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2 Chapter 1. General introduction

Overview

The eye is an organ which gives us the sense of sight and allows us to observe
the surrounding world. We use our eyes in almost every activity we perform and
hence a disease which affects vision has a negative impact on a person’s quality of
life. Age-related diseases are a significant public health concern, especially in the
western world where there is an increase in the median age of the population [1].
Particularly, retinal diseases can result in visual function impairment, which can
lead to reduced social interactions, loss of independence and disability. According
to the WHO, about 1.3 billion people live with some visual function impairment, of
which 270 million people have moderate to severe vision impairment [2]. About 80
% of all vision impairments globally are considered avoidable. Retinal pathologies
and injuries exhibit structural and functional changes in the retina and are assessed
using ocular imaging techniques. Retinal imaging is thus vital for our understand-
ing of retinal diseases, and effective clinical evaluation, follow-up and treatment.

Advancements in retinal imaging have drastically improved the quality of eye
care in the past two decades. Nevertheless, the current clinical evaluation of reti-
nal diseases relies considerably on subjective visualisation of the retinal anatomy.
In many pathological conditions, however, better and more objective imaging and
image analysis methods are required. New techniques that can establish a corre-
lation between retinal diseases and optical properties need to be developed. The
various optical properties of the retina can be correlated to diagnostic criteria to
provide new means for improving clinical care in ophthalmology. For example,
a quantitative in vivo characterisation of spectral properties of the retina helps in
understanding the pathophysiology of various diseases [3]. This thesis focuses on
two major approaches to retinal imaging which can improve clinical care in oph-
thalmology:

1. Structural imaging of the retina using a low-cost, compact, novel digital mi-
cromirror based ophthalmoscope

2. Quantitative, functional imaging of the retina using a multispectral scanning
laser ophthalmoscope.

1.1 Human eye: anatomy and physiology

Advancements in retinal imaging have drastically improved the quality of eye care
in the past two decades. However, the current clinical evaluation of retinal dis-
eases relies considerably on subjective visualisation of the retinal anatomy. In many
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pathological conditions, however, better and more objective imaging and image
analysis methods are required. New The eye is an essential sensory organ which
provides the ability to see in both bright and dim light, focusing on objects both
near and far. The eye can detect three primary colours and transmit the informa-
tion to the brain, which processes and perceives the image in millions of colours. A
schematic cross-section of the eye and the retina is shown in Fig.1.1.

Cornea

About one-sixth of the anterior layer of the eye bulges and forms the transparent
cornea, the aspherical bulge which serves as the outer transparent window of the
eye. The cornea is made up of connective tissue with a thin layer of epithelium on
the surface. The cornea contains hardly any cells and blood vessels and is transpar-
ent. Light enters the eye through the cornea, and the air-cornea interface does most
of the focusing of the light. The cornea transmits about 99 % of visible light [4]. The
cornea continues as sclera, the opaque portion of the eye. The sclera runs along
the circumference of the eye and makes up the remaining posterior five-sixths of
the eye’s outer layer. The sclera is responsible for the protection of the vital inner
layers of the eye and serves to attach the extra-ocular muscles, which aid in eye
motion.

Iris, lens and humor

After the cornea, the light passes the anterior part of the eye through the pupil. The
pupil is the central aperture in the iris and regulates the amount of light entering
the eye. The iris, a pigmented disc, is visible in most eyes due to the transparency
of the cornea. The iris is mostly made up of smooth muscle fibers and connective
tissue. As the flux of light entering the eye reduces, the smooth muscles of the iris
pull away from the centre, causing the pupil to dilate. On the other hand, if there
is a sudden influx of light, the sphincter muscles in the iris pull toward the centre,
causing the pupil to contract and allowing less light to reach the retina.

The transparent and crystalline lens of the eye is located behind the iris, sus-
pended by ciliary muscles. When viewing an object at infinity, the ciliary muscles
pull on the suspension ligaments causing the entire lens to flatten, enabling the
lens to focus light from a far-away object. When the eye views an object at a near
distance, ciliary muscles contract causing the suspension ligaments to relax. This
action causes both lens surfaces to become more convex and enables the eye to
focus nearby.
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The vitreous humor is a clear, transparent jelly-like substance which occupies
the posterior part of the eye. It holds about 80% of the volume of the eyeball. The
vitreous keeps the eye structurally intact.

Retina

The retina is a thin multi-layered tissue (Fig.1.1B) with an average thickness of
300 µm, which is responsible for the critical task of receiving light from the external
world and transmitting visual stimuli to the brain. Various insults to this delicate
structure can thus generate pathological processes and lead to retinal disease(s).

The retina consists of two components: an innermost layer of retinal pigment
epithelium (RPE) which is composed of a single layer of melaninated cells, and the
neural retina which is a multi-layered structure containing photoreceptors as well
as neurons. These two components together are typically called the retina, and it
is subdivided into nine recognisable layers: nerve fiber layer (NFL), ganglion cell
layer (GCL), inner plexiform layer (IPL), inner nuclear layer (INL), outer plexi-
form layer (OPL), outer nuclear layer (ONL), external limiting membrane (ELM),
photoreceptor layer (PL), and the retinal pigment epithelium (RPE). A histological
cross-section of the human retina is shown in Fig. 1.2. The structure and function of
each layer of the retina is a fascinating field in itself and is studied by many vision
scientists. A brief description of each layer might help the reader in appreciating
the complexity of the retina and the vital role it plays in vision.

The NFL is formed by the extension of the fibres of the optic nerve. It has the
highest thickness near the optic disc and is made up of the support cells of the
neural retina. NFL is a sensitive structure, and thus some process can start its spon-
taneous apoptosis. Any adverse situation can make some damage on NFL such as
high intraocular pressure, inflammation, vascular disease and hypoxia [6].

The IPL is a region of the retina that is built up of a compact reticulum of fibrils
arranged by interlaced dendrites of retinal ganglion cells. A retinal ganglion cell
is a variety of neuron found in the GCL of the retina of the eye. It collects visual
stimuli from photoreceptors through two intermediate cell types, namely bipolar
cells and retinal amacrine cells [7].

The INL or layer of inner granules of the retina, is made up of several closely
arranged cells, namely the bipolar cells, the horizontal cells, and the amacrine cells.
The OPL is a layer of neuronal synapses in the retina. It consists of a compact net-
work of synapses within dendrites of horizontal cells from the INL, and photore-
ceptor cell inner segments from the ONL. It is much thinner than the IPL, where
amacrine cells synapse with retinal ganglion cells. The ONL is typical for verte-
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retinal pigment epithelium

Bruch's membrane
choreocapillaries

choroid

photoreceptors

Figure 1.2: Histological cross-section of the posterior eye: retinal layers, choroid and sclera
[5].

brate retina and is assumed to be the light-detecting portion of the eye. Like the
INL, the ONL contains several strata of oval nuclear bodies [7].

The PL consists of the rod and cone cells. The light must cut across many layers
before reaching the rods and cones. Rod cells are cylindrical, while the cone cells
have conical outer segments. The rod cells are more receptive to the light stim-
uli and thus are primarily used in low light levels. The resulting image from the
rod cells is monochromatic. The cone cells are sensitive to distinct wavelengths of
light and allow the perception of colours and complete visible information. The
photoreceptor layer is devoid of any blood capillaries [8].

The outermost layer closest to the choroid is the RPE which contains a single
sheet of cuboid pigmented cells, with perform the function of absorbing light and
thus preventing stray light from reflecting onto the rods and cones. Compact and
tight interfaces between the cells in this layer establish the so-called ’blood-retina
barrier’ to regulate and balance the exchange of molecules from the blood to the
retina and vice-versa. The RPE cells play an essential role in nourishing the overly-
ing outer retina. They facilitate the diffusion of nutrients from the choroid. Bruch’s
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Figure 1.3: Blood supply to the eye: The ophthalmic artery is a branch of the internal carotid
artery and divides into the central retinal artery and the posterior ciliary arteries. The former
supplies blood to the outer layers of the retina while the later supplies blood to the choroid.
Image adapted from Ichsan et al. [12].

membrane is the innermost layer of the choroid.
The axons from all the retinal ganglion cells converge and leave the eye through

the optic nerve. The point where it exits is the optic disc or optic nerve head
(ONH). This area is incapable of detecting light, as this point is by definition, a
break in the retina. Therefore the ONH creates a blind spot in the lateral visual
field. The fovea is a small depression in the central portion of the retina. The inner
layers of the retina are drastically reduced (or absent) in the fovea. The dominant
layer of the fovea is the photoreceptor layer composed exclusively of cone cells.
These cells are also slender than they are elsewhere in the retina to accommodate
their dense packing. There is a 1:1 ratio of ganglion cells to photoreceptors in the
fovea to facilitate excellent discrimination of colours and details. Blood vessels are
also absent in the foveal region to allow light to pass unimpeded to the photorecep-
tors. The fovea is an avascular zone.

1.1.1 Blood supply to the retina

One of the main objectives of the thesis is measuring the blood oxygenation in the
retinal vessels. Therefore it is important to understand how the blood is supplied
to the retina. The blood supply of the entire eye comes from the ophthalmic artery,
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Figure 1.4: Retinal layers and blood vessels: The top layers are supplied oxygen through the
retinal vasculature while choroidal vasculture supplies oxygen to the bottom layers (image
courtesy of Novartis)

which is a branch of the internal carotid artery, as shown in Fig. 1.3. The retinal
circulation originates from the central retinal artery (CRA), which is a branch of the
ophthalmic artery [9]. The CRA travels inside the optic nerve and reaches the retina
to branch from arteries to arterioles and capillaries into deeper layers, as shown in
Fig. 1.4. The capillaries are organised mainly in two different layers, one in the NFL
and another in the inner nuclear layer. The retinal capillaries continue to venules,
which merge to form the central retinal vein (CRV) and leave the eye through the
optic nerve [10, 11].

The choroidal circulation originates from the posterior ciliary arteries. The choroidal
vessels can be divided (from outside to inside) into a layer of large arteries; a layer
of medium-sized arteries and arterioles ; an innermost layer of choriocapillaris. In
healthy eyes, the choroid does not penetrate the retina and does therefore not ob-
scure vision. Oxygen diffuses from the choriocapillaris, through the retinal pigment
epithelium to reach the photoreceptors which have high oxygen demand and high
metabolic rate. The concentration gradient drives the diffusion of oxygen from the
choriocapillaris to the photoreceptors [13].

The retinal and choroidal vasculatures are different in many ways. The retinal
vasculature is sparse as a dense network can obscure vision. On the other hand,
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RVO

Figure 1.5: Common retinal pathologies and functional changes — Retinal pathology affects
vision and reduces the quality of life. The simulated images show the effect of visual impair-
ments [20]

the choroidal vasculature is dense as there is no scope to obscure vision. The retinal
circulation penetrates the retinal tissue, and this decreases diffusion distances from
capillaries to retinal cells.

1.1.2 Common retinal pathologies

As explained in the previous section, the retina is an incredibly intricate structure,
hence is prone to many retinal pathologies due to impairment or injury to one or
some of its components. The capacity of the retinal tissue to respond to such dam-
ages depends mainly on: the specific cells and tissue involved, type, duration and
severity of the injury. The broad range of retinal conditions that may exist is too ex-
tensive to review in this brief chapter. Instead, we discuss a few important retinal
diseases.

Age related macular degeneration (AMD) is a disease that causes blindness,
and is the most common disease that causes blindness in industrialised countries
[14]. AMD is also the most common condition whose incidence increases with age-
ing. The dry form of AMD is identified by drusen and extracellular deposits which
accumulate beneath the RPE, and a loss of photoreceptors. In wet AMD, abnormal
blood vessels grow under the retina and macula due to a process called choroidal
neovascularization. These blood vessels may then leak and bleed, causing the mac-
ular region of the retina to bulge, destroying vision in the process. Vision loss due
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to AMD may be rapid and severe.
Diabetic retinopathy (DR) occurs as small aneurysms or haemorrhages in the

retinal tissue. When diabetes is uncontrolled, it damages blood vessels throughout
the body. Diabetes results in reduced maintenance of the blood sugar levels, and in
the long run, it affects the capillaries throughout the body. A particular example of
the location in the body where tiny capillaries are affected is in the retina, resulting
in DR.

Retinal vessel occlusions (RVO) is a retinal pathology which disturbs retinal
blood flow and oxygenation. Occlusions can be broadly divided into vein occlu-
sions and artery occlusions. Occlusions can be further divided into central occlu-
sions, affecting the central retinal vein or artery, and branch occlusions, affecting
branches of the central vessels. The primary symptom of retinal vascular occlu-
sion is a sudden change in vision. This could include blurry vision or a partial or
complete loss of sight.

Glaucoma is characterised by degeneration of the NFL and the optic nerve. In
cases it is accompanied by loss of vision. Glaucoma has been traditionally linked
to high intraocular pressure, although it is not necessarily associate with high pres-
sure and several glaucoma patients have normal or low intraocular pressure [15].
But elevated intraocular pressure is a risk factor for glaucoma and lowering of the
intraocular pressure is a widely accepted treatment for glaucoma. Reducing the
intraocular pressure generally slows the progression of glaucoma, even in patients
with low pressure. However, retinal blood flow does not follow changes in intraoc-
ular pressure linearly.
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Figure 1.6: Common retinal pathologies and structural changes—A: Fundus image of a nor-
mal healthy human retina showing the optic nerve head and the fovea. B: Image of an eye
with AMD. The arrow indicates drusen in the fundus [16]. C: Image of an eye with DR [17].
The arrow indicates the abnormal growth of blood vessels. D: image of an eye with RVO
with the arrow showing blocked blood vessels in the retina [18]. E: an image of an eye with
Glaucoma with the arrow showing the abnormal size of the ONH [19].
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Figure 1.7: Reflection spectrum of the human retina in perifoveal and foveal region observed
from 30 different human subjects. Data taken from Delori et al.[22].

1.2 Retinal imaging techniques

Non-invasive imaging of the retina presents some unique challenges because of its
location in the posterior eye. The retina must be illuminated and imaged at the
same time, a method which requires illumination and detection modules to share a
common optical path. The retina is a low reflective [21, 22] (Fig. 1.7) and moderately
scattering [23] surface. These attributes result in only a small fraction of the light
illuminating the retina to reach the detector. Imaging the retina requires the optics
of the eye to be used as a part of the imaging system. The optics of the cornea and
the crystalline lens introduce aberrations in an imaging system.

Historical perspective

The invention of the ophthalmoscope by Helmholtz in 1851 [24] was the first break-
through in modern imaging techniques (1.8A), especially towards the goal of imag-
ing the retina. Helmholtz’s design consisted of a partially reflecting mirror that di-
rected light from a source onto the retina. In 1886, Jackman and Webster recorded
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the first in-vivo human retinal photograph, showing the optic disc and larger blood
vessels [25]. In the century that followed, fundus photography to document oph-
thalmoscopic findings progressed and became a necessary method for the exam-
ination and assessment of retinal disease. In 1961, the first successful fluorescein
angiography was recorded in humans [26]. Fluorescein angiography has become
the main diagnostic tool for the study of retinal flow.

The invention of the scanning laser ophthalmoscope (SLO) in the early 1980s
[27–29] thrust the field of fundus imaging into a new era. Instead of capturing
the image as a whole, SLO samples the retina point by point in a raster-like fash-
ion with its laser beam. The SLO was combined with confocal optics in 1987 [30].
Despite fundus imaging and fluorescein angiography [31] being gold standards in
ophthalmic clinical care, there are limitations of these techniques. These techniques
give a macroscopic view of the retina and have a restricted ability for analysing
the three-dimensional composition of the tissue. The retina is a three-dimensional
structure, and microscopic visualisation of retinal features is possible only with
good axial and transverse resolution. With this in mind, various new retinal imag-
ing techniques have emerged to investigate the structure and function of the retina
in great detail. For example, ultrasound has been used for eye diagnosis. The op-
tical analogue, called Optical coherence tomography (OCT) was found in 1991 by
Huang et al. [32] and transformed ophthalmic imaging. OCT uses low-coherence
light with interferometry. Low coherence interferometry had been used previously
to measure axial distances in the eye [33, 34]. The retina is virtually transparent
with extremely low optical backscattering, but the great sensitivity of OCT allows
detection of such weak signals. In contrast to conventional microscopy. A brief
description of various retinal imaging modalities is given in this chapter, with in-
depth working principles described in the next chapter.

1.2.1 Fundus photography

A fundus camera is used to take a snapshot image of the retina and typically has a
wide field of view. A simple version of the fundus camera consists of an imaging
system, illumination system, and usually also a fixation target. All of these systems
must share common optics. Broadband flood illumination is used to illuminate the
retina after enlarging the pupil of the eye using mydriating eye drops. The reflected
and scattered light is captured by an area sensor such as a CCD camera. Almost
every ophthalmic clinic in the world uses a fundus camera for retinal imaging. Flu-
orescein angiography can also be achieved using fundus camera-based techniques
but with an intravenous injection of a fluorescent dye.
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A

B C

Figure 1.8: A: Early model of the Helmholtz ophthalmoscope (1851). B: John Coupers first
ophthalmoscope, with a slide-in Rekoss disc behind a tilting mirror (left), Right: second
model. C: Lindsay Johnson ophthalmoscope with two mirrors for direct and indirect oph-
thalmoscopy.

Fundus photography gives the necessary information to diagnose some retinal
disease. The cost of fundus photography continues to be significantly lower than
the newer techniques based on retinal scanning. Its main advantages are the easy
interpretation, full colour, better detection of haemorrhages etc. Disadvantages in-
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clude lack of quantitative description and hence inter-observer variability, the need
of high photographic quality, and difficult serial comparison because of limited
ability to detect subtle changes with a photograph. Another drawback of fundus
photography is the need for high light intensity for illumination of the retina, on
the order of 10-100 % of the maximum permissible levels [31], typically delivered
by a flash.

1.2.2 Scanning Laser Ophthalmoscope

A scanning laser ophthalmoscope (SLO) produces retinal images by scanning a
laser spot (line) and detecting backscattered light using a point (line) detector. High
contrast images are achieved if a confocal pinhole [30] is used as it enables suppres-
sion of the scattered light, and thereby minimising the optical cross-talk outside a
volume surrounding the focal point on the retina. SLO systems are used in clinics
throughout the world and have been modified for different clinical applications.
The diagnostic applications of SLO include detection of the structural biomarkers
of AMD, Glaucoma, RVO and DR [35, 36]. SLOs have been combined with op-
tical coherence tomography-based techniques (which are explained below) for eye
motion tracking [37–40] as well as for optimal classification of diseases [41–44]. Fur-
thermore, adaptive optics has been implemented in an SLO system with the help
of a wavefront detection sensor, and this has enabled visualisation of rod and cone
cells in the photoreceptor layer of the retina [45–47]. A detailed description of the
working of an SLO is given in chapter 2.

1.2.3 Optical Coherence Tomography

As explained in section 1.1, the complicated structure of the retina demands precise
visualization of pathology. OCT enables non-invasive, high-resolution imaging of
the retina in vivo. OCT’s axial resolution surpasses that of ultrasound or confocal
SLO and resembles that of conventional histology[48, 49]. In OCT, the axial resolu-
tion is mainly determined by the bandwidth and wavelength of the optical source
and therefore, the retina of the human eye can be imaged with at least 100 times
better axial resolution [50]. Advancements in the field of OCT have led to the de-
velopment of spectral-domain OCT [51–53]. In principle, an OCT operates as a
low coherence Michelson interferometer. Interference occurs when the optical path
difference between the sample and reference arms is within the coherence length
of the source. As the source becomes less coherent, the coherence length shrinks,
making the maximum optical path difference between reference and sample arms
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needed for the interference to occur smaller.

1.3 Thesis aim and outline

Ophthalmic imaging has been an active area of clinical investigation that has been
expanding steadily, providing scientists and doctors with valuable information.
New diagnostic and therapeutic methods have been established in this field, driven
by an overall need to advance clinical care in ophthalmology. New scanning and
imaging technologies have had a significant impact on ophthalmology. Structural
imaging techniques help in visualising the retina in great detail and helps in assess-
ing retinal health. However, the structure does not always provide information on
the tissue health, and thus techniques which can provide a quantitative, functional
aspect of living tissue is required in many cases. The work presented in this the-
sis aims to develop new devices and techniques which can perform imaging of the
retina and to apply them for non-invasive imaging of structure and function in the
in vivo human retina.

In order to extract structural and functional information from the retina using
an SLO, it is essential to understand it’s design, construction, and working. For
this purpose, chapter 2 of this thesis discusses the principle of scanning based oph-
thalmic imaging systems, gives a brief explanation of various design considerations
for constructing an SLO, and introduces the retinal oximetry and its importance in
diagnosing various retinal diseases. Laser safety considerations for intentional ex-
posure of the retina to the laser light is also described in detail. The knowledge
from this chapter forms the basis of the scientific work presented in chapters 3 to 6.

In Chapter 3, a novel digital micromirror device (DMD) based SLO is presented.
Concentric circle patterns were implemented as a scanning scheme to image the
retina and provide fixation at the same time. The DMD was used in lieu of tra-
ditional scanning mirrors and offered flexibility in terms of speed and confocality.
The concentric circles improved the fixation and reduced motion artefacts com-
pared to previously implemented parallel line scanning design. An annulus was
used to reduce the corneal reflections from the retina and thereby to increase the sig-
nal to noise ratio. in vivo imaging was demonstrated by performing non-mydriatic
imaging on two subjects at a speed of 7 frames per second with a maximum 20◦ (di-
ameter) field of view. The images were shot noise limited and clearly show various
anatomical features of the retina with high contrast. The images were comparable
to images from a commercial SLOs but at a fraction of the cost.

Chapter 4 describes a detailed analysis of the error propagation of measure-
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ment noise in retinal oximetry, to identify optimal wavelengths which will yield the
lowest uncertainty in saturation estimation for a given measurement noise level.
The effect of haemoglobin packing in discrete blood vessels (pigment packing) is
also introduced in this chapter. Pigment packing may result in a non-negligible
bias in saturation estimation if unaccounted for under specific geometrical condi-
tions, such as sub-diffuse sampling of smaller blood vessels located deeper within
the retina. To validate the analysis, an SLO was developed to produce high con-
trast images. Confocal reflectance measurements were then conducted on a tissue-
mimicking scattering phantom with optical properties similar to retinal tissue, in-
cluding narrow channels filled with absorbing dyes to mimic blood vessels. By
imaging at three optimal wavelengths, the ’saturation’ of the dye combination was
calculated.

In Chapter 5, construction of an SLO based on a double-clad fibre coupler and a
supercontinuum source is described in detail. Implementation of a balanced detec-
tion scheme to suppress the relative intensity noise of the supercontinuum source is
also described with experiments validating the improvements in the signal to noise
ratio with the use of balanced detection. The optimum wavelengths for accurate
in vivo oximetry estimation using two wavelengths are established with an in silico
analysis. The SLO produced dual-wavelength, high-quality images at 10 frames /
second with a 20◦ imaging field of view. The blood oxygen saturation in retinal
blood vessels was mapped from the images.

The eye provides a unique location in the human body with visual access to
blood vessels. The blood vessels in the eye are regarded as highly superficial and
thus is a desirable access point for Hb concentration estimation due to the lack of
thick overlying tissues present elsewhere in the body. In Chapter 6, a non-invasive
spectrophotometric method to image the retina simultaneously at two isosbestic
wavelength to extract the haemoglobin concentration values from the two images
is described.

Finally, in Chapter 7, the discussion on the results obtained from the scientific
work in chapters 3-6 is presented with an outlook for future research. The conclud-
ing remarks of the thesis are also given in this chapter. This chapter marks the end
of the scientific content of the thesis.
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Overview

Modern retinal imaging systems produce dynamic, high-resolution images at low
irradiation at a high frame rate. Continuous acquisition of high-contrast images of
the retina and other structures in the ocular fundus is possible. An excellent exam-
ple of a system which benefits from this versatility is a Scanning Laser Ophthalmo-
scope (SLO). The SLO is a tool that has expanded the therapeutic and diagnostic
abilities of retinal imaging not only through qualitative imaging but also through
added techniques such as perimetry and angiography. The SLO is comparable in its
scope of application and utility to Optical Coherence Tomography (OCT), and both
these imaging techniques complement each other perfectly. In this chapter, we out-
line the principles of scanning-based retinal imaging by using a digital micromirror
device (DMD) or a pair of scanning mirrors to produce high contrast images of the
human retina. As an important application of retinal imaging, measuring oxygen
saturation from the retina is introduced in this chapter in detail as well.

2.1 Retinal imaging by scanning

The first effort to introduce an ophthalmic imaging technique which would not
suffer from the limitations of fundus photography was the SLO [1–6]. In the SLO, a
narrow beam of 2-4 mm diameter is focused by the cornea and lens to a single point
of ∼10 µm in the retina. An image is produced by scanning the beam over the retina
usually in a raster pattern and detecting the reflected light from each scan point, to
produce a digital image. Beam deflection is typically achieved by a combination
of two galvanometer scanners, one slow scanner and one fast scanner, to provide
scanning in both horizontal and vertical directions. A basic design of an SLO is
given in Fig. 2.1.

Widefield imaging systems such as the fundus camera (see section 1.2.1) suffer
from corneal back reflections. To avoid these strong reflections, typical fundus cam-
era employs annular illumination where the annulus is imaged on to the pupil. The
reflected light from the retina is collected only through a small central spot of the
pupil. In contrast, the SLO illuminates a narrow beam through a central portion
of the pupil and the reflected light is collected over the entire pupil. This results
in increased light collection efficiency, and with a confocal arrangement consist-
ing of illumination and detection pinholes to reject out-of-focus light, the confocal
SLO (cSLO) rejects corneal reflections and further increases resolution and contrast
through confocality. A pair of scanners are used to construct a two-dimensional
scan [7]. The generalised design is described in Fig. 2.1. A Common optical path-
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way (relay telescope) for illuminating and collecting reflected light from the retina
is split into separate paths near the source and the detector. The relay telescope can
be made of either lens or curved, and the beam diameter and the focal length of
these focusing elements (A and B in Fig. 2.1) determine the magnification and the
size of the beam on the pupil plane. For a magnification (M), the size of the beam
in the pupil plane is given by M×ω0, where ω0 is the size of the collimated beam
from the source. The diffraction-limited spot size (dspot) on the retina considering
an aberration-free eye lens of focal length feye is then,

dspot =
2 · λill · feye
π · (M × ω0)

(2.1)

where λill is the illumination wavelength. The combined optical power of both
the cornea and the crystalline lens focuses the light onto the retina. The power of
this simplified eye model is 60 D and has a corresponding focal length feye of 16.7
mm in air. The critical design parameters of the SLO design are the Field-of-view
(FOV) and frame rate (frames/s).

In retinal imaging, the diameter of the pupil, dpupil is usually the limiting aper-
ture limiting the amount of light entering the eye. Under normal conditions, dpupil

remains at around 2-3 mm and reaches 6-7 mm with dark adaptation or with the
application of pupil dilating eye drops such as tropicamide. The number of frames
per second or the imaging frame rate is given by the ratio of the fast scanning fre-
quency to the number of lines per each recorded frame. i.e.,

frames/s =
2× resonantfrequency

lines/frame
(2.2)

One disadvantage of using a resonant scanning mirror in the SLO is that it in-
troduces distortion into the recorded image due to the non-constant scan velocity
of the scanning mirrors. With a resonant mirror, the position of the laser changes
with a sinusoidal motion of the mirrors. As a result, the image obtained is stretched
progressively towards the edges. The image should be corrected for this sinusoidal
distortion, as illustrated in Fig. 2.2.

2.1.1 Line scanning

Line scanning SLO (LSLO) [3, 6] uses an anamorphic optical element such as a
cylindrical lens to create a line illumination on the retina in one dimension. Only
one scanning mirror is needed to scan the beam in the other dimension. A slit
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Figure 2.2: Image correction for resonant scanners — (a): Half-height, double-width images
collected by a fixed frequency pixel clock. The mirrored-image is collected by the forward
and reverse scan of the resonant mirror. (b): The relationship between the mirror angle θs
and the mirror velocity during the forward and the reverse scan (c): the correction factor is
determined by the ratio of the actual mirror motion and the predicted linear motion. The
pixels are then reassigned as shown in the corrected image.
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aperture instead is placed of the circular aperture in the conjugate plane; a line
detector is used in place of a point detector. With the LSLO, the scattered light is
rejected in only one dimension, and thus there is reduced confocality compared to
the confocal SLO. However, the imaging speed of the LSLO is significantly higher
compared to the confocal SLO. The improvement in the imaging speed scales with
the square root of the same FOV since the scanning is only in one dimension for
the LSLO. Further, for line projection onto the retina, the maximum permissible
exposure is higher compared to conventional SLO. For a detailed description of the
principle and construction of an LSLO, the readers are pointed towards Hammer et
al. [3].

2.1.2 Digital micromirror devices

To reduce the cost and complexity of an SLO, Digital micromirror devices (DMDs)
are used as an alternative to galvo scanners. DMDs are based on microscopically
small mirrors that are controlled by applying a voltage or current between the two
electrodes around the mirror arrays. The DMD is both a micro-electronic mechan-
ical system (MEMS) and a spatial light modulator (SLM). It is a MEMS because it
consists of hundreds of thousands of moving micromirrors that are controlled by
underlying CMOS electronics, as shown in Fig. 2.3. The spatial light modulator
technology pioneered by Texas instruments evolved into the invention of the DMD
by Dr Larry Hornbeck in 1986 [8]. The number of mirrors corresponds to the reso-
lution of the projected image. These mirrors can be repositioned rapidly to reflect
light either into the desired direction or onto a light dump. To produce greyscales,
the mirror is toggled on and off very quickly, and the ratio of on-time to off-time
determines the shade produced (binary pulse-width modulation). Liquid crystal
devices (LCDs) are also widely-used as SLMs in either transmission or reflection
but do not have the speed, precision, or broadband capability that makes the DMD
so attractive for many applications.

DMDs have been used for retinal imaging by projecting a series of scan patterns
[5, 6, 9, 10] without using conventional scanning mirrors. The DMD provides tem-
poral and spatial flexibility for illumination, which can have several advantages,
such as optimising the system for speed and confocality.
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to illumination
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Figure 2.3: (a): DMD construction — a pair of micromirrors are zoomed in from a DMD chip
showing the ‘ON’ and ‘OFF’ state of the DMD with the corresponding directions of flipping.
Each micromirror is attached to a yoke and is connected to the CMOS substrate (image cour-
tesy of [11]). (b): one of the earliest prototypes of the DMD chip. The descendants of this
chips can be found in many applications today (image courtesy of ti.com). (c): Simplified
working of the DMD showing the light from the ‘ON’ mirrors are directed towards an axis
which can be used for projection or illumination while the light from the ‘OFF’ mirrors are
deflected away.
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2.2 Retinal imaging — optical considerations, laser safety

and wavelength ranges

2.2.1 Optical considerations

Aberrations in the eye

The human eye is a simple optical device with only two elements: the cornea and
the crystalline lens. However, there is no good model of the optics of an individ-
ual eye due to large interpersonal variations and changes in the optical quality and
characteristics with age. The optical quality of the focusing structures in the eye
affects the imaging quality. The optical aberrations in the eye affect the resolution
[13], and any optical opacity in the crystalline lens or the cornea for the imaging
wavelength is detrimental to the imaging quality. The defocus error in most SLOs,
including the SLOs in this thesis were corrected by translating the ophthalmic lens
(last lens before the cornea) to achieve sharp images. For multispectral imaging of
the retina (as described in Chapter 5 and 6) the significant chromatic dispersion of
the optics of the eye [14] had to be considered for the design of the optics. This
chromatic dispersion leads to longitudinal chromatic aberration (LCA) and trans-
verse chromatic aberration (TCA). The magnitude of LCA is about 2.5 D for visible
wavelengths between 400 and 700 nm [15] while between 700 and 900 nm, the value
of LCA was ∼ 0.4 D [16]. LCA also shows less interpersonal variation and is con-
sidered to be independent of age [17, 18]. TCA can be corrected (partially) by post-
processing techniques by warping the images of different colours to match. Powell
[19] suggested the idea of correcting LCA with a lens having opposite dispersion
of the eye. Zawadzki et al. [20] used such an achromatising lens or dispersion
compensating lens (DCL) for Ultrahigh-resolution OCT. Various other groups have
used these lenses for OCT and SLO applications [21–23]. In our multi-colour SLO,
sharp images at multiple wavelengths were required; therefore, we implemented
LCA correction. The simulation of such a DCL in the common path of the SLO is
shown in Fig. 2.4.

Optical properties of the retina

The fundamental optical properties of biological tissues such as the retina can be
used for the diagnosis of various diseases. A clear understanding of optical proper-
ties is thus critical for understanding the quantitative changes in the retina. The op-
tical properties influence the propagation of light in the retinal tissues and vascula-
ture. Thanks to the transparency of the anterior ocular media, ophthalmologists can
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have a direct look into the posterior non-transparent part of the eye. Optical analy-
sis of the emitted light from the fundus has been used to investigate the metabolism
and pathology of the retina [25]. Inhomogeneities in the retina arising from the
cell components cause scattering [26], while pigments such as haemoglobin and
melanin cause absorption. The corresponding wavelength-dependent optical pa-
rameters are the scattering coefficient of µs [mm−1]. the scattering anisotropy g [-],
and absorption coefficient µa [mm−1].

Melanin, a dark-brown pigment present in the RPE of the retina, is the primary
component for light scattering and absorption in the fundus. Blood is confined
to the retinal vasculature and scatters light. However, the most prominent optical
characteristic of blood is the absorption as can be readily seen in Fig. 2.5.

Haemoglobin light absorbance

The light is absorbed and scattered in blood by the discoid-shaped erythrocytes.
This optical behaviour is a result of the highly concentrated haemoglobin (Hb) con-
tent of the cell. Haemoglobin (Hb) is the most vital component in human blood and
is responsible for transporting oxygen. Haemoglobin is composed of four heme
groups. Each of these four heme groups contains one Fe2+ ion, which can bind
one oxygen molecule. Haemoglobin shows distinct absorption peaks in the vis-
ible range based on the oxygenation of the Haemoglobin molecule, as shown in
Fig. 2.5(b). There are many types of Hb, but Hb-A is the most abundant in healthy
adult humans [27]. During inhalation of normal atmospheric air, around 9 mmol/L
of oxygen is bound to haemoglobin [28]. Oxygen saturation (S) is defined as the
proportion (or more often, percentage) of Hb that is bound to oxygen.

S =
[HbO2]

[Hb] + [HbO2]
(2.3)

where [HbO2] and [Hb] are the concentration of the oxy- and deoxy-Hb, respec-
tively. Oxy- and deoxy- Hb has different colours and thus, different absorption, as
shown in Fig. 2.5(a). This difference in absorption spectrum can be used to deter-
mine the oxygenation of blood by spectroscopy, an aim of this thesis. However,
at certain wavelengths, the absorption is the same, and these points are called as
’isosbestic’ wavelengths (Fig. 2.5(b)).

2.2.2 Laser Safety considerations in retinal imaging

Intentional exposure of light radiation on the eye for retinal imaging is a major
safety concern and strict safety standards are in place to ensure safety during imag-
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ing. Damage to retina due to light exposure is caused by two mechanisms namely
thermal damage and photochemical damage [31]. Thermal damage occurs due to
temperature increase caused by melanin absorption in the RPE causing denatura-
tion of proteins [32, 33]. The photochemical damage occurs in the wavelengths be-
tween 400 and 600 nm for duration longer than a second due to photo-oxidation in
the photoreceptors and lipofuscin pigments [34, 35].The biological effects of laser
radiation on the eye is given in Table 2.1.

Table 2.1: Biological effects of laser radiation on the eye [31]

UV-A (315-400 nm) Photo-chemical damage, Cataract
Visible (400-780 nm) Photo-chemical and thermal retinal injury,

Colour and night vision degradation
Infrared A (780-1400 nm) Retinal burns, Cataract
Infrared B (1400-3000 nm) Corneal burn, aqueous flare,

IR Cataract

Calculations for the maximum permissible exposure (MPE) on the retina were
performed using the latest laser safety standard IEC 60825-1 published in 2014 [36].
The most conservative estimate of the maximum permissible exposure (MPE) can
be obtained by assuming a collimated, static beam entering the eye. A limiting
aperture (LA) to determine MPE for the eye was taken to be 7 mm (diameter). A 7
mm LA equals an area of 3.85 × 105 m2 [m2]. The accessible emission limit (AEL)
was then calculated as,

AEL = MPE × LA (2.4)

From the IEC standard, the AEL expressed as irradiance or radiant exposure for
a wavelength range from 450 nm to 1150 nm for a collimated beam (the correction
factors for AEL calculation : C6 = 1, C7 = 1) with exposure time of 10 seconds or
longer is given by,

AEL =


100.02·(λ−450)[Wm−2]× 3.85× 10−5[m2] 450 ≤ λ≤ 500

10[Wm−2]× 3.85× 10−5[m2] 500 ≤ λ≤ 700

10 · 100.002·(λ−700)[Wm−2]× 3.85× 10−5[m2] 700 ≤ λ≤ 1150

The calculated AEL based on the standard is shown in Fig. 2.6. In chapter 3, we
used concentric circle illumination on the retina, which extends to the whole field
of view. The most conservative estimate of the AEL can be obtained by assuming
a collimated static beam entering the eye. For the limiting aperture, a pupil size
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Figure 2.6: The accessible emission limit for different wavelengths for 8 hrs 20 min (30000
seconds) continuous, single point exposure— based on IEC 60825-1.

of 7 mm was used. Thus, based on Fig. 2.6, a limiting AEL of 630 µW was used.
However, concentric circles are projected within the whole FOV, and the power is
distributed amongst all of the circles. If the illumination of the retina is assumed to
be what the standard calls extended view, the MPE limit will be more than an order
of magnitude higher.

In chapters 4-6, scanners were used to scan multiple wavelengths in the whole
FOV. In this case, the following criterion was used to ensure safety:

P (λ1)

AEL(λ1)
+

P (λ2)

AEL(λ2)
+

P (λ3)

AEL(λ3)
+ ... ≤ 1 (2.5)

Where the P(λ) is the applied power per wavelength divided by the correspond-
ing AEL(λ) value, based on the AEL and the detector sensitivity, the ratio of P(λ)
and AEL(λ) was chosen suitably for optimum image quality.

Significant increase in AEL can be obtained by considering a line or area illumi-
nation in the retina instead of a spot illumination. In chapter 3, we describe a DMD
based ophthalmoscope to scan multiple concentric circles on the retina. In chapters
5 and 6, we use an SLO with a resonant scanner and a galvo scanner, where the
fast scan can be considered as a line projection on to the retina. Figure 2.7 shows
the AEL for line projection in the retina, where it can be observed that the AEL is
significantly higher compared to Fig. 2.6. However, in the in vivo experiments in



2222
36 Chapter 2. Principles of retinal imaging and retinal oximetry

Figure 2.7: The accessible emission limit for a line projection at different wavelengths based
on IEC 60825-1. The following parameters were used to arrive at this graph : αmin = 1.5
mrad, αmax = 100 mrad (see IEC 60825-1). The dotted red line corresponds to single point
exposure for 8 hrs 20 mins (Fig. 2.6).

chapters 5 and 6, conservative AEL based on Fig. 2.6 was used.

2.2.3 Light sources and signal to noise estimation

Ophthalmic imaging, like any tissue imaging, requires a suitable wavelength of
light based on the tissues which light has to traverse. Different types of tissues affect
image quality and information as they absorb and scatter differently. In retinal
imaging, light has to travel through a 25 mm column of vitreous humour before
reaching the retina. The vitreous is 99% water, and hence highly absorbs ultra-violet
(UV) and infra-red (IR) light. As a result, wavelengths roughly shorter than 400 nm
and longer than 1100 nm are not usually chosen for retinal imaging. There are other
essential factors to consider the wavelength choice based on the application (which
is described in Chapter 4), and safety, as explained in section 2.2.2.

A simplified model of how a pixel grey value is created is shown in the Figure
2.8. The number of photons (mean = µp, variance = σ2

p) hitting the sensor during
the exposure time texp are converted to electrons (mean = µe, variance = σ2

e ) with
a wavelength dependent quantum efficiency η(λ). The number of electrons fluctu-
ates statistically with a Poissonian distribution whose mean and standard deviation
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are the same. Thus,
µe = σ2

e (2.6)

The noise arising due to particle nature of electrons and photons is called shot noise

Kη

quantum
efficiency

system
gain

number of
photons

number of
electrons

digital
grey value

dark noise quantization noise

qσ

photon
noise

2µy σy,

µd σd, 2

µp σp, µe σe,

input outputsensor/camera

2

2 2

Figure 2.8: Noise model of a detector sensor or camera adapted from EMVA standard [37]
showing how a grey value is generated. The mean values are represented as µ(·), and the
variance as σ2

(·) respectively. K is the system gain and η is the quantum efficiency. The
intrinsic detector parameters are in red.

and the performance of all imaging systems is limited by shot noise. All noise
sources related to the detector read-out and amplifier can be described by a signal
independent, normal distributed noise source called thermal noise with variance σ2

d.
The mean electrons are digitised to a grey value (mean = µy , variance = σ2

y) with
a overall gain of K and this process suffers from quantization noise (variance = σ2

q ).
The noise adds up in an linear fashion and we can write

σ2
y = K2 · (σ2

d + σ2
e) + σ2

q (2.7)

This equation is central to a noise-figure estimation of any imaging system. The
signal to noise ratio (SNR) can then be defined in terms of grey values as

SNR =
µy − µdark

σy
(2.8)

or in terms of number of photons as

SNR(µp) =
η · µp√

σ2
d + σ2

q/K + η(λ) · µp

(2.9)
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This means that the SNR increases linearly at low irradiation when dark and
quantisation noise dominate shot noise to a slower square root increase at high
irradiation when shot noise dominates dark noise and quantisation noise. In this
thesis, there are two types of light sources used for retinal imaging namely a LED
at 810 nm (Chapter 3) and a supercontinuum light source for visible wavelengths
(Chapter 4-6).

2.3 Retinal Oximetry

As was mentioned in Chapter 1, one of the main focuses of this thesis is measur-
ing blood components such as oxygenation in retinal blood vessels. Blood flow
within the retinal vasculature supplies oxygen and nutrients to the retinal layers
and helps to dispose of waste products [38]. Maintenance of normal retinal func-
tion depends on a continuous supply of oxygen and on the capability to detect and
respond rapidly to local oxygen deficiency or hypoxia. Retinal hypoxia can cause
retinal dysfunction and degeneration that lead directly to vision loss. In this sec-
tion, the role of retinal oximetry in retinal pathologies and the overall technological
progress in measuring retinal oximetry is presented.

2.3.1 Retinal diseases and oxygenation

Most major retinal pathologies mentioned in section 1.1.2 cause alteration in the
retinal oxygenation. For example, both retinal vessel occlusions (RVO) and diabetic
retinopathy (DR) cause hypoxia [39]. Several changes are induced in the retina
during hypoxia, most prominent being the vascular endothelial growth factor or
VEGF. There are reports about the increase in VEGF in DR by various investigators
[40, 41]. Another change which happens as a result of hypoxia in the retina is over-
expression of Hypoxia ineducable factor 1 or HIF1 [42, 43].

Retinal vessel occlusions result in a decrease in blood flow in the retina and
thus affects oxygenation staring from capillary level [44] and can be seen with a
fundus camera when the occlusion reaches artery or vein level. However, it is dif-
ficult to reliably and accurately measure oxygen saturation in small vessels with
a fundus camera. SLOs are expected to perform better for diagnosis and follow-
ups on vessel occlusions in small capillaries due to increased resolution. Retinal
oxygen saturation is considered as an independent risk factor for the severity of
diabetic retinopathy [45]. DR causes damage to the retinal capillaries and micro-
aneurysms, causing reduced blood flow and hypoxia. The major result of hypoxia
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in the retina is neovascularisation. The retina tries to grow new vessels in response
to hypoxia. The new vessels pose a risk of haemorrhage due to their fragility.

Glaucoma is another disease where oxygen metabolism is affected. Glaucoma
causes an increase in intraocular pressure (IOP), which in turn affects the blood
flow [46]. Vandewalle et al. [47] reported that the arterio-venule (A-V) difference in
oxygen saturation decreased as the rim area and the nerve fiber layer decreased in
glaucomatous patients. Since Glaucoma treatment alters the blood flow and IOP,
oximetry measurements before and after glaucoma treatment may help to under-
stand the role of blood flow and oxygen saturation in glaucoma [48]. For example, it
is very valuable to investigate whether a glaucoma patient receives enough blood
flow and oxygenation after treatment. Age-related macular degeneration (AMD)
is the leading cause of irreversible blindness throughout the world. Ageing and
age-associated degenerative diseases, such as AMD, are intimately associated with
decreased levels of tissue oxygenation and hypoxia that may induce accumulation
of detrimental RPE-associated deposits, inflammation and neovascularisation pro-
cesses in the retina.

2.3.2 Evolution of retinal oximetry

There has been a need for better instruments for oxygen measurements in the retina
over the past few decades.The earliest attempts at in vivo retinal oximetry started
in the 1960’s based on work by Hickam et al. [49, 50]. Significant developments
in the field came when François Delori developed a 3 wavelength retinal oximetry
method that could operate continuously [51]. Delori determined oxygen saturation
by scanning a focused point of light across the vessel, allowing both the vessel
diameter and the optical density of the blood to be calculated from the profile of the
reflected light. Vessel tracking was used to minimise the effects of eye movements
during scanning.

Smith et al. [52] developed a prototype eye oximeter (Fig. ??(a)) to study the
effect of blood loss on retinal venous oxygen saturation, with a goal to apply their
technique to monitoring trauma patients [52]. Two diode lasers emitting at 670 nm
and 803 nm were initially used in the eye oximeter (EOX) to produce a line scan
of a retinal vessel. A photodiode was used to measure the reflected light from the
retina and blood vessel. An imaging ophthalmic-spectrometer was developed by
Schweitzer et al. to analyse the spectral reflection of pigments such as melanin, and
xanthophyll in the fundus. The reflectance spectrum in the range from 450 nm to
700 nm with a spectral resolution of 2 nm was acquired from a small area using
a spectrograph. The measurement of the oxygen saturation in retinal vessels in-
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volved extensive analysis of the properties of fundus reflectance and the multiple
light pathways in the retina [53]. The mean oxygen saturation was found to be
92.2±4.1 % for arterial blood and 57.9±9.9 % for venous blood. Beach et al. [54]
attempted two-wavelength oximetry using an isosbestic wavelength and oxygen-
sensitive wavelength in a fundus camera. They also attempted to calibrate the oxy-
gen saturation values based on vessel diameters and pigmentation in the fundus.

In the past decade two commercially available retinal oximetry systems— the
Oxymap retinal oximeter (Oxymap ehf, Iceland) [55] and the Imedos retinal oxime-
ter (Imedos Systems UG, Germany) [56] (Fig. 2.9) have been used for various clini-
cal studies to measure oxygenation under different retinal pathologies.

A critical factor for clinically relevant retinal oximetry is to be able to determine
blood oxygen saturation in small retinal vessels — capillaries, venules and arteri-
oles. It is in these microvessels that the oxygen saturation is expected to decrease
in response to increased metabolic demand or decreased oxygen delivery capacity.
The larger retinal vessels (>100 µm) are expected to be less sensitive to changes in
tissue metabolic demand or microvascular dysfunction and are therefore not ideal
as early hypoxia markers.

Spectral Domain optical coherence tomography (SD-OCT) based on visible wave-
lengths [22, 23, 59] has been used to measure oxygenation in retinal blood vessels.
Recent intense and broadband supercontinuum light sources have made it possible
to perform OCT in the visible wavelength regime. Visible light OCT enables oxy-
gen saturation mapping and has a higher axial resolution for a given wavelength
bandwidth compared to 800 nm or 1000 nm OCT. Higher absorption and scattering
of the retina at visible wavelengths limit penetration depths. Further, Supercon-
tinuum light source used in visible OCT systems introduces significant amounts of
relative intensity noise.

Various groups have also undertaken hyperspectral imaging [60–63] approaches
towards in vivo retinal oximetry. However, acquiring images with sufficient SNR
from multiple wavelengths at high spatial resolution remains a challenge in hyper-
spectral imaging.

2.3.3 Comparison of oximetry techniques

SLO based oximetry systems have advantages over other techniques based on fun-
dus camera based multispectral or hyperspectral imaging. As mentioned in section
2.2, SLOs are capable of producing high contrast, confocal images due to scanning
and use of a confocal pinhole. SLOs also typically use lasers to create monochro-
matic images at multiple wavelengths, and minimise unnecessary exposure of light
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k

I(k)

(a)

(b)

(c)
Oxygenation in

retina

Flow in retina Flow in choroid

VIS -

spectroscopy

VIS - OCT

NIR - OCT

532 633

Figure 2.10: (a): Illustration of visible light OCT retinal oximetry showing a OCT b-scan.
A Fourier transform is used to convert the intensity in the bottom of the blood vessel into
spectral information, which is then fit per wave number (k) to extract the oxygen saturation
measurement— illustration was adapted from Yi et al.[59]. (b):Retinal oxygen saturation
measurement by Optomap 200Tx using 532 nm and 633 nm wavelengths. The images are
then analysed using oximetry algorithm to extract oxygen saturation values (images from
Kristjansdottir et al. [64]). (c) Table showing the potential of spectroscopic and OCT based
techniques for retinal oxygenation and flow measurements; green and red circles represent
technological possibility and impossibility respectively.
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to the fundus, unlike the fundus camera-based oximeters were broadband light is
typically used and spectral filtering is performed in the detection. With suitable op-
tics, wide-field scanning of almost the entire fundus is possible with an SLO (Fig.
2.10(b)), whereas conventional fundus cameras are limited to relatively narrow im-
ages of the posterior pole [64]. A major drawback of SLO based oximetry is the lack
of available lasers at optimum wavelengths which have been addressed in chapter
5 of this thesis.

Visible light OCT offers the prospect of functional retinal imaging, as most reti-
nal chromophores possess distinct absorption signatures at visible wavelengths.
An illustration of visible light OCT retinal oximetry is shown in Fig. 2.10(a). Quan-
tifying oxygen saturation using visible OCT is considered more advantageous than
using Near infrared (NIR) OCT due to the high absorption of blood in the visible
range compared to 800 nm or 1050 nm. Visible OCT can measure the flow in the
retina [22], but the penetration of visible light into the retina is limited, and visible
OCT is incapable of measuring choroidal flow.

Further, OCT being a coherent detection scheme suffers from speckles, and a
significant amount of averaging has to be performed to reduce the speckle contrast.
The spectral bands (Fig. 2.10) extracted from the OCT signal of the blood vessels
should be wide enough to ensure good signal-to-noise ratio of individual spectral
bands to get a good fit of the absorption spectrum. However, the absorption of
Hb in the visible range is a fast-changing function of wavelength (Fig. 2.5(b)), and
smaller bands are thus required to get an accurate fit. All current OCT systems
are based on supercontinuum sources which suffer from excess noise or RIN noise
[22]. These factors make SLOs attractive for retinal oximetry. Another significant
advantage is that SLOs with two or more wavelengths can be easily integrated with
the NIR OCT modules operating at 1050 nm to get the overall oxygen metabolism
of the retina and the blood flow in the choroid. Substantially higher amounts of
light can be used for OCT imaging at longer wavelengths (as explained in section
2.2.2) compared to visible wavelengths, which make the combination of visible SLO
and NIR OCT more viable.
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Abstract

Retinal imaging is demonstrated using a novel scanning light ophthalmoscope based
on a digital micromirror device with 810 nm illumination. Concentric circles were
used as scan patterns, which facilitated fixation by a human subject for imaging.
An annular illumination was implemented in the system to reduce the background
caused by corneal reflections and thereby to enhance the signal-to-noise ratio. A
1.9-fold increase in the signal-to-noise ratio was found by using an annular illumi-
nation aperture compared to a circular illumination aperture, resulting in a 5-fold
increase in imaging speed and a better signal-to-noise ratio compared to our pre-
vious system. We tested the imaging performance of our system by performing
non-mydriatic imaging on two subjects at a speed of 7 Hz with a maximum 20◦ (di-
ameter) field of view. The images were shot noise limited and clearly show various
anatomical features of the retina with high contrast.

3.1 Introduction

Retinal imaging is an indispensable tool for diagnosing pathologies associated with
the retina. Most retinal pathologies exhibit structural and functional changes in
the ocular fundus [1]. Novel methods of observing and monitoring these changes
have attracted much attention. The ocular fundus is located in the posterior part
of the eye is minimally reflective and moderately scattering [2–4] making imaging
challenging.

Traditional fundus photography uses so-called flood illumination where a ho-
mogeneous broadband light illuminates the whole field-of-view (FOV) [5]. In this
type of imaging, both the in-focus and out-of-focus light reflected from the retina is
collected by the camera, where the latter reduces the image contrast. To reject the
out-of-focus light, pinholes can be implemented to make the system confocal. The
confocal arrangement requires scanning using a spot or a line and produces higher
contrast images by rejecting out-of-focus light [6–10].

Scanning laser/light ophthalmoscopy (SLO) is used widely in clinical settings
for investigation and monitoring of the retina. In a conventional confocal SLO [10–
12], a single spot is used to scan the retina continuously over two dimensions using
scanning mirrors. Significant improvement in speed can be achieved by eliminating
one scan dimension and using a line illumination in ophthalmoscopes[13–16] at the
cost of a reduced confocality.

Spatial light modulators such as a digital micromirror device (DMD) have been
used for retinal imaging by projecting a series of scan patterns [17–19] without us-
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ing conventional scanning mirrors. The DMD provides temporal and spatial flex-
ibility for illumination which can have several advantages such as optimising the
system for speed and confocality. To date, retinal imaging systems based on DMDs
either employ a single-line scanning method combined with a camera operating
in rolling shutter mode [19] or use a large number of parallel lines with a global
shutter camera as reported in our prior work [17]. Muller et al. reported acquiring
confocal images with a 38◦ FOV at 14.3 Hz and the registering and averaging 50
frames into a single high-quality image. Our first-generation parallel line scanning
ophthalmoscope (PLSO) produced high-quality images with a 10◦ × 10◦ FOV at
an imaging speed of 1.4 Hz although without averaging. At these speeds, image
quality can suffer from motion artefacts, and a larger FOV is desirable.

In this paper, we present a parallel and circle SLO which uses a DMD to pro-
duce concentric circle illumination to fixate the eye and reduce eye motion during
imaging. The signal-to-noise ratio (SNR) is improved by eliminating back reflec-
tions from the cornea. Corneal back reflections typically have higher intensities
compared to the intensity reflected from the retina and reduce the image quality by
forming a de-focussed background in the image. An annulus is placed conjugate to
the pupil plane to create an annular illumination, and the reflected light from the
retina is collected through the un-illuminated portion in the centre [20]. A circular
aperture in the detection arm blocked most of the corneal reflections but passed the
signal from the retina to the camera. The resulting improvement in SNR enabled
faster imaging speeds without reducing the image quality.

A model eye was developed to study the SNR improvement obtained with the
annulus and a circular aperture with the same outer diameter. Imaging two healthy
volunteers demonstrated the capability of the system for in vivo retinal imaging.

3.2 Methods

The study obeyed the principles of the Declaration of Helsinki and was approved
by the Institutional Review Board for human use at the VU University medical
centre, Amsterdam. A written, informed consent was obtained from each subject.
The optical power used for measuring human subjects was in agreement with the
maximum permissible exposure limit prescribed by the latest IEC standard 60825-1
[21].
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3.2.1 Optical system

The optical layout of the system is shown in Fig. 5.3A. A light-emitting diode (LED)
with a bandwidth of 30 nm and a centre wavelength of 810 nm (SFH 4780S, OSRAM
GmbH, Munich, Germany) was used for illumination. The half-angle divergence
of the LED was ±10◦ with a maximum radiant intensity of 2900 mW/sr. The use
of a LED with low spectral coherence reduced the speckle noise in the final reti-
nal images. The light from the LED was homogenised using a tapered light pipe
homogenising rod (Edmund Optics Inc., Barrington, USA) with a square entrance
aperture (4 mm × 4 mm). The lenses L1 (f = 40 mm) and L2 (f = 50 mm) relayed
the exit aperture (8 mm × 8 mm) of the light pipe onto the DMD.

The SLO used a DMD with a 0.7-inch diagonal micromirror array containing
1024 × 768 micromirror elements with a pitch of 13.6 ţm. The Vialux™ DLP©V-
module V4100 board (Vialux GmbH, Chemnitz, Germany) provided control logic
and power for the DMD. Each micromirror can be individually programmed to be
in an ‘ON’ or ‘OFF’ state. A total internal reflection (TIR) prism [22] was used to
guide the reflected light from the micromirrors in a perpendicular direction. The
4f system consisting of the lens pairs L3 (f = 37.5 mm), L4 (f = 42.9 mm), the oph-
thalmic lens L5 (f = 30 mm) and the eye (f = 60 D or 16.7 mm for a typical eye)
relayed the light reflected from the DMD ‘ON’ mirrors onto conjugate positions on
the retina. The DMD was magnified by a factor of 0.64 and illuminated the retina
with a FOV of 30◦ × 21◦. The scattered and reflected light from the retina was im-
aged on the CMOS camera (ace2040-180kmNIR, Basler, Germany) using lens L6 (f
= 40 mm) and the camera objective lens L7 (f = 16 mm). The retinal image was
magnified by a factor of 0.72 on the camera, forming an image of approximately
1150 × 850 pixels. However, due to the aberrations and field curvature induced by
the optics, the maximum area where the retina was in sharp focus corresponded to
a FOV of 20◦ diameter. Overall, the DMD was magnified by a factor of 0.45 onto the
camera plane. Individually, each DMD mirror element was mapped to 1.1 pixels in
the camera.

To minimise the stray reflections from the optical elements in the system, we
used polarizers P1 and P2 in cross-polarized states in combination with the polariz-
ing beam splitter (PBS) and the quarter-wave plate (QWP). The light from the DMD
was linearly polarised to the transmission state of the PBS after passing through P1
and was then circularly polarised after passing through the QWP. The reflection
from the retina (and the cornea) again passed through the QWP in the return path,
which converted the reflected light to a linear polarisation state aligned with the
reflection state of the PBS and passed through P2. In this configuration, the stray
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reflections by components in the system between the two cross polarisers were re-
jected.

The camera sensor contained 2048 × 2048 pixels on a 5.5 µm pitch and oper-
ated in a global shutter mode. The maximum frame rate at full resolution was 180
frames/second (with 8-bit encoding). The full well charge of each pixel was 11800
electrons (e). A frame grabber (NI PCIe-1473R, National Instruments Inc., USA)
was used to acquire and save images. The DMD control board sent the trigger sig-
nals to the camera to capture a frame for each pattern. There was a live preview
of the image acquired by the camera to make sure that the retina is in focus in the
camera.

3.2.2 Annular illumination on the pupil plane and retinal resolu-
tion

The diameter of a un-dilated pupil varies according to factors such as age and the
luminance of the light used for imaging. The system was designed for a 3 mm
pupil diameter as it corresponds to the diameter of an undilated pupil reported
in the literature [23]. An annulus with an outer diameter of 4 mm and an inner
diameter of 3 mm was made by laser cutting a 1 mm thick sheet of metal. The
central obstruction is connected to the outer obstruction by thin metal bridges, as
shown in Fig. 5.3B. The annulus was placed conjugate to the pupil plane (A1 in
Fig. 5.3B) between L3 and L4 to create an annular illumination on the cornea with
an outer diameter of 2.8 mm and an inner diameter of 2.1 mm. The image of the
annular corneal reflections is focussed at the conjugate plane in the detection arm at
location A2 in Fig. 5.3B and has an outer diameter of 3.7 mm and an inner diameter
of 2.8 mm. We used a 2.8 mm circular aperture in the detection arm to block the
corneal reflections and allow imaging the retina through the central un-illuminated
portion of the pupil [20]. Thus, we rejected most of the corneal reflections and
reduced the background, thereby improving the SNR. Having a circular aperture of
2.8 mm diameter in the detection arm translates to a 2.1 mm circular aperture on the
cornea. From the Rayleigh criterion, this corresponds to a resolution of 7.9 µm on
the retina and 5.6 µm in the camera plane. Since the camera pixel size was 5.5 µm,
the resolution was not limited by the camera. In practice, the resolution in the retina
is worse because of ocular aberrations. For the measurements on the model eye
with an aperture, the annulus was replaced by a circular aperture with a diameter
of 3 mm.
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3.2.3 Parallel scanning method

The DMD can be used to create a large variety of parallel scanning patterns, as
shown in Fig. 3.2. The illumination pattern is produced by programming sequen-
tial binary patterns which are displaced relative to each other by a constant dis-
tance. The parallel scanning strategy has already been showed to provide high-
quality confocal images in fluorescence microscopy [24, 25]. The parallel line scan-
ning ophthalmoscope (PLSO) [17] has been used to produce in vivo retinal images.

A B C D

Figure 3.2: Illustrations of the parallel scanning methods used - A: Spots have been used
in fluorescence microscopy for imaging stationary biological samples [24]. B: Parallel lines
used in our prior work (PLSO) [17]. C: Concentric circles used in our system for scanning
with the centres of the circles in the middle of the frame. D: Concentric circle scanning with
the centre of the circles at the edge of the frame

However, there is a natural tendency for the human eye to follow motion, in this
case, the moving spot (Fig. 3.2A) or line (Fig. 3.2B) patterns which are projected
typically at 100 Hz to 200Hz. This eye movement caused by the subjects inclination
to follow the scan patterns leads to motion artefacts in the final images. However,
a pattern of concentric circles that shrink provides an illusion of depth where the
subject tends to fixate on the centre of the concentric circles where each circle seems
to disappear. When the circles are centred in the middle of the DMD (Fig. 3.2C),
the fovea is in the middle of the FOV. When the centre of the circles is shifted to
different regions on the DMD, e.g. the edge of the DMD (Fig. 3.2D), the subject
fixates on the centre of these circles bringing different areas around the fovea in the
FOV, including the optic nerve head (ONH). Thus, an area around the fovea can be
imaged with a scan pattern that at the same time, provides a fixation target to the
subject.

Each mirror in the DMD can be programmed individually to be turned ‘ON’,
thereby reflecting the light along the optic axis or turned ‘OFF’ thus not contribut-
ing to the illumination on the retina. Let s be the number of ‘ON’ mirrors per scan-
ning pattern and p be the total number of DMD mirrors used for illumination. The
fill-factor (Γ) for scanning the retina is then defined as
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Γ =
s

p
. (3.1)

N = 1/Γ then gives the total number of patterns required for scanning the FOV. At
the end of N measurements, we have an image stack of N frames. By summing all
the frames into a single image, we obtain a wide-field image.

3.2.4 Confocal image processing using virtual pinholes

True confocality occurs in an ophthalmoscope which has an illumination pinhole to
produce a diffraction-limited spot in the retina and a detection pinhole which sup-
presses the out-of-focus scattered light. Line scanning achieves quasi confocality,
not all out of focus light is rejected. Some of the scattered light from adjacent illu-
minated spots along the line dimension can lead to cross talk in the image. This is
also true for parallel illumination schemes such as multiple lines or concentric cir-
cles. To create a confocal image, pinholes should be implemented in the detection
arm. These pinholes should be precisely position matched with the illumination
pattern to extract just the signal reflected from the sample and reject the out-of-
focus light. These detection pinholes are tough to implement as real physical pin-
holes, and hence these pinholes ought to be created in the digital domain using
post-processing techniques.

To reduce the scattered light from the retina and suppress the corneal reflections
for each pattern in the sequence, we used a post-processing method first presented
by Heintzmann et al. [26]. The Heintzmann method determines the maximum and
minimum greyscale values for every image pixel overall acquired pattern frames
(I). The maximum value corresponds to the signal in focus, while the minimum
value is a measure of the background signal. The values in between the maximum
and minimum relate to different amounts of out-of-focus signal and are therefore
excluded from the analysis. The confocal image Iconf (x, y) is then calculated as the
difference between the maximum and the minimum pixel values as:

Iconf (x, y) = max
i=1..N

[I(x, y; i)]− min
i=1..N

[I(x, y; i)]. (3.2)

In this study, the five lowest values per pixel were averaged to obtain a better es-
timate of the background value for each pixel, and this value was subtracted from
the maximum value of that pixel.
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3.2.5 Model eye measurements to evaluate SNR improvement

In this section, we describe the SNR model and the experiments done in the model
eye to evaluate the SNR improvement with an annulus compared to a circular aper-
ture for different fill-factors. These experiments demonstrate the SNR in the tran-
sitional regime between point scanning and full-field illumination and form the
rationale behind the increase in imaging speed with the annulus without compro-
mising the SNR. A model eye was developed to characterise the imaging perfor-
mance and to study the SNR improvement when using a circular aperture or an
annulus. An uncoated N-BK7 0.5-inch plano-convex lens with a 15 mm focal length
(LA1540, Thorlabs GmbH, Germany) and a 7.7 mm radius of curvature was used
in the model eye. This radius of curvature matched well to the human cornea an-
terior radius of curvature of approximately 7.6 mm [27]. The near-identical radius
of curvature in the model eye ensured that the corneal reflections for the model eye
followed the same ray paths as can be expected for the human eye. Besides, the
model eye was filled with water to mimic the optical properties of the human eye,
which increased the focal length to 20 mm. A uniformly scattering layer of titanium
dioxide (TiO2) of 300 µm thickness and scattering coefficient (µs) of 10 mm−1 was
used as an artificial retina. The amount of power incident on the DMD remained
constant as a function of fill-factor but varied between two values for the annu-
lus and aperture measurement such that the power incident on the cornea was the
same for annulus and aperture with the same fill-factor. As a result, the amount of
optical power incident on the cornea (180 µW at Γ = 0.05) varied with the fill-factor
Γ only for both the annulus and aperture measurements.

We determined the readout and dark noise variance for the camera by taking
dark frames. The dark plus read-out noise power (σ2

dark+readout) was approxi-
mately 350 e2. We further determined the step size of the A/D conversion by illumi-
nating the sensor with different power levels, establishing the gain factor according
to the European Machine Vision Association (EMVA) standard [28] as shown in Fig.
3, which gave a step size of 46 electrons per digital number (DN). The quantization
noise then becomes (46)2/12 = 176 e2. The total measured noise of 350 e2 minus the
quantization noise of 176 e2 results in a dark noise power of 174 e2. Therefore, the
shot noise limited regime is reached above 350 detected photoelectrons or a digital
number DN = 7.5. Our retinal measurements were performed at detection levels of
2500 photoelectrons (DN = 54).

We took the following definition of SNR according to the European Machine
Vision Association standard [28]:
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Figure 3.3: The measured variance σ2
sig − σ2

dark+readout against the mean gray value µsig −
µdark and the linear regression line used to determine the overall system gain K. σ2

sig is
the variance in signal and µsig is the mean signal. The graph indicated that the gain of the
system is 46 electrons/ DN (1/ slope of the fitted line) according to the method described in
the EMVA standard [28].

SNR(µp) =
ηµp√

σ2
d + σ2

q/K
2 + ηµp

(3.3)

where η is the wavelength-dependent quantum efficiency of the camera sensor, µp

is the mean photon count, K is the overall system gain and σd and σq are the dark
noise and quantization noise respectively. In our system, dark noise and quantum
noise were negligible for the signal levels we obtain on the camera and hence Eq.
(3.3) becomes,

SNRs =
ηµp√
ηµp

=
µe√
µe

(3.4)

where µe is the mean number of electrons. Based on the encoding, the number
of electrons is converted to a grey value by the camera. These values have contri-
butions both from the light reflected from the retina (retinal signal) and the light
reflected from cornea and other surfaces. If µe,background is the background and
µe,signal is the total signal on the camera, the light reflected exclusively from the
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Figure 3.4: Calculating the SNR - illustration : A single frame from the stack of images (Γ
= 0.05 illustrated here) is taken and a line profile is plotted (shown as white line). B: The
line profile along the white line showing peaks along the signal. C: Each peak is examined to
estimate µe,signal and µe,background. This is repeated for several line profiles and the averages
of µe,signal and µe,background is recorded.

retina is given by µe,signal − µe,background. Then the SNR for the retinal signal alone
(SNRs) can be rewritten as [17]

SNRs =
µe,signal − µe,background√

µe,signal
(3.5)

The retinal signal per pixel remains constant for all values of Γ. However, the total
background varies linearly with Γ. Eq. (3.5) can then be written as:

SNRs(Γ) =
α√

α+ β · Γ
(3.6)

with α the retinal signal (µe,signal − µe,background) per pixel and β the background
per pixel. Equation (3.6) was used as a model to fit the experimental SNRs data.
The SNRs for the annulus and the circular aperture as described in section 3.2.2 was
measured for different Γ. When a circular aperture was used, the corneal reflections
saturated the camera. Reducing the source power below the saturation threshold
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gave a very poor signal with the annulus. Hence a neutral density (ND) filter (OD
= 0.6, 35% transmission at 810 nm) was placed in front of the camera when measur-
ing with the circular aperture to prevent saturation. The mean electron count was
corrected for this attenuation.

The SNRs was estimated for different Γ with the DMD projecting patterns at 140
Hz. For each Γ, one frame (Fig. 3.4A) was taken, and the signal profile was plotted
along different lines, as illustrated in Fig. 3.4B. The mean signal was estimated
within a 1/e2 width of the signal peak and the mean background was measured
elsewhere from this profile as shown in the Fig. 3.4C. The same procedure was
repeated several times and averaged.

3.2.6 In vivo retinal imaging

To demonstrate the imaging capabilities of our system, we imaged the right eye of
two healthy volunteers. Subject 1 was 32 years old with a refractive error > -1 D
and subject 2 was 27 years old with a refractive error > -1.75 D and astigmatism of -
2.25 D. Imaging was performed in a dimly lit room with un-dilated pupils (∼ 3 mm
in diameter) and with an incident power at the cornea of 180 ţW. The maximum
permissible radiant power for a collimated static beam at 810 nm wavelength is 639
ţW [21]. Laser safety calculations are detailed in the Appendix.

The DMD was used to project concentric circular pattern at 140 Hz with a Γ =
0.05 (N = 20) resulting in an imaging speed of 7 Hz. An annulus with dimensions as
described in section 2.2 was used to minimise the corneal reflections. The circular
pattern stimulated the subject to fixate on the centre of the circular design. The
ophthalmic lens could be translated along the optic axis to bring the retina in focus.
The measurements were done for 7.2 seconds (1000 frames). Confocal videos were
created by updating the image stack with every newly acquired pattern frame and
recalculation of the confocal image. As such out of a single dataset, a confocal video
with 981 video frames could be obtained.

3.3 Results

3.3.1 Model eye measurements to evaluate SNR improvement

Figure 3.5A shows the mean signal (retinal signal + background) and mean back-
ground plotted for different values of Γ for both the circular aperture and the an-
nulus. When the Γ increases, so do the background and the low signal. The offset
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between these two is the retinal signal which remains constant with both illumina-
tion methods.

circular aperture
signal

background

annulus
signal

background

Imaging speed (Hz)

0 2.8 5.6 8.4 11.2 14

Imaging speed (Hz)

0 2.8 5.6 8.4 11.2 14

data

fitted model

A B
10

s

annulus
data

fitted model

circular aperture

4500

9000

13500

Figure 3.5: A: The signal and background obtained in the model eye for different imaging
speeds. Blue and red lines and points are for the circular aperture and annulus, respectively.
B: SNR comparison obtained in the model eye with the annulus and aperture for different
imaging speeds. The imaging speed indicated in the top horizontal axis is for a DMD pattern
speed of 140 Hz.

As explained in section 3.2.2, the corneal reflections which form as a background
in the image are substantially reduced with the annulus. The SNRs model (Eq.
(3.6)) was used to fit the SNRs data for different values of Γ. For the circular aper-
ture, the model fit gave α = 1499 e and β = 134645 e. For the annulus, the model fit
gave α = 1531 e and β = 20344 e. These values are in agreement with the argument
that the retinal signal α remains fairly constant for both circular aperture and the
annulus for the same power level on the cornea. At the same time, there is a 6.6-
fold decrease in the background when an annulus is used. This effect translates to
increase in SNRs as shown in Fig. 3.5B.

When the Γ is as small as possible (for example only one mirror on at a time),
the performance of the system falls in line with a conventional single spot scanning
SLO. Then the SNRs should be the same with or without annulus, as the corneal re-
flections would be minimal also in circular illumination case. This effect is already
seen in Fig. 3.5B as the curves start to converge for small values of Γ. However, for
Γ>0.4, the benefit of using an annulus is pronounced as there is almost a two-fold
increase (1.9 at Γ=0.05) in the SNRs. It is also evident from Fig. 3.5B that a given
SNRs can be achieved for a higher fill-factor Γ in the case of an annulus compared
to a circular aperture thereby making higher imaging speeds feasible in terms of
SNR.
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There was still some background when the annulus was used for imaging. This
residual background can be attributed to light scattering in the retina, which con-
tributes to the background and some small portion of the corneal reflection which
reaches the camera. Further, the image formed by a single DMD mirror projected
on the retina through an annulus is convolved with the system optics point spread
function of the circular aperture in the detection arm to form a slightly blurred
spot on the camera. Also, when the corneal reflections are defocused at the circular
aperture in the detection arm, they do not get blocked completely.

3.3.2 In vivo retinal images

Figure 3.6 shows the results of in vivo imaging of the foveal region and various
peri- and parafoveal regions around the retina of subject 1. Figure 3.6A is a fundus
photograph (Canon CR-2, Canon Europa N.V, The Netherlands) with the coloured
circles highlighting the different peri- and parafoveal regions with the fovea in the
centre (blue dashed circle). Since we used polarization optics in our system, the
macular bow-tie structure is noticeable in Fig. 3.6D. This structure occurs around
the fovea due to a meridional variation in birefringence exhibited by Henle’s fibres
surrounding the fovea [29]. The different regions (Figs. 3.6B-3.6G) were imaged
with a 18◦ FOV (diameter) by shifting the centre of the concentric circles to differ-
ent places in the DMD.

Figure 3.7 shows the comparison of a in vivo image with a Spectralis (Heidelberg
Engineering GmbH, Heidelberg, Germany) confocal SLO image of the inferior re-
gion of the retina of subject 1. Figure 3.7A is the non-confocal image produced by
adding all the individual frames. This image suffers from multiple scattered and
out-of-focus light resulting in poor quality with features that are not discernible.
The virtual pinholes method was applied to this image in Fig. 3.7B, which shows
the resulting high contrast confocal image. Figure 3.7C shows the average of 5
confocal frames after median filtering with a kernel of 3×3. Figure 3.7D and Fig-
ure 3.7E show the single frame and 20 frame average from a Spectralis SLO using
the infrared (IR) channel. Figure 3.7F shows the line profiles through the same
blood vessels (indicated by numbers 1 through 5 in Fig. 3.7B) from the images
shown in Figs. 3.7A-3.7E. Arrows indicate the location of 5 blood vessels. The
single-frame Spectralis SLO shows a marginally better Michelson contrast ([max-
min/max+min]) for blood vessel 5 compared to the single frame DMD based SLO
(0.52 vs 0.47), while the contrast for the blood vessel 2 (smallest) is better with the
DMD based SLO (0.31 vs 0.25).
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Figure 3.6: A: Fundus photograph of subject 1 coloured dashed circles showing the area 
imaged with our system. B-G: confocal images of the corresponding region showing the 
fovea and various peri- and parafoveal regions. Scale bar is 2◦ in the retina.

Figure 3.8 shows the in vivo results of different regions of the retina of subject 2 by 
projecting concentric circles with centres at two different locations in the DMD. 
Figure 3.8A shows the fundus photograph (Topcon TRC 50-DX Type 1A, Topcon 
Europe Medical B.V., The Netherlands) of subject 2 with a 50◦ FOV with the regions

imaged with our system denoted by dashed circles. Figure 3.8B shows the macular

region with fovea in the centre (red arrow) with a 20 degree FOV. Figure 3.8C 
shows the image of the optic nerve head.
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Figure 3.7: Comparison of the DMD based SLO with a Spectralis SLO - A: Non-confocal im-
age of the inferior region of subject 1. B: Single confocal frame from the DMD based SLO. C:
5 frame average and median filtered image from the DMD based SLO. D and E: Single frame
and 20 frames averaged images from the Spectralis SLO. F: Line profiles through the line
indicated in A-E crossing through five blood vessels 1-5. The location of the blood vessels is
indicated in the top axis. All in-vivo images have a 16.5◦ FOV.
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A

B C

Figure 3.8: A: Fundus photograph of subject 2 showing the macular region (blue dashed
circle) and the ONH region (red dashed circle) of the ocular fundus. B: The macular region
with fovea indicated by the red arrow. C: The ONH (indicated by red arrow) with blood
vessels surrounding it. Scale bar is 5◦ in the retina.
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3.4 Discussion

The presented imaging device replaces scanning mirrors and laser sources that are
present in the prevailing retinal scanning systems with a DMD and LEDs, poten-
tially reducing cost and increasing flexibility. The new DMD based ophthalmo-
scope demonstrates several improvements over our previous method [17]. The
background from corneal reflections was decreased significantly with the use of
annulus, which increased the SNR by almost a factor of two. Moreover, the re-
duced corneal background made it possible to use higher fill-factors in the DMD,
thus improving the imaging speed of the system from 1.4 Hz to 7 Hz without any
loss in SNR. Although the concept of annular illumination has been well known for
many years, this paper offers a quantitative analysis of the benefit of such lighting
when going from the low fill-factor regime (conventional confocal SLO) towards
flood illumination. The images obtained with our system are comparable images
captured with a commercial SLO. Shifting the centre of the concentric circles to im-
age different regions is a novel way to provide fixation while imaging different peri
and parafoveal regions.

The system is modular with respect to the light source and enables changing the
wavelength for imaging. Adding new wavelengths will make the system achieve
multi-spectral imaging. Multi-spectral retinal imaging has gained interest in recent
years [30, 31] as it helps to gather quantitative information on retinal health. The
in vivo images sometimes show faint circular artefacts after post-processing. This
is attributed to motion artefacts creating a discontinuity in scanning. It could be
possible to extract motion information and use this to track the eyes movement.
When done fast enough, it will also enable doing eye motion correction in real-time
[32, 33] to improve the quality of the images by averaging multiple images at the
same location and correct for the minor motion artefacts present in these images.
Image registration could potentially be better with the parallel illumination as all
the illumination points of a single frame are undistorted.

The primary shortcoming of the system is that the illumination light efficiency
is poor. The DMD is operated at low fill-factor resulting in the majority of power
not being used. Hence a high power and low divergence LED is needed to provide
sufficient power for imaging the retina. Although a low divergence LED was used
in our system, this might not be available for all wavelengths, particularly for the
wavelengths of interest for multispectral imaging. This is expected to improve in
the future with the progress in LED source development. As we currently are a fac-
tor of 4 below the maximum permissible exposure according to the IEC standard
60825-1 [21], there is still considerable room for further improvement. The polariza-
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tion optics to reduce the stray reflections in the system lead to polarisation artefacts
in the images due to birefringence of the cornea [34] and retina [29], influencing the
images being recorded.

The position of the cornea in the imaging system is critical for the annulus to
provide complete rejection of the corneal reflections. If the cornea is not positioned
in the optimal imaging plane, the corneal reflections are not blocked, and hence
they reach the camera. Although the subjects head is placed on a chin rest, small
movement can occur. A pupil camera which tracks the location of the beam on the
cornea can be implemented, allowing the re-positioning of the illuminating beam
to the centre of the cornea.

3.5 Application: Fixational eye motion detection

As an application of the DMD based ophthalmoscope [35, 36], Retinal motion de-
tection with an accuracy of 0.77 arcmins corresponding to 3.7 µm on the retina was
demonstrated. The sub-sampled frames provide 7.7-millisecond snapshots of the
retina without motion artefacts between the image points of the subsampled frame,
distributed over the full field of view. An ophthalmoscope pattern projection speed
of 130 Hz enabled a motion detection bandwidth of 65 Hz. A model eye with a
scanning mirror was built to test the performance of the motion detection algo-
rithm. Furthermore, an in vivo motion trace was obtained from a healthy volunteer.
The captured eye motion trace clearly shows the three main types of fixational eye
movements (FEM). Lastly, the obtained eye motion trace was used to correct for the
eye motion in consecutively obtained subsampled frames to produce an averaged
confocal image correct for motion artefacts.

In vivo eye motion detection

An example of an in vivo image correlation [35] is shown in Fig. 3.9. The reference,
in this case, is a confocal image of the ONH area. The subsampled frame of the same
area is then cross-correlated with the reference frame resulting in a 2D correlation
matrix seen on the right side of Fig. 3.9. With the 5% fill factor of the DMD, the
highest normalized cross-correlation coefficient values reach about 0.3 to 0.35. For
the in vivo data we did not determine the centre of mass of the cross-correlation, but
used the peak location, resulting in a motion resolution determined by the image
pixel size (corresponding to 7.9 µm on the retina or 1.6 arcmins).

An in vivo eye motion trace is presented in Fig. 3.9, where the red line indicates
motion in the horizontal direction and the blue trace shows motion in the vertical
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Figure 3.9: An in vivo example of the cross-correlation. First, a confocal frame is constructed,
which will act as a reference frame. Then the next subsampled frame will be cross-correlated
to the reference frame to obtain the shift between these two frames. The peak that occurs
in the correlation matrix indicates the offset of the subsampled pattern with respect to the
reference. The better the two images match, the higher the peak in the correlation matrix
will be.

direction. All three types of FEM can be distinguished from the trace. Two mi-
crosaccades occurred during the recording at around 1.1 seconds and 2.9 seconds,
having amplitudes of about 17 and 22 arcmins respectively. Slow drift is visible
throughout the trace having amplitude values between 5 and 20 arcmins, which is
similar to values reported in the literature [37]. And finally, the tremor is superim-
posed on top of the motion trace as high-frequency, low amplitude jitter.

Figure 3.10: Extracted eye motion traces from a healthy subject. All three types of eye move-
ments can be distinguished from the traces, namely micro-saccades (large jumps at 1.1 s and
2.9 s), drift (drifting motion along the trace with small amplitude and frequency) and tremor,
high-frequency motion superimposed on top of the eye motion trace

The obtained eye motion trace shows the displacement of each subsampled
frame compared to the reference frame. This displacement information can be used
to adjust the position of each subsampled frame with respect to the reference frame
and generate an averaged confocal image that is corrected for motion. For this
specific data set, a total of 1000 subsampled frames were taken. With a DMD fill
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factor of 0.05, this results in 50 full confocal images (20 patterns per confocal im-
age) over 7.6 seconds with most of them affected by eye movements. Figure 3.11

Figure 3.11: Averaging multiple confocal images without and with motion correction. To
generate the images, 1000 subsampled frames were taken over 7.6 seconds. As the fill factor
of the DMD was 0.05, it took 20 patterns to scan the entire FOV. This then resulted in 50 full
confocal images that were averaged. (A) A single confocal image for comparison. (B) When
the subsamples images are not corrected for motion, the resulting averaged image is blurry.
(C) When each subsampled frame is corrected for the eye movements, the averaged image
has high quality, showing good contrast and lots of features typical of the area around the
ONH.

shows three confocal images. In Fig. 3.11(A), a single confocal image, is shown as
a reference. In Fig. 3.11(B) the patterns are not corrected according to the eye mo-
tion trace before applying the Heintzmann algorithm, and the resulting confocal
image is blurry and distorted by the eye motion. In Fig. 3.11(C), the eye move-
ments during the measurement has been corrected before applying the algorithm.
The resulting high-quality image shows good contrast and many anatomical fea-
tures such as the larger blood vessels that are now sharp and the smaller vessels
originating from ONH that are visible.

3.6 Conclusion

We have developed an SLO using a DMD displaying concentric circle pattern to
scan the retina and provide a fixation target to the subject to fixate the eye. By
changing the centre of the concentric circle pattern, different regions could be im-
aged. We used an annulus in the illumination arm to create an annular illumination
on the cornea and block most of the corneal reflections using a circular aperture in
the detection arm. Using the annulus, there was a 6.6-fold decrease in the back-
ground translating to a 1.9-fold increase in the SNR. This translates to a nearly
7-fold increase in speed for Γ= 0.05 at the same SNR. We demonstrated the experi-
mental implementation of the imaging system by imaging two subjects in vivo with



333333
70 Chapter 3. Digital micromirror device based ophthalmoscope

a maximum FOV of 20◦ diameter at a 140 Hz sub-frame rate and 7 Hz full frame
rate. Further, we have demonstrated the feasibility of eye motion detection in our
DMD based ophthalmoscope. The motion detection bandwidth was 65 Hz which
was enough to detect most of the eye movements in the data set. The motion detec-
tion accuracy was better than 0.77 arcmins in vivo corresponding to 3.7 µm on the
retina.
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Abstract

Retinal blood vessel oxygenation is considered to be an important marker for nu-
merous eye diseases. Oxygenation is typically assessed by imaging the retinal
vessels at different wavelengths using multispectral imaging techniques where the
choice of wavelengths will affect the achievable measurement accuracy. Here we
present a detailed analysis of the error propagation of measurement noise in retinal
oximetry, to identify optimal wavelengths which will yield the lowest uncertainty
in saturation estimation for a given measurement noise level. In our analysis, we
also investigate the effect of haemoglobin packing in discrete blood vessels (pig-
ment packaging) which may result in a non-negligible bias in saturation estimation
if unaccounted for under specific geometrical conditions, such as sub-diffuse sam-
pling of smaller blood vessels located deeper within the retina. Our analyses show
that by using 470 nm, 506 nm and 592 nm, a fairly accurate estimation of the whole
oxygen saturation regime [0 1] can be realised, even in the presence of the pigment
packing effect. To validate the analysis, we developed a scanning laser ophthalmo-
scope to produce high contrast images with a maximum pixel rate of 60 kHz and a
maximum 30◦ imaging field-of-view. Confocal reflectance measurements were then
conducted on a tissue-mimicking scattering phantom with optical properties simi-
lar to retinal tissue including narrow channels filled with absorbing dyes to mimic
blood vessels. By imaging at three optimal wavelengths, the saturation of the dye
combination was calculated. The experimental values show good agreement with
our theoretical derivations.

4.1 Introduction

Haemoglobin oxygen saturation in the blood flowing through the retinal vascu-
lature is an important physiological parameter involved in the pathophysiology
of numerous retinal diseases including diabetic retinopathy [1, 2], glaucoma [3–5],
retinitis pigmentosa[6–8], age related macular degeneration[9] and retinal vessel
occlusions[10]. Several retinal diseases result in reduced oxygen circulation in the
retina causing hypoxia[11], which is one of the key drivers of angiogenesis. As
such, measuring the retinal blood oxygen saturation will enable monitoring of the
development of hypoxia and thus will allow preventing the loss of retinal tissue
due to vasoproliferation through timely therapeutic interventions. Furthermore, al-
though damage occurring to the retina in advanced stages of many retinal diseases
associated with hypoxia has been established, oxygenation measurements could
also aid in understanding the onset or presence of systemic diseases. For example,
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a recent study reported that elevated oxygen saturation in retinal blood vessels is
an indicator of Alzheimers disease[12, 13].

The earliest attempts to demonstrate retinal vessel oximetry date back several
decades[14, 15]. Various imaging modalities such as fundus camera [16–23], hy-
perspectral imaging [24–26], scanning laser ophthalmoscope (SLO) [27, 28], adap-
tive optics SLO [29] and Optical Coherence Tomography (OCT) [30, 31] have since
then been employed to estimate oxygen saturation in retinal blood vessels. These
non-invasive techniques all involve recording light reflected from the fundus and
measuring the amount of light absorbed by the blood flowing through the retinal
vessels at multiple wavelengths. Retinal oxygen saturation is typically calculated
from reflection intensities recorded by a point or array detector, and the error on
the measured intensities propagates to a saturation error. Using a detailed error
analysis, we here aim to identify optimum wavelengths which will yield minimum
uncertainty on the saturation estimation for a given measurement error in the in-
tensities.

Figure 4.1: Two different vessel geometries in sub-diffuse retinal oximetry: A: A large blood
vessel with a diameter comparable to the collection area present superficially in the retina.
In this case, the probability that a detected photon has not passed through the blood vessel
is negligible, and hence, the pigment packing effect is not observed. B: A small blood vessel
embedded in the scattering medium (retinal tissue) is illuminated with a narrow beam, while
the collection aperture is much larger than the illumination aperture and the vessel diameter.
In this case, the blood vessel occupies only a small portion of the total probed volume and
hence the pigment packing effect should be considered.
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One factor that has not been considered in retinal oximetry to date is the fact
that haemoglobin is not distributed homogeneously in the tissue but confined to
discrete blood vessels. This effect is particularly relevant for smaller blood vessels
that occupy only a small portion of the total probed volume in a quasi-confocal/
sub-diffuse scheme. As a result, a fraction of the incident photons is reflected from
the tissue without ever encountering a blood vessel, causing the apparent absorp-
tion coefficient of blood packed in small vessels to be different compared to when
the blood would have been homogeneously distributed through the probed tissue.
Such an effect is called the pigment packaging effect, and several research stud-
ies have experimentally verified this effect [32–34]. We have included this effect in
retinal oximetry algorithms to increase the accuracy of the saturation estimation,
in particular for small blood vessels located deeper in the retina, probed using a
(sub)diffuse measurement technique. Large and superficially located blood ves-
sels, whose diameters are comparable to the detection aperture, are not expected to
suffer from this effect, as the probability that the detected photons have not trav-
elled through the blood vessel is negligible. In this paper, we present modified
retinal oximetry equations that include the pigment packaging effect and evaluate
the effect of pigment packaging on saturation estimation. We then identify opti-
mum wavelengths for retinal oximetry using a detailed error analysis of the oxime-
try equations including the pigment packaging effect and identify the wavelengths
which give minimum saturation error for both discussed geometries (Fig. 4.1A and
4.1B) and minimise the saturation offset in the presence of the pigment packing
effect.

To validate our theoretical predictions, we have fabricated a thin, multi-layer
retina-mimicking phantom with narrow channels representing the blood vessels in
the retina. The reduced scattering coefficient (µ′

s) of the scattering medium in the
layers was chosen to be similar to the expected values for the retina. The retina-
mimicking phantom was placed in a model eye. An SLO using a supercontinuum
laser as the light source was used to scan the artificial retina. Two dyes of suitable
concentrations were tailored to have absorption coefficients comparable to oxy- and
deoxyhaemoglobin with an artificial isosbestic point at 548 nm. The procedure for
selecting optimum wavelengths to estimate the saturation within this artificial ves-
sel was applied to this phantom and three optimal wavelengths (488 nm, 548 nm
and 612 nm) were selected based on this analysis. Using the resulting wavelengths,
the experiments were conducted on the phantom. There was a good agreement be-
tween the predicted and real values of saturation of the different dye combinations
using these three optimal wavelengths.
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4.2 Theory of retinal oximetry and identifying optimum

wavelengths

4.2.1 Theory of retinal oximetry

Figure 4.2A shows the absorption spectrum of the oxy- and deoxyhaemoglobin 
having various isosbestic points, i.e. wavelengths where the absorption of oxy 
and deoxyhaemoglobin is equal. Figure 4.2B shows a typical fundus image of a 
healthy human eye obtained with 570 nm illumination. A general method for mea-
suring the absorbance of blood at a particular blood vessel in the retina is shown 
in the inset of Fig. 4.2B where the intensity profile of the blood vessel (dotted line 
in Fig. 4.2B) is plotted as a function of the location on the retina. The scattering 
properties of blood have been reported in Bosschaart et al.[35], where it was shown 
that although blood has a high scattering coefficient, it also has a high scattering 
anisotropy, resulting in a reduced scattering coefficient of ≈ 1-2 mm−1. Further, the 

reduced scattering coefficient of blood is close to the reduced scattering coefficient 
of the surrounding tissue [36] and about an order of magnitude smaller than the 
absorption coefficient of blood in the 450-650 nm wavelength range.

In a retinal imaging experiment, the measured intensity I(xo, λ) (see Fig. 4.1) 
from a spatial location xo in the retina for a given illumination wavelength λ de-
pends on the incident illumination intensity distribution Ii(xi, λ) at the point xi, 
and the backscattered reflectance function of the retina R(xo, xi, λ). We consider 
a quasi-confocal or sub-diffuse scheme where a narrow, focused beam illuminates 
a point xi in the retina, and the detection pinhole collects from a larger volume 
around a point xo. Let xo be the location of an averaged volume of tissue surround-
ing xo that contributes to the collected intensity, I(xo, λ). The extent of volume 
averaging for any location concerning the spatial distribution of the optical proper-
ties at that location is determined by the incident illumination profile Ii(xi, λ) and 
the detection pinhole. Under these conditions, we write the measured intensity I
as,

I(xo, λ) =

∫
Ii(xi, λ) ·R(xo, xi, λ) · dxi = Ii(xo, λ) ·R(xo, λ) (4.1)

The function R(xo, λ) describes the reflectivity of the tissue averaged over a small
tissue volume at the location xo due to scattering and absorption. Let xb and xt

denote the recorded locations at the centre of a blood vessel and in the adjacent
tissue, respectively. Then the light collected from a tissue location xt is given by,

I(xt, λ) ∝ Ii(xt, λ) ·R(xt, λ) = Ii(xt, λ) ·R
(
µs(xt, λ), p(xt, θ, λ)

)
(4.2)
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where we have stated that R(xt, λ) is a function of the average scattering coefficient
(µs(xt, λ)) of the volume of tissue around xt (denoted by xt) at the wavelength λ

and of the scattering phase function (p(xt, θ, λ)) of the same tissue volume. We have
assumed that there is no blood present in tissue volume xt and that any other ab-
sorbing molecules within the tissue volume xt in the neural retina have a negligible
contribution to the reflected intensities. Similarly, the light collected from the centre
of a blood vessel location xb is given by,

I(xb, λ) ∝ Ii(xb, λ) ·R(xb, λ) = Ii(xb, λ) ·R
(
µs(xb, λ), p(xb, θ, λ), µa(xb, λ)

)
(4.3)

where we have stated that R(xb, λ) is a function of the average scattering coefficient
µs(xb, λ) of the volume of tissue around xb (denoted by xb) at the wavelength λ, of
the scattering phase function p(xb, θ, λ) of the same tissue volume and the effective
absorption coefficient of the tissue volume containing the blood vessel µa(xb, λ).
We can now write the relative optical density ODλ of the tissue at the blood ves-
sel location compared to the surrounding tissue at a particular wavelength as the
logarithm of the ratio of tissue and blood vessel reflectivity at the same wavelength
i.e.,

ODλ = ln
( I(xt, λ)

I(xb, λ)

)
= ln

(R(xt, λ)

R(xb, λ)

)
= ⟨Leff (λ)⟩ · µa(xb, λ) +G(λ) (4.4)

Here we have assumed that the incident light intensity was the same at both lo-
cations and that the attenuation of the reflected light due to the blood within xb is
governed by modified Beer-Lamberts law [37, 38], with ⟨Leff (λ)⟩ , the effective path
length of photons travelling through the probed volume before reaching the detec-
tor. The effective path length ⟨Leff (λ)⟩ depends on the absorption and scattering
properties of the probed volume. G(λ) is a factor which accounts for any apparent
increase or decrease in the ODs purely due to scattering differences within the vol-
umes xb and xt, e.g. due to the difference in scattering properties of blood within
the blood vessel compared to the surrounding tissue. Since in the wavelength range
450-650 nm the reduced scattering coefficient of blood is similar to that of the sur-
rounding tissue, we do not expect G to be a significant factor, in particular for the
case shown in fig. 4.1B, where the blood vessel occupies only a small fraction of
the interrogated tissue volume. Equation 6.4 assumes that all additional reflections
occurring internally in the system due to optics and the stray reflections from the
cornea are accounted for, e.g. by subtracting a reference measurement. The absorp-
tion coefficient µa(xb, λ) of the blood is a function of saturation (S) of the blood (i.e.,
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the fraction of the oxygenated haemoglobin concentration to the total concentration
of haemoglobin) and is given by,

µa(xb, λ) =
(
S · µHbO2

a (λ) + (1− S) · µHb
a (λ)

)
(4.5)

The parameters µHbO2
a (λ) and µHb

a (λ) are the absorption coefficients of oxy- and de-
oxyhaemoglobin, respectively (assuming a concentration of 150 mg of haemoglobin
in 1 mL of blood) and are well-known functions of wavelength. Combining Eq. 6.4
and Eq. 5.5,

ODλ = ⟨Leff (λ)⟩ · ν ·
(
S · µHbO2

a (λ) + (1− S) · µHb
a (λ)

)
+G(λ) (4.6)

where ν is the fraction of interrogated tissue occupied by the blood vessel[33, 34].
We define the ratio ρλ1|λ2

of ODs at 2 wavelengths λ1 and λ1 as,

ρλ1|λ2
=

ODλ1

ODλ2

=
⟨Leff (λ1)⟩ ·

(
S · µHbO2

a (λ1) + (1− S) · µHb
a (λ1)

)
+G(λ1)

⟨Leff (λ2)⟩ ·
(
S · µHbO2

a (λ2) + (1− S) · µHb
a (λ2)

)
+G(λ2)

(4.7)

If the scattering and absorption coefficients at the two wavelengths are close to
each other, ⟨Leff (λ1)⟩ ≃ ⟨Leff (λ2)⟩ and G(λ1) ≃ G(λ2). We will later discuss the
validity of this assumption. Under this condition, we can write S as a function of
ρλ1|λ2

as,

Sλ1|λ2
=

ρ · µHb
a (λ2)− µHb

a (λ1)

(µHb
a (λ2)− µHbO2

a (λ2)) · ρ+ (µHbO2
a (λ1)− µHb

a (λ1))
+ α ·G (4.8)

where α · G 1 is an offset, if any, to the saturation due to scattering. As discussed
earlier, for visible wavelenghts we expect G(λ) → 0, and in the remainder of the
analyses, we only focus on the first term in the right-hand side of Eq.4.8.

Although not mathematically necessary, it is advantageous to choose one of the
wavelengths as an isosbestic wavelengths to simplify the calculations, especially for
error propagation purposes. If λ2 is taken to be the isosbestic wavelength, λ2 = λi

, µHbO2
a = µHb

a = µi
a. In that case, Eq. 4.8 can be written as,

Sλa|λi
=

ρ · µi
a(λi)− µHb

a (λa)

µHbO2
a (λa)− µHb

a (λa)
(4.9)

1α = ρ−1

⟨Leff ⟩·((µHbO2
a (λ2)−(µHb

a (λ2))·ρ+(µ
HbO2
a (λ1)−(µHb

a (λ1)))
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where we have denoted the saturation sensitive ‘anisosbestic’ wavelength as λa.
We will now first consider the geometry as described in Fig. 4.1A where the blood
vessel where a large, superficial blood vessel occupies the majority of the probed
volume.

Optimum wavelengths without pigment packing

If there is a large blood vessel with a diameter close to or greater than the size
of the collection aperture directly below the illumination point, as shown in Fig.
4.1A,the assumption that the blood vessel occupies only a portion of the probed
volume does not hold. In such geometries, the blood vessel occupies majority of
the probed volume. Monte Carlo simulations [39, 40] have suggested that in this
type of geometry with a quasi-confocal aperture, the photons reaching the detector
have predominantly been backscattered from within the blood vessel. In this case,
⟨Leff (λ)⟩ in Eq. 4.6 becomes the average backscatter path length ⟨Lbs(λ)⟩ from
within the blood vessel (and blood volume fraction ν becomes 1):

ODλ = ⟨Lbs(λ)⟩ ·
(
S · µHbO2

a (λ) + (1− S) · µHb
a (λ)

)
+G(λ) (4.10)

Under the condition that scattering coefficient and absorption coefficient of blood
is approximately equal at both wavelengths λa and λi, ⟨Lbs(λa)⟩ ≈ ⟨Lbs(λi)⟩. The
saturation in this case is given by Eq. 4.9.

Turning now to the error on the saturation, this error is given by,

∆S =
dS

dρ
·∆ρ (4.11)

where ∆ρλa|λi
is given by propagating the error on ODa and ODi in Eq. 4.7,

∆ρλa|λi
=

ODa

ODi
·
√(∆ODa

ODa

)2

+
(∆ODi

ODi

)2

(4.12)

The error in the ODs is given by the underlying error of the reflected intensities
I(xt, λ) and I(xb, λ) as,

∆ODλ =

√(∆I(xt, λ)

I(xt, λ)

)2

+
(∆I(xb, λ)

I(xb, λ)

)2

(4.13)

Due to very low absorption at wavelengths > 650 nm, there is a poor contrast
between the recorded intensity at the tissue location and the blood vessel location
which results in OD → 0. This results in large errors in ρ (following Eq. 4.12) and



44444444
84 Chapter 4. Optimal wavelengths for sub-diffuse scanning laser oximetry

therefore, in saturation estimation. Absorption is very high in the Soret band (430
nm) resulting in most of the light being absorbed by the blood resulting in a very
poor signal to noise ratio at the blood vessel locations. Most importantly, the blue
light hazard for the wavelengths < 450nm substantially limits the maximum per-
missible exposure of the retina for light [41] of these wavelengths. Thus, we exclude
the wavelengths < 450 nm and > 650 nm for the remainder of the analysis. From
Eqs. 4.11, 4.12 and 4.13, it is evident that the standard error of the mean recorded
intensities by the detector (∆I/I or standard deviation / mean) propagates to an
error in the OD’s and then to an error in ρ , and thus contributes to the saturation
error ∆S. For example, a 1.0 % error in the intensities (∆I/I = 0.01) propagates to
an error in the ODs (∆OD = 0.014). If ODλ1

= 0.5 and ODλ2
= 0.7 , this gives 3.4

% error in ρ according to Eq. 4.12, this error in ρ propagates to saturation error in a
complex manner ∆S through Equation 4.11.

0.00 0.25 0.50 0.75 1.00S

Figure 4.3: Saturation error ∆S as a function of λa when estimating different oxygenation
levels from 0 to 100 %, with 1 % error on the recorded intensities. 506 nm was chosen as
the isosbestic wavelength. This graph holds for geometry described in Fig. 4.1A, where the
photons are mostly backscattered from a blood vessel.

Figure 4.3 shows the calculated saturation error for different oxygen saturation
levels in the retina when 506 nm was used as the isosbestic wavelength and the
anisosbestic wavelength varied over the 450 nm to 650 nm range, assuming a 1 %
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measurement error in the intensity. For low saturation values [0.0 0.5], choosing
the anisosbestic wavelength in the range 458 nm to 474 nm gives a saturation error
less than 5 %, while for high saturation values [0.5 1.0], choosing the anisosbestic
wavelength in the range 591 nm to 599 nm gives a saturation error less than 5 %.
A similar trend was found for other isosbestic points shown in fig. 4.2A. Note,
however, that the condition that the absorption coefficients are similar at µa(λa) ≈
µa(λi) so that ⟨Lbs(λa)⟩ ≈ ⟨Lbs(λi)⟩ is met best by choosing 506 nm as the isosbestic
wavelength (Fig. 4.2A).

Optimum wavelengths including pigment packing

Figure 4.1B describes a geometry where a small blood vessel is embedded in the
scattering retina. In this case the blood vessel occupies only a fraction of the to-
tal probed volume by the imager. As a result, Eq.4.6 (which assumes a homoge-
neous distribution of haemoglobin throughout the probed tissue volume) does not
hold as the absorbing haemoglobin molecules are not homogeneously distributed
but are contained in a discrete package (the blood vessel) that occupies only part
of the probed tissue volume. This packaging of absorbing molecules effectively
flattens the apparent absorption spectrum for high absorption coefficients, and is
called the pigment packaging effect. It has previously been shown that this effect
can be modelled through the incorporation of a correction factor to the absorption
spectrum[32–34]. Equation 5.5 in this case is modified to,

µa(xb, λ) = ν ·
(
S · µHbO2

a (λ) + (1− S) · µHb
a (λ)

)
· Cλ (4.14)

where the correction factor Cλ[34, 42] is given by,

Cλ(S, λ,Dves) =
1− exp

(
−Dves · (S · µHbO2

a (λ) + (1− S) · µHb
a (λ))

)
Dves · (S · µHbO2

a (λ) + (1− S) · µHb
a (λ))

(4.15)

where Dves is the blood vessel diameter. The OD can now be written as,

ODλ =
⟨Leff (λ)⟩ · ν

Dves
· (S · µHbO2

a (λ) + (1− S) · µHb
a (λ))

)
· Cλ +G(λ) (4.16)

The saturation S can be written as (ignoring the term α ·G2 as was done for Eq. 4.9),

Sλa|λi
=

(Cλi/Cλa) · ρ · µi
a(λi)− µHb

a (λa)

µHbO2
a (λa)− µHb

a (λa)
(4.17)

2α = ρ−1

⟨Leff ⟩·ν·((µHbO2
a (λa)−µHb

a (λa)))·Cλa
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where S is now also a function of the blood vessel diameter Dves, due to the addi-
tion of the diameter-dependent correction factor.

A detailed error analysis of Eq. 4.13 is necessary to find the optimal wave-
lengths. The error propagation formula gives the error in saturation ∆S as,

∆S =

√(∂S
∂ρ

)2

· (∆ρ)2 +
( ∂S

∂Dves

)2

· (∆Dves)2 (4.18)

The error ∆S is a function of S, Dves and λa for a chosen λi. Now we proceed to
analyse each term in Eq. 4.18 and its contribution to the saturation error ∆S. For
an image based estimation of the blood vessel diameter Dves (explained in section
4.3.3) using an SLO technique, we chose a constant error on the estimation of the
diameter (∆Dves) as 12 µm based on spatial resolution of the system (see Table 1).
The error on ρλa|λi

is given by error propagation in Eq. 4.12.
Figure 4.4 and Figure 4.5 shows the colour coded graph of the calculated errors

in saturation as a function of Dves and λa considering a 1% error (∆I/I) in the
intensities when 506 nm (lowest µi

a in the 450 nm 650 nm interval) and 548 nm
(highest µi

a in the 450 nm 650 nm interval) were used as isosbestic points, respec-
tively. For simplicity, all the saturation error values (∆S) > 0.10 were set to 0.10 to
emphasize the combinations with accuracy better than 0.1. From Figure 4.4, we see
that when 506 nm is used as an isosbestic wavelength, there are two spectral bands
optimal for oximetry. For low saturation values (0.00 - 0.25), either of the bands,
460 nm to 480 nm or 590 nm to 600 nm could be used. But for higher saturation
levels (0.75 1.00), only the 589 to 600 nm gives ∆S < 0.1. When 548 nm is used as
an isosbestic wavelength (Fig. 4.5), 589 to 600 nm is not ideal for detecting the low
saturation values and 460 to 480 nm is not suitable for high saturation values.

Figure 4.6 shows the saturation error for a 50 µm (Fig.4.6A-4.6C) and a 100 µm
(Fig.4.6D-4.6F) blood vessel for different saturation levels. From these graphs, we
see that that all the five isosbestic wavelengths perform similarly for estimating
fully oxygenated blood (S = 1.00) when the 590-600nm wavelength range is used as
anisosbestic wavelength. However, for estimating low saturation values, 522 nm,
586 nm and 506 nm perform marginally better than 548 nm and 569 nm when the
460-480nm wavelength range is used as anisosbestic wavelength.

Figure 4.7 shows ∆S values as a function of λa (λi= 506 nm) for a fully oxy-
genated 50 µm and 100 µm blood vessel for different levels of the standard error
of the mean (∆I/I). It can be seen in this figure, that to reach saturation accuracy
levels better than 5 % for 100 % oxygenation when measuring near 594 nm, the re-
quired accuracy level of the mean intensity was 1 % for both the 50 µm and 100 µm
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vessels.
We note that the optimal wavelength bands calculated in the presence, as well

as absence of pigment packaging, are very similar. In fact, it is observed that if the
ratio of correction factors Cλi/Cλa in Eq. 4.17 is 1, Eq. 4.17 reduces to Eq. 4.9. Thus,
choosing wavelengths within the [460 480] and [590 600] band where C506/Cλa ≈ 1

would serve the purpose of minimising the saturation error independent of the
effect of pigment packing. For such wavelength combinations, Eq. 4.9 can be used
even in the presence of pigment packing without applying any correction.

Figure 4.8A and 4.8D show the difference in saturation estimated with (Eq. 4.17)
and without (Eq. 4.9) pigment packing effect for a 50 µm blood vessel displayed as
an offset (Soffset = SEq.17 − SEq.9), at isosbestic wavelength λi = 506 nm.

The dark blue region in the colour map in Fig. 4.8A and 4.8D denote the situa-
tion when C506/Cλa

≈ 1, i.e., when pigment packing has no effect. Unfortunately,
this condition is satisfied for different wavelengths in the [460 480] and [590 600]
wavelength bands for different saturation levels. Figure 4.8B and 4.8E show the
saturation error (Eq. 4.11) in the [460 480] and [590 600] wavelength bands, re-
spectively, assuming a 1% measurement error of intensities and when 506 nm was
used as an isosbestic wavelength. Figures 4.8C and 4.8F show the combined effect
of saturation error from a 1% measurement error and ignoring pigment packing,
indicating that by using the 470 nm - 506 nm pair, the combined error is mini-
mized for saturation in the range [0.00 0.55], and by using the 592 nm - 506 nm pair,
the combined error is minimized for saturation in the range [0.40 1.00]. Thus, the
triad of wavelengths 470, 506 and 592 nm appear to be optimal for retinal oxime-
try. At these wavelengths, (i) the blood absorption coefficients are approximately
equal, and as a consequence, C506/Cλa ≈ 1, which minimizes the effect of pig-
ment packaging on saturation estimation. Similar absorption and scattering coef-
ficients at these wavelengths satisfies the assumption that ⟨Lbs(λa)⟩ ≃ ⟨Lbs(λi)⟩
and ⟨Leff (λa)⟩ ≃ ⟨Leff (λi)⟩, which are conditions for our algorithms to hold, ii)
the blood absorption coefficients are sufficiently high to yield a good vascular con-
trast in the images. and finally, (iii) the saturation error is low because the error in
measured intensities has a minimized propagation of the error to OD and ρ.
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4.3 Experimental validation

To validate our theoretical predictions, we have fabricated a thin, multi-layer retina-
mimicking phantom with narrow channels representing blood vessels in the retina.
The retina-mimicking phantom was placed in a model eye. An in-house built SLO
system using a supercontinuum laser as the light source was used to scan the arti-
ficial retina at different wavelengths, to experimentally validate our theory.

4.3.1 Scanning Laser Ophthalmoscope - description of the system

A multiwavelength Scanning Laser Ophthalmoscope (SLO) [43–46] was developed
for the continuous acquisition of en face images of a phantom retina as shown in
Figure 5.3. The pixel rate of the system for imaging the phantoms was 30 kHz,
although the maximum pixel rate of the system was 60 kHz. The size of a single
image frame was 512 x 512 pixels. Thus, each image took 8.7 seconds to record. The
essentially static nature of the phantoms precluded motion artefacts in the recorded
image. The key system parameters are detailed in Table 1. Using a relatively large
core diameter of 100 µm in the detection compared to single mode core diameter
of 2.5 µm in illumination, eliminated the speckle noise in the final image at the
expense of spatial resolution due to reduced confocality.

Table 4.1: System parameters of the SLO

System parameter value
Spot size in the retinal plane (at 548 nm) 8.9 µm (Airy disc diameter)

Maximum field of view (FOV) 30◦ in air
Pixel rate 30 KHz

Digital resolution 11.7 µm

4.3.2 Measurements in model eye using a retina mimicking phan-
tom

Uniformly scattering phantoms were manufactured using a method previously de-
scribed by de Bruin et al. [47]. Using mixtures with different w% of TiO2, layered 
phantoms were made in a petri dish, each layer cured in a thermal oven at 80 oC for 
60 minutes. Thin metallic wires of different diameter thickness (90 µm and 140 µm) 
were embedded in the topmost scattering layer of the phantom while still in the 
viscous state and then cured. Then a transparent layer of silicone without any TiO2 

particles was poured finally to provide mechanical stability to the phantom. After 
solidifying completely, the metallic wires were removed from the phantom. For



44444444
94 Chapter 4. Optimal wavelengths for sub-diffuse scanning laser oximetry

Figure 4.9: Schematic of the multiwavelength SLO used for imaging: Supercontinuum (SC)
laser source (NKT Photonics A/S, Denmark) was used as the light source. An acoustic-optic
tunable filter, (AOTF) (Select, NKT Photonics A/S, Denmark) coupled to the supercontin-
uum source provided a spectrally tunable illumination source for the multiple wavelength
measurements. The polychromatic light beam from the AOTF was coupled into a single
mode fibre with a core diameter of 4ţm and was relayed to a model eye. The model eye was
constructed with an uncoated lens L4 (f =15.4 mm) having a curvature very similar to the
cornea of the human eye. The sample was placed in the focus of L4. The light was reflected
and back-scattered by the sample and 90% of the reflected light passed through the beam
splitter in the return path and split using dichroic mirrors into multimode fibres with a core
diameter of 100 µm.
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our experiments, we used three layer phantoms (Fig. 4.10A) with a transparent
top layer, a thin 200 µm layer with µ

′

s= 1 mm−1 with channels in the middle, and a
bottom layer with µ

′

s= 5 mm−1.

A

Transparent SiO
2

0.1% TiO  in SiO
22

0.5% TiO  in SiO22

Figure 4.10: A: Layered structure of the phantoms: The phantoms were made to mimic the
scattering properties of the retina and two cylindrical channels (red circles) with a diameter
of 90 ţm and 140 ţm were embedded in the scattering medium to mimic the blood vessels
in the retina. B: OCT B-scan (in house 1310 nm OCT, average of 15 consecutive B scans) of
the phantom with the 140 µm hollow (empty) channel (1) and 90 µm hollow (empty) channel
(2). Scale bar is 300 ţm in each direction C: Comparison between absorption spectrum of the
dyes chosen for phantom measurements and blood.

Figure 4.10B shows an OCT B-scan (cross-section) of the phantom used for the
measurements in the model eye. Two water-soluble dyes - Evans Blue (Sigma
Aldrich B.V., The Netherlands) and red food colourant (Lebenmittelfarbe, Birk-
manns Voedelkleurstof, Germany) were used to mimic the deoxyhaemoglobin and
oxyhaemoglobin absorption, respectively. Using a suitable concentration of these
dyes, an artificial isosbestic point was created at 548 nm as shown in Fig. 4.10C.
Using a syringe, different calibrated proportions of the dyes were injected into the
channels. If [EB] is the concentration of Evans Blue and [FC] is the concentration
of the red food colourant, we define a parameter ς as, If [EB] is the concentration
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of Evans Blue and [FC] is the concentration of the red food colourant, we define a
parameter ς as,

ς =
[FC]

[FC] + [EB]
(4.19)

An analysis similar to the analysis in section 4.2 was performed to find the wave-
lengths resulting in low errors when estimating the parameter ς . The optimum
wavelengths for the dye combination was found to be 500 nm, 548 nm (isosbestic)
and 610 nm. Due to the choice of the dichroic mirrors (DM1 and DM2 in Fig. 5.3)
in the detection channel, 488 nm and 612 nm were chosen as the two anisosbestic
wavelengths to measure the saturation. Using a suitable ratio of [FC] and [EB], so-
lutions with five different ς (0.00, 0.25, 0.50, 0.75 and 1.00) were made and injected
into the channels using a syringe. The phantoms were imaged simultaneously us-
ing the three different wavelengths, 488 nm (bandwidth, FWHM: 2 nm), 612 nm
(bandwidth, FWHM: 3 nm) and 548 nm (isosbestic) (bandwidth, FWHM: 2 nm),
and en face face images were created for each wavelength. The number of reflected
photons from TiO2 and the dye-filled channel was estimated from the image and
the parameter ς was then calculated after estimating the ODs, ρ and DC (channel
diameter) values from the images.

4.3.3 Estimating vessel diameter from the images

Figure 4.11 shows the typical intensity profile of a phantom blood vessel. The phan-
tom blood vessel diameter was determined by the distance (in pixels) between the
points with maximum slope magnitude along the blood vessel profile v1 and v2.
The intensity at the blood vessel location was directly estimated by the minima of
the vessel profile.

The intensity at the tissue location t was estimated using the points t1 and t2
by a linear approximation. The points t1 and t2 represent the locations where the
light has not interacted with the blood and are at a fixed number of pixels from v1
and v2, respectively such that the locations t and b are affected by similar factors
except the absorption by haemoglobin. In our analysis, we took the points t1 and
t2, at a distance of 2×diameter from on each side from v1 and v2. To increase the
accuracy of the estimated intensities (points t and b), the intensities were average
along multiple locations in the tissue and in the middle of the blood vessel as shown
in Fig. 4.11.

The intensity I(xb, λ) was obtained by averaging the intensities of the points b
along the valley (along with the y dimension — denoted by dotted lines). The point
t and thereby I(xt, λ) is obtained by averaging the points in an area as shown in Fig.
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4.11.

4.3.4 Experimental Results with retinal phantoms

Figure 4.12A - Fig. 4.12C shows the reflectance measurements for 100 % food col-
oring (ς= 1.00) showing high absorption at 488 nm (Fig. 4.12A). Figure 4.12D - Fig.
4.12F shows the reflectance measurements for 0 % food colouring (ς= 0.00). Mea-
surement points were chosen along the center of the channel and in the tissue (TiO2

layer in this case) to estimate the reflected light intensity (Ib and It). To bring the
standard error on the mean intensity in both the tissue and along the blood vessels
to acceptable values of ≤ 1%, up to 400 points were averaged in the tissue location
and 40 points were averaged in the blood vessel location. The intensity profiles
along the lines indicated in Fig. 4.12D - Fig. 4.12F is plotted in Fig. 4.12G. The dip
in the intensity profile due to the absorption of blood is obvious in Fig. 4.12G. The
channels in the phantom are slightly curved due to the process of manufacturing
the phantoms as described in section 3.2. The phantom was slightly angled during
measurements to reduce specular reflections. This resulted in a slight change in
the non-uniformity of the collected intensities within the imaging field. The bright
spots in Fig. 4.12A and 4.12D are due to specular reflections from the surface of the
sample and could be caused by dust on the surface.

The comparison between the theoretical (with and without pigment packing
correction) and experimentally obtained average ρ values in the phantom channel
are shown in Fig. 13, for both the 90 µm and the 140 µm channels used in the phan-
tom. Our phantom geometry resembles the geometry in fig. 4.1A here the pigment
packing effect is not expected to play a large role. Indeed, Fig. 13 clearly shows
that the estimated values closely follow the theoretical values without correction
for pigment packaging. The estimated diameter of the channels from the images
for 140 µm and 90 µm were 144 ± 6 µm and 92 ± 7 µm, respectively.

In Fig. 13, both the fitted curves with and without pigment packing describe
the measurements reasonably well since the difference between the uncorrected
and corrected calculated ρ values are small. This illustrates that by picking op-
timum wavelengths that fulfill the conditions stated in section 4.2, the deviation
between the ρ values with and without pigment packing could be minimised. For
non-optimal wavelengths, the difference in ρ values with and without correction
is much higher (data not shown) and hence, using the simplified model presented
without pigment packing would result in large offsets to the saturation estimation
for smaller blood vessels embedded deeper in tissue. Figure 5.14 shows the pseudo
colour map of the saturation overlaid on the corresponding reflectance image from
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Figure 4.12: A-F : Reflectance measurements of the phantoms in the model eye at three dif-
ferent wavelengths (λ, columns) and two different saturation levels (ς ,rows). The intensity
profiles along the lines indicated in D - F is plotted in G - 488 nm (blue), 548 nm (green) and
612 nm (red). Scale bar is

300 µm
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Dc=90 m

Dc=140 m

Dc=140 m

A B

C

Dc=90 m

D

Figure 4.13: Comparison between the theoretical and experimental ρ values for the differ-
ent ratio of dye concentrations in the 90 µm channel (A and B), 140 µm channel (C and D).
The average values in the channels for each value are plotted as a box plot, with ‘+’ values
representing the outliers. Left panels (blue lines, panels A and C) use the 488-548 nm wave-
length pair for ρ calculations, right panels (red lines, panels B and D) use the 548-612 nm
wavelength pair for ρ calculations.
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Figure 4.14: Pseudocolour images of the saturation ς superimposed on the reflectance image
for the 140 µm blood vessel. Scale bar is 300 µm. The estimated values with and without
pigment packing are presented as mean (standard deviation) of all values of estimated ς in
each channel.

the SLO for the 140 µm blood vessel for 5 different calibrated values. The estimated
values show the overall mean and standard deviation of the saturation in the chan-
nel. For the estimation of ς , the 488-548 nm pair was used for ς =0.00, 0.25 and 0.50,
while the 548-612 nm pair was used for ς = 0.75 and 1.00.

4.4 Discussion

SLO-based retinal oximetry has advantages over conventional fundus camera-based
method regarding resolution and contrast. A critical factor for clinically relevant
retinal oximetry is to be able to determine blood oxygen saturation in small retinal
vessels — capillaries, venules and arterioles. It is in these micro vessels that the oxy-
gen saturation is expected to decrease in response to increased metabolic demand
or decreased oxygen delivery capacity. The larger retinal vessels (>100 µm) are ex-
pected to be less sensitive to changes in tissue metabolic demand or micro-vascular
dysfunction and are therefore not ideal as early hypoxia markers. The clinical value
of fundus camera-based oximeters is most likely limited due to the low spatial reso-
lution, even if the oxygen saturation estimates would be accurate and robust taking
into account our optimised wavelengths and our proposed algorithms that include
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pigment packaging. SLO based oximeters have been investigated before, but their
performance was limited due to suboptimal choices for the wavelengths used, com-
bined with oximetry algorithms that did not take pigment packaging into account,
which is likely a non-negligible factor for smaller blood vessels located deeper in
the retina.

In this paper, we have for the first time addressed factors that affect the accu-
racy of SLO based oximeters, i.e. measurement noise and pigment packaging when
measuring small, embedded blood vessels. Although we have used relatively large
diameter blood vessels in our validation experiments, this was a limitation of the
phantom fabrication technique yielding unstable phantoms at low channel diame-
ters and is not a limitation of the imaging technique as current SLO technology can
image blood vessels smaller than 50 µm.

In our SLO design, we used single-mode fibre illumination and multimode fi-
bre detection. Hence the imaging is not truly confocal, but quasi-confocal or sub-
diffuse. We believe that quasi-confocal, sub-diffuse detection reduces the central
light reflex, a bright specular reflection from the centre of a blood vessel that is com-
mon to many fundus imaging modalities that do not use cross polarisers. When the
central light reflex is present in an image, the intensity in the centre of the vessel
could be extracted by reconstructing the blood vessel profile using analytical mod-
els, such as a fourth order polynomial [39, 48]. This adds additional error to the
blood vessel OD estimation and thereby, the saturation estimation. Longitudinal
chromatic aberration (LCA) is another potential source of error in oximetry due
to the dispersion in the human eye [49]. LCA causes the spatial location of each
pixel in the multispectral image to be in a slightly different axial plane for different
wavelengths. This effect can lead up to a 250 µm longitudinal focal shift between
the 470 nm and 592 nm wavelengths. However, this effect can be corrected as has
been done previously by others [50, 51] by using an achromatizing lens in the beam
path. The Optimum wavelength analysis was made with a 1 nm bandwidth around
each central wavelength. The filter bandwidth choice can be incorporated into the
oximetry analysis by multiplying the absorption spectrum of haemoglobin and the
filter transmission spectrum and obtaining an average absorption coefficient for
that spectral band, and then by using this averaged absorption coefficients in Eq.
4.9 and Eq. 4.17 to obtain a saturation estimation, and therefore the saturation error.

As explained previously, the noise in the images propagates into the saturation
error. To achieve acceptable levels of saturation error (we aim for <5%, but it de-
pends on the clinical application), a large number of points along the blood vessel
and the tissue location have to be averaged. While this is relatively easy in our
experiments due to the homogeneous nature of the phantom, an in vivo image con-
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tains structural information and choosing many points might lead to an incorrect
estimation of the intensity in the absence of a blood vessel. A smaller number of
points around the blood vessel should be averaged to overcome this problem, and
this requires multiple images to be produced within a short amount of time. Fun-
dus cameras are based on snapshot imaging, and it might not always be possible
to acquire multiple images continuously without causing discomfort to the subject
or exceeding the safety limit for radiant exposure. Although our current SLO im-
ages at relatively slow speeds, significant improvements in speed can be achieved
by using a resonant scanner, with a reduced signal-to-noise ratio. Inhomogeneities
in absorption within a vessel due to the distribution of red blood cells is less rele-
vant in the final saturation estimation due to the required averaging and resulting
image acquisition speeds to achieve desired SNR. Current commercial SLO tech-
nology has an imaging speed of about 30 Hz, which facilitates the averaging of
multiple consecutive images to accomplish noise reduction.

The effective path length (⟨Leff ⟩) that photons travel through a tissue volume
before being collected depends on the illumination and collection geometry and
is also a function of the optical properties of the tissue and is, therefore, wave-
length dependent. We have assumed that the effective path length for the two
wavelengths used to calculate the factor ρ (Eq. 4.12) is almost the same. In the
wavelength range 450-600 nm where absorption remains of the same order and
scattering varies slowly with wavelength (roughly as 1/λ). However, if there is a
slight mismatch in the path lengths, this results in an offset in the saturation esti-
mation. We have calculated that a 20% mismatch in path lengths (⟨Lλp

⟩/⟨Lλi
⟩ =1.2)

could lead up to a 30% offset in the saturation estimates. For the phantoms that
we fabricated, scattering was a slowly varying function of wavelength, similar to
tissue, and the absorption coefficients of the dyes in the channels were of the same
order of magnitude as the absorption coefficients of oxy- and deoxyhaemoglobin.
For our phantoms, we have shown to accurately recover the saturation in the chan-
nels, suggesting that there were no significant changes in the path length due to
scattering and absorption in a tissue-mimicking phantom with relevant scattering
and absorbing properties. A limiting factor of our phantom was that the dyes that
mimic the oxy- and deoxyhemoglobin were non-scattering, which is different from
real blood.

Additionally, in a sub diffuse approach, pigments which are present in the retina,
especially in the retinal pigment epithelium (RPE) and absorption background due
to choroid blood can affect the recorded intensity. The effect of the melanin on
backscattered light varies with concentration [52], and an a priori knowledge of the
pigment concentration in RPE melanin and its contribution to the backscattered
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light can aid in removing the influence of RPE in the backscattered light. OCT-
based oximetry methods might have an advantage here that layers of the retina
free from the influence of RPE can be used for extracting the intensities. But, OCT
being a coherent detection method suffers from speckles, and a significant amount
of averaging has to be performed to improve the image quality and reduce the er-
ror on intensity down to 1%. We must emphasise that insufficient removal of the
system reflections from the recorded intensities will result in a wrong estimation of
the ODs and hence the saturation. Therefore, in our experiments, all the internal
system reflections were subtracted by taking a reference measurement without any
sample.

There have been several attempts to choose the optimal wavelengths for retinal
oximetry but none of them has accounted for the haemoglobin packaging effect.
Most of these attempts were aimed at two wavelength oximetry [15, 53, 54] using
one isosbestic wavelength and another non-isosbestic wavelength where |µHbO2

a (λ)−
µHb
a (λ)| is maximum, the popular choice being 570 nm (isosbestic) and 600 nm.

While this wavelength combination might give sufficiently accurate saturation es-
timation in arteries, our analysis shows that they are not reliable for low saturation
values of S < 60%. Schweitzer et al.[55] reported a physiologically relevant retinal
oxygenation range of 57 %-92%. However, lower saturations may be expected due
to various pathological conditions. Smith et al. [56] chose 803 nm (isosbestic) and
670 nm to estimate the saturation. The infra-red wavelengths have weak blood
absorption and therefore give a poor estimate of the blood absorption leading to a
large error in the saturation estimations according to our calculations. In 1988 Delori
[14] used three wavelengths — 558 nm, 570 nm (isosbestic) and 548 nm (isosbestic)
— to scan a small area of the retina with blood vessel tracking to reduce eye mo-
tion artefacts. This wavelength choice, similar to the 570-600 nm wavelength pair,
results in poor accuracy for low saturation values, S < 60 %. Our assessment of
the modified oximetry equations suggests that the 470, 506 (isosbestic) and 592 nm
triad is the best combination for oximetry. Although this choice spans a relatively
broad wavelength range (≈130 nm), the absorption coefficients and scattering coef-
ficients in this wavelength range are similar to those we have used in our phantoms,
suggesting that the effective path lengths differences within this wavelength range
are of minor importance.

The accuracy of saturation estimation can be potentially improved by includ-
ing more wavelengths. To this end, hyperspectral imaging [17, 23–25, 57, 58] ap-
proaches towards in vivo retinal oximetry have also been undertaken by various
groups. However, the challenge of acquiring images with sufficient SNR from mul-
tiple wavelengths at high spatial resolution, in a large field of view, with high speed
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and with low power levels remains.

4.5 Conclusions

We have presented a method to select optimal wavelengths for oximetry measure-
ments in the retina through an error analysis on a modified oximetry equation
that includes the effect of pigment packaging. The result of the analysis yielded
470 nm, 506 nm (isosbestic) and 592 nm as three suitable wavelengths for accu-
rate estimation of oxygenation in the retinal blood vessels. We have developed
a quasi-confocal, multispectral SLO capable of simultaneously imaging the retina
at all these wavelengths and demonstrated the validity of our approach in tissue-
mimicking phantoms. In vivo human experiments are pending ethical committee
approval.
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Abstract

Scanning laser ophthalmoscopes (SLOs) have the potential to perform high speed,
high contrast, functional imaging of the human retina for diagnosis and follow up
of retinal diseases. Commercial SLOs typically use a monochromatic laser source
or a superluminescent diode for imaging. Multispectral SLOs using an array of
laser sources for spectral imaging have been demonstrated in research settings,
with applications mainly aiming at retinal oxygenation measurements. Previous
SLO based oximetry techniques are predominantly based on wavelengths that de-
pended on laser source availability. In this paper, we describe a novel SLO sys-
tem based on a supercontinuum source and a double-clad fibre using the single
mode core for illumination and the larger inner cladding for quasi-confocal de-
tection to increase throughput and signal to noise. A balanced detection scheme
was implemented to suppress the relative intensity noise of the supercontinuum
source. The SLO produced dual wavelength, high-quality images at 10 frames per
second with a maximum 20o imaging field of view with any desired combination of
wavelengths in the visible spectrum. We demonstrate SLO-based dual wavelength
oximetry in vessels down to 50 microns in diameter. Reproducibility was demon-
strated by performing 3 different imaging sessions of the same volunteer, 8 minutes
apart. Finally, by performing a wavelength sweep between 485 and 608 nm we de-
termined for our SLO geometry an approximately linear relationship between the
effective path length of photons through the blood vessels and the vessel diameter.

5.1 Introduction

Measuring the amount of oxygenated and deoxygenated haemoglobin present in
the retinal vessels is potentially very valuable to detect and monitor retinal dis-
eases. Oxygen saturation in the retinal vasculature is an important indicator of reti-
nal health [1, 2]. Several studies have investigated and found associations between
retinal pathologies and retinal vessel oxygen saturation [3–9]. Moreover, retinal
vessel oxygen saturation has also been linked to neurodegenerative diseases [10–
12]. Various imaging techniques have been employed in the past to measure reti-
nal oxygen saturation [13–22], while recently emerging techniques have enabled
oximetry to be applied in a variety of in vivo applications [23–25]. Nevertheless,
the vast majority of retinal oximetry studies use a fundus camera-based approach,
which has a limited spatial resolution and provide insufficient contrast to perform-
ing oximetry in retinal microvessels smaller than ∼100 microns. However, it is in
the smaller microvessels that the oxygen saturation is expected to decrease in re-
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sponse to local increased metabolic demand or decreased oxygen delivery capacity.
The larger retinal vessels that can be resolved by fundus cameras are expected to be
much less sensitive to local changes in tissue metabolic demand or microvascular
dysfunction; therefore, the microvasculature provides the most clinically relevant
information on local tissue metabolic status. This motivates the development of an
SLO-based oximeter, capable of resolving the oxygen saturation in vessels as small
as ∼50 micrometres.

We have recently shown that the signal to noise ratio (SNR) of the retinal image
strongly influences the accuracy of retinal oximetry [26]. Since the permissible light
exposure of the retina is limited in order to prevent injury, it is important to use the
allowable light budget efficiently. This implies that imaging should be performed
at dedicated wavelength bands, providing the highest SNR for the available light
budget. Additionally, averaging of multiple scans of the retina at each wavelength
may be necessary to reach a target SNR required to achieve the desired oxygen
saturation accuracy.

In this paper, we demonstrate the next-generation SLO-based retinal oximeter
with optimised wavelengths and throughput, which can measure retinal oxygena-
tion in vessels down to ∼50 microns diameter. We will first briefly describe the
method to select an optimum wavelength for retinal oximetry by taking into ac-
count the error on the measured intensities in the retina, the pigment packing effect,
the maximum permissible power that can be used for retinal illumination, and the
quantum efficiency of the detector. Then we describe the design of an SLO that em-
ploys a supercontinuum (SC) source for producing continuous, high contrast im-
ages at any desired wavelength from 484 to 700 nm at a speed of 10 frames/second.
Balanced detection was implemented to suppress the relative intensity noise (RIN)
of the SC source, required to achieve a sufficiently high SNR in the retinal images.
Finally, to establish the imaging capabilities of the device, healthy volunteers were
imaged. We demonstrate the effect of including an achromatizing lens in the setup
to cancel the chromatic aberrations of the eye. Finally, we demonstrate that the ex-
tracted oxygen saturation of the smaller retinal vessels is reproducible and within
physiological expected ranges.

5.2 Methods

5.2.1 Wavelength selection for dual wavelength retinal oximetry

Oxygenation is typically assessed by imaging the retinal vessels at different wave-
lengths using multispectral imaging techniques where the choice of wavelengths
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will affect the achievable measurement accuracy. In an earlier publication, we pro-
vided a detailed explanation and calculation of retinal oximetry with and without
the pigment packing effect [26]. Here we present a summary of the calculations
but now without assuming the use of an isosbestic wavelength for oximetry, as was
done in our previous paper. Furthermore, we will account for the maximum per-
missible power that can be used for retinal illumination and the quantum efficiency
of the detector in the calculations.

Let I(xb, λ) and I(xt, λ)) be the recorded intensities in the retinal image at the
centre of the blood vessel and adjacent tissue location, respectively, at a wavelength
λ and for equal illumination intensity at both locations. The relative optical density
ODλ of the blood vessel location compared to the surrounding tissue can be written
as:

ODλ = ln
( I(xt, λ)

I(xb, λ)

)
= ⟨Leff (λ)⟩ ·

(
S · µHbO2

a (λ) + (1− S) · µHb
a (λ)

)
+G(λ) (5.1)

where the attenuation of the reflected light due to the blood within xb is gov-
erned by modified Beer-Lamberts law [27, 28], with ⟨Leff (λ)⟩ , the effective path length
of photons travelling through the probed volume before reaching the detector. The
absorption coefficients [29] of oxy- and deoxy-haemoglobin are given by µHbO2

a (λ)

and µHb
a (λ), respectively, assuming a concentration of haemoglobin of 15 g/dL.

G(λ) is a factor which accounts for any apparent increase or decrease in the ODs
purely due to scattering differences within the volumes xb and xt. We define the
ratio of ODs at 2 wavelengths λ1 and λ1 as:

ρλ1|λ2
=

ODλ1

ODλ2

(5.2)

We can then write the saturation (i.e., the fraction of the oxygenated haemoglobin
concentration to the total concentration of haemoglobin) as [26],

Sλ1|λ2
=

ρλ1|λ2
· µHb

a (λ2)− µHb
a (λ1)

(µHb
a (λ2)− µHbO2

a (λ2)) · ρλ1|λ2
+ (µHbO2

a (λ1)− µHb
a (λ1))

+ α ·G (5.3)

where the factor α · G 1 is an offset, if any, to the saturation due to scattering.
The error on the saturation, ∆S is given by,

1α = ρ−1

⟨Leff ⟩·ν·((µHbO2
a (λ2)−(µHb

a (λ2))·ρ+(µ
HbO2
a (λ1)−(µHb

a (λ1)))
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∆S =
dS
dρ ·∆ρ (5.4)

where the error in ρλ1|λ2
, ∆ρ is given by the underlying error in the ODs re-

sulting from the error in recorded intensities (please refer to Damodaran et al.[26]
for mathematical expressions relating ∆S to ∆I). The error in saturation can be cal-
culated using Eq. 6.4. The result is plotted in Fig. 5.1 for different wavelength
combinations where λ ∈ [460 650] nm and the standard error on the mean recorded
intensity values (∆I/I) was assumed to be 1%. This figure shows the wavelength
combinations that give the smallest saturation errors for a given saturation level.
Fig. 5.1 depends on Eq. 6.3, which is correct for a large blood vessel present super-
ficially in the retina with a diameter comparable to the collection area. In case of a
small blood vessel embedded in the scattering retinal tissue that is illuminated with
a narrow beam, and when the collection aperture is much larger than the illumina-
tion aperture and the blood vessel diameter, then the blood vessel occupies only
a small portion of the total probed volume and hence the pigment packing effect
should be considered and incorporated into the ODs [26, 30, 31]. Equation 6.3 can
then be written as,

Sλ1|λ2,pp =
ρλ1|λ2

· Cλ2

Cλ1
· µHb

a (λ2)− µHb
a (λ1)

(µHb
a (λ2)− µHbO2

a (λ2)) · ρλ1|λ2
· Cλ2

Cλ1
+ (µHbO2

a (λ1)− µHb
a (λ1))

+ α ·G

(5.5)
where Cλ is the correction factor to include the pigment packing effect and α·G2

is an offset due to scattering. It can be observed that if the ratio of correction factors
Cλ2

/Cλ1
in Eq. 5.5 is 1, Eq. 5.5 reduces to Eq. 6.3 i.e., Cλ2

/Cλ1
≃1 ⇒ Sλ1|λ2

≃
Sλ1|λ2,pp.

Figure 5.2A shows an ensemble ∆S where weights of 0.4, 0.6 , 0.8, 1.0 and 1.0
were applied to the five different saturation graphs S = 0.00, 0.25, 0.50, 0.75 and 1.00
in Fig. 5.1, respectively. The weights were chosen to favour the more physiologi-
cally relevant, health range of oxygen saturation [32]. Figure 5.2B shows the differ-
ence in calculated saturation with and without the pigment packing effect defined
as the saturation offset, Soffset (Soffset = Sλ1|λ2

− Sλ1|λ2,pp) due to the pigment
packing effect when the same weights were applied. Figure 5.2C shows addition
of the saturation offset and the saturation error for wavelengths λ1, λ2 ∈ [450 650]
respectively. Finally Fig. 5.2D shows Fig. 5.2C corrected for the wavelength de-
pendent maximum permissible exposure (MPE) prescribed for 30000 seconds of

2α = ρ−1

⟨Leff ⟩·ν·((µHbO2
a (λ2)−(µHb

a (λ2))·ρ·Cλ2
+(µ

HbO2
a (λ1)−(µHb

a (λ1))·λ1
)
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continuous single point exposure[33] (see Fig.15 in Appendix), and responsivity of
the detector across the wavelengths[34]. The ∆I/I value was 1% for the MPE and
responsivity at 600 nm, and increases linearly for decreasing MPE and responsivity
as a function of wavelength to get Fig. 5.2D. For example at 460 nm, the MPE nor-
malised on the MPE for λ≥ 500 nm was 0.1 and the responsivity normalised on the
responsivity at 600 nm was 0.7 and hence the ∆I/I was adjusted to 14.3%. Based on
Fig. 5.2D, 498 nm and 594 nm wavelengths were chosen for oximetry estimation.
Further, this wavelength choice was used as a software setting for central wave-
length in the wavelength settings tunable filter of the supercontinuum source. The
resulting light spectrum measured with these wavelength settings was convolved
with the absorption spectrum values [29] and the following values of the absorp-
tion coefficients were obtained and used for calculating the oxygen saturation in
the retina : µHb

a (λ1) = 11.0, µHbO2
a (λ1) = 9.5, µHb

a (λ2) = 7.3 and µHbO2
a (λ2) = 13.1.

5.2.2 System design

The scanning laser oximeter setup was an adaptation of our previous design [26],
with the aim to optimise the SNR of our imaging system. A schematic layout of
the system is shown in Fig. 5.3. The light from an SC source (EXU-6, NKT Photon-
ics A/S, Birkerød, Denmark) was filtered using a tunable filter (Select, NKT Pho-
tonics A/S, Birkerød, Denmark). A 90:10 fused single-mode 460-HP fibre coupler
(TW560R2A2, Thorlabs GmbH, Germany) was used to send 10 % of the light into
detection module II for continuous laser power monitoring and balanced detection
(see section 2.3). The core of the double clad fibre (DCF) in port S of the DCFC
[35, 36] was excited using the 90 % port of the splitter. About 94 % (transmission
measured at 550 nm) of this light reached the port A of the DCFC. A reflective fibre
collimator (RC02APC-P01, Thorlabs GmbH, Germany) was used to collimate the
fibre output from port A into a 2.2 mm beam. This beam size was optimum for
two reasons: (i) The beam size was small enough that the beam is not clipped in the
pupil of the subject even with the expected pupil constriction due to bright visible
radiation. (ii) This beam size was close to the optimum pupil size for lateral resolu-
tion [37] A dichroic mirror (D3, long pass cut off 700 nm) was used to prevent any
residual pump light of the SC from entering the rest of the system. A custom made
dispersion compensating lens (DCL) (Shanghai optics Inc., H-FK61 and K4A, f =
1800 mm) was placed in the common beam path to compensate for the longitudi-
nal focal shift arising from the chromatic aberration of the human eye [38]. A com-
bination of a 2.56 kHz resonant scanner (5.12 kHz line rate by utilising both sides
of scanner sweep) (EPOC., Glendale, New York, USA), and a 10 Hz galvanometer
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S+Soffset
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Figure 5.2: in silico analysis of saturation error and saturation offset — A: Saturation error
∆S for different wavelength combinations for λ1, λ2 ∈ [450 650] nm. The standard error on
the mean recorded intensity values (∆I/I) was assumed to be 1%. All values of ∆S > 0.05
are shown as as 0.05. B: Calculated saturation difference with and without pigment packing
effect shown as an offset (Soffset = Sλ1|λ2

− Sλ1|λ2,pp) for a 50 µm diameter blood vessel.
Values of Soffset > 0.1 are shown as 0.1. C: Addition of the saturation offset and the sat-
uration error for different wavelength combinations. The color bar has a range [0.05 0.15].
D: Addition of saturation offset and saturation error corrected for the maximum permissi-
ble exposure (MPE) prescribed for 30000 seconds of continuous single point exposure (see
Appendix), and quantum efficiency of the detector across the wavelengths.
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Figure 5.3: A: Schematic sketch of the scanning laser oximeter showing the various compo-
nents: The abbreviated components are described in the legend. The light from port A of the
DCFC was collimated using RC into a 2.2 mm beam. The reflected signal from the retina was
collected using the cladding of the DCF with a diameter of 105 µm and a numerical aperture
(NA) of 0.22. This light is coupled on to the MMF with a diameter of 200 µm and an NA of
0.22. Thus, the illumination pinhole size is 9 µm and the detection pinhole size is 105 µm.
The maximum collection beam diameter of RC was 8 mm. However, the limiting aperture
in the optical setup is the pupil of the subject.
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mirror (Cambridge tech., Bredford, USA) placed close to each other were used to
achieve an imaging throughput of 5.12 million pixels / second (10 frames / second
× 512 lines / frame × 1000 pixels / line). A 1:1 telescope consisting of achromatic
doublet pairs was used to relay a point approximately in the middle of the two
scanning mirrors onto the pupil of the eye. The reflected and scattered light from
the retina was then collected using the inner cladding of the double clad fibre in
port A. About 63 % (transmission measured at 550 nm) of the collected light is then
coupled into the multi-mode fibre (MMF). The fibre cross-section of the DCF and
the MMF in the DCF coupler are also shown in Fig. 5.3.

The detection modules consist of a collimating lens (L1 and L4, f = 18 mm), a
dichroic mirror (D1 and D2, long pass cutoff 532 nm), two focusing lenses (L2, L3,
L5 and L6, f = 25 mm) focusing the spectrally separated light on the active area
of avalanche photodiodes (APD) (APD410A2, Thorlabs GmbH, Germany). Two
clean-up filters (CF1, CF3: bandpass 470 ± 50 nm, CF2, CF4: long pass 532 nm) were
placed just before the focusing lenses to avoid any contribution of light from an un-
intended wavelength. The detectors in both the detection modules were connected
to a 12-bit digitizer (NI-PCI6115, 10 million samples /second /channel, National
Instruments, Austin, Texas). The signals from the four detection modules were
sampled using four parallel channels of this digitizer running on a single clock.
Port B of the DCF coupler was placed in a medium whose index was matching the
core index of the MMF to suppress the back reflection from the exit surface of the
fibre faucet from entering the detection module I.

5.2.3 Balanced detection to increase the signal-to-noise ratio

Spectrally filtering an SC light source provides an excellent wavelength-flexible al-
ternative to the existing approaches of multispectral imaging. However, in an SC
light source such as the EXU-6 used in the setup shown in Fig. 5.3, the generation
of a large optical bandwidth through non-linear processes [39, 40] results in high
relative intensity noise (RIN) compared to traditional sources such as LEDs, lasers,
and superluminescent diodes. The fundamental noise limitation of an SC source is
described well by Corwin et al. [41]. The pulse-to-pulse intensity variations in the
SC source amounts to the RIN. In principle, RIN can be suppressed by averaging
more pulses within the integration time of the detector. The EXU-6 has a repetition
rate of 78 MHz, and given the short integration times of our SLO, (∼380 ns) only
30 pulses were averaged within an integration time resulting in a significant RIN
component in the total noise figure. The total noise power of the system can be
written as,
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σ2
I = σ2

shot + σ2
thermal + σ2

RIN + σ2
DAQ (5.6)

where σ2
shot is the signal dependent shot noise power, which is the limiting noise

component in an ideal heterodyne system, σ2
thermal is the signal independent ther-

mal noise power that is inherent to the photodetector, σ2
DAQ is the noise due to

digitization of the signals, and σ2
RIN is the excess noise due to the RIN of the SC.

The signal to noise ratio (SNR) of the detected signal in the APD can be written as,

SNR [dB] = 10 · log
[µI

σI

]
(5.7)

where µI is the mean of the signal and σI is the standard deviation of the sig-
nal. The noise performance of the EXU-6 SC light source is shown in Fig. 4. The
number of detected photons within an integration time was controlled using a fi-
bre attenuator. The thermal noise was measured in the absence of any incident
photons, and gradually the number of photons was increased until the detectors
reached 90% saturation. By including a 1 MHz low-pass filter with a very sharp
cut-off, high frequency noise is eliminated. At each moment, the mean and vari-
ance of the photocurrent measured by the detector was determined, and plotted.
Figure 5.4 shows that the unbalanced detection suffers from significant RIN contri-
bution (dashed green and red lines). In our balanced detection scheme, The signals
of detection module 1 were divided by the respective reference signals of detection
module 2 to yield RIN corrected signals for each wavelength. Since OD was calcu-
lated as a ratio of two RIN corrected intensities at the same wavelength at different
locations, the actual magnitude of the module 2 signals is divided out, so the OD
does not depend on the actual magnitude of the module 2 signals. This method
resulted in an additional SNR improvement due to RIN suppression. Around 5
dB improvement in signal to noise ratio (SNR) was achieved by using balanced
detection and a 1 MHz low-pass filter. Figure 5.4 shows the improvement in SNR
achieved by balanced detection for 500 nm and 600 nm wavelengths (dotted green
and red lines).

5.2.4 Wavelength sweep hyperspectral imaging

The acousto-optic tunable filter (Select, NKT Photonics A/S, Birkerød, Denmark)
used in the system (Fig. 5.3) allows to perform a wavelength sweep for the de-
sired wavelength ranges between 450 and 650 nm and in desired steps (minimum
step size 0.1 nm, maximum sweep speed of 10 wavelengths/s). We performed
a wavelength sweep from 485 to 608 nm with the SLO with a step size in wave-
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600 nm unbalanced 

600 nm balanced 

500 nm unbalanced 

500 nm balanced 

Figure 5.4: Noise performance of the SC source shown by plotting the SNR for different lev-
els of mean signal in the photodetector for two wavelengths, 500nm and 600 nm. The graph
shows the theoretical shot noise limited SNR (solid black line), and the expected SNR due to
the additional contribution of thermal and quantization noise to the shot noise (dotted black
line). The measured SNR for two different wavelengths 500 nm and 600 nm is also shown
(dashed green and red line, respectively). The SNR deteriorates for higher photocurrents
because RIN noise scales as the square of detected photons in the photodetector. By using
balanced detection, an improvement in SNR of approximately 5 dB was achieved for these
wavelengths (dotted green and red lines).

length of 3 nm and sweep speed of 1 step/s. Given that the imaging speed of our
SLO is 10 fps, this enabled acquiring high-quality retinal images at a rate of 10
images/wavelength within 42 seconds of imaging. For these measurements, the
dichroic filters D1, D2 and the clean-up filters CF2 and CF4 (see Fig. 5.3) were
removed and only one channel was used in each detection unit.



5555555555

5.2. Methods 123

5.2.5 in vivo human measurements

The clinical pilot study obeyed the principles of the Declaration of Helsinki and
was approved for human use by the medical ethical review board at the Amster-
dam Universitair Medische Centra (VUmc location), Amsterdam. Tropicamide 0.5
% w./v. drops were administered for pupil dilation during imaging. The optical
power used for measuring human subjects was in agreement with the maximum
permissible exposure established by the latest IEC standard 60825-1 [33]. The laser
safety considerations are detailed in Appendix A. Different FOVs could be imple-
mented by changing the voltages provided to the scanners. Background measure-
ments were taken prior to each imaging session and were subtracted from SLO
images to remove artefacts such as lens reflections. In order to utilize the full dy-
namic range of the detector, strong lens reflections from the last ophthalmic lens in
the system were allowed to saturate the detector. All other stray reflections which
did not saturate the detector were removed using the background measurements.

5.2.6 Retinal vessel segmentation and oxygenation map

Image registration

Intensity images

Image denoising

Retina vessels segmentation 

Retinal oxygenation

calculation 

Image normalization

Contrast enhancement 

Figure 5.5: Pipeline for vessel segmentation and oxyenation extraction from retinal images.

The SLO images were background corrected by performing a reference mea-
surement before imaging in vivo. The background subtracted images were cor-
rected for the sinusoidal scanning of the resonant scanner into a single image. The
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retinal oxygenation was constructed using the flow diagram shown in Fig. 5.5.
First, several linear intensity images were registered using the scale-invariant fea-
ture transform method (SIFT) [42]. After correcting the images for translation, rota-
tion and affine transformations, an averaged image was constructed from the reg-
istered data. In order to segment and extract the vessels in the retinal image, the
averaged image Im(x, y) was normalized as ImN (x, y)= Im(x,y)−min[Im(x,y)]

max[Im(x,y)]−min[Im(x,y)] ,
where min and max are defining the minimum and the maximum values in the reg-
istered and averaged image. Under the assumption that the SLO images have an
approximate piecewise constant structure, the images were denoised using a total
variation (TV) algorithm in order to preserve the vessel edges. Subsequently, con-
trast enhancement was applied to determine the blood vessel boundaries correctly.
As has been shown by Davidoiu et al.[43], a regularization TV model using a spe-
cialized fixed-point algorithm and isotropic total variation (ITV) norm improved
the 2D vasculature network segmentation for ex-vivo heart data. In our case, the
regularization parameter in the total variation algorithm has been fixed and chosen
to be equal to the standard deviation of the normalized image and the convergence
stopping parameter value has been set to 0.01. The contrast enhancement of the
denoised image was performed using a method called contrast-limited adaptive
histogram equalization (CLAHE) [44]. Finally, the blood vessels detection and di-
ameter calculation was performed using wavelets and edge location refinement
(ARIA) [45]. The extracted vessel boundary coordinates were exported to Matlab,
and were applied to the averaged image Im(x,y). The extraction of the blood and
tissue intensity values was done using the method described by Damodaran et al.
[26].

5.3 Results and discussion

5.3.1 Technical aspects regarding multispectral SLO with an SC
source

SNR improvement by balanced detection

Figure 5.6 shows the comparison between in vivo retinal images with and without
balanced detection in three different volunteers with three different wavelengths.
These images clearly show the improvement in image quality due to balanced de-
tection. As described in section 2.3, the RIN of the supercontinuum source was
mitigated by using a balanced detection scheme. This resulted in an SNR improve-
ment of 5 dB.
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Figure 5.7: Images from right eye of a human volunteer shows the effect of LCA in the
absence or presence of a dispersion compensation lens. The foveal pit (red arrows) appear
more uniform in the images with dispersion compensation (below) compared to the images
without dispersion compensation (top). Scale bar represents 300 µm in the retina.
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Compensation for chromatic aberrations of the eye

Chromatic aberrations in the human eye have been studied previously [46, 47]. The 
longitudinal chromatic aberration (LCA) is a potential source of error in oximetry 
due to the dispersion in the human eye [38]. LCA causes the spatial location of each 
pixel in the multispectral image to be in a slightly different axial plane for different 
wavelengths. This effect can lead up to a 220 µm longitudinal focal shift between 
the 498 nm and 594 nm wavelengths [48]. This effect can be corrected, as has been 
shown previously by others [49, 50], by using a dispersion compensating lens in 
the beam path.

Images acquired at 500 nm and 600 nm without the dispersion compensation 
lens (Fig. 5.7) in the right eye of a healthy human volunteer demonstrate that chro-
matic aberrations affect the multiwavelength SLO images; note the difference in 
the appearance of the foveal pit in the 500 nm and 600 nm images. This can be ex-
plained by a focal position that is at the depth of the foveal pit for the 600 nm image, 
while the 500 nm image has a shallower focus as evidenced by the dark appearance 
of the foveal pit due to confocal gating. This focal separation between the different 
wavelengths was compensated by a dispersion compensation lens (Fig. 5.3) that 
resulted in the images (Fig. 5.7 (bottom)) having a more uniform appearance of the 
foveal pit between the 500 nm and 600 nm channels. These images are similar to 
LCA-compensated images published by Larocca et al. [50].

The transverse chromatic aberrations (TCA) between the wavelengths was com-
pensated in post-processing of the images by applying a transformation metric 
which aligns the images of different wavelengths to a chosen wavelength.

Effect of the size of the illumination and collection apertures of the DCF coupler

We determined the effect of using a double clad fibre with different core and inner 
cladding diameters on throughput and sharpness of the image. Double clad fibre 
couplers with the same multimode fibres, but different DCFs (different core and 
inner cladding diameters) were used. Figure 5.8A shows an unaveraged SLO image 
of right eye of a healthy male volunteer imaged with a DCF having a core diameter 
of 2.3 µm (single mode at 430 nm) and an inner cladding of 15 µm compared with a 
DCF having a core diameter of 9 µm and inner cladding diameter of 105 µm (figure 
5.8B). The figs show that while the 2.3 µm/15 µm DCF gives images with sharper 
appearance, this comes at the cost of throughput as indicated by the intensity scale 
bars. For sub diffuse measurements with higher throughput requirements for fast 
quantitative imaging, the 9 µm/105 µm DCF is better suited since the amount of 
averaging required to achieve an SNR of 20 dB is smaller than for the 2.3 µm/15 µm
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DCF.

5.3.2 in vivo two wavelength oximetry

Retinal oximetry was demonstrated in two healthy volunteers using the optimal
two wavelengths, 498 nm and 594 nm. Figure 9A and 9B show the retinal images
at 498 nm and 594 nm, respectively. After vessel segmentation and analysis as
described section 2.6, an oxygen saturation map of the blood vessels was created
and overlaid on the 594 nm image as shown in Fig. 5.14C. Figure 5.14D shows
an image taken with the Oxymap Tx for comparison. Similar measurements were
made in volunteer 2, as shown in Fig. 5.9. The smallest vessels for which oxygen
values are provided are 40 micrometres in diameter.

To analyse the repeatability of the oxygenation measurements, volunteer 1 was
imaged three times with 8 minutes intervals in between the measurements. The
average oxygenation in 4 vessels (vessel 1-3: arteries; vessel 4: vein) are shown
in Fig. 5.10. The calculated oxygenation values in these vessels reproduce very
well, despite the difference in positioning of the eye between the 3 imaging ses-
sions, resulting in different overall intensity levels and differences in focus depth,
as evidenced by the different appearance of the foveal pit across the 3 sessions.

5.3.3 Wavelength sweep hyperspectral imaging

Similar to other SLO systems, the system described in Fig. 5.3 can image different
sections of the retina at high frame rates, but the SC source used in our system also
has the advantage of imaging at any desired wavelength and to sweep wavelengths
in selected ranges and steps in the 484 to 700 nm range. Figure 5.11 shows the in
vivo result of a wavelength sweep from 485 to 608 nm performed in Volunteer 2.
The measurement took 42 seconds to complete, and each wavelength image shown
in the figure was registered to the first frame of that wavelength and averaged in
post-processing. As a result of the balanced detection and well-fixated eye of the
volunteer, the images exhibit good contrast.

Six blood vessels providing a wide range of vessel diameters were selected from
the spectral cube and the OD values were obtained for these vessels after perform-
ing the vessel segmentation in individual images. The weighted mean and the stan-
dard deviation (weights = 1/standard error) were obtained for these vessels and
Equation 5.1 (where G was assumed to be 0 and the blood haemoglobin concen-
tration was assumed to be 15 g/dL) was used as the model to perform a weighted
fit the OD values in order to extract the ⟨Leff ⟩ and S values as shown in Fig. 5.12.
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Figure 5.9: A: Estimated oxygenation values in volunteer 2; B: Corresponding image by
Oxymap Tx. Scale bar represents 300 µm in the retina.
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Figure 5.10: Retinal imaging was performed in Volunteer 1 with an interval of 8 minutes
to study the repeatability of the measurements. A-C: Measurements made at 0, 8 and 16
minutes in Volunteer 1 with the calculated oximetry for 3 large arteries and a vein. Scale bar
represents 300 µm The numerical valued are plotted in D.
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Figure 5.11: Wavelength sweep from 485 nm to 608 nm
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Figure 5.12: Plot of OD as a function of wavelength for six blood vessels in the right eye of a
healthy volunteer.
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Regression

95% CI

Fitted Line Plot
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[mm]=(0.46*Dves  +0.0052)[mm]

Figure 5.13: Linear regression fit of the effective path length ⟨Leff ⟩ as a function of the blood
vessel diameter Dves
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Figure 5.14: SLO images taken from a healthy human volunteer at two wavelengths 498
nm (A) and 594 nm (B). 10 frames were registered and averaged to improve the SNR of the
images. The estimated oximetry results are shown in C. D shows the image acquired using
Oxymap Tx ehf. for comparison. Scale bar represents 300 µm in the retina.
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The S values of these vessels are similar to the values obtained by dual-wavelength
imaging of the same volunteer (Fig. 5.9) and oxygen saturation maps obtained
with Oxymap Tx e.h.f. The errors on the fitted parameters were calculated from
the diagonals of the covariance matrix [51]. From the fitted values of ⟨Leff ⟩, the
relationship between ⟨Leff ⟩ and Dves for these vessels (Dves ≥ 70 µm) could be
established, and this relationship is plotted in Figure 5.13. The relation between
⟨Leff ⟩ and Dves was found to be fitted well by a linear function, ⟨Leff ⟩[µm]=(0.46
·Dves+ 5.2) ± 6.0 [µm] where ⟨Leff ⟩ and Dves are given in micrometres. From this
relationship we conclude that our sub-diffuse SLO imaging scheme, where a small
illumination spot is used in combination with a large collection aperture, works in a
light transport regime between a fundus camera (where ⟨Leff ⟩ = Dves) and a truly
confocal SLO (where ⟨Leff ⟩ = ⟨Lbs⟩ with ⟨Lbs⟩ the backscatter path length which is
not expected to have a linear dependence on Dves. We expect that the exact relation
between ⟨Leff ⟩ and Dves depends on the details of the measurement geometry, and
will, for example, be different for different DCF cladding sizes or, equivalently, for
different confocal aperture sizes. Furthermore, we have here in our fits assumed
⟨Leff ⟩ to be wavelength independent, whereas it is expected that ⟨Leff ⟩ depends
on the scattering and absorption coefficients of blood and is therefore in reality
wavelength dependent. This is a topic for future investigations.

One notable advantage of the wavelength sweep using the SLO is the availabil-
ity of the spectral properties of the entire retina for multiple wavelengths. This will
in the future permit expansion of the diagnostic capabilities of an SLO by providing
spectral fingerprints of additional chromophores such as carotenoids. However, the
imaging speed of the wavelength sweep should be dramatically improved before
the clinical implementation of wavelength sweeping would become feasible.

5.4 Conclusion

In conclusion, we have demonstrated in vivo human retinal imaging with a novel
SLO based on a supercontinuum source. The RIN noise of the illumination source
has been addressed by implementing balanced detection. The balanced detec-
tion increased the SNR, and therefore improved the image quality and accuracy
of oximetry calculations. The implementation of an achromatizing lens reduced
the effect of chromatic aberrations introduced by the human eye, although this did
not have a large effect on saturation estimation. The use of a double clad fibre with
large inner cladding provided the best trade-off between image contrast and SNR.
This allowed for high-resolution in vivo visualization of the oxygenation of retinal
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blood vessels in healthy volunteers. The oxygen saturation of the larger vessels of
the retinas of two human volunteers were in agreement with the Oxymap derived
saturations; in addition, our SLO system was able to provide oxygen saturation
in much smaller vessels. The saturation measured in 3 different imaging sessions
of the same volunteer (8 minutes apart) demonstrated the reproducibility of our
measurements. Finally, by performing a wavelength sweep between 485 and 608
nm we determined an approximately linear relationship between the effective path
length of photons through the blood vessels and vessel diameter for our SLO ge-
ometry that employs a DCF with a large inner cladding. It is expected that our SLO
will be a valuable tool to study the effect of degenerative retinal diseases on the
oxygenation in the retinal microvasculature.
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Abstract

Haemoglobin concentration in blood is an important biomarker. Current methods
to measure blood haemoglobin concentration involves the invasive procedure of
drawing blood from a vein or through a finger prick. In this letter, a non-invasive
spectrophotometric method to image the retina simultaneously at two isosbestic
wavelengths and to extract the haemoglobin concentration values from the two
images is presented. We have measured the haemoglobin concentration in human
retinas using a dual-wavelength scanning laser ophthalmoscope that uses a super-
continuum light source, and a balanced detection scheme. The optimum wave-
length combination (522 nm and 548 nm) for the measurement was chosen based
on an error propagation analysis.

6.1 Introduction

Haemoglobin (Hb) concentration in blood is used for many applications in the
medical field, e.g. for anaemia diagnosis [1], to screen blood donors, and in trans-
fusion guidance. The need to draw blood for Hb concentration for analysis is un-
desirable for several reasons, including discomfort to the patient, the time required
of medical personnel to draw and handle the samples, and the potential risk of
spreading blood-borne diseases through punctures of the skin. Repeated drawing
of blood samples and in vitro analysis is especially undesirable in infants, in situ-
ations with blood loss, and low resource settings in developing countries. Several
methods attempting non-invasive Hb concentration quantification have been in-
vestigated previously [2]. These methods are mostly based on measurements in
skin extremities such as the fingertip or earlobe [3, 4] and require extensive cal-
ibration due to the lack of direct visual access to blood vessels. Further, studies
assessing the accuracy of point-of-care tests [5] have found high variability in Hb
concentration obtained from successive drops of fingerpick blood. Both Hb con-
centration and haematocrit are used for the diagnosis of anaemia. They are related
through the mean corpuscular haemoglobin concentration, which is assumed to be
32 to 36 [g/dL] for human blood [6]. Thus, Hb concentration in g/dL can be ap-
proximately converted to haematocrit in % by multiplying Hb concentration by 3.
However, the Hb concentration is more stable to plasma volume changes such as
dehydration, which makes it more reliable for the assessment of anaemia [7]. The
eye provides a unique location in the human body with visual access to blood ves-
sels. The blood vessels in the retina are located very superficially, are optically well
accessible, and thus provide a unique access point for Hb concentration estimation
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due to the lack of thick overlying tissues present elsewhere in the body [8]. The
ophthalmic artery, which supplies blood to the eye, is the first branch of the inter-
nal carotid artery and any global variation in Hb concentration in the body is ex-
pected to be measurable in the retinal vessels close to the optic nerve head (ONH).
In the retina, haematocrit quantification by performing in vivo imaging was pre-
viously explored using optical coherence interferometry (OCT) methods either by
fitting the attenuation slope of the OCT signal [9] centred at 830 nm or by fitting
Visible OCT angiogram signals [10]. A direct spectrophotometric method to mea-
sure haematocrit has been conceptualised [11] but has not yet been demonstrated.
In this letter, we demonstrate Hb concentration estimation using a novel scanning
laser ophthalmoscope (SLO) design which uses a supercontinuum light source for
imaging the retina simultaneously at two wavelength bands.
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Figure 6.1: (a): Absorption spectrum of oxy- and deoxy- Hb in the [450 650] nm range show-
ing the various isosbestic points where the absorption is independent of the oxygenation of
the Hb molecule. (b): in vivo retinal image at (λ = 570 ± 30 nm) obtained using a fundus
camera. (c): A line profile along a blood vessel to extract the reflectance value at tissue and
blood vessel locations.
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6.2 Methods

Figure 6.1a shows the Hb absorption spectrum, which varies for most wavelengths
based on the oxygenation of Hb except for isosbestic wavelengths [12]. The effect
of optical absorption of Hb on image formation is visible in Fig. 6.1b where the
blood vessels look significantly darker compared to the surrounding tissue. The
attenuation of light due to the presence of Hb can be used to determine the con-
centration of Hb within the vessel using a non-invasive reflectance measurement
at two isosbestic wavelengths. A typical method for measuring the absorbance of
blood at a particular blood vessel in the retina is shown in the inset of Fig. 6.1c
where the intensity profile of the blood vessel (dotted line) is plotted as a function
of the location on the retina. If I(xb, λ) and I(xt, λ) are the recorded intensities in
the retinal image at the centre of the blood vessel and adjacent tissue location re-
spectively at a wavelength λ, and the incident light intensity was the same at both
locations, the relative optical density ODλ of blood vessel location compared to the
surrounding tissue at a particular wavelength can be written as [13],

ODλ = ln
( I(xt, λ)

I(xb, λ)

)
= ⟨Leff (λ)⟩ ·

(
S · µHbO2

a (λ) + (1− S) · µHb
a (λ)

)
+G(λ) (6.1)

where the attenuation of the reflected light due to the blood within xb is governed
by modified Beer-Lamberts law [14] with ⟨Leff (λ)⟩ , the effective path length of pho-
tons travelling through the probed volume before reaching the detector. S is the
oxygen saturation of blood defined as the ratio of amount of oxy-haemoglobin
to the total haemoglobin. The absorption coefficients of oxy- and deoxy-Hb are
given by µHbO2

a (λ) and µHb
a (λ), respectively, and the oxy and deoxy absorption co-

efficients are the product of the respective molar extinction coefficients, (ϵHbO2 (λ),
ϵHb(λ)) and the concentration of Hb (cHb). G(λ) is a factor which accounts for any
apparent increase or decrease in the ODs purely due to scattering differences within
the volumes xb and xt. If λ1 and λ2 are isosbestic wavelengths (see Fig.6.1a) i.e.,
µHbO2
a (λ) = µHb

a (λ) = µi
a(λ), Eq. 6.1 can be written as,

ODλi
= ⟨Leff (λi)⟩ · µa(λi) +G(λi) (6.2)

We have previously described a novel multi-color scanning laser ophthalmo-
scope (mcSLO) that uses a supercontinuum source and variable line pass filter
to perform retinal oximetry [15]. We here use the same system to perform the
first proof of principle measurements of haemoglobin concentration in human reti-
nas. In this double clad fiber (DCF) coupler based SLO shown in Fig. 6.2, only
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i1 i2

Figure 6.3: The percentage error (0 to 10%) in Hb concentration estimation for different wave-
length combinations of isosbestic points assuming an SNR of 20 dB in the retinal images and
a standard error in estimating the blood vessel diameter to be 10 µm. The most optimum
wavelength combination is 506, 548 nm where the difference in absorption of Hb among
these wavelengths is the highest (see Fig. 6.1a).

the light from the cladding is coupled to the multimode fiber, and the direct back
scattered light from the retina, which travels through the core, does not reach the
detector [16]. We demonstrated that the effective path length ⟨Leff ⟩ of the de-
tected photons have the following linear relationship with the blood vessel diame-
ter for 70 µm ≤ Dves ≤ 150 µm : ⟨Leff ⟩[mm] = (0.46·Dves+0.0052)[mm] [15]. Since
µa = ln 10 · ϵ(λ) · cHb, and the molecular weight of Hb is 64500 g/mol we can write
the Hb concentration (cHb) as,

cHb [g/L] =
(ODλi1

−ODλi2
)[−]× 64500[g/mol]

ln (10) · (0.46 ·Dves + 0.0052)[mm] ·
(
ϵia(λi1)− ϵia(λi2)

)
[L/mol/mm]

(6.3)
We can further determine optimum ‘isosbestic’ wavelength combination for es-
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timating cHb from the ten combinations possible in [500 600] nm range by perform-
ing an error propagation analysis on Eq. 6.3. Figure 6.3 shows the results of this
error analysis assuming an SNR of 20 dB in the intensities of the images (corre-
sponding to 1% measurement noise) and uncertainty in vessel diameter estimation
of 10 µm. Based on the analysis, 506 nm and 548 nm (largest absorption contrast)
are the best wavelength combination for accurate cHb estimation. Nevertheless, we
prefer the 522 and 548 nm combination since the wavelengths are closer (26 nm vs
42 nm separation). Therefore, the difference in wavelength-dependent scattering
properties will be smaller, i.e., the difference in the factor G(λ) will be smaller, and
as a consequence, the wavelength dependence is expected to cancel out better when
taking a difference of ODs in Eq. 6.1. The error analysis demonstrates that for the
522 and 548 nm combination the error in CHb measured in large blood vessels is
only slightly higher than for the 506-548 pair and still within 5% for Dves ≥100 µm.
For 522-548 nm combination, The cHb concentration (from Eq. 6.3) becomes

cHb [g/dL] =
1.3[]× (ODλi1

−ODλi2
)

(0.46 ·Dves + 0.0052)[mm]
(6.4)

The mcSLO (Fig. 6.2) is capable of simultaneous imaging at two different wave-
lengths. A combination of a 2.56 kHz resonant scanner (5.12 kHz line rate by util-
ising both directions of scanner sweep) (EPOC., Glendale, New York, USA), and a
10 Hz galvanometer mirror (Cambridge tech., Bredford, USA) placed close to each
other were used to achieve an imaging throughput of 10 frames/second. The field
of view (FOV) of the images was controlled by the voltage (amplitude) supplied
to the scanning mirrors. The reflected and scattered light from the retina was then
collected using the inner cladding of the double-clad fibre in port A. About 63 %
(transmission measured at 550 nm) of the collected light is then coupled on to the
multimode fibre (MMF) which is detected using two APDs and suitable filters to
separate the 522 nm and 548 nm channels. The SC source results in noise in the im-
ages dominated by relative intensity noise (RIN). To reduce the RIN noise, balanced
detection was implemented by simultaneously detecting the illumination signal, as
shown in Fig. 6.2. As shown in 6.4, balanced detection resulted in a 6 dB and 7 dB
signal to noise ratio improvement for 522 nm and 548 nm images, respectively [15].

The in vivo study obeyed the principles of the Declaration of Helsinki and was
approved by the Institutional review board at the VU Medical Centre, Amsterdam.
Tropicamide 0.5 % w/v. eye drops were administered before imaging the volun-
teers to obtain better collection efficiency through the pupil of the eye. This was
essential because of the involuntary response of the pupil that constricts due to
a bright light reflex. Dual-wavelength images were acquired from healthy vol-
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unteers. The optical power used for measuring human subjects was 150 µW per
wavelength, and this was in agreement with the maximum permissible power pre-
scribed by the IEC standard 60825-1 [17] for 8 hours of continuous exposure. Before
recording the images, a reference measurement of the internal system reflections
and background was recorded. Each background-subtracted frame containing both
the forward and backward direction of the sweep of the resonant scanner was de-
interleaved and dewarped. The images showed negligible corneal reflections and
were artefact-free except for a strong lens reflection (L2 in Fig. 6.2), which saturated
the detector. Consecutive frames were registered and averaged to improve the SNR
and image contrast further. Given the improvement in SNR of the images with bal-
anced detection, averaging 10 frames was sufficient to achieve an SNR 20 dB in
the blood vessel and tissue locations. The vessel segmentation was done using reti-
nal segmentation package (ARIA) based on wavelets and edge location refinement
[18].

The Hb concentration was analysed in blood vessels with diameters ≥ 70 µm.
The I(xb,λ) and I(xt,λ) were acquired for each location in the centre of the blood ves-
sel and surrounding tissue as described previously [13]. The corresponding ODs
were estimated, and the Hb concentration was calculated from Eq. 6.4. The in vivo
imaging results from the right eyes of three healthy human volunteers is shown in
Fig. 6.6. The left panel of Fig 6.6 shows the 522 nm image, and the middle panel
shows the 548 nm image overlaid with blood vessel segmentation and the Hb esti-
mation. The right panel of Fig. 6.6 shows the Hb concentration (mean value with
error bar) estimated for each labelled blood vessel in the middle panel. The Hb
concentration was shown only for parts of some vessels for the following reasons:
(i) The automated vessel segmentation package (ARIA) [18] was found to be un-
reliable for vessel crossings, as well as in the edges of the image. (ii) For vessels,
which are close to each other, there is not enough ’vessel-free tissue’ to average the
tissue intensity I(xt, λ) values in Eq. 6.1 to obtain proper estimates of the ODs of
the tissue locations adjacent to the vessels.
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Figure 6.4: Single-frame balanced and unbalanced images from the 522 nm and 548 nm chan-
nels clearly show the improvement in image quality achieved by implementing balanced de-
tection. Specific example is the small blood vessel (blue arrow) in the 522 nm channel visible
only with balanced detection. The bright central reflection (red arrow) from the lens L1 (see
Fig. 2a) was let to saturate the detector so as not to compromise the dynamic range of the
image.

6.3 Results and discussion

The estimated mean Hb concentration in the right eye of a healthy volunteer (male,
45 years) was 15.5 ± 0.7 [g/dL].

These extracted values of Hb concentration agree with the physiologically ex-
pected values as reported in the literature. These values were derived using an
effective path length ⟨Leff ⟩ that was extracted from a hyperspectral measurement
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Figure 6.5: Hb concentration estimation in adult human volunteer — The 522 nm (A) and
548 nm (B) retinal image is shown for each volunteer. The vessels with diameters ≥ 65 µm
near the ONH was analysed, and an image overlay showing the Hb concentration estimates
as a colormap on the in vivo image is shown (B). The value for each individual vessel is also
plotted, with the overall mean and standard deviation shown in red. Scale bar represents
300 µm in each direction.

over 484 to 608 nm in a single volunteer where a haemoglobin concentration of c
= 15 g/dL was assumed, and ⟨Leff ⟩ and oxygen saturation S were fitted to the hy-
perspectral data [15]. However, the exact relation between ⟨Leff ⟩ and blood vessel
diameter and its wavelength dependence deserves further investigation.

We observe intra-retinal variations in Hb concentration within the retina of the
volunteer. Although it is hard to find literature that suggests how Hb concentration
varies with vessel diameter, we had expected to find a relatively homogeneous
distribution of Hb concentration throughout all the (large) vessels in the retina. The
observed variations in Hb concentration estimation between different vessels and
vessel segments may be caused, e.g. by variations in the depths and angles of the
vessels with respect to the tissue surface, or by the presence of a central light reflex,
which makes it difficult to estimate the OD in the centre of the vessel. These issues
deserve further investigation. Despite the observed variations within each image,
averaging the results of all the vessels gives a reasonable estimate of the systemic
Hb concentration, which is the parameter of interest.

The error in the overall Hb concentration was around 0.7 [g/dL] when aver-
aged over 10 blood vessels. This is better than the error on previously reported
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Figure 6.6: Hb concentration estimation in adult human volunteer — The 522 nm (A) and
548 nm (B) retinal image is shown for each volunteer. The vessels with diameters ≥ 65 µm
near the ONH was analysed, and an image overlay showing the Hb concentration estimates
as a colormap on the in vivo image is shown (B). The value for each individual vessel is also
plotted, with the overall mean and standard deviation shown in red. Scale bar represents
300 µm in each direction.

values [9, 10] on Hb concentration in the retina. Since the Hb concentration esti-
mation was performed in large, superficial blood vessels in the retina, the pigment
packaging effect [19, 20] is not expected to play a significant role in the effective
blood vessel absorption. Although the method of haemoglobin concentration es-
timation from retinal images has been demonstrated with a complex, expensive
mcSLO setup, the method could be translated into an application setting using a
simpler and compact prototype. For example, a fundus camera employing low-
cost hardware [21] and LEDs or filters with transmission windows corresponding
to the optimum wavelengths could be implemented. This would not only bring a
cost and device simplicity advantage but also remove the complex dependence of
⟨Leff ⟩ on blood vessel diameter and wavelength as found for our sub-diffuse SLO
imaging scheme. Instead, for a fundus camera the relation ⟨Leff ⟩ = Dves [22] holds,
which could simplify the analysis of haemoglobin concentration compared to the
SLO implementation.

6.4 Conclusion

In summary, the first results are shown from an experimental SLO system that uses
an SC light source to produce multiple high contrast reflectance images of the retina
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simultaneously at two wavelengths at a speed of 10 fps. The SLO based on an
SC source is very promising for spectral visualisation of the posterior part of the
eye at high acquisition speeds with good resolution and contrast. Though the SC
source has RIN noise, the acquired quasi-confocal images show superior contrast
and quality thanks to the balanced detection scheme, which significantly reduced
the RIN noise and improved the SNR. Since the SC source can be used to out-
put any wavelength(s) of choice between 450 nm and 2400 nm, it offers numerous
possibilities for obtaining spectral signatures of the retina including retinal oxime-
try, autofluorescence imaging and RPE melanin absorption characterisation. This
might be very helpful for the detection of new pathological structural and func-
tional changes in the retina. Although the demonstration of the method has been
done with the sophisticated setup in Fig. 2, the method can be translated to clinics,
and for field applications using a simpler and compact prototype. For example,
a fundus camera employing low-cost hardware [21], and filters with transmission
windows corresponding to the optimum wavelengths could be implemented for
clinical applications. Fundus cameras also satisfy the requirement of the photon
path lengths being approximately equal to the diameter of the blood vessels [22].
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7.1 Background

Assessment of retinal health for diagnosis and monitoring of retinal pathologies is
predominantly based on its appearance and is visualised by various imaging tech-
niques such as scanning laser ophthalmoscopy (SLO). To this end, a compact, low-
cost experimental SLO based on a digital micromirror device (DMD) as described
in Chapter 3 was designed and implemented. Almost all retinal diseases affect the
optical properties of the retina. Quantitatively determining these optical properties
or changes thereof is of primary interest to our understanding of these diseases and
for effective clinical evaluation, follow-up and treatment. Spectral signatures in the
retina are related to the chemical composition of the retina and can be used to assess
important physiological parameters such as the oxygenation of retinal blood. This
was the main motivation in constructing the multispectral SLO. A multi-spectral
SLO based on a supercontinuum source was constructed as described in Chapters
4-6. Both these en face techniques mentioned above show the result of the interac-
tion of a light source with the retinal tissue and were developed to translate them
to clinical use for diagnostic and research purposes. Chapters 3-6 were introduced
with a detailed discussion focusing on the research question addressed in those
chapters. In this chapter, a short description of key technical aspects is presented,
followed by a discussion of its advantages and limitations. Additionally, technolo-
gies that can aid in retinal disease diagnostics in the future is presented. Finally, the
conclusion of the thesis is given.

7.2 Digital micromirror based SLO

In this thesis, an extension to the line of work on DMD based ophthalmic scanners
is presented to demonstrate the value of using the compact ophthalmoscope for
imaging at higher speeds while not compromising the signal to noise ratio. In this
work, a stand-alone DMD was used to, in contrast to the DLP projector used by oth-
ers [1, 2]. Concentric circle illumination was used to provide fixation for the subject
during measurement. As shown in Chapter 3, the ophthalmoscope can produce
high contrast images at a 7 Hz imaging speed. The DMD based SLO potentially
reduces cost and increases flexibility. Shifting the centre of the concentric circles to
visualise different regions is a novel way to provide fixation while imaging differ-
ent peri- and para-foveal regions. The system is modular with respect to the light
source and enables changing the wavelength for imaging. This is advantageous,
especially in achieving multispectral imaging.

The main limitation of the DMD based SLO is that the illumination light effi-
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ciency is reduced. The DMD is operated at low fill-factor resulting in the majority
of power is unused. Hence a high power and low divergence LED is needed to pro-
vide sufficient power for imaging the retina. Although a low divergence LED was
used in our system, this might not be available for all wavelengths, particularly for
the wavelengths of interest for multispectral applications. This is expected to im-
prove in the future with the progress in LED source development. As we currently
are a factor of 4 below the maximum permissible exposure according to the IEC
standard 60825-1 [3], there is still room for further improvement. The near-infrared
(NIR) illumination of the SLO provides a significant gain in the detected signal to
noise ratio for structural imaging compared to visible light illuminations. The laser
safety standards typically limit the visible illumination power. This, combined with
the lack of low étendue sources, results in a lower signal to noise ratios compared
with the NIR imaging. The polarization optics to reduce the stray reflections in the
system lead to polarisation artefacts in the images due to birefringence of the cornea
[4] and retina [5], influencing the images being recorded. Further, for extending the
system to a multispectral retinal oximeter faced challenges due to the lack of high
power, low divergence LED’s in the suitable wavelengths for accurate estimation
of retinal oxygenation. It was possible to extract motion information and use this
to track the eyes movement using the DMD based SLO. When done fast enough, it
will also enable doing eye motion correction in real-time [6–8] to improve the qual-
ity of the images by averaging multiple images at the same location and correct for
the minor motion artefacts present in these images. Image registration could po-
tentially be better with the parallel illumination as all the illumination points of a
single frame are undistorted.

Multispectral retinal imaging has gained interest in recent years as it helps to
gather quantitative information on retinal health. Multispectral imaging is more
sensitive to subtle variations in the retina, compared to structural imaging. Using
the DMD based technique, multispectral imaging can be extended to spatial fre-
quency domain imaging (SFDI) [9] of the retina by projecting spatially confined
sinusoidal patterns of different spatial frequencies to extract the absorption and
scattering properties of the retina. SFDI can spatially resolve optical absorption
and scattering properties and thus allows wide-field quantitative mapping of tis-
sue optical properties. By separating and quantifying the multispectral absorption
and scattering optical properties. SFDI provides a more direct assessment of tissue
state and aids in measuring physiologically relevant parameters. SFDI can spatially
resolve local properties in the retina such as oxygen saturation, total blood volume,
and water abundance. It involves projecting sinusoidal illumination patterns of
multiple spatial frequencies over a large area of the retina. The reflected image is
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modified from the illumination pattern due to the specific retinal optical properties.
These spatially-modulated waves are demodulated to calculate the retinal modu-
lation transfer function. Using model-based analysis, the diffuse reflectance, and
subsequently the tissue optical properties, specifically, the quantitative absorption
(µa) and reduced scattering (µ

′

s) parameters can be extracted by this technique.

7.3 Quantitative retinal imaging

The potential range of applications for multispectral retinal imaging includes dis-
eases that show abnormal colouring on routine ophthalmoscopy. Besides, spectral
signatures are related to the chemical composition of the retina can be used to as-
sess the oxygenation of retinal blood. This was the main motivation in constructing
the multispectral SLO based on a supercontinuum source.

7.3.1 Retinal oximetry

Chapter 4 presents the in silico analysis of the error propagation of measurement
noise in retinal oximetry, to identify optimal wavelengths which will yield the low-
est uncertainty in saturation estimation for a given measurement noise level. In
these analyses, the effect of haemoglobin packing in discrete blood vessels, the so-
called ’pigment packing effect’ was also incorporated. This effect may result in a
non-negligible bias in saturation estimation if unaccounted for under specific geo-
metrical conditions such as sub-diffuse sampling of smaller blood vessels located
deeper within the retina. The Optimal wavelength combination for retinal oxime-
try was identified based on these analyses. To validate the simulations, an SLO was
constructed. Confocal reflectance measurements were then conducted on a tissue-
mimicking scattering phantom with optical properties similar to retinal tissue. Nar-
row channels filled with absorbing dyes to mimic blood vessels were fabricated. By
imaging at three optimal wavelengths, the ’saturation’ of the dye combination was
calculated. The experimental values showed good agreement with our theoretical
derivations. As a follow-up, in vivo oxygenation measurements were performed in
two healthy volunteers as presented in Chapter 5.

From a technical standpoint, Chapter 5 describes an SLO system based on a
supercontinuum source and high-quality passive double-clad fibres (DCFs) and of
DCF couplers which improved the collection efficiency by approximately 2.5 times.
The larger inner cladding for DCF was used for quasi-confocal detection to increase
throughput and signal to noise. A balanced detection scheme was implemented to
suppress the relative intensity noise of the supercontinuum source. Finally, by per-
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forming a wavelength sweep between 485 and 608 nm, we determined an approxi-
mately linear relationship between the effective path length of photons through the
blood vessels and the vessel diameter for our SLO geometry.

A demanding factor for clinically relevant retinal oximetry is to be able to de-
termine blood oxygen saturation in small retinal vessels — capillaries, venules and
arterioles. SLO based retinal oximetry has benefits over traditional fundus camera-
based oximetry methods especially in terms of : resolution and contrast. It is in
these microvessels that the oxygen saturation is expected to vary the most in re-
sponse to increased metabolic demand or decreased oxygen delivery capacity. The
larger retinal vessels (>100 µm) are suspected to be less sensitive to variations in
tissue metabolic requirement or microvascular dysfunction and are hence not ideal
as early hypoxia markers. The clinical value of fundus camera-based oximeters is
most likely limited due to the low spatial resolution. Even if the oxygen satura-
tion estimates would be robust with such systems and more accurate taking into
account our optimised wavelengths and our proposed algorithms that include pig-
ment packaging (Chapters 4 and 5).

SLO based oximeters are not new to ophthalmic imaging, but their performance
was limited due to sub-optimal choices for the wavelengths used due to lack of
lasers at optimum wavelengths. Further pigment packaging, which is likely a non-
negligible factor for smaller blood vessels located deeper in the retina, was not
taken into account. The effective path length that photons travel through a tissue
volume before being collected depends on the illumination and collection geom-
etry and is also a function of the optical properties of the tissue and is, therefore,
wavelength-dependent. We have assumed that the effective path length for the
two optimum wavelengths in Chapters 4 and 5 to calculate the ODs is almost the
same. In the 450-600 nm wavelength range absorption remains of the same order
and scattering varies slowly with wavelength (roughly as 1/λ). However, a slight
mismatch in the path lengths results in an offset in the saturation estimation. Addi-
tionally, in a diffuse sub approach, pigments which are present in the retina, espe-
cially in the retinal pigment epithelium (RPE), and absorption due to choroid blood
can affect the recorded intensity. The effect of melanin on backscattered light varies
with concentration [10], and a a priori knowledge of the pigment concentration in
RPE melanin and its contribution to the backscattered light can aid in removing the
influence of RPE in the backscattered light.

Saturation error and reproducibility are the major factors which contribute to
the ’total cost of quality’ of an oximetry system. To achieve acceptable levels of
saturation error, a large number of points along the blood vessel and the tissue lo-
cation had to be averaged (as explained in Chapter 4). This is a challenge for all
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the three techniques mentioned in section 2.3.3, namely the fundus photography,
SLO and visible-light optical coherence tomography (OCT). A in vivo image con-
tains structural information and choosing many points might lead to an incorrect
estimation of the intensity in the absence of a blood vessel. A smaller number of
points around the blood vessel should be averaged to overcome this problem (as
was demonstrated in Chapter 5), and this requires multiple images to be produced
within a short amount of time, as is done with an SLO. Fundus cameras are based
on snapshot imaging, and it might not always be possible to acquire multiple im-
ages continuously without causing discomfort to the subject or exceeding the safety
limit for radiant exposure. Visible light OCT offers the possibility of functional reti-
nal imaging, as most retinal chromophores possess clear absorption signatures in
the visible spectrum. In OCT-based oximetry methods, layers of the retina free from
the influence of RPE can be used for extracting the intensities. Nevertheless, OCT
being a coherent detection method suffers from speckles, and a significant amount
of averaging has to be performed to improve the image quality and reduce the error
on the mean intensity down to 1%. The SLO can be easily integrated with the 1050
nm ophthalmic OCT to get the overall metabolism of the retina (oxygenation and
flow) combined with the blood flow in the choroid. By performing a wavelength-
sweep hyperspectral imaging (Chapter 5), spectral unmixing can be achieved by
decomposing the mixed spectral signature of different chromophores into a set of
chromophores and their corresponding abundances [11].

As a side note, the system described in Chapter 5 can be combined with endo-
scopic scanners to extract blood oxygenation of the pulmonary and gastrointestinal
tracts in a minimally invasive manner. In combination with the flow and immuno-
NIRF [12], this would give useful information, for instance, on tumour develop-
ment.

7.3.2 Retinal haemoglobin concentration

In Chapter 6, the first results are shown from the same experimental SLO system
to measure the haemoglobin content in the retina. Although the demonstration of
the method has been done with the sophisticated setup using a supercontinuum
source, the method can be translated to clinics, and for field applications using a
simpler and compact prototype. For example, a fundus camera employing low-cost
hardware, and filters with transmission windows corresponding to the optimum
wavelengths could be implemented for clinical applications.
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7.4 Future directions

Systemic diseases and retinal imaging

Various systemic diseases affect the retina. There are multiple reports of retinal
imaging findings in systemic diseases ranging from neurological [13] to blood in-
fections [14]. The retinal vessel network is optimised for efficient flow [15], and
malfunctions that are revealed in abnormal geometric parameters measured on
fundus images can give indications of pathologies. These parameters include, but
are not limited to vessel diameters fluctuations within a vessel, changes in vessel
bifurcation geometry, blood vessel tortuosity and global complexity of the visible
network. Such abnormal vessel patterning increases metabolic energy costs and
reduces the efficiency of nutrient transport. Retinal microvascular health is indi-
cated by both adequate vessel diameters and optimal branching architecture [16].
A few examples of the potential of fundus imaging in diagnosing and monitoring
systemic diseases are described as follows:

Diabetes is a disease due to inadequate production of insulin or owing to cells
becoming resistant to insulin. Diabetes has a profound effect on the body’s mi-
crovasculature. Consequently, retinal vascular changes are also evident on fundus
images with a widening of venular diameters found to be associated with subse-
quent incidence and progression of diabetes. Diabetes can have serious long-term
complications, such as diabetic retinopathy (DR). Using retinal imaging to identify
the early signs of DR in the eye can help in preventing vision loss and blindness
from this disease, and for early intervention. Also, identification of worsening DR
signals unstable systemic control of diabetes, prompting a re-evaluation of treat-
ment and other risk factors.

Fundus imaging has been proposed as a screening and monitoring tool for
Alzheimer’s disease (AD) [17]. Frost et al. [18] demonstrated altered vessel ge-
ometry such as reduced vessel diameters, and less tortuous venules etc. in patients
with AD compared to healthy controls. Furthermore, evidence from the Rotterdam
study on retinal vascular abnormalities in 655 dementia patients [19] underscore
the potential role of fundus imaging in distinguishing different forms of demen-
tia. Einarsdottir et al. [20] showed that oxygen saturation in moderate Alzheimer’s
disease was statistically significantly increased compared to healthy individuals.

Retinal oxygenation measurements in subjects with chronic cardiac or pulmonary
disease [21] has shown reliable results in identifying hypoxia. Oxymap and Imedos
retinal oximetry findings show a good statistical correlation with peripheral finger
oximetry. Blood from radial artery of pulmonary disease patients corresponds to
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retinal oximetry measurements [22], there by showing a potential direction in ex-
ploring retinal imaging and retinal oximetry for cardiac and pulmonary ailments.

Artificial intelligence in ophthalmology:

Artificial intelligence (AI) has been used in recent years in ophthalmology for the
automatic classification of eye diseases. There has been a paradigm shift in im-
age interpretation and analysis due to the use of AI and specifically, deep learning.
Deep learning is a collection of AI techniques that permit an algorithm to determine
the relevant predictive features by models from a large set of examples rather than
requiring features to be specifically predefined. Deep convolutional neural net-
works (CNV) has been employed for highly accurate classification and diagnosis
of retinal pathologies [23] with accuracy comparable to that of experts.

Ophthalmic imaging is well suited for the implementation of AI-assisted auto-
matic screening and investigation because of the wide-spread use of ophthalmic
images which provide large amounts of data. The limited availability of retina
specialists and trained human graders to diagnose these diseases is a major chal-
lenge in many countries. Hence, unmanned automatic applications and AI can be
employed as a potential alternative to ophthalmologists and retina experts for de-
tection and follow up of retinal pathologies.

For example, compact fundus cameras or phone add-on applications [24] can
be used to collect retinal data. These devices not only make retinal imaging less ex-
pensive and accessible to various populations but also facilitate collection of large
amounts of data which can be used to develop algorithms for classification, diag-
nosis and providing treatment options and advice. The major criticism of these
portable fundus camera devices [25] is the inferior image quality. However, identi-
fying good quality images in field conditions using automated image quality as-
sessment is also gathering interest [26]. There can be two main approaches to
achieve clinical diagnosis using such a portable or mobile device. In isolated ar-
eas where connectivity and access are poor, all the analysis needs to be performed
on the device itself. On the other hand, in a setting with data connectivity, the im-
ages can be collected and analysed in a central cloud-based architecture for more
advanced image processing and diagnostic analysis.

Combining retinal image classifications and diagnostic algorithms at the camera
level can be beneficial for solving the need for high computation power. This will
provide a paradigm shift in the way retinal imaging is viewed as a diagnostic tool
and perhaps will provide a push towards ’point-of-care’ and personal care retinal
imaging devices.
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‘smart camera architectures’ [27] which uses AI, for example, the deep-lens cam-
era by Amazon web services which embeds advanced deep learning and image
processing algorithms at camera level can be adapted for fundus imaging [28].

7.5 Thesis conclusion

This thesis presents imaging systems whose purpose is visualising the structure
and function of the retina in vivo. The systems have been designed and imple-
mented to demonstrate the technical capabilities and usefulness of the techniques.
First, an in vivo ophthalmoscope based on a digital micromirror device was im-
plemented. Annulus illumination was implemented to block most of the corneal
reflections using a circular aperture in the detection arm.

Secondly, we have demonstrated in vivo human retinal imaging with a novel
SLO based on a supercontinuum source. The RIN noise of the illumination source
has been addressed by implementing balanced detection. The balanced detec-
tion increased the SNR, and therefore improved the image quality and accuracy
of oximetry calculations. The implementation of an achromatizing lens reduced
the effect of chromatic aberrations introduced by the human eye, although this did
not have a large effect on saturation estimation. The use of a double-clad fibre with
large inner cladding provided the best trade-off between image contrast and SNR.
This allowed for high-resolution in vivo visualization of the oxygenation of retinal
blood vessels in healthy volunteers. The oxygen saturation of the larger vessels
of the retinas of two human volunteers was in agreement with the Oxymap de-
rived saturation; besides, our SLO system was able to provide oxygen saturation in
much smaller vessels. The saturation measured in 3 different imaging sessions of
the same volunteer (8 minutes apart) demonstrated the reproducibility of our mea-
surements. Several innovative methods to extract information from the retina are
described. A novel vessel segmentation algorithm that delineates the blood vessels
and tissue was described to facilitate the segmentation of small blood vessels for
oximetry estimation. It is expected that the SLO will be a valuable tool to study the
effect of degenerative retinal diseases on the oxygenation in the retinal microvas-
culature. Finally, by performing a wavelength sweep between 485 and 608 nm we
determined an approximately linear relationship between the effective path length
of photons through the blood vessels and vessel diameter for our SLO geometry
that employs a DCF with a large inner cladding. Using this relationship, first re-
sults on the haemoglobin content in the retinal blood vessels was calculated using
two isosbestic wavelengths.
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Ophthalmic imaging has been an active area of clinical investigation that has
been expanding steadily, providing scientists and doctors with valuable informa-
tion. New diagnostic and therapeutic methods have been established in this field,
driven by an overall need to advance clinical care in ophthalmology. New scanning
and imaging technologies have had a significant impact on ophthalmology. Struc-
tural imaging techniques help in visualising the retina in great detail and helps in
assessing retinal health. However, the structure does not always provide informa-
tion on the tissue health, and thus techniques which can provide a quantitative,
functional aspect of living tissue is required in many cases. The work presented in
this thesis aims to develop new devices and techniques which can perform imaging
of the retina and to apply them for non-invasive imaging of structure and function
in the in vivo human retina.

To extract structural and functional information from the retina using an SLO,
it is essential to understand it’s design, construction, and working. For this pur-
pose, chapter 2 of this thesis discusses the principle of scanning based ophthalmic
imaging systems, gives a brief explanation of various design considerations for con-
structing an SLO, and introduces the retinal oximetry and its importance in diag-
nosing various retinal diseases. Laser safety considerations for intentional exposure
of the retina to the laser light is also described in detail. The knowledge from this
chapter forms the basis of the scientific work presented in chapters 3 to 6.

In Chapter 3, a novel digital micromirror device (DMD) based SLO is presented.
Concentric circle patterns were implemented as a scanning scheme to image the
retina and provide fixation at the same time. The DMD was used in lieu of tra-
ditional scanning mirrors and offered flexibility in terms of speed and confocality.
The concentric circles improved the fixation and reduced motion artefacts com-
pared to previously implemented parallel line scanning design. An annulus was
used to reduce the corneal reflections from the retina and thereby to increase the sig-
nal to noise ratio. in vivo imaging was demonstrated by performing non-mydriatic
imaging on two subjects at a speed of 7 frames per second with a maximum 20◦ (di-
ameter) field of view. The images were shot noise limited and clearly show various
anatomical features of the retina with high contrast. The images were comparable
to images from a commercial SLOs but at a fraction of the cost.

Chapter 4 describes a detailed analysis of the error propagation of measure-
ment noise in retinal oximetry, to identify optimal wavelengths which will yield the
lowest uncertainty in saturation estimation for a given measurement noise level.
The effect of haemoglobin packing in discrete blood vessels (pigment packing) is
also introduced in this chapter. Pigment packing may result in a non-negligible
bias in saturation estimation if unaccounted for under specific geometrical condi-
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tions, such as sub-diffuse sampling of smaller blood vessels located deeper within
the retina. To validate the analysis, an SLO was developed to produce high con-
trast images. Confocal reflectance measurements were then conducted on a tissue-
mimicking scattering phantom with optical properties similar to retinal tissue, in-
cluding narrow channels filled with absorbing dyes to mimic blood vessels. By
imaging at three optimal wavelengths, the ’saturation’ of the dye combination was
calculated.

In Chapter 5, construction of an SLO based on a double-clad fibre coupler and a
supercontinuum source is described in detail. Implementation of a balanced detec-
tion scheme to suppress the relative intensity noise of the supercontinuum source is
also described with experiments validating the improvements in the signal to noise
ratio with the use of balanced detection. The optimum wavelengths for accurate
in vivo oximetry estimation using two wavelengths are established with an in silico
analysis. The SLO produced dual-wavelength, high-quality images at 10 frames /
second with a 20◦ imaging field of view. The blood oxygen saturation in retinal
blood vessels was mapped from the images.

The eye provides a unique location in the human body with visual access to
blood vessels. The blood vessels in the eye are regarded as highly superficial and
thus is a desirable access point for Hb concentration estimation due to the lack of
thick overlying tissues present elsewhere in the body. In Chapter 6, a non-invasive
spectrophotometric method to image the retina simultaneously at two ’isosbestic’
wavelengths, and then to extract the haemoglobin concentration values from the
two images is described.

Finally, in Chapter 7, the discussion on the results obtained from the scientific
work in chapters 3-6 is presented with an outlook for future research. The conclud-
ing remarks of the thesis are also given in this chapter.
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Nederlandse Samenvetting

Oogheelkundige beeldvorming is een actief gebied van klinisch onderzoek dat ges-
taag uitbreidt en dat wetenschappers en artsen waardevolle informatie biedt. Nieuwe 
diagnostische en therapeutische methoden zijn op dit gebied vastgesteld vanuit een 
algemene behoefte om klinische zorg in de oogheelkunde te verbeteren.

Nieuwe scan- en beeld technologieen hebben een significante invloed op de 
oogheelkunde. Beeldvormingstechnieken die de structuur weergeven helpen bij 
het gedetailleerd visualiseren van het netvlies en daarmee het beoordelen van de 
gezondheid van het netvlies. Weefstelstructuur geeft echter niet altijd informatie 
over de gezondheid van het weefsel en daarom zijn in veel gevallen technieken 
nodig die een kwantitatief, functioneel aspect van levend weefsel kunnen weergeven. 
Het doel van het werk dat gepresenteerd wordt in dit proefschrift is om nieuwe ap-
paraten en technieken te ontwikkelen die beeldvorming van het netvlies kunnen 
uitvoeren, en deze toe te passen voor niet-invasieve beeldvorming van structuur 
en functie in het in vivo menselijk netvlies.

Om structurele en functionele informatie uit het netvlies te halen met behulp 
van een SLO, is het belangrijk om het ontwerp, de constructie en de werking ervan 
te begrijpen. Met dit doel bespreekt Hoofdstuk 2 van dit proefschrift het principe 
van oogheelkundige beeldvormingssystemen die gebruik maken van scannen. Tevens 
geeft dit hoofdstuk een korte uitleg over verschillende ontwerpoverwegingen voor 
het construeren van een SLO en introduceert het retinale oximetrie en het belang 
ervan bij de diagnose van verschillende retinale ziekten. Laserveiligheidsoverweg-
ingen voor het opzettelijke blootstelling van het netvlies aan het laserlicht worden 
ook in detail beschreven. De kennis uit dit hoofdstuk vormt de basis van het weten-
schappelijke werk dat in de hoofdstukken 3 tot en met 6 wordt gepresenteerd.

In Hoofdstuk 3 wordt een nieuwe SLO op basis van een digital micromirror de-
vice (DMD) gepresenteerd. Concentrische cirkelpatronen werden geïmplementeerd 
als een scanschema om het netvlies af te beelden en tegelijkertijd een fixatie te 
verschaffen. De DMD werd gebruikt in plaats van traditionele scan-spiegels en 
biedt flexibiliteit met betrekking tot snelheid en confocaliteit. De concentrische 
cirkels verbeterden de fixatie en verminderden bewegingsartefacten in vergelijk-
ing met het eerder geïmplementeerde ontwerp dat scande met een parallelle lijn. 
Een annulus werd gebruikt om de cornea-reflecties van het netvlies te verminderen 
en daarmee de signaal-ruisverhouding te vergroten. In vivo beeldvorming werd 
aangetoond door niet-mydriatische beeldvorming op twee participanten uit te vo-
eren met een snelheid van 7 beelden per seconde en een maximum gezichtsveld van 
20◦ (diameter). De beelden waren shotnoise gelimiteerd en tonen met een hoog
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contrast duidelijk de verschillende anatomische kenmerken van het netvlies. De
afbeeldingen waren vergelijkbaar met afbeeldingen van commerciële SLO’s, maar
slechts voor een fractie van de kosten.

Hoofdstuk 4 beschrijft een gedetailleerde analyse van de foutpropagatie van
meetruis in retinale oximetrie, om zo optimale golflengten te identificeren die de
kleinste onzekerheid opleveren in de verzadigingsschatting voor een bepaald meetru-
isniveau. Het effect van hemoglobineclustering in afzonderlijke bloedvaten (pig-
mentclustering) wordt ook in dit hoofdstuk geïntroduceerd. Pigmentclustering kan
resulteren in een niet-verwaarloosbare bias bij het schatten van de verzadiging in-
dien geen rekening gehouden wordt met de specifieke geometrische omstandighe-
den, zoals sub-diffuse bemonstering van kleinere bloedvaten dieper in het netvlies.
Om de analyse te valideren werd een SLO ontwikkeld die beelden met een hoog
contrast kon produceren. Confocale reflectiemetingen werden vervolgens uitgevo-
erd op een verstrooiend fantoom dat weefsel nabootst. Dit fantoom had optische
eigenschappen vergelijkbaar met netvliesweefsel, inclusief smalle kanalen gevuld
met absorberende kleurstoffen om bloedvaten na te bootsen. Door beeldvorm-
ing bij drie optimale golflengten werd de ’verzadiging’ van de kleurstofcombinatie
berekend.

In Hoofdstuk 5 wordt de constructie van een SLO op basis van een double clad
fiber coupler en een supercontinuümbron in detail beschreven. De implementatie
van een gebalanceerd detectieschema, om de relatieve intensiteitruis van de super-
continuümbron te onderdrukken, wordt beschreven aan de hand van experimenten
die de verbeteringen in de signaal / ruisverhouding valideren met behulp van
gebalanceerde detectie. De optimale golflengten voor nauwkeurige in vivo oxime-
trieschatting met behulp van twee golflengten worden bepaald aan de hand van
een in silico analyse. De SLO produceerde beelden van hoge kwaliteit met dubbele
golflengte met 10 beelden per seconde en een gezichtsveld van 20◦. De bloedzu-
urstofsaturatie in retinale bloedvaten werd in kaart gebracht aan de hand van de
gemaakte afbeeldingen.

Het oog biedt een unieke locatie in het menselijk lichaam waar visuele toe-
gang is tot de bloedvaten. De bloedvaten in het oog worden als zeer oppervlakkig
beschouwd en zijn dus een gewenst toegangspunt voor schatting van de hemoglobine
concentratie, wegens het ontbreken van dikke bovenliggende weefsels die elders
in het lichaam aanwezig zijn. In Hoofdstuk 6 wordt een niet-invasieve spectrofo-
tometrische methode beschreven om het netvlies tegelijkertijd op twee isosbestis-
che golflengten af te beelden en vervolgens hoe de hemoglobine concentratiewaar-
den uit de twee afbeeldingen te extraheren is.

Ten slotte wordt in hoofdstuk 7 de discussie over de resultaten van het in hoofd-
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stuk 3-6 gepresenteerde wetenschappelijke werk besproken, met vooruitzichten
voor toekomstig onderzoek. De slotopmerkingen van het proefschrift worden ook
in dit hoofdstuk gegeven.
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