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Abstract
We review laser applications for primarily in vivo ocular imaging techniques, describing their
constraints based on biological tissue properties, safety, and the performance of the imaging system.
We discuss the need for cost effective sources with practical wavelength tuning capabilities for
spectral studies. Techniques to probe the pathological changes of layers beneath the highly scattering
retina and diagnose the onset of various eye diseases are described. The recent development of several
optical coherence tomography based systems for functional ocular imaging is reviewed, as well as
linear and nonlinear ocular imaging techniques performed with ultrafast lasers, emphasizing recent
source developments and methods to enhance imaging contrast.
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1. INTRODUCTON
Imaging of the eye presents several optical challenges, of which only some are found in
microscopy. Millions of neural cells, together with their metabolic support structures, line the
inside of the eyeball, forming the retina [1]. Figure 1 shows the large scale view of the eye in
cross section, and Figure 2 shows detail of the layers of the retina.

The healthy eye must be relatively transparent over a distance of roughly 22 mm, from cornea
to retina, to permit the transmission of light to the photoreceptors, which are the neurons that
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lie beneath the rest of the retina. The photoreceptors guide the light, capture it, and transduce
light energy to initiate a neural signal. The cornea is the main focusing element of the eye and
is far more reflective than the retina, which returns at most only a few percent of the
illumination.

With recent developments in lasers and electro-optics, there has been an explosion of methods
aimed to image the structure and function of the retina. Not only is the presence of
photoreceptors and their constituent parts a target of imaging, but also a better understanding
of photoreceptors' ability to guide light and produce a response. Similarly, there is interest in
imaging the structure and function of at least seven cell types organized into different layers
of the retina, including both neural and support cells and their components. Novel imaging
modalities are aimed at applications optimized for the detection of pathological changes to the
eye, such as new blood vessel growth in the retina or the cornea, edema, accumulation of debris,
or death of neurons.

In this review, we describe some of the constraints on imaging placed by the eye, particularly
the retina. We discuss the need for cost effective and practical manipulation of wavelength for
spectral studies. We further show recent advances that allow new noninvasive techniques,
which give information that is applicable to the management of eye disease. These techniques
make use of not only differences in reflectivity and absorption, but also the waveguide
properties of photoreceptors, the increase of scattered light in damaged tissues, the distribution
and amount of endogenous fluorophores, and changes in the optical path length, birefringence,
nonlinear susceptibility, and polarization in ocular tissue.

In clinical imaging of the eye, fundamental challenges are present regarding resolution, image
contrast, safety, price, data acquisition speed, and system complexity. A primary drive has been
to improve the resolution, image cellular structures and probe the processes underlying vision.
Merely increasing the optical magnification in these situations does not achieve the desired
resolution due to a lack of contrast. In addition, higher magnification systems impact the cost
of laser sources or imaging components and safety becomes a concern for higher powers per
sample volume. There are trade-offs in system design between the best axial and lateral
resolutions, and eye motion places constraints on detection and data transfer rates. The
illumination source must be stable over time to allow uniform performance at all locations
within an image and across image sets. Imaging systems must have stability, ease of operation,
and compact size for clinical use or high volume applications.

2. TARGETS OF OCULAR IMAGING AND IMAGING CONTRAINTS
1.1 Retinal imaging

The normal retina, which is the innermost of the layers that line the inside of the eyeball, is
itself organized in layers of tightly packed structures. Some of the layers, or the interfaces
between them, are highly reflective, and lead to a strong signal in imaging, while others scatter
light or are transparent. In vivo imaging of the retina encounters the problem that the superficial
layer, where the gelatinous structure called the vitreous humor meets the retina, is one of the
most reflective surfaces. Light that is not reflected by this interface is scattered as it travels
deeper into the retina, interacting with each successive layer that might absorb, backscatter, or
further scatter the light, thereby obscuring deeper structures.

The constraints of tissue optics, both concerning clarity and safety issues, are already severe,
but imaging is made more difficult in situ by the geometry of the eye. The optics of the human
eye are not diffraction limited; aberrations limit both vision and imaging the retina. Imaging
of the human retina is typically performed in reflection mode, in which light returning back
through the pupil is collected to form an image. Imaging an intact eye in transmission mode
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does not lead to high contrast, high resolution images of the retina due to the strong light scatter
and absorption in the layers beneath the retina.

There are further constraints on retinal imaging placed by the entrance and exit pupil aperture,
which is the iris of the eye. The iris ranges from 2 to 8 mm in diameter in normal room
illumination, with a nodal point of about 17 mm, i.e. the distance from the iris to the retina.
The resulting low numerical aperture, defined as NA = n * sin (θ), where n is the refractive
index of the medium and θ is one-half the maximum acceptance angle of light with respect to
the optic axis, can be less than 0.1 when the eye is exposed to bright light. The low NA places
a fundamental limit on the achievable resolution, and can influence the field of view, when
imaging the retina. The iris diameter is generally at the lower end of the range for older adults,
who are more likely to have retinal disease, and infants. The iris is routinely widened, or dilated,
by the instillation of medication to increase the NA, but this is not safe in all individuals; nor
can a sufficiently large diameter always be achieved in older individuals or infants.

Beneath the retina are continuous layers that contain both cellular and acellular structures.
These layers provide metabolic support and fluid balance, and contain melanin, collagen, and
blood vessels. The layer directly beneath the retina is a monolayer of support cells, called the
retinal pigment epithelium. These deeper layers are not only important as targets of disease
pathology but also serve as reflectors for reflection-based imaging.

The retina is not only a curved surface, but also has several features that are elevated or
depressed with respect to the neighboring structures [2]. There are two structures that grossly
alter the uniformity of the retinal geometry and finely alter the retinal layers: the fovea and the
optic nerve head. The fovea is the location of the most densely packed photoreceptors, and is
the region that provides highest resolution vision. Overlying retinal layers are displaced
radially, providing a unique near-surface view of the photoreceptors. The lack of overlying
cells allows photoreceptors to detect light that is propagated with the minimum of scatter. The
fovea forms a pit, which leads to a characteristic reflection, as shown in Figure 4. The optic
nerve head is the structure where the nerve fibers exit to carry information to the brain. The
retinal vessels enter and exit through the optic nerve head. The layers beneath the retina are
nourished by a separate vascular supply, which lies wholly beneath the retina in the healthy
eye and is difficult to image clearly. Nevertheless, there are important pathological changes
that can occur in this region, such as new blood vessels that grow towards the retina and destroy
it in diseases such as age-related macular degeneration. The optic nerve head, and the retinal
nerve fiber layer, are crucial targets for imaging in diseases such as glaucoma. Gross changes
in the thickness of this layer are measured with a variety of imaging techniques, with the goal
of detecting abnormally thin locations. Finer changes indicate a loss of blood supply locally
or damage to specific bundles of retinal nerve fibers, and are also of interest in retinal imaging
to detect and manage glaucoma.

The retina possesses few structures to provide contrast when parameters such as absorption
are used for imaging. The main absorbers in the normal retina include the macular pigment,
which peaks at about 460 nm, hemoglobin and oxygenated hemoglobin, and the photopigments
in the photoreceptors, as shown in Figure 5. Light that is specularly reflected at the retina is
more likely to contain short wavelength information, since the blood in the retinal vessels is
one of the main absorbers. The photopigments provide additional absorption, and lie beneath
the retinal vessels. The cone photoreceptors act as optical waveguides that collect and return
light over a limited range of angles, which can now be quantified with retinal imaging
techniques [3]. Macular pigment has significant optical density only near the fovea, and the
en face distribution varies among individuals and with age [4]. Light that has penetrated to the
layers beneath the retina is absorbed by the melanin in the retinal pigment epithelium, the
melanin in the choroid, and the choroidal blood supply, as well as extensively scattered by the
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randomly oriented collagenous support structures beneath the retina. Thus, light returning from
the deeper layers contains relatively more scattered, randomly polarized, or diffusely guided
light.

There are several endogenous fluorophores of interest, such as the fluorescent debris known
as lipofuscin, which builds up with disease and aging in the retinal pigment epithelium. In vivo
studies of the fluorescence spectra indicate broad maxima and potentially more than one
fluorophore component [5]. Given the broad absorption and emission maxima, small changes
in wavelength of the source illumination are often not helpful in modeling these absorbers or
fluorophores. The most desirable wavelengths are not always available in single line laser
sources. The cost, and sometimes the complexities of operation, of tunable wavelength lasers
leads researchers to select sources such as Xenon lamps and other broadband sources with
grating monochromators or filters to control wavelength [5,6].

A common method to improve contrast in retinal imaging is the use of contrast agents, such
as sodium fluorescein, as shown in Figures 6B,C, or indocyanine green. These have strict FDA
approval procedures, and institutional guidelines for human subjects, since they are injected
into the circulation system. The risks of fatal adverse events with these procedures are low, but
exist. Oral ingestion of sodium does produce useful retinal imaging, and can be used to detect
pathology needing treatment in age-related macular degeneration [7]. However, the oral
method does not provide visualization of a bolus of dye moving through the vessels, which
provides less information about leakage of dye over time. Intravitreal injections carry even
higher risks than dye injection into the blood stream, and are therefore typically used only for
treatment.

The clinical applications of ocular imaging have also become major research and commercial
applications, driving the development of novel light sources for ophthalmic imaging. Leakage
of blood or fluid from the retinal blood vessels occurs in two of the main causes of vision loss
in industrialized countries: age-related macular degeneration and diabetic retinopathy.
Therefore, a significant amount of imaging research has been devoted to this problem. This
leakage can be thought of as a failed attempt at wound healing, an inflammatory response, or
simply damage to the retinal blood vessels from disease processes. New blood vessels
subsequently grow, and these often lack the structural components needed to contain all the
blood within their walls. The leakage from blood vessels and damaged cells leads to edema
that is visualized in retinal imaging and quantified as an increase in retinal thickness.

1.2 Corneal and anterior segment imaging
The cornea is another important target in ocular imaging. The cornea is the main focusing
element of the eye, with the lens providing variable focus in younger people while it is still
flexible. With the high optical power of the cornea, relatively small changes in its surface lead
to aberrations that reduce vision. As with the retina, the corneal tissues must be well-ordered
to maintain clarity. The cornea must survive or be rebuilt to last a lifetime without an
immediately adjacent blood supply. In recent years, the health of the cornea has become a key
issue when considering the safety and efficacy of various forms of refractive surgery.

The clarity of the cornea provides a challenge for imaging, in that there are few structures to
provide contrast when parameters such as absorption are used. A major limitation for corneal
imaging is that the cornea is so highly curved that it is difficult to have more than a small area
in sharp focus in a single image. It is also difficult to image the cornea because, unlike the
retina, there is not a continuous structure directly behind it to serve as a reflector for reflection-
based imaging. The iris of the eye is available as a reflector for only a portion of the cornea,
and is not behind the central cornea, i.e. at the location of the main optic axis. Finally, the
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topical use of contrast agents, such as sodium fluorescein, is commonplace and relatively safe
in a sterile environment.

One measurement of interest for corneal imaging is overall corneal thickness, which is about
550 microns, but varies more than ± 100 microns across individuals. The thickness also varies
in each individual with the radial distance from the optic axis. An accurate measurement of the
corneal thickness is an important factor in determining whether sufficient material can be
removed or remodeled, such as by laser refractive surgery, to obtain the desired optical
correction. A second use of corneal thickness is to assess whether the intraocular pressure in
a given eye is an accurate measure of the risk of glaucoma. If the cornea is thin or thick, then
it is assumed that the intraocular pressure may be exerting more or less force, respectively, on
the neural structures in the retina than would be expected.

Other aspects of corneal imaging include monitoring the thickness and structure of the
individual tissues, such as the stroma, which is comprised of the collagen layers that vary in
their orientation and provide the support for the cornea. The corneal endothelial cells are
another important target, as sufficient and healthy endothelial cells are needed to maintain
corneal clarity, and hence vision. The number of endothelial cells decreases during an
individual's lifespan and also with trauma or surgery. For this reason, major research efforts
have been made to reliably and reproducibly image the cornea and its tissues with optical
means.

The eye has a variety of anterior structures that are not are not as readily imaged as the cornea,
and contain more complex layered structures and cell types, more similar to the retina. One of
the most important of these includes the ciliary body, where several functions occur such as
the movement of muscles and fibers to control the shape of the lens. In addition there is a
fibrous network in the angle between the cornea and the iris that serves as a canal through
which fluid flows out of anterior eye to regulate intraocular pressure, which is important for
preventing glaucoma. As compared to retinal imaging, the safety standards for illuminating
the cornea and anterior structures of the eye are lenient. Perhaps more importantly, the severe
constraints on numerical aperture, and on the resulting apparatus configuration, are reduced or
removed.

The ciliary body structures have recently been imaged with some of the most novel laser and
imaging applications, some of which would not be safe in their present form for retinal imaging
due to the high levels of laser power or the lack of dissipation of energy from brief exposures,
coupled with the light starved conditions present in retinal imaging.

3. LASERS AND SAFETY IN OCULAR IMAGING SYSTEMS
The familiarity with laser instrumentation likely aided vision researchers in the implementation
of novel lasers as sources for ocular imaging devices [8,9]. Lasers have long been used as
treatment devices for photocoagulation in ocular disease, described by several groups in 1963
[10,11]. Lasers have also proved advantageous as high spectral purity light sources to probe
the human visual system [12,13]. In the majority of applications for imaging, the research or
clinical goals included a source with excellent reliability, given that the source was just one of
many components in a complex system. To ensure reliability, care must be taken in the optical
design to prevent external reflections from components or targets from reentering the laser
cavity. Even small amounts of feedback can disrupt laser operation, reducing power, adding
spectral noise, and potentially causing permanent damage. Common methods to eliminate these
problems include tilting components, using polished fiber connectors that are cleaved at an
angle, or adding an optical isolator. Further, the desired cost of each system is often far less
than that of other imaging modalities, such as magnetic resonance imaging. The model of a
few centers with expensive devices has not been adopted in eye care, possibly because ocular
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imaging has historically been performed at a large number of sites, and mass screening for a
particular eye disease is rare.

As there has been widespread use of lasers for treatment and in laboratories, the possibility of
damage to retinal and corneal tissues has led to safety as a primary consideration. The American
National Standards Institute (ANSI) has specific standards for eye safety that take into account
many of the important experimental variables, such as laser power delivered at the cornea,
viewing time, beam diameter or full-field viewing, the exposure area on the retina, and the
wavelength. The revised standards describe the light safety issues for ophthalmic instruments,
including fundamental requirements and test methods [14]. Near infrared radiation, relative to
visible wavelength radiation, has long been permitted to have relatively more exposure in
power or duration, which is one of the key reasons for its widespread use in imaging devices.
The standards have been altered over the past several years to allow an instrument to emit more
radiation to be used for longer exposures, and still stay within the Maximum Permissible
Exposure guidelines. A recent review describes some of the guiding principles and remaining
questions, such as the incorporation of pupil constriction or aversion of gaze with bright lights
[15]. The power for imaging systems with continuous viewing is measured at the cornea for
human retinal imaging applications, ranging from 14 microwatts/cm2 to 450 microwatts/cm2

on the retina for visible wavelengths, and up to 30 mW/cm2 in the near infrared. The light used
for imaging the cornea and other anterior segment structures is typically higher. The use of
pulsed lasers is contained within the guidelines, which were historically devised for continuous
wave radiation. The safety guidelines cannot cover the needed detail for all types of pulsed
lasers, particularly the emerging class of ultrafast lasers.

For continuous wave laser radiation, modern retinal imaging techniques provide light economy
and sensitivity, so that the recommended limits of radiation are not exceeded. Several
photographic or ophthalmoscopic techniques remain in widespread use, despite having
extremely bright and uncomfortable levels of visible wavelength light including short
wavelength light, which are potentially too intense to conform to safety guidelines. One
example is angiography with sodium fluorescein, which requires short wavelength light to
excite the dye. Illumination is particularly intense when there is low detector sensitivity,
coupled with poor light return from the retinas in eyes that have increased absorption in the
aging lens at short wavelengths, small pupils, or dark choroidal pigmentation. Recent
noninvasive techniques have been demonstrated to reduce the need for angiography, as
described below.

4. LIGHT DELIVERY: LASER SCANNING AND CONFOCAL IMAGING
SYSTEMS

With the advent of lasers as illumination sources, spatial and temporal coherence have become
increasingly familiar parameters. The interference of the random phases of a scattered
illumination beam gives rise to a granular noise present in imaging, commonly called speckle.
A common way to reduce the influence of unwanted speckle in an image is to spatially average
it over each position using motion. In flood illumination, this can be accomplished by a rotating
or scanning element. An alternative speckle-reducing technique is to implement a laser
scanning system, in which a focused spot [16] or slit [17–21] of light is scanned across the
target, thereby reducing speckle. This also allows the detection of the light returning from the
target to temporally correspond to the region illuminated at a given time, so that an image is
built up from temporal samples. In point scanning, a single high sensitivity detector was
originally used [16], and current implementations coordinate a fast scanner and an orthogonal
slow scanner to produce a raster pattern over the sample. With slit scanning, solid state detector
arrays are now used in the form of a linear array [18] or a two dimensional array that has the
advantages of a modern digital camera [19–21]. The use of slit scanning eliminates the need

Elsner and Muller Page 6

Laser Photon Rev. Author manuscript; available in PMC 2010 November 2.

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript



to coordinate between two scanning mechanisms, reducing the complexity with only a minor
increase in speckle noise, leading to the development of the Laser Scanning Digital Camera
[19–21], a low cost retinal imaging device.

Confocal imaging, in which an aperture is placed in a plane conjugate to the sample, is used
to reduce the focal volume of light that can reach the detector. Confocal imaging, implemented
with or without laser scanning, allows better control of light returning from the sample, as
discussed in detail below. Several forms of this technique have found widespread clinical use
for providing retinal imaging that document pathology or tomographic measurements of retinas
thickened by accumulation of fluid or debris or thinned by the death of neurons.

4.1 Ocular imaging with visible wavelength sources
The original sources for retinal imaging with scanning laser techniques were primarily gas
lasers [16,22]. To obtain sufficient spectral purity when sources such as argon lasers or argon
krypton lasers were used, spectral filters were inserted into the illumination path. For use with
multi-line argon lasers have laser lines that are quite similar in wavelength, 6 cavity interference
filters were used to obtain spectrally pure sources [23]. Argon lasers provide considerable
power and a choice of laser lines are available, but the beam intensity profile is often not the
Gaussian shape that produces the small point spread function on the target that is desirable for
most imaging applications. Historically, imaging systems that use argon laser systems and also
require a precise beam position suffer from the need for frequent realignment. Considerable
cooling is needed, also problematic in the context of an imaging device to be used in a clinical
setting. Newer commercial devices have replaced the 488 nm line used for imaging with a solid
state, diode pumped laser, but only one line is typically available [24].

The 633 nm helium neon (HeNe) laser, which readily provides a Gaussian beam shape with
low divergence, is widely used, and available in a range of powers from 2 – 10 mW at moderate
cost. However, for specific applications such as measuring the photopigment in photoreceptors,
utilizing a range of wavelengths closer to the absorption maxima of the pigments provides
better signal-to-noise ratio for mapping cone photopigment in the human fovea [4,23]. One
example is the 594 nm HeNe laser, which is near the well-known sodium line and is a stable
source with a good beam shape for imaging (Figure 8). This source is not widely available in
the power range necessary for all applications, i.e. greater than 2.5 mW.

Recent advances have led to a broader range of choices of solid state, visible wavelength lasers,
which are now used in clinical devices for retinal imaging that originally were validated with
HeNe lasers [25]. The use of 543 nm HeNe lasers for retinal imaging [26] is limited by their
power, and continuous wave frequency-doubled yttrium aluminum garnet (YAG) lasers at 532
nm can be used instead for applications in which the slightly shorter wavelength is acceptable
[27].

4.2 Ocular imaging with near infrared sources
Near infrared imaging is made possible by the advances in solid state detectors that are sensitive
at the illumination wavelengths and stabilization circuitry, such as silicon-based avalanche
photodiodes [23]. For retinal imaging, there is less absorption in the near infrared compared
to visible wavelengths, which results in far more light return but an increased amount of
undesirable scatter. Prior to the use of laser scanning systems and confocal imaging, the results
of near infrared imaging were thought to be characteristic of poor contrast and diattenuation
rather than birefringence in retinal tissues [28]. However, with the use of laser scanning in the
delivery and collection of light, along with confocal apertures, high contrast images are
obtained in the red and near infrared wavelength ranges at comfortable and safe light levels
[23,29]. Contrary to previous conclusions, the retina exhibits strong birefringence in the near
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infrared range. The thickness of the retinal nerve fiber layer can be determined from phase
retardance measurements in both 633 nm [30] and 780 nm.

Using an edge-emitting diode laser at 830 nm, deep pathological changes, hyperpigmentation
in the retinal pigment epithelium due to the clumping of dead cells, could be seen, and focal
defects in the sensitivity to light compared with more normal retina were measured at these
locations [31]. To further explore the imaging of deeper structures, longer wavelength sources
with better beam quality were sought.

The success of near infrared imaging with a diode laser led to the application of novel sources
to the field of imaging with Gaussian beam shapes, including a continuous wave titanium-
doped;sapphire (Ti:Sapphire) laser and the low coherence and efficient Vertical Cavity Surface
Emitting Laser (VCSEL) [8–9]. Using a tunable Ti:sapphire laser, high contrast images were
obtained in both reflected light imaging and indocyanine green angiography that proved to be
far superior to angiography performed with flood illumination [8,26,32]. The expected
improvement in penetration to the deeper layers was demonstrated, visualizing debris beneath
the retina [8,26]. Other novel near infrared sources include a diode pumped tunable
Chr:Li:SaF4 laser, tunable over about 810–870 nm with excellent beam quality. This source
provided excellent images that were used to readily visualize features in normal subjects [33]
and pathological features in age-related macular degeneration [34–35]. These near infrared
illumination sources have also been used in combination with a variety of visible wavelength
sources that can provide visual stimuli to probe retinal function while simultaneously imaging
structures within or beneath the retina [23].

4.3 Retinal imaging to probe deeper layers by confocal imaging and multiply scattered light
imaging with near infrared sources

The usual goal of confocal imaging is to provide detail limited to a given range of tissue depth.
Strong index of refraction changes dominate the light in a sample obtained through a small
aperture that is conjugate to the plane of the target, such as the retina or cornea. The removal
of light from other planes of focus increases the contrast in plane of focus by also removing
light that is multiply scattered in a lateral direction, i.e. within the same plane as the target. The
optics of the human eye are diffraction limited in the central 2 mm of the cornea, and permit
some degree of resolution of structures in depth and improved resolution of some structures in
en face images. Tomography of the retina performed by acquiring series of images varying
only in focal plane is used to explore the topography of the retina to detect glaucoma [36] and
retinal diseases [37].

Confocal imaging of the retina is limited by both the optics of the human eye and the entrance/
exit pupil size. The maximum potential lateral resolution is inversely proportional to the
numerical aperture, i.e. 1/NA. The maximum potential axial resolution is proportional to 1/
NA2. Given the low NA of the human eye, and the aberrations introduced by its optics, the
axial resolution provided by confocal sectioning does not provide complete discrimination
against light outside the plane of focus. The maximum potential lateral and axial resolutions
have been computed as 10 microns and 250 microns FWHM, respectively, using 633 nm and
the Gullstrand model eye [38]. Commonly used confocal apertures of 2 – 5 times the diameter
of the illumination point spread function on the healthy retina lead to proportionally more
multiply scattered light than is collected in most ex vivo microscopy applications. Nevertheless,
confocal imaging improves the contrast of selected superficial or deeper structures, including
the new vessel membranes that grow beneath the retina in exudative age-related macular
degeneration [39]. Although the axial transfer function does not meet the Rayleigh criterion
commonly used for imaging resolution, it differs significantly from the normal transfer function
in the presence of exudation in age-related macular degeneration [40]. When the new blood
vessels grow in the retina [41], they are accompanied by unusually large increases in retina
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thickening [42]. Although the superficial layers are bright compared with the deeper ones, very
simple forms of image processing provide excellent detection and localization of new vessel
membranes that agree well with angiographic methods [26,43].

The most familiar method of imaging deeper layers with confocal imaging is to configure
illumination and detection apertures to maximize the light return in a small focal volume in a
deep plane of focus. In this case bright, on axis light return from outside the focal volume can
still reach the detector, leading to decreased contrast of the deeper layers. An alternative
approach is to use the equivalent of dark field microscopy, such that the illumination and
confocal aperture are spatially mismatched to minimize the strong signal returning from the
superficial retinal and maximize the light returning from the deeper layers of interest. In
diseases such as age-related macular degeneration, the disease mechanisms begin early in the
photoreceptors and retinal pigment epithelium. Alterations to these structures, along with the
growth of new blood vessels that leak, provide a wide range of structures that scatter light in
a far different manner from healthier retina. Detecting these structures noninvasively is possible
by forming images from light that is multiply scattered off structures. In the eye, since there
are several scattering layers and little absorption superficial to the photoreceptors and retinal
pigment epithelium, this technique works well.

There are several methods to obtain multiply scattered light images with scanning laser,
confocal imaging systems. The most readily configured version is to use a single axis for
illumination and detection, and to employ annular apertures appropriately. This design provides
rapid, noninvasive detection and localization of exudation and deep retinal structures that
scatter light in inflammatory disease and age-related macular degeneration [26,35,43–44],
illustrated in Figures 10 and 11.

Another multiply scattered light imaging system design provides illumination at a range of
positions with respect to the retina, and detects the return light through a single confocal
aperture. This design is very stable, requires fewer moving parts, and can employ an array of
VCSEL elements that are individually addressable. When the spatially separated source
elements are combined with tomographic imaging, both the benefits of confocal and multiply
scattered light imaging can be realized, as illustrated in Figure 12. This design provides a better
understanding of exudative structures, such as is age-related macular degeneration and diabetic
macular edema [44–46], since exudation does not always provide signal based on a strong
index of refraction change.

A final design example, which employs a novel a novel detection pathway, is the Laser
Scanning Digital Camera with flexible electronic aperture [21,47]. This system uses slit
scanning illumination, coupled with synchronous line read-out on a CMOS detector, which
acts as the confocal aperture. By varying the CMOS line read-out with respect to the
illumination slit position, it is possible to image both directly backscattered and multiply
scattered light from the sample [47].

4.4 Retinal imaging with polarized light to probe deeper layers by multiply scattered light
imaging and detect birefringence alterations

The use of multiply scattered light to image structures beneath the highly reflective superficial
layer can also be performed by means of scanning laser polarimetry. In the near infrared region,
linearly polarized light is backscattered with some retardance from the superficial layers and
also penetrates the deeper retinal layers. With increasing penetration depth, there is a greater
chance of interaction with the retinal layers, which increasingly randomized the polarization.
In diseased eyes, pathological changes disrupt the organization of the retina, and there is
relatively more scatter than in healthy eyes. By injecting linearly polarized light that varies
over a sequential series of acquired images, and analyzing the polarization properties at each
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pixel in the image, it is possible to form a series of images that vary in polarization content, as
shown in Figures 6D–F [48–54]. The depolarized light image, shown in Figure 6D, is computed
by assigning at each pixel the grayscale value of the minimum in any image at that location.
The average image, shown in Figure 6E, is computed by averaging the grayscale values at that
location over the entire image series. The birefringence image, shown in Figure 6F, is computed
by assigning at each pixel the amplitude of the variation in grayscale over all the polarization
conditions.

The axons of the foveal photoreceptors create a small region of birefringence that surrounds
the fovea, and produces the well-known macular cross when viewed in polarized light. The
presence and location of the macular cross have been used to demonstrate the existence of cone
photoreceptors, even in the presence of severe exudative age-related macular degeneration
[52–53], as seen in Figure 6F.

4.5 Retinal imaging with adaptive optics to improve axial and lateral resolution, increase
contrast, and probe deeper layers

The wavefront aberrations associated with the cornea and lens may be detected with a
Hartmann-Shack Wavefront Sensor at a conjugate pupil plane and corrected by the use of a
phase plate [55], deformable mirror [56–58], or liquid crystal spatial light modulator [new
59] as shown schematically in Figure 13. The wavefront corrections result in improved
resolution in both the axial and lateral dimensions, by decreasing the point spread function on
the target layer of interest. Due to the spatial resolution and finite number of elements of the
Hartmann-Shack sensor, the sampling of the wavefront is limited, and measurement accuracy
can be further degraded by speckle noise. To reduce speckle, sources with high spatial
coherence but low temporal coherence, such as one or more superluminscent diode lasers, are
now commonly used for both the wavefront aberration and imaging pathways.

Excellent images of the human retina result are obtained when combining adaptive optics with
a high magnification scanning laser ophthalmoscope (AOSLO), as shown in Figure 14. Taking
images across the retina sequentially allows building up montages. One of the main applications
for this hybrid system is the imaging of the photoreceptors in an en face manner. The increased
optical sectioning provided clearly shows the light returning from each individual cone
photoreceptor in the healthy retina, as shown in Figure 14, or alternatively the retinal nerve
fiber layer in the superficial retina, as shown in Figure 15

Fluorescence images at high magnification in a primate model have been obtained, revealing
cellular structures [57]. The sources were chosen to balance the excitation and extinction
spectra of the fluorophores with the light absorption of the retina. Images were taken with
simultaneous exposure of light at three wavelengths: an argon/krypton tunable source at 530
nm or 568 nm for fluorescence excitation, an 830 nm superluminescent diode for reflectance
imaging, and a 904 nm superluminescent diode for wavefront measurement. The combined
photochemical and thermal exposure was kept below the maximum permissible exposure ANSI
limits for extended sources over a two-hour exposure time. To image the endogenous
fluorescence of the lipofuscin in the retinal pigment epithelial cells, the retina was
simultaneously illuminated at 568 nm, but no dye was injected, as shown in Figure 16.
Simultaneous imaging of reflectance and fluorescence images provide registration and signal
averaging of the low contrast fluorescence images based on the features in the high contrast
reflectance images taken. To label the ganglion cells and their axons, rhodamine dextran dye
was injected into the lateral geniculate nucleus, as shown in Figure 17.
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5. OPTICAL COHERENCE TOMOGRAPHY
5.1 Overview

The development of optical coherence tomography (OCT), as a three-dimensional biological
imaging system, has undergone remarkable progress for a wide range of applications in
diagnostic medicine, biology, data storage and material science [59]. Its real-time operation at
high resolution (1 to 15 μm) permits non-invasive imaging at depths of up to several millimeters
in tissue.

OCT-based systems perform imaging by analyzing the interference between broadband light
backscattered from a sample and light reflected in a reference arm with a known path delay.
The most common implementation uses a Michelson interferometer, and determines the
backscattered intensity with respect to sample depth at one transverse point on the sample at
a time. A three-dimensional image is built up by raster scanning the beam across the sample.
Recent comprehensive reviews of the progress and development of OCT-based systems
provide more extensive detail concerning specific techniques [60–63].

The earliest OCT systems, commonly referred to as time-domain OCT (TD-OCT), used a
reference arm with a path delay that is mechanically stepped across the full sample depth range,
as depicted in Fig. 18. At each reference arm position, the intensity of the interference is
recorded by a photodetector, yielding the scattering depth profile for the reference arm range
of motion. The fact that the reference path length must be mechanically swept to obtain an
axial scan limits the acquisition speed: using a rapid scanning delay line, a 8 kHz Doppler OCT
implementation has been demonstrated [64], and a 3.125 kHz system has been commercialized
and adapted for high resolution imaging in ophthalmology [65,66]. Despite its initial
commercialization for clinical use, the popularity of TD-OCT has diminished in recent years
due to the development of spectral-domain OCT systems with higher acquisition speeds and
sensitivities. However, TD-OCT is still useful for ophthalmic applications that image with
combined high axial and transverse resolutions, either by generating en face cross-sectional
scans [67], or by employing adaptive focusing optics to overcome higher order ocular
aberrations [68].

More recent Fourier-domain OCT (FD-OCT) systems differ from TD-OCT in that the reference
arm remains fixed, and the spectral interferogram is measured with a spectrometer comprised
of a fixed grating and solid state detector array (Fig. 19). An inverse Fourier transform is applied
in post-processing to reconstruct the scattering depth profile, achieving the same axial
resolution as obtained in TD-OCT systems. To prevent the aliasing of scattering interfaces over
the processed depth profile, the source spectrum must be measured with a sufficiently narrow
spectral resolution, requiring the use of line-scan cameras with typically 512, 1024 or 2048
pixels, depending on the source bandwidth and maximum penetration depth of the sample. The
electronic line-scan camera provides a faster scan rate than the mechanical mirror scan rates
achieved in TD-OCT. In addition, by spreading the imaging spectrum across many pixels, the
noise is reduced, permitting a higher sensitivity with respect to TD-OCT [69,70]. FD-OCT
imaging of the retina has been accomplished with a 6 μm axial resolution and axial scan rate
of 29.3 kHz [71]. By incorporating adaptive optics, the morphology of cone photoreceptors
has been monitored in vivo with FD-OCT at even higher speeds (75 kHz) to reduce motion
artifacts [72]. Full-range FD-OCT, in which positive and negative path delays are resolved,
has been applied to anterior segment imaging at 1310 nm, where long depth ranges are required
for unaliased structural visualization [73]. In this case, FD-OCT imaging at an axial resolution
of 9 μm and scan rate of 6.7 kHz, provided a corneal thickness map and the determination of
the angle between the cornea and the iris, both of which are important for the diagnosis of
glaucoma.
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As opposed to measuring the interferograms with a spectrometer and line-scan camera,
researchers have instead developed laser sources that rapidly sweep through their spectral
bandwidth with narrow instantaneous line widths. These OCT systems, called swept-source
OCT (SS-OCT), use single photodetectors that are temporally synchronized to the spectral
content of the interferogram [74]. By using currently available high speed 8 bit analog to digital
converters, the electronic scan speed limitation can be overcome and replaced by the speed at
which the source can perform its spectral sweep. As in the case of FD-OCT, SS-OCT systems
use a fixed reference arm and perform an inverse Fourier transform to recover the depth
scattering potential. To prevent aliasing over longer depth ranges, the interferogram must be
sampled with high spectral resolution, requiring a narrow instantaneous line-width for SS-OCT
systems. Currently, the fastest reported OCT axial scan rates with axial resolutions near 10
μm have been achieved with SS-OCT implementations; a buffered Fourier domain mode
locked laser has achieved an axial scan rate of 370 kHz [75].

SS-OCT systems require dynamic calibration to maintain their time-frequency
synchronization, a calibration that is unnecessary in FDOCT. This calibration has been
accomplished by monitoring the fringes produced in a separate Mach-Zehnder interferometer
at fixed path delay during each spectral sweep / axial scan [76]. In vivo images taken with SS-
OCT include that of a human retina at a 13 – 13.5 μm axial resolution and a 43.2 kHz axial
scan rate [77].

The trade-offs between FD- and SS-OCT arise from the additional complexities at either the
detector or the source, respectively. Although both FD- and SS-OCT systems require the same
frequency sampling to avoid aliasing, the use of finite-width pixel elements in FD-OCT array
cameras results in a convolution with the desired interferogram [78]. As the frequency of the
interferometric fringes increases with longer path delays, this convolution reduces the fringe
contrast, degrading the achievable FD-OCT sensitivity. In the FD-OCT system studied in ref.
[79], convolution with the pixels was found to degrade the maximum 109 dB sensitivity by
approximately 4 dB over a 1.8 mm path delay.

The use of single detectors in SS-OCT systems permits the low-cost implementation of
balanced detection to remove common-mode noise sources, such as random laser intensity
noise, from the interferogram. Balanced detection has been shown to be superior in terms of
the signal-to-noise ratio to unbalanced detection, though the improvements can be marginal in
the case of slower scan rates when the receiver noise is low [80].

Despite the significantly higher scanning rates reported in SS-OCT systems, both SS- and FD-
OCT systems are limited by the same electronic analog to digital conversion speeds; the fastest
SS-OCT systems are currently only supported by 8 bit analog to digital converters, which
severely limit the imaging dynamic range. As electronic processing speeds improve, the scan
rates of both SS- and FD-OCT systems will benefit, provided the technology can be
incorporated into line scan camera technology. However, should analog to digital conversion
speeds advance beyond the current sweep rates of buffered Fourier domain mode-locked lasers,
it may be challenging to accommodate with new swept source development. Currently, both
SS- and FD-OCT systems have been commercialized and are expected to replace TD-OCT in
most clinical ophthalmic applications. The cost of each of these systems does not appreciably
differ and remains at the high end of the price range of ophthalmic diagnostic instruments.

Swept source laser development has yet to achieve the bandwidth necessary for ultra-high
resolution OCT ocular imaging. At the present time, the highest reported axial resolution using
a swept source has been <7 um in the retina with a center wavelength of 850 nm and 16 kHz
axial scanning rate [81]. By contrast, at the same center wavelength and imaging speed, an FD-
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OCT system using a Ti:sapphire laser capable of 2.1 um axial resolution in the retina has been
reported [82].

5.2 Axial and Transverse Resolution
In the far field approximation, the temporal point-spread function achieved in FD-OCT
imaging is related by the Fourier transform to the power spectrum of the source [83]. Thus, the
depth resolution scales inversely with the frequency bandwidth, and jagged spectral peaks will
be translated to unwanted temporal sidelobes that reduce the imaging dynamic range. The axial
resolution is usually characterized with a Gaussian shaped power spectrum, and is expressed
in terms of its center wavelength λ0 and full-width half-maximum (FWHM) spectral bandwidth
Δλ. Using the Gaussian time-bandwidth product of  and assuming a delta function sample
reflection, the axial resolution Δz, defined as the Gaussian FWHM of the point-spread function,
is given by

(1)

The Gaussian power spectrum is typically chosen due to its smooth exponential decay even
though, by using a spectrum that more closely resembles a top-hat, it is possible to achieve a
higher FWHM axial resolution at the expense of larger side-lobes. However, in virtually all
OCT applications, the backscatter intensity varies by several orders of magnitude along the
depth of the sample and the presence of side-lobes near a strong interface can partially or
completely mask weaker nearby structure. Researchers have reshaped their source spectrum
for OCT imaging, both optically [84,85] and digitally in post-processing [86,87], to optimize
the point-spread function for a given application.

As opposed to axial resolution, the transverse resolution of an OCT system is determined by
how tightly the incident beam can be focused onto the sample. The diffraction-limited spot
size, given in terms of the 1/e2 beam radius, w0, that can be achieved for a Gaussian beam
profile depends on the focal length of the lens being used, f, the input beam spot size, d, and
the beam wavelength λ. This relationship, developed in [88], is

(2)

As the transverse resolution is increased, the Rayleigh range, zR, defined as the distance from
the focal point at which the spot size is increased by a factor of , will be reduced according
to

(3)

In typical OCT applications, scanning is performed over a depth field of view of roughly four
times the Rayleigh range [89], which is left intentionally long so that the scattering potential
across several millimeters can be measured simultaneously. This also simplifies alignment for
many in vivo applications, particularly for endoscopy, in which it may be difficult to finely
position the focal point at the region of interest. As Eq. 3 shows, a 2 mm depth field of view
in a 1300 nm OCT system results in a diffraction limited spot size of 14.4 μm in air, yielding
a 16.9 μm FWHM transverse resolution.
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As the imaging source bandwidth is increased to achieve higher axial resolutions, chromatic
dispersion and aberrations degrade the resolution performance predicted from equations 1–3
above. The chromatic dispersion introduced by biological samples must be measured and
compensated to prevent a smearing of the axial point-spread function during imaging.
Compensation is accomplished by introducing the same amount of dispersion into the reference
arm of the OCT interferometer, or through post-processing techniques [90]. On the other hand,
the transverse resolution, determined by the focused spot size on the sample, will be limited
by aberrations introduced by the focusing lens. As previously discussed, ocular aberrations
affecting transverse resolution can be partially compensated using adaptive optics. Generally
speaking, as greater source bandwidths become available, a smooth spectral shape and the
effective use of all of the bandwidth becomes more challenging and expensive to implement,
which has thus far largely limited ultra-high resolution OCT systems to laboratory benchtops.

The most common light source used at present in OCT is the superluminescent diode (SLD).
These compact, reliable and inexpensive semiconductors emit radiation by amplified
spontaneous emission (ASE) over a broad bandwidth, recently permitting axial resolutions up
to 2.2 μm in air with a multiple-quantum well structure [91]. At present, SLD sources are
commercially available at center wavelengths ranging from 650 nm to 1610 nm, providing
OCT axial resolutions typically in the range of 5 – 15 μm and output powers in the range of
several milliwatts (up to 30 mW) for single-mode operation. The greater flexibility in the center
wavelength and increased spectral bandwidth of these compact sources achieved over the past
few years has made them useful for clinical OCT applications requiring low speckle and
moderate to high resolution.

Thermal radiation sources have been adapted for OCT imaging, such as halogen lamps [92]
which, despite achieving low coherence lengths, suffer from poor spatial coherence,
necessitating the use of spatial filtering with a pinhole or single-mode optical fiber. After
improving the spatial coherence of the beam, very little power remains to illuminate the sample,
resulting in poorer sensitivity for similar scanning rates. However, despite their low useable
power, thermal sources have very broad bandwidths, which make them a cost-effective
alternative to ultrafast lasers for ultra-high resolution imaging.

More specialized OCT sources that are later discussed include ASE fiber lasers (both fixed
spectrum and wavelength-swept), femtosecond pulsed lasers and sources that use
supercontinuum generation to nonlinearly broaden their spectra.

5.3 OCT-Based Ocular Imaging Systems
A wide variety of OCT systems have been developed to exploit different imaging capabilities,
or to enhance contrast for a particular application. In ocular imaging, the theoretical OCT axial
and transverse resolutions are typically not attained due to the wavefront and longitudinal
chromatic aberrations introduced by the cornea and lens. As in other imaging systems, adaptive
optics can be implemented with OCT to correct wavefront aberrations, enhancing both the
lateral and axial resolutions as well as the imaging contrast [93,94]. In vivo ultra-high resolution
AO-OCT imaging requires fast acquisition to prevent blurring from motion artifacts, as well
as wide aberration correction capabilities. As such, researchers have developed standard and
parallel FD-OCT systems [95,96,97], and have implemented liquid crystal phase modulators
instead of deformable mirrors to enhance the wavefront correction performance [98,99]. The
use of adaptive optic OCT has allowed retinal layers, such as small blood vessels and neural
components at different depths, to be visualized as separate structures and has allowed better
quantification of photoreceptors over a given retinal area.

Although standard OCT imaging has provided evidence of thinning or thickening of retinal
layers, this can be due to either quiescent scar tissue or active new blood vessel growth,
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requiring radically different treatment. By exploiting the birefringence of the collagenous
portion of the new vessel membrane, polarization-sensitive OCT (PS-OCT) can visualize the
thickness of a lesion and different components as a portion of the entire layer, clarifying which
require treatment [101].

The PS-OCT system described in [101] uses a superluminescent diode (SLD) with a central
wavelength of 840 nm, with a bandwidth of 50 nm, allowing an axial resolution of 8.3 μm in
the air and 6.0 μm in tissue. After the polarization is vertically aligned by a linear polarizer,
an electro-optic modulator varies the incident polarization. Light returning from the eye is
divided into horizontally and vertically polarization components by a polarizing beamsplitter
that are detected by separate CCD line cameras. The images are formed based on Jones matrix
calculations, and the birefringence is normalized at the superficial retina. Although the intensity
image indicates a uniform lesion, the phase retardance indicates striking polarization changes
within the lesion, as shown in Fig. 21. The PS-OCT technique has also been applied to the
retinal nerve fiber layer [94], and recently comparisons of the two main imaging techniques
for glaucoma can be compared: en face analysis of retinal birefringence and OCT [102].

Apart from birefringence, the measurement of blood flow velocities can assist in the early
detection of retinal diseases, such as diabetic retinopathy and glaucoma. Noninvasive in vivo
measurements resulted from the development of color Doppler OCT (CD-OCT) [103],
permitting quantitative in vivo volumetric blood flow in the retina, in addition to standard
structural imaging. For the case of Doppler FD-OCT, flow velocities are determined by
measuring phase shifts in the interferogram for adjacent, slightly overlapping, axial scans.
Using an SLD source with 49 nm bandwidth centered about 841 nm, an axial resolution of 7.5
μm has been obtained in a color Doppler FD-OCT system that statistically estimated the
minimum and maximum velocities of retinal flow in the artery (38.35 – 51.13 mm/s) and vein
(16.62 – 29.7 mm/s), respectively [104].

To image with both high transverse and axial resolutions, researchers have combined high
numerical aperture optics, typically used in confocal microscopy, with ultrahigh resolution
OCT. These hybrid confocal/OCT systems, called optical coherence microscopy (OCM)
[105], image over narrow depth fields of view, making them suitable for high resolution en
face imaging. Although initial OCM systems employed TD-OCT system designs, the difficulty
in aligning the reference arm path delay with the confocal spatial filter has led to the more
recent development of FD-OCT and SS-OCT based OCM systems. Transverse and axial
resolutions of 0.9 × 2.2 μm have been reported for a 29 kHz FD-OCT implementation for ex
vivo rat tissue [106], as well as a 1.6 × 8 μm 42 kHz SS-OCT implementation with a 20 μm
confocal gate width for ex vivo human colon and rat kidney studies and in vivoXenopus
laevis tadpole [107].

The use of a confocal aperture in OCM systems localize the light returning from the sample
and permit a spectral absorption analysis of the backscatter. This method, referred to as
spectroscopic OCT [108], has been implemented using both TD- and FD-OCT systems [109,
110] but has thus far not been applied for in vivo ocular imaging.

The localization of the light within the sample also permits en face imaging at a single depth
position without scanning, called full-field OCT [111]. With the use of microscope objectives
and thermal lamp sources, ultra-high axial and transverse resolutions have been obtained for
ex vivo [112] and in vivo [113] imaging of a rat eye. The use of thermal sources requires spatial
filtering to reduce speckle noise prior to sample illumination, which reduces the incident power
to several milliwatts. The low incident power, combined with scattering crosstalk from nearby
transverse positions limits the sensitivity in full-field OCT systems; a sensitivity of 71 dB was
reported in ref. [113]. However, the resolutions achieved, 0.9 × 0.7 μm and 1.1 × 1.5 μm
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transverse by axial resolutions for ref. [112] and 113], respectively, are obtained with sources
at a fraction of the cost of ultrafast lasers used for similar applications. Thus far, the primary
drawback to full-field in vivo imaging has been the relatively long acquisition times, which
make the system susceptible to motion artifacts.

With a view toward increasing acquisition speed, OCT systems have been developed in which
the depth information across a transverse line is acquired at each scanning step [114,115].
These systems, referred to as line-field OCT, or parallel FD-OCT, illuminate the sample with
a line instead of a point. One dimension of a pixel-array detector is reserved for the spectral,
depth encoded, interferogram, while other is mapped with the transverse line backscattered
from the sample. In vivo imaging of the retina has been demonstrated using a line-field FD-
OCT system [116] with an effective axial scan rate of 51,456 Hz for 3-dimensional imaging.
However, due to the incoherent contribution of scattered light along the length of the
illuminating line, the sensitivity and dynamic range degrades by approximately 30 dB at the
edges of the transverse scan. This loss of coherent backscattered light severely limits the
imaging contrast and line-field OCT's present potential as a clinical replacement to flying-spot
scanning FD-OCT and SS-OCT systems.

6. ULTRAFAST LASERS IN IMAGING
With the recent availability of pulsed femtosecond (1 fs = 10−15 sec) laser sources, researchers
have exploited nonlinear optical effects as a tool to enhance contrast for ultrafast spectroscopy
and imaging applications. Unlike continuous wave lasers, the energy of pulsed sources is
concentrated within a narrow temporal window, which results in high pulse intensities and
permits access to a range of nonlinear effects, among which include sum and difference
frequency generation in nonlinear media [117], self-phase modulation in tapered and photonic
crystal fibers [118] and higher-order harmonic generation [119]. A further notable difference
from continuous wave is that, due to the Fourier transform relationship between the spectral
and temporal domains, sources that emit narrow pulse envelopes have, by necessity, broad
power spectral bandwidths. When applied to biological imaging, a degree of uncertainty
remains in the incident power thresholds prior to tissue damage since the dominant mechanism
can vary depending on the temporal power distribution of the pulses. The current ANSI
maximum permissible exposures for ocular safety require three calculations to account for
damage due to a single bright pulse, damage built-up over many consecutive pulses and damage
from the average illumination power [15].

Ultrafast sources that cover a wide range of pulse durations, from under ten to hundreds of
femtoseconds, are commercially available using the titanium-doped sapphire (Ti:sapphire)
oscillator. For this oscillator, short pulses are generated using passive Kerr lens mode-locking;
refer to Keller [120] for a review of the various mode-locking mechanisms used in recent
ultrafast sources. The Ti:sapphire gain medium permits tunable operation over several hundred
nanometers in the near infrared, with a maximum gain achieved at a center wavelength near
800 nm [121]. Due to their high average output powers of several watts, good beam quality
and robustness, the pulsed Ti:sapphire laser has become a popular choice for ultrafast
experiments. Their relatively smooth and wide spectral bandwidth alone has made them
suitable for ultra-high resolution optical coherence tomography [122,123], which has been
applied in vivo to analyze intraretinal structure of patients with macular disease [124]. To obtain
similar high transverse resolutions (5 – 10 μm), adaptive optics have been added to these OCT
systems, which, after compensating for ocular aberrations, have shown up to a 9 dB signal to
noise ratio improvement of intraretinal layers [125].

The use of an ultrafast source in an imaging system requires careful attention to and
management of dispersion. Chromatic dispersion, arising from a frequency dependent index
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of refraction, will cause some frequencies within a pulse to travel slower than others, resulting
in an overall pulse broadening. This temporal-frequency dependence across the pulse is
commonly referred to as chirp, and can be altered when the pulses pass through glass or
biological media.

When a medium's second derivative of the refractive index with respect to frequency is greater
than zero, the dispersion introduced is said to be normal. Most media exhibit normal dispersion
in the visible region of the spectrum. Conversely, when the second derivative of the refractive
index is negative, the dispersion is said to be anomalous, with the cross-over point called the
zero dispersion wavelength. It is important to identify the type and amount of dispersion present
in an imaging system since it can impact the accuracy of physical path length measurements,
including depth resolution in OCT.

To compensate for normal dispersion, and compress a pulse back to its minimum transform-
limited duration, several methods may be used: custom-designed chirped mirrors; prism pairs;
grating pairs; or dispersion-shifted fibers [126]. Chirped mirrors are fabricated with overlaying
dielectric coatings, such that the design wavelengths are reflected at different layers and
experience different path lengths, providing a very specific but inflexible amount of dispersion
compensation. Both prism and grating pairs spatially separate the spectral content of the pulse
and positive or negative dispersion can be introduced by varying the separation distance
between the prisms [127] or dispersion gratings [126,128].

Despite the wide-spread turn-key use and stability of Ti:sapphire lasers, their wavelength range
has been shown to not be optimal for imaging below the retinal pigment epithelium layer. A
comparative ultra-high resolution OCT study of retinal layers in excised pig retinas, performed
at center wavelengths of 790, 1050, and 1350 nm, demonstrated that imaging penetration depth
increased with increasing wavelength where the ANSI standards permit higher illumination
powers [129]. Based on the trade-off between water absorption, eye length and permissible
illumination power, 1050 nm was found to be the preferred center wavelength for in vivo human
retinal imaging. Sources at 1350 nm, which are compatible with common fiber optic
components, are preferred for either human anterior segment imaging or animal retinal studies
where the eye length is shorter. Since the quantum efficiency of silicon-based detectors drops
off for wavelengths higher than 1000 nm, the detector technology is usually switched to indium
gallium arsenide for imaging systems operating in the 1000 – 1600 nm range.

When imaging is performed within the infrared telecommunication wavelength bands,
previously well-developed fiber-optic components can be directly implemented into the system
design, creating a more compact and robust product. The O-band, covering a wavelength range
of 1260 – 1360 nm, has been attractive for the telecommunication industry due to silica fiber's
natural zero dispersion point around 1300 nm, which results in lower chromatic dispersion and
pulse broadening. The C-band, covering 1530 – 1565 nm, has also been widely used due to
low signal attenuation in silica, as well as the availability of erbium-doped fiber amplifiers,
which have been critical in the development of long-haul fiber-optic communication systems.

Longer wavelength ultrafast imaging sources have been realized by shifting the spectral
operating range of the Ti:sapphire laser using nonlinear optics within an optical parametric
oscillator (OPO) [130] or in a second harmonic generating crystal. Within an OPO, parametric
difference frequency generation downconverts the pump pulses to a tunable spectrum centered
in the infrared. When this spectrum subsequently undergoes second harmonic generation, the
bandwidth is shifted from the infrared back to the visible. Depending on the nonlinear crystal
in use, wavelength tuning can performed by tilting the crystal, altering its temperature, or
adjusting the temporal overlap of the pump and signal pulses with the cavity length of the OPO.
Commercially available OPOs are now capable of a cavity length tuning range from 1100 –
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1600 nm and several hundred milliwatts of output power. The advantage of using an OPO is
that the emitted pulses are synchronized to the pump, which allows temporal stability between
pulses for nonlinear experiments for a wide range of wavelength separation. To date, the high
cost and lack of clinical nonlinear imaging applications restricts the use of OPOs to laboratory
research.

Tunable ultrafast sources for direct emission in the O- and C-bands include the chromium-
doped forsterite (Cr:Forsterite) and chromium-doped yttrium aluminium garnet (Cr:YAG)
femtosecond lasers, respectively. Due to the extended penetration depths in tissue with
increasing wavelength [131,132], these lasers have served as broad bandwidth sources for
optical coherence tomography [133], though for this application they have largely been
replaced by relatively inexpensive continuous wave superluminescent diodes [134,135].
Continuous wave Cr4+:Forsterite lasers have also been employed as an early wavelength swept
source for OCT, using prisms to disperse the spectrum and allow only a narrow bandwidth to
experience intra-cavity gain at any given point in time [136].

Concurrent research in alternative pulsed broad bandwidth sources for imaging has included
the development of erbium-doped fiber ring cavity lasers based on amplified spontaneous
emission [137]. Despite achieving broad bandwidths, fiber lasers have thus far been unable to
provide the same femtosecond-scale pulse durations as free-space systems due to fiber
nonlinearities, as well as the difficulty in compensating higher order cavity dispersion.
However, by rapidly changing which spectral components exhibit intra-cavity gain with a
tunable Fabry-Pérot interferometer, fiber ring lasers using semiconductor optical amplifiers
have been developed as wavelength swept sources for SS-OCT systems [75]. Although fiber
lasers have the advantage of being compact and require low operational costs, their stability
remains affected by thermal and mechanical fiber stresses.

With a view toward further increasing the depth resolution, researchers have extended their
source bandwidth using supercontinuum generation in tapered optical fibers and photonic
crystal fibers (PCFs) [118]. Tapered fibers are produced by heating and gently stretching a
fiber until its radius reduces to several microns, effectively eliminating the core-cladding layer.
PCFs also have very narrow cores, but are surrounded by a custom array of air gaps acting as
a low-index cladding, which can enhance the control of the broadened spectral shape and reduce
fragility, but come at an increased manufacturing cost.

When pulses of light are focused into and propagate along the very narrow tapered or PCF
regions, their high intensities can give rise to several nonlinear effects, depending on the
incident wavelength, power and pulse duration, as well as the fiber's geometry and group
velocity dispersion. When the pulse wavelengths are close to the fiber's zero-dispersion point,
self-phase modulation occurs, and new frequencies are generated by a nonlinear phase shift
[118]. Spectral broadening beyond two octaves has been reported when operating near the
zero-dispersion point [138], though fine spectral structure noise and spectral flatness have been
problematic due to the generation of Raman solitons in the anomalous dispersion region
[139]. Hybrid highly nonlinear fibers have since been developed to provide flat spectral
broadening by separating and controlling the nonlinear effects in turn [139], or by shifting the
zero-dispersion point to operate exclusively in a normal dispersive region [140]. As OCT
sources, the flatter supercontinuum spectra obtained by highly nonlinear fibers have permitted
high depth resolutions (< 3 μm in air), combined with a 40 dB dynamic range and 103 dB
sensitivity [140]. With a PCF broadened spectrum centered at 830 nm, and spectral shaping
applied in post-processing, an FD-OCT system capable of 4 μm axial resolution in air has been
used to demonstrate in vivo imaging of the human cornea and retina [141].
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Recent PCFs have been designed to include two zero-dispersion points, allowing simultaneous
broadening at two different center wavelengths with a single pump laser. From the point of
view of tissue scattering, dual-band OCT sources can extend the versatility of the imaging
system, providing simultaneous dual-band imaging for contrast enhancement and
spectroscopic measurement capabilities [142]. In addition, when speckle noise between two
separate illumination bands is uncorrelated, it can be reduced by frequency compounding
methods in post-processing [143].

Just as nonlinear optical effects can help broaden the imaging spectrum to achieve higher
resolutions, they can also distort it, giving rise to unwanted sidelobes in the point-spread
function. To avoid inadvertently shaping the final spectrum in the fiber optic components used
in the imaging system, the pulses are often temporally smeared through a length of dispersion-
shifted fiber to reduce their peak intensity. Dispersion-shifted fiber is typically chosen in order
to limit the nonlinear effects to self-phase modulation; when the imaging spectrum is near the
zero dispersion wavelength, four-wave mixing and stimulated Raman scattering can also occur,
producing peaks at the edges of the imaging spectrum that translate to sidelobes in the point-
spread function.

Apart from the access to their broad spectral properties, the advantages of using ultrafast pulses
for imaging can be realized in a variety of ways. For example, the temporal interaction window
formed by the overlap of ultrafast pulses in a nonlinear medium outside the sample can produce
a time gate for time-resolved imaging [144]. In this case, the ballistic light that has transmitted
through, or been reflected from, a sample is temporally filtered so that light only from a specific
window in time is detected, while multiply scattered snake and diffuse light is rejected. Time-
resolved imaging has been implemented with incoherent time gates formed using second-
harmonic generation [145], parametric amplification [146], stimulated Raman scattering
[147] and the optical Kerr effect [148]. These techniques have thus far aimed to achieve the
shortest time gate possible to maximize the depth resolution, to date achieving 10 um with 70
fs pulses in a time gate provided by sum-frequency generation [149]. Since the imaging depth
resolution is directly related to the shape of the pulses, dispersion from the sample can affect
performance unless there is a priori compensation. These imaging approaches have been
primarily applied to detect the variation in tissue attenuation at tumor sites in breast tissue
[150] and have not been applied to ocular imaging, where the superior resolution, contrast and
speed favor OCT techniques for reflection-based imaging.

A system that combines both time gating and FD-OCT has been recently reported [151]. In
this case, sum-frequency generation is used as a wide time gate to restrict the backscattered
depth field of view to several hundred micrometers, while OCT provides high sensitivity
imaging of the structure within the gate to sub-10 μm resolution. By selectively removing
strong scattering sites from a depth scan prior to detection, the contrast of the imaging sites of
interest can be enhanced over a standard FD-OCT system, while the volume of collected
imaging data is minimized to the depth region of interest. As compared to en face imaging
systems that use a depth field of view equal to the system's axial resolution, the wider time
gate enables better structural localization. The reported proof-of-concept system uses a sample
illumination power of 40 mW, which makes it currently unsuitable for ocular imaging.
However, since the nonlinear interaction occurs outside the sample, further optimization of the
time gating process is expected to permit lower powers in future implementations.

Ultrafast imaging has also exploited nonlinear two- and three-photon interactions that occur
within a sample, such as fluorescence and second and third harmonic generation [152,153]. In
these cases, the high intensities from pulsed laser sources serve to generate a significant amount
of localized frequency shifted light that can be subsequently filtered and detected to enhance
imaging contrast. The wavelength-tuning capability of the Ti:Sapphire laser provides high
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intensity pulses that can be tuned to the molecular resonances of interest and it has been used
in commercially available fluorescent confocal microscopes for rod photoreceptor studies
[154]. Autofluorescence imaging with a Ti:Sapphire laser has also been investigated in donor
human retinal pigment epithelial cells for the purpose of the early diagnosis of age-related
macular degeneration [155].

The primary drawback to multi-photon techniques is the low nonlinear conversion efficiency,
which decreases as higher order harmonics are generated and create light-starved situations.
To maximize the nonlinear power generated, the illumination pulses should be optimized for
the molecular interaction taking place, with as high a peak intensity as possible. As previously
mentioned, chromatic dispersion, introduced by lenses or biological media, will spread the
temporal duration of the pulse and lower the nonlinearly generated light.

To monitor and characterize the temporal shape of femtosecond pulses, current photodetectors
cannot be used due to their insufficient acquisition speeds. An early ultrafast pulse
characterization device, which uses the pulse to measure itself, is the second-harmonic
autocorrelator. The autocorrelator sends an input beam into an interferometer and controls the
temporal overlap of the recombined pulses. These pulses are recombined in a nonlinear crystal
set for second harmonic generation so that the frequency-doubled light is detected over a range
of relative pulse delays. Due to the direct dependence between the incident and second
harmonic generated intensities, an autocorrelation trace of the unknown pulse is produced,
from which the duration can be inferred for a given pulse shape. Frequency-resolved optical
gating (FROG) techniques [156] perform the additional step of measuring the spectral content
of the nonlinearly generated light at varied relative incident pulse delays. In this case, a separate
well-characterized reference pulse can be used to produce a cross-correlation trace, and several
FROG implementations using nonlinear interactions other than second-harmonic generation
have been reported. Iterative post-processing techniques are applied to the detected time-
frequency trace, resulting in a near-complete phase and amplitude characterization of the
unknown pulse [157].

Although the potential of second-harmonic signals for enhancing imaging contrast in highly
scattering media was anticipated and studied with Q-switched YAG lasers long before ultrafast
lasers were widely available [158], recent advances in temporal control and calibration have
led to striking images of the collagenous layers in the human donor tissue samples of cornea
[159] and optic nerve head [160]. The optic nerve head samples are illuminated by a
Ti:Sapphire oscillator pumped by a frequency-doubled neodymium-doped yttrium vanadate
(Nd:YVO4) solid-state laser, in an application-specific microscope. The 170 fs, 76 MHz mode-
locked laser pulses are raster scanned across the target, using 150 fs pulses with a repetition
rate of 90 MHz and set to deliver a relatively high average power for ophthalmology (48 mW)
at the focal plane of the microscope objective. A comparison of two-photon excited
fluorescence and second harmonic generation imaging of the same corneal samples has been
shown to characterize the cells in the collagen rich layers of the cornea [161]. Due to the incident
power limitations and the low numerical aperture optics used to focus light onto the retina, it
is challenging to obtain sufficient second harmonic and fluorescent photons for in vivo retinal
imaging, which has prompted the use of contrast agents when possible. However, noninvasive
two-photon imaging of the periphery of the retina has been reported by focusing light through
the sclera in the study of retinyl ester storage particle dynamics in wild-type mice [162]. On
the other hand, multi-photon imaging of the sclera and cornea can be performed with higher
numerical aperture optics, permitting greater illumination intensities and second harmonic or
fluorescent light.

The short but intense illumination achieved with pulsed sources has permitted a look into
ultrafast dynamics of numerous biological and chemical processes [163]. Popular pump-probe
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experiments involve the use of a pump pulse and a suitably delayed probing pulse to excite a
system and monitor its behavior before it returns to its steady state. Pulsed sources have been
used in functional fluorescence excitation microscopy. Studies of calcium dynamics in retinal
ganglion and amacrine cells have been performed using a Ti:Sapphire laser with 200 fs pulses
centered at 930 nm, which permitted neuron measurements without the saturation of
photoreceptors [164].

Coherent anti-Stokes Raman spectroscopy (CARS) is a well-known pump-probe technique
that is sensitive to the molecular vibrations of a sample [165]. This process uses pulses at two
separate frequencies to illuminate the sample. Light is nonlinearly generated within the sample
at a frequency of 2ω1 – ω2 due to a third order interaction called four-wave mixing. The
illumination frequencies are chosen so that the generated light at the anti-Stokes frequency is
resonant with the molecular vibrations of the sample. This resonance enhances the power and
directionality of the generated light, which is subsequently detected. A drawback to this
technique is that non-resonant fluorescence can partially or completely mask the desired signal.
To suppress this background, polarization sensitive, time-gating and phase control of the
excitation pulses can be employed. To the authors' knowledge, CARS has not been applied to
ocular imaging, primarily due to the high incident powers required to achieve a detectable
return signal.

Recently the detection of second harmonic generated signals in nonlinear tissue samples has
been done interferometrically using optical coherence tomography [166,167]. In this case, the
light that has been upconverted in the sample is interfered with frequency-doubled light in the
reference arm of the interferometer. With the appropriate use of dichroic mirrors and separate
Michelson interferometers, OCT imaging with both the second harmonic generated spectrum
and with the unconverted bandwidth has been demonstrated. However, due to the weak second
harmonic light levels returning from the sample, even with high powers (50 mW) incident on
the sample, the image acquisition time for the design in ref. [167] is considerably longer (5 Hz
axial scan rates) than typical OCT systems, limiting its potential for in vivo ocular imaging
applications.

7. OVERVIEW
The use of lasers in clinical ocular imaging applications requires careful consideration of the
safe exposure limits at a given wavelength as set forth by the ANSI standards. Additional
limitations arise from the optics and geometry of the eye, which limit the resolution and field
of view that can be obtained in retinal imaging; these constraints have been partially overcome
with the use of adaptive optics to correct wavefront aberrations, and the dilation of the patient's
pupil, respectively.

The use of fluorescence has been a traditional method of enhancing the imaging contrast of a
particular region of interest in the retina. A great amount of versatility can be achieved for this
type of imaging when the illumination source wavelength has the capability to be tuned to the
resonance of the fluorophore. The use of fluorescein angiograms permits the monitoring of a
chemical dye as it passes through the blood stream, which can be particularly important when
searching for vessel leakage due to age-related macular degeneration. Contrast enhancement
can also be achieved by exploiting the natural birefringence of foveal photoreceptors, ganglion
cell axons, and collagen with polarization-sensitive imaging.

Confocal imaging systems permit the exclusion of unwanted light, be it light from outside the
focal volume or direct backscatter, from reaching the detector by the appropriate geometry and
placement of apertures. The confocal effect has been effectively combined with other imaging
systems and sources, such as point-scanning laser ophthalmoscopes, to provide en face imaging
in vivo and VCSEL sources to reduce scanning complexity and overall cost.
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The recent emergence of OCT has had a particularly strong impact on the imaging of the eye,
permitting in vivo views of the deeper layers of the retina. Numerous broad bandwidth sources
have been developed for OCT imaging with system trade-offs such as: cost, center wavelength,
bandwidth, spectral uniformity, power and permissible acquisition speed. The primary OCT
systems developed for functional ocular imaging include the polarization-sensitive, second-
harmonic, confocal hybrids and Doppler variants, each with application-specific advantages.
It is expected that the imaging capabilities and commercialization of these imaging systems
will continue to advance in the years to come.

The use of ultrafast lasers in imaging provides access to a variety of imaging techniques that
are not available with conventional continuous wave sources. Their primary advantages are a
result of their high pulse intensities, which permit access to nonlinear effects that occur either
prior to imaging (spectral broadening with supercontinuum generation), inside the sample
(fluorescence, second-harmonic generation), or for optical processing prior to detection (time
gating). However, nonlinear interactions within a biological sample require a power density
that often exceeds safety limits for in vivo studies. Despite the access to broad bandwidths
provided with ultrafast lasers, they remain expensive and complex with respect to continuous
wave light sources, which has limited their use to ultra-high resolution imaging and prevented
widespread implementation in clinical environments.

Future development for clinical ocular applications largely depend on the imaging technique
in use. The availability of semiconductor continuous wave laser sources at more wavelengths,
particularly at shorter wavelengths, will add to the range of samples that can be easily imaged
using fluorescence. For most in vivo work, the current emitted power levels are more than
sufficient, and are not as important as achieving stable Gaussian beam shapes, reliable turn-
key operation and a low cost.

The commercialization of OCT systems will continue to drive the development of lower cost
broadband sources. Superluminescent diodes are currently favored in many standard imaging
systems, though more specialized applications will become accessible to clinicians as the cost
of required sources and their operation decreases.

Apart from cost, nonlinear imaging systems will also require improvements in detector
technology prior to commercialization. Since safety limits restrict the incident power, higher
detector efficiencies are required to improve the signal to noise ratio in light-starved situations,
decrease the exposure duration. Particularly for three-dimensional OCT imaging, the
development of faster analog to digital electronics is critical to transfer large quantities of data
for real-time imaging.
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Figure 1.
Schematic of the cross section of the human eye. Light enters the eye through the pupil, shown
as blue rectangles, which severely limits the angle of both the illumination and detection of
retinal targets. Light returns from the retina over a broad wavelength range when it is specularly
reflected, directly backscattered, polarization retaining, or guided by photoreceptors, but
contains mainly long wavelength information when it is multiply scattered.
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Figure 2.
Schematic of the layers of the retina, with the most superficial at the top. The retinal pigment
epithelium is shown in gold, to correspond to its most prominent fluorophore, lipofucsin. The
choroid is shown in blue, to correspond to its absorption in the short wavelength range due to
melanin, which is strong in darkly pigmented eyes. The photoreceptor outer segments are
shown in green, to correspond to their broad band absorption of the three most common
photopigments, peaking roughly at 500, 535, and 565 nm.
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Figure 3.
En face, flood illuminated photograph of a patient's eye with a common retinal disease, age-
related macular degeneration.
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Figure 4.
Two samples from a cross sectional image of the living human retina, comparing a retinal
region outside the fovea (left) with a region centered on the fovea (right), at locations indicated
in Fig. 1. Each bright layer shows a strong index of refraction change between the stratified
cellular and subcellular elements of the healthy retina. The more peripheral retinal has
additional layers of neural elements that are displaced away from the foveal pit, indicated by
the white arrow, thereby decreasing the unwanted of scattering of light before it reaches the
photoreceptors. This image was produced by mapping the amplitude of the interference of
coherent light against a reference of known position, known as Optical Coherence
Tomography. The contrast in both the lateral and axial directions, as well as the uniformity
over the retina, can be improved by using Adaptive Optics to correct the large wavefront
aberrations in the human eye. These images were acquired from the instrument of Dr. Stephen
A. Burns, using the Optical Coherence Tomography design of Dr. Daniel X. Hammer, as
described in Section 5 and refs 58,93. Note also that not all of the illumination light penetrates
the sample at each location, consistent with absorption by the blood in the retinal blood vessels.
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Figure 5.
Diagram of the principle of absorption and fluorescence, and the spectra of the major absorbers
in the human retina: Le- lens, Me- melanin, HbO and HbO2- hemoglobin and oxygenated
hemoglobin, H2O- water, and MP- macular pigment. Fluorescence occurs as a function of the
excitation spectrum of the molecule, as shown by the blue curve on the top left, and also by
the amount of light that penetrates the absorbers. Short wavelength light penetrates poorly to
the deepest layers of the human eye, and so the wavelength at which the most excitation occurs
may not return as much fluorescence signal as compared to longer wavelength excitation that
avoids the local absorption maxima associated with blood. The emission spectrum, shown in
the top right curve, is shifted towards longer wavelengths, which often encounter less
absorption in the human eye.
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Figure 6.
Comparison of imaging methods in the macula of a patient with age-related macular
degeneration. A- Color photograph showing new vessel growth and leakage, seen as a gray-
green membrane, inferior to the fovea. B- A fluorescein angiogram with 488 nm Argon laser
illumination , showing the early phase of dye leakage out of the leaking vessels. C- Fluorescein
angiogram, showing a later phase, with more dye leakage at the location of the new vessel
growth. D- A 780 nm infrared diode laser image at the magnification shown by the white box
in panel B, computed from light depolarized from retinal structures, showing a white halo and
dark core that localize the new vessel membrane. The methods are as in ref 53. E- A matching
infrared image, but containing both polarized and depolarized light, showing the membrane
but less well than in D. F- An infrared image computed from the same dataset as D, but using
only light that is polarized perpendicularly to the illumination, showing the white halo at the
rim of the new vessel membrane. The top of the macular cross is seen above the halo, where
there is healthier retina.
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Figure 7.
Diagram of a confocal imaging system with laser scanning. The light from out of focus planes,
as well as light that is scattered laterally over long distances, is restricted from reaching the
detector by the use of the aperture. Light within the desired small focal volume, shown in green,
passes through the aperture and reaches the detector.
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Figure 8.
Retinal image of a normal subject's eye, acquired with a confocal scanning laser system at 594
nm, using the technique of ref 23. Retinal blood vessels are in good contrast, given the strong
absorption at 594 nm, and the control of unwanted scattered light.
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Figure 9.
Diagram of an imaging system with laser scanning that captures multiply scattered light in
preference to directly backscattered light. The light from out of focus planes, or that is scattered
laterally over long distances, passes through the aperture and reaches the detector. Directly
backscattered light from within the small focal volume that is on axis with the illumination is
blocked by the aperture and not detected.

Elsner and Muller Page 37

Laser Photon Rev. Author manuscript; available in PMC 2010 November 2.

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript



Figure 10.
Retinal images of a patient with early age-related macular degeneration, showing two different
types of pathology with confocal imaging employing directly backscattered light on the left
and multiply scattered light imaging on the right. The left image was acquired as in ref 44,
using a 790 nm diode laser and a confocal aperture, and shows the highly reflective debris lies
beneath the retina. The right image was acquired with a 633 nm HeNe laser and an annular
aperture, which blocks the directly backscattered light and emphasizes the multiply scattered
light. Clumps of dead retinal pigment epithelial cells are seen as dark spots, indicating severe
and permanent damage that is not seen in the confocal image.
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Figure 11.
Retinal images acquired with a Ti:Sapphire laser of a patient with a new blood vessel membrane
indicated by black arrows,. The left image was acquired as in ref 26, at 860 nm and using a
confocal aperture, showing only the superficial part of the new vessel membrane. The right
image was acquired with an annular aperture, and the extent of the new blood vessel membrane
is clearly larger than that indicated by the superficial information.
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Figure 12.
Series of a normal subject's retina at increasing focal depths, using an 850 nm VCSEL source.
The images in the left column were acquired with only the center laser element illuminated,
on axis with the confocal aperture. The light return is strongest at the superficial retina. The
images in the right column use illumination from eight surrounding laser elements for multiply
scattered light imaging, providing visualization of blood vessels in the choroid, deep beneath
the retina.
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Figure 13.
Schematic representation of an adaptive optics imaging system.
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Figure 14.
AOSLO images of the human retina, comparing images with the Adaptive Optics correction
turned off as opposed to on. Each white dot shows the light return from an individual cone
photoreceptor.
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Figure 15.
AOSLO image of the human retina, focused more superficially to show the nerve fiber layer
and blood vessels in the retina.
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Figure 16.
AOSLO image of a primate retina, focused deeper to show the endogenous fluorescence from
the retinal pigment epithelium, as in ref 57. Each hexagonal structure is a single retinal pigment
epithelial cell. Images were provided by Dr. David Williams and Jessica Wolfing.
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Figure 17.
AOSLO image of the primate retina as in ref 57, focused more superficially to show the nerve
fiber layer, stained ganglion cell bodies and their axons, and blood vessels in the retina. Images
were provided by Dr. David Williams and Jessica Wolfing.
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Figure 18.
Schematic of a free-space time-domain OCT (TD-OCT) system
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Figure 19.
Schematic of a free-space Fourier-domain OCT (FD-OCT) system
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Figure 20.
A pair of FD-OCT 2-dimensional images of the human retina taken without (left) and with
(right) adaptive optics using the system described in ref. [100]. The left image used a 1.2 mm
pupil and shows a relatively large lateral speckle size, while the right image used a 6.0 mm
pupil size. For both, a 10 mW superluminescent diode was used, centered at 840 with a FWHM
bandwidth of 50 nm. The adaptive optics system corrected ocular aberrations up to a wavefront
RMS of approximately 50 nm and a Strehl ratio of 0.8 (diffraction limited). The smaller speckle
size, as well as a higher resolution, allows visualization of finer features. Image provided by
Drs. Barry Cense and Donald Miller, with the method described in [100].
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Figure 21.
2-Dimensional FD-OCT scan of a new vessel membrane in age-related macular degeneration,
without (left) and with (right) polarization sensitive analysis using the system described in ref.
[101], and provided by Dr. Masahiro Miura. The right-hand scan indicates the location of
birefringent collagen within the lesion, seen as pink, separating it from regions of potential
new blood vessel growth.
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Figure 22.
Nonlinear optical interaction between pump and idler pulses producing signal pulse at ω3 =
ω1 + ω2 for sum frequency generation or at ω3 = ω1 − ω2 for difference frequency generation.
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Figure 23.
Dispersion compensation configurations using a chirped mirror (A), a prism pair (B), and a
grating pair (C).
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Figure 24.
Schematic of a tapered optical fiber. Nonlinear spectral broadening occurs in the waist region.
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Figure 25.
Cross-section of a photonic crystal fiber. Air gaps surrounding the core permit a similar spectral
broadening effect as in tapered fibers.
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Figure 26.
An imaging pulse is transmitted through a sample and is temporally composed of light from
different scattering paths. A narrow time-gating pulse then interacts with the imaging pulse in
an external nonlinear medium and restricts the light to a narrow temporal window prior to
detection.
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Figure 27.
Schematic of a second-harmonic FD-OCT system. Second-harmonic generated (SHG) light
from the sample (blue) is interfered with SHG light from a nonlinear crystal. Standard FD-
OCT is performed with the unconverted light (red).
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