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Abstract
In the medical field, the detection and diagnosis of diseases continue to improve.
Developments in diagnostic techniques have helped to improve treatment in the early
stages and avoid many risks to patients. One relatively new diagnostic technique is
optical coherence tomography (OCT), which is used in many medical applications to
perform internal microstructure imaging of the human body at high resolution (typically
10 µm), at high speed and in real time. OCT is non-invasive and can be used as a
contact or non-contact technique to obtain an image. In medicine, there are many
applications that involve OCT, such as in ophthalmology, gastroenterology, cardiology
and oncology.
This work demonstrates the design, development and implementation of a high
resolution swept laser OCT system for the imaging and diagnosis of tissues in
laboratory and clinical experiments. It reports an investigation to measure the thickness
of the peritoneal membrane and the use of optical imaging contrast agents such as gold
nanorods. There is also an account of the design of an endoscope-catheter fast scanning
OCT system for biomedical studies of the gastrointestinal tract and gynaecological
areas. These results were achieved by using a swept tuneable laser source with a very
high tuning speed of 16 kHz over a wide range of wavelengths: 1260 nm to 1390 nm.
The laser sweeps across 110 nm at a 16 kHz repetition rate. The real axial line speed is
limited by the source that is used in the OCT system. The axial resolution of the system
is 7 µm and its transverse resolution is 15 µm. The bandwidth of the source is up to Δλ
= 110 nm, centred at λ0 = 1325 nm, and the coherent length is 7 µm. On the sample arm
of the interferometer, the swept laser OCT technique is combined with an optical probe
and endoscope in order to develop a novel diagnostic imaging device to visualize tissue
in vivo for animal and human experimental trials.
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Chapter 1: Introduction
1.1 History of optical coherence tomography
In medicine, there are many techniques that can be used for tomographic imaging, such
as X-rays, magnetic resonance and ultrasound imaging. Each of these techniques has a
different probing distance of penetration into the biological tissue, a different resolution
and different optical properties. One of the newest techniques that can be used in
medicine for imaging biological tissue is optical coherence tomography (OCT).
OCT is an interferometric optical technique that can be used in medical and biological
applications for non-contact and non-invasive optical tomographic imaging. It provides
high resolution cross-sectional and three-dimensional (3D) images of the internal or
surface microstructure of biological tissue in real time. OCT is similar to ultrasound (B
mode) imaging, but differs in using light instead of acoustic waves. Images can be
produced by scanning the OCT beam across the tissue and taking measurements of the
time delay and intensity changes which result from the reflection and backscattering of
the optical beam from the tissue microstructure.
OCT was first demonstrated in 1991 in vitro as an ophthalmology tool for imaging a
human retina and arteries through transparent, weakly scattering ocular media [1]. In
vivo optical imaging of the human optic disc and macula was reported in 1993 [2, 3].
The anterior eye as well as the morphologic features of the retina were first imaged by
the OCT technique and reported in 1994 [4]. Using OCT for imaging the human retina
in vivo was demonstrated in 1995 with an axial resolution of 10 µm and an optical
wavelength of 800 nm [5]. In addition to these applications of OCT in ophthalmology, it
can be used for imaging nontransparent scattering biological tissues by using a long
wavelength of 1.3 µm with probing depths of 2-3 mm [6, 7]. OCT has also been used in
many medical applications such as for measuring eye length [8, 9], corneal thickness
[10], the attenuation and backscattering coefficients [11] and the refractive index of the
stratum dermis and corneum; for comparing pathological and normal skin [12,13,14];
for imaging coronary arteries and their structures [15]; and for endoscopic examination
of the urinary bladder, larynx , gastrointestinal tract and ovaries [16], mucosal tissues
[17], arteries [18]. Other uses of OCT are in dentistry for imaging the teeth and oral
17
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cavity [19, 20], in the in vivo imaging of cellular structures [21, 22] and in plant biology
[23]. Finally, it can be used in surgical applications for guiding interventions [24].
Compared with other techniques, OCT can provide high speed video rates and its cost is
relatively low. Moreover, because OCT does not employ ionizing radiation, in vivo
diagnosis of diseases in humans can be achieved more safely, without the need to excise
a specimen. Therefore, OCT can be used when diagnosis is otherwise impossible or
hazardous and when conventional biopsy gives high false rates resulting. In addition,
OCT provides real-time imaging, which can facilitate real-time diagnosis, enabling it to
be used as a surgical guidance tool. Because OCT is based on fibre optics, the
equipment is compact and portable, enabling the development of many instruments
which can be used in medical applications, such as surgical guiders, endoscopes,
catheters and laparoscopes [25].
1.2 Coherent light
One of the unique properties of laser light is its coherence, arising from the stimulated
emission process which provides the laser amplification. Emitted photons will be in step
and will have a definite phase relation with each other. To understand the meaning of
the term ‘coherent light’, it is important to understand first how the light is generated. In
reality, light is never truly monochromatic; even a laser beam is actually composed of
quasimonochromatic light. There are two reasons for this. When an atom or molecule is
excited by some means, it will move to a higher energy level. After a time (usually
between 10 −8 and 10 −9 seconds) the excited atom or molecule will return to the lower
energy level, producing light with energy equal to the difference between the higher and
lower energy levels. This light is emitted from the atom or molecule in short pulses
called wave trains, every 10 −8 to 10 −9 seconds. It is expected that the output light has
only a single frequency level from Equation 1.1:
1.1

Ε = hν

where һ is the Planck constant, E is the light energy and ν is the light frequency.
In practice, however, the output light has a range of frequencies rather than a single
frequency, as shown in Figure 1.1. This is because some of the light energy will be lost
in collisions between excited atoms, as a result of the direct relation between energy and
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frequency given in Equation 1.1. During such collisions, energy is transferred from one
atom to another, causing light to be emitted over a range of frequencies.

Figure 1.1: Intensity of emitted light over a range of frequencies
A second important phenomenon is Doppler shifting, which broadens the frequency
range of the light emitted from excited atoms. A Doppler shift occurs when light
interacts with a moving particle. The atoms emitting the light are not static but are
moving in all directions, which produces a Doppler frequency in the emitted light. It
would be possible for light to have a single wavelength or single frequency (i.e. to be
monochromatic) only if the light extended to infinity, which can never happen.
Therefore, light is never monochromatic and the best that can be obtained is laser light,
which as noted is quasimonochromatic [26].
There are two types of light coherence: spatial and temporal. The temporal coherence of
light depends on its bandwidth, denoted by Δλ in Figure 1.1 and also referred to as the
full-width half maximum (FWHM) of the light spectrum. The coherence length lc of
the light is calculated from the central wavelength λ0 and bandwidth Δλ and is given
by Equation 1.2 [26]:

!02
lc !
"!

1.2
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The coherence length of light can be defined as the distance within which its amplitude
and phase are well defined. The direction of the coherence length is the same as the
direction of light propagation. In the range of coherence length, light interference
phenomena are possible. The interference of the light source will be strong within the
coherence length of the source and not beyond it. If the light is considered to be ideally
monochromatic, the coherence length will then be infinite, whereas when the light has a
broad bandwidth, the coherence length is short [26].
The second type of light coherence is spatial coherence, which is calculated from the
coherence width of the light source and is the perpendicular distance from the light
direction within which amplitude and phase are well defined. Spatial coherence wc is
given by Equation 1.3 [26]:

wc = k

λ
D

R

1.3

Figure 1.2: Gaussian Beam Diameter D
where k is some constant which depends on the shape of the light, D is the light
diameter and R is the distance from the source. If the light source has diameter D=0
(ideal light), then from Equation 1.3 its spatial coherence will be infinite.
OCT imaging systems use continuous light (cw), which is emitted by many atoms and
where the average light energy is constant. The stability of the energy occurs because
there is no dramatic change in light intensity over the coherence length. Here the
coherence length of the broadband source is short. By contrast, narrow band light such
as laser light, which has a small range of frequencies, will have a long coherence length
[26].
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1.3 Light in matter
This section explains the optical properties of light within matter such as tissue.
Scattering, absorption, refractive index and dispersion are the material properties which
will be specifically examined.
1.3.1 Dispersion
Dispersion occurs when light passes from one medium to another that has a different
refractive index from the first. Since light of different wavelengths will travel at
different speeds and frequencies. If light travel in a vacuum has a wavelength !! , light
travel in medium with refractive index n, light wavelength ! in the medium is :

!=

!!
n

1.4

When light passes through tissue, it undergoes dispersion. Greater dispersion can be
obtained by using a wider broadband optical light. In OCT imaging systems,
interference between the light reflected from the reference arm and that reflected from
the sample arm will not allow ranging if the light dispersion in the medium is too large
[26].
The optical path length (OPL) of light is different in different materials. It is defined as
the product of material refractive index n and the geometric length d :
OPL = n d

1.5

1.3.2 Absorption
When light interacts with atoms or molecules, electrons in the energy levels near the
atomic nuclei will absorb the energy of some photons. If the energy of a photon is equal
to the difference between two energy levels in an atom, an electron will move to the
corresponding higher energy level. The incident photon energy is hν , where h is the
Planck constant and ν is the photon frequency. Electron transmission occurs only when
[26]:
1.6

E2 − E1 = hν
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where E2 , E1 are the higher and lower energies. Therefore, electrons in a given atom or
molecule absorb only a specific photon energy and this gives rise to the phenomenon of
colour. For example, if an object is red, this is because it scatters red light and absorbs
in the blue and yellow regions. Black objects absorb light in all regions of the visible
spectrum, whereas white ones scatter all visible light.
In OCT systems, the light is in the near-infrared region, which means that it will interact
with the bound electrons, rather than the shell (outer) electrons, in an atom or molecule.
When the atom absorbs photons from near-infrared light, these electrons move to a
higher energy level. In a short time, in the order of 10 −8 to 10 −9 s, the photons are
reradiated and the electrons return to the lower energy level. To maximise absorption of
light by biological tissue, rather than scattering, light with a wavelength below 1300 nm
should be used, because the absorption peak of water is near 970 nm [26].
1.3.3 Scattering
The scattering of light by matter is the basis of the OCT imaging system. This section
explains the elastic, rather than inelastic, scattering of light by matter. In elastic
scattering, the kinetic energy of the incident photons is conserved, while the direction of
propagation is modified. There are two types of elastic scattering: Rayleigh and Mie
scattering.
Rayleigh scattering: If the distances between the atoms of the medium are very large
(about five times the wavelength of the light) and if there is no organized pattern among
the atoms, then when light passes through the medium it will be scattered in all
directions, generating a uniform scattering profile. In such Rayleigh scattering, the
scattering amplitude varies inversely with the wavelength of the light and is given by

1 / λ 4 . The OCT imaging system is based on a high degree of scattering, but not in the
range of Rayleigh scattering [26].
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Mie scattering: If the distances between atoms are small, around half of the wavelength
of the light, light scattered from one atom will interfere with that scattered from other
atoms. Forward scattering is the only light which can generate constructive and in-phase
interference. If the atoms of the medium are well organized, forward scattering is almost
always obtained. In OCT, light is scattered from atoms which are much larger than its
wavelength and this is called Mie scattering. The OCT system uses a heterogeneous
medium where the parameter values are not the same everywhere and whose constituent
atoms and molecules are organized in particles. Therefore, light scattered from atoms or
molecules in one particle will interfere with light scattered from others in the same
particle. Each particle constitutes a homogenous medium, but there is a difference in
refractive index between the inside and the outside of the particle. The size and shape of
the particles must also be taken into account. Within particles, the light mostly
undergoes forward scattering. This is a major problem in OCT imaging for two reasons.
First, the system is based on measuring the intensity of backward scattered light in order
to obtain information on the sample to be imaged. The second reason is that when light
is scattered in all directions, it will undergo multiple scattering, which makes the OCT
image excessively noisy [26].
1.4 Medical imaging techniques
The production of images of the body or its tissues is based on the interaction of energy
with the tissue. This energy can be in the form of any type of radiation, magnetic or
electric fields, or acoustic energy. It usually interacts at the molecular or atomic levels;
therefore, understanding the structure of the atom is important. There are many different
medical systems for imaging the human body or tissues. These are:
• X-rays
• Computed (or computerized) tomography (CT)
• Magnetic resonance imaging (MRI)
• Confocal microscopy
• Positron emission tomography (PET)
• Single photon emission tomography (SPECT)
• Ultrasound
• OCT (the most recent).
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The modality of these systems depends directly on how much radiation energy has to be
applied to the body. The modalities of CT, PET, X-rays and SPECT produce ionising
radiations, whereas confocal microscopy, MRI, ultrasound and OCT all are non-ionising
modalities. Table 1.1 compares these medical imaging techniques, listing their
parameters and applications [27].
Both ultrasound and confocal microscopy share features with OCT. However, each of
these medical imaging systems has a different image resolution. Figure 1.3 shows their
resolution, corresponding to the depth of penetration into the tissue.

Table 1.1: Medical imaging techniques compared
Imaging Method

Measuring Parameter

Medical applications

Computed tomography

Atomic number
Density

Body anatomy
Mineral content
Flow

Magnetic resonance
imaging

Relaxation parameters
Frequency Shift

Body anatomy
Flow
Chemical composition

Confocal microscopy

Objective optics
Light wavelength

Positron & single photon
emission tomography

Radionuclide concentration

Metabolism
Concentration of receptor site
Flow

Ultrasound

Sound velocity
Frequency shifts due to particle
motion

Anatomy
Tissue structure
Flow

Optical coherence
tomography

Light wavelength
Frequency (Doppler) shifts
Objective optics

Ophthalmology
Endoscopy & surgery
Anatomy
Flow
Microstructure tissue

Microstructure tissue
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Figure 1.3: Resolution and image penetration of the ultrasound, OCT and confocal
microscopy imaging systems [28]
It can be seen from Figure 1.3 that ultrasound has an image resolution between 0.1 and
1 mm, which is related to the frequency of the sound waves used in clinical
applications, ranging from 3 to 40 MHz. At the standard frequency range, the absorption
of the sound waves by the tissue is minimized; therefore, most of the incident sound
will be transmitted deep into the body [27]. On the other hand, at high frequencies (100
MHz), the ultrasound resolution is between 15 to 20 µm and penetration is limited to a
few millimetres. The principle of ultrasound is similar to that of OCT, except that the
latter uses light waves, whose speed ( 3 ×108 m/s ) is much greater than that of sound
(1500 m/s). Both ultrasound and OCT systems measure the magnitude and the time
delay (echo) of the backscattered light or sound wave from the tissue. Moreover, both
systems can provide a two- or three-dimensional (2D or 3D) image, depending on
measuring the backscattering of the sound or light from different axial distances in the
sample and measuring the echo delay time. In the ultrasound technique, an electronic
detector is used to measure distances in the order of 100 µm, which is the range of the
axial resolution of the ultrasound. In the OCT system, where axial resolution is in the
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order of 10 µm, measuring distances within this resolution range requires a short
resolution time of around 30 fs. Electronic detectors cannot measure such short echo
delay times directly; therefore, other types of measurement such as high-speed gating
and interferometry are required for OCT [28, 29,30].
In medical imaging, microscopy is considered to provide the highest resolution, as high
as 1 µm. The disadvantage of the microscope is that the imaging depth is limited to a
few hundred micrometers, because of the high optical scattering, which degrades both
the optical signal and the image contrast [27].
The optical coherent tomography imaging system can be considered to lie between
ultrasound and confocal microscopy, as can be seen from Figure 1.3. The depth
resolution (axial resolution) of OCT depends directly on the properties of the light
source: a higher axial (depth) resolution of the image can be obtained by using a wider
bandwidth light source. The axial resolution of current OCT systems is between 1 and
15 µm, which is ten to a hundred times better than that of ultrasound. However, the
disadvantage of OCT is that the image depth is limited to 3 mm because of the
significant light scattering in the tissue. This problem can be solved by integrating the
OCT system with other medical instruments such as endoscopes and catheters when
deep light penetration is required in order to image the internal organs and cavities
inside the body.

In medicine, many biological issues are not well understood and some need to be
probed below the surface for diagnosis or treatment. Optical probing provides a noninvasive technique in such cases, avoiding the disadvantages of using invasive methods.
The principle of optical probing is shown in Figure 1.4.
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Figure 1.4: The principle of optical probing
The light from the optical source is directed to the sample to be imaged and interacts
with the sample. Some of the light will penetrate, some will be reflected, some scattered
by the sample’s constituents and some absorbed. The light re-emerging from the sample
can then be measured by a detector. There are many parameters that affect the reemergent light, an important one being the refractive index of the sample. Measuring
the refractive index can indicate the calcification, age and hydration of the sample. In
some applications, the absorbance of the sample is also important and it depends on the
wavelength of the incident light. Higher rates of absorbance reduce the proportion of
light which re-emerges [27, 28].
There is a fundamental difference between phototherapy and optical diagnosis, although
both of them use light to complete a medical task. Phototherapy procedures include
laser correction surgery and treatment of diseases such as cancers, while optical
diagnosis, with which the work reported in this thesis is concerned, is the use of light to
diagnose disease.
In general, medical imaging refers to visualising the (usually invisible) structure or
function of a biological object for the diagnosis or treatment of disease. As noted above,
the medical techniques for imaging and diagnosing biological objects include
ultrasound, MRI, CT, PET and OCT, which is the subject of this thesis.
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These techniques can provide 2D or 3D mapping of temperature, refractive index, blood
flow, reflectance or any quantitatively measured parameter. They are based on the
interaction between bodily tissue and energy, which could be electric field energy,
magnetic energy, radiation energy or acoustic energy [27, 31, 32].
The following subsections provide a survey of the existing imaging systems that are
used in medicine.

1.4.1 X-ray shadowgram imaging
As Figure 1.5 shows, X-rays are a form of electromagnetic radiation. In medicine, their
best known use is in shadowgram imaging. Since their discovery in 1895 by Wilhelm
Röntgen, they have been used widely in such medical applications, because of their
good penetration into body tissues. For many years, this was the only way of imaging
the human body without the need for surgery.

Figure 1.5: Electromagnetic wave spectrum [40]

The principle of the shadowgram technique is the transmission of X-radiation through
the body in order to create a 2D image or shadow. An X-ray imaging machine consists
of three main parts: an X-ray source or tube, an X-ray detector and hardware for
positioning the object to be imaged between the source and detector. Electrons are
generated in the X-ray tube by heating the cathode filament, as shown in Figure 1.6.
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This produces an electron beam with energy which is then accelerated and directed onto
the anode. Some of the kinetic energy of the electrons will be converted into heat when
they hit the target at the anode end (which is known as the focal point) and some will be
converted into X-rays. The X-ray beam is directed through a small window in the tube
before being projected through the tissue to be imaged, which is placed on a fluorescent
film. This film is made from a material sensitive to X-radiation so that when X-rays
strike it, it is exposed. Negative photography of the body structures can then be obtained
by developing and fixing the film. In the photograph, structures that transmit Xradiation will be displayed as dark areas, whereas tissue which absorbs or scatters it will
be displayed as clear regions, as shown in Figure 1.7. Therefore, an X-ray imaging
system can be used to distinguish between bone and other tissues, because bone absorbs
X-radiation, while most other tissues transmit it with relatively small changes [27, 33].

Figure 1.6: An X-ray machine and how it works [41]

Figure 1.7: X-ray image of a human chest [42]
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There are a number of disadvantages of using X-ray imaging systems. First, X-radiation
can damage the DNA in tissues and can cause cancer because of its ionising nature.
Secondly, X-ray detectors cannot distinguish between rays which have followed
different paths, so the resolution of the image and the signal-to-noise ratio (SNR) are
limited. Another disadvantage is that valuable information can be lost because the
system produces a 2D image of a 3D object. In addition, a small bone located directly
behind a larger one cannot be imaged because most of the incident X-radiation will be
absorbed by the latter. Finally, the system requires that the person should be immobile
during X-ray exposure, which is sometimes difficult to maintain.
The resolution of X-ray imaging systems is in the order of 140 µm for dental
applications, while for large-scale applications such as liver and heart imaging, it is in
the order of 1 mm and several minutes of exposure are needed to produce an image
[27].
1.4.2 Computed tomography
As mentioned in the previous section, one of the disadvantages of X-ray shadowgram
imaging is that it produces two-dimensional images of three-dimensional objects and
therefore cannot provide full details of the structure because of lost data. In the 1970s,
this problem was partly resolved by rotating the X-ray source and detector at the same
time and in the same direction through an angle of 180°, producing computed
tomography images of slices of the subject, as shown in Figure 1.8. At the same time,
the subject is moved in the direction of the axis of rotation of the source, to produce a
series of sliced images [27, 34]. These are then recombined digitally to produce a 3D
image of the internal morphology of the subject. The transverse resolution of such CT
systems is between 300 µm and 1.2 mm, while the axial resolution is from 2 mm to 5
mm [35].
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Figure 1.8: The computed tomography machine and how it works [43]

Figure 1.9: Computed tomography image of the upper abdomen [32]
Computed tomography can be used to diagnose and image bones in the body because it
is sensitive to bony material, as shown in Figure 1.9. It is also possible to image soft
tissue clearly by injecting a contrast agent into a blood vessel supplying the area of
interest, but this aspect of the CT system makes it an invasive imaging technique [31,
32].
1.4.3 Magnetic resonance imaging
In an atom, electrons travel around the nucleus in a circular orbit, generating a magnetic
field. The net magnetic field of the nucleus is a vector known as the magnetic moment.
If a static magnetic field is present, the magnetic moment states of all nuclei are
quantized. On other hand, when the magnetic field is applied, the magnetic moment will
be disrupted [27].
Resonance in this imaging technique comes from the use of a radio frequency
electromagnetic wave. When the radio wave has energy equal to the difference between
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two energy levels in the atoms, there will be an excitation by stimulation of the
population at the lower energy level to the upper energy level. This population remains
in the upper energy level for a period known as the relaxation time before it reverts to
the lower energy level. Information on the area under test can be obtained by measuring
the relaxation time of the population, which can be done by means of a coil placed
around the sample to be imaged (Figure 1.10).

Figure 1.10: Magnetic resonance imaging technique [36]

Figure 1.11: Herniated disc imaged by MRI [36]
The MRI technique provides a 3D image of the sample. Unlike the X-ray shadowgram
and CT techniques, which are both sensitive to hard tissues, MRI is sensitive to soft
tissues. Figure 1.11 shows the image of a herniated disc produced by the MRI technique
[27, 36]. The usefulness of MRI was discovered by Raymond Damadian, who found
that relaxation differs between normal and cancerous tissue. Thus, MRI can be used to
distinguish between healthy tissue and tumours. Its resolution is in the order of 1 mm in
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all directions. However, it has been demonstrated that better resolution can be obtained
from microscopic MRI, in the order of 10 µm. The scan depth of MRI is in the order of
tens of centimetres [36, 37].

1.4.4 Ultrasound imaging
In the ultrasound technique (Figure1.12) an acoustic wave of frequency between 4 MHz
and 30 MHz is used as the energy field. The chosen frequency depends on the
application. If ultrasound is being used to obtain a higher resolution image and the depth
of the scan is not important, then higher frequency acoustic waves are chosen. On the
other hand, if a deeper scan is required, a lower frequency is appropriate [27].
The speed of the acoustic wave in the tissue is relatively high, at 1500 m/s. The
technique is based on measuring the delay time between the input sound signal into the
sample to be imaged and the reflection signal from the sample, which provides
information on the position of reflectors in the sample. This can be achieved by
measuring the reflecting intensity at the detector as a function of delay time. A 2D or
3D tomographic image of scatter distribution is then produced. The average resolution
of the ultrasound imaging technique, in the order of millimetres, is too coarse to provide
an image of the microstructure of a sample. It has been demonstrated that the best
resolution that can normally be obtained is 300 µm, whereas the intravascular
ultrasound system, with a frequency of 30 MHz, can achieve a resolution of 110 µm.
The scan range of the ultrasound imaging technique is between 10 cm and 15 cm, and
the time taken to produce an image is 20 ms [27, 37].
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Figure 1.12: Ultrasound system [44]

Figure 1.13: Ultrasound image of a foetus [38]
1.4.5 Positron emission tomography
PET is classified as an invasive imaging technique because it is necessary to inject a
positron-emitting radioisotope into the sample to be imaged. The principle of this
technique is that positrons are emitted by the radioisotope and are then recombined with
the electrons in the vicinity to produce two gamma rays of energy 0.5 MeV. These two
photons will travel in opposite directions under the conservation of momentum law and
will then be detected by the PET detector, which is placed around the sample and which
can recognise the point location of the emission of gamma photons. Figure 1.14 shows
an overview of the PET system used for imaging [27].
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Figure 1.14: Positron emission tomography device [45]

Figure 1.15: PET image of the brain [45]
Most medical imaging techniques indicate the morphology of the tissue or the sample
being imaged. However, PET provides information on the function of the tissue rather
than its morphology, because it maps the tissue’s radionuclide distribution, which
depends on the functional state of the tissue. Therefore, PET is widely used to
investigate how the brain functions in response to certain stimuli, as shown in Figure
1.15. A PET image can be obtained within 20-60 s and the image resolution is 2 mm.
There are some risks associated with using PET, such as exposure to radiation [27, 39].
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1.5 Determination of imaging quality
Many parameters must be considered when one of the techniques described in section
1.4 is used, depending on the medical condition being investigated. Each of these
parameters, which are scanning range, dynamic range and spatial resolution, is
discussed in turn in this section [27].
Scanning range concerns the physical dimensions of the object being imaged; in other
words, it indicates how far the technique can penetrate into the sample. A small
scanning range means that the system cannot penetrate far inside the tissue being
imaged. However, a system with a small scanning range tends to give better resolution
than one with a larger scanning range which penetrates deeply [27].
Dynamic range indicates how sensitive the system is and it also measures the strength
of the output signal. The dynamic range can be obtained by dividing the maximum level
of a parameter such as power, frequency or current that the system can measure by the
minimum level of this parameter detectable by the system. The dynamic range depends
on the characteristics of the detector. A larger dynamic range means that better images
can be obtained [27].
Spatial resolution measures the ability of a system to distinguish between two closely
adjacent objects. The higher the spatial resolution, the better are the images which can
be obtained. However, as noted above, resolution is negatively correlated with
penetration depth or scan range [27].
1.6 Scope of Thesis
This thesis describes the principle and development of a new clinical optical coherence
tomography system. It demonstrates a preliminary trial design of two novel in vivo
OCT imaging endoscopic probes to produce images in different clinical fields. This is
achieved by developing an optical probing system to deliver a light beam into biological
tissues to be imaged. Clinical trials with animals were run to assess the advantages of
using the high resolution OCT system in a laboratory environment.
The thesis is organized correspondingly to report the development and use of the OCT
system in different medical fields. Chapter 2 provides an overview of the principles
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behind the OCT medical imaging technique, covering interferometry, system
parameters, components, electronics and applications of the OCT system. Chapter 3
describes the preliminary design of an OCT endoscope to be used in gynaecological
studies, intended to be capable of detecting small changes in tissue by its high
resolution, without the need to excise specimens. Chapter 4 reports the preliminary
design of an OCT endoscopic probe that can be used for gastrointestinal imaging. This
preliminary trial design is for clinical applications in gastroenterology in order to obtain
A-scan images of sample tissues. Chapter 5 explores the imaging and measurement of
the thicknesses of the peritoneal membrane and other organs in rats and mice of
different weights by means of the swept laser OCT technique. Chapter 6 investigates the
use of optical imaging contrast agents such as gold nanorods to improve the image
quality and enhance the sensitivity of the OCT system, taking advantage of their high
scattering and absorption of near infrared light.
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Chapter 2: Principles of optical coherence tomography

2.1 Introduction
This chapter presents a discussion of the techniques of interferometry using low
coherence and coherent light sources. In addition, it describes axial resolution,
transverse resolution, electronics and the parameters related to the imaging system.
2.2 Interferometry
The OCT system is based on the interferometer, which is important for producing the
optical coherence function and forming the OCT image. The standard interferometry
technique uses a Michelson interferometer and a monochromatic light source, as shown
in Figure 2.1. Using this experimental setup, both constructive and destructive
interference can be obtained at the detector. This interference between the light beam
from the sample arm and that from the reference arm depends on the separation phase
and the path length between the two beams. The profile obtained from the interference
is the optical reflectivity or A-scan as a function of distance (depth) in the sample. In
order to scan rapidly, the reference arm mirror must be moved rapidly. When one arm is
moved, a periodic modulation will be produced in the signal intensity. The modulation
frequency can be determined from the wavelength of the light source. In the interference
profile, each cycle has a phase shift of 2π. The signal is processed by using electronics
and data acquisition. The optical length should be within the coherence length of the
light source. Therefore, the coherence length of the light source is an important
parameter in the interference profile and affects the system’s axial resolution, which
will be discussed in more detail later [1].
As shown in Figure 2.1, the light source is pointed at an optical beam splitter to obtain
two beams, one of which is directed to the single plane sample arm, while the other
beam is directed to the reference arm, containing a moving mirror that is translated
mechanically with variable path length and echo delay time. The light scattered from the
single plane in the sample arm then interferes with that reflected from the reference arm.
At the interferometer output, interference fringes are detected by a photodetector [2].
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If a coherent light source is used in the interferometer, interference between the
reflected light from the reference arm and the scattered light from a single plane sample
is achieved and interference fringes will be detected as the relative path lengths are
varied.

Figure 2.1: The standard monochromatic Michelson interferometer
The constructive interference from the reference mirror and a single plane in the sample
arm can be achieved only when the optical path length of the beam reflected from the
mirror and that of the beam from single plane in the sample match to within the
coherence length ( ΔLC ) of the light source. Measuring the backscattering light intensity
and the echo delay time can be performed by detecting and modulating the interference
pattern at the output of the interferometer while scanning the path length of the
reference beam [2]. If the light source with electric field E Ο is directed onto the splitter,
which splits it into two beams with equal intensities, one directed to the sample arm and
the other to the reference arm, the reflected field from the sample arm is E S , whereas the
reflected field from the reference arm is E R . If a monochromatic light source is used,
both fields are then represented by harmonic time-dependent wave functions:
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!
E R = Er cos [! t + ! r ]
!
ES = ES cos [! t + ! S ]

where

φr

2.1

and φ s are the relative phases of each field, E r and E s are the amplitudes of

the sample field and reference field, ω is the angular frequency of the light. The above
equations can be written as functions of the lengths of the two arms, as in Equation 2.2,
[1]:

!
! j 2 ! l !! t
E R = Er e ( R r )

2.2

!
! j 2 ! l !! t
Es = Es e ( s s )

where !r and ! s arethe propagation constant of the light source in sample and
!
!
reference arm , l s and l r are the lengths of the interferometer and ER and Es are the
electric field components at the beam splitter of the interferometer after reflection [1].
The amplitudes of the reference field and the sample field can be obtained by assuming
that the incident amplitude will be split equally between the reference and sample arms,
as in Equation 2.3:

Er = Es =

1
Eο
2

2. 3

The optical intensity can then be obtained by superposing the two complex wave
functions at the detector [1]:

I D = ER + ES

=

2

1
1
1
Ir + Is +
I r I s cos ( 2 !r lr ! 2 ! sls + " (t ))
4
4
2

2.4

where φ (t ) is the relative phase difference between the two waves. By assuming that the
relative phase difference between the two back waves is zero [ φ (t )=0] and that the
propagation constants are identical [ β r = β s = β =

2π

λ

], the phase difference between
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the two fields can be represented as a function of the path length difference ΔL , as in
Equation 2.5 [1]:

Δφ =

2π
(2l r − 2l s ) = 2πΔL
nλ
nλ

2.5

where !L = 2(lr " ls ) is the optical path length difference, λ is the optical wavelength
and n is the reflective index. Small changes in ΔL can be measured because the optical
intensity at the detector responds sensitively to the path difference. By moving the
mirror in the reference arm in the direction of the light propagation and with a constant
velocity, the path length difference can then be represented as a linear function of time
[1]:

ΔL = vt

2 .6

where v is the mirror velocity and t is the time. Doppler frequency will then be
produced in the reflected light. The Doppler frequency is shown in Equation 2.7[1]:
fD =

v

2.7

λ

where f D is the Doppler frequency, v is the mirror velocity and λ is the light
wavelength. Equation 2.4, giving the optical intensity at the detector, can be written as a
function of the Doppler frequency [1]:

ID =

1
1
1
Ir + Is +
I r I s cos(2πf D t )
4
4
2

2.8

In Equation 2.8, there are three terms: the first two are the DC signal components and
the last is the AC signal component that oscillates through a range of the path length
difference between the two waves. Figure 2.2 below shows the interference fringes at
the detector over a path length difference [1].
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Figure 2.2: Interference fringes of the two back waves at the detector
The dimensions of structures in the sample are obtained from measuring the echo time
which is the time that the light takes to be reflected and scattered from different
positions in the sample. The echo delay time of a reflected light from a micron scale
structure with a micron scale resolution (as in OCT) is extremely short, around 30 fs.
This timescale is difficult to measure using a direct electronic detector. Therefore,
measuring the echo delay time in OCT system is based on comparing between light
reflected from the sample to light reflected from reference arm light traveling with a
known path length. It was first used in optoelectronic devices and fibre optics for
measuring reflections [3] and its first use in medicine was in ophthalmology, for
measuring axial eye length and corneal thickness [4-6].

A cross-sectional or B-scan profile of the sample can be obtained by translating the
reference mirror while scanning the light across the sample. Figure 2.3 shows how
cross-sectional images can be obtained.
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Figure 2.3: Production of a cross-sectional image of the internal structure of tissue
The beam is directed into the sample to be imaged to obtain the intensity and the time
delay measurement of the scattering light and to generate an axial scattering pattern.
The two-dimensional dataset can be obtained by scanning the incident beam in the
transverse direction and measuring the backscattering pattern at different transverse
locations on the sample. The two-dimensional array dataset stands for the optical
backscattering and reflection through the cross section of the tissue slice [2].

When the light field has a non-random and definite phase relationship, then the field has
a degree of coherence. If the phase relationship is approximately constant in time and
space, then the time that is measured is known as the coherence time and is equal to:

τc =

1
Δν

2.9

where Δν is the frequency bandwidth of the optical light source. From Equation 2.9,
the coherence time can be increased by using a narrow bandwidth or small Δν in the
optical spectrum, which will consist of a single frequency if the source is infinitely
coherent. Conversely, if the light source comprises many superposed frequency
components, this broad bandwidth will give a short coherence time. Coherence length is
the optical path length that can be obtained when the light maintains the property of
coherence. The electromagnetic radiations of the field are represented as a sinusoidal
profile over the coherence length. If the coherence is low, the source will not then have
a single frequency but will contain a finite bandwidth of frequencies.
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The coherence length of the light source is given by:

ΔLc =

2 ln 2 λο2
π Δλ

2.10

where λ° is the central wavelength. If a low-coherence source is used in the
interferometer, the only way that the interference fringe profile can be seen is when the
optical lengths of the reference and sample arms are within the optical coherence length
of the light source. The gating of the coherence length is a coherence length of the light
source and it is controlled by the light bandwidth. This coherence gating will help to
provide more information about the axial [7].
If the medium is dispersive, a range of frequencies will oscillate at different velocities.
If the dispersion of the medium is relatively large, the interferometric autocorrelation
function can be broadened. The dispersion mismatch affects not only the width of the
interferometric signal but also the height of the interferometric signal peak, which is
reduced by the dispersion mismatch. This reduction of the peak causes dynamic range
reduction [8].

2.3

Optical coherence tomography

The standard OCT technique consists of a fibre optic coupler, which is used to combine
light from several fibres, and a galvanometer scanner, which is used to scan the mirror
in the reference arm in a linear manner. Axial depth scanning can be produced by
moving the reference mirror, while moving the OCT beam to different transverse
locations can produce a transverse scan. Interference fringes can then be created by
scanning the optical path of the reference mirror. By using a photodetector, these
interference fringes can then be detected at the interferometer output. Because a low
coherence light source includes a wide range of wavelengths, each optical length λoptical
will have a frequency value according Equation 2.11:
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f =

2!

2.11

"optical

where f is the frequency in the time domain, ! is the scanning velocity of the moving
mirror and λoptical is the optical wavelength of the OCT light source. The central
frequency, which is known as the Doppler frequency of the system, can be measured by
using the central optical wavelength of the OCT light source [2].
From the Michelson interferometer principle, interference occurs when the difference in
optical wavelength between the two light beams is within the coherent length of the
light source. Since the sample arm does not move, the only way to achieve interference
is by scanning the mirror in the reference arm. Thus, the axial resolution of the OCT
depends on the coherent length of the source light, which can be considered to be the
FWHM of the peak in the coherent envelope. If the distance between the two reflectors
in the sample is less than the coherent length or FWHM, then the system will not
distinguish these reflectors as two separate points but will resolve them as a single
reflector. A coherent profile with a narrow envelope gives the perfect reflectivity
profile; therefore, in the OCT system, it is important to use a wide bandwidth light.

An OCT light source should fulfil three conditions: first, an emission wavelength in the
near infrared to minimize absorption by the tissue; secondly, a short temporal coherence
length, because a broad bandwidth source will allow high resolution to be achieved;
finally, high optical power, which is needed for detecting sensitively the weakly
reflected or scattered image of the internal structure of the biological tissue. The most
common sources used in OCT to obtain a low coherence length are superluminescent
semiconductor diodes with peak wavelengths of 800 nm or 1300 nm and femtosecond
solid-state lasers [9].
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2.4

OCT system parameters

2.4.1 Axial and transverse resolution
The ability of any system to distinguish the smallest distances between two scatterers is
known as its resolution. If the system is based on free space, the FWHM of the
interferometric signal at the detector determines the axial resolution of the system. If the
light that is used in the system has an optical Gaussian spectrum, both the coherence
length of the light source and the axial resolution of the OCT system are inversely
proportional to the bandwidth (FWHM) of the optical source [10]:

ΔLc =

2 ln(2)λο2
= dz
π (Δλ )

2.12

where ΔLc is the optical coherence length, Δλ is the optical bandwidth, dz is the axial
resolution and λο is the central wavelength of the light source. If the medium of the
system has a refractive index n, then the axial resolution of the system is [10]:

ΔLc =

2 ln(2)λο2
= dz
π (Δλ )n

2.13

The axial resolution depends on the coherence length of the OCT light source, while in
a conventional microscope it depends on the depth or the confocal parameter. Therefore,
enhancing the axial resolution can be achieved by using an optical source with broad
bandwidth, for example, from a femtosecond solid state laser or a superluminescent
semiconductor diode (SLD). While the axial resolution of the OCT system increases
with broadband width, one of the most serious associated problems is spectral
dispersion, which arises because light of different wavelengths propagates through the
tissue at different velocities. Spectral dispersion, which increases dramatically when the
bandwidth of the spectrum is broadened, affects the OCT imaging system by reducing
the SNR of the OCT system [11].
The transverse resolution of the system is measured as a parameter of the focusing lens
that is used in the sample arm and depends on the focal spot size of the light source
[10]:
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dx =

2bλ

π

or similarly,

dx =

4λf
λ
≈
πd 2 NA

2.14

where dx is the transverse spot size, λ is the optical wavelength, b is the focal
parameter (which determines the depth of focus), f is the focal length of the lens, d is
the diameter of the light beam and NA is the numerical aperture. From equation 2.14 it
is clear that the transverse spot size can be improved by reducing the spot size. This can
be achieved by increasing NA, which is related to the properties of the cone of light:
NA=n sinθ

2.15

Here n is the refractive index of the medium in which the lens is working and θ is half
of the angular aperture of the lens. The larger the cone of light that can be brought into
the lens, the higher the transverse resolution which can be obtained from the focusing
lens. When NA is high, more orders of diffraction from the object are brought into the
lens and a much brighter image can be produced. However, increasing the transverse
resolution results in a reduction in the depth of focus, which is similar to the situation in
conventional microscopy. The coherence length of the OCT light source, rather than the
confocal parameter, is very important in determining the axial resolution. This allows
high resolution imaging to be achieved. On the other hand, in confocal microscopy, high
axial resolution can be achieved only by using high numerical apertures and minimizing
the working distances. In most techniques, the system is designed to have the same axial
resolution and transverse resolution. Having a very axial high resolution will minimise
the image depth, which is only a few millimetres in OCT. This is low compared with
other medical techniques like ultrasound or X-ray, which can penetrate much more
deeply inside the body.
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2.4.2 Dynamic range, SNR and sensitivity of OCT systems
When OCT is used for in vivo imaging, it is important to obtain the maximum values
for dynamic range and SNR. Sensitivity is also important. These three parameters are
discussed here in turn [12].
2.4.2.1 Dynamic range
The dynamic range of a system or device is defined as the ratio of the maximum value
of any parameter such as voltage, current or power to the minimum value of that
parameter that can be obtained from the system or device. The ratio, which is
considered in turn to be a very important parameter in the measurement system, is
expressed in decibels [12].
2.4.2.2 Signal to noise ratio
The SNR is the ratio of the amplitude of the maximum signal to the amplitude of noise
in the signal at a given point in time. Theoretically, when the system has infinite
dynamic range and infinite linearity of electronics, the SNR can be calculated from
Equation 2.16 [12]:
⎛ ηPS ⎞
SNR = 10 log⎜
⎟
⎝ 2hνNEB ⎠

2.16

where η is the quantum efficiency of the detector, h is the Plank’s constant, ! is the
frequency, PS is the sample optical power and the ηPS 2hν is the number of electrons
per unit time at the photodetector produced by the light reflected from the sample and

1 NEB is the bandwidth of the bandpass filter in the system. If the OCT system uses an
SLD as its light source, then typically SNR = 111 dB.
2.4.2.3 Sensitivity
The sensitivity of a system or device is obtained by measuring the minimum value of
the input signal that has a certain value of SNR. In the OCT system, the minimum input
signal is measured by giving SNR the value of 1, so the minimum value of the signal is
then simply the minimum value of the intensity of reflection from the sample. This
minimum value equals the noise signal obtained from the same amount of signal [12].
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2.5 Relation between scanning speed and resolution
In order to maintain the high resolution of the signal detection system, it is important to
increase the noise-equivalent bandwidth (NEB) of the bandpass filter [1]:

NEB =

2!!"
!2

2.17

where Δλ is the bandwidth of the light and ! is the scanning speed. From Equation
2.17 it is clear that to increase the bandwidth of the bandpass filter it is important both
to increase the scanning speed and to use a broadband source with a large bandwidth.
However, increasing the NEB decreases the SNR, which is not desirable in any imaging
system. The reason for this reduction in SNR is that the bandpass filter allows most of
the shot noise to pass, which increases the ratio of noise to signal. Therefore, in an OCT
system with high resolution and high scanning speed, the power incident on the sample
must be chosen carefully in order to obtain a high SNR.
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2.6 OCT components and electronics
2.6.1 Sources
Many different sources can be used in OCT systems, but the ideal light source would
have many properties, including the following: a central wavelength near 1300 nm, a
broad bandwidth, a Gaussian beam profile, the ability to produce sufficient output
power, low noise, low cost and ease of integration with other medical instruments for
many applications. Nowadays, OCT systems for medical applications most usually use
semiconductor and femtosecond sources [1].
2.6.1.1 Semiconductor Lasers
Semiconductor sources are either continuous wave sources or quantum well sources. A
superluminescent diode is a semiconductor source which emits infrared light. The
advantages of the SLD as a light source include a Gaussian beam profile, high radiant
flux density, low coherent light, low cost, small size and the ability to control the output
power by varying the current. Its main disadvantage is that the output power is
insufficient for in vivo optical image applications; therefore, it is used only to produce
in vitro images. Other semiconductor sources are semiconductor optical amplifiers,
which are used in high speed image applications and which have Gaussian beam
profiles, 10 µm resolution, relatively low cost and broad bandwidth [1].
2.6.1.2 Femtosecond Mode-Locked lasers
There are two solid-state mode-locked lasers that are used in OCT systems. These are
pulsed type sources with a duration time on the femtosecond scale, broad bandwidth,
high cost and high output power. The first type is the titanium sapphire ( Ti : AL2 O3 )
laser, which is pumped by using a continuous wave laser. Its resolution is 2 µm and its
central wavelength is 800 nm. It is used in imaging transparent tissue such as in the eye.
The second type is the chromium forsterite ( Cr 4+ Mg 2 SiO4 ) laser, its central wavelength
is 1280 nm. Its output power has a central peak at around 300 mW and its resolution is
under 4µm. The laser is pumped by using a continuous wave diode laser (Nd:YAG) and
used in the imaging of nontransparent tissue [1].
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2.6.1.3 Swept laser sources
The output signal interference at the detector is just a sinusoidal envelope of the
distance with a step of the wavelength of the light that is used. Early OCT systems
employed wide broadband light sources, emitting many different wavelengths with one
another. Tunable light sources were then demonstrated for use with OCT techniques,
providing one discrete wavelength at a time. The spectrum of the distributive
wavelengths can be scaled sequentially at high resolution by resolving the spectral data
acquisition to obtain a frequency-domain technique rather than time-domain technique.
This technique gives higher sensitivity than a traditional OCT system. Fourier-domain
OCT systems also have high imaging speed because no scanning optics are needed in
the reference arm, unlike time-domain OCT [7].
The swept laser source used in this project as the optical source of the OCT system is
described in Chapter 3. In the next section, the fundamentals of swept lasers and
wavelength tuning are outlined.
2.6.2 General requirements of swept laser systems
This section describes some of the important requirements of swept laser systems in
order to provide a general overview of such systems.
2.6.2.1 Laser output power
There is a theoretical relation between the signal-to-noise ratio of the imaging system
and the optical power of light reflected from the sample arm: SNR increases with
increasing sample arm optical power (Equation 2.16). However, in reality, there are
others factors that reduce the SNR of an OCT system [7]. Therefore, both system and
sample type are important factors in determining the optimal power range. It has been
demonstrated in many studies where OCT systems are used for ophthalmic applications
that the output optical power should be in the order of 10 mW. However, for other
applications, such as skin imaging, the output power of the light should be >10 mW [7].
2.6.2.2 Tuning curve of the swept laser
The tuning curve of the laser is a curve that describes the output wavelength as a
function of time, shown in Figure 2.4[7]:
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Figure 2.4: Output wavelength as a function of time
Figure 2.4 shows how the laser output wavelengths (from shorter to longer
wavelengths) changing over the time. The relation here is linear and unidirectional
however, some laser sources provide nonlinear or bidirectional tuning. The frequencydomain system is based on tuning the wavenumber of the laser (k=2π/λ), rather than its
wavelength (λ). This method provides a uniform sampling of the interference signal and
it is Fourier transformed to obtain a depth profile. However, in general, tuning the
wavenumber over time produces a nonlinear curve, which is not desirable because it
requires nonuniform sampling and a larger bandwidth detector [7].

2.6.2.3 Sweep repetition rate
As Figure 2.5 shows, the sweep period of output power of Gaussian spectrum as a
function of time. The sweep repetition rate is inverse the sweep period and it measures
the A-line acquisition rate of the OCT system. If the system has a high A-line rate, then
the frame rate will be increased, so that the system can image a wider tissue surface in a
short time. Therefore, in clinical applications of OCT systems, the A-line rate (sweep
repetition rate of the laser) should range between 20 and 200 kHz [7].
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Figure 2.5: Gaussian-like spectrum of output power as a function of time
2.6.2.4 Central wavelength of the light source
Choosing the central wavelength of the light source depends on what application the
OCT system is used for and on the type of sample to be imaged. For example, longer
wavelengths are scattered in the sample less than shorter wavelengths. Therefore, they
can penetrate more deeply into the tissue than shorter wavelengths. However,
absorption by water also depends strongly on wavelength. There are two distinct
spectral windows, depending on the application of the OCT system: for retinal imaging
(transparent tissue and low absorption) the spectral window is 650-900 nm, whereas a
spectral window between 1100 and 1300 nm is used for non-ophthalmic tissue imaging.
This second range allows deeper penetration of the incident light into the tissue. Other
wavelengths such as visible light or beyond 1500 nm have also been demonstrated for
certain applications such as imaging of nonbiological materials with low water
concentration [7].
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2.6.2.5 Laser tuning range
The Gaussian-like profile of the output spectrum of the swept laser is shown in more
detail in Figure 2.6[7]:

Figure 2.6: The Gaussian-like profile of the swept laser output spectrum
If the Gaussian spectrum has width 1/e² of Δλ, the tuning range is measured from edge
to edge of the spectrum. The axial resolution of the system can be defined as the
FWHM of the point spread function [7]:

Δz = 0.75

λο2
Δλ

2.18

where Δλ is the width of the spectrum and λο is the central wavelength, as shown in
Figure 2.6.

2.6.3 Signal processing and detection
The optical signal in TD-OCT and SS-OCT systems can be detected by using a signal
diode detector, while the optical signal in FD-OCT is detected using a CCD, where the
light is directed onto an array of detectors and sequential readings are taken of the
output of each detector. The photoelectron charges are collected in the CCD over the
exposure time. The single diode provides a continuous photoelectron current [1].
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In a TD-OCT system, low frequency noise can be removed from the detected signal by
passing it through a bandpass filter. Compressing the data and improving the SNR can
be achieved by passing the signal through demodulation logarithmic amplifiers, then
removing the carrier frequency and performing an A-D conversion [1].
In FD-OCT systems, after signal detection using a photodiode array, the data is digitised
with a 12-bit or 16-bit A-D converter, then transferred to continuous computer memory
and a discrete Fourier transform (DFT) is performed on the digitised data. Filtering is
next done to remove any fixed pattern noise followed by many processes on the image,
such as dispersion compensation and logarithmic compression [1].
In SS-OCT systems, the signal is detected using a single diode. The data is next
digitised using a data acquisition board and then transferred to continuous computer
memory, then a DFT and logarithm processing are performed [1].
2.6.4 Delay lines
It is known that changing the optical path length of the light travelling into the reference
arm is very important in any interferometric system. This change in optical path length,
which can be calculated from the system properties, is essential for determining the
depth of scan. In OCT systems, the delay line in the reference arm should be designed in
order that a sufficient scan depth can be obtained. In most early studies, the maximum
depth that was obtained by changing the optical length of the light in the reference arm
was between 1 and 3 mm [12, 13, 14, 15, 16]. Greater scanning depth (in the order of
10 mm) was demonstrated in other studies for imaging the eye chamber [17, 18] and
some bodily organs [19].
Video-rate imaging with fast scanning of delay lines has been demonstrated in an OCT
system [20]. However, there is a trade-off between the scanning speed and system
resolution. Therefore, most OCT systems do not apply a high frame rate, in order to
avoid a reduction in the transverse resolution [12].
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2.6.5 Types of delay line for OCT systems
The type of delay line is important in order to determine the applications of an OCT
system. In the first decade of the development of OCT, most delay lines were designed
to produce ultra-short pulses of autocorrelation signals at the detector [20]. More
recently, OCT techniques have been based on Fourier domain optical delay lines, which
have grating-based designs and are described in this chapter. There are many delay line
configurations, such as galvanometer translation mirror, piezoelectric fibre stretchers
[1,12], grating-based delay lines [1]. The most common high speed imaging
configuration uses grating-based delay lines [21, 22, 23].
In designing a delay line it is very important to take account of parameters such as
overall scan, power losses and polarisation [1]. The following subsections review a
number of different types of delay line that have been demonstrated for modelling OCT
systems.
2.6.5.1 Galvanometer (linear translation mirror)
The simplest and slowest delay line configuration is the galvanometer, based on placing
a mirror that is linearly scanned on the translation stage of the reference arm, as shown
in Figure 2.7. The delay line in this configuration is measured as twice the displacement
of the mirror from its original position. Focusing the beam on the mirror and coupling
the reflected beam back to the fibre are achieved by means of a lens.

Figure 2.7: Linear translation delay line configuration
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A major disadvantage of this technique is that the scanning speed is less than can be
obtained using other delay lines, because the scanning speed depends on the mechanical
speed of the mirror on the translation stage [1]. Moreover, there is an increase in the
beam divergence. This divergence occurs because the collimation of the beam in the
delay line is not perfect. The beam position on the reference mirror is very important to
avoid any change in the reflected beam coupling into the fibre. Perfect coupling of the
reflected beam from the reference mirror can be obtained only when the mirror is
positioned at the waist of the collimated beam [12]. Then, obtaining an interference
signal at the detector depends on the mirror’s position on the translation stage.
Therefore, it is very important to use both a good lens to focus the beam on the mirror
and a wideband beam to obtain an effective image using this form of delay line. Another
disadvantage is the variation in intensity of the reflected beam through the fibre, due to
the large translation distance of the mirror on the stage. This long range will cause the
returned beam to be misaligned to some degree [12].

The OCT system built for the present study used this form of delay line in the sample
arm for the fibre probe operating at 1325 nm. Experiments were conducted with mirrors
mounted on long travel linear translation stages and tracks (Edmund Optics, NT56-797),
as described in Chapter 3.
2.6.5.2 Piezoelectric fibre stretcher
Fibre stretchers are used to increase the acquisition rate and to overcome the speed
limitations of the galvanometer. In the reference arm, piezoelectric transducers (PZTs),
which are multicrystalline ceramics, are wrapped in single mode fibres and used to
change the optical path length. When an electric field is applied, the crystal will expand
as a function of the electrical voltage and the crystal centre will be realigned. This
results in the fibre stretching and the optical delay group increasing. The first use of this
type of delay line in an OCT system was by Bush in 2001 [24]. In this study, the
sinusoidal waveform was 24 Hz and the scanning range was 10 mm. A 1 mm scan range
and sinusoidal waveform frequency of 500 Hz were also demonstrated by Bush and his
group. The stretched fibre delay line was earlier used in an OCT system to provide a
scanning range of 3 mm with frequency waveform of the sinusoidal function at the
detector of 600 Hz [24].
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One problem with using PZTs is that they break down at 80 °C due to the heating effect
of power dissipation and friction. Moreover, the scanning speed and range that can be
obtained from this type of delay line are limited.
2.6.5.3 Stationary grating-based (Fourier domain) delay lines
The most common configuration used by researchers is the grating-based delay line,
which is bulk-optics based. At the reference arm, light is directed onto a grating from
which it is scattered. The system uses a CCD camera where the intensity profile can be
detected. Because such delay systems are not based on mechanical scanning, the speed
of scanning depends directly on the frame of the CCD camera. The configuration of
such a delay line is shown in Figure 2.8. The delay line here consists of an angled
grating and a CCD camera. The light reflected from this delay line has different delays,
which are determined by the position of the beam in the sample. Light reflected from
the right side of the angled grating will have a longer delay than that from the left side.
At a certain angle, light reflected from a position in the sample will be coherent with
light reflected from the reference arm. The depth (axial profile) can be obtained for the
sample [12].
The CCD camera consists of an array of elements that detect different delays in the
interfering light. Thus, the camera can detect the profile of the interference between the
two arms. Using such a delay line, a scanning depth of 2 mm in 6 seconds was
demonstrated [25, 26]. The above configuration is designed for axial depth scanning;
however, two-dimensional transverse scanning images can be produced by scanning the
beam across the sample to obtain tomography scanning [27].
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Figure 2.8: Stationary grating-based delay line configuration
	
  	
  	
  	
  	
  	
  	
  

The advantage of using a grating-based delay line is that no extra optical components
are required to scanning the beam in reference arm, because this can be done by using
the grating [1].
On the other hand, there are disadvantages in using this delay configuration. First, at the
CCD camera, a degree of spatial dispersion is produced by the angled grating.
Therefore, this will not give the true shape of the coherence profile. Moreover,
interference profile artefacts can be generated because of the small number of pixels in
the CCD camera when a wide bandwidth source is used.
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2.6.5.4 Spinning glass cube
The spinning glass cube technique was used as a delay line for an OCT system in 1997
[28]. Its configuration consists of a rotating glass cube and a mirror, as shown in Figure
2.9 [12].

Figure 2.9: Spinning glass cube delay line configuration
When the glass cube is rotated, the incident light from the fibre collimator will enter it
at an angle θ to the axial direction of the input beam. The optical path Δl of the light in
air and glass depends on the refractive index n of the cube and on its dimensions d .

⎡
Δl = 2d ⎢ n 2 − sin 2 θ
⎣

(

1
2

)

⎤
⎛ θ ⎞
+ 2 sin 2 ⎜ ⎟ − n⎥
⎝ 2 ⎠
⎦

2.19

This type of delay line provided a scan speed of 27 cm/s and the delay was 1.5 mm
(45 ms) per scan [28, 29].
There are some disadvantages in using this type of delay line. First, in the interference
profile, the fringe frequency changes with any change of scanning speed in the delay
line. Moreover, there is a degree of optical dispersion of the light travelling through the
cube and this is not constant because it depends on the position of scanning. Therefore,
during the scan neither the image resolution nor the coherence function is constant. In
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addition, this delay line provides a low SNR. Therefore, the energy of the light source is
not transferred into the imaging process. Finally, the glass cube delay line configuration
introduces a high degree of nonlinearity, whereas linear scanning is required for postprocessing [12].
2.7 OCT limitations and artefacts
The essential question that should be asked of any OCT system is whether the image
gives true detail of the sample being imaged. The answer depends on many factors, such
as speckle, interference and shadowing, each of which is addressed below.
2.7.1 Speckle
Speckle is an optical phenomenon generated in the imaging system. It is defined as a
random intensity pattern caused by interference between coherent wavefronts. This
occurs when there is a phase difference and intensity fluctuations. In the image,
speckles appear as dark and bright regions with systematic and random features, as
shown in Figure 2.10, which is part of an OCT image. Such speckles are considered to
be a phenomenon that affects OCT images badly, because they obscure the true
structure of the sample and reduce the image quality. Their features depend on the light
source used in the system. A wider speckle pattern is generated by a narrow light
source, whereas a narrower speckle pattern is generated by wider broadband light.
Speckles change when the sample moves and remain the same if it is fixed [12].

Figure 2.10: OCT imaging with speckles [30]
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2.7.2 Interference
It is important in an OCT system to measure the output interference signal at the
detector. This measurement refers to the amplitude of the light in dB as a function of
depth in the sample. If the distance between two reflectors in the sample is too small,
the reflectance amplitude peaks of the two reflectors will either overlap or be
suppressed, compared with the reflectance amplitude peaks of isolated reflectors in the
sample. This gives a false image of the sample structure and reduces the image quality,
because some reflectors which are present in the sample are ignored, while others
appear to exist when in fact they are not truly present [1].
2.7.3 Shadowing
The incoming light may be reflected from large, strong reflectors within the sample and
therefore be unable to reach smaller reflectors located behind them. In such cases, the
region in which the small reflectors are located cannot be imaged and will appear as a
dark region. This phenomenon, called shadowing, reduces image quality in the system
and can provide false information on the sample.
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2.8 OCT techniques
This section gives details of a number of OCT techniques: time domain, Fourier
domain, spectral domain, swept source and Doppler domain OCT. It discusses the
relationships among them and some of the differences between them.
2.8.1 Time domain OCT
In the TD-OCT technique, the mirror in the reference arm is scanned to produce a low
noise A-scan image. First, light from the source is directed to a splitter, which is a 2 x2
coupler. The light from the reference arm and sample arm are then recombined at the
coupler to obtain the interference signal at the output of the interferometer [8].
2.8.2 Fourier domain OCT
FD-OCT was designed to give a better SNR and to produce higher speed imaging than
in TD-OCT. In common with the latter, FD-OCT uses a broadband light source.
However, in FD-OCT, the mirror in the reference arm does not move; therefore, the
spectrum of the interferogram produced must be evaluated in order to obtain depth
information. This evaluation can be performed by focusing the light onto a detector.
Interferograms are produced by combining the sample arm signal from different depths
with the reference arm signal. Different wave numbers, which are produced by the
combination of the two signals, are obtained at the detector. The data acquisition is then
used to digitise the output data before it is transferred to computer memory [8].
There are two types of FD-OCT, the first being spectral radar FD-OCT or spectral
domain OCT (SD-OCT), which uses a broadband source and where the output signal
from the interferometer is passed through a high speed spectrometer and a CCD camera.
The second technique is SS-OCT, where the frequency is swept using A-scan and the
output signal in the detector can be described as a function of the optical frequency [1].
2.8.2.1 Spectral domain OCT
In SD-OCT, which was first demonstrated in 1995 [31], the reference arm does not
move as in TD-OCT and the interference fringes at the detector can be spectrally
analysed using a spectrometer before encoding into a Fourier transform, in order to
produce a sample depth profile. In vivo retinal imaging was first demonstrated in 2002
[32], as were in vivo video rate retinal imaging and 3D high speed ultra-high resolution
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video rate imaging [33, 34, 35], using SD-OCT systems. The Doppler SD-OCT
technique was also used to measure blood flow in the retina [36, 37]. Figure 2.11 shows
the principle of the SD-OCT technique, using a Michelson interferometer to produce an
interference signal as a function of the optical path difference between the reference and
sample arms.

Figure 2.11: Spectral domain OCT configuration
The output broadband source is split into two beams of equal intensity. One is directed
into the sample, then reflected back from different depths within the tissue. The other
beam is directed onto a fixed mirror in the reference arm. There is a relative delay
between the two beams, which depends on the optical path length difference between
them. The output interference signal at the detector is a spectrally modulated function of
the frequency, which can be measured using a spectrometer. The frequency modulation
of the interference signal is inversely proportion to the delay time. Therefore, different
delay times produce different frequency modulations of the output interference signal.
The imaging speed that can be produced by the SD-OCT technique is 50 to 100 times
higher than that obtained by TD-OCT. This higher imaging speed is good for producing
well defined images.
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The higher definition arises from the increase in the axial scan number, in the number of
transverse pixels per image and in the number of cross-sectional images, allowing the
generation of 3D OCT imaging [38].
One advantage of using the SD-OCT technique rather than TD-OCT is that it does not
need modulation of the reference arm length, so it provides faster image acquisition
rates without compromising image quality. Moreover, the detector in SD-OCT provides
higher sensitivity [39, 40] and thus a high SNR. The level of shot noise is reduced by
using a high speed line scan multi-element array detector (CCD) instead of the single
detector used in the TD-OCT technique [41].
2.8.2.2 Swept source OCT
In SS-OCT, as with SD-OCT, the mirror in the reference arm does not move. The lasertuneable source is swept over a wide range (A-scan) of wavelengths at very high speed.
High resolution images can be obtained by scanning the laser beam over a wide range of
wavelengths. The output signal frequency varies linearly with z-position in the
reflection area [42].
SS-OCT was first demonstrated in 1997 by Chinn and his group [43] and by Golubovic
[44]. However, their techniques did not provide high scan speed as well as high system
sensitivity because of limitations in the light sources available at that time. SS-OCT
with axial resolution of 13-14 µm and 19,000 axial scans per second was demonstrated
by Yun et al [45] in 2005 by using a novel swept laser technique and by using a rotating
polygonal mirror and grating. Recently, faster image scanning was demonstrated using a
new swept laser known as a Fourier domain mode locked laser (FDML) [46]. Compared
with standard OCT systems, the FDML provides 100 times greater image speeds, up to
370,000 axial scans per second. Endoscopic SS-OCT for imaging animal models was
also demonstrated recently. The axial resolution of the system was 5-7 µm and imaging
speed was 100,000 axial scans per second [47, 48].
In the SS-OCT technique, the light source is again directed to a 2x2 coupler for splitting
between reference and sample arms, as shown in Figure 2.12. In the sample arm, the
light is reflected from different depths within the structure, while the light directed into
the reference arm is reflected from a mirror which is fixed in a certain position.
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Reflected beams from both arms are recombined to produce the interferogram at one
port of the coupler. This interference signal depends on the optical path difference
between two arms and this depends directly on the depth within the tissue from which
the light is reflected. The path difference between the two beams determines the time
delay between them. The output signal is just an intensity modulation at the frequencies.
Thus different frequency modulations can be obtained from different echo delays.

Figure 2.12: SS-OCT configuration
The modulated intensity signal is then detected by a single detector which measures all
the optical echoes simultaneously. The swept source technique provides higher
sensitivity because the scan image speed does not depend on the mechanical scanning of
the mirror in the reference arm [1].
2.8.3 Doppler domain OCT
Measuring fluid flow and moving particles is one of the most interesting applications of
OCT. In medicine, some diagnostic information about diseases can be obtained by
measuring the velocity distribution of the blood flow in a biological sample. The
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Doppler OCT system can do this by measuring the Doppler frequency shift of the
interference signal at the detector. Another medical imaging technique that measures
Doppler shift is Doppler ultrasound. However, this provides a lower image resolution
than does Doppler OCT, because rather than sound, the latter uses light, which is shorter
in wavelength. Nevertheless, the image signal processing algorithms are the same in
both techniques [1]. Doppler domain OCT combines standard OCT techniques with
laser Doppler velocimetry, which was originally developed in the 1960s. One
application of laser Doppler velocimetry since 1979 is the measurement of blood flow
[49, 50]. The difference between laser Doppler velocimetry and Doppler OCT is that the
latter is an imaging technique and can map velocity distribution in biological tissue with
high image resolution. Figure 2.13 shows Doppler OCT images of blood vessels.

Figure 2.13: Doppler OCT images of blood vessels (Source: Thorlabs)
The principle of Doppler OCT is that a light beam of frequency f0 is directed onto the
system detector. If there is relative motion between the light source and the detector, the
frequency of the light at the detector will vary byand this is called the Doppler shift of
the frequency. The only velocity component that can be measured by Doppler OCT is in
the direction of light propagation; the system cannot detect any perpendicular velocity
component. Therefore, it is necessary to measure the angle of light scattering from the
particles in Doppler OCT applications [1].
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2.9 Applications of OCT
2.9.1 Ophthalmic imaging
The first application of OCT in medicine was in imaging the eye and there are now
many uses of OCT in ophthalmic imaging. A cross-sectional image of the retina with
high resolution and high speed can be obtained by using the OCT technique with a light
source of wavelength 800 nm. Although the retina is a low backscattering, transparent
medium, features of the vitreal-retinal junction, which is very weakly backscattering,
can be seen easily using sensitive OCT techniques. Furthermore, highly scattering
media such as the retinal pigment epithelium, retinal nerve and choroid can be
visualized clearly by OCT, which can also be used to measure the thickness of the retina
and the retinal nerve fibre layer. Because of the high resolution and absolute position
measuring of OCT, the axial motion of the eye can be measured as well, so motion
artefacts can be corrected. Much research has been done into the use of OCT in
diagnosing retinal diseases such as macular oedema, macular hole, glaucoma, agerelated macular degeneration, optic disc pits and choroidal tumours. The progress of
diseases such as glaucoma and macular oedema can be measured, because OCT can
provide quantitative data on retinal pathology, allowing detection and diagnosis to be
achieved at an early stage, even before physical symptoms appear [1].

Figure 2.14: OCT image of a normal retina, consisting of a series of layers [55]
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2.9.2 Nontransparent tissue imaging
OCT can also be used in many medical applications for the imaging of scattering,
nontransparent tissues by using a light source of 1300 nm wavelength and a depth range
from 2 to 3 mm. Some medical cases cannot be diagnosed using conventional biopsy;
for example, retinal biopsy is impossible in ophthalmology. Another area where
standard techniques are impossible is atherosclerotic plaque morphology in the coronary
arteries. While conventional techniques are not able to detect the microstructure of these
atherosclerotic plaque morphologies, OCT can do so. Detection of the plaque
morphologies is very important to avoid the high risk of sudden death as a result of
thrombosis and vessel occlusion. OCT is useful in providing intravascular imaging and
the guiding of interventional procedures such as atherectomy. By means of OCT with a
1300 nm optical source (superluminescent diode) and 16 µm of axial resolution, in vitro
imaging of arterial lesions can be obtained. Figure 2.15 shows an image of the artery of
a beating pig heart obtained in 20 seconds [1].

Figure 2.15: OCT image of artery of a beating pig heart taken in 20 s [52]
Figure 2.16 shows an OCT image of the human atherosclerotic plaque and
corresponding the histology image where the plaque can be seen clearly [52].
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Figure 2.16: Human atherosclerotic plaque and corresponding histology image
[52]
2.9.3 Optical biopsy and detecting early neoplastic changes
To avoid high risk to patients, it is very important to detect early neoplastic changes,
which involves the monitoring of growth rate, growth mass, anaplasia and metastasis.
Studying the structure and cellular features of neoplasia helps to type and evaluate the
case and improve the treatment. The OCT technique allows images of the neoplastic
changes to be obtained and the grading of neoplasms. Because OCT has a resolution in
the cellular range, it is able to identify the markers of dysplastic changes and so allow
the diagnosis of cancer at an early stage [52].
2.9.4 Catheter and endoscopic imaging
For most in vivo imaging applications it is important to obtain an image of the internal
structure of the human body, necessitating an optical delivery system for such images.
Because OCT is a fibre-based system, it can be easily integrated with other optical
diagnostic equipment for imaging the internal microstructure of human organs. Much
research has been done using catheter and endoscopic OCT systems for imaging the
internal organs of the rabbit, including the gastrointestinal, pulmonary and urinary
tracts. The light source of the OCT system used for internal organ imaging was a short
pulsed laser (Cr4+:forsterite) with centred wavelength of 1280 nm and FWHM
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bandwidth of 75 nm. The power which was directed to the tissue was from 5 to 10 mW
and the axial resolution was 10 µm, with SNR of 110 dB. Figure 2.17 shows the
endoscope distal of the OCT system [53].

Figure 2.17: Endoscope/catheter OCT distal optics system [53]

2.9.5 Guiding in surgical interventions
One of the most important applications of OCT in medicine is guiding in surgical
interventions. Because OCT can provide high-resolution, real-time images, it allows the
surgeon to obtain an accurate image of microstructures such as vessels or nerves. Other
techniques, such as surgical microscopes, are used in surgical applications for
magnifying and guiding surgery near sensitive structures. Repairing small vessels and
nerves can be done by using the OCT technique, which offers a real-time, threedimensional, micro-scale imaging of these small structures and helps in microsurgical
procedures. Surgeons can thus obtain immediate feedback, which helps to improve the
outcome of the surgery and enables difficult procedures to be performed. OCT was used
in surgical laser ablation for imaging five ex vivo rat organs: brain, liver, kidney, lung
and rectus abdominis muscle. This study used a low coherence light source of
wavelength 1310 nm and an axial resolution of 18 µm, with 3 mm depth. The incident
power was approximately 5 mW and the SNR was 115 dB. The internal and external
ablation zones were shown clearly by OCT in real time. Figure 2.18 shows the ablation
of a rat brain using OCT imaging over a duration of 20 s [54].
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Figure 2.18: Brain ablation over 20 s, imaged by OCT [54]
2.10 Conclusion
This chapter provides an overview of the principles behind the OCT medical imaging
technique, covering interferometry and Michelson interferometer. Moreover, it provides
an overview of the system parameters such as axial resolution, transverse resolution,
dynamic range, scanning range and signal to noise ratio. Electrical and optical
components such as laser sources, detectors and different types of delay lines are
described. Finally, some of optical coherence tomography are described at the end of
this chapter.
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Chapter 3: Designing OCT endoscopy for gynaecological
studies
3.1 Introduction
Gynaecology is the medical treatment and study of the female reproductive system,
comprising the ovaries, the fallopian tubes, the uterus and the vagina, as illustrated in
Figure 3.1. The lower part of the uterus is known as the neck of the womb or cervix. On
its outer surface there is a layer of skin-like cells, while inside the cervix there are
glandular cells which produce mucus. The outer skin-like cells can become cancerous
and cause cervical cancer, which is a common gynaecological disease and a major cause
of death in young women throughout the world. Nearly 510,000 new cervical cancer
cases are reported annually and about 288,000 of these women will die of it [1]. One
cause of cervical cancer is infection with the human papilloma virus (HPV), which
spreads from skin to skin in sexual contact through vaginal, anal and oral sex. The
symptoms and signs of HPV infection can sometimes be detected within a few weeks,
but may take months or even many years to become apparent. HPV can be diagnosed in
women by using the Papanicolaou test or Pap smear, where a speculum is inserted into
the vagina and samples are taken using a cotton swab, whereas there is no medical test
that can be used to detect the virus in men. To date, no cure has been found for infection
with this type of virus [2].
There are many other gynaecological diseases which can be diagnosed by means of
medical examination, laboratory tests and endoscopic systems. There are two methods
to examine women for cervical cancer: VIA, which is visual examination with acetic
acid, and colposcopy, using a low magnification microscope with long working
distance. However, both of these visual methods provide a diagnostic of limited
efficiency. Moreover, in both cases the examination itself and the process of making a
decision regarding treatment take a relatively long time, which can cause many
problems. One way to overcome these problems is to use an OCT endoscope, because
of its ability to image and guide in vivo, noninvasive microstructure tissue with high
resolution and in real time.
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Figure 3.1: The position of the cervix
Since the 1900s, endoscopes have been used to see internal structures, by focusing and
delivering a light beam inside the body and then collecting the beam reflected from the
tissue and directing it into an interferometer [3, 4]. When a fibre-optic endoscopy
system was introduced in the 1960s, performance was considerably improved [5]. Thus,
images of the body and its organs can be obtained and processed by means of a fibreendoscope, which uses a cable comprising a bundle of glass strands or plastic fibres.
However, there are many disadvantages of using a fibre-optic endoscope. First, the
transverse resolution of the images obtained from the device is relatively low. Secondly,
visible light is required to illuminate the object to be imaged. In addition, most fibre
endoscopes have large diameters and so can be used only for large organs such as the
colon and gastrointestinal (GI) tract. Finally, little indication of depth in the resolved
images can be obtained by this means. Real-time images of the inside of abdominal
organs became easily obtainable in the last decade, when the ultrasonography
endoscope was introduced. However, this new technology has not solved the problem of
low spatial resolution of the images.
One of the most useful applications of the OCT system is thus in endoscope-catheter
OCT. An endoscope or catheter can easily be coupled with a Michelson interferometer
because the system is based on fibre optics [6], which makes it easy to integrate with
other optical or medical devices. Because of its high resolution, the OCT system has the
ability to detect small changes in tissue; therefore OCT endoscopy has the ability to
detect and diagnose subtle changes in tissues inside the body without the need to excise
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a specimen. Many studies have demonstrated the usefulness of OCT endoscopy. All
available OCT endoscopes consist of single mode fibres and lenses which are used for
focusing the light beam onto the sample. In 1996, Brezinski, Weissman and their
colleagues used a superluminescent diode as a light source in their study. This light
source was coupled to the interferometer by single mode fibres with central wavelength
of 1300 nm and light bandwidth of 50 nm. The axial resolution of the image was 20 µm
and the SNR was 110 dB. The total scanning time ranged between 5 and 60 s,
depending on the image size [7]. In 1997, OCT endoscopy was demonstrated by
Tearney and Brezinski [8] for in vivo imaging of the gastrointestinal and respiratory
tracts of rabbits. The system’s axial resolution was 10 µm and the source was
a:forsterite laser. The central wavelength was 1280 nm, with broadband width of 75 nm.
The output power of the laser was 30 mW and the SNR was 110 dB. Two-dimensional
images from an endoscopic OCT system were developed in 2004 by Schmitt and Koski
for imaging the GI tract of rabbits [9]. They used a:forsterite laser with a central
wavelength of 1200 nm and a bandwidth of > 200 nm. The axial resolution of the image
was < 5 µm in air and 3.7 µm in tissue, while the output power of the laser was 50 mW.
The catheter used here had an outer diameter of 1.5 mm, with focal spot size of 15 µm.
The focal distance was 0.5 mm from the end wall of the catheter sheath.
Many OCT endoscope systems have been reported for imaging different structures
inside the body, such as the GI tract [10,11], bladder tumours [12] and the coronary
arteries [13,14]. A 3D endoscopic OCT system was demonstrated in 2007 by Adler and
Chen [15]. To obtain a 3D image, the system required a very high scanning speed and a
high data processing speed.
There are two types of endoscopic OCT system: forward imaging and side imaging. The
endoscope/ catheter OCT systems that have been demonstrated have mostly been of the
side-scanning type, in which light is emitted from the side of the endoscope. The light
reflected from the tissue or organ is then collected back into the endoscope from the
side. In such systems, prisms or mirror rods are used to deflect the light beam at the
probe end onto the side area of the optical probe. Two-dimensional cross-sectional
imaging then can be obtained by a rapid rotation of the probe. The average size of the
side-scanning endoscopes that have been reported is between 0.4 and 5 mm. The
forward imaging technique is better than side-scanning for imaging tissues or organs in
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front of the catheter. In 1997, Borpart et al demonstrated the first forward imaging OCT
endoscopy system, having a probe diameter of 6.4 mm [16], then a forward imaging
endoscope with a smaller diameter of 1.5 mm was demonstrated in 2004 by Liu [17].
This system provided fast scanning to a depth of 2.4 mm, while the lateral scanning
depth was 2.5 mm.
During the last decade, some OCT studies have used swept lasers as the source to obtain
an interference signal from the light reflected from the tissue of interest. More recently,
a Fourier-domain OCT system with a swept source was demonstrated. In the imaging
system, it is important to have a laser with a high sweep rate at the same time as a large
tuning range, high output power and narrow bandwidth.
The aim of this chapter is to demonstrate the preliminary design of an OCT endoscope
that can be used later for gynaecological studies and which will be capable of detecting
small changes in tissue by its high resolution, without the need to excise specimens.
This is achieved by modifying a handheld OCT probe (Thorlabs, OCP1300SS) and
coupling it to the endoscope part (a long tube furnished with optical lenses). The size of
the probe tube is designed to be flexible so that it can be inserted into the vagina.
3.2 Experimental work: Designing a gynaecological OCT endoscope
OCT endoscope systems vary by employing different light sources and different delay
lines at the reference arm in the system. Most prior OCT systems have used a scanning
mirror (galvanometer) as the delay line. However, the scanning velocity of the image
depends on the mirror’s velocity, which is not adequate to produce a real-time videorate image, as this requires a very high scanning velocity. A piezoelectric fibre stretcher
can also be used as a delay line in the reference arm. It provides a high scanning speed
and is thus able to generate real-time scanning images. However, this type of delay line
needs a high degree of control, because it is sensitive to temperature changes and to
system failure at a certain temperature (broken crystal). Moreover, it requires very high
power for processing the delay system. Therefore, producing video-rate images of an
object inside the body requires a high scanning speed, high resolution and a stable
temperature system.
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In this study, the high scanning velocity was obtained by sweeping the laser beam in the
source over a range of wavelengths at a frequency of 16 kHz in a Fourier-domain
system. This high frequency provided a transverse pixel image density of up to 512
axial scans per image. The image speed of the OCT system on 512 A-scans per frame
was 25 fps. The endoscopic OCT system setup is shown in Figure 3.2.

Figure 3.2: Endoscopic OCT system setup (Source: Thorlabs)
A low coherence source was used in the Michelson interferometer. The handheld probe
(Thorlabs, OCP 1300SS) was coupled to the interferometer by a single-mode fibre cable
(FC/APC) in the sample arm. The only condition under which it was possible to see the
interference signal at the detector was when the optical length of the reflected light from
sample arm matched that of the reference arm within the coherent length of the light
source. The OCT endoscope or catheter consisted of the following main parts: a singlemode fibre, focusing and directing a beam element at the distal end. The endoscopecatheter had to be small in order to allow its passage inside the woman vagina.
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3.2.1 System description
3.2.1.1 Swept laser source
In OCT endoscopy, the swept laser source should provide high output power and should
sweep at a high rate over a large tuning range. The light source used here was a swept
tuneable laser (Thorlabs, SL1325-P16) with a very high tuning speed of 16 kHz over a
wide range of wavelengths: 1260 nm to 1390 nm. The real axial line speed is limited by
the source that is used in an OCT system. The bandwidth of the source was up to Δλ =
110 nm, centred at λ0 = 1325 nm, while the coherence length is given by Equation 3.1:

lc ! 0.44

!02
"!

3.1

lc ! 7µ m

The coherence length of this swept source was approximately 6 to 8 mm, the output
power of the laser was 12 mW, with a peak of 25 mW, and the operating temperature of
the swept source was between 10 and 40 °C. The laser source could sweep over a wide
wavelength range at very high speeds. This high speed (higher than 20 fs) was required
to obtain a video rate, while a wide spectral tuning range was necessary for high axial
resolution OCT images and a high sweep speed was needed to obtain real-time 2D and
3D OCT imaging speeds. The swept laser source spectrum, as shown in Figure 3.3b,
had profile centred at 1325 nm. The swept laser source comprised four main parts:
power supply, laser and temperature controller, laser tuner controller and laser cavity.

Figure 3.3: (a) Temporal intensity profile; (b) spectrum of swept source laser
(Source: Thorlabs)
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Figure 3.4: Cat-eye external laser cavity configuration of the swept laser source
(Source: Thorlabs)
The external laser cavity used here contained a single gain element, optics and scanning
device, which provided the means of tuning the laser up and down, as shown in Figure
3.4. The wavelength was tuned using a diffraction grating mounted in a scanner with
other optics: a focusing lens, a mirror and a slit assembly to allow active wavelength
selection. The distance between the focusing lens and the mirror/slit assembly was just
the focal length of the focusing lens. This is known as the cat-eye configuration. The
output from the laser cavity was directed to two lenses, with an isolator located between
them to prevent the laser light from being reflected back to the cavity. The output laser
was then coupled into the single mode fibre.
3.2.1.2 Software modifications
The imaging programs used to run the system and obtain images were Thorlabs OCM,
the Measurement and Automation program for testing and configuration of the analog
output card, the Digitizer API Panel for testing the high speed digitizer card and
Pixelink Capture OEM for testing the program of the CCD camera.
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Figure 3.5: Software program for OCT system
(Source: Thorlabs)
When the software was run to generate a one-dimensional (1D) image, the resulting
traces are shown in Figure 3.6. There are two signal traces: the yellow one indicates the
frequency clock signal (coherent function) in the time domain from the swept laser
source, while the white one represents the Fourier transform of the clock signal in the
frequency domain.

Figure 3.6: Signal traces in 1D mode. The yellow trace indicates the frequency clock
signal in the time domain; the white trace represents the Fourier transform of the clock
signal in the frequency domain; the red trace is the interference profile (Source:
Thorlabs)
In the 1D-mode OCT system there was no transverse scanning of the beam in the
sample. The 1D-mode profile had a logarithmic scale ranging between 0 dB and -100
dB or a linear scale between 0 and 1. The logarithmic and linear scale display modes are
shown in Figure 3.7.
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Figure 3.7: Coherent function display modes: (a) logarithmic (b) linear scale
(Source: Thorlabs)
The size, brightness, contrast and A-line average of the images could be controlled
easily by means of the OCT software, which also applied dispersion compensation in
order to cancel any dispersion caused by the OCT optics.
In the FD-OCT technique, it is necessary to display the interference signal as spaced in
optical frequency before transferring the data to Fourier transformation. Because the
sweep frequencies of the lasers were not linear in time, the OCT signal had to be
corrected. This can be achieved by acquiring the reference arm signal at the same time
as the OCT signal. However, using this correction would have doubled the data
acquisition bandwidth, because the system needed to capture two signals and postprocessing would be required for OCT data correction. In this system, an automatic
triggering technique was employed in order to correct the nonlinear frequency of the
OCT signal without the need to capture the reference signal.
3.2.2 Finding the zero point autocorrelation function of the light source
An A-scan in the OCT system is the resolved depth measurement of the reflected light
from the sample along the beam axis. The interference signal in OCT is obtained by
combining the broadband light that is reflected from the sample with the strong
reflected light from the reference arm. The constructive interference of sinusoid profiles
occurs when the position of the sample arm is the same as the position of the mirror in
the reference arm (zero point). A zero point delay is obtained when the scatters in the
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sample are located in exactly the same positions in the reference arm. On the other
hand, when the positions of the two arms are not equivalent, the sinusoids of the
interference signal will be out of phase. The A-scan is generated when the mirror is
scanned in depth and the intensity of the scatters in the sample is measured as
corresponding to the depth at the system’s detector.
To measure the system zero point, a mirror was placed where the sample would
normally be in the sample arm and was imaged using the OCT system. While the light
beam was scanning, the photodiodes recorded the interference signal between the light
reflected from the reference arm and that from the sample arm (i.e. the mirror). The
interference signal (the interferogram) was then extracted via the OCT software.
3.2.2.1 Experimental setup 1
The OCT system setup is shown in Figure 3.8 below. A small percentage of the output
from the Thorlabs SL1325-P16 swept laser was connected to a Mach-Zehnder
interferometer (MZI) clock box (Thorlabs, INT-MZI-1300) with interferometer
wavelength ranging between 1225 and 1325 nm. The MZI, which was placed inside the
swept laser source, contained two detectors to detect the power monitor signal and kclock signal of the output frequency of the swept laser source. Using an MZI in the
swept laser was intended to keep the power monitor of the signal. It contains two
detectors to determine the relative phase shift between two collimated beams from the
laser source. Therefore, MZI is used to identify the interference signal and indicate this
signal in the computer. Each pixel will indicate as single wavelength in the laser range.
Moreover, it works like timing clock of the power at a certain time the sweep of laser
start and it stop at a certain time.
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Figure 3.8: Setup 1 for finding the system’s zero point
The main output of the swept laser was coupled into a Michelson interferometer. As is
shown in Figure 3.8, the output laser was divided into beams of equal amplitude using a
broadband 50/50 coupler (Thorlabs, FC1310-7-50-APC). One beam was directed to the
reference arm and the other into the sample arm of the interferometer. The reference
beam was reflected back from a stationary mirror in the reference arm after passing
through an optical variable attenuator to control the reflectivity.
In the sample arm, a 2 m long single mode fibre FC/PC (Thorlabs, P1-SMF28-FC-2)
was connected. This fibre passed light of wavelength between 1200 and 1600 nm. The
cladding diameter was 125±1.0 µm and the coating diameter was 250±5 µm. Two
kinematics mounts with mirrors (Thorlabs, KM100-E04) were used here for sample arm
and for designing the sample delay line latter. These mirrors, with fused silica as the
substrate material, had a spectral range of 1280-1600 nm.
The two fibre collimators used were from Thorlabs (F220FC-C) for sample arm. The
optimal collimations were at the alignment wavelength of 1310 nm. Here the collimated
beam diameter was 1.97 mm and the measured full angle of beam divergence was
0.048°. The numerical aperture (NA) of the collimator with focal length 11.00 mm was
0.25. In optics, the NA is the angle at which the light intensity is reduced by 5% from
the light intensity at the axis. The factory alignment positioned the aspheric lens so that
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the distance between it and the fibre tip inserted into the collimator was equal to the
focal length of the aspheric lens at the design wavelength.
To hold the collimator, a collimation package flexure stage mount (Thorlabs, HCS011)
was used. If it is assumed that NA=0.25, the lateral resolution of the system can then be
obtained:

!x =

1.22 " !
# 4µ m
2NA

3.2

It is clear from Equation 3.2 that to obtain good lateral resolution it is preferable to have
NA as large as possible.
It is important in an interferometer system to begin by measuring its zero point, which
can be obtained when the light reflected from the two arms (reference and sample) has
the same optical path lengths. This can be achieved in time domain OCT by moving the
mirror in the reference arm to many positions until a constructive interference signal can
be seen where the sample arm is fixed.
The sample arm here was contained a mirror in order to obtain a reflection and measure
the system’s zero point. The optical length of the light travelling through both arms had
to be calculated in both air and fibre, because light travels much faster in air than in
fibre. For example, if the refractive index of the fibre is 1.47, light travels 30 cm
through this fibre in the same time that it would take to travel 30 x1.47 = 44.1 cm in air.
Since the commercial Thorlabs OCT system was used in this work, the optical length of
the reference arm could not be measured directly, because all of the optics were placed
inside the laser source box. Therefore, a new setup was built to control and estimate the
optical length of light reflected from the sample arm. Moreover, this new sample delay
line made the OCT system suitable for medical applications using any size of endoscope
or catheter.
In the setup shown in Figure 3.8, a fibre of length 2 m in sample arm was connected to
the laser aperture in the swept source system. The distance between the collimator and
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the mirror was 25 cm in air (17 cm in fibre). Thus the total optical length in the sample
arm ( LS ) is given by:

LS = 17+200 = 217 cm (in fibre).
The A-line scan (coherence envelope) or the interference signal PSF (1D mode) was
recorded at the detector as an axial curve of the scanning beam in the focal region. This
was obtained using a MATLAB software programme written by Dr G. Dinsdale of the
Photon Physics group at Manchester University. The graph had an x-z profile, where the
x-axis represented the image intensity (a.u.) and the z-axis represented the position
(depth) in pixels. The resulting profile was obtained by plotting the values from a line
pixel drawn parallel to the z-axis. The A-scan that was obtained from this first setup is
shown in Figure 3.9. The total number of pixels in the OCT images in the z-direction
(depth) is 512 pixels which is equal to 3 mm (the scanning depth of the system). The red
trace is the autocorrelation function of the sample depth profile after the Fourier
transform of the interference signal.

Figure 3.9: A-scan depth when total distance of the optical length in sample arm is
LS = 217 cm (in fibre)
It is clear that there was a optical length mismatch between the reference and sample
arms, increasing the width of the interference signal. The width of the interference
signal was inversely proportional to the width of the laser spectrum. When there was a
optical path length mismatch between the reference and sample arms, the width of the
interference signal increased, as shown in Figure 3.9. This widening of the interference
signal g, which was undesirable because it reduced the axial resolution of the system.
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Different wavelengths of the swept laser source will travel along different optical path
lengths to the system detector. Therefore, the resulting output envelope is the overlap
profile.
3.2.2.2 Experimental setup 2
The second setup is shown in Figure 3.10. The 2 m fibre cable was replaced by one of
69.8 cm and mirror 2 was placed on a translation stage (Edmund Optics P/N:56-796) of
travel distance 25 cm. The translation stage was important here for adjustment of the
optical length of the sample arm and making the alignment much easier. The distance
between the collimator and the first mirror was 65 cm in air (44.2 cm in fibre). The
second mirror was moved until constructive interference appeared, which was at
142.3 cm in air (96.8 cm in fibre). Thus, the total optical length of the light travelling in
the sample arm is given by:

LS = 69.8 + 44.2 + 96.8 = 210 cm in fibre.

Figure 3.10: Setup 2 for finding the system zero point (210 cm in fibre)

The A-scan resulting from the above setup is shown in Figure 3.11.
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Figure 3.11: A-scan (depth) at total optical length in sample arm of 210 cm (in
fibre)
In order to find the zero point of the system, it was necessary to match exactly the
optical path lengths of the reference arm with that of the sample arm and reduce the
optical path length mismatch between the arms. Therefore, the interference signal at the
detector had to be sharpened. The different between optical lengths of the two arms
should be within the coherence length of the light source. At this stage, it was necessary
to move the mirror very carefully on the translation stage until a good interference
signal between the two arms was obtained. From the two previous results, it was clear
that there was a optical length mismatch between the reference and sample arms,
increasing the width of the interference signal.
When the distance between the collimator and the first mirror was changed to 81.5 cm
in air (55.55 cm in fibre) and that between mirrors 1 and 2 to 131.32 cm in air (89.33 cm
in fibre) with the same setup as in Figure 3.10, the total optical length of the sample arm
is given by:

LS = 69.8 + 89.33 + 55.55 = 213.8 cm (in fibre)
The A-scan resulting from the above setup is shown in Figure 3.12.
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Figure 3.12: A-scan (depth) in autocorrelation function at the zero point
From the above A-scan result, it is clear that the only optical wavelength that would
give the autocorrelation function was when the optical length of the sample arm was
213.8 cm in fibre. However, neither setup described above gave a good autocorrelation
function, because the optical wavelength in the sample arm did not match that in the
reference arm and due to the light dispersion. The FWHM of the autocorrelation
function in Figure 3.12 is reduced by nearly 70% compared with those in Figures 3.9
and 3.11.
3.2.2.3 Measuring the coherent length of the source
To measure the FWHM for the autocorrelation function (the interference signal) in
Figure 3.12, which should be equal to the depth resolution of the OCT system, I used
the MATLAB program to obtain FWHM in the autocorrelation function, which should
be equal to the coherent length of the source, where:
Z1 = 46 µm
Z2 = 54µm
Thus, FWHM = 54 µm – 46 µm = 7µm.
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The above result proves that the FWHM here was just the same as the coherent length
of the light source and it was in good agreement with the FWHM for the autocorrelation
function that had been measured above. Therefore, the autocorrelation function of the
signal at the zero point could be used to measure the coherent length of the light source
in the system. The axial resolution of the system was simply the coherent length of the
light source, that is, 7 µm.

3.3 Designing the sample-arm delay line
3.3.1 Experimental setup for designing sample-arm delay line
As explained above, the OCT technique is based on the Michelson interferometer and
the only conditions under which there will be an interference signal between the
reference and sample arms is when their optical wavelengths match within the coherent
length of the light source. The OCT system is fibre based; it can be easily integrated
with various types of medical instruments such as catheters and endoscopes. Therefore,
a separate sample-arm delay line is designed in order to make the system more flexible
and to allow it to be connected to any size of medical catheter or endoscope. In the
reference arm, the optical path length could be easily controlled by the scanning mirror.

Figure 3.13: Configuration of the OCT sample-arm delay line
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The swept source laser system was based on single mode APC fibres, so called because
they have angle-polished end connectors. Such APC fibres were used throughout the
system to minimise stray reflections. Therefore, the fibre cable labelled F1 in Figure
3.13 was a single-mode fibre (Thorlabs, FC/APC) of total length 1 m, connected to the
first beam collimator (C1) (Thorlabs, F240APC/C) of focal length 8 mm, λ=1310 nm
and NA=0.50. The light was then reflected from two Kinematics mounts with mirrors
(Thorlabs, KM100-E04), having fused silica as their substrate and a spectral range of
1280-1600 nm. The second fibre collimator (Thorlabs, F220FC-C) was set for optimal
collimation at the alignment wavelength of 1310 nm. Here, the collimated beam
diameter was 1.97 mm and the measured full angle of divergence was 0.048°. The NA
of the collimator was 0.25 and the focal length was 11.00 mm.
In optics, when the value of NA is large, the light is coupled into the fibre with low
coupling loss and produces a small beam waist; however, the Rayleigh range obtained is
poor. Therefore, to improve the depth of focus of the light into the tissue, NA should be
reduced. Here, the two fibre collimators and two mirrors were fixed on a translation
stage (Edmund Optics, P/N: 56-796). As the light was difficult to align when the single
mode fibre was used in the setup, I used here a power meter in order to investigate the
light alignment in the sample arm delay line.
3.3.1.1 Light source setup
The first task was to ensure that the light was in parallel alignment in the system. This
involved trying to couple light from a swept laser source into a single-mode fibre and
collimator using a power meter, which was challenging because of the small diameter of
the collimator and fibre, as well as the fact that the light was travelling from fibre to air
and then back to fibre. To make the alignment of light in the sample arm much easier I
used a visible HeNe laser of wavelength 633 nm as an alignment laser. Figure 3.14
shows the configuration of the sample-arm alignment. The two mirrors were mounted
into vertical and horizontal positions, which was achieved by adjusting two screws (xand y- positions) on the outside of the mounts. This light adjustment could also change
the angle of the light. The optimal coupling of the laser into the collimator depended
directly on the position of the fibre in respect to the incident laser. One end of the fibre
was placed inside the fibre collimator at approximately one focal length (f=11 mm)
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from the collimator, while the other end was brought into close contact with the power
meter.

Figure 3.14: Alignment of sample-delay line optics using visible HeNe laser and
power meter
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Figure 3.15: Sample-arm delay line alignment
After the visible laser had been used to align the sample delay line, the swept laser
source was connected instead of the visible laser. The output power of the swept laser
was measured at 10 mW with the power meter. Despite this, when the optical beam
from the collimator was reflected from the first and second mirrors, the light was still
collimated. Coupling the laser beam from the second mirror into the single mode fibre
was also difficult, notwithstanding the wide diameter range of the laser beam.
Therefore, the angles of both mounted mirrors were adjusted until the output power
could be read at the power meter. This difficulty in alignment was due to the small NA
of the single mode fibre.
3.3.2 Results and discussion
Using the power meter, the output power of the light that passed the first collimator was
measured as 7.9 mW, the output power of the reflected light from the first mirror was
6.8 mW and the power of the light reflected from the second mirror was 6.8 mW. The
output power of the light that passed the second collimator in the delay line was also
measured, at 6.6 mW. When the second collimator was connected to a single mode
fibre, however, the output power was very weak, at about 0.35 mW, indicating a
problem in either the collimator or the fibre causing a loss of laser power.
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Solve the problem was done by changing the second collimator in the delay line,
because its focal length was 11 mm, whereas for the first collimator f = 8 mm, meaning
that the diameter of the beam would change and some laser intensity would be lost
when passing through the second collimator. Moreover, the original second collimator
was not angle-polished, while the swept laser in the OCT system was based on anglecut fibre optics; therefore, it was considered helpful to change the second collimator to
APC rather that PC and the second fibre cable to FC/APC rather than FC/PC.
Collimator C2 was therefore replaced with one identical to C1, connected to the swept
laser source (Thorlabs F240APC/C, f=8 mm, λ=1310 nm, NA=0.50).
Although the two collimators in the delay line were now identical, the output power was
still low. Both collimators were therefore replaced with ones of higher focal length
(Thorlabs F260APC-C, λ=1310 nm, f=15.36 mm, NA=0.16, output diameter =
2.74 mm, AC coating = 1050-1600 nm).
Because coupling the swept laser from free space into a single-mode fibre was still
difficult and each of the optics in the delay line had 3D mechanical adjustment, another
visible laser was used in the delay line (Thorlabs, ITC 502 Laser Diode Combi
Controller) to facilitate alignment with the alignment laser in the swept laser source, as
shown in Figure 3.16.
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Figure 3.16: Delay line alignment using two alignment lasers
This setup helped in the alignment of the optics, by ensuring that both laser spots hit the
mirror at the same point. If the two laser spots hit the same location on the mirror, this
means that the two beam collimators are exactly in the same position and at the same
height, which is essential in order to obtain true laser alignment. This improved the
output power to 0.956 mW. However, this amount of optical power was still considered
too low for imaging biological tissues, which scatter light very strongly.
3.4 Optical design of the gynaecological endoscope
3.4.1 Experimental setup
After achieving alignment of the swept laser source with the sample delay line, the
gynaecological testing probe could now be connected to the sample delay line (Figure
3.17) after taking into account all physical measurements. It was calculated that in order
to obtain an interference signal between the sample and reference arms at the detector,
the total optical length of the light travelling through the sample arm had to be close to
213.8 cm in fibre (measured experimentally).
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Figure 3.17: Position of the delay line
The refractive index of the fibre n = 1.47, the length of the fibre from the swept source
to the delay line was 69.8 cm and the total length of the endoscope was 27 cm in air,
equivalent to 18.36 cm in fibre. Inside the handheld probe, the total distance from the
beam collimator to the first mirror then to the second mirror (galvanometer mirrors)	
  was
assumed to be less than 6 cm in air, giving an equivalent length in fibre of 4 cm. This
could be adjusted from the delay line. The length of the fibre from the delay line to the
handheld probe was 100 cm.
Total optical length of the sample arm without the delay line was:
69.8+18.36+100+4 190-195 cm (in fibre).
Therefore, the required optical length of the delay line was :
213.8-191.56 = 22.24 cm (in fibre) = 32.69 cm in air.
Thus, the distance between the first collimator and the first mirror was approximately
13 cm, the distance between the two mirrors was 7 cm and the distance between the
second mirror and second collimator was also 13 cm.
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The experimental setup of the gynaecological endoscope was the same as in Figure 3.10
except that an endoscope was connected to the sample arm in place of the mirror. Figure
3.18 is a schematic diagram of the OCT endoscopy imaging system and Figure 3.19
shows the optics of the endoscope itself in detail.

Figure 3.18: Configuration of the OCT endoscopy system
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Figure 3.19: Configuration of the gynaecological endoscope, (a) The optics inside
the gynaecological endoscope,(b) The gynaecological endoscope shape.
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As can be seen from Figure 3.19(a), a collimated optical beam was scanned by the
galvanometer mirrors across the aperture of the lens L1 . The light then passed through
lens L2 , emerging from the focal length of this lens and in a direction parallel to the
optical axis of the light. The parallel light from lens L2 was then deflected by lens L3 in
order to pass through its focal length. The light was then focused into the objective
lens L4 . The main function of the relay lens pair L2 and L3 was to delay the light beam,
while L1 and L4 were focusing lenses. Lens L1 was used to focus the incoming
collimated light beam from the galvanometer and direct it onto the relay lens pair. L1
was a bi-convex lens (Thorlabs, LB1471-C) with a positive focal length and it had a
diameter of 25.40 mm, a focal length of 50.00 mm, wavelength range of 1050-1620 nm
and focal length tolerance of ±1%. The relay pair L2 and L3 were identical (Thorlabs,
LB1258-C) bi-convex lenses of diameter 12.70 mm and focal length 30.00 mm, with a
spacing of 60 mm between them.
The following important issues had to be considered in the design of the scanning
sample optics. First, if the scanning beam had overfilled the objective focusing lens at
the end of the scanning optics, the maximum power would not have been delivered. The
objective used ( L4 ) was an infrared (IR) achromatic lens (Thorlabs, AC127-075-C),
which could be used with a monochromatic light source to achieve a spot size limiting
the degree of beam diffraction. The lens had a diameter of 12.7 mm, focal length of 75
mm and a coating range of 1050-1620 nm. Its operating temperature range was -40 °C
to +85 °C and the diameter tolerance was +0.00/-0.10 mm.
In order to obtain the 27 cm length of the endoscope, ten stackable half-inch (12.7 mm)
diameter lens tubes (Thorlabs, SM05L10) were used, consisting of 40 threaded
components each of 0.535 inch to provide flexibility for complex optomechanical
applications. Physically, the tubes were very rigid and accurate in alignment. Each lens
was fixed in the tube by means of retaining rings (Thorlabs, SM05RR). The endoscope
was connected to the OCT system by a 30 mm to 16 mm cage adapter plate (Thorlabs,
SP05) as it can be seen from Figure 3.19(b).
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One problem that arose from this setup was that when the endoscope was connected to
the system as shown in Figure 3.19, the output laser beam from the end of the
endoscope was collimated, whereas a focused beam was required. This was addressed
by entering information on the lenses into a lens software program to show how light
would behave when passed through each of them. It was concluded that an additional
focusing lens should be attached to the end of the endoscope. The reason for the beam
being collimated was that the incoming light behaved as if it were a beam coming from
infinity, rather than a point source fixed at the focal length of the first lens and this is
exactly what was indicated by the software. Figure 3.20 shows the difference in laser
output when using a source point (a) and beam (b).

Figure 3.20: Laser output using (a) point source, (b) incoming beam
When the system was built for the first time the incoming light was expected to behave
as if it were a beam coming from point source, as represented by Figure 3.20(a).
However, the system used in the experiment is represented by Figure 3.20(b), giving a
collimated beam rather than the focused beam required for endoscopy imaging; hence
the need to fit an additional lens L5 after L4 . The focusing lens used has focal length
f=50 mm, fixed at distance 125mm from L4 . This setup required the tube length to be
changed from 27 to 37 cm because of the increase in optical focal length. Consequently,
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the sample arm delay line length also had to be changed, because increasing the tube
length meant that the optical path length of the light in the delay line had to be reduced.
The distance between the two collimators was adjusted to 7 cm and the distance
between the mirrors and the two collimators to 9 cm in order to give a total optical
length of the sample arm of 213.8 cm.

From the previous chapter, it is known that the transverse resolution of an OCT signal is
directly proportional to the scanning objective lens. A high transverse resolution can be
obtained by using an objective lens of large NA. However, it is difficult to find high
transverse resolution with high depth of focus (DOF). Figure 3.21 illustrates focal
length, spot diameter and DOF. If the lens has a focal length f of 50 mm, ! =1325 nm is
the central wavelength of the laser source, D=12.7 mm is the lens diameter and the
beam has a Gaussian profile, then the transverse resolution that can be obtained is given
by Equation 3.3.

Figure 3.21: Focal length, spot diameter and depth of focus
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The depth of focus is defined as the distance range in the image plane over which the
object is well focused. The DOF of the OCT system is given by Equation 3.4:

2

! 8! $ ! F $
DOF= # & ' # & = 0.12mm
" " % "D%

3.4

When designing scanning optics, a longer depth of focus is preferred because equal
energy is distributed along the beam direction. From the above result, it is clear that the
chosen objective lens gave a relatively high transverse resolution as well as a good
DOF.
3.4.2 Results and discussion
In order to test the above experimental set up a glass slide was used as a sample. The
glass slide was placed at the tip of the endoscope. The output interference signal (Ascan) from the above setup is illustrated in Figure 3.22. The aim of using the glass slide
is to see the refection from its surface by using the designed endoscope. Using Imagej
software to get the A-scan profile of the glass slide.

Figure 3.22: A-scan and 2D cross-section of the material (glass) using endoscopic
OCT
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The first reflection shown in the figure was caused by the air-glass interface, because of
a mismatch between the refractive indices of air (n=1) and glass (n=1.5). It is clear that
the bright area was simply a strong reflection of light from the surface at the sample arm
(0.950 mW out from the delay line). The reflective material (glass) was used because
the output power was relatively low. Since all the lenses inside the endoscope were
spherical except L4 , which was designed to remove all chromatic aberration because the
OCT source contained a broadband source with a range of wavelengths (Figure 3.19 a),
this aspherical lens was moved to the end of the endoscope and L5 was placed before

L4 at a distance of 125 mm. This was done to be sure that all the lenses inside the
endoscope had the same transition optical properties as the light passed through them.
For the new focusing lens L4 , both transverse resolution ( !x ) and DOF of the image
were changed:

! 4 ! $ ! F $ 4 (1325nm ) ! 75mm $
'#
• Δx = # & ' # & =
& = 7µ m
" " % "D%
" 12.7mm %
!

2

! 8! $ ! F $
• DOF = # & ' # & = 0.117mm
" " % "D%

Figure 3.23: A-scan and 2D cross-section of the material (glass slide) using
endoscopic OCT after changing the order of lenses inside the tube
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Here, the A-scan profile of the OCT image was obtained using ImageJ 1.41, which is a
Java image-processing program created by the National Institutes of Health. Using
ImageJ instead of MATLAB simplified the processes of analysing the OCT images and
obtaining A-scan profiles. This software has the advantage of allowing the user to
choose a specific area of an OCT image where its A-scan profile shows peaks that can
be clearly identified. Another advantage of ImageJ was that it reduced the high level of
noise on the A-scan profiles obtained using MATLAB. After the OCT A-scan profile
had been obtained, the transformation of each peak value had to be measured, because
of the different size of the pixels in ImageJ from those in the OCT software.
The first line is simply the light reflected from the first and second layers in the sample
(glass slide). The thickness of the shiny material could be easily calculated by
measuring the distance between the two peaks in the A-scan. It can be inferred that the
use of this optical setup caused more power to be transmitted and that the detector
measured more photons, which is why the image was brighter.
The reduction of the output power was due to the light travelling down the OCT
endoscope and passing through many optical lenses. Moreover, when light travels down
a fibre, its power will decrease exponentially with the fibre length. This power reduction
arises from the absorption and scattering of the light during its propagation in the fibre.
To improve the output power from the endoscope tip, many attempts were made to align
the laser beam in the sample delay line and to reposition the lenses inside the endoscope
tube in precise relation to its focal length. The output power from the delay line was
found to have improved from 0.95 mW to 1.56 mW. However, the output power of the
endoscope was still too low at 0.50 mW. Figure 3.24 shows the image that was taken by
the OCT endoscope after alignment of the laser in the delay line.
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Figure 3.24: A-scan and 2D cross-section of the material (mirror) using endoscopic
OCT, with improved output power of 1.56 mW
It is clear from Figure 3.24 that the resolution of the image of a mirror reflection was
much better and the line much sharper than in the images taken previously. The shape
property of the reflection line is related to the focus of the lenses and whether they were
located correctly within the endoscope. When the laser beam was aligned in the sample
arm, the input power to the collimators was greater because of the good coupling of the
light from air to the collimator. This helped to increase the output power from the
endoscope tip.
The above result was obtained after many attempts, because it is a difficult task to align
light travelling in free space rather than in a fibre-based system and because coupling
light from free space into a fibre is difficult, due to the size of the light beam. Moreover,
placing the optics (lenses) inside the endoscope was not easy, because each lens had to
be placed in a precise position related to its focal length.
An attempt was made to resolve the power deficit by reducing the scanning range of the
laser beam from 5 mm to 1 mm in the x-direction. I did this in order to try to improve
the power output of the endoscope tip, ensuring that most of the light would pass
through the lenses during its travel inside the endoscope by decreasing the range of the
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swept laser beam in the x-direction. The result was a much brighter image, shown in
Figure 3.25, because more photons were measured in the detector.

Figure 3.25: 2D image and A-scan profile with scanning width reduced to 1 mm
The focusing lens at the end of the endoscope was important in the transversal
resolution of the OCT system. The zero point of the interference signal was exactly at
the tip of the endoscope, while the focal length of the focusing lens was approximately
2 cm from the zero point. Therefore, to reduce system noise and to obtain as much
power as possible in the image, the focal point of the interference signal was brought to
the same position as the zero point, by reducing the light path length in the delay line by
2 cm. The output power was now 0.86 mW. This is because the zero point of the system
was measured mathematically and the light pass through many optics (lenses) which can
change the optical path of the light due their alignment might not be perfect inside the
endoscope.
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Figure 3.26: 2D image with focal point and zero point in the same position (mirror)
The result shown in Figure 3.26 was better than the other results, as indicated by the fact
that the reflection from the sample (mirror) now appeared as a sharper and much
brighter line, because the focal length of the focusing lens at the endoscope tip was
brought exactly to the zero point of the system.
The OCT endoscope as designed could now be applied to biological tissue. Figure 3.27
shows the reflection from a fingernail. Reflection from the surface layer of the nail is
unclear because of the low output power of the endoscope.

Figure 3.27: 2D image of a human nail taken by the endoscope
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The first step was to check whether the lens system had a negative effect on the OCT
system. To achieve this, two images and A-scan profiles were taken using the original
Thorlabs handheld probe. Figure 2.28 shows the A-scan and two-dimensional image of
the sample taken with the commercial OCT system, having an output power of 3.5 mW.

Figure 3.28: 2D image and A-scan of reflection from mirror, using the commercial
system
It was proved that an interference signal between reference arm and sample arm could
be obtained using this setup and the delay line, but that there remained a major problem
in the lack of output power from the system, so that too little light reached the sample to
be imaged for the OCT endoscope to be used for imaging highly scattering tissues such
as skin, which was required for this project.
In another attempt to improve the output power, the delay line was changed, reducing
the number of optics and their controlling mechanics in sample delay line. Figure 3.29
shows the configuration of the OCT endoscope system with its new delay line,
incorporating a circulator (Thorlabs, CIR-1310-50-APC) with wavelength range of
1280-1400 nm, insertion loss of 1.6% max, maximum optical power of 500 mW and
operating temperature range of 0-70 °C. The circulator had three ports to allow light to
travel only in one direction. The light output of the swept laser source was connected by
fibre to port 1 and then emerged from port 2, from where it travelled in air to the
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collimator (Thorlabs, F260APC-C). The light was then reflected back from the mirror in
the delay line and exited from port 3 in the circulator, which was connected to the OCT
endoscope, as shown in Figure 3.29. The mirror used in the delay system was a PF1003-M01 from Thorlabs and the collimator was an F240FC-C.

Figure 3.29: Configuration of the system to improve output power
To obtain interference between the reference and sample arms, the light had to travel
over an optical length of ≈213.8 cm in fibre. Therefore, the total optical length travelled
was as follows:
• From circulator port 1 = 20 cm; port 2 = 2×20 cm = 40 cm; port 3 = 100 cm ;
Circulator body = 2×3.8 cm= 7.6cm.

Total = 100+40+20+7.6 =167.6 cm.
• Through the endoscope in air = 37 cm, equivalent in fibre to

37
= 25.1cm
1.47

Thus the total optical length in the endoscope and circulator ≈ 167.6+25.1 = 193cm.
• From the delay line, the light should travel 213.8-193= 20 cm in fibre, which is
equivalent to 29 cm in air.
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Therefore, the mirror should be fixed at distance of approximately 15 cm from the
collimator in the delay line in order to obtain an interference signal. An output
interference signal was obtained by placing a mirror near the endoscope (where is the
focal point of the focusing lens). The aim of using mirror as a sample was the strong
reflection of the light from its surface, facilitating detection of the interference signal by
the OCT system. The A-scan profile and 2D image of the mirror are shown in Figure
3.30.

Figure 3.30: A-scan and 2D image from the OCT system using the new delay line
setup
In the 2D image reproduced in Figure 3.30, the line was much sharper and brighter than
with the old setup, indicating that the light was now better focused. Compared with
previous A-scans, the interference signal between the reference and sample arms was
much sharper and the image quality significantly improved.
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One advantage of using this setup with the new delay line and the circulator was that the
alignment of the laser became much easier than previously because of the reduction in
the number of optical elements in the delay line. The output power was also improved,
to 2 mW from the collimator and the same value reflected from the mirror. The output
power of the endoscope was 1 mW, double the earlier value of 0.5 mW. However, there
was still a power loss of 50% when the light travelled through the endoscope. The
system still lacked power overall and was unable to detect any interference signal from
highly scattering samples such as human skin.
In order to determine whether the delay line in the sample arm was the cause of the
power reduction, the system was next set up without a delay line. The 2 m fibre with an
FC/APC connector was connected directly to the endoscope system without a delay line
and the number of optics inside the endoscope tube was also reduced to one focusing
lens at the end of the endoscope. These two changes in the system improved the power
output from the endoscope, which was now 2.5 mW. Inside the endoscope, one focusing
lens was used to focus the incoming collimated beam, which was reflected from the two
scanning mirrors. With this improved power output, the OCT system was now able to
detect and image high scattering tissue (human skin), which was difficult under the
previous experimental setup, where the OCT system was only able to image highly
reflective samples such as mirrors and glass slides. Two bi-convex focusing lenses with
focal lengths of 30 mm and 50 mm were tried to see which one provide better lateral
resolution in OCT images of a human fingertip.
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Figure 3.31: OCT image of fingertip using 30 mm focusing lens
In the OCT images produced using a 30 mm focusing lens (Figures 3.31 and 3.32), the
layers of the fingertip can be now recognized: the bright first layer is the epidermis and
the second layer is the dermis. The thickness of these layers can be measured from the
A-scan profile in Figure 3.32. However, the image was still not in perfect focus.
From above, the light reflected first from the outermost layer (the epidermis) and gave a
sharp, bright peak in the A-scan profile. This light reflection was due to the mismatched
refractive indexes of the medium from which the light came (air here) and of the first
layer from which the light was reflected. The remaining light then passed through and
scattered from the tissue. As this was almost homogenous in composition, the refractive
index was constant, so no sharp refractive peaks were obtained. When the light reached
the second layer, it was again reflected because of a refractive index mismatch and this
is represented by the second peak in the A-scan profile. The distance between the two
peaks was measured and was equal to 0.59 mm.
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Figure 3.32: A-scan profile and OCT image of fingertip using 30 mm focusing lens
Changing the focusing lens to 50 mm gave the A-scan and OCT image shown in Figure
3.33. The distance between the two peaks was also measured here and was equal 0.6
mm, virtually identical to the result when a 30 mm focusing lens was used at the tip of
the endoscope.

Figure 3.33: A-scan profile and OCT image of fingertip using 50 mm focusing lens
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The endoscope under development was then used to produce some images of different
skin areas, the palm and back of the hand, in order to compare the quality and the Ascan measurements with those obtained from the commercial OCT system. Figures 3.34
and 3.35 show the A-scan profiles and OCT images of the palm on the endoscope as
designed and the commercial system (Thorlabs Microscope OCT) respectively.

Figure 3.34: A-scan profile and OCT image of palm using the endoscope as
designed

Figure 3.35: A-scan profile and OCT image of palm using the commercial system
(Thorlabs Microscope OCT)
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A-scan profiles were obtained using both systems and the distances between the two
peaks calculated in order to compare the accuracy of the endoscopes. The distance
between peaks using the experimental endoscope was 0.292 mm, compared with 0.293
mm for the Thorlabs Microscope OCT. It thus clear that there was no significant
difference in A-scan measurements of the same sample; however, the image resolution
and quality were still poor using the experimental endoscope. Figure 3.36 shows OCT
images of the back of the hand using the same two endoscopes.

Figure 3.36: OCT images of back of hand using the experimental endoscope and
the Thorlabs Microscope OCT
It is clear from Figure 3.36 that the designed endoscope had the ability to image skin on
the back of the hand and to show the hairs, one of which is visible in Figure 3.36.
However, the endoscope as designed still lacked image quality.
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3.5 Conclusion
This chapter has given an account of the preliminary design of the gynaecological OCT
endoscope using a laser source sweeping between the wavelengths of 1260 nm and
1390 nm. The bandwidth of the source was up to Δλ = 110 nm, centred at λ0 = 1325 nm.
This work was done in the lab by modifying a handheld OCT system from Thorlabs,
coupled to a suitable length of probing tube (37 cm in length and 12.7 mm in diameter).
Inside the tube, optical focusing lenses were fixed at the focal length of each lens. The
final design was able to image some samples from human skin. However, the images
taken with the gynaecological OCT endoscope as designed still needed to be improved.
The main problem here was the low output power from the endoscopic tip. The output
power maximum was now close to 2.5 mW. This power improvement was obtained by
reducing the number of optics in the delay line and ensuring good alignment of the light
travelling in the sample delay line and the endoscopic tube. It was found that when the
laser beam was aligned in the sample arm, more power was input into the collimators
because of the good coupling of the light from air to the collimator. This helped to
increase the output power from the endoscope tip and improved the OCT images. The
main reasons for loss of laser output power from the OCT endoscope were that the laser
beam travelled through many optics in the sample delay line and inside the tube, and
that it passed through air rather than fibre. Moreover, the beam divergence increases
here in the sample delay line by using the reflected mirror on a translation stage. This
divergence occurs because the collimation of the beam in the sample delay line is not
perfect. The beam position on the mirror in the sample delay line is very important to
avoid any change in the reflected beam coupling into the fibre. Perfect coupling of the
reflected beam from the mirror can be obtained only when the mirror is positioned at the
waist of the collimated beam. Obtaining an interference signal at the detector depends
on the mirror’s position on the translation stage. Another reason is the variation in
intensity of the reflected beam through the fibre, due to the large translation distance of
the mirror on the stage in the sample delay line. This long range will cause the returned
beam to be misaligned to some degree. In future work, it is really important to use a
high optical power more than 12mW from the swept laser in order to image the highly
scattering tissue.
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Chapter 4: Designing an OCT system for a gastrointestinal
endoscope
4.1 Introduction
In gastroenterology, there is a requirement to develop a new imaging system at subcellular level with high resolution in order to overcome the limitations of the standard
endoscopes that are used for detecting and treating both neoplastic (cancer) and nonneoplastic disorders. Gastrointestinal endoscopy is a procedure which can be used to
image, diagnose and treat diseases of the digestive tract. The gastrointestinal endoscope
consists of a flexible optical-fibre-based tube, a lighting source and a TV camera at the
distal end. It can be used in inpatient (contact) and outpatient (noncontact) medical
applications.
Conventional endoscopy can detect and diagnose visible tumours on the surface of the
tissue. A few types of cancer such as colorectal cancer can be detected in this way in the
early stages, whereas other (aggressive) types such as lung and pancreatic cancers
cannot be detected until they become apparent at the surface of the tissue. Therefore,
high resolution, non-invasive techniques were developed in order to overcome the
limitations of conventional white-light endoscopes. These techniques for cancer
detection are light-induced fluorescence imaging, light-scattering spectroscopy [1],
hyperspectral imaging [2] and endoscopic ultrasound, which are widely used to detect
the early stages of GI and pulmonary cancers [3]. Finally, the most recently developed
imaging technique is OCT endoscopy. Compared with all other endoscopic techniques,
OCT has many attractive features. The system provides high resolution images
(3-20 µm). Moreover, because the endoscopic OCT system is fibre-optic based, it can
be easily inserted through the working channels of standard endoscopes. OCT
endoscopy provides good image contrast and it has the ability to image subcellular
structures which cannot be imaged by histology and confocal microendoscopy.
The early applications of endoscopic OCT in medicine were to identify cancer in
biological tissues. Endoscopic systems offer an attractive method to detect, image and
treat cancers in organs by inserting probes through the GI, pulmonary and reproductive
tracts [4].
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Gastrointestinal OCT endoscopy has been demonstrated in pilot studies as a diagnostic
system to image epithelial tissues [5, 6]. Other studies of OCT endoscopy have
demonstrated its use in imaging the structure of the oesophagus and lymphatic tissue [7,
8], as well as diagnosing intestinal metaplasia [9]. Although all these studies have
shown the value of OCT endoscopy in imaging the structure of biological tissues with
high resolution, the gastrointestinal OCT endoscope still has limitations in providing a
point-sampling image rather than imaging large areas of the GI tract [10].
This chapter describes the preliminary design of an endoscopic SS-OCT system for
clinical application in gastroenterology in order to obtain cross sectional images and Ascan profiles of sample tissues. The system was designed by integrating the sampling
arm of the OCT interferometer into a standard endoscope (Olympus GIF-XQ200) using
its biopsy channel to transmit the OCT signal to the biological tissue. This was achieved
by designing the system under the condition that the total optical length of the beam
reflected from the reference arm should equal the total optical length of light reflected
from the sample arm of the interferometer. It was also necessary here to use a sample
arm delay line in order to obtain the required interference between the two reflected
beams of light.
4.2 Experimental work to design a gastrointestinal OCT endoscope
Designing an endoscopic OCT probe for medical applications such as imaging the
subcellular structure of organs in the infrared spectral region to a depth of 1.5-3 mm is
considered to be a challenging task. Many problems arise when an endoscopic OCT
system is designed. To carry the OCT radiation from the system into internal biological
organs raises a number of optical and engineering problems. For example, the total
optical length of reflected beams from the reference arm should equal the total optical
length of reflected light from the sample arm in the interferometer and this is considered
difficult to achieve. Other issues are data acquisition and providing a lateral scanning
control for the OCT system against the surface of the target tissue.
The manufacture of OCT endoscopy probes requires certain factors to be taken into
account. First, the probe should be small enough and the total length of the OCT probe
should be long enough (up to 240 cm) in order for it to be inserted easily into the
working channel of standard gastroscopes, bronchoscopes and colonoscopes. The
127
Reem O Alwafi

PhD Thesis

second requirement is that the position and orientation of the imaging aperture against
the wall to be imaged should be easily maintained without the need to exert high
pressure or large movement of the OCT probe. Next, the focusing optics at the distal
end of the probe should provide a wide field of view and be easily sterilized. Finally, the
probe must be able to be manufactured at relatively low cost.
4.3 Materials and methods
An endoscopic SS-OCT system was designed by integrating the sampling arm of the
OCT interferometer into a standard endoscope (OLYMPUS GIF-XQ200) using its
biopsy channel to transmit the OCT signal to the biological tissue (Figures 4.1 and 4.2).
The standard GI endoscope was designed to be easily oriented with 120° field of view.
It could be easily inserted into the human body with little pain, due to its small diameter
of 9.2 mm. Its depth of view ranged between 3 and 100 mm, with a working length of
1.030 m. The total length of the GI endoscope was 1.330 m and the inner diameter of
the working channel (OCT probe channel) was 2.8 mm.

Figure 4.1: Olympus GIF-XQ200 gastrointestinal endoscope
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Figure 4.2: Swept source OCT gastrointestinal endoscopic system
Figure 4.1 is a photograph of the standard endoscope (Olympus GIF-XQ200) and its
biopsy channel used in the experimental setup in order to transmit the OCT signal to the
biological tissue. Figure 4.2 is a diagrammatical depiction of the experimental
configuration. The source of laser light was a swept laser, as described in Chapter 3.
Specifically, the source used here was a swept tuneable laser (Thorlabs, SL1325-P16)
with a very high tuning speed of 16 kHz over a wide range of wavelengths: 1260 nm to
1390 nm. The bandwidth of the source was up to Δλ = 110 nm, centred at λ0 = 1325 nm.
The light was first directed to the sample delay line, which was built in order to control
the optical path length of the light reflected from the sample arm, because it was
important for this to be matched with the reference arm optical length, in order to obtain
the required interference signal at the detector. The sample delay line was the same as
that designed for the gynaecological OCT endoscope described in Chapter 3, section
3.3. The OCT signal was then delivered to the endoscope via an FC/APC single-mode
fibre inserted into the working channel of the GI endoscope, as shown in Figure 4.2.
The total optical length of the sample delay line was calculated as follows:
•

Total length of the videoscope = 133 cm.

•

Instrument inner diameter = 2.8 mm.

•

If the total length of the fibre inside the videoscope = 158.4 cm and

•

The total length of the fibre from the swept source to the delay line = 43.3
cm,
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•

Then the total optical length without delay line = 158.4+43.3 = 201.7 cm.

The total optical length of the light reflected from the sample arm had to be 213.8 cm in
order to obtain constructive interference with the signal reflected from the reference
arm. Therefore, the optical distance of the light travelling through the delay line had to
be 12.1 cm in fibre and 17.78 cm in air in order to obtain an interference signal in the
OCT system. Figure 4.3 shows a cross-sectional view of the insertion tube and Figure
4.4 shows a cross-sectional view of the distal end of the system.

Figure 4.3: Cross-sectional view of insertion tube of the GI endoscopic OCT system

Figure 4.4: Cross-sectional view of the distal end of the GI endoscopic OCT system
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Integrating an OCT swept laser source with the GI endoscope provides the ability to
investigate many biological functions of internal organs. This section describes the
geometry of the scanning optic unit, consisting of focusing lens and the tissue to be
imaged. The focusing lens here was a gradient-index (GRIN) lens LPF-07-1300 nm (OZ
Optics) with a focal length f=1.01 mm, -60dB return loss and angled FC/APC
connecter. The predicted focal spot diameter of this lens was approximately 10 µm and
the working distance was 1.3 mm. The OCT beam emitted from the distal end of the
endoscope was scanned across the tissue surface over a 3 mm range. The distance
between the focusing scanning lens and the sample was between 3 and 5 mm.
Figure 4.5 shows the size of the optical scanning lens of the OCT gastroscope, which
was less than 1 cm.

Figure 4.5 : GRIN lens fixed at the end of the single mode fibre FC/APC. It is clear
that the lens was less than 1 cm long.
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To make the alignment illustrated in Figure 4.2 much easier, a visible laser (Thorlabs,
ITC502) was connected to the system instead of the swept laser source, using a single
mode fibre (40 cm). As can be seen from Figure 4.6, the output laser was connected to
the first collimator (Thorlabs, F240APC-C), from which the light emerged before being
reflected by the two mirrors. A single mode fibre (158.4 cm) was connected to the
second collimator (Thorlabs, F240APC-C) at one end, while the other end was inserted
into the working channel of the GI endoscope.

Figure 4.6: Configuration of laser alignment in the OCT gastroscope, using a
visible laser
The two collimators had to be at the same height and the x-y alignment of the mirrors
adjusted so that the laser beam passed through the GI endoscope channel before
emerging from the GRIN lens at the tip of the endoscope. The alignment of the OCT
swept laser was a more difficult process because a necessary condition to obtain an
interference signal at the detector was that the optical length of the light reflected from
the reference arm should be exactly the same as the optical length of the light reflected
from the sample arm, requiring precision at the micron scale. To make the alignment of
the laser beam much easier, it was decided to reduce the number of optics used. The two
mirrors were removed and one of the collimators was placed on a movable translation
stage. Removing the two mirrors and using two collimators made the alignment of the
light and the adjustment of the optics much easier, because the number of optics that
required adjustment had been reduced from four to two.
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Figure 4.7 shows the system with the new delay line setup. The translation stage was
used here to control the distance between the two collimators. It was calculated that the
distance between them should be approximately 17 cm, the precise distance being
indicated experimentally. Constructive interference between the two reflected beams
was achieved by moving the collimator on the translation stage until the interference
signal could be seen on the computer screen. The two collimators could then be aligned
using a power meter. The GI endoscope tip was directed into the power meter and the
collimators moved in order to maximise the output power reading. If the laser beam spot
was much brighter than the background, the two collimators were then perfectly
aligned, as shown in Figure 4.8.

Figure 4.7: Configuration of two collimators and translation stage to align the
swept laser in the OCT gastroscope
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Figure 4.8: Laser output from the tip of the GI endoscope

4.4 Results and discussion
To examine the operation of the preliminary design of an endoscopic SS-OCT system
for clinical application in gastroenterology, a mirror was used as a test sample. It was
chosen for its property of strongly reflecting the light at the tip of the endoscope to
produce a linear A-scan profile. Figure 4.9 shows a cross sectional image of the light
reflected from the mirror surface using the endoscopic system as designed. The output
power of the laser was between 0.45 mW and 0.525 mW, which is considered to be
relatively low for imaging highly scattering biological tissues. The distance between the
endoscope tip and the mirror was around 3 to 4 mm and the distance between the two
collimators was 14 cm.
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Figure 4.9: Interference signal from the GI endoscope and the A-scan profile.
Swept laser output power = 0.450 mW; distance between the collimators = 14 cm
As can be seen from Figure 4.9, the interference signal from the mirror did not appear as
a sharp line, as it should have done. This means that the optics in the sample delay line
(the two collimators) were not perfectly aligned. Another reason for the broad
interference signal at the detector was the chromatic dispersion of light, which caused
degradation of the signal in the optical fibre. When light travels down a single mode
fibre, its components of different frequencies and wavelengths will have different
velocities, causing chromatic dispersion, which in turn broadened the interference signal
at the system’s detector. The detector received different pulses at different times and the
resulting output signal was degraded by the overlapping of these signals. This
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dispersion reduced the system’s sensitivity because of the loss of some signal
information. Moreover, the dispersion made the reduction of the output power in the
system which is important to obtain high signal to noise ratio of the system.
Correcting this was considered to be difficult because the difference in length between
the incident beam in the sample arm (including the delay line) and the beam reflected
from the reference arm (mirror) varied between the zero point and a few millimetres.
The passing of the light from fibre to free space (air) and its recoupling into fibre was
also likely to have caused a loss of laser power and consequent misalignment. To
improve image quality, the zero point of the system had to be brought to the focal length
of the GRIN lens. This was achieved by scanning the collimator (on the translation
stage) through the zero point until a sharp interference signal was detected on the
screen. The image quality was also improved by aligning the two collimators in the
sample delay line, by adjusting their x and y positions until they faced each other.

Figure 4.10 shows that the resulting interference signal produced a sharper line on the
screen than that shown in Figure 4.9. The distance between the two collimators here was
15 cm and the output power was 0.525 mW. The result was better than the result in
Figure 4.8, as indicated by the fact that the reflection from the sample (mirror) now
appeared as a sharper and much brighter line, because the focal length of the focusing
lens at the endoscope tip was brought exactly to the zero point of the system.
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Figure 4.10: Interference signal and the A-scan profile from the OCT GI
endoscope when the distance between the two collimators was 15 cm
As mentioned above, to produce medical images of highly scattering biological tissue, it
is important to use an imaging technique with high optical output power. In order to
improve the output power, the conditions of the above experiment were therefore
modified by the use of a CIR-1310-50-APC OCT Fibre Optic Circulator, 12801400 nm, SMF, FC/APC.
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Figure 4.11: Configuration of the new system using an optical circulator to
improve the output power of the OCT GI endoscope

The light from the swept laser source was directed to the input fibre (port 1) as shown in
Figure 4.11, then to the output fibre (port 2), which was connected to the fibre
collimator in the sample delay line. The light was then reflected back to port 2 in the
circulator by a stationary mirror placed at a distance of 8.67 cm from the collimator.
The light then returned through output fibre 2 and was directed to port 3, which was
connected to the 158.4 cm fibre cable by an FC/APC to FC/APC D-hole mating sleeve.
The other end of the 158.4 cm single mode fibre was inserted into the working channel
of the standard Olympus endoscope, as shown in Figure 4.11.

The purpose of using this optical circulator was to allow the light beam to travel in only
one direction. The light would then pass through the three ports in the circulator with
low insertion and return loss. High optical power could be achieved here, because the
light was travelling through fibres rather than in free space, where there would be a
proportionately large loss of laser optical power.
In order to obtain constructive interference at the detector between the light reflected
from the sample arm and that from the reference arm, it was important to measure the
total optical length of the light travelling through the sample arm, as explained below
and illustrated:
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•

Length of fibre in Port 1 = 9cm

•

Length of circulator body = 3.8 cm

•

Length of fibre in Port 2 = 9cm

•

Length of fibre in Port 2 (again) = 9cm

•

Circulator body (again) = 3.8 cm

•

Length of fibre in Port 3 = 9cm

•

Sum of these components = 9+3.8+9+9+3.8+9 = 43.6 cm

•

Total length in fibre = 43.6+158.4 = 202 cm

Therefore, the gap required = 213.8-202=11.8cm in fibre, which is equivalent to 17.34
cm in air, so the air gap will be ~ 8.67cm.
After many attempts at alignment of the swept laser as in Figure 4.11, laser light was
obtained from the endoscope tip. However, I could see no interference signal from the
reference arm and sample arm, although the mirror in the sample delay line was scanned
at different distances. The reason for this could be that the circulator itself was unable to
return the signal from the tissue sample to the OCT system.
4.5 Conclusion and Future work
This chapter has explained a trial design of an experimental GI endoscopic OCT system.
This was achieved by integrating the sampling arm of the OCT interferometer into a
standard endoscope (Olympus GIF-XQ200), using its biopsy channel to transmit the
OCT signal to the biological tissue. The system was used to obtain a reflection from the
surface of a mirror, but there was inadequate laser output power, because of the delay
line in the sample arm. Future work will be needed to improve the output of the laser if
the system is to be used to diagnose and treat diseases of the digestive tract.
This could be done by solving the problem of the optical circulator and trying to pass an
interference signal between the reference arm and the sample arm. This circulator
should allow the light beam to travel in only one direction. A higher optical power could
be obtained here because light travelled through fibres instead of in free space, where
the proportionate loss of laser optical power would be greater.
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Chapter 5: Using the OCT technique to measure the thickness
of the peritoneal membrane and other organs in rats and mice
5.1 Introduction
5.1.1 Peritoneal membrane and dialysis
Peritoneal dialysis (PD) is a technique for treating end-stage renal disease (ESRD),
when the kidney loses its function of cleaning the blood and removing wastes and
excess water from the body. In such cases, PD can be used to replace the kidney
function. This technique is suitable for adults and children because of its flexibility and
it can also be performed anywhere. However, its success depends on the condition of
the patient’s peritoneal membrane and on his or her general wellbeing, because the
treatment is performed daily. Alternative solutions for ESRD patients are kidney
transplantation, i.e. replacing the failed kidney with a new healthy one from another
person, and haemodialysis, i.e. using an artificial kidney or dialysis machine to clean the
blood outside the body. The blood is passed through a dialyser that contains a semipermeable membrane before being returned to the patient [1].
Peritoneal dialysis was demonstrated in the 1950s and 1960s and has been used
successfully in many patients. In 1976, the development of continuous ambulatory
peritoneal dialysis (CAPD) allowed the number of patients who were treated by
peritoneal dialysis to increase compared with the number on haemodialysis. This
number has risen significantly during last two decades. However, the efficiency of this
technique varies from one patient to another, depending on their peritoneal membrane
permeability and the area that is in contact with the dialysate. Therefore, it is essential to
determine the condition and surface area of the peritoneal membrane [2].
Peritoneal dialysis techniques make use of a soft PD catheter to pass a particular fluid
into the peritoneal cavity, which lies inside the abdomen between the visceral
membrane and the parietal membrane. The position of the catheter inside the body is
shown in Figure 5.1. This cavity usually contains between 50 and 100 ml of fluid,
which acts as a lubricant [1].
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Figure 5.1: The peritoneal cavity and the peritoneum [1]
5.1.2 The peritoneal dialysis cycle
The cycle of the peritoneal dialysis process can be divided into three parts, as shown in
Figure 5.2.

Figure 5.2: The peritoneal dialysis cycle [1]
Infusion: The dialysate flows into the abdominal cavity through a soft plastic catheter.
This fluid contains compounds such as magnesium chloride and calcium chloride,
which act as electrolytes, as well as an osmotic agent (glucose).
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Dwelling: In peritoneal dialysis, the dialysis fluid is left inside the peritoneal cavity for
a period known as the dwell time to maintain osmosis and diffusion, as explained
below. The length of the dwell time is an important factor and differs according to the
type of peritoneal dialysis.
Draining: At the last stage, the waste and excess water in the fluid are drained from the
peritoneal cavity through the catheter, as shown in Figure 5.2. These waste products are
usually removed by the kidneys in healthy people.
The exchange of solute and water through the peritoneal membrane follows two
processes [1], alluded to above.
Osmosis is the movement of water from a region of high concentration to one of low
concentration through the dialyzing membrane. The dialysis fluid contains an osmotic
agent, glucose, whose concentration determines the rate of water removal: a higher
glucose concentration increases this rate and makes the osmotic process more efficient.
Diffusion: The movement of solute is achieved by a process of diffusion through the
peritoneal membrane. Solutes such as urea and potassium can move in both directions
through the membrane and this will depend on the concentration gradient: solutes will
move from the region of higher concentration to that where the solution is weaker. This
movement will cease only when equilibrium is reached. Diffusion also depends on two
other factors: molecular weight and membrane resistance. Smaller and lighter molecules
such as urea (molecular weight 60 Da) will move more rapidly than larger and heavier
ones such as vitamin B 12 (molecular weight 1352 Da). The permeability of the
peritoneal membrane to the passage of solutes differ from one patient to another and can
change over time for an individual PD patient. A peritoneal equilibration test can be
used to measure the permeability of the peritoneal membrane for each patient. Patients
can then be classified as having higher or lower transport rates. Those with high
transport rates will have rapid clearance of small molecules and will need only a short
dwell time to achieve good ultrafiltration, because the ultrafiltration of the solutes
decreases as dwell time increases. By contrast, patients with low transport rates ,their
solute clearance rate will be relatively low.
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In fact, the degree of ultrafiltration depends on three parameters: the glucose
concentration in the dialysis fluid, the dwell time and the permeability of the individual
peritoneal membrane of each patient. Long dwell times lead to a decrease in the
concentration of the osmotic agent (glucose) in the dialysis fluid, which causes a
reduction of the ultrafiltration volume [2].
5.1.3 Types of peritoneal dialysis
There are two types of peritoneal dialysis: Continuous ambulatory peritoneal dialysis
(CAPD) and automated or Automated or cycle peritoneal dialysis.
5.1.3.1 Continuous ambulatory peritoneal dialysis
In CAPD, about 2-2.5 l of dialysis fluid is inserted into the peritoneal cavity through the
catheter and this is repeated two to four times a day for just 30 minutes by draining out
the fluid inside the cavity and replacing it with a new batch of dialysis fluid. The new
fluid remains inside the cavity for a dwell time of four to six hours. The process is very
easy and patients can carry it out at home without needing any assessment [1].
5.1.3.2 Automated or cycle peritoneal dialysis
Alternatively, a device called an automatic cycler is designed to perform the dialysis
exchange while the patient sleeps. The new fluid can then be passed through the
catheter into the cavity in the morning, before being drained out in the evening. The
automated machine controls each exchange of peritoneal fluid, which is known as one
cycle. The disadvantage of using this technique is that the patient must be attached to a
machine for about eight to ten hours during the night [1].
5.1.4 Structure of the peritoneal membrane
The peritoneal membrane covers the abdominal cavity, and the peritoneal cavity is the
space between the parietal membrane and the visceral membrane, with a capacity of up
to five litres of fluid, which varies from person to person. The peritoneal membrane is a
three-dimensional structure with a surface area of approximately 1.7 m2. It is
semipermeable and allows the passage of water, uremic toxins, metabolites and solutes.
It can be divided structurally into three layers, the mesothelium and the underlying
connective tissue, separated by the peritoneal membrane basement [3], as shown in
Figures 5.3 and 5.4.
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Figure 5.3: General structure of the peritoneal membrane

Figure 5.4: Detailed structure of the peritoneal membrane [4]

5.1.4.1 The mesothelium
The peritoneal membrane is composed of mesothelial cells. The main functions of these
single pavement-like cells are to protect the surfaces of organs and cavities and to
transport solutes and water into and out of them [5]. If the mesothelial layer of the
peritoneal membrane, which comprises ~ 1×109 cells, is damaged in any way, the
underlying basement layer may be exposed.
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5.1.4.2 Peritoneal membrane basement
The peritoneal membrane basement, which supports the mesothelium, is composed of
collagen, glycoproteins and proteoglycans.
5.1.4.3 Connective tissue
Beneath the membrane basement is a layer of connective tissue containing many
complex macromolecular particles such as collagen, elastin, fibronectin and hydrated
gel. This connective layer also contains many small and large blood vessels, in addition
to cellular compounds such as fibroblasts, mast cells and tissue macrophages.
5.1.5 Physiology of the peritoneal membrane
In the peritoneal membrane, each layer has an individual function, as detailed below.
5.1.5.1 Functions of the mesothelium
The mesothelium serves many functions in the peritoneal membrane, the main ones
being lubrication and the transportation of fluid and solute into and out of the peritoneal
cavity.
Lubrication: The mesothelium contains a large number of the microvilli, which
increase the surface area of the mesothelium and act as lubricants, reducing friction at
the surface. The mesothelium also produces other lubricants, such as hyaluronic acid,
decorin and lamellar bodies [3].
Transport of solutes and fluids: The mesothelium can transport large or small solutes
into or out of the peritoneal cavity by diffusion across the peritoneal membrane.
5.1.5.2 Functions of the peritoneal membrane basement
The main functions of the membrane basement are to support the mesothelium and to
isolate it from the fibroblasts in the connective tissue, while allowing other elements
such as macrophages and leukocytes to cross into the connective tissue [3].
5.1.5.3 Functions of the connective tissue
The connective tissue contains proteins that serve many important functions in the
peritoneal membrane, such as cell proliferation and differentiation, gene expression, cell
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death and cell migration. Collagen fibres in the connective tissue also form an organized
lattice, providing strength and stress absorption in the peritoneal membrane [3].
The functions of the small blood vessels and post-capillary vessels in the peritoneal
membrane are to transport nutrients into the internal organs and tissues in the abdominal
cavity and to remove waste from them. However, it has been demonstrated that only a
few of the blood vessels in the peritoneal membrane are involved in solute and fluid
transportation into and out of these organs and tissues [3].
5.1.6 Structural changes in the peritoneal membrane
The PD technique can be used for the first three or four years, after which most patients
are treated by haemodialysis. Peritoneal dialysis cannot be undertaken in patients whose
peritoneal membrane has lost its ultrafiltration capacity as a result of changes in its
structure. There are many factors which may lead to such changes, including the
duration of PD, peritonitis and the effect of the components of the dialysis solution,
mainly glucose and its degradation products. While the loss of the ultrafiltration
function of the peritoneal membrane is still poorly understood, studies suggest that it is
related to changes in the membrane structure, such as loss of mesothelial cells,
increased thickness of the submesothelial compact zone and vascular changes affecting
vessels ranging from classical small vessels to venules.
A biopsy study conducted by Williams and his colleagues [6, 7] found changes in the
structure of the patient’s peritoneal membrane after a period of PD treatment. Such
changes may affect the membrane thickness or submesothelial tissue thickness and may
include vascular sclerosis (hardening of tissue) or fibrosis (the formation or
development of excess fibrous connective tissue) [8], degeneration of the mesothelium
[8], an increase in the number of blood vessels in the submesothelial tissue and
multiplication of the vascular basement membrane.
Another biopsy study by Honda et al [9] found changes in the structure of the venular
walls causing a loss of peritoneal membrane ultrafiltration and demonstrated that there
was a relation between the observation of vasculopathy (disease of the blood vessels)
and the loss of ultrafiltration. Thickening of capillary and vessel walls was also
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demonstrated by a biopsy study [10]; there was an increase in the density of the blood
vessels in the submesothelial zone.
If the total ultrafiltration of the peritoneal membrane is less than 400 mL during four
hours of dwell time, the peritoneal membrane in this case loses its ultrafiltration
function. This always occurs in long-term dialysis patients and they will require shorter
dwell times. These structural changes in the peritoneal membrane might be averted by
reducing the incidence of peritonitis and developing more dialysis solutions [10].
5.1.7 Advantages and disadvantages of peritoneal dialysis
There are many advantages of peritoneal dialysis treatment, such as that it can be used
easily at the patient’s home without the need for an assessment or going to hospital, that
it is cheaper than haemodialysis, that it is suitable for children, for cardiovascular and
for diabetes patients, that it is a long-term and continuous therapy, that the blood
pressure can be controlled, that there is no need to use needles, unlike haemodialysis,
and that it provides stability in cardiovascular function and blood levels. On the other
hand, there are many disadvantages associated with PD therapy, such as hernias,
constipation, peritonitis (peritoneal membrane infection), catheter infections and fluid
leaks, the need to repeat fluid exchange four times per day and weight gain. PD is not
suitable for patients who have a chronic obstructive pulmonary disease, which is likely
to increase the blood pressure in their abdominal cavity and make breathing difficult
[11].
5.2 Techniques for in vivo imaging of the peritoneal membrane
The few published studies concerned with in vivo imaging of the peritoneal membrane
to estimate its functional surface area report the use of CT, MRI, microscopic and
ultrasound techniques for this purpose.
5.2.1 CT imaging
In 1999, Chaggac et al [12] first used CT scanning to estimate the functional area of the
peritoneal membrane in six male CAPD patients aged between 41 and 76 years. The
dialysis solution injected into the peritoneal cavity contained 1200 cc of glucose 1.36%,
750 cc of NaCl 0.45% and 100 cc of contrast material. The functional area of the
peritoneal space was found to be 2.08 m2. In May 2007, Breton et al [4] used micro-CT
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to image and measure the in vivo peritoneal surface contact area in rats. To do so, they
inserted a fluid into the abdominal cavity of the rats (10 ml/ 100 g of body weight)
containing 10% iodinated contrast medium. Thus they demonstrated that there was a
linear relationship between a rat’s weight and its functional peritoneal surface area
(PSA), given by the equation below:
PSA= (1.61 weight + 40.4) cm2.
In another study in 2008, Bergue et al [13] measured changes in peritoneal contact
surface area (PCSA) with different fill volumes of PD solution, using the micro-CT
imaging technique. In vivo 3D images were taken of 26 healthy rats after inserting
either 5, 10 or 15 ml of PD solution. In order to enhance the images and distinguish the
intraperitoneal dialysis solution from soft tissues, a contact agent (non-ionic iodinated)
was added to the dialysis solution. Other studies [14, 15, 16] have reported a significant
increase in mesothelial cell density on the surface of the liver resulting from the use of
PD solution. Moreover, there was an increase in the thickness of the submesothelial
extracellular matrix of the peritoneum in patients undergoing long-term PD [17].
5.2.2 MRI
The functional PSA can be estimated in humans by means of CT scanning, but this
method requires the use of an expensive contrast medium and there are some associated
risks, such as peritoneal infection or local toxicity. Therefore, MRI offers a valuable
alternative for peritoneal membrane studies. The MRI technique was used in a 2005
study [18] of rats on peritoneal dialysis. Chronic renal failure was induced surgically in
animals weighing an average of 400 g, six weeks before the start of the experiment to
measure their total peritoneal surface area (TPSA). A dialysis solution (10 ml/100 g of
body weight) was inserted into the rat’s cavity to begin dialysis. The results show that
the TPSA in rats depended on body weight (BW), according to the following relation:
TPSA= (0.5837 BW * 19.304) cm 2
TPSA ranged from 573 to 652 cm 2 and the PCSA varied between 189 and 216 cm2.
Only 35% of the peritoneal surface was thus in contact with the dialysate.
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5.2.3 Ultrasonography
The ultrasonography technique was used to investigate changes in peritoneal membrane
thickness in long-term dialysis treatment [19]. However, the use of this non-invasive
ultrasonography technique is limited in the medical study of peritoneal membrane
imaging. The subjects were PD patients aged between seven and 12 years. The study
found no difference in membrane thickness with different periods of treatment. Its
thickness depends on the characteristics of fluid transportation, such as dialysate.
Patients who have rapid fluid transport across it will have a notably thicker peritoneal
membrane than patients who have a lower transport rate.
5.2.4 Electron microscopy
Some studies have looked for changes in the peritoneal membrane of rats when the PD
fluid is introduced into the peritoneal cavity. One such study used electron microscopy
[20] and found an alteration in the cellular morphology of the peritoneal membrane in
rats when 10 ml of peritoneal fluid was inserted daily for 5 weeks. There was an
increase in blood vessel density and in the extent of fibrosis in the peritoneum. In
addition, the number of mesothelial cells increased in the livers of rats undergoing PD,
compared with those not under dialysis. Finally, there was clear damage to the
mesothelial layer of the peritoneal membrane.
The aim of this chapter is to report the preliminary measurement of peritoneal
membrane thicknesses in rats and mice by means of the Thorlabs OCT system,
comprising microscope and handheld probe. As explained above, measuring the
thickness of this membrane is considered very important. A reliable method would be
very useful in kidney failure studies if it were capable of detecting small changes in
tissue by its high resolution, without the need to excise specimens. For the first time, the
OCT imaging technique has been used successfully in the laboratory to image the
peritoneal membrane in rats and mice, producing a high-resolution image without the
need to excise tissue.
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5.3 Experimental in vivo OCT imaging of the peritoneal membrane and other
organs in rats
5.3.1 Materials and methods
The study reported here concerns the use of an SS-OCT system to produce images of
the peritoneal membrane of rats of different weights in order to explore the existence of
differences in membrane thicknesses corresponding to weight, because as far we know
no other study has done this using OCT imaging techniques. In the study, the subject
rats were injected with two different PD fluids.
5.3.1.1 Preparation of the OCT microscope system and swept laser source
The Thorlabs swept laser system, shown in Figure 5.5, provides a high speed, high
frequency laser sweep. The laser source was the same Thorlabs SL1325-P16 swept
source laser which is described briefly in Chapter 3, section 3.2.1. The light source used
here was a swept tuneable laser (Thorlabs, SL1325-P16) with a very high tuning speed
of 16 kHz over a wide range of wavelengths: 1260 nm to 1390 nm. The real axial line
speed is limited by the source that is used in an OCT system. The bandwidth of the
source was up to Δλ = 110 nm, centred at λ0 = 1325 nm.

Figure 5.5: Schematic of SS-OCT microscope
SS: swept source, FC: fibre coupler, PC: polarization controller, CIR: circulator, C:
collimator, AP: adjustable pinhole variable attenuator, M: mirror, BD: balanced
detector, DAQ: data acquisition board, SD: XY scanner driver, CCD: CCD camera,
OBJ: objective and MS: microscope (Source: Thorlabs)
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The laser was built into an MZI, which was needed to provide the frequency clock of
the laser source. As can be seen in Figure 5.5, the output laser was coupled into a
Michelson interferometer. The light was split into two beams of equal amplitude using a
broadband 50/50 coupler; one beam was directed into the reference arm and the other
into the sample arm. The light directed into the reference arm was reflected from a
stationary mirror before being coupled into the fibre. The reference arm delay line was
placed inside the microscope. In the sample arm, the light was coupled into a
microscope head. The microscope used here (Thorlabs OCM1300SS) is pictured in
Figure 5.6. It was connected to the swept laser by a single mode fibre SMF28 FC/APC
connector. The collimated light was then directed into an XY galvo scanning mirror to
scan the sample, onto which it was focused by an objective lens. The scanning object
lens here (LSM04, Thorlabs) had a long working distance of 42.3 mm in order to scan
the laser across different sample types, such as tissues or other materials. The effective
focal length was 53.99 mm.

Figure 5.6: SS-OCT microscope (Source: Thorlabs)
The magnification of the scanning lens was 3X, the depth of view was 1.15 mm, the
field of view (FOV) was 14.1×14.1 mm and the designed wavelength of the lens was
1315 nm. The mean spot size was 35 µm and the lens operating temperature range was
10 to 50 °C. Figure 5.7 shows the principle of the scanning objective lens of the SS152
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OCT microscope system and the reflectivity of the lens. It is clear from Figure 5.7
below that the centre of the scanning lens was 1315 nm and its wavelength range was
±65 nm.

Figure 5.7: Configuration and reflectivity of SS-OCT scanning objective lens
(Source: Thorlabs)
At the top of the microscope, there was a CCD camera, which was important for the SSOCT imaging system. This camera was used to view the sample as a conventional
microscope image in order to determine and align the sample position and the area to be
imaged by OCT microscopy. As shown in Figure 5.6, the microscope platform had two
movement controls: X-Y rotation and Z translation. The sample was placed on a
platform and its position adjusted by means of the X-Y and Z controller in the
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microscope. An alignment visible laser centred on 660 nm was coupled into the sample
arm in order to visualize the laser tracing on the sample
The interference signal from the sample and reference arms was detected by a gainbalanced photodetector. A fast Fourier transform was used to convert the interference
signal from time to frequency. All aspects of data processing, such as controlling,
measurement, processing and display, were performed by the system software.
5.3.1.2 System calibration
Before the OCT system could be used for imaging and measuring the thickness of
biological tissue in rats, it was first calibrated by measuring the known thickness of two
identical sheets of glass using A-scan measurements taken with the OCT system.
Further calibration was performed by measuring the thickness of a sample of fake (nonbiological) tissue using the OCT system and a micrometer. The refractive index of the
two sheets of glass and the fake tissue had to be measured.
Cross-sectional images of the glass slides were obtained using the OCT system, as
shown in Figures 5.8 and 5.9. For system calibration, two identical glass slides of
similar size were used in the lab and the images of their cross-sectional profiles were
taken. The aim was to investigate the thicknesses of the two slides and to establish
whether they were the same, using the OCT technique and MATLAB.
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5.3.1.3 Measuring the thickness of glass slides

Figure 5.8: A-scan profile and cross-sectional image of glass slide 1

Figure 5.9: A-scan profile and cross-sectional image of glass slide 2
Next, the thickness of glass slides 1 and 2 were measured using the OCT system and a
micrometer. The refractive index for both glass slides is 1.65. The results are shown in
Table 5.1.
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Table 5.1: Thickness of glass slides by OCT and by micrometer

In the formula shown in the fourth column, the difference in pixel numbers of the two
peaks is divided by 512, which is the total number of pixels in the OCT images in the zdirection (depth), then multiplied by a total depth of 3 mm. The results show that the
two glass slides were of equal thickness.
5.3.1.4 Measuring the thickness of Phantom tissue
In the second method of system calibration, the OCT system and a micrometer were
used to measure the thickness of a sample of fake tissue (Figure 5.10) and the results
were compared. The refractive index of phantom tissue is 1.4 and it composed of a
polymeric.

Figure 5.10: Phantom tissue sample
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Figure 5.11: A-scan profile and OCT image of Phantom tissue
Using the same OCT method as that employed to calculate the thickness of the glass
slides, the thickness of the fake tissue was found to be 0.66 mm (Figure 5.11), which is
close to the value measured by means of the micrometer, which was 0.62 mm.
5.3.1.5 Sample preparation
Two male Wistar rats of different weights (Rat A weighed 366 g and Rat B 382 g) were
maintained under conventional laboratory conditions and used for a trial study of in
vivo OCT imaging. The OCT system was implemented in the Nephrology and
Transplantation Institute of the Manchester Royal Infirmary. A different set of
experiments was performed on each rat. They were both anatomized in the lab, then the
OCT system was used in order to image the peritoneal membrane and some organs of
the dead rats, as shown in Figure 5.12. The animals were sacrificed and a section of the
skin of their abdomens was shaved. A midline incision was then made in order to
expose the abdominal skin and peritoneal membrane of the rats.
The next step was to measure the A-scan profile of each OCT image in order to
calculate the thickness of the outer layer (The mesothelial cells layer) of peritoneal
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membrane, which was reported in a prior study to be 102±18.9 µm in rats [21]. Another
study found that the mesothelial cells layer of the peritoneal thickness in rats was 91±8
µm in the longitudinal sections and 75±7 µm in the horizontal sections [22]. Both these
studies obtained by electron microscopy and need to do the membrane biopsy.

Figure 5.12: The anatomy of the rat
The OCT system was then prepared and the laser with output power 3 mW was turned
on. Imaging was performed in air at room temperature. The alignment laser was also
turned on in order to indicate the position of the main laser beam. The peritoneal cavity
was carefully opened, then the rat was affixed to the OCT platform. A computer was
used to control the scanning of the laser, to acquire data and to produce OCT images of
the rat’s organs in real time. The OCT images of the rat organs were easily obtained and
were saved. The computer software controlled the OCT scanning in the z-direction
(depth) and the x-direction (transverse scanning) between limits of 0.1 to 3 mm. The
OCT images were 3x3 mm and consisted of 512 axial pixels and 1024 transverse pixels
(total = 524,288 pixels). Cross-sectional images of the rats were acquired in 25 fps.
5.3.2 OCT imaging results and discussion
5.3.2.1 Preliminary measurement of peritoneal membrane in rats
The peritoneal membrane of Rat A was imaged in grey scale and colour, as shown in
Figure 5.13 (a, c) below. Most of the layers of the membrane can be visualized on these
OCT images. A view of the peritoneal membrane taken by an image-analysis
microscope is shown in Figure 5.13(b). The mesothelial layer is clearly recognized as
the first layer in the image. From Figure 5.13(c) it is clear that the peritoneal membrane
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consists of layers. The total depth of the images shown here is 3 mm in 512 pixels,
which was the maximum obtainable depth of the z-axis in the OCT system. From the Ascan in Figure 5.13(d), the thickness of mesothelial layer was measured using ImageJ to
calculate the distance between the first and second peaks, giving a thickness of 89.8 µm
≈ 90 µm, which is in the same range as reported by [21].

Figure 5.13: The rat peritoneal membrane in and (a) greyscale images. (b) The rat
peritoneal membrane by an image-analysis microscope [23], (c) A-scan of
peritoneal membrane of rat A and (c) colorized.
The process was repeated for rat B, of a different weight. Figure 5.14 shows the layers
of the peritoneal membrane by the OCT system. Again, the image depth was 3 mm and
A-scan profiles were plotted to measure the thickness of the peritoneal layers in Rat B.
Images of the rat peritoneal membranes taken by electron microscope and the SS-OCT
microscope system are nearly looked similar. More pictures were taken of different
parts of the rat peritoneal membrane. Figure 5.14 shows clearly the first layer of the
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peritoneal membrane of rat B, the mesothelial layer, whose thickness in Rat B was 109
µm, while that of Rat A was 90 µm. The A-scan profile of backscattered light from the
peritoneal membrane was plotted using the same software programme in order to
measure the thickness of the mesothelial layer.

Figure 5.14: The peritoneal membrane of rat B using the SS-OCT microscope
system[(a) greyscale image, (b) using electron microscope [24], (c) A-scan profile
and (c) colour image.

5.3.2.2 Measuring the thickness of the outer layers of some organs in rat A
The skin, small intestine, ear skin and liver of both rats were imaged using OCT
techniques and A-scan profiles were obtained for each image in order to calculate the
thickness of the outer membrane of each of the rat’s organs.
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Small intestine
The small intestine of a rat is coated with a luminal mucus layer consisting of columnar
villus cells, which allows the diffusion of low molecular weight solutes and microorganisms, because it contains a network of lacteal capillaries.
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Figure 5.15: OCT cross-sections of small intestine of rat A in grey (a, c) and colour
(d, f). (b) The small intestine imaged by electron microscope [22]. (e) A-scan profile
of the small intestine of Rat A. The upper layer is the luminal mucus layer and the
part under the mucus layer is the support layer of the small intestine.

First, the small intestine of Rat A was imaged using the OCT system. As can be seen in
Figure 5.15, the OCT system distinguished the layers clearly, due to its high resolution.
This upper layer is the a luminal mucus layer consisting of columnar villus cells
membrane, which covers the small intestine, while the part under the mucus layer is the
support layer of the small intestine. The two horizontal lines at the top of each OCT
image in Figure 5.15 are just image noise due to optics in the OCT microscope. The
thickness of the mucus layer was measured from the A-scan profile of the small
intestine, using the software program supplied. A histology image of the small intestine
taken by electron microscope is shown in Figure 5.15(b). To measure the thickness of
the outer layer of the small intestine, an A-scan of the OCT image is shown in Figure
5.15(e). Using the ImageJ program, the thickness of the first layer of the small intestine
is 41 µm, measured from the first to the second peak. The thickness of the second layer,
measured from second to the third peaks, was 0.289 mm.
Epidermis and dermis
The thickness of the rat epidermis layer was reported in a study [25] using a light
microscope with magnification of 40 times. The thickness of rat’s epidermis ranged
from 34 to 57 µm, whereas the thickness of the dermis layer was 967 to 1004 µm. The
SS-OCT system was also used in the lab to take images of the ear skin of the rats, as
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well as to measure the thickness of their epidermis. Figure 5.16b shows the skin of the
rat A from the ear region: The A-scan profile of the ear is shown in Figure 5.16a

Figure 5.16: A-scan profile (a) and OCT image (b) of ear skin of Rat A
Using the OCT system and ImageJ, the thickness of the epidermis of the ear was found
to be 53 µm, in broad agreement with a study using electron microscopy [25], where the
thickness of a rat’s epidermis ranged from 34 to 57 µm. The thickness of the rat dermis
including the epidermis and dermis junction obtained by means of the OCT system was
1120 µm, close to the range of 967 to 1004 µm from the same published study [25].
Additional work was done in the lab to measure the thickness of the epidermis in the
outer skin of rat A, which was imaged using the SS-OCT system. The rat skin was first
shaved to remove the hair, before it was placed under the microscope. Figure 5.17
shows the OCT cross sectional image of the rat’s outer skin and its A-scan profile. The
thickness of the epidermis was found to be 60 µm. As can be seen clearly in Figure
5.17, the OCT system was unable to visualise the dermis layer because the reflection of
light from the second layer was low. Most of the light was reflected from the first layer
(epidermis) or was scattered before reaching the dermis. Therefore, the thickness of the
dermis could not be measured here.
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Figure 5.17: A-scan profile (a) and OCT image (b) of the outer skin layer of Rat A
From these results, it is clear that the OCT system gives a measurement of the thickness
of the epidermis in the outer skin of 60 µm, close to the above result for the rat ear
(53 µm) and to those of the published study referred to above of 34 to 57 µm [25].
However, we cannot say that the present result was exactly right, because very few
studies measuring the epidermis and dermis in rats appear to have been published.
5.3.2.3 Injection of glucose solution into the peritoneal cavity of rat A
Other work was performed using a glucose solution (1.36%), 10 ml of which was
injected into the peritoneal cavity of Rat A and left there for 30 minutes in order to
determine whether any change in contrast would be observed in the OCT images. Fat,
liver, caecum and small intestines were imaged after the glucose was injected into the
cavity.
Liver
The same process was used in order to image liver tissue in rats. Figure 5.18 shows an
OCT image of the liver of Rat A. The A-scan profile of the back-reflected light from the
liver tissue shows only one peak, which is the surface reflection from the liver, after
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which the liver absorbed all light. This total absorption occurred because the liver
contains 75% of blood , which absorbs light strongly.

Figure 5.18: A-scan profile of back-reflected light (a) and OCT image (b) of the
liver of rat A after injection of glucose solution into the peritoneal cavity

Small intestine
Figure 5.19 shows an image of the small intestine that was taken before and after
injection of the glucose solution into the peritoneal membrane. There was a clear
improvement in contrast over the images in Figure 5.15(b), because much of the light
was absorbed by the tissue rather than reflected, due to the reflective index of the
glucose solution being close to that of the tissue itself.
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Figure 5.19: Small intestine of rat A before (a) and after (b) injection of glucose
solution
More features can be observed in the small intestine after injection the glucose solution.
This is due much light transmitted deeper inside the tissue. The A-scan profile of the
small intestine of Rat A after the glucose injection was also obtained using the same
software, allowing the thickness of the mucous layer to be calculated as 65 µm.
Caecum
The same process was used to image the caecum of Rat A after the injection of the
glucose solution.

Figure 5.20: A-scan profile of back-reflected light (a) and OCT image (b) of rat A
caecum after glucose solution injection. Areas circled in red dots are blood vessels.
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From the A-scan, the thickness of the caecum layers was obtained using ImageJ. In
Figure 5.20 the caecum layers can be clearly distinguished. The two dark areas circled
in red dots are blood vessels, whose diameters were also measured from the distance
between A-scan peaks. The thickness of the first layer was 102 µm, that of the second
layer was 383 µm and the blood vessel diameter was 413 µm.

Fat
The OCT system was also used to show images of fatty tissue (Figure 5.21) after the
injection of glucose solution into the peritoneal membrane.

Figure 5.21: (a) OCT image of caecum and fat of rat A after injection of glucose
solution; (b) fatty tissue of rat using electron microscope (www.phoenixbiotech.ne)
5.3.2.4 Injection of Extraneal solution into the peritoneal cavity of rat B
Extraneal solution, which is used in peritoneal dialysis, contains icodextrin in
electrolyte solution. It is used for dialysis in people who have a long dwell period and
who have lost their ultrafiltration. It cannot be used in children dialysis. Extraneal
solution was used here to investigate the enhancement in contrast of the images taken by
the OCT system. Rat B was also anatomized in order to see if any changes in the image
contrast quality could be recognized when the OCT images were taken of some of its
organs. In a procedure similar to that applied to Rat A, Extraneal solution was injected
into the peritoneal cavity of Rat B and left for 30 minutes, the difference being that
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rather than glucose, 10 ml of Extraneal was used, in order to determine if there was any
difference between the two solutions in the images taken by using the OCT system.
The caecum
The same method was followed in order to measure the thickness of the mucous layer of
the caecum, as well as the blood vessel diameters. From the OCT images, it is clear that
the system could distinguish the outer mucous layer covering the caecum, Figure 5.22
(b). Five blood vessels inside the caecum tissue (circled in red dots) were also detected.

Figure 5.22: A-scan profile (a) and OCT image (b) of caecum of rat B. The dark
areas circled in red dots are blood vessels.
The thickness of the outer layer was measured by the same process and was found to be
95 µm, compared with 102 µm for Rat A (Figure 5.22a). The thickness of the second
layer of rat B’s caecum was 407 µm, compared with 383 µm in Rat A. It is clear from
these results that the thickness of the outer layer of the caecum in Rat A (weighing
366 g) was thicker than in Rat B, which weighed 382 g.
Liver
The OCT system was also used to take images of the liver of rat B:
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Figure 5.23: A-scan profile (a) and OCT image of the liver of rat B
The A-scan profile of the back-reflected light from the liver tissue also shows here that
there is only one peak, which is the surface reflection from the liver, after which the
liver absorbed all light due to blood absorption.
Small intestine
Figure 5.24 shows a cross sectional image of rat B’s small intestine and the A-scan
profile of the depth. Using ImageJ and an A-scan of the small intestine of Rat B after
injection of Extraneal solution, the thickness of first mucous layer was found to be 140
µm and that of the second layer was 216 µm.
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Figure 5.24: A-scan profile (a) and OCT image (b) of small intestine of rat B
Fat, Liver and caecum
Figures 5.25 and 5.26 show how the OCT system enabled the different types of
biological tissues in rats to be distinguished. Figure 5.25 is a cross sectional OCT image
of liver and fat in rat B, while Figure 5.26 shows a cross sectional OCT image of fat and
caecum in rat B.

Figure 5.25: Liver and fat of rat B
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Figure 5.26: Fat and caecum of rat B
5.4 Measuring peritoneal membrane thickness in mice
5.4.1 Materials and methods
This section reports a second study, measuring peritoneum thickness in subjects of
different weights and genders, using mice rather than rats. The OCT system was then
used to screen the mesothelial cell layer of the peritoneum.
5.4.1.1 Preparation of the OCT handheld system and swept laser source
The setup of the SS-OCT handheld probe used here, pictured in Figure 5.27, was
exactly the same as that shown Figure 5.5, except that the microscope in the sample arm
was replaced with the handheld probe. The aim in using the handheld probe was to give
the system more accessibility, making it easy to image a sample anywhere, rather than
having to place it on the microscope stage.
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Figure 5.27: (a) Swept laser handheld OCT system in the lab, (b) OCT probe

Inside the handheld probe, an XY galvo scanning mirror was placed to scan the
incoming collimated light onto the sample. The scanning collimated light from the
mirror was focused onto the sample using an objective lens with a large working
distance. The scanning object lens used here (LSM04, Thorlabs) also had a long
working distance of 42.3 mm in order to scan the laser across different sample types,
such as tissues or other materials. Its effective focal length was 53.99 mm. As can be
seen clearly from Figure 5.27(a), the handheld probe was fixed to a rig designed to
replicate the configuration of the microscope system: a clapper fixed the probe
vertically, while a sample stage was designed to allow easy vertical translation of the
sample.
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5.4.1.2 System calibration
Before being used to image and measure the thickness of the peritoneal membrane in
mice, the handheld OCT system was first used in the lab to image and measure the size
of some beads of known size. The polystyrene microspheres in water (from
Polysciences Inc) used here were of diameter 15.61±0.03 µm and refractive index 1.58.
Figure 5.28 shows the configuration of these microspheres, which were used to calibrate
the system.

Figure 5.28: Polystyrene microspheres (Source: Polysciences Inc)
The microspheres were imaged by the OCT system (Figure 5.29) and the diameter of
the beads was measured from the A-scan profile of light reflected from them using the
ImageJ software. The bead diameter was obtained by measuring the distance between
the two peaks as is shown Figure 5.29 (b) (six beads diameters can be measured here)
from the A-scan profile by using the ImageJ. The results are shown in Table 5.2 of six
beads diameters can be measured from A-scan profile.

173
Reem O Alwafi

PhD Thesis

Figure 5.29: (a) Cross-sectional image and (b) A-scan profile of light reflected from
polystyrene microspheres. The average bead diameter is 19 µm measured by OCT
system.
Table 5.2: Measuring polystyrene microsphere diameter using OCT
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The average bead diameter was thus measured as 19 µm, while the manufactured size
was 15 µm.
5.4.1.3 Sample preparation
Ten male mice (triple knockout strain) of different weights (between 30.2 and 37.6 g)
and similar age (6 weeks) and five control female mice (K1-DSC3), also of different
weights (between 12.9 and 15.1 g) and similar age (19 weeks) were maintained under
conventional laboratory conditions and used for the trial study of in vivo OCT imaging.
The OCT system was implemented in the Medical school of the Manchester University.
A different set of experiments was performed on each mouse. They were anatomized in
the lab, then the OCT system was used in order to image the peritoneal membrane of the
dead mice, as shown in Figure 5.30.

Figure 5.30: Mouse peritoneal membrane
The OCT system was then prepared and the laser with output power 3 mW was turned
on. Imaging was performed in air at room temperature. The aiming laser was also turned
on in order indicate the position of the main laser beam on the mouse tissue. The
peritoneal cavity was carefully opened, then the mouse was affixed on the OCT
platform. A computer was used to control the scanning of the laser, to acquire data and
to produce OCT images of the mouse peritoneal membrane in real time. The OCT
images of the mouse peritoneal membrane were easily obtained and then were saved.
The computer software controlled the OCT scanning in the z-direction (depth) and the
x-direction (transverse scanning) between limits of 0.1 to 3 mm. The OCT images were
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3x3 mm and consisted of 512 axial pixels and 1024 transverse pixels (total = 524,288
pixels). Cross-sectional images of the mice were acquired in 25 fps.
5.4.2 Results and discussion
5.4.2.1 Male mice
The thickness of the peritoneal membrane was measured by calculating the distance
between the first two peaks in the A-scan profiles, as shown in Figure 5.31, using
ImageJ. The thicknesses of the peritoneal membranes of the mice were obtained by the
same process as that used in rats. Table 5.3 gives information on the male mice weights.
The mice were labelled from M1 to M10 in order to facilitate data collection.
Table 5.3: Weight of male mice
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Figure 5.31: A-scan profiles and OCT images of peritoneal membranes of the ten
male mice
Table 5.4: Total peritoneal membrane thickness of male mice 1-10
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Figure 5.31 shows OCT images of the peritoneal membranes of each of the ten mice,
taken using the handheld probe, as well as the A-scan profile of the depth in each case.
Most of layers of peritoneal membrane can be clearly visualized on the OCT images.
Compared with the results obtained from rat peritoneal membrane, those for the mice
were much better. This was the reason for using the handheld probe rather that the
microscope in this experiment. From Figure 5.31 it is clear that the peritoneal
membrane consists of three layers. The mesothelial layer is clearly recognized as the
first layer in the image. The total depth of the images shown here is 3 mm in 512 pixels,
which was the maximum obtainable depth of the z-axis in the OCT system. The
thickness of mesothelial layer and the two other layers was measured using ImageJ to
calculate the distance between the peaks, giving the thickness totals set out in Table 5.4.
The important measurement is the total thickness of peritoneal membrane in mice;
therefore, the error measurement was obtained from the A-scan profile of the total
thickness of the peritoneal membrane of each mouse.

Figure 5.32: Thickness of peritoneal membrane versus weight in male mice. The
line is a least squares polynomial fit with an R 2 value of 0.63 .
From Figure 5.32, it is clear that peritoneal membrane thickness of the mice had an
average value of 1214 µμm.   The   above   result   does   not   give   good   relation   between  
mouse’s  weight  and  peritoneal  membrane  thickness.    
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5.4.2.2 Female mice
The process was repeated on five female mice in order to examine the relation between
peritoneal membrane thickness and body weight. It is clear from Table 5.5 that the
females weighed about half as much as the male mice.
Table 5.5: Weight of each female mouse
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Figure 5.33: A-scan profiles and OCT images of peritoneal membrane, female mice
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Table 5.6: Relation between peritoneal thickness and weight in female mice

Figure 5.34: Thickness of peritoneal membrane versus weight in female mice
As can be seen from Figure 5.34, the lighter female mice had thicker peritoneal
membranes than heavier ones. While the reason for this is not clear, it may be that
heavier mice will have larger internal organs in the peritoneal cavity, causing the
peritoneal membrane to stretch and thus to be thinner than in lighter mice with smaller
internal organs. However, the thickness of the peritoneal membranes of the female mice
was around half that of the membranes of male mice, whose weights were double those
of the females. The above results demonstrate only that in the female mice, increased
weight was associated with reduced peritoneal membrane thickness.
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5.5 Conclusion
This chapter has described the preliminary measurement of peritoneal membrane
thickness in rats and mice by means of the Thorlabs OCT system. For the first time, the
OCT technique has been used successfully to image the peritoneal membrane in rats and
mice, producing high-resolution images without the need to excise tissue. The OCT
system was also used to produce high resolution images of other internal organs of the
rat: the liver, fat, small intestine and blood vessels in the peritoneal cavity. The structure
and features of rat and mouse peritoneal membranes were clearly identified. Compared
with other medical techniques for imaging the peritoneal membrane, the OCT system
provides higher resolution and a higher video rate (real-time imaging); it is also cheaper
than some other methods, because unlike them it does not require the use of contrast
agents.
The work described above is considered very important for its potential use in future
kidney failure studies that will take place at the Manchester Royal Infirmary. This novel
technique will be able to detect small changes in the thickness and structure of the
peritoneal membrane in dialysis patients and will be used later to investigate the causes
of structural changes in the peritoneal membrane, its main advantage being that it
produces high resolution images without the need to excise specimens.
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Chapter 6: Experimental work on the use of gold
nanorods as an OCT contrast agent
6.1 Introduction
In medical imaging procedures, contrast agents or contrast media are used widely to
highlight and enhance images of organs and other tissues. During the last 25 years, there
have been a number of developments in the use of such contrast agents, especially in Xray imaging. Barium sulphate is a popular contrast agent in medicine. Radiologists give
it to patients by mouth when imaging organs such as the gastrointestinal tract. Barium
sulphate is opaque to X-rays, thus producing a clear, bright image. Indeed, all medical
imaging techniques, including MRI and CT scanning, now use contrast agents to make
the images much easier to see. They are introduced into the tissues concerned in
different ways, usually by mouth as a drink or injected into the body. Many optical
properties must be taken into account when choosing a contrast agent. Its optical
absorbance should be strong, it should be biocompatible and should contain highly
specific particles.
6.2 Contrast agents for OCT
Researchers have demonstrated several materials to enhance the optical backscattering
signal in OCT imaging, including molecular contrast agents such as air-filled
microbubbles [1] and engineered microspheres [2], while one study [3] has reported the
use of a near infrared dye to enhance spectroscopic OCT images.
Nanoshell contrast agents are nanostructured particles with a dielectric core and a metal
shell. Because of their small size, the fact that they can be engineered to several
geometries and their high backscattering of light, they can be used as contrast agents in
OCT systems. The optical resonance of the nanoshell depends on the core-to-shell
thickness ratio and varying this makes them suitable for the backscattering of tunable
light from the visible to the near infrared. Thus, nanoshells can be designed to produce a
high level of backscattering by changing the size of the particles relative to the optical
resonance of the light wavelength. For OCT applications in turbid tissues, near infrared
wavelengths are required because of the low absorption of water in this spectral region.
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New metal nanoparticles such as homogeneous nanospheres [4], nanoshells [5] and
nanocages [6] are reported to have been used as OCT contrast agents. Most of the
agents currently used in medical imaging have limitations, such as short lifetime and
where the patient is large, poor contrast. Moreover, in many treatments, these contrast
agents need to be catheterized. The use of gold nanorods can solve these problems. At a
relatively light dose, gold particles can provide higher tissue interference contrast and a
longer imaging time than other contrast agents. These agents also clear more slowly
from the blood [7].
Experiments using air-filled microbubbles as contrast agents [8, 9] were unable to
achieve enhancement of the ultrasound and OCT images, but this failure was resolved
by the use of oil-filled rather than air-filled microspheres [10]. The diameter of these
microspheres was 0.2 to 15 µm. Therefore, the spheres could be incorporated with other
nanoparticles such as melanin, gold and carbon. The purpose of choosing nanoparticles
with oil-filled shells was to obtain higher optical scattering of the signal from the
biological tissue. They also have a long lifetime in solution (from 3 days up to a few
months) and are more stable. Figure 6.1 compares the contrast of images of a mouse
liver before and after applying a gold oil-filled microsphere contrast agent, using a laser
of wavelength 800 nm [10].

Figure 6.1: Images of mouse liver before and after adding oil-filled gold contrast
agent [10]
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This chapter describes the use of gold contrast agents because these were used in the
experimental work on OCT imaging enhancement.
6.3 Gold contrast agents
There are two types of gold contrast agent, using nanoparticles in one case and nanorods
or nanowires in the other. Each is described below.
6.3.1 Gold nanoparticles
Gold nanoparticles are used as contrast agents because of their optical properties. These
particles contain free electrons whose oscillations are called surface plasmons (SPs).
When the incoming light interacts with the SPs they oscillate resonantly at a certain
wavelength. They have special optical properties when the nanoparticles absorb incident
light and the temperature is thereby increased, in turn causing thermal expansion of the
SPs. The output absorption spectrum of the surface plasmons has a single extinction (for
example peak ≈ 520 nm) along the wavelengths (Figure 6.2). Therefore, the tuneable
peak range is limited when gold nanoparticles are used as contrast agents [11].

Figure 6.2: Gold nanoparticles [12]
6.3.2 Gold nanorods (nanowires)
Gold nanorods are used in photoacoustic imaging as contrast agents because they have
absorption properties at near-infrared wavelengths. Moreover, many proteins can be
conjugated with them, so they can be used to detect tumours within the tissues of the
body. According to a principle similar to that described above in respect of
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nanoparticles, ultrasound waves are generated by thermoelastic expansion when they
absorb incoming light. The size, shape and structure of the absorbing body can be
determined by detecting and analysing the ultrasound wave that is emitted. Because of
the strong scattering and absorption of the light in the tissue, the laser should be near-IR
to increase the penetration depth to a few centimetres [11].
Unlike gold nanoparticles, the absorption spectrum of the plasmons along the emitted
wavelength has two extinction peaks in the case of nanorods: a transverse peak ranging
between 510 and 530 nm (in the green region) and a longitudinal peak ranging between
700 and 1100 nm (red shifted), as an example shown in Figure 6.3. Therefore, the gold
nanorods are used widely for near-infrared optical imaging techniques. The transversal
peak is generated by the oscillation of electrons along the short axis, whereas the
longitudinal peak is generated by oscillation along the long axis [11].

Figure 6.3: Gold nanorods and absorbance spectra [12]
Changing the dimension of the core and shell of the nanorods allows the output
spectrum along the wavelengths to be varied over a range of wavelengths (near-UV to
mid-IR). Therefore, one advantage of using nanorod contrast agents is that specific
optical properties such as strong backscattering and low absorption can be controlled by
changing the dimensions of the nanorods. Moreover, they can be conjugated to other
proteins such as enzymes and antibodies. The size of the core and that of the shell of the
nanorods were determined using scanning electron microscopy. The thickness of the
shell depended on the amount of gold that had been added in the production of the
nanorods [7].
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The aims of the work described in this chapter are to determine whether gold contrast
agents can improve the quality of OCT images and to explore possibilities for achieving
such improvement. Gold nanorods were used as a contrast agent in our system because
of their optical properties of high back reflection and low absorption of light inside
biological tissues. Different sizes of gold nanorods were used here.
6.4 Experimental use of gold nanorods as an OCT contrast agent
6.4.1 Materials and methods
6.4.1.1 Contrast agent preparation
To demonstrate the effect of using gold nanorods as an OCT contrast agent, five types
with different diameters and optical peaks, supplied by NanoPartz, were first imaged by
the OCT system in the lab. Their properties are listed in Table 6.1. The gold nanorods,
in water solution, had a refractive index of 0.18. The first step was to image a blank
glass slide with the OCT system. Next, drops of each of the five types of gold nanorods
were placed on separate glass slides and left to dry before being imaged. The purpose
was to determine whether the use of gold nanorods would help to improve the OCT
images.
Table 6.1: Analysis of gold nanoparticles

  
6.4.1.2 Preparation of OCT system
The setup of the OCT system was similar to that shown in Figure 5.27 and described in
Chapter 5. A clapper was used to fix the handheld probe vertically and a sample stage
was designed to give easy vertical translation of the sample. The light source used here
was a swept tuneable laser (Thorlabs, SL1325-P16) with a very high tuning speed of 16
kHz over a wide range of wavelengths: 1260 nm to 1390 nm. The real axial line speed is
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limited by the source that is used in an OCT system. The bandwidth of the source was
up to Δλ = 110 nm, centred at λ0 = 1325 nm.
  
6.4.2 Results and discussion
The gold nanorods with long scattering peaks at 760, 786, 825 and 840 nm could not be
imaged by the OCT system because their scattering peaks did not match the resonant
laser wavelength used in the OCT system. Figure 6.4(a) shows the OCT image of the
blank glass slide, the two bright lines being the edges of the slide. Figure 6.4(b) shows
the OCT image of a slide prepared with the G4 type, having a second peak at 840 nm.
The fact that these two images appear identical shows that the G4 nanorods did not
scatter the OCT signal. The results for types G1, G2 and G3, with scattering peaks at
760, 786 and 825 nm, were the same, showing that no scattering from gold nanorods
occurred.
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Figure 6.4: OCT images of reflection from gold nanorods: (a) reflection from
blank glass slide, (b) reflection from gold nanorods at 840 nm and (c) reflection
from gold nanorods at 1064 nm
The image in Figure 6.4(c), of the G5 type, shows that this was the only one of the five
types tested to reflect the OCT signal. This is because the gold nanorods in this sample
had a second scattering peak at a longer wavelength resonance of approximately
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1320 nm and a broader resonance deeper in the near-IR (approximately 900-1400 nm),
matching the laser wavelength used in the OCT system. Moreover, this allowed a
deeper penetration of the incident light at the same time, helping the backscattered light
from the tissue to be collected.
To demonstrate the effect of using G5 gold nanorods on biological tissues in the lab and
to determine whether this would enhance the OCT sensitivity of a near-infrared laser
beam, chicken liver and breast tissues were used in a preliminary study. These were
imaged by OCT to obtain cross sectional images in two stages. First, images were
obtained with no contrast agent, then gold nanorods were injected into the tissues and
images taken at intervals of ten minutes.

6.4.2.1 Chicken liver
Figure 6.5(a) shows the OCT image of a chicken liver without the use of the gold
nanorod contrast agent. It is clear that the tissue has absorbed much of the light, due to
the blood content. Immediately after the injection of the gold nanorod contrast agent
into the liver tissue, the image in Figure 6.5(b) shows a superficial layer of gold nanorod
solution and which has not yet been absorbed. Figure 6.5(c, d, e & f) show images of
the liver 10, 20, 30 & 40 minutes respectively after injection of the nanorod solution. It
is apparent from the differences between them that there was a change in the light
scattering of the OCT signal after injection of the contrast agent.
In particular, these results show a marked increase in the OCT signal reflected from the
liver and enhanced visualization 20 minutes after injection of the gold nanorods. This is
in agreement with the results of an earlier study [13] which demonstrated an enhanced
signal from a mouse liver 20 minutes after the injection of nanoshell microspheres.
Further significant increases in the OCT signal were observed 30 and 40 minutes after
the injection of the nanorods, when the images of the sample appeared very bright.
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Figure 6.5: Cross-sectional OCT images of liver tissue with and without gold
nanorods. (a) without contrast agent, (b) immediately after injection of the gold
contrast agent, (c) 10 minutes after injection of contrast agent, (d, e & f) after 20,
30 & 40 minutes.
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6.4.2.2 Chicken breast
The above lab experiment was repeated using chicken breast tissue in place of liver
tissue, in order to investigate any change in the OCT images with and without using
gold nanorods as a contrast agent. Figure 6.6(a) shows a cross sectional OCT image of
the chicken breast without contrast agent.
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Figure 6.6: Cross sectional OCT images of chicken breast tissue with and without
gold nanorod contrast agent. (a) without contrast agent, (b) immediately
after injection of gold nanorods, (c, d, e & f) 10, 20, 30 & 40 minutes after
injection
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Figure 6.6(c, d, e & f) shows the OCT images of the chicken breast taken 10, 20, 30 and
40 minutes respectively after injection of the nanorods solution. These images clearly
show a change in the light scattering from the breast tissue following injection of the
contrast agent, whereby more structural details are visible. The images are apparently
much brighter at greater depth than without nanorods.
The results depicted in Figures 6.5 and 6.6 show that in both cases (liver and breast) the
gold nanorod contrast agent increased the light scattering from the biological tissue.
However, there were also low scattering areas in the images, probably due to the
vasculature of the tissue, where the light was absorbed rather than scattered.

6.5 Conclusion
This chapter has reported a pilot study to explore a way of improving the quality of
OCT images. The use of a gold contrast agent was followed by a clearly visible
improvement in image quality. Gold nanorods were chosen as a contrast agent in this
system because of their optical properties, i.e. high back reflection and low absorption
of light. The results show that gold nanorods can potentially be used as an OCT contrast
agent.
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Chapter 7: Conclusion and future work
The project reported in this thesis has demonstrated that the high resolution swept laser
OCT imaging technique has the potential to be used in many medical applications, in
gastrointestinal and gynaecological medicine, and for later nephrology and
transplantation studies, because of the flexibility of the OCT system, based on the fibre
optics, which can be connected to an endoscope and a catheter to improve the imaging
and diagnosis of a number of diseases.
The thesis has reported the use of an ultrahigh resolution OCT microscope to measure
the thickness of the peritoneal membrane in mice and rats. The result of this work has
motivated the use of OCT to image the peritoneal membrane which previously could be
done only by excisional biopsy. Future work will apply this technique to the human
peritoneal membrane to see if there are any changes in its thickness during the
peritoneal dialysis treatment of kidney patients. The technique could also be used to
investigate the reasons for the thickening of the peritoneal membrane during dialysis
and to establish whether the dialysis solution itself causes the change. There are few
published studies concerned with the in vivo imaging of the peritoneal membrane and
these few have measured its surface rather than its thickness. Furthermore, they have
used invasive techniques, in contrast to the OCT system, which can be used in direct
contact with the area to be imaged, without the need for biopsy. The thickness of the
peritoneal membrane was found in the present study to be 90 µm in rats and 0.1-1 mm
in mice. The project also demonstrated an inverse relationship between peritoneal
membrane thicknesses and weight in mice. The reason for this is unclear; it may be that
heaver mice have larger organs inside the peritoneal cavity, which stretch the
membrane. As far as I know, there are no published studies measuring the thickness of
the peritoneal membrane by means of non-invasive techniques. This work demonstrates
such a technique. The imaging and measurement of the thickness of other organs such
as skin, the visceral membrane in the small intestine and the caecum in rats were also
demonstrated in this project.
This project has also demonstrated the preliminary design of an OCT endoscope that
can be used in gynaecology for the imaging and diagnosis of diseases such as cancer in
the early stages. First, a sample-arm delay line was designed in order to make the
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system suitable for use in many medical applications by facilitating its integration with
endoscopes or catheters. The preliminary design of an OCT endoscope was obtained by
modifying a handheld probe from Thorlabs (OCP1300SS). The light source used here
was a swept tuneable laser (Thorlabs, SL1325-P16) with a very high tuning speed of 16
kHz over a wide range of wavelengths: 1260 nm to 1390 nm. The real axial line speed is
limited by the source that is used in an OCT system. The bandwidth of the source was
up to Δλ = 110 nm, centred at λ0 = 1325 nm. The total length of the modified probe was
27 cm and its diameter was 12.7 mm. Because of its high resolution, the OCT system
has the ability to detect small changes in tissue. The main problem that was faced was
the low output power of the endoscope probe. In future work, it is important to use a
high optical power of the swept laser in order to image a highly scattering tissue.
The thesis has also reported the design and modification of a GI endoscopic imaging
system that can be used in gastroenterology for in vivo diagnosis. This was achieved by
integrating the sampling arm of the OCT interferometer with a standard endoscope
(Olympus GIF-XQ200) and using its biopsy channel to transmit the OCT signal to the
biological tissue. The GI endoscope was required to be small enough to be easily
inserted into the human body with little pain, which was the case, given its diameter of
9.2 mm. Its depth of view ranged between 3 and 100 mm, with a working length of
1.030 m. The total length of the GI endoscope was 1.330 m and the inner diameter of
the working channel (OCT probe channel) was 2.8 mm. After the sample delay line had
been designed and the laser beam aligned, the system was able to image a highly
reflective sample (a mirror). However, the output power from the endoscope tip was not
sufficient to image a strongly scattering tissue such as skin. In order to improve the
optical power, an optical circulator was used to help in aligning the laser beam in the
system as well as in reducing the number of optical components. This allowed the laser
to be aligned, but the system was not able to detect the interference signal between the
reference and sample arms. This reason for this is not clear. For the future work it is
important to use a circulator in order to obtain image at the tip of the GI endoscope.
This thesis has also reported a preliminary study to explore a way of improving the
quality of OCT images by using contrast agents. The use of a gold contrast agent was
followed by a clearly visible improvement in image quality of liver and breast tissues of
the chicken. In future studies, it is important to use more animal models to explore
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further the enhancement of OCT signals by means of gold nanorods. An interesting line
of enquiry would be the use of other types and sizes of nanorods, such as carbon or
melanin nanoshells.
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