nm, 542/50nm

and 639/53nm), the middle two centred around the peak emission of the key

endogenous fluorophores, NADH and FAD [58–60]. The arrival time of each

spectral band at the detector is delayed by various lengths of optical fibres. For

excitation a 355nm pulsed nitrogen gas laser was used and the fibre-based point

sensing was performed with 200µm or 400µm multimode fibre (MMF), but can

be transformed into a scanning imaging mode by moving the samples or the

fibre. The intensity analysis is done using ratios between the spectral bands,

while the lifetime fitting is based on a Laguerre polynomial deconvolution. The

Laguerre polynomials have a built-in exponential term which is convoluted

with the IRF and expanded onto the data sets. The average lifetime is the

interpolated time at which the intensity falls to 1/e [62]. The acquisition

time varies with the number of recorded time gates, but sub-millisecond

measurement time per point has been shown. This system has successfully

fitted sub-nanosecond fluorescence lifetimes [52] and has been employed in

intravascular phantoms [56], atherosclerosis diagnosis [57], and tumour margin

assessment [59]. Coda et al. [61] combined a fibre bundle consisting of 19

200µm MMF with a commercial 16 channel PMT and two excitation pulsed
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laser diodes correlated to the peak excitation for NADH and collagen. Ex vivo

polyp and neoplastic bowel tissue samples were analysed for spectral shifts and

fluorescence lifetime changes with a bi-exponent least-square fitting technique.

The complexity of the autofluorescence decay profiles makes data analysis

a challenging process as no accurate a-priori knowledge of the tissue

architecture, fluorophore concentration and their spectral overlap is available.

The most common approaches involve a deconvolution of the IRF before

fitting with a multi-exponential decay model [63–65]. These algorithms are

often based on least-square optimization methods such as Gauss-Newton or

Lavenberg-Marquardt. Another method is based on a Laguerre-based extension

on the data, as described above. The advantages of this model are that it

does not require a-priori knowledge and allows fast convergence [62, 66, 67].

As mentioned above, there is a difficulty to interpret and validate the fitting

parameters correctly across instruments and against histology findings. While

the accurate lifetime is important for biological research, it might not be

necessary in a clinical environment where qualitative changes in lifetime may

be enough for guidance [42].

2.1.4 In vivo Raman spectroscopy

Raman spectroscopy has shown a great potential for a wide range of

biomedical applications, from histopathology, biopsy targeting, and drug release

to monitoring treatments [68]. It is a minimally invasive, non-destructive

and label-free technique which offers high chemical specificity and provides

information about the molecular and chemical structures. High spatial and

spectral resolution Raman techniques often come at the expense of costly

instruments and long acquisition times. For this reason, as well as a lack of a

comparable ’gold standard’ and the necessity for extensive data processing on

large and complex data sets, the translation of Raman spectroscopy techniques

into clinics has been limited so far [68].

Raman spectroscopy requires instrumentation that works within tight

specifications:
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The intensity of the acquired Raman spectra has a 1/λ4-dependency on the

pump wavelength which suggest that shorter wavelengths are favourable. To

overcome the strong autofluorescence of tissue in the green spectral region,

commonly lasers at the wavelengths of 785nm or 830nm are used for tissue

Raman applications. Although the intensity of the Raman peaks is 16-fold

lower in the near-infrared spectral range compared to the visible range, it

offers a better signal-to-noise ratio when most of the noise is due to the

autofluorescence background. Most laser sources for tissue applications exhibit

high excitation powers between 10mW to 150mW [69]. These high power

levels have the potential to cause irreversible tissue damage. While most of the

clinical Raman experiments are carried out ex vivo, the threshold for potential

tissue damage has to be addressed for in vivo applications. This threshold will

vary across tissue types and depends on factors such as wavelength, exposure

time and exposed area. They can assessed using the British Standard for laser

safety (BS EN 60825). To resolved the narrow Raman peaks a high spectral

resolution is needed which requires laser sources with a spectral linewidth

of < 0.1nm [69]. The key component of the Raman spectrometer is the

detector, which is often a CCD array. These detectors achieve a higher quantum

efficiency and a lower noise than CMOS arrays. The CCD arrays feature a high

quantum efficiency, > 90% for the near-infrared region which records the low

wavenumber information with a 785nm excitation, and a low electronic noise,

3 to 20 e−/pixel/second [69]. The slit width of the spectrometer determines

the spectral resolution, typically < 1nm, and the aperture determines the light

gathering ability. Both have to match the specifications of the collection optics

or the proximal end of the fibre probe. While the main region of interest is the

low wavenumber region between 800 cm−1 to 1700 cm−1, recently, the higher

wavenumber region has gained interest [70, 71]. However with an excitation

wavelength of 785nm this region is hardly achievable with CCD and CMOS

detectors because of the reduced quantum efficiency above 1000nm due to

the band gap in silicon [69]. Another development is the recent deployment

of InGaAs detectors in combination with 1064nm excitation despite the 3.4-fold

decrease in Raman intensity in comparison to an excitation at 785nm. There

are ongoing efforts to improve InGaAs detectors which achieve a quantum

efficiency of > 80% in the near-infrared and short-wavelength infrared part of
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the electromagnetic spectrum, with an order of magnitude higher readout noise

compare to Si-CCD spectrometers.

As mentioned above, imaging requires scanning by either moving the tissue

sample or the optics in relation to the sample. Therefore, clinical in vivo

application are based on single-point assessments through fibre optic Raman

probes. Several Raman probes have been developed and some of them have

been tested in preclinical or clinical studies [68, 69, 72] towards assessing cancer

margins in cervical tissue, breast tissue, lung tissue, and oesophagus with a

special interest in Barrett’s oesophagus. The impediment for fibre-optic Raman

probes are the strong Raman background of the silica from the fibre core material

which scales with the fibre length and further masks the weak Raman signals.

There have been several attempts to reduce or filter out the fibre Raman, which

often results in complex, cumbersome, and costly Raman probes. Another key

point that has been emphasized during the developments of the Raman probes

are fast measurement times. A fast measurement time will reduce artefacts from

movements such as breathing during the measurements and may potentially

reduce the time of the overall procedure which limits the risk to the patients.

However, a compromise between fast exposure times and high sensitivity and

specificity which could require several measurements at one point has to be

taken into account for clinical applications. Shim et al. [73] developed a compact

(diameter < 0.5mm) and endoscope compatible Raman probe from low-OH

fibre. To reduce the strong Raman background, the excitation and collection

path were separated and filters were applied directly onto the cores of the fibres.

The probe consisted of a 400µm central excitation fibre which is surrounded

by seven collection fibres, each of them of a diameter of 300µm and part

bevelled to achieve a collection area that overlaps spatially with the delivery fibre.

The feasibility of the Raman probe was demonstrated during routine clinical

endoscopy where it acquired in vivo Raman spectra of oesophagus, stomach and

colon tissue in 5 s [74]. Another miniaturised confocal Raman probe for spectral

investigation of in vitro oesophageal biopsy tissue was manually assembled

using off-the-shelf optical components and a custom-made precision silicon

alignment substrate. Light is delivered through one single fibre and collected

via another single fibre with spectral filtering and a graded index lens at the

distal end ensuring efficient collection of the Raman signal and reduce the fibre
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Raman background [75]. With acquisitions times of 2 s and 10 s, the probe could

successfully differentiate between Barrett’s oesophagus, dysplasia and cancer

with 71 – 88 % sensitivity and 77 – 99 % specificity.

Figure 2.4: Schematic of the endoscopic Raman system for in vivo lung cancer diagnosis

including magnified views of the fibre probe design (not to scale). ∗ indicates

the location of a 50µm fibre for calibration of the spectrometer. (Taken

from [76].)

Short et al. [76, 77] developed a miniaturised and re-usable Raman catheter

that can be passed down through the working channel of a bronchoscope and

can be used in conjunction with white light and autofluorescence bonchoscopy.

The 785nm excitation light was guided to the tissue with a central 200µm low

OH-fibre which is surrounded by 27 100µm fibres to collect the Raman signal.

These fibres were coupled through a filter unit to a second fibre bundle of 54

100µm fibres which were then spread out into a parabolic arc at the spectrometer

end, see Fig. 2.4. The arc was coupled directly into the spectrometer reducing

the image curvature at the detector due to oblique rays at the grating. This

design improved the signal-to-noise ratio by 20-fold. After preliminary in vivo

testing McGregor et al. [71] used this system for real-time Raman measurements

in lung on 80 patients with spectral acquisition time of 1 s and excitation

powers of 150mW. While the Raman peaks in the fingerprint region were

masked by the autofluorescence, they decided to use the higher wavenumber

region between 2050 cm−1 and 3100 cm−1 to investigate lung cancer lesions.

They were able to detected high-grade dysplasia and malignancy with high

sensitivity of 90 % and good specificity of 65 %. To perform optical biopsies
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in the narrow airways of the lung periphery a more flexible Raman probe was

needed with a minimum bend radius of ∼ 20mm [78]. On this basis, McGregor

et al. [78] miniaturised the Raman probe and made it more flexible by only

loosely encasing the fibres at the distal end and let them otherwise freely slide

past each other. They achieved a Raman probe of 1.35mm in diameter with

a minimum bend radius of 13mm which is able to acquire Raman spectra in

1 s with a low excitation powers of 15mW. This probe was successfully tested

in two patients. An extremely thin, flexible and low cost Raman imaging and

sensing fibre probe is worth mentioning in this context, although only tested

on polystyrene particles, pharmaceutics such as paracetamol and ibuprofen, and

bacteria [79]. This Raman probe is based on a single 125µm diameter multimode

fibre combining the excitation and collection path, and no additional filters and

focusing optics at the distal end. The authors use a fibre transmission matrix and

wavefront correction method to focus light beyond the distal end and achieve

a field of view up to 200µm in diameter. However, they have problems to

overcome the strong fibre Raman background and propose to use the “silent”

region between 1800 cm−1 to 2800 cm−1. Their current method is limited by

fibre deformation and the need to access the distal end for calibration, which

could potentially be overcome by wavefront shaping, using a holographic virtual

beacon, or by using a partially reflecting fibre distal tip in combination with a

fast digital micromirror device.

The described Raman probes facilitate intrinsic tissue signals to distinguish

normal and cancerous tissue which is often inefficient due to the weak Raman

signal and the background distortions. Zaveleta et al. [80] developed a functional

multiplexing imaging strategy that is based on delivering tumour-targeting SERS

nanoparticles as constrast agents and detecting and quantifying the presence of

bound nanoparticles through a non-contact fibre-optic Raman endoscope. They

evaluated the imaging strategy ex vivo on fresh tissue from colonoscopy with the

Raman probe and further tested the Raman probe, which can be passed down

through a bronchoscope, in vivo. Ten different colocalized SERS nanoparticles

were successfully spectrally unmixed during multiplexed imaging. The Raman

probe consists of a single-mode excitation fibre which is surrounded by 36

multimode fibres for light collection. With a distal end optical system, this

is a non-contact fibre probe with a wide range working distance of 1mm to
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10mm. The experiments were performed at safe clincial settings of 1 s exposure

of 15mW or 300ms exposure of 42mW at an excitation wavelength of 785nm.

While this approach overcomes the limitations from autofluorescence distortions

and weak Raman signals, it requires the administration of nanoparticles.

Choudhury et al. [23] followed another strategy. They developed a flexible

asymmetric dual-core optical fiber and deposited the SERS nanoparticles onto

the distal end within a bespoke optrode. The single-mode excitation and the

multimode collection fibre were fusion spliced together at the optrode which

had a diameter of 1.2mm and was passed down the working channel of a

bronchoscope. They tested the Raman probe with pH sensitive nanoparticles in

an ex vivo ventilated ovine model with an integration time of 60 s using 0.4mW

excitation power at 785nm and recorded a good agreement against a commercial

pH monitor. A review about these biosensors and biosensing studies for various

diseases and applied to other parts of the body can be found in [81].

2.1.4.1 Autofluorescence suppression techniques

A drawback for ex vivo and in vivo Raman is the strong fluorescence background

from endogenous molecules. Most of the Raman active molecules also emit

fluorescence which, because of the Stokes-shift, masks the Stokes Raman

signals. Several techniques for fluorescence suppression exist which focus

either on the spectral differences, lifetime differences between fluorescence

and Raman, or enhance the Raman signal to minimise the distortions by the

fluorescence background [82]. In fibre-based Raman applications the Raman

scattering from the fibre material also contributes to the background and

further decreases the signal to background ratio. The fibre Raman is a constant

signal, scaling with the length of the fibre. However, there are many other

factors which influence the fibre background such as the coupling into the

fibre and the reflected forward scattering Raman from the distal end, and

so it cannot be fully calibrated out. In the wavelength domain, the most

common methods are shifted excitation Raman difference spectroscopy (SERDS),

wavelength-modulated Raman spectroscopy (WMRS), and subtracted shifted

Raman spectroscopy (SSRS). In SERDS, Raman spectra are taken using two

narrow and spectrally separated excitation wavelengths at the same condition.
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Autofluorescence exhibit a broad spectrum, the peaks of which are mostly

unaffected by a shift of the excitation wavelength, the Raman spectrum is

composed of several narrow spectral peaks (< 1nm) which spectral position

depends on the excitation wavelength and shifts accordingly. The two spectra

are then subtracted from each other to remove the fluorescence contribution, and

the resultant spectra is called a difference or derivative spectrum. Computational

effort is needed to reconstruct the spectra into their conventional form, often

through band-fitting and deconvolution algorithms [83, 84]. For optimal results,

the shift between the two excitation wavelengths has to be comparable to the

bandwidth of the Raman bands, approximately 1nm [84]. Both, WMRS and

SSRS are techniques similar to SERDS. In WMRS, the excitation wavelength is

continuously modulated while synchronised with a lock-in detectors, and for

SSRS the grating positions are slightly shifted to shift the Raman spectra [82].

It has been shown that with WMRS a 3 times higher signal-to-noise ratio was

achieved than with SERDS [85] which can be further increased by combining

it with principal component analysis and choosing the right modulation

frequency [86]. However, it was later found that while WMRS was able to

suppress the autofluorescence background successfully, less Raman bands were

resolved and the classification models showed lower accuracies and larger

variations in comparison to classical Raman spectroscopy [87]. These wavelength

modulation techniques are suitable for static fluorescence background, but less

appropriate for intrinsic tissue applications, where the fluorescence intensity

and lineshape changes relative to the Raman intensity. The narrow bandwidth

of the Raman peaks has also been utilised in computational algorithms such

as polynomial fitting algorithm, adaptive iteratively re-weighted penalized

least squares algorithm (airPLS), iterative moving averaging algorithm, Fourier

filtering, derivatives, and wavelet transformation. These methods are have been

proven less effective in cases of strong fluorescence distortion [84] as expected

in intrinsic tissue Raman, but give good results in the presence of strong

Raman peaks or in combination with other suppression or signal enhancement

techniques.

In the time and frequency domain, the differences in time development are

utilised. While Raman happens in a near instantaneous fashion (picoseconds to

femtoseconds), fluorescence is emitted after the excitation of the molecule and
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Figure 2.5: Schematic diagram of the Kerr gate and the fluorescence rejection. (Taken

from [88].)

internal relaxation processes, with a lifetime of 10−10s to 10−7s. Time-domain

Raman techniques require a fast pulsed laser for excitation, and often picosecond

lasers are used as they offer a good compromise between bandwidth and

pulse width, and gated detection methods including Kerr gates, streak cameras,

PMTs, CCDs, and CMOS SPADs [82]. Fluorescence rejection with an optical Kerr

gate was successfully demonstrated by Matousek et al. [88, 89]. A Kerr gate is

composed of a nonlinear Kerr medium between two crossed polarisers which

allow the incident Raman signal to change its polarisation when synchronised

with a gating laser pulse that transforms the medium into a half-wave plate,

see Fig. 2.5. The achieved time resolution of the gate is 4 ps with a pump

wavelength at 800nm. The Kerr gate system has been tested on breast cancer

lesion and has been able to differentiate two types of calcification in tissue [90].

In a later publication, the Kerr gate technique was combined with SERDS to

achieve higher fluorescence rejection. The Raman signal from Rhodamine (Rh6G)

was recovered with a 10 times improved signal-to-noise ratio compared to the

Kerr gate technique alone [91]. A benefit of the Kerr gate technique is that it

allows additional fluorescence lifetime estimations, the drawbacks are exposures

of 250 s to 400 s and high component costs. Another technique are time-gated

detectors which require a short time-gate width and a fast repetition rate to

achieve a good fluorescence suppression and acceptable acquisition times. A

single photon counting technique was used with a single-channel gated detector
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based on a multi-channel PMT. This system used a high repetition laser, ∼

82MHz, and short pulses, ∼ 5 ps, to achieve an improved signal-to-noise ratio

of 4.2 for Raman signal of rhodamine in ethanol with a time gate width

of 31 ps [92]. Martyshkin et al. [93] utilised a 2D intensified CCD detector

array to record several Raman bands simultaneously and more efficiently. The

system recorded Raman signal with a high repetition rate of 76MHz, a short

laser pulse of 2 ps and a temporal gate width of 150 ps. By moving the time

gate accordingly Raman photons originating from different depth could be

discriminated. Although, CMOS SPAD detectors have a lower fill factors and

lower photon detection efficiencies compared to CCD systems, they have been

successfully applied to detect Raman signals from pharmaceuticals [94], olive

oil [95, 96], and toluene [34]. These detectors achieve time gate widths of 50 ps

which is limited by the TDCs [95, 96] and also allow multiple time gates [96]

for potential additional fluorescence lifetime estimation or calibrations. With

shorter time gate width the performance of time gates in terms of homogeneity

and timing skew become an important factor [96, 97]. Gating techniques based

on PMT technology still achieved shorter time gates than CCD and CMOS-based

systems. However, due to recent developments in parallelisation of CMOS SPAD

line arrays, extremely fast frame rates and simultaneous acquisition of whole

Raman spectra without additional scanning were made possible which brings

the advantage of potentially fast acquisition times (< 1 s) needed for clinical

applications.

Other approaches focusing on the enhancement of the Raman signal to

dominate the fluorescence background include SERS, coherent anti-Stokes

Raman spectroscopy (CARS), resonance Raman spectroscopy (RRS), and

stimulated Raman spectroscopy (SRS). In SERS the signal is enhanced due to

an electromagnetic and chemical enhancement mechanism between the Raman

active molecule and a metal substrate or nanoparticles. There are several other

techniques including polarisation modulation and beam sampling optics [82]. In

a comparison, computational methods are cost-effective, however, the algorithms

can create artefacts and they are often not suitable for very weak Raman signals.

Experimental techniques, such as time-gated Raman, have shown promising

results, but require pulsed laser and gated sensor which lead to complex and

potentially more expensive setups.
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2.2 light-tissue interaction

The optical properties of a tissue affect both diagnostic and therapeutic

applications of light. For diagnostic applications, the main mechanism is the

ability of light to penetrate a tissue, interact with the tissue components

and then escape for detection. For therapeutic applications, the key is the

deposition of energy via the optical absorption properties of the tissue. Hence,

the understanding of the optical properties of tissue is important.

2.2.1 Tissue and optical tissue properties

When light collides with tissue, it can be absorbed, transmitted, reflected, change

polarisation and scattered which all can be analysed by a variety of spectroscopic

techniques. The absorption of light excites the tissue molecules and leads

to electronic transitions within the molecule which enables varies forms of

luminescence including fluorescence and phosphorescence, and scattering effect

to occur. The probability with which each of these interactions occurs depends

often on the energy of the incident light. The absorption spectrum of tissue

is dominated by haemoglobin and melanin in the spectral range < 600nm

and dominated by water absorption > 1000nm. The most important clinical

application of tissue absorption is pulse oximetry which measures the tissue

oxygenation through differences in the absorption spectra of haemoglobin.

In the so called first therapeutic window between 600nm to 1000nm

scattering events are dominant and more easily detectable [98]. The energy of

the incident light determines the penetration depth into the tissue, the longer

the wavelength the deeper the penetration. Penetration depths between 0.1mm

and 10 cm are achievable, facilitated through scattering and diffuse reflection

events in the near-infrared [98]. The elastic tissue scattering arises from the

microscopic heterogeneities of refractive indices between extracellular, cellular,

and subcelluar components [98]. An important point for consideration are

potential changes in the optical properties due to processing of tissue samples

for ex vivo and ex vitro experiments. Absorption and scattering effects are

influenced by the absence of haemoglobin, dehydration, and morphology of the
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tissue, while freezing has shown to reduce NADH [42, 54, 98]. Whenever light

is involved, the heating up of a sample during prolonged exposure has to be

considered in the experimental design. Studies have shown that the fluorescence

intensity decreases with a rise in the tissue’s temperature [99].

2.2.2 Fluorescence

Figure 2.6: Jablonski-diagram of fluorescence illustrating the possible states and

transitions of valence electrons of a molecule upon excitation.

Fluorescence is the emission of light by an atom or molecule upon excitation

by an external light source. It is a three-stage cycle which is best illustrated

by a Jablonski diagram, also called an electronic transitions diagram, which

is shown in Fig. 2.6. First, upon excitation, the moiety absorbs a photon and

enters an excited state Sn, n > 1. Certain selection rules only allow transition

where the spin orientation is preserved. As such, only transitions into an excited

singlet state are allowed, whereas a transition into a triplet state is forbidden.
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Second, a de-population of the higher excited states into the excited state with

lowest energy occurs due to several internal and inter-molecular relaxations

between different excited energy levels, vibrational and rotational levels. These

relaxations occur on a time scale of ∼ picoseconds [63]. This is why the

fluorescence spectrum is only the mirrored absorption spectrum of the S0 → S1

transition and not of the total absorption spectrum. Third, fluorescence emission

occurs as a discrete emission of photons during decay into the vibrational levels

of the ground state leading to a broad spectrum. One molecule can cycle through

the process several times. Due to internal relaxation, the emitted wavelengths

are longer than the incident ones and the difference is called the Stokes shift.

The Stokes shift is fundamental to the sensitivity of fluorescence techniques

because it requires a certain wavelength difference between the emission photons

to be detectable and spectrally distinguishable from the excitation photons.

Another feature of fluorescence is that the emission spectra is independent of the

excitation wavelength which is known as Kasha’s rule1. Generally, fluorescence

can be characterised by the fluorescence intensity spectrum, I(λ), the quantum

yield, Φ, as the ratio of emitted and absorbed photons, and the fluorescence

lifetime, τ.

However, other radiative and non-radiative transitions can occur and weaken

the fluorescence intensity. These effects include dissipation of energy in

heat or inter-system crossing where the electron is transferred into an

excited triplet state of lower energy which is then de-populated either in

a non-radiative transition or a radiative transition. This radiative process is

called phosphorescence and is very unlikely because it involves a flip in spin

orientation. Further, energy transfers to molecules in close proximity can occur

such as quenching, and Förster resonance energy transfer (FRET) which will be

discuss later.

The same fluorescence emission is achieved with two or multi-photon

excitation. These processes have a low probability and need a high density of

excitation photons. There are multiple advantages including a lower background

1 Kasha’s rule is an empirical finding in photochemistry that states that photon emission occurs

only from the lowest excited state of a given multiplicity. It can be explained through the

Frank-Condon factors of vibronic transitions. There are some exemptions from the rule when

emission occcur from higher excited states [63].
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from excitation or scattered photons, a better depth sectioning, and an increased

spatial resolution, and therefore, multi-photon excitation is often used for

medical imaging [100].

2.2.2.1 Fluorescence lifetime

The fluorescence lifetime is a measure of the time a moiety spends in the

excited state before returning to the ground state through emitting a photon.

The fluorescence intensity is proportional to the population of the excited state

which varies time:

I(λ) = I0e
− tτ , (2.1)

where λ and t are wavelength and time, respectively, I0 is the fluorescence

intensity at t = 0, and τ is the fluorescence lifetime. As Eq. 2.1 shows, the

fluorescence lifetime τ can be given as the time required for the intensity of

the fluorescence emission to reach 1/e of the magnitude it has directly after, a

sufficiently short, excitation. The lifetime is also the inverse of the total decay

rate of all radiative and non-radiative processes:

τ =
1

kr + knr
, (2.2)

where kr is the radiative rate constant and knr is the cumulative rate constants

of all occurring non-radiative processes. The fluorescence lifetime is ideally

an exponential decay, but can be modified by any process that effects the

decay rates. While it is not dependent on the quantity of fluorophore (except

in extreme concentrations), it is affected by the environment in the case of

environment-sensitive molecules such as 7-nitrobenz-2-oxa-1,3-diazole (NBD),

quenching processes such as FRET, and photobleaching in complex fluorescent

molecules.

Theoretically, the decay rate from radiative transition can be derived from

the fluorescence emission spectra, the extinction coefficient and the absorption

spectra through the Strickler-Berg equation [63]

kr = 2.880 · 10−9n2
∫
I(ν)dν∫

I(ν)ν−3dν

∫
ε(ν)

ν
dν, (2.3)

where n is the refractive index, ε is the extinction coefficient and ν is the

frequency. However, this is a simplified equation and discrepancies with
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measured values can occur, because it does not take interaction with the

environment and changes in the molecules geometry into account and considers

the refractive index a constant.

2.2.3 Photobleaching and solvent relaxation

A deactivation process called photobleaching occurs when high excitation

intensities cleave the covalent bonds and destroy the fluorophores. Fluorophores

respond differently to prolonged radiation, for example elastin is less affected by

photobleaching than collagen [101]. To reduce the probability of photobleaching,

the same fluorescence emission can be achieved with multi-photon excitation,

where two or more photons are absorbed almost simultaneously. These

processes are less likely to occur than single photon excitation and therefore

transitions into triplet states, which causes the destruction of covalent bonds,

are also less frequent. As the same excitation state is reached, all fluorescence

parameters are identical to a single photon excitation. The lower probability

for multi-photon transitions, requires a higher density of excitation photons

which offers multiple advantages like a larger Stokes shift and a better

depth sectioning in tissue. In Raman spectroscopy, initial photobleaching of

endogenous tissue fluorophores are used to reduce the autofluorescence and

enhance the signal-to-noise (SNR) of the Raman signal [102].

There are a number of solvent effects that distort the fluorescence emission by

causing a spectral shift over time. The presence of a fluorophores in solvents

cause a rearrangement of the dipole moments of the neighbouring solvent

molecules to an energetic more favourable state. If this solvent relaxation occurs

in the time range comparable or longer than the fluorescence decay, the emission

spectra changes towards longer wavelength over time. This is not observable in

steady-state spectroscopy, as the measured spectrum will be the superposition

of the non-relaxed and the relaxed spectrum, and all in between [63, 103]. In

time-resolved spectroscopy, these changes in the emission spectra are observable

as well as the effect on the liftime. The shorter the wavelengths the more

rapid the decays, because the emission of the shorter wavelength is decaying

through emission and relaxation towards longer wavelengths. The emission at
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long wavelengths requires that the fluorophores relax prior to emission, and

is thus delayed by the relaxation time [63, 103]. Another effect occurring in

viscous polar solvents is the red-edge excitation shift (REES) of the spectra which

is a shift of the emission maximum towards longer wavelengths that is caused

by shifting the wavelength of excitation towards the red edge of the excitation

spectrum. The longer wavelengths provide a photoselection of those fluorophore

that interact with the solvent molecules [104]. REES can be used as an indicator

for the dipol relaxation dynamics in microenvironments such as the lipid layers

of membranes [104, 105]. Both, solvent relaxation and REES are dependent on the

temperature and the polarity of the solvent or fluorophore [63, 104].

2.2.3.1 Quenching

Fluorescence quenching is a synonym for any process that decreases the

fluorescence intensity and includes dynamic quenching, and static interactions

such as FRET and complex formations. While dynamic quenching is a

time-dependent process that results from diffusive encounter of fluorophores

and quenchers upon excitation, static quenching is the formation of ground-state

complexes between fluorophores and quenchers [63]. The Stern–Volmer

equation describes the effect of quencher on the fluorescence intensity. When

considering only dynamic quenching the Stern-Volmer equation shows a linear

relation between the fraction of fluorescence intensities in the absence and

presence of quenchers and the concentration of quenchers [63, 106]. As dynamic

and static quenching mostly occur simultaneously, this has to be considered as

well and the relation becomes an upward pointing curve [106]. Static quenching

removes a fraction of the fluorophores into non-fluorescent complex formations,

but does not affect the fluorescence lifetime because it is mostly independent on

the concentration. Dynamic quenching, however, affects the fluorescence lifetime

because of an additional energy transfer between fluorophore and quencher

empties the excitated state and therefore reduces the lifetime. Therefore the

fluorescence lifetime is the most common method to distinguish between

dynamic and static quenching. Applications of fluorescence quenching to

biological models are around since 1960s and there are a wide range of

applications including studies of proteins, membranes, and macromolecular
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assembly [106]. A list of useful quencher-fluorophore combinations can be found

in [63].

One application of dynamic quenching is FRET in which energy is transferred

via long-range dipole-dipole coupling from one excited fluorophore to another

chromophore non-radiatively. The fluorophore is called a donor and the

other chromophore an acceptor. The energy transfer efficiency of a FRET-pair

depends on the overlap of the donor emission and the acceptor absorption

spectra, the relative-orientation of the transition moments towards each other

and the refractive index [107]. FRET provides signals sensitive to intra-

and intermolecular distances in the range of 1nm to 10nm, which allows

imaging with spatial resolution capable of resolving molecular interactions and

conformations [107] as well as single molecules [108]. Another advantage of FRET

is that it is a ratiometric method which makes it relatively immune to noise and

drifts from instruments and experimental procedures [108].

2.2.3.2 Fluorophores

In biomedical applications, fluorophores are used to investigate molecular

composition and dynamics through their fluorescence characteristics. Several

components of tissue are autofluorescent while others can be observed though

fluorescent markers. Key endogenous fluorophores of tissue include co-enzymes

(nicotinamide adenin (phosphate) dinucleotide (NAD(P)H), flavin adenine

dinucleotide (FAD)), structural proteins (collagens and elastin), aromatic amino

acids, lipid components and porphyrins [42, 109, 110]. The excitation spectra

are located in the ultraviolet and blue/green spectral region, approximately

325nm to 500nm with the fluorescence emission at longer wavelength due to

the Stokes shift covering the spectral range from 390nm to 700nm [54]. The

fluorescence lifetimes of the tissue fluorophores are of the order of < 1ns to

3ns [98, 109, 111]. Each of them has very specific fluorescence characteristics

which undergo changes when tissue ages or becomes dysplastic due to disease

processes. The changes to the tissue are manifold: the fluorescence intensity is

affected by a changing distribution and architecture of these fluorophores, and

the degradation of the extracellular matrix, the fluorescence lifetime is altered by
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environmental changes including pH, oxygenation, temperature, polarity, and

acidity [42, 54, 111, 112].

Autofluorescence has been used since the 1980s to distinguishing between

normal and tumour tissue [110]. The detection mechanism is based on the

relative amount of oxidized co-enzymes in malignant tissue [54, 98]. Therefore,

the optical oxidation reduction (redox) ratio, a measurement of cellular

metabolism and defined as the ratio between NADH and FAD, is used as a

biomarker for tumorous tissue. The peak excitations are 340nm and 385nm

for NADH and FAD, respectively. It has been shown that the quantum yield of

NADH is higher for the reduced form and lower for the oxidized form, whereas

the opposite is true for FAD. For both, the fluorescent lifetime varies according to

their protein-binding state. Therefore, a shorter lifetime is expected in cancerous

tissue because the amount of protein-bound NADH is increased [60]. McGinty

et al. [54] reported shorter lifetime for bladder and pancreatic cancer and longer

lifetimes for colonic and gastric adenocarcinoma with excitation at 355nm, while

Wang et al. [113] reported shorter lifetimes for lung carcinomas compared to

healthy surrounding tissue. It has also been shown that the spectral profile

is blue-shifted with a primary maxima assigned to flavins and the rise of a

secondary maxima assigned to porphyrins for cancerous and normal rat kidney

tissue [114]. The fluorescence from collagen has been used as an early indicator

for fibrosis in the lung [115] and for malignant tissue due to collagenases [98].

The autofluorescence of tissue has its limitation because of its low intrinsic

emission intensity, which leads to an inherently low SNR, and an additional

high background from other dynamics such as absorption and scattering [110,

112]. Excitation wavelengths in the UV offer only a small penetration depth

into the tissue < 1mm which limits the application of autofluorescence

spectroscopy to the tissue surface [54]. Also, most applications up to now have

been on ex vivo tissue. Alterations in the measurements might occur due to

de-oxygenation, no haemoglobin presence and de-hydration. Additionally to

endogenous fluorophores, a wide range of synthesised fluorophores have been

made available for labelling and sensing of key physiological parameters, see

Sec. 2.3.3.

34



2.2 light-tissue interaction

2.2.4 Raman

Figure 2.7: Energy-level diagram of the elastic (Rayleigh) and inelastic (Raman)

scattering which occurs when monochromatic light interacts with molecules.

Raman spectroscopy is the exploitation of the inelastic scattering of light from

a sample after excitation with monochromatic light. The incident light excites

the molecule into a virtual energy level and instantaneously a photon is emitted

with lower or higher energy than the incident photon. The energy difference

is called Stokes shift when the scattered photon has lower energy (higher

frequency) than the incident photon, and anti-Stokes shift when the photon

is higher energy (lower frequency). The anti-Stokes spectrum is the mirrored

Stokes spectrum at the wavelength of the incident photon. Each molecular

bond has a very specific vibrational energy level and the difference in energy

between the incident and the scattered photon corresponds to this, as can be

seen in energy-level diagram in Fig. 2.7. A Raman spectrum consists of several

Raman peaks, each one corresponding to a certain molecular bond, and hence,

contains information about identity, composition, structure and macromolecular

interaction. In contrast to fluorescence spectroscopy, where a marker was needed

to reveal the information, Raman spectroscopy offers the unique ability of a

label-free detection.

The advantages for in vivo applications are that it is non-destructive, minimally

invasive, exhibits high spatial resolution, chemically sensitive and has a

rapid response [116, 117]. It is often used for histochemical analysis such as

discrimination of malignant and benign tissue [118–120]. The interesting region

for intrinsic tissue Raman spectroscopy is the so called fingerprint region and
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ranges from 400 cm−1 to 1800 cm−1. This region contains information about the

molecular bonds from proteins and lipids. In recent years, the high wavenumber

region from 2800 cm−1 to 3600 cm−1 gained interest which includes double and

triple carbon bonds of proteins and lipids and broad Raman bands from water.

An assignment between organic molecular bonds and Raman peaks can be found

in [70].

However, the intensity of Raman scattering is inherently weak due to its small

cross section and depends on the excitation wavelength with a 1/λ4-dependency

on the pump wavelength. While the Raman intensity is higher for shorter

wavelength pumping, the fluorescence from tissue is strong and masks the

Raman peaks. Efforts in recent years in response to the challenge have included

methods of fluorescent background suppression [82]. Additionally, there is

often a compromise to be made between longer wavelength pumping, which

minimises autofluorescence and increases the penetration depth into the tissue,

against the decrease in Raman intensity. For in vivo measurements optical fibre

probes are required to reach the position of interest in the body. However, the

optical fibre exhibits a high Raman scattering from the core material which

contrary to other fluorescence background, is constant and scales with the fibre

length itself [72, 73]. This combination of unwanted background signals makes

in vivo Raman spectroscopy extremely challenging.

Both Raman and IR spectroscopy are vibrational spectroscopy techniques used

to investigate the composition and structure of unknown substances through

their molecular bonds. However, there are different molecular transitions taking

place, while a Raman active transitions requires a change in the polarisability

of the molecule, IR active transition requires a change in the dipole moment of

the molecule. This way both techniques complement each other. Additionally, IR

spectroscopy measures the energy of the vibrational directly through absorption

and therefore requires the right amount of energy. Raman spectroscopy often

uses visible light for excitation making it less affected by water molecules

in samples, and measures the vibrational energies relative to the excitation

wavelength in wavenumbers.
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Figure 2.8: Schematic of SERS nanosensors based on gold nanoshells and functionalised

with analytes, or molecular reporters. The two enhancement mechanisms, the

electromagnetic and the chemical, are sketched. (Not to scale.)

2.2.4.1 SERS

SERS is a method to enhance the Raman intensity by placing the molecules

onto a metal surface [121, 122]. The exact mechanisms of enhancement are not

completely understood as of today. Two mechanisms are considered to cause

the enhanced signals simultaneously, a long-range electromagnetic mechanism,

and a short-range chemical mechanism [121], see Fig. 2.8. In the electromagnetic

theory, a local electric enhancement field is introduced to the metal surface by

an external field that causes a shift in the electron clouds relative to the atomic

cores [123]. The enhancement is greatest if the wavelength of surface plasmons

of the metal surface is in resonance with the incident electric field. This effect

occurs twice, first to the incident electric field and second to the scattered Raman

signal. However, as the scattered wavelengths are shifted from the incident one,

the surface plasmonic oscillation can only be in perfect resonance with one of

the signals. The most commonly used metals are silver, gold and copper because

of their easily accessible plasmonic frequencies in the visible and near-infrared

part of the spectrum [121]. The chemical enhancement mechanism links the

metal surface and the molecules through electron transition which leads to

the formation of charge-transfer complexes. The chemical enhancement has a

smaller contribution to the overall enhancement and ranges from 101 to 103 [123].
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Recent developments in the field of single-molecule spectroscopy have shifted

from using bulk substrates to single nanoparticles and were able to achieve a

further increase of signals strength of 1014 − 1015 [124]. The enhancement factor

depends highly on the material as well as its size, shape, and symmetry [125,

126]. For example, studies have shown that a roughness of the substrate in the

range of nanometres exhibits the best enhancement [122]. Further enhancements

were achieved through so called hot spot formation where the particles crowd

together inhomogeneously [127]. These nanoparticles can be used either as SERS

tags or for label-free detection [123]. They allow the study of the intracellular

and molecular environment with reporter molecules that are sensitive to

pH [128–131], glucose [132], gases and redox potential [123]. They have also

been used as a sensor for cancer through the targeting or proteins [133, 134] and

sensors for tumour margins [135]

Nanoparticle SERS approaches are attractive for fibre-based point detection.

They have the great advantages over fluorescent sensors, in that they have a

higher limit to destruction and can overcome the autofluorescence of tissue

in signal strength. Additionally, the Raman bands are very narrow compared

to a fluorescent signals which makes them a promising potential candidates

for multiplexed sensing [123, 135]. A drawback is the short range of the SERS

mechanism which means that the interrogated molecules must be close to the

SERS nanoparticles [122].

2.3 technology

Progress and improvements in biophotonic methods are often aided by recent

developments in technology and their deployment. In the following, the three

main technologies used in this work are described.

2.3.1 Single photon detectors

In one of his famous papers from 1905 “Ueber einen die Erzeugung und

Verwandlung des Lichtes betreffenden heuristischen Gesichtspunkt” [136],

Einstein introduces the hypothesis that energy is carried in localised, discrete
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quantised packets with the energy quanta hν, now called photons. He used

this concept to explain the photoelectric effect which led to the development

of quantum mechanics. The fact that light is packaged into quantized photons,

rather than an analogue electromagnetic field, means that when a sample emits

luminescence, it sends out a stream of discrete particles, and any photodetector

works by detecting these individual particles over a time period [137].

In the case of single-photon detection, the process can be considered

binary statistical and follows a Poisson distribution. Under this approach the

signal-to-noise ratio is SNR =
√
N, whereN is the number of photons or number

of registered events. The Poisson statistic is independent of the time interval and

of the technical implementation [138]. This suggest also that the signal-to-noise

decreases with decreasing integration time and increasing bandwidth [137].

Further methods to improve the quality of the measurement include suppressing

variance in the detector through threshold settings at the detectors, background

suppression through gating or computer algorithms. A feature of all gated

photon counting techniques is that the time resolution can be better than the

width of the single-photon response of the detector [137].

Techniques for time-resolved single-photon detection can be distinguished

into analogue and digital techniques. In analogue recordings, the continuous

signal is superimposed with another time-varying signal. Photon counting is in

principal a digital techniques where a discrete sequence of individual photons

are registered with the same weight. It can be further differentiated into the

frequency-domain where the amplitude and phase of the signal is recorded as

a function of time, and the time-domain where the intensity of the signal is

recorded as a function of time. We will focus here on time-domain single photon

counting methods using TCSPC which is the standard technique for TRFS and

FLIM systems.

2.3.1.1 Performance parameters

There are several key performance parameters for single photon detector

which are used for assessing and comparing detectors of varies types and

manufacturers. A brief overview is given here:
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detection efficiency The detection efficiency η is the finite probability of

registering a count if a photon arrives at the detector. The responses of

most single-photon detectors are binary which means they are only able to

distinguish between ’zero’ and ’one or more’ incident photons. There are

two definitions to differentiate: The intrinsic quantum efficiency refers to

the efficiency of the detector alone. The photon detection efficiency refers to

the efficiency of the whole system taking factors such as fill factor, coupling

losses, counting electronics, and dead time into account. There are two

methods to measure the detection efficiency, the calibrated light source

method or the correlated photon method [30].

spectral range The detection efficiency of the detector varies over the

spectral range. The spectral range is dependent on the material of the

detector which is sensitive for a certain wavelength range and the input

window which has to be transparent in this range. For semiconductor

detectors, the energy gap of the constituent material defines the working

range. Silicon detectors are sensitive in the visible region from 200nm

to 1100nm, InGaAs detectors are sensitive in the near infrared region

from 900nm to 1700nm and Ge detectors are sensitive in the region from

800nm to 1200nm. In CMOS technology, the detection efficiency over the

spectral range is affected by etaloning, or Fabry-Perot oscillations, between

the stacked layers. The feature of this spectral oscillation are dependent on

the wavelength and the incident angle of the photons [139].

dark count rate The dark count rate is the finite probability of registering

false counts. It limits the SNR of the detector because it is the minimum

count rate at which noise and signal are distinguishable, and is measured

in average counts per second. These false counts originate from properties

of the material, operating conditions such as bias and threshold settings,

and the environment [30]. These effects are often temperature dependent

and therefore cooling is a effective way to keep the dark count rate as

low as possible [137]. To improve the data analysis, a realistic dark count

rate has to be recorded with the same experimental condition, but no light

exposure, in timely proximity to the measurements.
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dead time The dead time or recovery time is the time to reset the detector

after the absorption of a photon. The dominant factor is dependent on

the detector type and is often the electronic or bias circuit. The dead

time is sometimes lengthened to suppress the probability of afterpulsing,

a feedback effect where a real photon is followed by an afterpulse, in

CMOS detectors [30]. It also limits the maximum count rate in TCSPC

measurements.

timing jitter The timing jitter is the temporal uncertainty when registering a

photon and can lead to a photon being counted in the next clock cycle. As a

measure the full width at half maximum (FWHM) of the IRF of the detector

is used, although the IRF is often of non-Gaussian form.

There are other performance parameters such as afterpulsing, pulse amplitude

jitter, transit time spread which are limitations to the efficient application of a

single photon detector and have to be taken into account. They are discussed in

Sec. 2.3.1.3. Often they can be minimised through the right choice of addressable

settings such as thresholds and bias levels.

A useful figure of merit for single-photon detectors is the noise equivalent

power (NEP) [30], which is the reciprocal of the specific detectivity and a measure

of the sensitivity of a single-photon detector.

NEP =
hc

λη
·
√
2D, (2.4)

where h is Planck’s constant, c is the speed of light, λ is the wavelength of the

the incident photon, η is the detection efficiency, and D is the dark count rate. It

is measured in W /Hz1/2, and describes the optical input power dependent on

wavelength which is needed to achieve a SNR of 1. The smaller the NEP value is,

the more sensitive is the detector.

2.3.1.2 Time-correlation single photon counting

A TCSPC set-up can be best compared to a fast stopwatch. A schematic of a

classical set-up and timing electronics can be seen in Fig 2.9(a).

The laser source sends out simultaneously an optical excitation pulse to

the sample under investigation and an electronic trigger signal. If the laser

does not send out a trigger signal or a suitable one, an optical constant
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(a)

(b)

(c)

Figure 2.9: Schematic of (a) a classical TCSPC setup, and (b) a more common TCSPC

setup. Key: PD - photodiode, CFD - constant function discriminator, TAC

- time-to-amplitude converter, AMP - amplifier, ADC - analog-to-digital

converter, TDC - time-to-digital converter. (c) The principle of histogramming

single photons.

fraction discriminator (OCF) can be used to derive an electrical trigger signal

from the optical laser pulse. Due to the constant fraction trigger principle the

triggering point influence from pulse amplitude fluctuations can be neglected.

In the first channel, the trigger signal passes through a constant function

discriminator (CFD) where the temporally smeared, fluctuating temporal widths

and amplitudes, pulse is cleaned and transformed into an exact time stamp

through applying a suitable threshold. This time stamp acts as a start signal
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for the time-to-amplitude converter (TAC) which generates a linearly increasing

voltage ramp by charging a capacitor from a current source. In the second

channel, the laser pulse excites the sample and its emission is recorded at

a photodetector as discrete photon arrivals. The photodetector absorbs the

incident photons and converts them into an electrical pulses. Electronic noise

from components or the amplification process can introduce variations in the

measured pulse energy and is often referred to as amplitude jitter. Because of this

noise, the signal passes through a CFD to accurately determine the arrival time of

the photons. An accurate time stamp is generated which acts as the stop signal

for the TAC and stops the voltage ramp. The voltage is proportional to the time

difference between the start and the stop signal. The accuracy of these TACs are in

the order of a few picoseconds [137]. The signal is amplified by a programmable

gain amplifier and fed to an analog-to-digital converter (ADC) which resolves it

into thousands of histogram channels with the same width. Any uncertainty in

the time measurement, the timing jitter, will result in a variation of the number

of photons per bin and a distortion of the timing data. The output of the ADC

is the address word for the memory location where the data is stored and

corresponds to the photon detection time. Nowadays, the functionality of the

TAC and the ADC is combined in a device called a TDC, see Fig 2.9(b). They

measure the time between two signals referenced against an internal clock and

convert it directly into a digital output. TDC-based systems allow for shorter

dead times, integrated programmable delays, multi-stop capabilities and the use

of multiple and independent channels. This has, among other developments and

applications, enabled the development of the 256 channel line sensors used in

this work.

Working in single photon regimes normally means less than one photon is

detected during one period. If no photon arrives during one period, the TAC or

TDC has to be reset within the time scale of the source repetition rate otherwise

arrival times of the photon are measured against the wrong triggering signal.

To account for this, many TCSPC setups work in reversed start-stop mode, as

shown in Fig 2.9(c). The TAC or TDC starts when a photon is detected and stops

with the next triggering signal from the laser. The build up histogram for this

reverse start-stop mode is in reverse time. For multi-detector TCSPC the set-up is
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slightly more complex and additional channel register and sequencer modules

are needed, a description can be found in [137].

2.3.1.3 Pile-up and other limitations

An ideal single photon detector counts only one event for every incident photon.

In a real device and its application, there are several sources of signal distortion

and noise which limit the accuracy and timing precision of applications. To

achieve the highest possible efficiency of a single photon detector, they have

to be characterised and eliminated or reduced in choosing suitable performance

and experimental settings.

Photon pile-up is a limitation arising from the dead time of the TCSPC

electronics in the incidence of a high photon flux. After the detection of the

first photon, the detector is inactive for a dead time usually in the order of

nanosenconds during which any second or subsequent photons will not be

counted. Therefore, earlier photons are registered with a higher probability and

are over-represented in the time-resolved measurement, an effect called pile-up.

In the case of a fluorescence decay, pile-up shortens the measured lifetime. To

reduce the probability of pile-up and allow a safe single photon regime, a

count rate of 1 % of the excitation rate should be used. As an example, for

a laser at 20MHz repetition rate the count rate should not exceed 0.2MHz.

Additionally, some TCSPC systems are designed to register only one photon

during an exposure cycle. Detecting a maximum of one photon per exposure

time means that the maximum readout rate is the inverse system dead time. If

this time is much longer than the pulse rate, this does not cause pile-up but

instead counting loss, a loss of amplitude information [137]. There are other

dead time related distortions in the timing electronics and the detector which

lead to distortions in the histogramming of photon arrival statistics and thus in

inaccurate lifetime measurements. They can be mitigated through multiplexed

detector elements or by increasing the excitation frequency [140].

Crosstalk and afterpulsing are two limitations inherent to avalanche diodes. In

both cases, an additional avalanche event is triggered without an incident photon

which increases the noise level, degrades the spatial resolution in imaging and

the spectral resolution in spectroscopy as well as degrades the timing resolution
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in TCSPC. Optical crosstalk occurs when a triggered avalanche event in one SPAD

transmits a photon to an adjacent SPAD or pixel which leads to a broadening in

signal and to a premature activation of the avalanche current. Subsequently, the

expected signal photon is missed, increasing the noise level. The probability

of crosstalk is closely related to the distance between the pixels and there

have been approaches to prevent it by incorporating isolation barriers built

into the device. The recent trend to increase the spatial resolution in imaging

with SPAD arrays requires smaller pixels and an enhanced fill factor, which is

achieved through reduced spacing between the SPADs. Crosstalk has become

the limiting factor for the maximum fill factor in densely packed CMOS SPAD

arrays [141]. In afterpulsing the triggered event of an incident photon is followed

by a second event at a later point in time due to a feedback from the detector.

Often, afterpulsing is linked to trapped charges in the deep levels of the diodes

layer structure or the the electronic quenching circuit. Recent studies found

that it can be efficiently suppressed by quenching methods [142] and software

algorithm [143].

2.3.1.4 CMOS SPAD Detectors

There are a wide range of single-photon detector technologies available ranging

from PMT and semiconductor devices including CCDs and APD [30]. Each

of these detectors has several advantages and drawbacks and the actual

applications defines the operational frame in which the most suitable detector

technology can be chosen. Single-photon avalanche diodes are based on

a p-n photodiode structure which is reverse-biased above the breakdown

voltage which is known as the Geiger mode. An incident photon triggers

an avalanche breakdown which has to be stopped and reset by a quenching

circuit. Recently, there have been developments of CMOS SPAD technology

for applications in time-of-flight imaging, LIDAR, telescopes, laser-induced

breakdown spectroscopy, time-resolved fluorescence spectroscopy, FLIM, and

time-gated Raman.

Linear arrays of CMOS SPADs have been demonstrated as a 1x256 array [144],

2x256 array [33], 2x128 array [96], and as a 8x1024 array [145]. The advantages

of CMOS SPAD sensors are a sub-nanosecond time-resolution down to 25 ps [144].
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The drawbacks are relatively high DCRs, low PDEs, and low fill-factors. The DCRs

and PDEs vary with the CMOS technology, temperature and excess voltage and

are therefore difficult to compare across papers; maximum PDEs of 25% [96]

and 34% [146] have been reported. Krstajic et al. [33] achieved a fill factors of

43.7%. Several attempts have been made to improve the fill factor including

micro lenses, back-side illumination [147] and stacked 3D sensors. While most of

the above mentioned line arrays are only able to work in one mode, either gated

single-photon counting (SPC) or TCSPC, the sensor used in this work provides

the flexibility of operating in several modes, SPC, time-gated SPC, and TCSPC.

Commonly, each pixel array shares a TDC for read-out [96, 145]. In recent efforts

to increase the frame rate separate TDC channels have been applied to each

pixel realizing multi-channel TCSPC systems [33, 144]. With individual TDCs per

pixel and through parallelisation in the readout circuits frame rates of 19000

frames per second have been achieved [34]. Additionally, data compressing

methods are being explored such as a in-pixel or on-chip histogramming [33, 51],

center-of-mass mode [148] and time-gating [34, 96]. The on-chip histogramming

mode allowed the development of a 512× 16 SPADs line arrays which a read-out

rate of 16.5 giga− event/second [51]. Time-gates can be generated either by

switching the SPADs on or off which affects the SPAD performance, and hence,

the photon counting [96], or by electrical filtering of the photon arrival signals.

Sensors with up to four sequential time windows have been developed with

time-gate width down to 0.8ns [96, 146]. The sensor in this work features

adjustable ON time-gates, which records photon events during the time-gate,

and OFF time-gates, which register photon events but the ones during the

time-gate [34].

2.3.2 Medical optical fibre sensors

The concept of guiding light through internal refraction was first demonstrated

in 1840s by Jean-Daniel Colladon and Jaques Babinet with a ‘light-pipe’ [149].

It took more than hundred years until the potential of using glass to guide

light revolutionised telecommunications. At the time, optical fibres suffered

from high transmission loss and signal distortion from modal dispersion and
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were not considered suitable for long range data transmission. In 1986, Kao

and Hochheim predicted losses of 20 dB/km at 600nm would be achievable

through improvement in the glass purity and the use of single mode fibres

to eliminate modal dispersion [150]. Today, commercial single-mode fibres

achieve < 0.2 dB/km at 1550nm and multimode fibres achieve < 8 dB/km

at 800nm. Increased need for fast transfer of information and fast technology

advancements have made optical fibres so common that they are taken for

granted in telecommunications and are cost-effective enough to widen the scope

of applications including astronomy and life sciences.

Optical fibres in the biomedical field are used for imaging and sensing; they

transport the light to where it is needed and collect the reflected, backscattered or

emitted light. Optical fibres themselves offer great advantages for use in clinical

environments as they are immune to most hazards such as electromagnetic

radiations, easy to sterilise, and non-toxic. Therefore they can be brought into

direct contact with the tissue surfaces of the organs [151]. Furthermore, the low

cost material and manufacturing process of optical fibres allow for inexpensive

and disposable single-use systems [152]. Their small volume and thin outer

diameter can access otherwise inaccessible very narrow cavities and tubular

structures inside the human body and allow for several working channels within

one tube. As mentioned before, optical fibres offer multimodal imaging and

sensing such as the combination of FLIM and OCT [13], FLIM and Raman [12],

FLIM and ultrasound [14].

2.3.2.1 Optical fibres

An optical fibre is a flexible, transparent, and cylindrical dielectric waveguide

which is made out of glass or plastic and transmits light from one end to

the other. The typical structure is composed of an inner core surrounded by a

cladding of different refractive index and a protective layer of synthetic material

which protects the fibre from internal and external disturbances and damage.

There are two types of fibres, multimode and single-mode fibre which are

differentiated by the number of optical guided modes allowed to propagate

within the core. The V-number is a dimensionless parameter that is related to

the maximum number of modes guided in the fibre and depends on the core
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diameter, the wavelength, and the refractive index difference between the core

and cladding. It is defined for step-index fibres as

V =
πd

λ
NA, (2.5)

where λ is the wavelength, d the core diameter, andNA is the numerical aperture.

Step-index single-mode fibres require a V < 2.405, while multimode fibres have

higher V-numbers. Multimode fibres are either step-index or graded-index. In

the latter, all modes travel at a similar group velocity which greatly reduces

modal dispersion [153]. The numerical aperture of a fibre describes the angle

at which rays may couple into the fibre and is given by NA = n sin(α), where

n is the refractive index of the surrounding medium and α is the maximum

half-angle of the accepted rays. The etendue, G, of an optical fibre describes its

collecting power and encompasses not just the NA but also the core diameter

and is given by

G = π(
d

2
)2NA2, (2.6)

where d is the core diameter and NA is the numerical aperture. The etendue

of the fibre can be increased through a larger core diameter and/or a higher

refractive index contrast between core and cladding material. To optimise the

characteristic of the fibre for a specific wavelength range, various materials

and dopants can be used which effect not only the transmission loss but also

the generation of fluorescence or scattering effects. There are some well-known

inherent limitations to optical fibres including cladding and higher order mode

coupling, and material, modal, and polarisation dispersion which can lead to

pulse broadening and temporal distortion [154].

Recently, a new class of microstructured fibres has found its way into

biophotonics including photonic band gap fibres [155, 156], and hollow-core

fibres [25, 26, 157]. They work with different light guidance mechanism based on

constructive interference between scattering light and offer lower loss, diffraction

free transmission and accessibility of the mid-infrared region.

2.3.2.2 Fibre endoscopes for imaging

There are two types of endoscopes used in clinical daily routine. The rigid

endoscopes which consist of a rod lens system are still widely used in
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gastroenterology and have a wider viewing angle and a higher light throughput,

but, exhibit a higher risk of injury for the patient. Flexible coherent fibre

bundles for endoscopic applications where developed in the 1950s [21]. They

can easily be inserted into the human body and are more gentle and less

invasive for the patient because of their flexibility in handling. Their size can

be of the order of hundreds of micrometers in diameter which allows access to

previously inaccessible areas, and shows their capability for miniaturisation and

multiplexing.

An imaging fibre bundle consists of thousands of cores and each of these cores

acts as a pixel of a camera. Through maintaining the arrangement of the cores,

a picture of the distal end can be viewed at the proximal end of the fibre in real

time. The main disadvantage of fibre bundles is that the unavoidable core-to-core

spacing leads to pixilation and reduces the spatial resolution [158]. A dense core

package increases the image resolution, but also introduces core-to-core coupling

which reduces the contrast of the image and introduces blurring [159]. There are

several approaches to overcome the limiting factor such as high level of glass

doping, diverse packaging of varied core sizes [22] and signal processing [160].

Imaging bundles are used either in wide-field or scanning set-ups [158]. They

have a small field of view and a very short working distance, to increase

the working distance and the imaging contrast, GRIN lenses and miniaturised

objectives are used at the distal end [158]. Recently, there are new approaches

in fibre bundle design using airclad fibres to enhance the flexibility [161] or

multimode fibres to reduce the fibre size [162, 163].

2.3.2.3 Optical fibre sensor

Optical fibre sensors can be reviewed along several axes as seen in Fig. 2.10.

Commonly, they are separated into intrinsic and extrinsic sensors. While intrinsic

sensors use the fibre itself as the sensing element, extrinsic sensors need an

additional sensing element. Intrinsic sensors ranging from grating such as

fibre Bragg gratings or long period gratings, interferometers, and resonators to

distributed sensors using Rayleigh, Raman or Brillioun scattering allowing for

continuous monitoring along the whole length of the fibre. For extrinsic sensors,

the optical fibre only transmits the light while the sensing element is external or
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Figure 2.10: Classification scheme for optical fiber sensors in biomedicine. (Modified

from [151].)

attached to the fibre such as optical transducers, surface plasmon resonators or

a remote sensor like microspheres attached to the fibre tip or a substrate which

is in contact with the fibre tip.

Fibre sensors for medical applications have explored optical modulations

in intensity, phase, wavelength and polarisation for sensing of physical,

biochemical, and physiological parameters including temperature, pressure,

enzymes, nucleic acids, pH, oxygen saturation and glucose level. Detailed

reviews of optical fibre sensors in biomedical applications can be found

elsewhere [24, 151, 152, 164–169]. We will look into two applications of optical

fibres sensors, fluorescence and Raman spectroscopy.

Fluorescent fibre sensors consist of a single or multi-fibre design. Single

excitation-collection fibres are employed for localised point sensing, while

separate excitation and collection fibres allow the sampling of different detection

locations to achieve a larger interrogation volume and to minimise distortion

from reflected excitation light [151]. However, due to the longer path ways

through the tissue, the photons are attenuated, reflected and scattered. It has

been shown that the fibre-tissue separation, the core diameter, the numerical

aperture (NA), and the illumination angle greatly influences the depth sensitivity,

the coupling efficiency and the excitation light distortions [170–173]. Simulations

50



2.3 technology

based on Monte-Carlo models2 have shown that for multi-fibre probes an NA in

the range of 0.22 to 0.4 for the collection is optimal, while the depth sensitivity

slightly decreases compared to lower NAs [170, 171]. No advantage is found

for NAs larger than 0.4. A smaller fibre diameter allows for higher resolution

sectioning because only weakly scattered return photons are collected which

limits the sampling to the surface layer of the tissue [171, 173]. While reduced

sample volumes can lead to more consistent measurements because of a better

spatial selectivity of fluorophores, larger sample volumes allow for averaging of

the inhomogeneous fluorophore distribution in tissue [172, 173]. Optical fibres

and epoxy exhibit fluorescence themselves which can be minimised through

glass doping, and carbon-filled or low-fluorescent epoxies [151].

Fibre-based Raman spectroscopy is challenging due to the inherently weak

Raman signal, therefore, the fibre probe designs focus on enhancing the

collection efficiency and minimising the distortions from unwanted background

signal [72, 151]. Higher excitation powers and longer exposure times are

accessible for ex vivo applications, however, for in vivo applications short

exposure times (< 1 s) and no thermal damage to the surrounding tissue are

crucial [68]. The size of Raman fibre probes ranges from the centimetre scale for

the external use on skin, to the sub-millimetre scale for endoscopic applications.

The small probes are able to penetrate the skin, but the design is very challenging

and the spectral performance often decreases with size [72]. As mentioned above

sampling volume and depth sectioning are important points to consider and

have to be optimised for an individual applications through beam steering and

focusing which can be achieved through distal-end optics [174] and fibre tip

designs [24, 72, 151]. Optical fibres are themselves Raman active, and there

are several attempts to avoid the background from the fused silica. To achieve

a better signal-to-background ratio, conventional Raman probes consist of a

single excitation fibre and one or several collection fibres placed around the

excitation fibres [23, 24, 135, 175]. The Raman background is dominated by the

core material and increases with the NA. However, it is not effected by the core

diameter, and the cladding and the buffer have only negligible contribution if the

2 Monte-Carlo methods are a class of computer algorithms that are often used for optimisation

problems with many coupled degrees of freedoms. They are based on the use of repeated

random sampling to obtain numerical results.
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light is correctly coupled into the fibre [176]. It has been shown that while the

Raman background dominates the fingerprint region, low OH fused silica fibres

exhibit the lowest background in the higher wavenumber region [72, 177]. While

it scales with the length of the fibre [72, 73], it is constant with time and several

computational approaches have successfully reduced the effect [79]. Recently, a

new class of microstructured fibres for Raman probes has been explored [25–27,

157]. They offer lower loss, are almost free from Raman background and have a

spatial overlap between the excitation and collection field of view.

2.3.3 Optical molecular probes

Figure 2.11: Selection of exogenous fluorophores and the spectral range of their

fluorescence emission. (Not to scale).

Optical molecular imaging provides high spatial and temporal resolution,

and high sensitivity to study molecules, cells, and microorganisms and their

dynamics in vitro and in vivo. It utilises quantifiable changes in the properties

of light to label and analyse substances in a variety of applications including

measurements of pH, oxygen, protein, and enzymes. In a clinical pathway,

autofluorescence of tissue is widely used for guidance and navigation during

endoscopic procedures, and as a indicator of abnormal tissue. Due to its low

intrinsic emission intensity, its heterogeneity in tissue and the risk of not being

preserved during tissue processing, a wide range of synthesised fluorophores,
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small molecules or quantum dots, has been made available which cover the

whole visible and near-infrared spectral range. For a selection of exogenous

fluorphores see Fig. 2.11. These fluorescent markers respond to changes in

their micro-environment with changes to their fluorescence emission, through

quenching processes or by covalent binding to cells or microorganisms. For a

molecule to be fluorescent, it requires aromatic, planar or cyclic molecular bonds.

As a rule of thumb, the longer the π bond the larger the Stokes shift. The red

and near-infrared spectrum is of particular interest because the first window

in biological tissue, ranging from 600nm to 1000nm, allows better spectral

separation between the autofluorescence of tissue and fluorescence markers, as

well as a greater penetration depth [178]. The fluorophores’ requirements and

performance differ largely, however, the critical properties are a high quantum

yield, a high chemical stability and a high photo-stability [15, 112]. They are

developed with the aim of showing high specificity and sensitivity, low cost,

ease of handling, biocompatibility, and non-toxicity. Some of these fluorophores

are not suitable for in vivo applications because they are known to change the

cell homeostasis, produce radicals or promote cell apoptosis upon excitation

There are a number of Food and Drug Administration (USA) (FDA) approved

fluorophores for in vivo applications including some fluoresceins, cyanines and

rhodamines.

Optical molecular probes take the targeted approach a step further as they

are molecules consisting of a highly selective recognition element and a ’silent’

fluorophore which lights up in the presence of the target. For an intensity-based

imaging method, the fluorophores have to show differences in the intensity

such as being ’silent’, exhibiting dim or low fluorescence emission compare

to emitting bright fluorescence. This can be used both ways. In case of

standard or time-resolved spectroscopy, changes in the spectral lineshape or the

fluorescence lifetime can be used as parameters as well. The optical molecular

probes are specific to a certain microorganism or marker molecule of an

infection or inflammation and improve the target to background ratio between

autofluorescence and pathogens [15] For example, to estimate the bacteria load

in the distal lung with OEM, they can be inserted through the working channel

of an endoscopes and in the presence of an bacteria infection are activated and

visible as ’blinking’ dots [18, 44, 179]. This method where properties of light
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are used to make an instant diagnosis in optical microendoscopy is known as

’optical biopsy’ and aims to provide the same accuracy as a bronchoalveolar

lavage (BAL)3 and histology analysis without the need of taking fluid samples,

or tissue samples.

Figure 2.12: An optical molecular probe consist of three elements: a recognition element,

a linker and a dye. The recognition element is highly selective to the

presence of keymarkers of infections and inflammations. The dye is ‘silent’

through a quenching process and dequenched or activated in the presence

of the keymarker. (Reproduced from [16].)

Optical molecular probes can be synthesised through a number of modalities

such as peptide-based, antibody-based, protein-based, and substrate-based

architectures including Au- or Ag-nanoclusters, quantum dots, silica

microspheres, and carbon nanotubes [15, 178, 180, 181]. The two optical

molecular probes used in this work are peptide-based and consist of a

recognition moiety, a linker and a fluorophore, and a schematic of these probes

can be seen in Fig. 2.12. In their ’silent’ state, the fluorophores do not emit

light, but are activated in the presence of pathogens including the upregulated

presence of enzymes, matrixins, bacteria, and fungi. Upon activation they light

up, when excited. Keymarkers for inflammations include human neutrophil

elastase in acute inflammations such as ARDS, the enzyme thrombin which

is related to pulmonary fibrosis, the scarring of the lung tissue, and the

matrix-metalloproteinase (MMP) proteins which are involved in the breakdown

of extracellular membrane in healthy and disease processes. For example,

MMP-2 is involved in chronic airway diseases such as bronchiectasis and

3 BAL is a standard medical procedure to diagnose infection, inflammations or cancer in the lung.

While it is very accurate, the analysis can take up to 72 hours which incur a delay in the diagnosis

and treatment pathway.
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(a)

(b)

Figure 2.13: (a) Mechanism of affinity-based optical molecular probes. The dye is

environment-sensitive and experience a fluorescence amplification in the

target region. (Reproduced from [16].) (b) Mechanism of activity-based

optical molecular probes. From top to bottom: auto-quenching,

self-quenching and deactivations through a FRET system. A de-quenching,

and thus, activation of the fluorophore occurs in the presence of the target,

often a keymarker for infections or inflammation.

idiopathic interstitial pneumonia, a class of diffuse lung diseases, and MMP-9

is associated with respiratory epithelial wound healing and can be found in

relation to cancer.

There are two activation mechanisms: affinity-based and activity-based. In

both cases is the dye ’silent’ in the basic state as shown in Fig. 2.13 due to

a quenching process: Auto-quenching between a fluorophore and the peptide,
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self-quenching between two or more identical fluorophores or in a FRET system

between the fluorophore and a quencher [15, 16]. For affinity-based probes,

the physiochemical properties of certain environment-sensitive fluorophores are

used. The fluorescence emission is amplified when the fluorophore reaches the

target region, as shown in Fig. 2.13(a). An example is NBD which is sensitive

to the polarity in its proximity and alters its fluorescence emission including

a fluorescent amplification within hydrophobic environments [18, 105]. For

activity-based probes the recognition element and part of the linker is cleaved

after bounding to the target moiety and releases the fluorophore as shown in

Fig. 2.13(b). Fluorophore deactivation through quenching relies on the FRET

mechanism which requires a close proximity between fluorophores, 1nm to

10nm, and an overlap of the absorption and emission spectra of acceptor and

donor fluorophores. While the first limits the number of fluorophores that can be

attached to an optical molecular probe, the later limits the number of available

fluorophore-quencher pairs [107].

Current applications for optical molecular probes range from tumour

markers [178, 182, 183], markers for cell membranes [105], human neutrophil

elastase (HNE) [17], and gram-negative bacteria [18]. The optical molecular

probes used in this work are specific to HNE and gram-negative bacteria and

have both been employed successfully in first in-human studies [18, 184]. As

mentioned earlier, the gram-negative specific probe allows the estimation of

the bacteria load in the distal lung with optical molecular imaging (OMI) [18]

based on spatial and fluorescence intensity information [179]. Cameras detect

intensity as the number of collected photons and do not offer additional

spectral or time resolution. In this case, machine-learning or signal processing

algorithm are needed to count activated probes which appear as blinking

dots of the size of 1 or 2 pixel on top of a highly heterogeneous and

complex cellular structure [44]. While intensity-based imaging observes only

changes in the intensity, additional spectral or time information would allow

further investigation of molecular and celluar dynamics due to changes in the

fluorescence emission. For example, this probe is based on the fluorophore

NBD and aims to insert itself into the membranes of gram-negative bacteria.

NBD is known to be sensitive to the polarity of the environment and has

been applied to the study of membranes [105]. Collecting further information
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about the fluorescence emission from the optical molecular probe allows for

a more in-depth study of the bacteria’s morphology and the monitoring the

effectiveness of treatment. However, wavelength-resolving or time-resolving

imaging systems often deal with large data volumes which are easier to deal

with in ex vivo and ex vitro application than during in vivo real-time applications.

Experimental approaches including ratiometric imaging and sensing and new

detector technology advancements have been explored. In this work, we explore

changes in the fluorescence lifetime and the spectral line shape.

2.4 chapter summary

In this chapter, a brief introduction to photonic applications in biomedical

imaging and sensing with a focus on fluorescence and Raman spectroscopy

is presented. For both techniques, the advantages of time-resolved methodology

have been considered. Light-tissue-interactions are discussed, especially

fluorescence and Raman scattering. Finally, the technologies crucial to the

work in this thesis are described, single photon detectors, time-correlated single

photon counting, optical fibre sensors and optical molecular probes.
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3.1 introduction

The main aim of this thesis is to investigate how time can be used as

an additional dimension to intensity and spectral changes to enhance the

sensitivity and specificity of fluorescent and Raman-based fiber optic sensors

and optical molecular reporters. Here, a single-photon line sensor developed

within the project is introduced that allows for time-resolved measurements.

The CMOS SPAD line sensor consisting of 256× 4 SPADs which can be read out

simultaneously at kHz rates. It records not only the incidence of a single photon

but also correlates its arrival time to an external electrical synchronisation signal

from the source which is sent out at the same time as the optical signal. These

arrival times are histogrammed individually for all pixels over thousands of

frames to build an intensity-over-time histogram of the investigated signals.

Further, this chapter summarises and introduces the materials and methods

used through out the thesis. It highlights the interdisciplinary aspect of this

work and draws knowledge and skills from biologists, chemists, clinicians

and engineers with optical physics joining them together. First, the CMOS

SPAD line sensor and its key parameters including DCR, PDE, IRF, and

timing jitter are described and characterised. In contrast to working with

a commercially available sensor, these parameters are accessible and can be

tuned to optimise individual experiments. Later, the time-resolved spectrometry

system is characterised and discussed in terms of spectral and temporal

properties such as resolution and throughput. The chapter finishes with a

description of the optical molecular probes, the fibre-based pH sensor for

fluorescence and Raman spectroscopy, and the biological materials.
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3.2 line sensor

3.2 line sensor

The line sensor was designed by colleagues in Professor Robert Henderson’s

group in the Department of System Engineering, University of Edinburgh, and

manufactured with support from ST Microelectronics. The interface was written

by A. Kufcsák who also performed the TDC and IRF characterisations. All other

characterisations, implementations and utilisation of this system was performed

by the author, exceptions will be explicitly noted.

3.2.1 Design of the line sensor

The line sensor combines the advantages of fast CMOS electronics with extremely

sensitive SPADs and is a further development of the 32× 32 pixel MegaFrame32

detector [185, 186], now commercially available as PF32 (Photon Force). The line

sensor has been published previously, in an earlier version by Krstajic et al. [33]

and in the version used here by Kufcsáak et al. [34].

The whole detector including the sensor, electronics and the communication

interface is integrated on a PCB exploiting a robust and compact ’system on

a chip’ design. An image of the ’Ra I’ detector is shown in Fig. 3.1(c). The

geometrical dimensions are 205mm× 125mm.

An image of the line sensor and a simplified block diagram of the sensor is

shown in Fig. 3.1(a) and (b). The line sensor consists of an array of 256 pixels,

some control logic to switch between operating modes and an internal delay

generator. The total size of the sensor is of 6610µm× 958µm. Each pixel has a

geometrical dimension of 100µm× 23.8µm and are manufactured in the 130nm

CMOS image sensor technology. As shown in Fig. 3.1(b), one pixel has 8 SPADs, 4

optimized for 450nm to 550nm and 4 optimised for 600nm to 900nm, which

are arranged in a column. Each pixel comprises of front-end, time-gating and

clock distribution electronics, collectively known as the clock trees - along with

a TDC to address the data read-out. The TDCs have a resolution of 420 ps, and

are provided with time references, timestamps and time-gates by the clock trees.

The data read-out is done in parallel with 43 1-bit wires per 4 SPADs operating

at an internal clock of 12MHz, followed by a 26 bit channel from the TDCs to the
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Figure 3.1: (a) Image and (b) block diagram of the CMOS SPAD line sensor. (c) The entire

’Ra I’ detector with line sensor, field-programmable gate array (FPGA) and

electronics integrated into a PCB. (d) Block diagram visualising the data

read-out. (e) Layout of one pixel consisting of 2 × 4 SPADs in a column

and electronics including TDCs, counters and decorder. Two types of SPADs

are used optimised for different wavelength ranges. (Reproduced with

permission from [33].)

sensor interface of the FPGA. The data from all 256 pixels is then sequentialised

by the serialiser to be read out consecutively. In comparison to earlier versions
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of this line sensor, the read-out is significantly faster due to parallel read-out

channels integrated on the sensor and an optimised time-gating circuit which

can work with the SPAD turned ON throughout time-gating, even outside the

time-gate window.

The exposure time per line, or frame rate, is fixed to multiples of 83.3ns

because of the 12MHz clock. During the exposure time, the SPADs are detecting

photons while the read-out electronics are inactive. The read-out can occur either

after the exposure and before the next exposure time or in parallel where the

data transfer happens at the beginning of a new exposure. It is 520 clock cycles,

or 43.3µs and the exposure time must not be shorter than the read-out time

when operating in parallel, otherwise the data is corrupted by the next exposure.

For the parallel option, the exposure time is limited to greater than 700 clock

cycles or 58.3µs to fulfil the criterion.

The data processing and transfer to the computer is done via an Opal Kelly

extension board on the PCB and an Opal Kelly library on the computer. The

Opal Kelly board on the PCB consists of the FPGA and a USB 2.0 controller. The

frames are stored in the data buffer which operates under ’first in, first out’

(FIFO), meaning the queue head or oldest entry in the buffer is processed first. If

the FIFO is full, the interface checks for the integrity of each frame and removes

the broken ones. The front-end software for the sensor is an in-house written

python script (python version 2.7.2) by A. Kufcsák with a graphical interface

and scripting option.

An image of one pixel as well as a magnified images of the SPADs are shown

in Fig. 3.1(e). The first array of pixels is optimised for the wavelength range

from 450nm to 550nm and are referred to as ’blue’ SPADs. These SPADs have a

circular deep-n-well to p-substrate active region with a diameter of 18.2µm and

are arranged in a column of 4 SPADs for each pixel. The blue SPADs work with

low bias voltage (∼ 14.7V) and are not easily gated off. This is not immediately

required as they are intended to be used for fluorescence lifetime detection [33].

The second array of SPADs is optimised for the wavelength range from 600nm

to 900nm, later referred to as ’red’ SPADs. These SPADs have a shallow p-well

to deep-n-well active region in the shape of a rounded square with a diameter

of 16µm. The red SPADs work with higher bias voltage (∼ 18V) and can be

gated off easily, which is necessary for time-gating Raman spectroscopy for
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which they are intended to be used. For this thesis, we exclusively used the

red SPADs because of their better DCR performance. One pixel is formed out of

four SPADs to increase the detection probability and the fill-factor to 43.7 %, with

a geometrical dimension of 100µm× 23.8µm.

The line sensor can work in three different modes, a SPC, a TCSPC mode and a

centre-of-mass mode (CMM). In SPC mode, all photons which arrive at the sensor

during the chosen integration time are counted, each adding one to the rolling

photon count before read-out of the total. In TCSPC mode, the first photon during

the integration time is counted and it is histogrammed against its arrival time

within a laser cycle. This method is less efficient and slower than SPC because

only one photon per frame is counted and more data is read-out per photon

count, however, it adds temporal information as an additional dimension to the

measurement data. The advantages of TCSPC and SPC can be partially combined

by only enabling the timing electronics in SPC mode during certain narrow time

windows where the signal of interest is expected. The CMM works with the same

histogramming principle as TCSPC, however the histogramming is done on-chip

and the centre of mass of the decay curve is derived and saved. In this thesis we

used the SPC for characterisation, and the TCSPC mode for experiments.

3.2.2 Photon detection efficiency and dark count rate

(a) (b)

Figure 3.2: (a) DCR of blue SPADs at 14.20V . (b) DCR of red SPADs at 20.20V . The

measurements were taken in darkness, and in SPC mode.
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(a) (b)

Figure 3.3: PDE and DCR of (a) blue and (b) red SPADs over various bias voltages. The

measurements were taken in SPC mode. For the PDE measurements the laser

was attenuated with neutral density filters to below one photon per exposure.

The DCR measurement was taken in dark laboratory conditions.

The SPADs are semiconductor devices based on a reverse biased p-n-junction

and operating at a bias voltage sufficiently above the breakdown voltage to

achieve single photon response. This is also called Geiger-mode. When a single

charge carrier, such as a photon or a thermally generated carrier, triggers a

self-sustaining avalanche in the depletion region the avalanche causes a rise

in the current with a sharp leading edge, indicating an event, ideally the

arrival time of the incident photon. The current continues until the avalanche

is quenched by lowering the bias voltage below the breakdown voltage where

the electric field is no longer able to accelerate the carriers enough to ionize

the lattice atoms. To activate the detector for the next incident photon, the bias

voltage must be raised again above the breakdown voltage. This is done via an

active quenching circuit with a quench time, or dead time, between 20ns to

30ns.

For the red SPADs, the breakdown voltage is 19.60V , and 13.60V for the blue

SPADs. The breakdown voltage varies for each SPAD and the mentioned values

are the limit where all SPADs are inactive. Because the bias voltage determines

the sensitivity of the SPADs and the likelihood that an incident photon triggers

an avalanche, it strongly affects the DCR and the PDE.

The DCR is defined as the average photon counts per second in complete

darkness. This means any other source that causes an avalanche breakdown
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is counted, such as thermally-generated carriers, background radiation, and

electronic noise. These carriers appear due to random electron-hole pair

generation and recombination processes within the semiconductor. The DCR for

the blue and red pixel are shown in Fig. 3.2(a) and (b), respectively. The pixels are

sorted according to the DCR they yield. It can be seen how the DCR varies greatly

across pixels and the median DCR can be used as a representative measure. For

red pixels, the median DCR at 20.20V bias voltage is around 400 counts per

second (cps). The median DCR at 14.20V bias voltage for blue pixels is around

34 kHz. In both examples, the bias voltage was chosen at 0.6V over breakdown

for comparison because it can be assumed that all SPADs are sufficiently powered.

In Fig. 3.3, the median DCR at different bias voltages is shown on the right

y-axis. It is shown that the DCR increases exponentially with increasing bias

voltage, which is more clearly seen for the red pixels, whereas for the blue SPADs

the DCR is already higher at lower bias, and the exponential rise at the highest

bias is less apparent.

Another factor that affects the DCR significantly is temperature. These

experiments were carried out at room temperature ∼ 22 ◦C, but with no active

cooling or heat conduction away from the detector. During long experiments

with the detector in a closed case, a rise in DCR was noticeable due to heat

build-up from the detector electronics. A heat transfer out of the case or an

active thermoelectric cooling (TEC), would help to minimise the DCR. However,

the detector is still in its very early stage of development and focus has been an

the functionality of its various detection modes and its time-gating capabilities.

The PDE describes the probability of detection for one incident photon1. It is

defined as the detected number of photons divided by the number of incident

photons. To determine the number of incident photons in a single photon device,

one can either use a well calibrated single-photon detector as a reference or

measure the power of the incident light beam with a regular power meter, i.e. a

photo-diode, before reducing the beam power using a series of precisely known

optical attenuations. The latter is most challenging as it requires extremely

1 Alternate terminology are often used: PDE can refer to the efficiency of the system, also called

the system detection efficiency and include factors such as coupling losses, and fill factor, or

can refer to the efficiency of the detector alone with ideal photon coupling, also called quantum

efficiency.
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accurate measurements and tight uncertainties. The challenges include the

temporal fluctuations of the laser source, the uncertainties in the manufacturer’s

specification of the absorption filters and a sufficiently calibrated power meter.

Most of the challenges can be overcome by a more sophisticated experimental

set-up such as a calibrated laser method or a correlated photon method [30].

As a more accessible indicator for the changes in sensitivity of the line sensor

with operating conditions, the relative photon efficiency was determined as the

relative amplitude of the photon counts compared to the maximum observed on

the line sensor for various bias voltages per wavelength. Qualitative assessments

of the photon efficiency is sufficient for optimising experimental conditions

without exact photon efficiency values known. The measurement was performed

under laser illumination reduced to below one photon per exposure such that

no saturation occurs. The relative photon efficiency can be seen in Fig. 3.3(a)

and (b), respectively for the blue and red SPADs. For low bias voltages, a linear

dependency between the efficiency of detecting photons and the bias voltage is

observed which develops into an exponential growth for extremely high bias

voltages.

(a) (b)

Figure 3.4: NEP versus bias voltage for (a) blue SPADs and (b) red SPADs, based on data

shown in previous figures, Fig. 3.3(a) and (b).

During measurements, often a trade-off between a higher sensitivity, meaning

high bias voltage and high noise, and low noise, meaning low bias voltage and

low sensitivity, has to be made. To evaluate this, we used a figure of merit for
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single photon detectors which is called the NEP, discussed by Hadfield [30]. The

NEP is defined as

NEP =
hν

η

√
2D, (3.1)

where h is Planck’s constant, ν the photon frequency, η the photon detection

efficiency and D the dark count rate. It is often desirable to work at the lowest

possible value of NEP because this corresponds to a low DCR and a more sensitive

detector. From Fig. 3.4 we can estimate that a good experimental condition can

be achieved at low bias voltages.

3.2.3 Spectral photon detection efficiency

Figure 3.5: Spectral oscillation visible in the PDE of the red SPADs due to the stacking

process and the incident angle of the photons.

Another inherent phenomenon of the CMOS technology arises when the

measurement range covers a wide spectral range. As shown previously, the PDE

is affected by the wavelength of the arriving photons, because the wavelength

of a photon is inversely dependent on its energy. In Fig. 3.5, the relative PDE is

measured over a spectral range from 400nm to 900nm under low light condition

ensuring one photon per frame. The maximum efficiency of this line sensor is

around 680nm. The curve shows strong spectral oscillations which are more

distinct for the shorter wavelengths. The spectral oscillations in the PDE are not

unknown in CMOS detectors [51, 139] and are related to Fabry-Perot oscillations
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between the alternating silicon dioxide and silicon nitride layers of the CMOS

structure. The amplitudes of these spectral oscillations are dependent on the

wavelengths and on the incident angle of the photons on the pixel. In our design,

the photons enter the sensor perpendicular to its surface, hence the spectral

oscillations are distinct. They can be almost erased if a shallower incident angle

to the sensor is chosen in the spectrograph design.

3.2.4 Time-to-digital converters

Figure 3.6: TDC resolution for each pixel. The mean TDC resolution of the detector used

here is 423 ps (Data taken by A. Kufcsák).

The time resolution or bin width of the histograms of this line sensor is

determined by the resolution of the TDCs. This measurement was performed

by A. Kufcsák. To measure the resolution of the TDCs, a pulsed laser (44 ps pulse

width, 50 kHz repetition rate, 403nm laser head, PLP10 laser driver, Hamamatsu

Photonics) was directed onto the line sensor and attenuated to single photon

level. The trigger signal of the laser was connected to the sensor as STOP signal

through a digital delay generator (DDG645, Stanford Research Systems). The

histogram was recorded for two cases: first without a trigger signal delay, and

secondly with a delay of 15µs. A relatively large delay was applied between the

two measurements, and a low repetition rate was accordingly needed, in order

to achieve a high resolution of the TDC measurement, which would otherwise

be heavily quantised. The different position of the laser peak on the time-stamp
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histogram was compared and the resolution of the timestamps was estimated by

dividing the time of the applied delay by the number of time bins between the

laser peaks. The TDC resolution for each pixel can be seen in Fig. 3.6. The mean

TDC resolution is 423± 4ps.

3.2.5 Instrument response function

(a) (b)

Figure 3.7: FWHM of the IRFs for the (a) blue and (b) red SPADs for all pixels. Four

wavelengths have been selected for reason of visibility. Key: black - 480nm,

red - 520nm, blue - 640nm, and green - 720nm. The black line indicates

pixel 100. (Data taken by A. Kufcsák).

Figure 3.8: Selected IRFs of pixel 100 for (a) blue and (b) red SPADs taken with a 600nm

excitation wavelength. (Data taken by A. Kufcsák).
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Fig. 3.7 shows the FWHMs of the recorded IRFs across all pixel for four selected

wavelengths. It can be seen that the IRF is wavelength dependent and varies with

the SPAD design. The blue pixels exhibit overall a shorter IRF, < 1ns than the red

pixels.

Fig. 3.8 shows a sample IRF from one pixel, pixel 100, for the red (left) and blue

(right) pixels. The FWHM of the laser peak on the TCSPC histograms are 0.62ns

for the red pixels and 570ns for the blue pixel at 600nm excitation wavelength

(∼ 6 ps pulse width, WhiteLase Micro supercontinuum, Fianium). The FWHM of

the laser peak shows location variability across the sensor and is wavelength

dependent.

The IRF of the red pixels has a longer exponential tail, also known as ‘diffusion

tail’. This is due to the wide photo-carrier diffusion region for enhanced

collection of long wavelength photons [34]. While the blue SPADs have a narrower

IRF, the higher DCR makes them less advantageous and the red SPADs have been

used throughout this thesis. The data for the IRF measurements have been taken

by A. Kufscák.

3.2.6 Summary

Array size 256 × 2

Pixel size 23.96µm × 100µm

Fill factor 44.7 %

Median DCR 400Hz (red), 34 kHz (blue) @ 0.6Ve

PDE 17 % @ 480nm (red), 7 % @ 620nm (red) [51]

IRF 0.62ns (red), 0.57ns (blue) @ 600nm

No. of timing

channels

256 TDCs, 1 time-gate

TDC resolution 0.42ns

Table 3.1: Summary of the specifications of the CMOS SPAD line sensor.

The key parameters of the line sensor have been investigated. The

specifications of the line sensor are given in Tab. 3.1. It has been shown that
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the DCR grows exponentially with bias voltage, while the PDE grows linear

and shows wavelength dependency. Erdogan et al. [51] published a peak PDE

of 17% at 480nm for a similar ’blue’ SPAD and a peak PDE of 7% at 620nm

for a similar ’red’ SPAD. Both SPADs show strong spectral oscillations, similar

to the ones observed in this work. The DCR of the red SPADs is also an order

of magnitude smaller than the one of the blue SPADs. Taking both findings

into account, we decided to work solely with the red SPADs. The bias voltage

was modified for the individual experiments depending on the signal strength.

For fluorescence spectroscopy, a stronger signal which is less susceptible to

background was expected, hence a higher bias voltage of ∼ 21V was chosen.

For Raman spectroscopy, a weaker signal which is more affected by background

was expected. To reduce the DCR further and improve the signal-to-noise ratio,

a lower bias voltage of ∼ 20.5V was chosen at the cost of a lower detector

sensitivity.

3.3 fibre-coupled time-resolved spectrometry system

The basic design of an optical fibre-coupled time-resolved spectrometry system

consists of four parts: a pulsed laser for excitation, an optical coupling and

collection system based on the layout of an epi-fluorescence microscope, a

spectrometer to disperse the light spatially by wavelength and a line sensor

for single-photon detection. The fibre-coupled design is extremely versatile

and flexible for proof-of-concept testing of various fluorophores across a broad

spectral range with key components such as laser sources, filters and beam

splitters accessible and interchangeable. It also has the potential to be compact

and mobile, suitable for in situ applications, and can be easily taken forward for

automation with motorised filter wheels and stages.

Two versions of the spectrometer component were built, a low resolution

one for fluorescence lifetime sensing in the visible spectral region and a high

resolution one for Raman sensing in the near-infrared spectral region. The

previously described line sensor was utilised as a detector working in TCSPC

mode with parallel pixel read-out, so no scanning element was needed to gather

a broad spectral range.
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3.3.1 Fluorescence time-resolved spectrometer

Figure 3.9: Experimental set-up for time-resolved fluorescence spectroscopy.

A schematic of the fluorescence time-resolved spectrometer is shown in

Fig. 3.9. The excitation sources for fluorescence are a 485nm or 640nm pulsed

laser (LDH-D-F-N-480, LDH-D-F-N-640 with PDL 800-D driver, PicoQuant).

For most of the experiments, a repetition rate of 20MHz, and a low average

excitation laser power of 20µW where used ensuring a single photon regime

and avoiding pile-up effects.

The laser light passes through a notch filter, F1. This so called emission filter

selects the emission wavelength and removes unwanted light from emission

sidebands of the laser. The excitation light is then coupled into the fibre under

test with a dichroic beam splitter, BS1. The collected light from the fibre is

transmitted through the dichroic beam splitter, BS1, and an emission filter,

F2, filters out any residuals from the pump light. If not stated otherwise,

an excitation bandpass filter at 475± 16nm, a longpass emission filter with a

cut-off at 515nm and a dichroic beamsplitter with a transmission cut-on at

505nm (FITC-LP01-Clinical-000, Semrock) were used. Identical lenses, L1 - L3

(f = 11mm, NA 0.3, Ashperic lenses, Thorlabs), are used to achieve simple

and efficient coupling into and collection from various fibres under test such as

multimode fibres and multi-core fibres with various core diameters and NA.
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For fluorescence, a large spectral range at the line sensor is preferred at the

sacrifice of high spectral resolution. The transmission grating, G1, is optimised

for 650nm with 600 grooves /mm and an angle of incidence of 35° (Wasatch

Photonics). A collimation lens, L4, of f = 30mm and a focusing lens, L5, of

f = 50mm (both Achromat Doublets, Thorlabs) are used. We achieved a spectral

range of 350nm across the line array centred at 680nm. The dispersion is

1.37 nm /pixel and the spectral resolution is 4.8nm for the central wavelength

A throughput of 80 % is achieved for the centre wavelength as measured with a

photodiode (S120C Thorlabs).

3.3.2 Raman time-resolved spectrometer

Figure 3.10: Experimental setup for time-resolved Raman spectroscopy.

A schematic of the near-infrared time-resolved spectrometer is shown in

Fig. 3.10. The excitation source was a 785nm pulsed laser (LDH-D-F-N-780 and

PDL 800-D, PicoQuant, spectral FWHM < 0.35nm).

The optical coupling and collection system was the same as described above

with a filter set optimised for near-infrared detection. If not stated otherwise the

near-infrared band of a custom-made three band filter set was used, excitation

band at 780/20nm, a longpass emission band with a cut-off at 815nm and

a dichroic beamsplitter with a cut-off at 810nm [33]. For the spectrometer a

collimation lens, L4, of f = 50mm, a transmission grating, G1, optimised for

871nm with 1624 grooves /mm and an angle of incidence of 45° (Wasatch), and
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a focusing lens, L5, of f = 30mm (both Achromat Doublets, Thorlabs) were

used. This ensured a high resolution but reduces the spectral range to 80nm

across the line array centred at 870nm. The dispersion was 0.3 nm /pixel and

the spectral resolution was 1.6nm for the central wavelength, measured with

the laser. A throughput of 78 % for the centered wavelength was measured with

a photodiode (S120C Thorlabs).

3.3.3 Discussion

As with every optical set-up the light is affected by its components such as

spherical aberration caused by refraction geometry2 and chromatic aberration

caused by the material dispersion3. Both aberrations lead to a defocus towards

the edges of the line sensor which results in a decreased resolution and

decreased intensity. The focusing lens used is a simple aspheric lens, but could

be easily exchanged for achromatic doublets, achromatic aspherical lens or

Gauss lens which are compound lens to correct for optical aberration. For the

6mm wide line sensor used here, the vignetting from the edges of the circular

aperture of the focusing lens were negligible, however they do affect the next

generation line sensors which are twice the size. Defects at the grating such as

scattered and stray light are negligible in this experimental set-up.

The relatively simple design of a transmission spectrometer was chosen

deliberately. We used off-the-shelf parts and kept the total number of

components to a minimum in order to reduce the cost and complexity of the

set-up, bearing in mind that these are initial proof-of-concept experiments. The

experimental design chosen is flexible to cover a broad spectral range for various

optical probes, reporter molecules and sensors. If probes and their spectral

characteristics are finalised, the degrees of freedoms of the optical set-up can

be narrowed down and the whole set-up optimised in throughput and spectral

resolution.

2 Spherical aberration is an effect that light rays experience an increased refraction when arrive

towards the edges of the lens compare to the centre of the lens.
3 Chromatic aberration is an effect where wavelength of different colours experience different

refractive indices at the lens and as a results have different focal planes.
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3.4 sample preparation

3.4.1 Delivery optical fibres

(a) (b)

(c) (d)

Figure 3.11: Optical micrographs of the delivery optical fibres: (a) Single core MMF with

50µm core diameter and NA 0.22) (Thorlabs). (b) Multimode multi-core

fibre (MCF) with 19 germanuim-doped cores and silica cladding of 150µm.

(c) Imaging fibre bundle consist of 8100 cores (Image taken by Dr J. Stone,

University of Bath). (d) Hollow-core negative curvature hollow-core fibre

(NCF) composed of a ring of 7 silica capillaries and a double cladding

structure (Image taken by Dr S. Yerolatsitis, University of Bath).

In this thesis, the optical fibres are used as passive fibre sensors purely to

collect and transport the light to and from the samples. Therefore, optical

fibres have to be chosen which do not impair the signal, or interfere as little
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as possible. Single-mode optical fibres have the advantages over MMF to be

unaffected by modal dispersion and as a result experience less temporal pulse

broadening which is beneficial in time-resolved experiments. As a rule of thumb,

in a step-index MMF with a core diameter of 50µm modal dispersion can be

estimated to be 50 ps for one meter length4. If not stated otherwise, 3m MMF

were used in the experiments, which is the estimated length needed for fibre

bronchoscopy, and with a detector time resolution of 0.42ns, modal dispersion

is negligible. As a trade-off between the light gathering efficiency of larger core

MMFs and the best possible temporal resolution achievable with single mode

fibre (SMF), we chose to work with mainly with MMFs of a core diameter of 50µm.

To overcome the limitation in temporal resolution due to modal dispersion in

a step-index MMF, graded-index fibres can be used. In a graded-index fibre,

the refractive index decreases with increasing radial distance from the core

which allows the modes to travel at a more similar propagation velocities. This

reduces modal dispersion, and hence, the temporal broadening of the signal.

As mentioned above, for the relatively short length of fibre, ∼ 3m the modal

dispersion is negligible, however it might become important if longer length of

fibres are used or a detector with a better temporal resolution.

A summary of the fibre specifications can be found in Tab. 3.2. Where

necessary, the custom-made optical fibres were fabricated by colleagues from

Professor Tim Birks’ group at University of Bath.

3.4.1.1 Single core multimode fibre

The step-index MMF are standard “off-the-shelf” optical fibres from Thorlabs. A

cross-section of the fibre can be seen in Fig. 3.11(a). These fibres have a pure silica

core with fluorine-doped silica cladding and an acrylate coating. To ensure the

transparency in different wavelength range, these MMFs are doped with a choice

of low and high concentrations of hydroxyl ions (OH). For our applications as

low as possible background of the fibre is advantages and the MMFs are used for

fluorescence spectroscopy at the excitation wavelength of 485nm and Raman

spectroscopy at the excitation wavelength of 785nm, therefore the low OH fibre

4 This estimation is based on a simplified ray optics model and might be greatly over-estimating

the modal dispersion. A more realistic approach uses Maxwell equations with the correct

boundary conditions [153].
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Fibre Abbre. core diam. cladding diam. NA

Step-index

multimode

fibre

MMF 50µm 125µm 0.22

Multimode

multi-core

fibre

MCF 19× 10µm 150µm 0.3

Negative

curvature

hollow-core

fibre

NCF 24µm 166µm 0.05

Imaging fibre

bundle

450µm 550µm 0.3

Table 3.2: Summary of the specifications of the optical fibres used throughout this work.

was chosen. If not stated otherwise, a bare optical fibres with a core diameter

of 50µm and NA 0.22 connected with a FC/PC fibre connector and a bare fibre

terminator (B30250C and BFT1, Thorlabs) were used.

3.4.1.2 Multi-core fibre

The multimode MCF was fabricated using the “stack and draw” process

commonly used to fabricate photonic crystal fibres as described elsewhere [49].

The 19 cores are made from germanium doped optical fibre preform (diameter

of 32mm, NA 0.3, Draka-Prysmian) which were jacketed with pure silica tube

to increase core-to-core separation. The final diameter of the each of the 19

cores was 10µm, with a centre-to-centre separation of 23µm. Due to the large

core-to-core spacing, no crosstalk between the cores has been observed during

experiments. The outer diameter of the whole fibre was 150µm. A cross-section

of the fibre can be seen in Fig. 3.11(b).
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3.4.1.3 Imaging fibre

The low index contrast imaging fibre was developed with three priorities; high

resolution, low cost, and comparable overall performance to the fibre bundles

commercially available.

In an imaging fibre each core acts as a pixel which means the resolution

depends on the core diameter and the core-to-core spacing. The closer the cores

the higher the resolution, which is then limited by the core-to-core coupling.

Instead of meeting this issue with high index fibres, fibres of various core sizes

were used side by side to reduce the coupling between adjacent cores. Because

neighbouring cores have different propagation constants the light from one core

is not stimulated to couple into the other core. The imaging fibre is made out of

single mode telecommunication preform (graded-index germanium-doped core

and thin silica jacket, diameter of 32mm, NA 0.3, Draka-Prysmian) to keep it

inexpensive. Manufacturing is a three stage process and described in Stone et

al. [22]. In total 8100 cores of 2µm to 3µm core diameter and a core-to-core

spacing of 3µm to 4µm form the imaging fibre. The outer diameter is 550µm

with the imaging fibre measures 450µm in the diagonal. An image of the

imaging fibre can be seen in Fig. 3.11(c). The imaging fibre has shown improved

imaging performance over a wide spectral range in comparison to commercial

available imaging fibre (FGIH-30-650s, Fujukura), but has been manufactured in

a low-cost and simpler technique [22].

3.4.1.4 Hollow-core fibre

The NCF was fabricated using the stack-and-draw technique [27] and a

cross-section can be seen in Fig. 3.11(d). The inner region consists of a single

ring of 7 non-touching silica capillaries (diameter 16µm) around an empty core.

As seen from the centre, the core boundary has a convex negative curvature,

unlike the concave positive curvature boundary of a standard circular core

fibre. According to the anti-resonant reflecting optical waveguide (ARROW)

model [157], the walls of the capillaries act as Fabry-Perot resonators. While

the light at their anti-resonant wavelength is rejected, it is confined in the core,

and thus guided in air. The thickness of the capillary wall determines the

operational low-loss passband of the fibre. The interaction between the silica
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glass and the guided mode are greatly reduce through the negative curvature

of the core boundary and the separation of the capillaries, and the measured

Raman background was found to be 1000x smaller than in conventional MMF [27].

The NCF is designed to guide light of wavelength 785nm and is 24µm in

diameter with a NA of 0.05. This region is surrounded by a cladding of pure silica

(diameter 128µm) and a cladding of fluorine doped silica (diameter 166µm and

NA of 0.206) to enhance the collection efficiency.

3.4.2 Optical molecular probes

Optical molecular probes are chemical molecules consisting of a highly selective

recognition element and a fluorophore. In its non-activated state, the fluorophore

’silenced’ through a quenching process and only weak fluorescence emission

is detectable. In the presence of the target, the fluorophore dequenches and

emits a strong fluorescence. The two optical molecular probes used here have

been synthesised by colleagues in Professor Mark Bradley’s laboratory in the

Department of Chemistry, University of Edinburgh and are now manufactured

to good manufacturing practice (GMP) for first-in-human studies.

3.4.2.1 BacTwo

The optical probe ’BacTwo’ is a fluorescent labelled polymixin analogue which is

used to determine the gram-status of bacteria in situ. A widespread approach has

been used in the development by labelling an antimicrobial peptide derived from

the known antibiotic polymixin B which is specific for gram-negative bacteria.

Polymixin is derived from the bacterium Paenibacillus polymyxa and is therefore

a naturally occurring peptide.

From the primary structure of polymixin B, the hydrophobic tail and two

amino acid residues were removed and replaced with a polyethylene glycol (PEG)

linker attached to one molecule of the environment sensitive fluorophore NBD.

The final chemical structure can be seen in Fig. 3.12, the whole synthesise is

described in Akram et al. [18] and in [187]. The cyclic bacterial binding structure

of polymixin B was not altered in this process because its intact form is crucial

for the binding to the bacterial membrane which is mediated through the
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Figure 3.12: Chemical structure of the optical molecular probe BacTwo. (Reproduced

from [18])

lipopolysaccharide (LPS). The PEG linker affects the gram selectivity of the final

compound.

In its form as an antibiotic, the hydrophobic tail binds to the membrane of

the bacteria, making it permeable and causing water intake which results in the

death of the bacteria. By removing the tail, the NBD-PMX construct ’BacTwo’

should not harm the bacteria anymore but instead label it enhancing the

fluorescence emission of NBD in the hydrophobic environment of the membrane.

This has been proven through transmission electron microscopy (TEM) images of

Escherichia coli (E. coli) incubated with BacTwo which showed protrusions at the

membrane surface which could not be seen with the control [188]. This suggests

membrane disruption by the hydrophobic tail of the original polymyxin B still

takes place but is not causing an immediate cell death.

A library of probes were synthesised and the lead compound has been

selected after a high specificity and selectivity to label clinically relevant bacteria,

a high signal-to-noise contrast, a resistance to degradation and stability in

the presence of human lung bronchoalveolar lavage (BAL) from patients with

acute respiratory distress syndrome, and a high affinity and bacterial detection

by a clinically approved optical imaging system in human lung alveolar

tissue [188]. The selective labelling capacity of BacTwo has been demonstrated

against various gram-negative and gram-positve bacteria with a fibre-based
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confocal fluorescence microendoscopy system. It is water soluble, chemically

stable, non-toxic and enabled detection of gram-negative bacteria in fluorescence

imaging within 60 s with a clinical relevant load of 1 × 105 colony-forming

unit (CFU)/ml. The results of the preclinical ex vivo ovine model study and first

in-human pilot study have been published elsewhere [18, 188].

3.4.2.2 Neutrophil Activation Probe

Figure 3.13: Chemical structure of the optical molecular probe NAP. (Reproduced

from [17].)

Human neutrophil elastase (HNE) is a proteolytic enzyme which is stored

in the primary granules of neutrophils and is mobilized when neutrophils

become activated during inflammation. The main functionality of HNE is the

destruction of bacteria. However when uncontrolled behaviour occurs, they

can cause the pathogenesis of acute and chronic inflammatory diseases such

as acute respiratory distress syndrome, cystic fibrosis, and chronic obstructive

pulmonary disease. Excessive HNE degrades the extra-cellular matrix, cleaves

cellular receptors, activates profibrogenic mediators and contributes to epithelial

and endothelial damage [17]. As thus, the detection and monitoring of HNE

could be important for therapeutic applications.

The NAP is based on a three-branched fluorescent labelled scaffold which

shows the phenomenon of internal self-quenching. It is synthesised by adding a

peptide sequence and a fluorophore to a dendrimer scaffold which was built

according to Avlonitis et al. [17]. Dendrimers are a class of macromolecules

created by a stepwise attachment of monomer to a central core before
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terminated by a chemical group specific to further compound attachment.

As a linker, a peptide sequence (-Glu-Glu-Ile-Nle-Arg-Arg) was added to the

scaffold, followed by the fluorophore 5,6-carboxyfluorescein (FAM) via a soluble

polyethylene glycol. In total three fluorophores are present per optical probe

which has been shown to be non-toxic, water soluble, and chemical stable. The

chemical structure of NAP can be seen in Fig. 3.13.

The optical detection of activated neutrophil activity is based on the capability

of being dequenched by HNE. HNE is either found extracellular, being released

during degranulation and present either attached to the cell wall or in close

proximity, or intracellular after phagocytosis. As thus, a small increase in

fluorescence emission is expected outside the cell, while a significant increase

of fluorescence emission occurs when the deqenching is occurring within the

cell.

NAP has shown cellular selectivity against peripheral blood mononuclear cell

(PBMC) and neutrophils, and preferential selectivity on a molecular and enzyme

level [184, 189].

3.4.3 Bacterial detection assay using BacTwo

3.4.3.1 Bacteria culture and labelling

The protocol of the bacteria detection assay was developed by T. R. Choudhury

and S. Duncan who also prepared the samples on the day. The E. coli (strain

ATCC 25922) were grown on a Lysogeny broth (LB) agar plate. A single bacterial

colony was placed into 10ml of LB and incubated at 37 ◦C overnight in an orbital

shaker. The optical density (OD) of the bacteria cultures were measured and

reconstituted to 1 OD in phosphate buffered saline (PBS) (Life Technologies). The

cultures were then centrifuged at 1252 g for 1 minute and washed three times in

PBS. To assess the lifetime of live bacteria, the bacteria were stained with BacTwo

at the desired concentration of 10µM for 10 minutes, before being washed in PBS

two times to remove any excess dye. The stained bacteria were then resuspended

into 200µL PBS and plated for CFU measurement.

To assess the fluorescence lifetime of dead bacteria, three differently killed

bacteria samples were prepared. For heat killed bacteria, the labelled bacteria
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(a) (b)

(c) (d)

Figure 3.14: TEM of E. coli before and after exposure to heat and antibiotics: (a) live, (b)

after heat treatment at 65 ◦C for 2 hours, (c) after treatment with 3 mg /mL

of Nalidixic acid (Sigma-Aldrich), and (d) after treatment with 0.5 mg /mL

of Polymixin B (Sigma-Aldrich).

were heat treated at 65 ◦C for 2 hours in a water bath. Two antibiotics specific to

gram negative bacteria were used to kill the bacteria. Nalidixic acid (Nalidixic

acid > 98% Simga-Aldrich), which targets the DNA of the bacteria and inhibits

bacterial division reversibly, and Polymixin B (Sigma-Aldrich), which targets the

cell membrane, making it more permeable for water and causing the bacterial

deaths. To kill the bacteria cultures, 3 mg /mL of Nalidixic acid were needed and

0.5 mg /mL of Polymixin B. In both cases, the cultures were left for 2 hours at

37 ◦C in a shaker. For validation, a microbial cell viability assay (BacTiter-Glo™)

was performed to confirm the death. For fibre-based sensing, 50µL of labelled

bacteria were placed in a 96-well plate (Corning Costar) onto a small slice of

lung tissue, prepared as described below.
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TEM images were taken to show the effects of the antibiotics in morphology of

the bacteria. In Fig. 3.14(a), a live E. coli is seen with the membrane surrounding

the ribosomes visible in black and the DNA nucleoid as brighter shades in the

middle of the bacteria. The heat-killed bacteria (Fig. 3.14(b)) shows an intact

membrane but a disintegration of the DNA nucleid and ribosome structure

inside the cells. The E. coli killed with Nalidixid acid shows and intact membrane

and ribosomes but a destroyed DNA nucleoid. This is expected as Nalidixic

acid is used in low concentrations to inhibit growth and reproduction of DNA,

whereas it can kill the bacteria in higher concentrations. The E. coli killed with

Polymixin B shows an disintegrated membrane. Polymixin B binds to the LPS

in the outer membrane of the cell and causes disintegration and enhances

permeability which leads to intake of water and slow disorganisation of the

inner structure of the bacteria.

3.4.3.2 Human lung tissue

Human lung tissue was obtained from the periphery (non-cancerous) region

and from non-small cell lung cancer of patients undergoing surgical resection

for lung carcinoma. The study was approved by the Regional Ethics Committee

(NHS Lothian Bioresource, REC 13/ES/0126, Study SR419) and informed

consent was obtained. Fresh tissue at resection was transferred and snap frozen

for later analysis and stored at - 80 ◦C. On the day of use, the thawed tissue

is dissection into very thin and small sections (4mm× 4mm× 1mm). For the

fibre-based sensing, the tissue slices are placed into a 96-well plate (Costar

Corning) before the labelled bacteria were deposited onto it. For the imaging

application, the tissue was placed onto the labelled bacteria in a Fluorodish cell

culture dish.

3.4.3.3 Ex vivo lung perfusion (EVLP) model

The EVLP model was developed as part of the ENLIGHTEN programme

(Universities of Edinburgh, Glasgow and Newcastle) and was approved by

the Regional Ethics Committee (NHS Lothian Bioresource, REC 16/LO/1883,

”ENLIGHTEN - Optical Molecular Imaging and Sensing during Ex Vivo Lung

Perfusion”). EVLP offers the opportunity to retrieve donor lungs that are deemed
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Figure 3.15: Set-up used for the ex vivo lung perfusion (EVLP) experiments with a human

transplantation lung.

not fit for transplantation, either because they are functioning poorly or in which

function is uncertain. These ex vivo human lungs undergo EVLP and are being

assessed for human lung physiology objectively with a view to recondition them

for safe transplantation. Afterwards without disrupting the primary assessments,

they offer a model for implementation, validation and optimisation of novel

real-time optical technologies.

Consent was taken for retrieval of human lungs declined for lung

transplantation which were explanted and flush perfused as per standard

clinical procedure by the National Organ Retrieval team and transported on

ice immediately to our centre. The lungs were separated and prepared for single

lung perfusion and ventilation after a protocol developed by Dr T. H. J. Craven

and A. Marshall [49]. The EVLP set-up is shown in Fig. 3.15. Bronchoscopy

was performed once ventilation had commenced. E. coli (OD 1, 2mL) labelled

with 5µM BacTwo were prepared after protocol 3.4.3.1 and delivered through
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the delivery channel of the bronchoscope into the proximal end of a lobar

bronchius of the right lung. After 90 minutes, the presence of labelled bacteria

in the respective sections was confirmed via imaging with a wide-field

fibre-based fluorescence microendoscopy system, before time-resolved sensing

was performed via the imaging fibre bundle and the time-resolved spectrometer.

3.4.4 Fibre-based pH sensors for fluorescence spectroscopy

(a)

(b) (c)

Figure 3.16: (a) Brightfield image of 10µm amino functionalised silica microspheres

covalently functionalised with FAM (not representative of loading density).

(b) SEM images of an etched MCF after the loading with microspheres. (c)

Absorption spectra of the Fam 1:1 - “saturated” and normally loaded pH

sensors at pH 5.9 and 8.0. Reproduced from [49].

The FAM based pH sensor on functionalised silica microspheres were prepared

by M. Ucuncu according to a protocol adapted from [49]. The pure FAM stock

solution used here was prepared from 187µL FAM, 131µLOxyma, 50µLDIC, and
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52µL DMF and added to 10mg microspheres. This describes the ’fully loaded’

or FAM 1:1 sensors. A schematic of the functionalised microspheres can be seen

in Fig. 3.16(a). Various diluted sensors were prepared with the same method

except that the FAM solution was diluted before being added to the micropsheres.

Sensors with two times (FAM 1:2), six times (FAM 1:6), eight times (FAM 1:8),

and ten times (FAM 1:10) dilutions have been prepared and tested.

To attach the functionalised silica microspheres to the distal fibre tip, the

distal end of the MCF (19 cores, core diameter 10µm) was etched, procedure

described in [49]. The etched distal end of the fibre was then inserted into an

1.5mL Eppendorf tube (Fisher scientific) containing the functionalised silica

microspheres and gently tapped to load them into the etched cores. The fibre

tip was then wiped with a tissue and dipped into distilled water to remove

any excess microspheres. The etched MCF with added microspheres can be

seen in Fig. 3.16(b). The mechanical stability of the microspheres in the etched

cores has not been investigated yet, however, they survive rubbing against a

tissue, ultrasound, and sterilisation. Further work will also include the precise

depositioning of the microspheres into the etched cores to allow multi-parameter

sensing.

These functionalised pH sensors with different loading densities have been

characterised spectroscopically previously [49]. The fully loaded FAM 1:1 sensor

exhibits a significantly broader absorption spectra than the Fam 1:10 sensor, as

shown in Fig. 3.16(c). It has also been shown previously that the Fam 1:1 sensors

has a lower fluorescence intensity than the Fam 1:10 sensors and it is more robust

to photo-bleaching. These effects can be explained by quenching or the presence

of dimer or trimers [190]. According to the manufacturer these microspheres

have 1× 109 free NH units on their surface. Assuming a diameter of 10µm for

each sphere, if all free NH units where occupied the spacing between molecules

would be 0.5nm which is close enough for FRET to occur [107]. Although the

loading process has been repeated several times to ensure the highest possible

loading was achieved, there has been no quantitative validation of the actual

number of attached fluorophores to free NH units.
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3.4.5 Fluorescence pH assay with FAM and NAP

Fluorescein and its derivatives have long been known for their pH sensitivity [36,

37]. Four samples were tested for their pH sensitive response in fluorescence

lifetime: NAP, NAP activate with HNE, DC4 which is a non-pegelated derivative

of NAP and as a control FAM (Thermo Fisher Scientific). The NAP samples were

prepared in 5µM concentration while FAM was prepared in 15µM concentration

to account for the three fluorophores attached to NAP samples. The solutions are

tested in various pH buffers from 1 to 10.5 in 0.5 increments for changes in

fluorescent lifetime. The fibre tip of a 5m MMF is dipped into the solutions in

a random order. The probes are excited at 485nm and the spectral range of the

recorded data was 500nm to 600nm. An exposure time of 25µs per frame was

chosen and a total integration time of 1 s. To ensure single-photon conditions,

the average excitation power was varied from 320µW for the solutions with pH

1 to 5 to 32µW for the solutions with pH 5.5 to 10.5

3.4.6 pH nanosensors for Raman spectroscopy

The enhancement factor in the SERS technique depends on the material, size

and shape of the metal surfaces [125, 126]. In this case, gold nanoshells with a

diameter of ∼ 150nm (Bare AuroShell Particles in deionised water, Nanospectra

Biosciences Inc.) were chosen according to the excitation wavelength of 785nm.

The absorption curve of these nanoshells is shown in Fig. 3.19(a) with a

maximum absorption at 768nm. It has been shown that maximum enhancement

can be found when the excitation wavelength is blue-shifted to the plasmon

resonance of the SERS particles [191, 192] which can be experimentally found as

the extinction or absorption maximum. While this is not in perfect resonance

this appears to not have affected our experimental results negatively.

4-MBA was used as a pH sensitive molecule [23, 130, 131, 193, 194] and its

Raman spectrum can be seen in Fig. 3.17(b). The most prominent features are

at 857nm and 897nm, respectively 1077 cm−1 and 1590 cm−1 for excitation at

785nm. They can be assigned to pH independent aromatic ring breathing and

axial deformation modes of the molecule and are therefore used as reference
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(a) (b)

Figure 3.17: (a) Absorption curve of the gold nanoshells (∼ 150nm, Bare AuroShell™

Particles in deionised water, Nanospectra Biosciences Inc.). (b) Free-space

spectra of the gold nanoshells functionalised with 4-mercaptobenzoic acid

(4-MBA) molecules on a gold substrate. The spectra is taken with a Raman

Probe and a QEPro NIR spectrometer (both OceanOptics), the integration

time is 10s and the excitation power 0.8mW comparable to the settings used

in the time-resolved experiments.

Figure 3.18: 4-MBA SERS spectrum from 1380 cm−1 to 1800 cm−1 showing pH sensitive

responses at 1380 cm−1 and 1700 cm−1. On the right side are zoomed in

sections for the areas of interest.

peaks. The most responsive pH signals are the broad COO−-band at 1380 cm−1

and the C = O-band at 1700 cm−1. While the intensity of the COO−-band
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(a) (b)

Figure 3.19: SEM image of the functionalised gold nanoshells deposit at the fibre tip: (a)

Without the sol-gel layer and (b) after dip coated with sol-gel.

increases with increasing pH, the intensity of the the C = O-band decreases

with increasing pH due to deprotonation of the 4-MBA [194]. This behaviour can

be seen in Fig. 3.18.

To functionalise the gold nanoshells with the pH sensitive molecule 4-MBA

a recipe was developed by S. McCarthy and H. Fleming [40]. To load the

functionalised nanoshells onto the distal end of the fibre, the fibre tip was

soaked over night in poly-L-lysine solution and afterwards dried under nitrogen

before the fibre tip was directly dipped into the functionalised nanoshells

suspension. The signal was monitored with a spectrometer during the loading

and nanoshells were added to the fibre tip until a maximized SERS Raman signal

was observed. Currently, there is no control over the packaging density and

distribution of the nanoshells through this protocol. However, when they are

deposited on the fibre tip, they crowd together inhomogeneously due to drying

effects, as shown in Fig. 3.19(a). This is called hot spot formation and is known

to increases the SERS effect, and hence, the enhancement of the Raman signals

further [127]. The nanoshells are densely packed and saturated with 4-MBA

molecules which means not all vibrational modes are available for changing

with pH.

Finally, the dried nanoshells were secured at the fibre tip with a protective

sol-gel layer. The sol-gel was prepared via the method set out by Grant et

al. [195] with MilliQ water being used instead of deionised water. The fibre
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tip was dipped into the sol-gel and left to dry overnight. The final coated pH

nano-sensors deposited onto the distal fibre end can be seen in Fig. 3.19(b). The

fibre tip shown in Fig. 3.19(b) is the one of the 3m MMF used throughout the

paper [40]. The fibre was used repeatedly in a wide range of pH buffer and it

can be seen that the sol-gel layer remained largely intact.

3.4.7 pH buffer

A stock of pH buffers were prepared according to a standard buffer recipe [196].

All buffers were checked to a precision of ± 0.1 pH units before usage with a

commercial pH meter (SevenGo Duo Pro, Mettler Toledo, U.K.) and adjusted

through addition of acid or alkali if necessary. The pH values measured with the

commercial pH meter were used for the data analysis throughout the thesis.

For the experiment, investigating the changes of the fluorescence lifetime

with pH of FAM and NAP pH buffer in the range from 1 to 12 in 0.5 steps

were prepared. A primary salt solution was set up which was adjusted with

hydrochloride (HCL) or sodium hydroxide (NaOH) and filled up with distilled

water. Four different primary salt solutions were used in the buffer preparation

to achieve the broad pH range, potassium chloride (KCl) (pH 1, 2 and 12),

potassium phenylethyne (C8H5K04) (pH 3 to 5), monopotassium phosphate

(KH2PO4) (pH 6 to 8) or sodium bicarbonate (NaHCO3) (pH 9 to 11).

For the experiment, investigating the effect of changes in fluorescence lifetime

with pH of self-quenched FAM seven pH buffer in the range from 5.8 to 8.6 were

used. For these pH buffers, mono-potassium phosphate (KH2PO4) was adjusted

with various amounts of NaOH and filled up with distilled water to achieve the

wanted pH.

3.4.8 Spectrophotometer measurements

Samples were prepared in a flat bottom polystyrene 96-well plate (Corning

Costar). Each well was filled with 200µL and measurements were performed

either at room temperature and 37 ◦C. Absorbance readings were conducted

as a spectral scan in the region from 200nm to 700nm at 10nm resolution.
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Fluorescence intensity readings were performed with an excitation wavelength

of 450nm in the spectral range from 520nm to 750nm at 10nm resolution. The

readings were performed at a suitable gain and from above without the lid. The

samples were shaken for 30 s before the readings. Data were acquired using

the Cytation3 Imaging reader (BioTek) and analysed with the Gen5 Image+ 2.07

software.
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4 T I M E - R E S O LV E D F L U O R E S C E N C E S P E C T R O S C O P Y

4.1 introduction

Fluorescence spectroscopy is a sensitive technique that can be used for

detection down to the single molecule level and has shown its potential to

be used in medical diagnosis. For medical in vivo application optical fibre

endoscopes are often used which can reach deep into the cavities of the human

body. Fibre-based steady-state fluorescence intensity measurements suffer in

accuracy from concentra tion-dependent signals, photobleaching, and additional

fluorescence from the fibre background and the autofluorescence from other

biological samples. Time-resolved fluorescence spectroscopy (TRFS) and FLIM

offer the potential to overcome most of these issues by using the fluorescence

lifetime of fluorophores to increase the contrast of structures or pathogens,

and its changes in response to the environment for chemical sensing. The

fluorescence lifetime is an inherent characteristic of the fluorophores and is

independent of the concentration and typically not affected by photobleaching.

While in FLIM the spatial distribution of the fluorescence intensity is recorded

through an optical fibre bundle, in TRFS the fluorescence intensity spectrum and

the fluorescence lifetime are available for analysis through a single or few core

optical fibre. Using an optical fibre, all fluorophores in the field of view, or within

the aperture cone of the fibre, are excited and emit fluorescence in all directions,

of which only a small fraction is coupled back into the fibre. The captured

emission is an addition of the fluorescence from all fluorophores presence within

the field of view. This leads to a broadening in spectral axis and a prolonged

fluorescence decay.
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Tissue fluorescence

As described earlier, most endogenous fluorophores of epithelial tissue have

a lifetime in the range of hundreds of picoseconds up to a few nanoseconds

and emit strongest in the green range of the spectrum [109, 111]. The green

autofluorescence prevails from the coenzymes NADH and FAD and structural

molecules such as elastin and collagen [109, 110, 112]. In Sec. 4.3, we investigate

variations in the autofluorescence of tissue to observe how the fluorescence

lifetime changes in cancerous tissue due to changes in the metabolism and

structure of these molecules.

Exogenous fluorophores on tissue

Fluorescent markers are used as contrast agents for detecting tumours or

pathogens in vivo. To distinguish them from the autofluorescence, exogenous

fluorophores with a high quantum yield and a long fluorescence lifetime are

preferable. One could also think of using the red or near-infrared part of the

optical spectrum where the autofluorescence is inherently weak. However, most

of the clinically approved fluorophores work in the green spectral range. In

Sec. 4.4, we demonstrate how TRFS can be used to detect fluorescent labelled

bacteria on lung tissue using the spectral and lifetime information. Further,

changes in the fluorescence lifetime can indicate changes in the morphology

of the bacteria.

Fibre sensing using novel fluorescent probes

A further demonstration of fibre-based TRFS is exploration of sensing key

physiological parameters deep inside the distal lung, to enhance diagnosis

accuracy and to allow for a more targeted treatment by accessing previously

unattainable information. The applications for fluorescence sensing techniques

include measurements of physiological parameters on a molecular level, and

protein-interaction via FRET [31]. All fluorescent chemical sensors require

variations in the environment of the fluorophore which induces quantifiable

changes in fluorescence properties, or modulations in a FRET system. For

the former, the parameters of interest are often the fluorescence intensity

and lineshape which is highly affected by varying background signal and
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the concentration of the fluorophores. In Sec. 4.5, we explore potential pH

microsensors deposited at the distal end of the fibre and investigate if a

self-quenching effect, which occurs due to the dense loading, enhances the pH

sensitivity and the photostability. Time resolved measurement techniques are

used for detailed observation of changes in fluorescence lifetime to investigate

the self-quenching phenomenon. Finally, in Sec. 4.6 an optical molecular probe

was investigated which exhibits an increase in pH sensitivity in comparison to

free fluorophores.

4.2 data analysis

The experimental set-up used for the presented experiments is described in

Sec. 3.3.1. While the fibre-based sensors or optical molecular probes under test

changed and the experimental conditions had to adapt, the set-up and the

data analysis stayed the same for each of them. A single measurement yields

a 2-dimensional data cube of spectra information where each pixel is related

back to the certain wavelength range, temporal information where the arrival

times of photons are histogrammed in time bins for each pixel, and the intensity

information as counts per pixel per time bin. An example of the data cube and

the data analysis can be seen in Fig. 4.1.

4.2.1 Background subtraction

For the background subtraction, ‘screamers’ or ‘noisy’ pixels are removed from

the data before the dark count levels are identified and subtracted pixel-wise.

‘Noisy’ pixels exhibit excessively high dark count rates due to fabrication

variations causing them to be electronically closer to their avalanche condition.

Removing them from the data reduces excessive noise in the results and reduces

the spectral resolution. An average of 26 % of the 256 pixels are identified as

‘noisy’ pixels, because they have a higher DCR than the average DCR, and are

removed from the data. The dark counts (DC) level is identified from a time

bin region which exhibits only DCs and is subtracted pixel-wise in order to

avoid additional noise to the data. The effect of the background subtraction
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4.2 data analysis

Figure 4.1: Data analysis for time-resolved fluorescence spectroscopy. The measurement

yield a 2-dimensional data cube which is shown in a heat map and 3-d

representation1. The time and spectral information are both accessible and be

used for analysis. On the fluorescence decay a single exponential least-square

fit is performed. The spectrum of the fluorescence emission is masked by the

spectral oscillations from the detector.

can be seen in Fig. 4.1: in the two top figures, the ’noisy’ pixels are removed

from the data sets. For reasons of visibility they are set to zero in the top

right figure, however, they are completely removed from the data set during

analysis to reduce their effects on the data analysis. Note, that this analysis offers

in-measurement calibration and accounts for variations of the detector and laser

power over time.
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4.2.2 Fluorescence lifetime fitting

There are two ways of performing a lifetime fitting, a tail fit and reconvolution. If

the IRF is short compare to the decay, a so called ”tail fit” can be performed where

the fitting region starts after the IRF has decayed. This methods trades a less

disturbed fit with a potential longer fitted lifetime. A more accurate method and

necessary for short decays, is reconvolution where the IRF is taken into account

in the analysis. The exponential decay rate is convoluted with the IRF and fitted

to the experimental decay by iteratively reducing the difference between the

experimental data by using a χ̃2 fitting procedure. As we are not aiming for an

accurate lifetime but a quantitative comparison between lifetimes, throughout

the thesis the computationally simpler tail fit is used, see Fig. 4.1.

Another factor which artificially prolongs the derived lifetimes is the binning

of pixels which increases the signal, see Fig. 4.1(d). Binning pixels which exhibit

different histogram axes together, ’blurs’ the decay. One could assume this would

average itself out, however for the line sensor used here there is a clear increase

in TDC width across the pixels, as can be seen in Fig. 3.6. Therefore the decay

is broadened and the fitted lifetime are expected to be longer. For the binned

histograms, we are using the average TDC resolution to convert the fitted lifetime

from time bins to time. Taking the mentioned simplifications into account, the

lifetimes reported in this thesis are longer than expected from literature, but

again we are interested in observing variations in lifetime, not absolute values.

The fitting error is derived as the reduced χ̃2. The reduced χ̃2 is often used as

a goodness of fit testing in statistics, and can be applied in fluorescence lifetime

fitting similar. As a rule of thumb, a χ̃2 = 1 indicates a good fit, χ̃2 < 1 indicates

an over-fitting and χ̃2 > 1 indicates that the data have not been captured in the

fit. It is found that the χ̃2 in the data analysis in this thesis are� 1, which has not

been investigated to its full extend. Plotting the difference between the measured

and the fitted values for each time bin of the decay, as can be seen in the bottom

plot of Fig. 4.1, it is obvious that the derivation between them originates from

using a single exponential fit on a data set which is multi exponential by nature.

The fitting errors in Fig. 4.1 indicate some systematic deviation and suggest
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that at least a double exponential fit is needed to fully capture the exemplary

fluorescence decay shown.

4.2.3 Error analysis

There are two kinds of uncertainties: systematic and random. An example

of a systematic uncertainty is the TDC bin width while the variance in the

number of photons detected is an example of random uncertainty. The time

resolution of the line sensor is measured for each pixel, see Sec. 3.2.4, and the

average is 423 ps with a standard deviation of 4 ps. Both random and systematic

uncertainty contribute to the overall fitting uncertainty. The standard deviation

of the least-square fitting is derived during the fit analysis as the square root of

the diagonal entries of the covariance matrix.

Using the error propagation formula, the following error is derived

τ =
tbin
k

⇒ σtau = τ ·
√

(
σtbin
tbin

)2 + (
σk
k
)2 (4.1)

where tbin is the average time resolution, σtbin the standard deviation of the

time resolution, k the fitted decay parameter and σk the standard deviation of

the least-square fit.

To estimate the statistical uncertainties, a 1µM fluorescein calibrant in

pH 7.5 was prepared and tested repeatedly for an hour. The fitted fluorescence

lifetime was 5.07± 1.00ns which is 25 % above the value measured with a

calibrated commercial TCSPC-FLIM system (Leica TCS SMD FLIM, Edinburgh

Super-Resolution Imaging Consortium). As the main point of interest in

this work are changes in the fluorescence lifetime between various samples,

conditions, and environmental changes, the prolonged measured lifetime does

not interfere with the results. The longer fluorescence lifetime derived from the

binning of 256 pixels with different histogram axes and can be corrected with

further calibration steps.

4.2.4 Mean wavelength

While a spectrum is defined by its intensity as a function of wavelength, it can

be analysed by characteristic features including spectral peak amplitudes and
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positions, area under the curve and the spectral lineshape. The intensity and the

spectral peak amplitude are dependent on the fluorophore concentration and

therefore not an accurate indicator of changes in fluorescence intensity required

for sensing physiological parameters. To quantify changes in the spectral

lineshape, the mean emission wavelength λmean is used here as a parameter

in addition to the fluorescence lifetime. It is defined as the intensity-weighted

mean wavelength

λmean =

∫700nm
520nm λ · I(λ)dλ∫700nm
520nm I(λ)dλ

, (4.2)

where λ is the wavelength, and I(λ) the intensity, or number of counts, as a

function of the wavelength. An example spectra and mean wavelength, λmean,

can be seen in Fig. 4.1(e).

4.2.5 Discussion

For a clinical environment, a fast and accurate diagnosis is needed derived

from a speedy and robust algorithm. For sensing of physiological parameters,

the exact lifetime is not required because only the changes in the lifetime in

relation to prior calibration curves are measured. In the light of this, we used

a simple data analysis and single-exponential fits instead of deconvolution or

multi-exponential decays. There is future scope for an improved data analysis

which could include calibration steps for the line sensor such as reconvolution

for fluorescence lifetime fitting and spectral unmixing for the in lung approach.

4.3 distinguishing between normal and abnormal tissue

A lung tumour, also called a neoplasm, is the abnormal and excessive growth

of tissue which is not caused by an infection or inflammation. Neoplastic tissue

is classified as benign, precancerous or malignant, and may develop into lung

cancer. On the molecular level the expression of lung cancer is heterogeneous

in terms of genetic and protein modifications and their functions. Tumour

tissue experiences a change in the cellular metabolism which affects cofactors

NADH and FAD, and their fluorescence emission. The redox ratio between the
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Figure 4.2: Schematic outlining the preparations, the experimental procedure and the

analysis of the fibre-based set-up to distinguish between normal and

abnormal tissue. The non-small-cell lung carcinoma (NSCLC) was resected

and stored in a freezer. After thawing, small section were placed into a

well-plate and the fibre tip touched the surface during measurements. The

time-resolved data were analysed according to the lifetime and the mean

wavelength. (Not to scale.)

fluorescence intensity of NADH and FAD can be used as a keymarker for the

presence of neoplastic tissue [113]. The extracellular matrix of the connective

epithelial tissue, especially collagen and elastin, is largely remodelled during

tumour progression. For example, collagen which is typically smooth and curly,

stiffens and thickens in neoplastic tissue [115]. These changes results in dimmed

autofluorescence and a shorter lifetime and can be used to distinguish between

normal and tumour tissue during surgical resection. However, to distinguish

between a benign and malign tissue growth, autofluorescence spectroscopy or

imaging might not be sufficient.

Three sections of healthy tissue samples from the margins and two sections

of cancerous tissue samples from a NSCLC were prepared in a well-plate

as described in Sec. 3.4.3.2. Measurements were taken through a 3m MMF

(FG050LGA, Thorlabs) with the time-resolved spectrometer, described in

Sec. 3.3.1. A schematic of the experimental procedure can be seen in Fig. 4.2.

The excitation wavelength of the laser was 485nm, the repetition rate 20MHz

and the average power 20µW for the healthy tissue and 42µW for the cancerous

tissue, adjusted to ensure a single-photon regime. For both, the integration time

was 10 s and 10 repetitions were taken of each tissue sample at random positions.

Fig. 4.3(a) shows the normalised fluorescence decays of healthy and cancerous

tissue. It is clearly visible that cancerous tissue exhibits a shorter lifetime than
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(a) (b)

Figure 4.3: (a) Histogram, summed up from 256 pixel and unity-based normalised,

showing the fluorescence decays from (blue) healthy and (red) cancerous

tissue. (b) Fitted fluorescence lifetimes of each tissue samples (n=10). Each

measurement is represented as a dot, the bars are the median and the error

bars are the standard error for each tissue sample. The measurements were

done with an excitation wavelength of 485nm, a repetition rate of 20MHz

and an average power of 20µW or 42µW through a 3m MMF.

(a) (b)

Figure 4.4: Fluorescence amplitude, summed up over 256 pixel and normalised by the

excitation power (peak counts / 1µW), versus (a) fluorescence lifetimes and

(b) mean wavelength of each tissue samples (n=10). The measurements were

done with an excitation wavelength of 485nm, a repetition rate of 20MHz

and an average power of 20µW or 42µW through a 3m MMF.

healthy tissue across the samples. In Fig. 4.3(b), the fitted fluorescence lifetimes

are shown. The healthy tissue samples display tight error margins within each
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sample as well as across the three samples. The error margins of the cancer

samples are not as tight within each sample and between the two samples. This

could indicate they are from different sections of the tumour. As mentioned

earlier, we expect the fluorescence intensity to be lower for cancerous tissue, so in

Fig. 4.4(a) the fluorescence lifetimes and the fluorescence amplitudes2 are plotted

against each other. While the fluorescence amplitudes of the healthy tissue vary

largely within and across the tissue samples, the cancerous samples exhibit a

significant drop in fluorescence amplitude. Fig. 4.4(b) shows the fluorescence

lifetime versus the mean wavelength of the individual spectra. The healthy

tissue samples exhibit a red-shifted mean wavelength in comparison to the

cancerous tissue samples which show a larger spread at lower wavelength.

The large variations in mean wavelengths within the cancerous tissue can be

either due to the samples itself or because of a larger error due to the low

amplitude. Combining fluorescence amplitude with lifetime, or combining mean

wavelength with lifetime we can distinguish between normal and cancerous

tissue.

4.3.1 Discussion

This experiment shows the potential of time-resolved spectroscopy for point

sensing of tissue autofluorescence to distinguish between normal and abnormal

tissue for surgical guidance during biopsies and resection. Using a combination

of fluorescence intensity, lifetime and spectral shape increases the accuracy of

classification. However, this is only a very small sample set (n=1) from which

to draw conclusions. The tissue samples were from one patient, which explains

the tight error bars and homogeneity between the healthy tissue samples, and

only one type of tumour was tested. For a further analysis, a larger data set

including patient variability, variations in disease expression and validation

against positive controls such as fibrosis is needed.

2 Amplitude is used here as the peak or maximum number of counts during the fluorescence

decay per unit wavelength. Fluorescence intensity is the number of counts integrated over the

fluorescence decay per unit wavelength, and is as such proportional to the amplitude if the

lifetime is independent of the wavelength.
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Two or three parameters might be sufficient to set a threshold, but a large and

various number of normal and abnormal tissue samples are needed as a test

data set. For this an experimental set-up with a higher throughput for faster and

automatised measurements would be needed. Considering the absorption and

fluorescence emission spectra of the intrinsic tissue fluorophores [109] a shift

towards shorter excitation wavelength could further improve results. Including

the spectral shape in the analysis through the parameter of the mean wavelength

shows great potential for application in fast-scanning FLIM. Because of the large

volume of data the spectral data are often neglected, the mean wavelength allows

investigation of changes in the spectral lineshape without requiring to save the

whole spectral information.

4.4 detecting fluorescent labelled bacteria

Optical molecular probes are designed to interact with specific biological targets

such as neutrophils, enzymes, fungi, and bacteria. The optical probe ’BacTwo’

is derived from polymyxin B, an antibiotic used for gram-negative bacteria,

and combined with the environment-sensitive fluorophore NBD, as described

in Sec. 3.4.2.1. BacTwo is specific to gram-negative bacteria and was investigated

here on E. coli, a type of bacteria primarily known for causing intestinal infections

but which can also be found in the lung causing respiratory illnesses and

pneumonia.

4.4.1 NBD as an environment sensitive fluorophore

The fluorophore NBD exhibits a strong environmental sensitivity and while

showing weak fluorescence emission in water, it lights up in hydrophobic

environments [197]. It is also known that its fluorescence lifetime is sensitive to

the polarity of the environment. Because of this behaviour and the insensitivity

to temperature, NBD is widely used for labelling lipids to investigate molecular

processes in microscopy and spectroscopy [105, 198].

To confirm that BacTwo still exhibits the same environmental response

as NBD, both were investigated in solutions with an increasing volume
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(a) (b)

(c)

Figure 4.5: Spectrophotometer measurement of the fluorescence amplification in

increasingly hydrophobic environment of (a) NBD and (b) BacTwo (all

5µM, n=2). Solution were prepared with increasing percentages of dimethyl

sulfoxide (DMSO) to PBS to create more hydrophobic environments. (c)

Relative fluorescence units within the range from 510nm to 700nm.

of DMSO creating more hydrophobic solutions. The probes were added in

an identical concentration of 5µM, and the solutions were analysed with

a spectrophotometer and with the fibre-based time-resolved fluorescence

spectrometer. For the later, a 3m MMF was dipped into the solutions and 10 s

measurements were taken with an excitation wavelength of 485nm, a repetition

rate of 20MHz and varying excitation powers ensuring that the acquired signals

were in the single-photon regime.

Fig. 4.5(a) and (c) show an increasing fluorescence intensity for NBD for

an increasingly hydrophobic environment. Fig. 4.5(b) and (c) demonstrate an

overall lower fluorescence intensity and a lower fluorescence amplification in

a hydrophobic environment for BacTwo compared to NBD. There is an as yet
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(a) (b)

(c)

Figure 4.6: Histograms, 256 pixel summed up and unity-based normalised, for (a)

NBD and (b) BacTwo showing the prolonged fluorescence lifetimes with

increasingly hydrophobic environments. (c) Fitted fluorescence lifetimes

changes of NBD and BacTwo (all 5µM, n=2). Solution were prepared of

varying percentages of PBS and DMSO.

unexplained irregularity in BacTwo’s behaviour with decrease and spectral

blue-shift at a high percentage of DMSO and a steep rise in fluorescence intensity

at 100 % DMSO. There is the possibility that the chemical structure of BacTwo

is affected in extreme hydrophobic environments. Further experiments such as

mass spectroscopy could provide information.

The time-resolved results presented in Fig. 4.6 demonstrate that both probes

exhibit longer fluorescence lifetimes in increasingly hydrophobic environments.

The fluorescence lifetime of BacTwo is slightly longer than the one from NBD.
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BacTwo shows some irregularities at 90 % DMSO percentage, as well as observed

in the spectral measurements.

4.4.2 Fluorescence lifetime variations of labelled bacteria

Figure 4.7: Time-resolved measurements of (a) live and (b) heat killed E. coli labelled

with the smartprobe BacTwo. (left) Heatmap, the representation of a

heat-map is chosen where time is plotted versus wavelength and the

unity-based normalised intensity values are represented by colour. (right)

Fluorescence decay, the fluorescence decays binned over 20nm. The bacterial

concentration was OD 1 labelled with 5µM of BacTwo. The measurement

was performed through a 2.7m MMF with an excitation wavelength of

485nm, an average laser power of 20µW, a repetition rate of 20MHz, and

an integration time of 10 s in lavage condition.

When in contact with gram-negative bacteria, the polymyxin tail of BacTwo

inserts the probe into the membrane of the bacteria. Inside the membrane the

probe finds, among other molecules, LPS which is a molecule consisting of a

Lipid A, a core oligosaccharide, and a O-polysaccharide. The later one is exposed

to the outer surface of the bacteria and determines the permeability of the

membrane due to its hydrophobicity. The first hypothesis we investigate in this

chapter is that the NBD fluorophore of BacTwo, when in contact with the surface
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of the membrane, exhibits not only a brighter fluorescence emission but also a

longer lifetime compared to a ’silent’ BacTwo probe. The second hypothesis is

that a changing fluorescence emission from labelled bacteria indicates changes

in the morphology of the membrane for example introduced through heat

treatment or antibiotic killing of the bacteria.

Fig. 4.7 displays an example of time-resolved measurements from the live and

heat killed labelled E. coli. In Fig. 4.7(a) live labelled E. coli exhibits a fluorescence

decay around 7ns which is longer than the autofluorescence from normal

tissue which is expected to be around 3ns to 4ns. It is clearly visible that the

live bacteria exhibits a longer fluorescence decay than the heat killed ones in

Fig. 4.7(b). This confirms the hypothesis that changes in the fluorescence lifetime

can indicate changes in the morphology of the bacteria. The fluorescence decays

do not show any wavelength dependency.

To demonstrate that these heat-maps are not rare exceptions, and having in

mind that the interference from the autofluorescence might mask the effect, a

larger and controlled measurement sequence was performed. Here, live and

heat killed E. coli were prepared according to the protocol described in Sec. 3.4.3

and were investigated in two different conditions: For the ‘on lung’ condition,

pre-labelled bacteria were pipetted onto samples of lung tissue in a well-plate

and the distal end of the fibre was brought into contact with the lung tissue.

To account for the non-homogeneous spread of labelled bacteria on the tissue

and the heterogeneity of the autofluorescence, ten measurements were taken at

random positions for each sample. To simulate a ‘lavage’ condition, fluid from

the lung tissue with labelled bacteria was pipetted into an eppendorf tube. The

distal end of the fibre was dipped into the eppendorf tube and six measurements

were taken for each sample. Bacteria were cultured to a concentration of OD 1

and pre-labelled with 5µM of BacTwo, then unbound probe was washed away.

For the control, PBS was used which does not show any fluorescence emission

in this spectral region. The fluorescence set-up described in Sec. 3.3.1 was used

with an excitation wavelength of 485nm, an average laser power of 20µW, a

repetition rate of 20MHz, and an integration time of 10 s. The fibre under test

was a 2.7m bare single core MMF which was cleaved back between samples to

avoid contamination. The experimental procedure is outlined in Fig. 4.8.
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Figure 4.8: Schematic outlining the preparations, the experimental procedure and the

analysis of the fibre-based set-up to investigate changes in the fluorescence

emission of fluorescent labelled bacteria ‘on lung’ tissue and in ‘lavage’

condition. The bacteria were labelled before being deposited onto small

lung tissue sections in a well-plate. The fibre tip touched the surface of the

tissue surface. Afterwards, the fluid from the lung section is pipetted into an

eppendorf tube and the fibre tip is inserted into the liquid for measurements.

The time-resolved data is analysed for lifetime and mean wavelength. (Not

to scale.)

Histograms from one measurement series are shown in Fig. 4.9, histograms

from the other measurement series can be found in App. A. To enhance the

throughput, they were summed up from 520nm to 700nm, as it has been

observed that the fluorescence lifetime is constant over this wavelength range.

For the ‘on lung’ condition, the fluorescence decays are combinations of the

fluorescence from the BacTwo and the autofluorescence of tissue which results

in a wide spread of fluorescence amplitudes depending on the concentration

of labelled bacteria in the field of view, see Fig. 4.9(a). In Fig. 4.9(b), the

histograms are normalised and demonstrate that the lifetime of labelled live

E. coli dominates and is visibly longer than the one of the heat killed bacteria

and the control measurement, the autofluorescence of the tissue. For the ‘lavage’

condition, the influence of the autofluorescence is negligible and the difference

in fluorescence intensities between samples is significant as shown in Fig. 4.9(c).

The short fluorescence lifetime for the control measurement originates from

washed off tissue components. The normalised histograms, Fig. 4.9(d), highlight

the difference in fluorescence lifetime between live and dead E. coli further.

To quantify the results, the fluorescence lifetime was fitted to each decay

and the results are presented in Fig. 4.10. The distribution of fluorescence
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(a) (b)

(c) (d)

Figure 4.9: Histograms showing the results of one measurement series. (a) Histogram

and (b) normalised histograms of labelled live and dead E. coli and PBS as

a control on lung tissue. (c) Histograms and (d) normalised histograms of

labelled live and dead E. coli and PBS as control in lavage condition. The

bacterial concentration was OD 1 pre-labelled and washed with 5µM of

BacTwo. The measurement was done through a 2.7m MMF with an excitation

wavelength of 485nm, an average laser power of 20µW, a repetition rate of

20MHz, and an integration time of 10 s. The histograms are summed up over

the range of 520nm to 700nm, and are unity-based normalised. Key: (red)

E. coli live, (blue) E. coli dead and (black) control.

lifetimes for each set of measurements is small, while the spread between

sets is large. Two batches of BacTwo were tested and there was no indication

of different behaviours. Therefore, it is more likely that the tissue samples

are heterogeneous as the measurements were performed on different patient

samples. Unfortunately, no information about the origin of the samples was
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(a) (b)

Figure 4.10: The fitted fluorescence lifetimes for (a) the ‘on lung’ and (b) the ‘lavage’

condition. The bars representing the median and the error bars the standard

error, while each dot represents the value of one measurement and the

individual lines of dots the repeats. Each column of dots represents the

measurements from one tissue samples. (a) For each of the 5 tissue samples

(4 for the control condition) there have been 10 measurements at different

positions. (b) For each of the 5 tissue samples (4 for the control condition)

there have been 6 repetitive measurements. Key: (red) E. coli live, (blue) E. coli

dead and (black) control.

recorded during experiments so a patient dependency could not be investigated

at this point.

4.4.3 Spectral variations of labelled bacteria

Earlier, in Fig. 4.5, there was an indication that BacTwo exhibits a spectral

blue-shift in hydrophobic environments. In Fig. 4.11, we investigated this further

and the spectral properties of NBD and BacTwo are shown in 100 % PBS and DMSO

solutions, as well as BacTwo labelled E. coli. For both, the absorbance maxima is

around 480nm, however, in hydrophobic environments the absorbance curve

is significantly broadened towards shorter wavelengths. Additionally to the

above described fluorescence amplification, BacTwo demonstrates a blue-shifted

behaviour for the fluorescence emission in DMSO which is further shifted when

labelling live E. coli, see Fig. 4.11(b).
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(a) (b)

Figure 4.11: (a) Absorbance and (b) fluorescence emission in 100 % PBS or 100 % DMSO of

NBD and BacTwo (all 5µM, n=2, error bars not shown for reason of clarity).

This observed spectral behaviour led us to investigate the shapes of the spectra

and their differences further. As mentioned earlier, the autofluorescence of lung

tissue when excited at 485nm is dominated by elastin but other endogenous

fluorophores are present as well. The fluorescence emission detected through a

fibre is the convolution of all emissions present in the field of view, or aperture

of the fibre in our case. Therefore, it is expected that the fluorescence emission

from tissue is extremely broad [20]. The hypothesis is that the spectral shape

can be used as an additional dimension to better distinguish between tissue and

labelled bacteria.

The same measurements are now analysed in their spectral dimension by

summing up the time bins where the fluorescent decay is present, ∼ 20ns,

and the spectra are shown in Fig. 4.12. The spectra, Fig. 4.12(a) for the ‘on

lung’ condition and Fig. 4.12(c) for the ‘lavage’ condition, demonstrate the same

behaviour as seen in the non normalised histograms, see Fig. 4.9. Normalising

the spectra by dividing through the area under the curve, they show the expected

differences in their shapes with the spectra of the labelled bacteria blue-shifted

in comparison to the tissue spectra. Additionally, the spectra of the live E. coli is

further blue-shifted than the ones of the dead E. coli. To quantify these findings,

we use the mean emission wavelength, λmean, in addition to the fluorescence

lifetime which is defined in Eq. 4.2.
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(a) (b)

(c) (d)

Figure 4.12: (a) Spectra and (b) normalised spectra for the ‘on lung’ tissue. (c) Spectra

and (d) normalised spectra for the ‘lavage’ condition. Measurements are the

same as in Fig. 4.9. Spectra were summed up from the fluorescence decay

over ∼ 20ns and normalised by area under the curve (AUC). Key: (red) E. coli

live, (blue) E. coli dead and (black) control.

In Fig. 4.13, the fluorescence lifetime is plotted versus the mean wavelength

for each measurement. For the ‘on lung’ condition shown in Fig. 4.13(a), there is

a tendency towards different populations, especially between labelled live E. coli

and the other samples. The different populations are more distinguishable in the

‘lavage’ condition, see Fig. 4.13(b). An analysis of each of the measurement series

individually, indicated by the lines, shows that the expected blue-shift for dead

and live labelled bacteria is present within one series.

These results indicate that the spectral shape can be used as an additional

parameter to better distinguish between labelled bacteria and tissue, but also

indicate that there are systematic errors within the experimental set-up. In
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(a) (b)

Figure 4.13: Fluorescence lifetime versus mean wavelength for (a) the ‘on lung’ and (b)

the ‘lavage’ condition. (a) There have been 5 different tissue samples (4 for

the control condition) which were measured at 10 different positions for

each condition. (b) There have been 5 different tissue samples (4 for the

control condition) with 6 repeated measurements taken for each condition.

Key: (red) E. coli live, (blue) E. coli dead and (black) control.

Fig. 4.13(b), the lines indicate the five different tissue samples that were

measured, the clear distinguishable between the results from different tissue

samples, including in the control condition, can either results from patient

variability or from changes in the experimental system. The data sets were taken

over the course of 4 months, while the system was moved and transported and

the spectral calibration was not monitored closely. A shift in the spectral axis

as well as defocussing degrading the resolution occurred over the time span.

Further tests to verify this have to be performed.

4.4.4 Ex vivo lung perfusion model

Taking the experiment one step further, it was adapted to be used in an EVLP

model which is described in Sec. 3.4.3.3. The pre-labelled and washed bacteria

were delivered in two different parts of the right lobe of a human lung. An

hour after the delivery of the labelled bacteria, their presence was confirmed

with an in-house developed widefield fluorescence fibre-based micro-endoscopy

system. Videos were taken while the imaging bundle moved along the lobes, and
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(a) (b)

Figure 4.14: Fluorescence imaging of labelled bacteria taken with the in-house

developed widefield fluorescence fibre-endoscope. The (a) live and (b) heat

killed E. coli appear as dots on top of a background of green autofluorescence.

The bacterial concentration was OD 1 pre-labelled and washed with 5µM

of BacTwo.

exemplary pictures are shown in Fig. 4.14. It is obvious that both samples, live

and heat killed E. coli, appear as green twinkling in the videos or as dots in the

images on top of the green autofluorescence from the lung epithelial tissue and

are not easily quantifiable in this intensity-based imaging.

The time-resolved fibre-based measurements commenced 90 minutes after

the delivery of the labelled bacteria. An imaging fibre bundle, described in

Sec. 3.4.1.3, was used for these time-resolved measurements with the same

experimental settings as used for the bench experiments described above. The

imaging fibre bundle has a larger diameter and a higher NA than the single core

MMF used previously because it is usually used in combination with an LED. For

the time-resolved measurements a pulsed laser is used which is fibre-coupled

and has a spot size of ∼ 10um in diameter. Because the coupling and collection

system has a 1:1 magnification, only a small part of the cores are used for

illumination and collection.

The results of the EVLP measurements are shown in Fig. 4.15. For the

summed up histograms, Fig. 4.15(a), a wide spread in fluorescence intensities

is visible, however, the normalised fluorescent decays, Fig. 4.15(b), exhibit a
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(a) (b)

(c)

Figure 4.15: (a) Histograms and (b) normalised histograms of fluorescence decays from

live (red), heat killed (blue) E. coli in an EVLP model of a human lung and

the autofluorescence (black) of the epithelial tissue as a control. (c) Fitted

lifetimes for the three regions (n=10). Each measurement is presented as

a dot, the columns are showing the median and the error bars are the

standard error. The bacterial concentration was OD 1 pre-labelled with 5µM

of BacTwo. The measurements were done through a imaging fibre bundle

with an excitation wavelength of 485nm, an average power of 20µW, a

repetition rate of 20MHz, and an integration time of 10 s. The histograms

were summed up from 520 700nm and unity-based normalised. Key: (red)

E. coli live, (blue) E. coli dead and (black) control.

clear distinction between the long decay from the labelled live E. coli and a

short decay from the heat killed E. coli. The same trend is also seen for the

medians of the fitted lifetimes in Fig. 4.15(c). Unexpectedly, the intensity from

the autofluorescence is higher and the lifetime longer than the lifetime from the

labelled dead E. coli.
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(a) (b)

(c)

Figure 4.16: (a) Spectra and (b) normalised spectra from the time-resolved

measurements of BacTwo labelled dead and live E. coli in the EVLP model.

Experimental conditions are identical with the ones described in Fig. 4.15.

Spectra were summed up from the fluorescence decays over ∼ 20ns and

normalised by AUC. (c) Fluorescence lifetime versus mean wavelength. Key:

(red) E. coli live, (blue) E. coli dead and (black) control.

In Fig. 4.16 the spectra and normalised spectra are displayed from the

EVLP measurements. While labelled live E. coli exhibits the expected blue-shifted

behaviour, the labelled dead E. coli are showing a red-shifted spectra compared

to the autofluorescence spectra. These results suggest that there was a confusion

during the endoscopic procedure which was not performed by a trained

bronchoscopist. It is hard to navigate correctly back to the regions and it is

plausible that the regions were swapped. This can only be confirmed by further

EVLP experiments which are dependent on the availability of lungs and cannot

be planned in advanced.
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4.4.5 Discussion

These are early stage experiments which successfully indicate that the

fluorescence lifetime measured through a single core optical fibre with a

time-resolved fluorescence spectrometer can be used to distinguish between

labelled bacteria and tissue. The lifetime also indicates changes in the

morphology of the bacteria which can be used to monitor the effect of antibiotic

treatments. As an additional parameter to enhance specificity and sensitivity the

spectral shape can be added.

On the biology side of the experiment, the parameter set investigated here

was small: One strain of E. coli, one gram negative bacteria type, one type of

killing and uncontrolled patient samples. The observed effect is based on the

hydrophobicity of the membrane which varies between bacteria and bacteria

strains. The next stage of testing could include a larger panel of gram-negative

bacteria such as pseudomonas aeruginosa, A. baumannii, H. influenza and

K. pneumonia and different strains of these bacteria. Heat treatment is not

an available in vivo method of killing bacteria. As the hypothesis aims at

changes in the membrane it is a valid initial and easy to prepare condition for

bench-testing. The next stage of experiments includes further samples of bacteria

killed with two different types of antibiotics, one aiming for the destruction of

the membrane and the other for the destruction of the DNA. Additionally, it

has to be investigated if the treatment of the tissue, which is deep frozen and

thawed, has a visible effect on the fluorescence lifetime and spectral shape of

the fluorescence emission. Previous experiments in the group did not show any

indication of an impact (unpublished work member’s of the Proteus group). It is

known that the autofluorescence from the tissue is highly dependent on the age

of the patient, on their environment which can lead to tar accumulation, and on

diseases that promote tissue ageing such as diabetes mellitus I [199]. However,

these factors are difficult to simulate in early stage experiments but need to be

considered at a later stage.

On the engineering side of the experiment, the experimental set-up can be

improved in accuracy and can be calibrated in spectral and time dimension

previous to each measurement, especially, when physically moving the system
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towards the EVLP system. There is significant scope for an improved data

analysis which, especially for this application, could be spectral unmixing for

the ‘on lung’ approach. A future step is to combine the spatial and intensity

information from imaging with the kinetic and spectral information from the

spectroscopic analysis, either by combining both fibres in the fibre probe or by

using a fibre-based FLIM system. However, the results here demonstrate the great

potential of spectral TCSPC in realistic scenarios.

4.5 self-quenching effect on highly loaded microspheres

In this section, we explore a potential new generation of fibre-based

microsensors based on silica microspheres loaded with Fluorescein molecules.

The use of FAM as a pH indicator in chemical sensors requires a thorough

characterisation and understanding of its spectral and kinetic properties. It has

been shown that Fluorescein and its derivatives exhibit a high quantum yield

and pH sensitivity but are also prone to self-quenching which affects their

behaviour.

Figure 4.17: Schematic outlining the preparations and the experimental procedure of the

fibre-based pH measurements with fluorescent loaded silica microspheres.

The microspheres are functionalised with FAM molecular and then loaded

into the etched pits of a multicore fibre. The fibre tip was inserted into the

pH buffer and intensity-based and time-resolved measurements were taken

of all 19 cores in an automatised manner. (Not to scale.)

The amino-modified silica microspheres enable the attachment of FAM

molecules through covalent bounding. Various dilutions of a FAM solution were

117



4.5 self-quenching effect on highly loaded microspheres

used which result in microspheres with different loading densities from fully

loaded, Fam 1:1, to the ten times diluted, Fam 1:10. The preparation is described

in Sec. 3.4.4. They are placed into the etched cores of a 19 core MCF which makes

each core an individual pH sensor, see Fig. 3.16(b). A schematic outlining the

fabrication of the fibre-based pH sensor and the experimental procedure can be

seen in Fig. 4.17. All 19 cores and all 5 different loading densities, Fam 1:1,

Fam 1:2, Fam 1:6, Fam 1:8 and Fam 1:10, are characterised in their spectral

and temporal differences. Their fluorescence pH response is also evaluated

in the biologically important region for pH between 5.8 and 8.6. The spectra

were taken with the fibre dipped into the pH buffer in a randomised order

for three intensity-based measurement series with a commercial spectrometer

(QE Pro VIS, Ocean Optics). The fibre tip was inserted into the buffer for 30 s

to stabilise before a triggered 100ms measurement with an average power of

10µW was performed with automated laser coupling into all 19 cores; coupled

into a single core, repeated sequentially across all 19 cores. For this, the proximal

end of the MCF was placed on a 3-axis flexure stage (NanoMax, Thorlabs)

which allowed the automatic coupling into and changing between all 19 cores.

A time-resolved measurement series with the fluorescence set-up described in

Sec. 3.3.1 commenced before a fourth intensity-based measurement series with

the commercial spectrometer was performed. The time-resolved measurements

were performed with an excitation wavelength of 485nm, an average laser power

of 2µW, a repetition rate of 20MHz, and an integration time of 10 s. A longer

acquisition time was needed to gather enough photons for an analysis which

was also performed at a higher peak power.

4.5.1 Spectral variations of highly loaded microspheres

The spectral differences and difference in the fluorescence lifetime between

the various loading densities were assessed by comparing the ensemble

measurement of all 19 cores at pH 7.2 for the first measurement series. In

Fig. 4.18 a random core with strong fluorescence emission has been chosen

for each loading density and the fluorescence emission is compared. While

the fluorescence intensity significantly decreases with greater loading density,
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(a) (b)

Figure 4.18: (a) Spectra and (b) unity-based normalised spectra of microspheres with

varying loading density. Example cores were selected to exhibit a strong

fluorescence signal and from the pH 7.2 measurement of the first series.

(a) (b)

Figure 4.19: (a) Fluorescence intensity and (b) mean wavelength for various loading

densities of the microspheres from fully loaded to 10× diluted. All

19 cores are shown for the fluorescence intensity on a log scale. The

cores exhibiting low fluorescence intensity were removed from the mean

wavelength analysis, up to 5 cores were removed due to deficient or no

loading.

the spectral shapes are red-shifted and broadened. In Fig. 4.19, to show the

repeatability across the ensemble, the fluorescence intensity and the mean

wavelength, see Eq. 4.2, are plotted versus the loading density for all 19 cores.

Although, there is a broad variation between the 19 cores for one loading the

general observed trend is visible. The fluorescence intensity decreases and the
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spectra shifts towards longer wavelength with increasing loading density. The

variation between the 19 cores can be caused by multiple factors such as the

etching depth of the individual core, the location within the core, the size, and

the actual loading density of the microspheres, as well as the correct coupling of

the laser beam into the core at the proximal end of the fibre. It can also be used

to identify outliers and remove them during further analysis.

In Fig. 4.20, examples of normalised fluorescence decays for each loading

density are displayed. Again, these are example measurements and cores with

a strong fluorescence emission have been chosen. It can be clearly seen that the

fluorescence decays shorten significantly with greater loading density.

Fig. 4.21 shows the fluorescence decays as the fitted fluorescence lifetime

across all cores. The same shortening of lifetime for greater loaded microspheres

across the cores, up to 5 cores were removed due to bad loading.

The observed behaviour of decreasing fluorescence intensity with increasing

loading density indicates a quenching effect between the fluorophore molecules.

On the highly loaded microspheres the fluorescent molecules are in such close

proximity that intermolecular self-quenching occurs. The packing density of the

microspheres is of the order of sub-nanometer which is close enough for other

depopulation paths such as intersystem crossing and FRET becoming available

for the photons and only a small fraction emit from the lowest excited state

with fluorescence emission. The lower quantum yield, the lower the fluorescence

emission, and the shorter fluorescence lifetime are results of this so called

collisional quenching. The quenching also leads to a larger overlap of the

absorbance and emission spectrum hence the red-shift of the spectral shape.

4.5.2 Photostability of highly loaded microspheres

As mentioned above, four intensity-based measurement series were taken with

each loading density in seven pH buffers and between the third and fourth

repeat, a time-resolved measurement series was performed which exposed the

cores with higher peak power and longer illumination during acquisitions. The

development of the fluorescence intensity for all 19 cores in pH 7.2 between

measurement series is presented in Fig. 4.22.
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(a)

(b)

(c)

(d)

(e)

Figure 4.20: Fluorescence decays for various loading densities of the microspheres from

(a) fully loaded to (e) 10× diluted. The fluorescence decays have been

unity-based normalised.
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(a) (b)

Figure 4.21: (a) Fluorescence decays and (b) fitted fluorescence lifetime for various

loading densities of the microspheres from fully loaded to 10× diluted. Up

to 5 cores were removed due to bad loading.

Figure 4.22: Stability of the fluorescence intensity, on a semilog scale, of the microspheres

with varied loading density across the four measurement series, between the

third and fourth one, a time-resolved measurement series was performed

with higher peak power and longer exposures to the cores. All measurement

shown were taken in pH 7.2.

As FAM is affected by photobleaching, a decrease in fluorescence intensity

over the course of the measurement series is expected. The microspheres

loaded with 10× dilute FAM solution, Fam 1:10, show the expected decrease

in fluorescence intensity over the four repeats with a significant drop after the
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time-resolved measurement. The Fam 1:8 microspheres seems to be less affected

by photobleaching over the first three repeats and only showing a drop after the

extensive illumination during the time-resolved measurements.

When microspheres are loaded with more concentrated solutions of FAM, they

exhibit an unexpected behaviour in fluorescence intensity. The fully loaded Fam

1:1, and the Fam 1:2 microspheres presented a relatively stable fluorescence

intensity with small variations between cores for the first three series, while

showing an increase in fluoresce intensity for the fourth series. In this case,

we believe that the destruction of fluorophores results in a reduction of the

loading density and hence the quenching effect. The outcome is an increase in

fluorescence intensity. The Fam 1:6 microspheres are not photostable and exhibit

large core-to-core variations in the fluorescence intensity.

This is not a thorough study of the photostability or photobleaching behaviour

of the highly loaded microspheres, however it still gives a first indication that

the greater loaded microspheres seem to be more robust against photobleaching.

This effect could be due to the more numerous relaxation paths present in the

quenched fluorescence molecules.

4.5.3 Reverse pH effect

(a) (b)

Figure 4.23: Spectra of (a) fully loaded, Fam 1:1, and (b) diluted loaded, Fam 1:10,

microspheres showing the pH response of the microspheres in changing

fluorescence emission.
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(a) (b)

(c) (d)

(e) (f)

Figure 4.24: Fluorescence intensity versus pH for varies loading densities. The

fluorescence intensity was normalised to the value at pH 7.2 to compare

the changes across the loading densities. Up to 5 cores are removed from

the analysis due to bad loading or bad pH behaviour.

The pH sensitivity for the functionalised microspheres in various loading

densities were accessed with pH buffers in the biologically important region

from pH 5.8 to 8.6. FAM is a known pH sensitive molecule and the expected
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behaviour is that the fluorescence intensity increases with increasing pH. In

Fig. 4.23, the spectra of one random chosen core for the Fam 1:1 and the Fam 1:10

sensors are shown and both show an unexpected pH trend. The microspheres

loaded with more diluted solution of FAM, Fam 1:10, show a varied response

of fluorescence intensity with increasing pH, while the fully loaded Fam 1:1

microspheres show a reverse pH behaviour where the fluorescence intensity

gradually decreases with increasing pH. For decreasing pH, the spectra of the

fully loaded microspheres are broadened and red-shifted.

Fig. 4.24 quantifies this reverse pH behaviour by plotting the fluorescence

intensity changes with pH across the fibre cores for the differently loaded

microspheres. To compare the changes across the loading densities, the

fluorescence intensity was normalised to the value at pH 7.2. Up to 5 cores

were removed from the analysis due to bad or no loading. The reverse pH

trend is present in the highly loaded microspheres. Fam 1:1 and Fam 1:2 exhibit

the greatest sensitivity with pH, with decreasing sensitivity for the Fam 1:6

and further dilutions. They were also observed to significantly photobleach,

see Fig. 4.22, whereas the higher loaded microspheres were less susceptible to

photobleaching. The highest loading Fam 1:1 shows the smallest core-to-core

variations. The more diluted Fam 1:10 microspheres exhibit a small change in

fluorescence intensity with pH and have an isosbestic point at pH 7.2. This

makes them less suitable for pH sensing in the tested pH range. The Fam 1:8

microspheres show a complete change in behaviour between the third and the

fourth measurements series after more significant laser exposure in the time

resolved measurements. They change from the reverse pH response of highly

loaded towards the pH response of the diluted loaded microspheres, likely

caused by destruction of fluorophores, and therefore decreased loading density,

during photobleaching. Note, that the higher fluorescence intensity of the pH

6.2 for Fig. 4.24(e) measurement was due to a fluorescent contaminated pH

buffer because of fallen out microspheres. It is clear that the high fluorophore

loading leads to a complex quenching effect. The normal influence of pH on

fluorescein intensity is altered, with a reversed trend observed. This results in a

more sensitive and stable pH sensor.
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4.5.4 Discussion

The silica microspheres are densely populated with FAM molecules and exhibit

an interesting self-quenching effect which results in a lower quantum yield,

a shorter lifetime and a more robust behaviour against photobleaching with

greater loading density. The time resolved spectroscopy has provided the

clear demonstration of significantly reduced fluorescence lifetime indicative of

fluorescence quenching in this highly loaded regime, in line with the observed

spectral and intensity changes. The highly loaded microspheres show a greater

sensitivity and a reversed behaviour towards changes in pH over the biologically

interesting range of pH 5.8 to 8.6. The microspheres placed into the etched

cores of a MCF with automated laser coupling into each core, provides a suitable

approach for fast multiplexed fibre-based pH sensing.

Further testing is needed as the quenching mechanisms on the microspheres

are not well understood. The Stern-Vollmer equation allows for theoretical

investigations into the kinetics of intermolecular quenching processes [63]

and could be used as a starting point. Additional loading densities such as

microspheres functionalised with 100× diluted FAM solution could be tested

to see if they show the expected fluorescence emission changes with pH

variation. FRET is also affected by temperature and viscosity, and both might

vary during in vivo measurements. A more controlled photostability study has

to be performed on the loaded microspheres. An interesting aspect to investigate

would be the changes in fluorescence lifetime with changing pH, especially in

the light of self-quenching. The short lifetimes of the fully loaded microspheres

are at the limit of time resolution for this line sensor, and a line sensor with a

lower time resolution is needed for a thorough further investigation. However,

we demonstrate the higher pH sensitivity in intensity-based measurements here.

4.6 fluorescence lifetime changes with ph of fam and nap

The optical molecular probe NAP, see Sec. 3.4.5, is activated in the presence of an

enzyme called HNE which exists within activated neutrophils and can be used

as a key marker for acute inflammation. One FAM is attached at the end of each
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Figure 4.25: Schematic outlining the preparations, the experimental procedure and the

analysis of the fibre-based pH measurement with FAM and NAP. The optical

molecular probes and FAM were prepared in pH buffer and pipetted into a

well-plate. During measurements, the fibre tip was inserted into the buffer.

The time-resolved data were analysed for their lifetime changes. (Not to

scale.)

(a)

Figure 4.26: Fluorescence lifetime changes of FAM, NAP, cleaved NAP and PEGylated NAP

with pH changes.

of the three branches of NAP which are quenched in its ’silent’ state. Fluorescein

and its conjugates such as FAM are known to act as pH sensors, with higher

fluorescence intensity in alkaline environments. NAP kept this characteristic,

however, its branched nature leads to a quenching effect which modulates the

pH sensitivity and exaggerates the lifetime response to pH chances.
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While the absorbance and emission spectra of NAP and FAM were determined

using a spectrophotometer, the lifetime measurements were performed using

the fluorescence set-up described in Sec. 3.3.1 with an excitation wavelength of

485nm, a repetition rate of 20MHz, and an integration time of 10 s. NAP was

prepared at a concentration of 5µM, and FAM in an equivalent concentration of

15µM. To ensure single-photon regime, the average power was adjusted from

320µW at pH 5.5 and lower to 32µW for pH 6 and higher. The fibre under test

was a 5m MMF. A schematic of the preparations and the experimental procedure

can be seen in Fig. 4.25.

(a) (b)

(c)

Figure 4.27: Absorbance spectra for (a) NAP and (b) FAM as pH changes. (c) Fluorescence

amplitude of NAP and FAM as pH changes.

Fig. 4.26 shows the fluorescence lifetime changes of FAM, NAP, cleaved NAP,

and PEGylated NAP over a pH range from 1 to 10.5, with the physiological pH

region for the human lung being between pH 6 and 8. The fluorescence lifetime
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(a) (b)

Figure 4.28: (a) Absorbance spectra and (b) fluorescence emission of FAM, NAP and

cleaved NAP.

of FAM increases gradually with higher pH level. The changes are more distinct

at lower pH and level off in the higher pH region due to protonation saturation

of hydrogen atoms. NAP shows a steepened change of fluorescence lifetime

over a wide range of pH. The absorbance peaks of NAP, see Fig 4.27(a), are

blue-shifted (hypsochromic) and flattened (hypochromic) in weak acids compare

to those of FAM, see Fig 4.27(b). The amplitude of the fluorescence response

shown in Fig 4.27(c) demonstrates the same behaviour with a steeper increase for

NAP than for FAM with increasing pH. The steep rise of fluorescence lifetime with

increasing pH is still visible for the cleaved NAP, but less significant. This was

expected because Fig. 4.28 shows that the absorbance and emission properties

of cleaved NAP lie in-between the ones of NAP and free FAM. The PEGylated NAP

derivative is shown in Fig. 4.26 as an example of how the attachment of PEG

affects the fluorescence lifetime and its variations with pH changes.

NAP as a pH sensor could be of interest for biologists because of the

alkalinization of phagolysosomes of activated neutrophils [200]. As fluorescence

lifetime is independent of concentration and mainly affected by environmental

changes, an exaggerated pH sensor may offer additional contrast and specificity

during in vivo imaging.
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4.7 chapter summary

This chapter demonstrates time-resolved fluorescence spectroscopy through a

single optical fibre in several proof-of-concept applications. The results are

summarised and discussed after each section in detail, but a brief summary

is given here:

In Sec. 4.3 time-resolved spectroscopy has shown its potential to distinguish

varying properties of tissue using auto fluorescence through the combination

of lifetime and changes in spectral amplitude. This was applied to observe

differences between healthy and cancerous tissue, offering an initial observation

of future diagnostic potential.

In Sec. 4.4 time-resolved spectroscopy was applied to distinguish between

labelled bacteria and the autofluorescence of tissue. In order to quantify the

different spectral shapes between labelled bacteria and the autofluorescence,

the variable mean wavelength of a spectrum was introduced. This combination

of observing changes in spectra and lifetime was applied to enhance the

contrast of detecting BacTwo labelled gram-negative bacteria such as E. coli on

tissue. Additionally, changes in the fluorescence lifetime and the spectral shape

indicate changes in the morphology of the bacteria for example a disintegrated

membrane after the bacteria’s death. Both findings are enabled because of

a varying polarity within the membrane of the bacteria and the use of the

environment-sensitive fluorophore, NBD, for labelling. The practicality of this

technique was demonstrated through a compact single fibre probe in a realistic

scenario of bronchoscopic delivery to an ex vivo lung.

In Sec. 4.5 and Sec. 4.6 two applications of fibre-based pH sensing were

investigated. First, silica microspheres were functionalised with varying loading

densities of the fluorophore FAM and deposited into the etched cores of a MCF.

Time resolved spectroscopy was used to observe a self-quenching effect which

increases and reversed their pH sensitivity, also becoming more stable and less

susceptible by photobleaching. Second, an optical molecular probe for targeting

neutrophils was investigated for its serendipitous increased pH sensitivity when

compared to free FAM.
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4.7 chapter summary

Overall the value of time resolved spectroscopy in optical fibre fluorescence

measurements has been demonstrated to show increased disambiguation

between fluorophores, and more detailed observation of changes in the

fluorophores behaviour. On the engineering side, the robustness and accuracy

of the experimental set-up needs to improve and additional calibration

steps should be included prior to each experiment. With the self-quenching

microspheres, the limit of time resolution was achieved. A shorter time

resolution is needed which could also potentially improve the achievable pH

sensitivity, which has not been shown yet. The data analysis could be taken

forward with additional calibration of the line sensor, spectral unmixing and

reconvolution fitting. On the biology side there is plenty of scope to take the

experiment forward by testing further variables, such as a larger panel of gram

negative bacteria, in more realistic environments such as the EVLP model.
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5 T I M E - G AT E D R A M A N S P E C T R O S C O P Y

5.1 introduction

New technology developments and improvements in computational and

statistical analysis has led to a transition of ex vivo and in vivo demonstration

of Raman spectroscopy into biomedical and clinical environments. Raman

spectroscopy offers high sensitivity and specificity as well as the advantage of

label-free analysis of the chemical and structural fingerprints of molecules and

has recently emerged in applications such as histology of biopsy samples and

endoscopic tumour assessments [68, 123]. There are two types of methodologies

for SERS-based applications: label-free detection where the biomolecules are in

direct contact with the SERS substrates or nanostructures or indirect approaches

using reporter molecules with strong and distinct Raman signal [123].

Raman scattering is a form of inelastic scattering which leaves molecules in a

different rotational or vibrational energy level after interaction with a photon.

To preserve the total energy of the system, the frequency of the photon is

shifted after the scattering event between the electron cloud of the molecule

and the photon, the Stoke shift. The rotational and vibrational energy levels of

the molecule are displayed in a Raman spectrum which present the scattering

intensity as a function of frequency shifts. Spontaneous Raman scattering

is inherently weak, approximately 10−6 weaker than the intensity of elastic

Rayleigh scattering. Its intensity correlates with the polarisability of the electrons

of the molecule, and the excitation wavelength with a relation of 1/λ4.

In spectroscopy applications, Raman signals are often further hidden within

unwanted signals from the surrounding tissue or residual noise from the

instruments. In fibre-based endoscopy, the optical fibre itself contributes a large

Raman signal to the spectrum, which originates from the interaction between

photons and the material of the fibre core, and scales with fibre length. As
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5.2 time-resolved raman spectroscopy

such endoscopic Raman spectroscopy suffers even more than standard Raman

spectroscopy or microscopy from a poor signal-to-noise ratio and is thus less

reliable.

In this chapter, a TCSPC spectroscopy technique is demonstrated which can

overcome the inherent disadvantages of a fibre-based Raman spectroscopy

through time-resolved measurements and post-processing time-gating analysis.

Using the spatially resolved origin of each photon which is registered at the

detector allows for differentiation between wanted and unwanted signals due

to their time profiles. This results in an enhanced Raman signal as well as

a suppressed background signal, and hence an improved signal-to-noise ratio.

Further, a background free Raman spectrum can be recovered utilising the

spectral information from different points in time.

The system is exemplified for localised pH sensing by using Raman molecular

reporters deposit on the fibre tip. These molecular reporters are based on

functionalised gold nanoshells and make use of further enhancement of the

Raman signal through the SERS effect. The molecular reporters exhibit strong

and distinct Raman signals in the fingerprint region and are selected specific

to be sensitive to the physiological parameters of interest. As this, they offer

label-free sensing, because they rely only on a recognition moiety which changes

its spectral information with changes in the environment, and do not require a

signalling moiety in comparison to fluorescence spectroscopy. In our case, the

nanoshells are functionalised with 4-MBA which exhibits pH sensitive molecular

bands at the wavenumbers of 1380 cm−1 and 1700 cm−1, easily accessible with

excitation in the near-infrared wavelength region.

At the end of the chapter, we give an outlook of how hollow-core fibre in

combination with time-gating can be used to achieve an almost background-free

spectrum which could potentially give access to the previously unattainable

wavenumber region of 500 cm−1.

5.2 time-resolved raman spectroscopy

Time-resolved spectroscopy can not only be used to study processes such as

fluorescence as a function of time after excitation of the material by a laser pulse,

133



5.2 time-resolved raman spectroscopy

it can also be used as a technique to separate signals according to their origin

and time profile during a measurement. In this application, time windows1 are

used in post-processing analysis to separate the desired Raman signals from

background signals.

5.2.1 Principle of time-resolved Raman spectroscopy

At each point during its pathway through the optical system, from the laser to

the detector, a photon interacts with the material it encounters or travels through.

A schematic of the signals generated and their evolution while photons travel

through a fibre-based sensor are shown in Fig. 5.1(a).

First, the light pulse from a source is emitted and travels through free space,

which results in no signal generated and only the DC of the detector are present.

Second, the light pulse enters the optical fibre where Raman scattering from

the interaction with the material of the fibre occurs at every point along it. The

backwards directed Raman scattering is the earliest optical signal arriving at the

detector and backscattered Raman photons will continue to arrive at the detector

as long as the light pulse is travelling through the fibre. The time of travel for

the earliest photons can be estimated by assuming an idealised ray on the optical

axis of the fibre to

ttravel =
2n1L

c
, (5.1)

where L is the fibre length, n1 is the refractive index of the fibre core

material [201] and c the speed of light in vacuum. Note, the factor 2 derives

from the basis that the light pulse has to travel to the point of interaction, and

the backscattered Raman photons generated have to travel the same length back

through the fibre. In reality, such a ray might not exist and modal dispersion has

to be taken into account. As a rule of thumb, in a step-index fibre with a core

diameter of 50µm modal dispersion can be estimated to be 50 ps for one meter

1 To distinguish between electrical time-gating which refers to a digital signal that provides a

time window to select a particular signal and eliminate others, and post-processing time-gating

where time-gating is applied during data processing, we refer here to time windows. In signal

processing, time windowing refers to a mathematical window function applied to a signal which

in meaning is closer to our analysis.
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5.2 time-resolved raman spectroscopy

(a)

(b)

Figure 5.1: (a) A schematic of the principles of time-resolved measurements through an

optical fibre with gold nanoshells deposited on the fibre tip. The schematic

of the evolution of the signals in time is not to scale, the separation bars

are a guidance for the eye. (b) 3-dimensional data cube of the time-resolved

measurements. At early points in time the Raman background from the silica

fibre is seen dominantly at shorter wavelengths. Later, the reflected fibre

Raman and the Raman from the SERS are visible, with the distinct reference

Raman peaks from the 4-MBA at around 857nm and 897nm.
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5.2 time-resolved raman spectroscopy

length2. Third, the light pulse arrives at the distal end of the optical fibre and a

variety of interactions occur in short succession; A portion of the light pulse and

forward Raman scattering is reflected at the end-face of the optical fibre with the

intensity dependent on the refractive index difference between the materials on

each side of the interface. The amount of light that is reflected can be estimated

through the Fresnel equations. For unpolarised light and under the assumption

of normal incidence, the amount of reflection is estimated through

R = |
n1 −n2
n1 +n2

|2, (5.2)

where n1 is the refractive index of the first medium, and n2 the refractive

index of the second material. Commonly, the power of reflection between

the fibre end-face and air is 4%, with n1 ≈ 1.5 for the fibre core material

and n2 = 1 for air. However, for fibre-based sensing where the sensors are

deposited at the end of the fibre, several interfaces such as the fibre end-face,

functionalised nanosensors and sol-gel cover, appear in close succession.

Resolving these interfaces individually is outwith the time resolution of the

line sensor and a closer investigation outside the scope of this thesis. Another

portion of the transmitted light is interacting with the material of interest

as well as the surrounding environment and results in a combined signal

from wanted and unwanted Raman, fluorescence and reflection from the

background. While Raman occurs almost instantaneous, fluorescence is delayed

by internal relaxation processes and lasts between hundreds of picoseconds to

microseconds, but most commonly falls within the range of nanoseconds.

5.2.2 Post-processing time-gating analysis

The experimental set-up used for the following experiments is outlined in

Sec. 3.3.2 and shown in Fig. 3.10. A single measurement yields a 3-dimensional

data cube of spectral, temporal and intensity information and can be seen

in Fig. 5.1(b). For the spectral information, each pixel is correlated to a

certain wavelength range determined by the spectrometer design. The temporal

2 This estimation is based on a simplified ray optics model and might be greatly over-estimating

the modal dispersion. A more realistic approach uses Maxwell equations with the correct

boundary conditions [153].
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information is obtained by measuring the arrival times of photons for each

pixel, collected by the on-chip TCSPC functionality of the sensor. The sensor

is capable of recording thousands of photons and histogramming their arrival

times, displaying the intensity information in terms of number of photons per

pixel and per time bin.

5.2.2.1 Background subtraction

Figure 5.2: The two identification methods for noisy pixels are shown here. (a) A

homogeneous background such as DC of the detector. A non-homogeneous

background such as (b) the fibre Raman or other fluorescence emission such

as (c) 3% phosphate neodymium glass. Red crosses are removed pixels and

blue crosses are the remaining pixels.

The background subtraction consists of two steps: the identification and

removal of noisy pixels and pixel wise background subtraction. The ‘screamers’

or ‘noisy pixels’, see Sec. 4.2.1, exhibit excessively high dark count rates.

Variations in fabrication causing them to be electronically closer to their

avalanche condition. On average 26 % of the 256 pixels are identified as ‘noisy

pixels’ and their data are removed from the data set. No interpolation step is

being applied during the removal to avoid introducing excessive noise in the

result or mask the narrow Raman lines. We implemented two identification

methods, depending on the spectral shape of the background signal. Examples

are shown in Fig. 5.2, where the blue crosses indicate remaining pixels and

the red crosses removed pixels. i) For a homogeneous background such as a

region of only DC, the multiples of the average dark count level is taken as a

threshold and the data of all pixels above this threshold are removed. ii) For a

non-homogeneous background, where a DC only region is not available, such
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5.2 time-resolved raman spectroscopy

Figure 5.3: 10 s measurement of a 2.7m multimode optical fibre with functionalised

gold nanoshells at the fibre tip. (a) Non time-resolved measurement with a

commercial spectrometer (QE Pro NIR, Ocean Optics). (b) Non time-resolved

measurement with the time-resolved spectrometer. (c) A 3-dimensional

representation of the time-resolved measurement. Noisy pixels are removed

and dark counts are subtracted. (d) Time-gated spectra originating from the

time windows indicated in (c). Time window width is 5 time bins or 2.1ns.

(e) A recovered spectrum from the 4-MBA molecule.
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5.2 time-resolved raman spectroscopy

as when the fibre background or a fluorescent decay exceeds the measurement

window, a rolling adjacent average with a window size of 5 is used and the

data of the pixels above a threshold derived from multiples of the mean and

the standard deviation for each window are removed. The examples shown in

Fig. 5.2 indicate weaknesses in the applied approaches to remove ‘noisy pixels’

and a better identification and rejection methods for outliers could increase the

quality of the data further.

The removal of noisy pixels reduces the resolution of the measurement.

Alternatively, one can think of controlling the SPADs of one pixel individually

and by turning the noisy SPADs off prior to the measurement can achieve an

equal response across all pixels. This has been inserted into the next generation

of detectors [202]. To achieve pixel wise background subtraction, a time bin

region which exhibits only DC is identified and an average DC value per

pixel for every measurement is derived and removed from each time bin. The

advantage of this in-measurement calibration is that changing levels of DC due

to temperature variation over the span of the experiment are accounted for.

Afterwards, the data cube is sliced into three time windows along the

histogram axis as shown in Fig. 5.3(c). The 3-dimensional data cube is

represented here as a heat map. The average background count level per pixel

is derived from the dark count ‘DC’ time window and subtracted pixel-wise

as detector pixels exhibit differing count rates. Note, in the case of a signal

that exceeds the duration of the measurement window, the ’DC’ time window

contains not only detector background but also any other background signals

such as fibre Raman or long lived fluorescence emission. The photon shot noise

from these counts is still present in the final data.

Thirdly, the ‘fibre’ time window consists of only backscattered fibre Raman.

This spectral information can be manipulated with a scaling factor to remove

the fibre Raman from the Raman of the molecular reporters. To subtract the

remaining fibre Raman, a scaling factor is derived by correlating the spectral

shape of the fibre Raman between the two time windows, and hence, the Raman

spectra of the 4-MBA from the fibre tip is fully recovered as shown in Fig. 5.3(e).

As mentioned previously, the post-processing time-gating method presented

here is achieved by recording an entire TCSPC measurement and applying time

windows to the data during post-processing. This is potentially a slower method
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compared to on-chip time-gating which has been successfully demonstrated

with this type of detectors before. In on-chip time-gating, a specific time-gate

window is selected such that the SPADs are in SPC mode and are inactive outside

of this window. This reduces the probability of detecting unwanted DC, fibre

Raman and fluorescence photons, thus, increasing the signal-to-noise ratio. The

SPADs are either actively turned OFF [96, 145] or electronically disabled at the

TDC counters [34]. If the on-chip time-gating is achieved electronically, it will

introduce additional jitter to the measurement through constant enabling and

disabling of the SPADs. However, in low light scenarios such as expected for in

vivo sensing the measurement rate is limited by the photon budget and not by the

detector readout, therefore time-gating in SPC modality has no time advantage

over TCSPC measurements. In photon-rich scenarios, on-chip time-gating in

SPC mode will have significantly time advantages for real-time diagnosis and

monitoring.

Another advantage of taking a whole TCSPC measurement and postprocessing

the raw data in the presented methodology is that no additional calibration

measurements are required. All analysis steps are performed with data from

the very same measurement. This reduces the influence of uncertainties from

the system such as laser fluctuations, and inconsistent sensitivity of the SPADs

due to temperature variations.

Combining the advantages listed and for future applications in photon-rich

scenarios, one can think of enabling the on-chip time-gating for several time

windows during a measurement [96]. This will speed up the measurement time

significantly.

5.2.3 Enhancing the visibility of Raman signals

Figs. 5.3(a) and (b) demonstrate that the time-resolved spectrometer, without

applying post-processing time-gating, offer visually similar spectra to the

commercial spectrometer with some important differences. The time-resolved

spectrometer (Fig. 5.3(b)) has a higher efficiency and produces a larger overall

signal amplitude. It has a lower spectral resolution which results in a broadening

and a lower peak visibility for the SERS features at 857nm and 897nm
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compared to the commercial spectrometer (Fig. 5.3(a)). Meanwhile, the ratio

of DC to signal is comparable between the reference measurement and the

measurement taken with the time-resolved spectrometer. Fig. 5.3(d) shows that

through post-processing time-gating the visibility of the SERS Raman can be

significantly increased while at the same time the DC level and the fibre Raman

are significantly suppressed. It is expected that while the background counts are

clearly reduced, the background photon shot noise is reduced as well.

For a fibre Raman dominated background such as the 857nm SERS peak, the

signal-to-background (SBR) obtained was 4× better when the time window was

applied (Fig. 5.3(d)) than the SBR measured with the commercial spectrometer

(Fig. 5.3(a)). For DC dominated background such as the 897nm SERS peak, the

SBR was found to be 19× better.

5.2.4 Investigating the position and duration of time windows

The effects of position and width of the time window are investigated and

quantified with two measures. The signal-to-background, SBR, quantifies the

’visibility’ of the Raman photons in comparison to the unwanted background

photons, which includes the DC and fibre Raman.

S

B
=

NR
NF +NDC

. (5.3)

The signal-to-noise, SNR, is a measure for the noise present in the measurement

of Raman photons within the entire signal.

S

N
=

NR√
NR +NF +NDC

, (5.4)

where NR is the integrated number of counts in the area under the SERS peak

at 857nm or 897nm, NF and NDC are the integrated number of counts within

the same spectral range of the fibre Raman and the DC, respectively. The area

under the peak was selected to represent the Raman signal strength, allowing

for a direct comparison between spectrographs of different spectral resolution.

Two cases can be investigated, a high fibre Raman background which is present

around the 857nm SERS peak and a low fibre Raman background which is

present around the 897nm SERS peak. These peaks are considered reference
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5.2 time-resolved raman spectroscopy

Figure 5.4: The effect of the temporal resolution on the SNR and SBR is investigated. As

indicated in the insert, the rising edge is held constant and the time window

is extended in the direction indicated by the arrow. The accumulated counts

for each signal are shown for (a) the 857nm SERS peak and for (b) the 897nm

SERS peak. (c) shows the SBR (red) and SNR (blue).
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5.2 time-resolved raman spectroscopy

Figure 5.5: The effect of the temporal resolution on the SNR and SBR is investigated.

As indicated in the insert, the time window is extended in both directions

while its centre is held constant, as indicated by the arrows. The accumulated

counts for each signal are shown for (a) the 857nm SERS peak and for (b) the

897nm SERS peak. (c) shows the SBR (red) and SNR (blue).
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5.2 time-resolved raman spectroscopy

peaks for 4-MBA because they are not affected by pH variations in the immediate

environment [194].

Instinctively, as Raman is a near instantaneous process, the shortest time

window may seem to be optimal for improved SBR and SNR. However, this is

not the case because every system has a finite response when presented with an

infinite short pulse. The overall timing resolution is described in the IRF and is

a convolution the timing resolutions of all individual components. In our case,

the dominant contributors are the extended laser pulse, the time profile of the

pulsed laser diode exhibits a sharp rising edge but a long tail of ∼ 2ns when

operated at hight power, and the detector jitter, the FWHM of the SPADs has been

measured to be 0.65ns [34].

In Fig. 5.4 the influence of the IRF on the temporal resolution for SBR and SNR is

investigated. In this case, the the rising edge of the time window is kept constant

at the onset of photon counts from the fibre tip and the time window width is

extended asymmetrical to collect the IRF tail. Fig. 5.4 highlights the accumulated

counts versus an increasing time window width and distinguish two cases:

Fig. 5.4(a) a large background, mostly fibre Raman, around the 857nm SERS

peak and Fig. 5.4(b) very low background, mostly DC, around the 897nm SERS

peak. The SERS Raman and fibre Raman counts increase with increasing time

window width due to the extended time profile of the IRF. It can be inferred that

DC are accumulating linearly with increasing time window width. In Fig. 5.4(c),

an initial improved SBR can be seen with extended time window width. However,

as the time window is further increased, the DC become dominant over the

additional accumulated SERS Raman and fibre Raman counts, and SBR decreases.

The decrease is less pronounced if higher fibre Raman is present. While a SBR

time gate window of 5 time bins is shown to be optimal, the SNR is still increasing

and plateaus towards longer time windows, due to the square root in Eq. 5.4.

In Fig. 5.5 the influence of an accurate placement of the time window on

the temporal resolution for SBR and SNR is investigated. In this case, the time

window is extended symmetrical while its centre is kept constant at the onset

of photon counts from the fibre tip. Fig. 5.5(a) and (b) show the accumulated

counts versus an increasing time window. While the shape of the accumulated

SERS Raman counts is still dominated by the IRF tail, the fibre Raman counts

are now accumulated linearly for longer time windows due to the constant
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Figure 5.6: (a) SBR and (b) SNR for the area under the 857nm SERS Raman peak and

(c) SBR and (d) SNR for the area under the 897nm SERS Raman peak and

plotted against the rising edge and the width of the time window. The blue

vertical dashed line indicates the onset of the time window while the blue

box indicates the selected window width used for further analysis.
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fibre Raman background experienced while the laser pulse travels through the

fibre core. Especially, for the 857nm SERS peak the fibre Raman background

becomes dominant, shown in Fig. 5.5(a). Again, it can be inferred that DC are

accumulating linearly with increasing time window width. In Fig. 5.5(c) the SBR

rapidly decreases, due to the higher fibre Raman, while the SNR plateaus at

longer time window widths. With long time windows in this scenario, SBR is

much reduced. For the 857nm SERS peak, the SBR reduces to 1:3 and for the

897nm SERS peak it reduces to 1:1.

To summarise, we have found that: i) The Raman visibility, the SBR, has an

optimal time window width which approximately equals the IRF of the system

if the time window is placed correctly to collect from only after the end of the

fibre Raman. ii) The SNR improves with increasing time window width if the

time window width is placed correctly, peaking at length longer than the IRF. iii)

Both SBR and SNR are significantly reduced if the time window is not accurately

placed, and therefore increased fibre Raman background is collected. Note, that

no additional fluorescence decay is taken into account here. Nissinen et al. [203]

simulated and measured the influence of the SNR versus the time window width

in presence of a fluorescence decay of various intensities in compare to the

Raman signal. Although they considered a lower DC background and no fibre

Raman, their results indicate the same behaviour as presented here.

Following on from these findings and to help choosing the optimal position

and width of the time-gate window, the SBR and the SNR are plotted against the

rising edge and the width of the time window for the 857nm and the 897nm

SERS peak in a heat-map style, see Fig. 5.6. The blue vertical dashed line has

been chosen as the optimal onset for the time window and the blue box as the

optimal window width. A time window of 5 time bins was chosen as a good

compromise between an optimal SBR and SNR which in both cases is within 80 %

of its maximum accordingly. This equals a duration of 2.1ns which relates well

to the IRF of the system. This once more indicates that our results are limited by

the laser pulse shape, and a system consisting of laser and detector with shorter

IRF would offer an improved measurement result.
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5.2.5 Fluorescence background suppression

Figure 5.7: 10 smeasurement of a 2.7mmultimode optical fibre with functionalised gold

nanoshells at the fibre tip and high fluorescent 3% phosphate neodymium

glass. (a) Time-resolved measurement with noisy pixels removed and time

regions indicated. The lifetime of the neodymium glass is longer than

the measurement window and appears as a constant higher count level

throughout the time trace; it is mostly visible in the 865nm to 890nm region.

(b) Non time-resolved measurement with a commercial spectrometer (QE

Pro NIR, Ocean Optics). (c) Time gated spectra with a time window width

of 5 time bins or 2.1ns. (d) A recovered Raman spectrum from the 4-MBA

molecules.

In addition to the challenges stated, measuring SERS Raman within biological

samples can be further complicated by the presence of fluorescence from

delivered optical probes or the tissue itself. The autofluorescence of tissue in

the near-infrared was not visible when excited with 1mW at 785nm through
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the optical fibre. This was expected, as Rayleigh scattering is the dominant

interaction in the so-called therapeutic window in biological tissue and where

the absorption of photons and the penetration depth are at their maximum.

Instead, we used a block of 3% phosphate neodymium glass which is highly

fluorescent in the near-infrared. Fig. 5.7 demonstrates how the influence of the

fluorescent background is reduced by applying the time window. In Fig. 5.7(a)

the long lived fluorescence from the glass is visible as a background for the

longer wavelength region. In Fig. 5.7(b) the spectrum is dominated by a large

broad fluorescence response, successfully removed in Fig. 5.7(c), with a clear

recovered spectrum of the 4-MBA Raman in Fig. 5.7(d).

5.2.6 Varying repetition rate and fibre length

For other applications, such as remote environmental sensing, longer fibre

lengths are useful. Depending upon whether the distributed information

along the fibre is of interest, or only the information from the fibre tip,

two measurement settings can be implemented. Further circumstances to be

considered are restraints on the laser repetition rate, the laser power, and

the integration time. The temporal duration of a measurement in TCSPC

methodology is determined by the laser repetition rate. If the repetition rate is

shorter than the time of travel for photons through the optical fibre, the photons

are counted against the following sync signal. The measurement seems to be

‘wrapped around’ the histogram axis and the background increases. Eq. 5.1 can

be used to estimate the arrival time of the photons at the detector. For a 5m fibre

the time of travel is 50ns which is equivalent to a 20MHz repetition rate. All

fibre with a length shorter than 5m can be used without any wrap around. In

the same way a 20m fibre fits into a 5MHz repetition rate.

In Fig. 5.8 an 18m optical fibre with functionalised gold nanoshells deposited

at the fibre tip was measured within a 50ns (20MHz) and a 200ns (5MHz)

measurement window. For a time-resolved measurement against a 20MHz

repetition rate, shown in Fig. 5.8(a), the fibre Raman signal exceeds the

measurement window and is detected against the following laser pulses, which

looks like the signal is ‘wrapped’ around. For an 18m fibre the fibre Raman is
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Figure 5.8: Time resolved measurement of a 18m fibre with functionalised gold

nanoshells at the fibre tip for a repetition rate of (a) 20MHz (noisy pixel

removed) and (b) 5MHz (noisy pixel removed, background subtracted). (c,

f) Non time-resolved spectra taken with a commercial spectrometer (QE Pro

NIR, Ocean Optics). (d, e) Time gated spectra with a time window width of

5 time bins. Note, the blue DC show not the actual shape, but schematically

highlight the increased background. (e, h) Recovered Raman spectra from

the 4-MBA molecule.
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wrapped around 3.6 times, thus, increasing the unwanted background signal

from the optical fibre linearly with each wrap around. To ensure a single

photon counting regime, the excitation power was reduced to 0.12mW which

results in a lower fibre Raman and a lower SERS Raman. To achieve the same

quality of recovered SERS Raman spectrum, the integration time was increased

to 60 s, increased by the same factor than the fibre length was increased and the

excitation power was decreased in comparison to the measurements with the

2.7m fibre shown previously. The SERS Raman spectrum can be recovered but

suffers from higher shot noise. However, it is clear that the SERS peaks which are

not visible in Fig. 5.8(c) have been recovered in Fig. 5.8(e). If time is no constraint,

a longer total measurement time can compensate for the lower excitation power,

and this increases the accuracy of the measurement.

The same fibre length is measured against a 5MHz repetition rate, as shown

in Fig. 5.8(b), to ensure the time of travel through a fibre does not exceed the

measurement window. The average excitation power was 0.8mW, the same as

used for the 2.7m fibre previously. As the repetition rate was decreased by a

factor of 4, the integration time was increased by the same factor to 40 s. While

the SERS peaks are slightly visible in the time-gated spectrum, see Fig. 5.8(e), the

SERS Raman spectrum could be recovered in Fig. 5.8(c).

The expansion of the measurement window results in a spread of the DC over

more time bins, hence to a lower DC level per time bin and lower shot noise.

Simultaneously, the effect of the timing inhomogeneity and TDC variations of

the line sensor increases and introduces more noise via the analysis. However,

both methods have their merit, depending on the circumstances as mentioned

above.

5.3 functionalised nanoshells as fibre-based ph sensors

pH is a key parameter that is tightly regulated in cells and microenvironments.

It is known that acidic environments can enhance bacterial growth, inhibit

the effectiveness of cationic antibiotics and indicate inflammations [23]. Due

to technological constraints, the pH value and its response to infections and

inflammations has not been evaluated in the lung in vivo. The necessary precision
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Figure 5.9: Schematic outlining the fabrication of the fibre-based pH nanosensor, the

experimental procedure and the analysis of the pH measurements. The

fibre tip was prepared by being left in poly-L-lysine over night, before

dipped into the functionalised gold nanoshells. Afterwards a sol-gel layer

was added through dip-coating. The fibre tip was inserted into the pH

buffers and effects the MBA molecule. Time-gating was applied to the

time-resolved measurement and the ratio of the AUC between two spectral

bands (highlighted in light blue) is used for pH measurements. (Not to scale.)

(a) (b)

Figure 5.10: Variation of AUC ratio as a function of pH within a pH range of 4.5 to

9. The error bars are the standard deviation of the mean of 3 replicate

measurements. Each measurement was obtained through a 2.7m fibre

with functionalised gold nanoshells as pH sensor deposit at the fibre tip

submerged into pH buffer. The excitation power was 0.8mW and the

integration time (a) 10 s and (b) 60 s.
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and accuracy for localised fibre-based pH sensing is therefore not know yet. The

pH of the air surface liquid (ASL), a thin film of airway surface liquid lining the

air-facing surface of the lungs, has been measured in vivo in healthy humans to

be 6.6 using a bronchoscopically-deployed pH electrode [204].

The capabilities of the TCSPC system for enhanced pH sensing with the

molecule 4-MBA which has been demonstrated for pH sensing before [23, 130,

131, 193] is shown in this section. The preparation of these pH nanosensors is

described in the Sec. 3.4.6 and shown in Fig. 5.9. The size of the gold nanoshell

was optimised for the excitation wavelength of 785nm. In comparison to the

most pH sensitive molecules, which transmit in the visible spectral range, this

nanosensor is designed to work in the near-infrared where tissue and blood are

most transmissible. The nanosensors have proven to be robust and stable over a

wide range of pH, from pH 4 to 9. The same nanoshells were repeatedly used

for a long period of time and extensively in various pH buffers and recorded

a small drop of approximately 20 % in peak intensity at the 897nm reference

peak (not shown). To account for systematic uncertainties of nanosensors and

the experimental system, the pH was related to ratiometric changes of an

AUC. Ratiometric changes within a 4.75nm spectral window around the peaks

of 880nm (1380 cm−1) and 906nm (1700 cm−1) have shown the greatest pH

sensitivity.

Fig. 5.10 shows a comparison of time-gated and non time-gated data as

previously described. It can be seen that time-gating significantly increases the

selectivity and reduces the standard deviation of the mean over 3 replicates.

Further, increasing the integration time from 10 s, as presented in Fig. 5.10(a), to

60 s, as seen in Fig. 5.10(b), increases the accuracy of the system further which

also increases the selectivity of the pH sensors.

5.3.1 Precision and stability of pH sensors

The precision and stability of the time-resolved spectrometer was evaluated

by obtaining the AUC ratios for pH 6 and 8 for 50 consecutively acquired

measurements. In Fig. 5.11(a), (b), (d) and (e), it is shown that the precision

increases significantly by applying a narrow time window. Comparing
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(a) (b) (c)

(d) (e) (f)

Figure 5.11: Accuracy of the system for pH sensing, the time-resolved spectrometer and

the functionalised gold nanoshells as pH nanosensors over the time-span

of 50 consecutively measurements in pH 6 and 8. The experimental

settings are identical to the one described in Fig. 5.10 with (top) 10 s and

(bottom) 60 s integration time. The numbers in brackets are the mean AUC

ratio and the standard deviation. (a, d) Time-resolved measurements with

time-gating, (b, e) time-resolved measurements without time-gating and (c,

f) intensity-based measurements with a commercial spectrometer (QE Pro

NIR, Ocean Optics).

Fig. 5.11(a) and (d), it is shown that the precision further increases with longer

integration times. For a 10 s measurement, the precision improved from 0.59 and

0.64 to 0.14 and 0.19 pH units, for pH 6 and 8 respectively, with time-gating. For

a 60 s measurement, the precision improved from 0.21 and 0.28 to 0.14 and 0.19

pH units, for pH 6 and 8 respectively, with time-gating.

In Fig. 5.11, the stability of the pH sensor was determined by obtaining the

AUC ratios while switching iteratively between pH 6 and 8 for 20 repetitive

measurements. For a 10 s measurement (Fig. 5.12(a) and (b)), a repeatability of

0.25 and 0.30 pH units was achieved with time-gating which was an order of

magnitude better than 0.67 and 1.07 pH units without time-gating, for pH 6 and

8 respectively. This can be further improved by increasing the integration time
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(a) (b) (c)

(d) (e) (f)

Figure 5.12: The precision of the functionalised gold nanoshells as pH nanosensors was

obtained over 20 iterative measurements in pH 6 and 8. The experimental

settings are identical to the one described in Fig. 5.10 with (top) 10 s and

(bottom) 60 s integration time. The number in brackets are the mean AUC

ratio and the standard deviation. (a, d) Time-resolved measurements with

time-gating, (b, e) time-resolved measurements without time-gating and (c,

f) intensity-based measurements with a commercial spectrometer (QE Pro

NIR, Ocean Optics).

to 60 s (Fig. 5.12(d) and (e)), which shows a repeatability 0.11 and 0.15 pH units

with time-gating and 0.38 and 0.46 pH units without time-gating, for pH 6 and

8 respectively.

The measured precision and repeatability of the time-resolved spectrometer

with applied post-processing time-gating methodology are an order of

magnitude larger than the ones achieved with a standard intensity-based

measurement and a commercial spectrometer under same experimental

conditions, compare left and right row in Fig. 5.11 and Fig. 5.12. These results

show that we were able to reach the same systematic stability which has

been demonstrated earlier using functionalised nanoshells with a dual-core

fibre and an adaptive iterative reweighted penalized least squares (airPLS)

algorithm [23]. Decreased precision observed when switching between pH
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suggests some instability in the SERS sensors when moving repeatedly over large

pH changes. The observed limits in measurement repeatability are larger than

those expected from counting statistics after post-processing time-gating, and

are instead believed to be due to detector fluctuation such as varying pixel dark

counts and photon detection probabilities, bias voltage fluctuations or thermal

instabilities.

In comparison to the commercial spectrometer which is actively cooled and

stabilised by a TEC, the CMOS SPAD line sensor is used without any cooling

or ventilation. We believe this is the reason why we are unable to achieve

the precision and repeatability of the commercial spectrometer. While the

environmental temperature varies only slightly in the range of 3 ◦C throughout

a day, the temperature in the housing of the detector during measurements rises

more significantly due to the heating up of the detector. This leads to a higher

DC level and varying sensitivity of the SPADs. We expect better results with

applied active TEC or an active feedback loop adjusting the breakdown voltage

of the SPADs ensuring an equal sensitivity. However, the principle of localised

fibre-based pH sensing is successfully demonstrated here.

5.4 time-gating through a hollow-core fibre

A hollow-core fibre is an optical fibre where most of the light is guided within

the hollow central region and less light within the glass cladding. The guidance

mechanism of hollow-core fibres is based on a photonic band gap where the

refractive index of air is lower than the one of the glass unlike conventional fibres,

this is where the refractive index of the core is slightly higher than the cladding

which enables the propagation of light within the core. The photonic band gap

guidance mechanism is based on a two dimensional periodic nanostructure

which defines allowed and forbidden energy bands, where photons can either

propagate or not, depending on the wavelength. This mechanism is also used for

Bragg fibres and photonic crystal fibres. There are various types of hollow-core

fibres, which offer a high damage threshold, a low propagation loss for a

small wavelength range, and a limited numbers of supported modes [155, 156].
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Figure 5.13: 60 s measurement of a 3m hollow-core fibre in contact with functionalised

gold tentagels at the distal fibre tip. (a) A 3-dimensional representation

of the time-resolved measurement. Noisy pixels were removed and dark

counts are subtracted. (b) Histogram of the time-resolved measurement

(all pixels summed up) with the time windows from (a) indicated. (c)

Non time-resolved measurement with a commercial spectrometer (SensLine

Hero, Avantes). (d) Non time-resolved measurement of the time-resolved

spectrometer. (e) A time-gated spectrum with a time window width of 10

time bins or 4.2ns.

Raman spectroscopy in a Kagome [25] and photonic crystal fibre [26] has been

demonstrated elsewhere.

For this experiment, we used a 3m negative curvature fibre with non-touching

capillaries and an additional fluorine doped cladding for collection enhancement.

This hollow-core fibre was manufactured for transmission in the near-infrared

region. The hollow-core fibre is described in Sec. 3.4.1.4 and a cross-section is

shown in Fig. 3.11(a). The time-resolved spectrometer described in Sec. 3.3.2 was

used. However, due to the extremely small numerical aperture of the hollow-core

fibre, there was a mismatch between the collection fibres from the coupling and

collection optics and the spectrometer. The excitation power was 0.8mW at a

repetition rate of 20MHz with an integration time of 60 s. The distal end fibre

156



5.5 intrinsic raman

tip was brought into contact with 4-MBA functionalised gold tentagels dried on

a gold substrate to ensure a large Raman signal.

Fig. 5.13(a) and (b) show that it is possible to use the arrival time of photons

at the detector to distinguish between signals with and without fibre Raman

present. Assuming a perfect coupling of the laser light into the core of the

hollow-core fibre, all photons travel in air to the end of the fibre. The collected

SERS Raman travelling back through the air of the core arrives first at the detector

with no silica Raman background present. The SERS Raman which has coupled

into the cladding or interacted with the silica capillaries due to mode mismatch

arrives at a later point in time because of the higher refractive index of silica.

Using Eq. 5.1, we assume that for a 3m fibre the difference between the two

cases is approximately 4.4ns or 11 time bins. In Fig. 5.13(f) the time windows

are applied and the data of the ’SERS’ time window shows a background-free

SERS Raman while the data from the ’fibre + SERS’ time window contained a

reduced, but present fibre Raman background. Fig. 5.13(c) and (d) show that the

time-resolved spectrometer offered a higher efficiency but a lower resolution and

a noisier spectrum than the commercial spectrometer. This is due to enhanced

chromatic aberration in a not optimised spectral range, a mismatch between

the coupling fibre of the spectrometer and the fibre under test, and due to

misalignment between the grating and the detector. However, the potential of

background free Raman spectroscopy through a hollow-core fibre has been

demonstrated.

Using a hollow-core fibre for Raman sensing is especially of interest in the

region of small wavenumbers, around 500 cm−1, where the fibre Raman of silica

is relatively high and hence overlie the weak Raman features. One possible

application is identification and quantification of glucose which exhibit Raman

peaks in the wavelength region from 500 cm−1 to 1500 cm−1 [205].

5.5 intrinsic raman

The SERS effect of the gold nanoshells enables strong and easy detectable

4-MBA Raman, the real challenge for label-free sensing is the measurement of

intrinsic Raman. The laser used was unable to reach the high excitation power
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required for tissue Raman, so chemicals with strong intrinsic Raman signals

were investigated instead: cyclohexane and toluene. Intrinsic Raman detection

with time-resolved spectrometer has two challenges, weak signal strength and

the small line width of the Raman features. The suppression of background due

to time-gating depends on the window width. For a time window width of 6

time bins, the background count rate and the background noise was suppressed

by a factor of 19.

Figure 5.14: 300 s measurement of intrinsic Raman of (top) cyclohexane and (bottom)

toluene through a 2.7m optical fibre. The Raman spectrum was analysed

through the described post-processing time-gating method. The excitation

power was 0.8mW and the repetition rate 20MHz.

In Fig. 5.14 the Raman spectra of cyclohexane and toluene shown were

measured through a 2.7m optical fibre with the time-resolved spectrometer

under identical experimental settings as the nanosensors described previously.

Due to the weak signal strength of the Raman, the integration time was

prolonged to 300 s. The same data analysis method of post-processing

time-gating was applied to the raw data and it was possible to retrieve the

background-free Raman spectra of the molecules. In Fig. 5.14(b), three Raman

lines of cyclohexane at 854nm, 872nm and 886nm (1028 cm−1, 1266 cm−1 and
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1444 cm−1 respectively) are visible at similar peak intensities. This is in good

agreement with literature [206, 207]. The Raman peak which is expected at

863nm (1158 cm−1) is not visible due to ‘screamer’ pixels being removed out of

the data at this position. In Fig. 5.14(d), the Raman lines of toluene are visible

and are in agreement with literature [207, 208]. The strong double peak which

is expected at 852nm and 854nm (1003 cm−1 and 1030 cm−1 respectively) is

almost unresolvable because the peak separation is approximately the same as

the spectral resolution of the spectrometer. Again, the Raman peak which is

expected at 867nm (1211 cm−1) is not visible due to ‘screamer’ pixels. The peak

intensities are slightly varied due to chromatic aberrations in the spectrometer.

Compared to literature, the excitation power for the intrinsic Raman experiments

shown here is relatively low, while the integration time is in the same order. With

a higher excitation power, faster integration times can be achieved.

5.6 chapter summary

In this chapter, a fibre-based platform for potential applications in in vivo Raman

spectroscopy has been presented and characterised. The inherently weak Raman

signals are disguised by the environmental fluorescence, dark counts from the

detector and, especially when measured through an optical fibre, by fibre Raman.

The fibre Raman originates from the interaction between the light propagated

through the fibre core and its material, thus scaling with the length of the

fibre. The methodology presented here combines a time-resolved spectrometer

with post-processing time-gating analysis. The single-photon detectors records

the origin of each photon through its arrival time at the detector, alongside its

spectral and intensity information. During post-processing, time windows were

applied to the 3-dimensional data cube which can be optimised in their position

and width. This allows for the enhancing of the visibility of the Raman spectra

and the reduction of the noise level, as well as the recovery of background free

Raman signals.

This methodology has shown its great potential for miniaturized and

simplified Raman optrodes for in vivo endoscopic sensing of key physiological

parameters such as pH, oxygen or glucose concentration as well as for remote
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environmental sensing. In this chapter, it was demonstrated as an exemplary

technique for pH sensing with nanosensors deposited on the distal end of

the fibre tip. The nanosensors were functionalised gold nanoshells, and as

such benefitted from further signal enhancement via the SERS effect, enabling

measurement times as short as 10 s, with a low excitation power of ∼ 1mW,

suitable for in vivo applications.

Shorter acquisition times are crucial for real-time in situ diagnosis scenarios

with response times of 50Hz are purposeful for clinical use. Reducing the

information gathered will improve the system by increasing the collection

efficiency. This can be achieved by techniques such as binning pixels together

or applying on-chip time-gating capabilities. In terms of precision and stability,

the limits of the line sensor were reached, and the system will need to

improve in several places. These include: further detector calibrations such as

photon detection efficiency and time-to-digital converter variations, elimination

of temporal oscillations in the histograms, and the reduction of the dark

counts and shot noise through cooling and active temperature stabilisation. A

future step, particularly in high photon budget environments, could be towards

on-chip histogramming, either with beforehand calibration measurements or

with multiple time-gates for on-the-fly calibration.

Although, the accuracy and sensitivity depends strongly on the instruments

and data processing methods, it is also affected by the nanosensors and

the surrounding environmental conditions. Further characterisation of the pH

nanosensors is needed in terms of temperature dependence or variations of the

signal due to changes in the underlying water content of the tissue. More work

is required to ensure the nanosensors are robustly fixed at the fibre tip without

sacrificing sensitivity [130, 209]. The fibre probe requires robust bio-compatible

packing which does not degrade whilst undergoing sterilization, is non toxic

for humans but is also robust to withstand the harsh handling from clinicians

during procedures.

The SERS-based nanosensors offer great potential for multiplexed sensing.

They can be functionalised with a variety of molecular reporters for sensing

a range of physiological parameters which can be used in histology, biopsy

targeting, drug treatment and monitoring, and cancer diagnosis [68, 123]. The

differently functionalised nanosensors can be either deposited in a homogeneous
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mixture at the distal end of the fibre or pitted separately in the etched cores

of a multi-core fibre. An alternate method of multiplexing is through the

combination of Raman and fluorescence sensing by utilising their different time

profiles. Instead of simply removing the fluorescence background signal through

time-gating, the fluorescence emission can be exploited for multimodal imaging

or sensing. However, to distinguish accurately between Raman and short live

fluorescence signals, a shorter time resolution (∼ 50 ps) is needed.

To conclude, we have successfully demonstrated the potential of combining

this time-gating approach of Raman spectroscopy with hollow-core fibres for

previously unachievable measurements of intrinsic Raman.
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6.1 conclusion

In this thesis, proof-of-concept applications for time-resolved fibre-based

fluorescence and Raman spectroscopy have been presented. The focus was

on testing the potential of single photon detectors often used in quantum

optics for low light, rapid, and low cost biomedical applications such as

fibre-based pH sensors. Most of the applications studied here are well

investigated in intensity-based spectroscopy with known limitations. The

time-resolved methodology showed potential to overcome the limitations by

utilising differences in time profiles to enhance the contrast between signal

and background, and by adding temporal parameters such as the fluorescence

lifetime to enhance the specificity and sensitivity. The results presented here

offer new opportunities towards miniaturised, low cost, disposable and simple

medical probe design.

The main findings are summarise below.

An introduction to translational fluorescence lifetime spectroscopy and Raman

spectroscopy was given in Chapter 2. A discussion of light-tissue interactions

with a focus on fluorescence and Raman scattering was followed by description

of single photon detectors, fibre sensors in the field of biophotonics, and optical

molecular probes with a focus on their application in biomedical and clinical

environments was presented.

In Chapter 3, the experimental set-up and the CMOS SPAD line sensor were

discussed in detail and the important performance properties listed.

In Chapter 4, several applications of fluorescence lifetime spectroscopy were

presented. We found that fluorescence lifetime can be used to distinguish

between malignant and benign tissue as well as between the autofluorescence

from tissue and fluorescence emission from fluorophores, both lifetimes to be
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expected in the nanosecond range. In combination with spectral and intensity

information, the fluorescence lifetime enhances the contrast for detecting

labelled bacteria on tissue. Additionally, changes in the fluorescence lifetime give

information about the morphology of the bacteria, especially for a disintegrating

membrane after its death. Both findings are enabled because of a varying polarity

within the membrane of the bacteria and the use of the environment-sensitive

fluorophore, NBD, for labelling. Silica microspheres functionalised with FAM for

pH sensing showed a self-quenching effect which was investigated in detail,

demonstrating characteristic shortening of lifetime with increased coupling

between fluorophores at high loading. An increase in loading density shows

a decrease in fluorescence intensity, red shift of the spectrum and a reverse

pH sensitivity. They also seem to be more robust and less susceptible by

photobleaching. An optical molecular probe made for targeting neutrophils

which showed a serendipitous increased pH sensitivity when compared to free

FAM was briefly investigated.

In chapter 5, a post-processing time-gating methodology has been presented

which makes use of the difference in time profiles of signals to enhance the

weak Raman signal. Its potential for suppressing backgrounds from fluorescence

and fibre Raman is studied in detail against the position and width of the time

window. The ability to recover a background free Raman spectrum is presented

for several conditions such as high fluorescence background, varying fibre length

and repetition rates of the laser. This methodology was applied to fibre-based

pH sensing with functionalised nanoshells at the fibre tip and successfully

increased the fibre sensor’s sensitivity and accuracy. As a short outlook, the

potential of combining this time-gating approach with a hollow-core fibre to

access previously unachievable measurements of weak intrinsic Raman has been

demonstrated.

6.2 future work and ruggedizing the system

This work offers an initial insight into several proof-of-concept applications of

time-resolved fibre optic spectroscopy. The currently available optical molecular

imaging systems give clinicians spatial and intensity information for optical
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guidance, but new methods have to be explored to further enhance the specificity,

accuracy and time for detection and diagnosis of respiratory illnesses. Therefore,

it is of great interest to investigate additional available information of their

potential such as dynamic processes and utilising the spectral and temporal

differences of signals. All the presented applications need further improvements

and thorough testing in more realistic scenarios on their way to being prototyped.

It is within the nature of interdisciplinary research that some of the future work

extends beyond the field of optical physics and could be potentially carried out

by biologists and chemists in a supervised manner.

The CMOS SPAD line sensors are compact and robust and offer multiplexing

in spectral and time dimensions. There is always a trade off between cost

and performance. To distinguish between tissue and labelled bacteria a TDC

resolution of 420 ps and an IRF of 0.65ns are sufficient because the fluorophores,

when in contact with the bacteria, offer a lifetime significantly longer than

the autofluorescence from the surrounding tissue. However, a shorter time

resolution and better jitter performance are needed in order to successfully

measure the short fluorescence lifetime of the quenched loaded microspheres

(6 1ns), to successfully differentiate between the Raman signal and a short

fluorescence decay at the distal end of a fibre, and to enhance the specificity

and sensitivity for pH sensing in fluorescence and Raman spectroscopy. In

terms of precision and stability, the limits of the line sensor were reached,

and further improvement could include: detector calibrations such as photon

detection efficiency and time-to-digital converter variations, elimination of

temporal oscillations in the histograms, and the reduction of the dark counts

(and therefore shot noise) and detector fluctuations through cooling and

active temperature stabilisation. As shorter acquisition times are required

compression of the photon count information through techniques such as

on-chip histogramming, either with calibration measurements beforehand or

with multiple time-gates for on-the-fly calibrations, could be explored. Towards

real-time use, the readout of the detector needs to be speeded up, the 10 s

TCSPC measurements presented here are currently taking 25 s to be read-out

and histogrammed. The next generation of the detector, Ra II, has the currently

shortest available TDC resolution of 50 ps and has also shown an improved

IRF of 150 ps [210]. It also features the faster on-chip histogramming, allows
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for electronic time-gating and the ability to disable noisy SPADs [202, 211].

This allows for exploration into areas including multiplexed wavelength-to-time

mapping (WTM) and distributed temperature sensing (DTS), see App. C and

App. D respectively.

The experimental set up was built with the goal of being simple and versatile.

The next steps towards clinical translation should focus on improving its

compactness and robustness, which also include a movable, light blocking and

ventilated housing. While at this early stage, a lot of unused spectral information

is gathered, especially in the Raman-based pH sensing, the next generation of

time-resolved spectrometer could be built for specific and narrower spectral

bands spread over several pixel to improve the throughput and decrease the

acquisition time. Again, a trade-off between cost and performance has to be

made as a pulsed laser with a shorter time profile and a higher available power,

can be used to increase accuracy and decrease the acquisition time.

Results in Chapter 4 indicate the possibility to use time-resolved fluorescence

spectroscopy in addition to, or in combination, with optical molecular imaging

to enhance the diagnosis accuracy through acquisition of additional information.

It is important to highlight that while most bench experiments here were

performed with a MMF they can easily be carried out with a MCF or imaging

fibre bundle. The variation in fluorescence lifetime between cancerous and

non-cancerous tissue based on the absence of structural molecules showed

potential to rapidly define resurrection margins. Further investigation with

resection samples from various patients and of various tumour types, benign

and malignant, are needed. These initial experiments were done with thawed

tissue samples and the effect of freezing and thawing of tissue samples has to

be explored. Using the fluorescence lifetime shows great potential to distinguish

between fluorescent labelled bacteria in these proof-of-concept results. Further

experiments could test the feasibility of the concept on other gram-negative

bacteria against other antibiotics and their mechanisms to kill or prevent bacteria

from spreading. An important parameter to investigate is the limit of detection

for colony-forming bacteria. While the lavage condition already exhibits a good

specificity, the in vivo fibre-based approach will need to explore algorithms

such as spectral unmixing to increase its specificity. The potential of highly

quenched fluorescent loaded microspheres as a next generation of fibre-based
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pH microsensors has been successfully demonstrated. The work is in an early

stage and the loaded microspheres need to be further investigated in terms

of their mechanical stability, photostability and accuracy. Initial tests showed

a higher resistance to photobleaching. Further bench-testing and testing in more

realistic environment such as an EVLP model are needed.

The SERS-based nanosensors offer great potential for multiplexed sensing of

key physiological parameter in vivo. Future work will include the exploration of

molecules sensitive to oxygen, glucose and temperature and careful deposition

into individual etched cores of a MCF. Directly related to results presented here,

further characterisation of the SERS-based pH nanosensors is needed in terms

of temperature dependence and potential effects from the environment such as

the water content of the tissue. To enhance the signal further other methods

of loading increased volumes of SERS reporter can be explored. More work is

required to ensure the nanosensors are securely fixed at the fibre tip without

sacrificing sensitivity. The fibre probe requires robust biocompatible packing

which does not degrade whilst undergoing sterilization, is non-toxic for humans

but is also robust enough to withstand the harsh handling from clinicians during

procedures.

Beyond the continuation of work described in this thesis, many future

possibilities have also undergone initial investigation, such as fibre-based

laser-induced breakdown spectroscopy. However the possibilities are too great

to include in full. Experimental achievements in this thesis clearly demonstrate

how versatile time-resolved spectroscopy is and the scope for much further

development of the initial investigations shown here, but also the much greater

potential for impact in the larger field of biomedical sensing.
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Figure A.1: Changed Series to Sample and symbols to text for conditions. Histograms of

fluorescent labelled bacteria E. coli in various conditions: (top left) Histogram,

summed over several pixels, and (top right) normalised histogram for

the labelled bacteria ’on lung’ tissue. (bottom left) Histogram, summed

over several pixel, and (bottom right) normalised histogram for the

labelled bacteria removed from the tissue, ’lavage’ condition. The bacterial

concentration was OD 1 labelled with 5µM of BacTwo. The measurements

were performed through a 2.7m MMF with an excitation wavelength of

485nm, an average laser power of 20µW, a repetition rate of 20MHz, and

an integration time of 10 s.
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Figure A.2: The fitted fluorescence lifetimes for the ’on lung’ (n=10) and the lavage

condition (n=6) for each measurement series. The bars representing the

median and the error bars the standard error, while each dot represents

the value of one measurement and the individual lines of dots the repeats.
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spectra
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Figure A.3: Changed Series to Sample and symbols to text for conditions. Spectra of

fluorescent labelled bacteria E. coli under various conditions: (top left) Spectra

and (top right) normalised spectra for the labelled bacteria in ’on lung’ tissue

condition. (bottom left) Spectra and (bottom right) normalised spectra for

the labelled bacteria in ’lavage’ condition. The bacterial concentration was

OD 1 labelled with 5µM of BacTwo. The measurements were performed

through a 2.7m MMF with an excitation wavelength of 485nm, an average

laser power of 20µW, a repetition rate of 20MHz, and an integration time

of 10 s.
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Figure B.1: The complete data sets of the investigation of the self-quenching effect on

highly loaded microspheres. The silica microspheres are functionalised with

FAM in various loading densities, from a fully loaded to a 10× diluted one.

The measurements were performed through a 3m etched MCF loaded with

the functionalised microspheres in each core. The excitation wavelength was

485nm with an average laser power of 20µW, a repetition rate of 20MHz,

and an integration time of 10 s.
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(a)

(b)

Figure C.1: (a) Schematic of chromatic dispersion in a fibre lead to a spread of the

wavelength in time. (b) Arrival times of photons recorded with the line

sensor for different spatial modes. The marked data points represents the

measured arrival times recorded with the Megaframe in imaging modality.

Multiplexed WTM is based on the effect of chromatic dispersion and has been

demonstrated in a few mode fibre by Chandrasekharan et al. [212]. For this,

they used a 32× 32 pixel CMOS SPAD detector [185, 186, 213] (MegaFrame, now

commercially available as PF32, Photon Force) in combination with a Photonic
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Lantern [214], to enhance the fill-factor of the detector, and in TCSPC mode

to image the arrival of individual spatial modes upon propagating through a

long optical fibre. In collaboration with H. Chandrasekharan the detector was

replaced with the time-resolved fluorescence spectrometer described in Sec. 3.3.1

to record the spectral and time-related information of the incident spatial modes

simultaneously.

When an optical pulse travels through a dispersive medium such as an optical

fibre, the pulse is spread out in time because of the wavelength dependency

of the group velocities. This chromatic dispersion or group velocity dispersion

(GVD) can be used for converting spectral information into arrival times. Often

these measurements are constraint to SMF, but MMF are preferred in photon

starving applications as they offer a larger core for easier coupling and a higher

throughput. If we assume no crosstalk between modes, the signal propagates

in each mode along the length of the fibre, without any transmission losses or

spectral variations.

A broad spectral range, 500nm to 700nm, from a supercontinuum laser

(SuperK EXTREME EXW-12, NKT Photonics) was coupled into a 980m SMF. The

SMF is a commercially available single mode fibre (SMF-28, Corning) with a core

diameter of 8.2µm and an NA 0.14. The fibre is designed to operate in single

mode at a wavelength of 1310nm but was used in a wavelength range from

500nm to 610nm and therefore acts as a few-mode fibre. In this wavelength

region, the fibre supports a maximum of six linear polarised (LP) modes. The

output of the SMF was butt-coupled to the spectrometer via a MMF. The TDC

of 420 ps and the jitter of the SPADs of 0.6ns are limiting the resolution of the

individual LP modes in the time domain. A repetition rate of 80MHzwas chosen

and the power was adjusted with neutral density filters to ensure single-photon

regime.

In Fig. C.1, the arrival times over the wavelengths are shown. Note, that these

detectors work in a reverse start-stop mode, which means that a higher value at

the time axis indicates a smaller propagation time for the modes. The overlaid

data points are the arrival times measured with the Megaframe detector in

imaging modality which shows that the recorded evolution of modes resembles

the previous experimental findings. A very good agreement between the arrival

times measured with the Megaframe detector and the ones measured with the
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lines sensor is achieved. The total difference in arrival time between 520 600nm

is 30ns. For shorter wavelengths, the peak arrival times are broaden as more

modes appear. However, due to the lower time resolution of the line sensor

we are not able to resolve all 6 modes. The energy distribution between the

modes and the wavelengths are extremely sensitive to the coupling conditions,

the position on the fibre endface and the incident angle.

The potential of using these CMOS SPAD line sensors for photon-starved,

high-speed WTM spectroscopy has been demonstrated. However, their

employment is limited to applications with repetitive events [215]. WTM with

TCSPC has recently found application in fibre dispersed Raman spectroscopy [216,

217] and has great potential for applications in time-of-flight depth imaging and

multispectral FLIM and coherent Light Detection and Ranging (LIDAR).
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The next generation of line sensors consists of 512× 2 pixels with 16 SPADs per

pixel in two columns. Next to several other innovations and improvements, it

features a TDC resolution of 50 ps and an IRF of 170 ps for the red SPADs [210].

With this enhanced timing resolution, applications such as single-photon

time-of-flight [218, 219], FLIM [32, 220] and DTS [221, 222] can be explored.

In DTS, the optical fibre acts as a continuous temperature sensor along the

fibre itself by spacially resolving the arrival time of photons which has found

widespread applications in civil infrastructure monitoring [223] and remote,

long range geo-hydrology in secluded areas [222]. While a light pulse propagates

through the fibre, scattering arises from the interaction between the photons of

a propagating light pulse and density fluctuations in the material of the fibre

core. The three primary modes of scattering are Rayleigh, Brillouin and Raman.

Changes in temperature or stress introduce either density variation causing a

wavelength shift in the Brilluoin scattering or optical amplitude variation in

the Raman scattering [222]. One measurement method for distributed sensing

technologies is optical time domain reflectometry (OTDR) which is applied here,

the other method is optical frequency domain reflectometry (OFDR). OTDR

analyses the backscattered light by correlating its arrival at the detector to its

spatial origin in the fibre. Distributed Raman sensing can also be used for

monitoring the integrity of the optical fibre cables in medical application such as

bronchoscopy. Commercial DTS equipment works at various wavelengths across

the visible optical spectrum with MMF for short range application and SMF for

long range applications up to 30 km with a spatial resolution in the order of

metres and with a temperature resolution of < 1 ◦C [224]. For superconducting

nanowire single-photon detector (SNSPD), a temperature resolution of 3K with a

spatial resolution down to a 1 cm has been shown [225, 226].
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Figure D.1: (a) Schematic of the fibre coiled up and submerged into a water filled

beaker on a heat plate. (b) Time-resolved measurement with the middle

1m of the fibre. (c) Ratio of the intensity of the Stokes band divided by

the intensity of the anti-Stokes band and plotted against the fibre length

for various temperature. (d) Spectrum of the Stokes and anti-Stokes band

for 100 time bins at the fibre section exposed to varied temperatures. (e)

Ratio of the intensity of the Stokes band divided by the intensity of the

anti-Stokes band and plotted against the fibre length for various lengths of

the fibre exposed to dry ice. (f) Experimental temperature calculated from

the intensity changes between the Stokes and anti-Stokes band versus the

control temperature measured with a thermometer.
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Within the backscattered light, the Raman scattering is linked to the

vibrational energy levels of the molecules and therefore to the local temperature.

While the intensity of the anti-Stokes band is strongly temperature dependent,

the intensity of the Stokes band is only weakly temperature depend. These bands

can be related to the local temperature via [225, 226]

T(x) =
h∆ω

kB(ln(Is(x)) −C · ln(Ias(x)))
, (D.1)

where h is the Planck constant, kB is the Boltzmann constant, ∆ω the Raman

shift between the excitation wavelength and the Stokes and anti-Stokes bands,

and Is and Ias the intensity of the Stokes and anti-Stokes bands, respectively. C

is a constant which can be determined theoretically by characterising the system

including the detection efficiency, the Raman gain, and the width of the two

Raman bands. Here, the temperature of a short section at the beginning of the

sensing fibre is known temperature which is used to derive C, see [226]. The

variable x represents the position increment along the fibre which corresponds

to the length of a time bin tbin through

x =
ctbin
2n

, (D.2)

with c the speed of light in vacuum and n the refractive index of the fibre

material.

A spectrometer based on the near-infrared grating (1624 g/mm, Wasatch) and

the improved sensor was built with a collimating lens of f = 30mm and a

focusing lens of f = 75mm (both aspheric lens, Thorlabs). The spectrometer

has a dispersion of 0.178nm/pixel, and a resolution of 1.84nm. A 3m MMF

was inserted into a water bath or submerged in dry ice for a certain length. In

order to fit in the beaker, the fibre was coiled up to a diameter of ∼ 10 cm, see

Fig. D.1(a). The repetition rate determines the temporal distance of the light

pulses and hence the measurement window width. Because only one light pulse

should be travelling the fibre at a time, a 20MHz repetition rate was chosen for

the 3m fibre. For longer fibres, a lower repetition rate is needed. In Chapter 5 we

mentioned that the 785nm laser diode (LDH-PicoQuant) has a prolonged pulse

tail when used at ∼ 1mW which results in a long IRF and a low time resolution.

For the temperature sensing along the fibre, the time resolution determines the

spatial resolution and to ensure a short IRF a low excitation power of 400µW was
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chosen. The time-resolved measurement was taken at a frame rate of 1000µs and

for an integration time of 30 s.

Fig. D.1(b) shows the time-resolved measurement with the middle 1m section

of the fibre submerged in dry ice. It can be clearly seen that the intensity of

the anti-Stokes band decreases significantly while the intensity of the Stokes

band remains almost constant in this section. To derive the temperature along

the fibre, the area under the curve was taken at a Raman shift of 350 cm−1

from the excitation wavelength and for a bandwidth of 132 cm−1. In Fig. D.1(c)

the ratio of the Stokes divided by the anti-stokes is plotted versus the fibre

length. Rearranging Eq. D.1, the known temperature at the beginning of the

fibre can be used to derive the constant C, which can then be used to calculate

the temperature of the section of the fibre that is submerged in the water bath.

Fig. D.1(f) shows that a good temperature agreement between the experimentally

derived temperature and the control temperature measured with a thermometer.

The absolute precision of monitoring changes in the temperature depends on

the accuracy of the calibration. Thus, to achieve a higher temperature resolution

and a higher accuracy, the results can be further improved by measuring the

calibration temperature at the beginning of the fibre directly and in a timely

manner, as well as by avoiding wavelength dependent loss from bending the

fibre, and by extending the integration time.

To derive the spatial resolution, various length of the fibre were submerged in

dry ice and the ratios are shown in Fig. D.1. The spatial resolution, which was

achieved without any further analysis, was 0.2m. Taking an IRF of the whole

system with a FWHM of 200 ps into account, a spatial resolution of 0.02m was

expected. Further analysis including deconvolution with the system’s IRF can

improve the spatial resolution.

The CMOS SPAD line sensor with improved time resolution demonstrates its

feasibility for fast temperature sensing over a wide range of temperatures.

On-going experiments will investigate the limit of spatial resolution and

temperature resolution. Additionally, the Raman effect of Germanium-doped

and Phosphorus-doped silica in comparison to pure silica core will be

investigated. Ge-doped and P-doped fibres are used as fibre Raman amplifiers

because they exhibit a higher Raman gain which could potentially decrease the

integration time or increase the temperature resolution.
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