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Ultrahigh-resolution optical coherence tomography
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ing resolution, demonstrating the potential of OCT to accomplish its
original goal of performing noninvasive optical biopsies, i.e., the in
vivo visualization of microstructural morphology in situ, which had
previously only been possible with histopathology. In addition, these
novel light sources might also enable the use of spectroscopic OCT,
an extension of ultrahigh-resolution OCT, for enhancing image con-
trast as well as detecting spatially resolved functional, biochemical
tissue information. State-of-the-art-light sources that now permit
ultrahigh-resolution OCT covering the whole wavelength region from
500 to 1600 nm are reviewed and fundamental limitations of OCT
image resolution are discussed. Ex vivo ultrahigh-resolution OCT to-
mograms are compared with histological results; first clinical in vivo
ultrahigh-resolution OCT and preliminary spectroscopic OCT results
are presented and their impact for future clinical and research appli-
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1 Introduction 10-MHz transducet® High-frequency(50 MHz) ultrasound
can achieve an axial resolution of 20 to afn, but its pen-

New medical imaging technologies can improve the diagnosis ‘ . one i
etration depth is limited to 4 mm because of acoustic attenu-

and clinical management of a disease. Furthermore, they~ <™ I didot v th .
might also contribute to a better understanding of the patho- ation in ocular media. ence, only the anterior eye seg-

genesis and therefore to the development of novel therapiesgf;;n?r:ruclgusfrsoci?h;fnér:;ged o\:vnsr::atrrl]rllsin h'?gséres{gmo?g
for a disease and thus have a significant, challenging impact 9 P Py 9 9

in medical research and clinical practice. Minimally invasive phy, invented in 1979, represented a major development in

: . ; ~14
imaging techniques have revolutionized diagnostic medicine imaging of the ophthalmologic fundds. *A focused laser

during the past decades, e.g., X-ray computed tomographySpOt is raster scanned on the retina while measuring the inte-
) - k ligh in high-quali i -scal
(CT).1 magnetic resonance imagifiRI).2* functional mag- grated backscattered light to obtain high-quality, micron-scale

i . . RI) 4 radioisot . . ; lateral-resolution fundus images. Scanning laser ophthalmos-
netic resonance Imag @VIRI),” ra loisolope |mag|ngp05{- . copy provides an en face view of the fundus, with high trans-
tion emission tomography, PET, and single-photon emission

X X verse resolution and contrast. However, pupil aperture and
computed tomography, SPECTand diffuse optical tomogra- pupy ap

h 6Th hni it three-di ional vi ocular aberrations limit the axial resolution in the retina to
phy (DOT).” These techniques permit three-dimensional Visu- ey era) hundred micror(s-300 um). Cellular-level real-time
alization; however, their spatial resolution is typically limited

o : . - S video imaging of the human cornea with submicrometer trans-
to a few millimeters in standard clinical practice. Optical im-

¢ s : versal resolution has been achieved by scanning slit confocal
aging techniques such as conventional, confocal fIuorescencemicroscopﬁs,le

as well as two- or multiphoton mlcr(_)scdpgnable high axial In the past decade, advances in optics, fiber as well as laser
and transvers¢<1 um) resolution imaging, but with only  {echnology have enabled the development of a novel nonin-
limited penetration andn vivo clinical diagnostic applica-  yasive optical biomedical imaging technology, optical coher-
tions. In addition to biochemical methods, excisional biopsy ence tomographyOCT). It is analogous to conventional ul-
and histopathology remain the gold standard for cancer diag-trasonic pulse-echo imaging, except that OCT does not
nostics. However, in many instances, diagnostics based onrequire direct contact with the tissue that is being investigated
biopsies suffer from high false negative rates because of sam-and it measures echo delay and the intensity of backreflected
pling errors. infrared light rather than acoustic waves from internal tissue
A- and B-scan ultrasonography is routinely used in oph- structures. Because the velocity of light is extremely high,
thalmologic biometry and diagnosis to image and differentiate direct measurement of optical echoes cannot be performed
orbital disease and intraocular anatomy. These ultrasoundelectronically as in ultrasound. Therefore OCT is based on a
measurements require physical contact with the eye and typi-
cally provide 150um of longitudinal resolution by using a  1083-3668/2004/$15.00 © 2004 SPIE
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classic optical measurement technique known as white light have been demonstrated. Furthermore, the thickness of the
or low-coherence interferometergL Cl).1’~° that enables  retinal nerve fiber layetNFL), a possible predictor for early
noninvasive, high-resolution,in vivo, two- or three- glaucoma, could be quantified in normal and glaucomatous
dimensional cross-sectional imaging of microstructural mor- eyes and correlated with conventional measurements of the
phology in transparent and nontransparent biological tifsue  optic nerve structure and functidh® This prototype oph-
situ. Utilization of broad-bandwidth light sources in OCT per- thalmic OCT system was developed into a clinical instrument,
mits tissue morphology to be imaged in detail at depths sig- patented, and subsequently transferred to industry and intro-
nificantly greater than the penetration depth offered by con- duced into the ophthalmic market in 1996 by Carl Zeiss Med-
ventional bright-field and confocal microscopy. itec Inc. of California. Since then, three generations of this
The eye is essentially transparent, transmitting light with instrument have been developed and successfully used in sev-
only minimal optical attenuation and scattering and provides eral clinical studie$?~"° This version of OCT has now ad-
easy optical access to the anterior segment as well as thevanced to a powerful imaging technology in other medical
retina. Hence, optical ranging measurements, the optical anafields because of its ability to perform cross-sectional, nonin-
logue of ultrasound A-scans, were first demonstrated in 1986 vasive subsurface imaging in highly scattering tissue for a
using femtosecond light pulses as well as low-coherence large range of clinical diagnostic applicatiofts®* In addi-
interferometry*®?° Since then, two related versions employ- tion, extensions of OCT technology, including Doppler
ing a classic Michelson interferometer and a special dual- flow®?~®%or polarization-sensiti€-*imaging, have been de-
beam setup using an external interferometer have been develveloped that provide spatially resolved imaging of velocity or
oped for noninvasive ophthalmic high-precision and high- birefringence.
resolution biometry and tomograpfy.?* Whereas several reviews have covered the historical devel-
By using dual-beam partial coherence interferometry, the opment, fundamental theory, basic principles, technological
first in vivo eye length measurements were achieved by extensions, and applications of O&T,""*%9~%%his paper re-
Fercher and Rotf? The axial length of norm&t and cataract ~ views the fundamental principles of ultrahigh-resolution
eyes?® as well as corneal thickness and thickness préfids ~ OCT " a recently developed technology that produces a quan-
were measured. A fully computer-controlled scanning version tum leap in OCT imaging performance by significantly en-
of the dual-beam version of OGThas been developed, en- hancing its axial resolution to the subcellular level. This un-
abling biometry with 0.3- to 1Qsm precisior’ Its potential precedented performance extends the original idea of OCT to
to perform noninvasive high-resolution biometry of intraocu- noninvasive optical biopsy, i.e., the vivo visualization of
lar distances with unprecedented precision has been utilized inarchitectural tissue morphology situ without excision of the
studies of the corne#t,and intraocular lensés>*as well as  investigated tissue, which had previously only been possible
in research approaches to the effects of accommodafion ~ with histopathology. State-of-the-art-light sources, which en-
and development in myopi& Furthermore, it has been shown able ultrahigh-resolution OCT in the 500- to 1600-nm wave-
that use of this technique improves postoperative refractive length region are reviewed here, and fundamental limits of
outcome in cataract surgery by approximately 38§96° The OCT image resolution are discussdek vivq first in vivo
high-precision biometry has also made it possible to deter- clinical ultrahigh-resolution OCT tomograms, and preliminary
mine the group refractive indices and the group dispersion of results of spectroscopic OCT, an extension of ultrahigh-
ocular mediain vivo.** This dual-beam technique forms the resolution OCT for image contrast enhancement as well as the
basis of a commercial optical biometry instruméif@LMas- detection of spatially resolved functional and biochemical in-
ter, Carl Zeiss Meditec AGthat was successfully introduced formation on tissue, are also presented, and their impact for
to the market in 2000. Another challenging potential of this future clinical and research applications is discussed.
technique is its ability to perform tomographic imaging of the
retina. The firsin vivo tomogram of the human optic disk was . .
reported in 1993 by Fercher et4&lusing this technique. The 2 Key Technological Parameters of Optical
first topographic measurements of the fundus of the human Coherence Tomography
eye revealed the capability to quantitatively obtain the con- The performance of an OCT system is mainly determined by
tours and the thickness profiles of retinal layers, with a preci- its longitudinal (axial) resolution, transverse resolution, dy-
sion of 2 to 3um.?° Two-dimensional tomograms visualizing namic range(i.e., sensitivity and data acquisition specifica-
the microstructure of the retina have also been tions, including digitization resolution and speed. For applica-

synthesized®4243 tion in medical diagnosis, additional factors, such as
By using a classic fiber optic Michelson interferometric noncontact versus contact applicability, possible penetration
setuptt12444Eyjimoto et al? presented the firsh vitro to- into the investigated tissue, image contrast, and extraction of

mogram of the human eye in 1991. Since then this version of functional or biochemical information, in addition to the vi-
OCT has advanced as a promising technique for both basicsualization of microstructural morphology, have to be consid-
research and clinical applications. Several ophthalmic clinical ered. For clinical applications, compactness, user friendliness,
studies have been conductédBesides the possibility of im-  robustness, flexibility, and overall costs of the OCT system, as
aging the anterior eye segmétfttand morphological features  well as the possibility of interfacing it with existing diagnostic
of the human fovea and optic diékthe detection and moni-  technology are also decisive factors.

toring of a variety of macular diseas&s’including macular The major advantage of OCT for diagnostic imaging is that
edema°? macular holes? central serous chorioretinopathy it may be performed using noninvasive or minimally invasive
(CSO,%* age-related macular degenerati@MD) and chor- optical delivery systems, allowing repeated imaging to moni-

oidal neovascularizatiofCNV),* and epiretinal membran®s tor the progression of a disease. Unlike ultrasound, OCT im-
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aging can be performed directly through air, avoiding the need 14 € — standaid resolition
for direct contact with tissue or the requirement for a trans-
ducing medium, and therefore increasing the patient’s comfort
and minimizing the risk of infection. In addition, OCT can be
performed in real time, allowing guidance of conventional
excisional biopsy or investigation of dynamic response to
therapeutic agents. OCT draws upon a well-developed fiber
optic technology base and can therefore be easily interfaced
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vasive imaging possible. width half maximum) as a function of the two standard wavelengths

Unlike technologies such as MRI or CT, OCT can be en- (A=800 and 1300 nm) used for OCT and optical bandwidth (AN). A
gineered into a compact, portable, and relatively inexpensive Gaussian spectrum and nondispersive medium are assumed.
instrument, allowing low-cost screening and wide accessibil-
ity. Its major drawback compared with full-body imaging
techniques is its limited penetration into nontransparent bio- of bandwidth centered at 1300 nm enables only Arh.
logical tissue. The maximum imaging depth in most tissues Hence even broader bandwidth light sources have to be used
(other than the eyes limited by optical attenuation and scat- when employing light sources in the 1300-nm wavelength re-
tering to approximately 1 to 2 mm. This depth is shallow gion. The actual resolution within the imaged tissue can be
compared with other imaging techniques; however, the stan-estimated by dividing the free space resolution, indicated by
dard image resolution of OCT is more than ten times greater this figure, by the group refractive index, i.e., 1.35 to 1.4 for
than that of conventional ultrasound, MRI, or CT. In addition, most biological tissues. It has to be noted that the axial reso-
the imaging depth of OCT is sufficient for retinal imaging in  |ution of OCT imaging is limited by dispersion of the sample,
ophthalmology. It is comparable to that typically sampled by but also absorption and scattering within the sample, where
excisional biopsy and is sufficient for the evaluation of most photons with the same path but reflected from various imag-
early neoplastic changes, which very often occur in the most ing depths are detected.
superficial layers, e.g., the epidermis in the human skin or the  An in conventional microscopy, the transverse resolution

mucosa and submucosa of internal organs. for OCT imaging is determined by the focused transverse spot
o . size (defined as thel/e? radius of a Gaussian bearof the
2.1 Longitudinal and Transverse Resolution optical beam, given bjAx= (4\/7)(f/d) whered is the spot

In contrast to conventional and confocal microscopy, OCT size on the objective lens arids its focal length. The trans-
achieves very high axial image resolution independent of fo- verse resolution is also related to the depth of focus or the
cusing conditions because the axial and transverse resolutiongonfocal paramete2zg (two times the Rayleigh range2zg

are determined independently. The transverse resolution as=7wAx?/2\. This implies that increasing the numerical aper-
well as depth of focus are governed by the focal spot @se  ture reduces the spot size, but also reduces depth of focus.
in conventional microscopy while the axial resolution is High transverse-resolution OCT imaging can be achieved by
mainly governed by the coherence length of the light source focusing with a high numerical aperture at the expense of
(rather than the depth of field, as in microschpihe coher- reduced depth of focus. This operating regime is similar to
ence length is the spatial width of the field autocorrelation conventional microscopy or confocal microscopy, which has
measured by the interferometer. The envelope of the field cor- high transverse resolution but poor depth of field; for ex-
relation is equivalent to the Fourier transform of the power ample, with a transverse resolution of 3 tau using a light
spectrum. The axial resolution is therefore inversely propor- source centered at 800 nm, a corresponding confocal param-

tional to the spectral bandwidth of the light source, Aa eter of only 35 to 10Qum in air can be achieved. To over-
=2 In(2\?(wAN), where A\ is the bandwidth and is the come this depth of field limitation caused by the high numeri-
center wavelength of the light source used for imagiag- cal aperture, C-mode scan imagitfigthe use of special
suming a Gaussian spectrum imaging lenses® or dynamic focus tracking® can be used

Figure 1 depicts this correspondence for the two standardto maintain high transverse resolution throughout the whole
wavelength regions used for OCT so f&00 nm and 1300  penetration depth.
nm), assuming a Gaussian spectrum of the light source as well  Especially for ophthalmic retinal OCT imaging, low nu-
as a nondispersive imaging medium. It indicates that by using merical aperture focusing is employed because it is desirable
a light source with a 140-nm optical bandwidth at an 800-nm to have a large depth of field and to use OCT to achieve high
center wavelength, a free space resolution of approximately 2 axial resolution. For a center wavelength 0800 nm, a
pm can theoretically be achieved. It also indicates that for a beam diameter of 2 to 3 mm, and neglecting the chromatic
further improvement by another factor of 2, down tqufin, aberration of the human eye, the depth of field of the focus is
the bandwidth of the light source must be doubled to 280 nm. approximately 75Qum, which is comparable to the depth over
This makes it very hard to achieve a longitudinal resolution in which retinal imaging is performed. However, low numerical
OCT imaging of less than &m, because very broad band- aperture focusing yields a low transverse resolution. Studies
width light sources are required. Figure 1 also shows that have shown that the largest pupil size that still yields
using a bandwidth of 180 nm centered at 800 nm enables adiffraction-limited focusing is approximately 3 mm, enabling
free space resolution of 1,6m. However, the same amount theoretical retinal spot sizes of 10 to 15n.°° The minimum
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achievable transverse resolution for OCT is determined by the tion speed requirements. A major limiting factor—especially
smallest achievable spot size on the retina. Using a reducedfor ultrahigh-resolution ophthalmic OCT—in dynamic range
schematic eye for the optical analysis and diffraction-limited and sensitivity is the fact that the maximum allowed illumi-
focusing of the eye, a 4-mm diameter beam at the pgth nation power is limited by tissue or retinal exposure consid-
a center wavelength of 800 nnwould produce a theoretical  erations. Superluminescent diodes, in contrast to femtosecond
spot size of 4.3um. In practice, however, for large pupil solid-state lasers, have the advantage of emitting laser light
diameters, ocular aberrations limit this minimum focused spot with extremely low-amplitude noise. In contrast, solid-state
size on the retina, even for monochromatic illumination. femtosecond lasers have excess amplitude noise that can de-
When ultrabroad bandwidth light is used, chromatic aberra- crease the signal-to-noise ratio and therefore the sensitivity of
tion will pose an additional limit to the smallest possible spot the system. Nevertheless, optimum imaging performance can
size. Furthermore, coma and other third-order aberrations,still be obtained with these light sources to achieve nearly
rather than spherical or fourth-order aberrations, appear toshot-noise-limited sensitivity by using dual-balanced
place the dominant limitation on the resolving power of the detectiont’® Hence, typical OCT systems achieve detection
eye. One promising approach to correcting ocular aberrationssensitivities 0f10~° or 107° (—90 to —100 dB of the inci-
in order to decrease the spot size at the human eye fundus andent optical power. This is sufficient to detect optical signals
to therefore improve transverse resolution in OCT would be to from depths of 1 to 2 mm in most scattering biological tissues.
use adaptive opticAO). Different approaches have been used so far to accomplish
The applications of AO have gone far beyond astronomy in high-speed, real-time OCT imaging. The use of a rapid-
the past decades. Correcting ocular aberrations was suggestescanning optical delay lif€® enabledn vivo video rate OCT
in the early 1960s. With advances in technology, the first imaging'®” En face OCT uses rapid transverse scanning to
promising results were achieved in the late 1988g0day, achieve high-speed OCT imaging with large voxels per sec-
deformable mirrors, liquid-crystal spatial light modulators, ond acquisition rate¥® Two other alternatives for high-speed
and phase plates have the potential not only for static, but alsoOCT imaging are parallel OCT using a smart detector affay
for dynamic correction of ocular aberratiol?$:1°?Integrating or Fourier domain OC#°11
this technique into ultrahigh axial-resolution ophthalmic OCT
would enable even further improvement of the visualization
possibilities of ophthalmic OCT. Combining AO with
ultrahigh-resolution ophthalmic OCT should—besides provid- 2.3 Center Wavelength, Penetration, and Image
ing an axial resolution of about Am—enable a transverse ~ Contrast
resolution of about Sum. In addition, proper focusing onto  OCT imaging at different wavelengths can be used to enhance
the retina should also improve the sensitivity of the system tissue contrast and penetration, as well as to measure absorb-
through a more efficient collection of backscattered light. ing or scattering properties of various pigments and struc-
tures. Tissue scattering and absorption properties are strongly
] o o dependent upon tissue morphology, such as cell and nuclei
2.2 Dynamic Range, Sensitivity—Data Acquisition size, shape, and density, as well as the physiological state of
Speed certain chromophores. Hence, OCT penetration depth is sig-
OCT can achieve high detection sensitivity because interfer- nificantly affected by light scattering within biological tissue,
ometry measures the field rather than the intensity of light. which is scaled a&/)\'c‘, where the coefficienk is dependent
Interferometric detection is a powerful approach for measur- on the size, shape, and relative refractive index of the scatter-
ing the echo time delay of backscattered light with high sen- ing particles®® The difference in tissue scattering and absorp-
sitivity. This technique is closely related to heterodyne detec- tion provides structural contrast for OCT. Image contrast can
tion in optical communications. Weak backscattered optical be enhanced by the use of polarization-sensitive &C%¥
signals are effectively multiplied by the reference signal. The phase-contrast OCH#>'3 or by using spectroscopic OCT.
signal-to-nois€SNR) performance of detection can be calcu- Most biological tissues absorb in the visible and near-IR
lated from optical communication theory. The signal-to-noise wavelength range because of the presence of hemoglobin and
performance is given aSNR=10 Ig(»P)/(E,NEB), where melanin. In the range between 0.8 and L&, scattering is

P is the power that is reflected or backscatter®&B, the the predominant mechanism limiting image penetration depth.
noise equivalent power, is the bandwidth of the electronic Since scattering depends strongly on wavelength and de-
detection, is the photodetector efficiency, aig, is the en- creases for longer wavelengths, significantly better image

ergy of the photon. This formula essentially states that the penetration depth can be achieved with light centered at 1.35
signal-to-noise performance is proportional to the power de- um than at 0.85um. It has been shown that the optimum
tected divided by the bandwidth measurement. This band- wavelengths for imaging in biological tissues are in the 1.3 to
width is not the optical bandwidth of the light source, but 1.5-um range. In this range imaging depths of 1 to 2 mm can
instead refers to the electronic bandwidth or data acquisition be achieved!*!*® Water absorption becomes a problem for
rate. This formula also shows that there is a tradeoff betweenwavelengths>1.8 um. A strong water absorption peak at
sensitivity, speed, and resolution. Furthermore, a minimum ~1.43 um can also modulate the spectral width of a broad
optical output of the light source employed is necessary in bandwidth light source centered at 1uBn, as a function of
combination with an optimum system desigit®to enable depth in biological tissue, since most soft tissues have 50 to
near quantum-limited detection. 90% water content. Hence, if the center wavelength and band-
The specifications of optical coherence tomography sys- width of the coherent light source used for OCT could be
tems vary widely according to their design and data acquisi- chosen across the range from 500 to 1500 nm, axial resolution
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Fig. 2 Spectral shaping methods; black lines indicate original spectrum, gray lines indicate shaped spectrum. (a) Shaping by introducing
wavelength-dependent attenuation. (b) and (c) Effect of liquid-crystal-based spatial light modulator. (d) Optimizing input pulse parameters in
supercontinuum generation with photonic crystal fibers (PCF); in this case the PCF length has been optimized.

and contrast as well as penetration could be optimized accord-reduce sensitivity and resolution, owing to the presence of

ing to the imaging procedure and medical application. side lobes in the fringe pattern that appear symmetric to the
maximum of the coherence functions.

3 Axial Resolution Limits for There are several possibilities for changing the shape of

Ultrahigh-Resolution OCT the emission spectrum of the light source used. The easiest

3.1 Spectral Shape of Ultrabroad Bandwidth Light way is to introduce an optical dichroic or interference filter

that suppress certain wavelength regions. Another possibility
is to spatially disperse the optical beam with prisms and to
induce local and therefore wavelength-dependent losses by
introducing razor blades or thin objects into the dispersed

Sources

The necessary light source specifications for ultrahigh-
resolution OCT are not only spatially coherent, ultrabroad

bandwidth emission with enough output power and good am- . . . .
plitude stability, but also optimum spectral shape. Since the light beam. Figure @) demonstrates the effect of this shaping

coherence length is defined as the full width at half maximum method when applied to a strongly modulated spectrum of an

(FWHM) of the field autocorrelation measured by the ocT Ultrabroad bandwidth titanium:sapphir@i:sapphirg laser. -
interferometer, the width and also the shape of the coherence/\t€rnatively, the configuration of this prism can be used in
function of an OCT system is dependent on the spectral shapec0mbination with a liquid-crystal spectral amplitude or phase
of the light source as well as on the transfer function of the Shaper(spatial light modulator a well-established technique
OCT system. The latter is mainly determined by the optical for pulse-shaping applications in ultrafast optitswith this
properties of the interferometer, e.g., wavelength-dependenttechnique, selected wavelength regions of less than 10 nm can
losses and splitting ratios of beamsplitter and lenses, as wellbe attenuated by a factor of up to 80%. Figurés) 2nd Zc)

as the cutoff wavelength of the single-mode fibers employed demonstrate the capabilities of this technique. Note that this
and the wavelength-dependent sensitivity of the photodetec-technique is rather expensive and more challenging concern-
tors employed. The ideal spectrum for OCT would have a ing the control of the 640 liquid-crystal elements. In addition,
Gaussian spectral shape, resulting in a Gaussian coherencepectral shapers introduce power losses of up to 50%. In the
function with no side lobes. Large spectral modulations would case of light sources that are based on nonlinear optical ef-
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Uncorrected optics Corrected optics
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Fig. 3 Effect of chromatic aberration. Optical spectra at the exit of an OCT interferometer. Spectra are displayed as a function of focusing distance
onto a mirror in the sample arm, employing (a) a standard (not achromatic) as well as (b) an optimized achromatic lens in the sample arm. Standard
lenses introduce spatially changing effective optical bandwidths and therefore spatially changing axial resolution.

fects in special fibers, the proper choice of the input pulse 3.3 Group Velocity Dispersion Limitations to
parameters into the fiber can be used for spectral shaping ofResolution

the output spectrum generat€d Figure Zd) depicts an ex- A5 mentioned before, the axial resolution of OCT is mainly
ample where the fiber length that has been used to generate atermined by the bandwidth of the low-coherence light
supercontinuum has been optimized to minimize spectral qo,rce. However, chromatior group velocity dispersion is
modulations. By carefully optimizing the pulse input param- 4nqther [imiting factor that degrades resolution by broadening
eters, emission spectra with up to 325 nm could be generatedi,e 4ial point spread function. Chromatic or group velocity
with less than 1.5 dB modulations directly out of the fiber, gispersion causes different frequencies in the broad bandwidth
with no additional spectral shapirigf. Sect. 4.3. light to propagate with different velocities. It should be noted
that the group velocity dispersion changes the phase but not
the bandwidth of optical signals. The axial point spread func-
. ) o . tion, i.e., the interferometric autocorrelation function, will
3.2 Chromatic Aberration Limitations to Resolution also broaden and therefore decrease resolution if there is a
Another limitation for achieving ultrahigh resolution is the significant mismatch in the dispersion of group velocity be-
chromatic aberration of the optics employed. Conventional tween the reference and the sample arms of the measurement
lenses have a focal length that varies with wavelength and system. Both the fiber optics and the sample itéetpecially
thus they focus ultrabroad bandwidth light an different focal in the case of the human eymay have significant dispersion.
positions. This variation in focal position for different wave- The effect of broadening will become more severe with in-
lengths limits the actually effective bandwidth and therefore creasing optical bandwidth and thickness of the sample and is
degrades resolution. Figure 3 depicts a comparison of spectrdess pronounced for longer wavelengths. A dispersion mis-
at the exit of an ultrahigh-resolution OCT interferometer for match between the interferometer arms of the OCT system
different focal distances when standard—uncorrected—opticsalso degrades the peak height of the interference envelope,
[Fig. 3[@] and specially designed optics with minimal chro- which reduces the system’s dynamic range.
matic aberration$Fig. 3b)] is used in the sample arm. It is In order to compensate for these effects, dispersion can be
obvious that for different focal distances of the uncorrected compensated by using a numerical a posteriori depth-variant
optics[Fig. 3@)], a different actual spectrum is effective, re- dispersion compensation, or dispersion introduced by the fiber
sulting in different actually effective bandwidths at full width  length and optics mismatch between the sample and the ref-
at half maximum and therefore a spatially changing axial erence arm can be carefully balanced by using variable thick-
resolution. In the case of a specially corrected achromatic nesses of fused silicdS) and BK7. This dispersion balanc-
optics, different focal distances just introduce a wavelength- ing can be done in real time by performing fast Fourier
independent attenuation of the whole spectrum, maintaining transform(FFT) analysis of the interference signal of a single
the spectral shape, optical bandwidth, and therefore axial reflecting site sample. The thickness of fused silica and BK7
resolution. Hence, appropriately coated and designed achro-in the reference arm can be changed systematically until a
matic objectives have to be used to maintain the ultrabroad uniform group delay dispersion, i.e., the first derivative of the
bandwidth of the light in order to achieve ultrahigh resolution. phase that has been obtained by FFT, is achieved. Figure 4
Alternatives are catadiopticeflective objectives of parabolic  illustrates this real-time dispersion balancing technique. It
mirrors that have minimal chromatic aberration and do not shows interference fringes detected when using a single re-
introduce any dispersion. For ophthalmic OCT, since the hu- flecting samplde.qg., a mirror Fig. &)], corresponding spec-
man eye is not a diffraction-limited optical system, chromatic trum [Fig. 4(b)], the derived group delajFig. 4(c)], and
aberration in the eye itself may ultimately limit the axial reso- group delay dispersiofiFig. 4(d)]. For ultrahigh-resolution
lution of ultrahigh resolution retinal OCT imaging. retinal OCT imaging, the dispersion of approximately 25 mm
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Fig. 4 Online OCT system dispersion compensation. (a) Interference fringe signal detected from a mirror in the sample arm. (b) Spectrum obtained
by Fourier transformation. (c) Group delay from the first derivative from the phase, indicating a dispersion match or mismatch. (d) Group delay
dispersion from the second derivative of the phase, indicating a higher-order dispersion mismatch.

of ocular media can be compensated by using 25 mm of watermore than a factor of 10. Figure 6 depicts the effect of dis-
in the reference arm, since previousvivo studies of disper-  persion mismatch in the case iof vivo ultrahigh-resolution
sion measurements have shown that the dispersion of oculatetinal imaging of a normal human fovégig. 6a)]. By arti-
medialaveraged over 25 mm is similar to that of 25 mm of figjally introducing dispersion mismatch by inserting 3 mm
water’ , . , , o [Fig. 6(b)] and 9 mm[Fig. 6(c)] of fused silica in the refer-
Balancing the higher-order dispersion distribution of the ence arm of the OCT interferometer, it is obvious that both

25-mm ocular media in front of the retina is more critical for . L -
obtaining high resolution than balancing the dispersion of the ocT I'ES.O|U'[.IOI‘1 and SenS'ItIVIt@Jp to ,75 dB) decregse. Clini-
cal application of ultrahigh-resolution ophthalmic OCT re-

system itself. Figure 5 and Fig. 6 demonstrate this effect. The

dispersion-balanceiFig. 5a] and unbalancefFig. 5(b)] in- vealed that by using a dispersion compensation of 25 mm of

terference signal of double-passing 25 mm of water is de- Water in the reference arm of the interferometer, patients with

picted in Fig. 5. Resolution degrades fronu#h to 52 um, or an axial eye length between 23 mm and about 27 mm can be
Matched Unmatched

I
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Fig. 5 Dispersion balanced (a) and unbalanced (b) interference signal after double-passing 25 mm of water, introducing a dispersion that is the
same thickness as ocular media. Resolution degrades by more than 10 times.
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imaged without any significant loss of axial resolution in- tions independent of focusing conditions, because the axial
duced by a dispersion mismatch. and transverse resolution are determined independently by
different physical mechanisms. This implies that axial OCT
resolution can be enhanced using broad-bandwidth, low-
Another effect that limits axial OCT resolution in ultrahigh-  coherence length light sources. It is important to note that the
resolution OCT systems is a polarization mismatch between light source not only determines axial OCT resolution via its
the interferometer arms, which introduces a phase differencebandwidth and central emission wavelength, but also deter-
and therefore a change in the shape of the coherence functiormines both the penetration in the samfiological tissug
and axial resolution, respectively. and the OCT transverse resolution. A minimum output power

The optical transmittance, coating, and wavelength- with low-amplitude noise is necessary to achieve high sensi-
dependent losses of the bulk or fiber optics employed, the tivity and high-speed, real-time OCT imaging. Furthermore,
delivery system optics, and the human eye itself—in the case ultrabroad-bandwidth light sources emitting in different wave-
of ultrahigh-resolution ophthalmic OCT—strongly influence length regions might also make a potential extension of OCT
the axial resolution as well as the sensitivity of the OCT sys- possible, e.g., spectroscopic OCT. Hence it is obvious that the
tem. Single-mode fibers with appropriate cutoff wavelengths light source isthe key technological parameter for an OCT
have to be used to provide single-mode light propagation. system, and a proper choice is imperative.
Conventional fiber couplers are designed to maintain 3-dB  The longitudinal resolution of current OCT systems is lim-
splitting over a wavelength range of typicaltyl0 nm. By ited by the optical bandwidth of the light source. Typically
using these fiber couplers for delivery of broad-bandwidth these are superluminescent diod€&Ds) with 20 to 30 nm
laser light, unequal beam splitting with respect to wavelength and a yield of about 10 to 1xm, providing more detailed
and power can occur and will reduce resolution. Hence spe- structural information than any other standard imaging tech-
cial broad-bandwidth, wavelength-flattened, 3-dB fiber or nique. However, the resolution is significantly below what can
bulk optic beamsplitters have to be used to maintain broad be achieved technically and is insufficient to identify indi-
bandwidths and consequently high axial resolution. It is im- vidual cells or to assess subcellular structures such as nuclei
portant to note that bidirectionality of bulk or fiber-based or mitotic figures. Owing to the lack of powerful, broad-
beamsplitters is important in order not to introduce bandwidth, spatially coherent light sources, OCT imaging has
wavelength-dependent losses on the way back to the detectorbeen mainly performed so far in the 800- and 1300-nm wave-

The detection system, including the electronics as well as length region.
the digitization and acquisition of the interference signal, have Incandescent sources, although broad bandwidth, produce
to be designed properly to avoid degradation of axial OCT very little intensity in a single spatial mode. Nevertheless
resolution. Hence, the transimpedance amplifier, but more some research groups have explored these broadband light
particularly the electronic bandpass filtering, must be de- sources for improvement of the axial imaging resolution by
signed properly and adapted to the ultrabroad optical band-employing a technique that uses a multitude of mutually in-
width. The electronic bandwidth of the bandpass must not be coherent low-coherence interferometry channels in order to
so narrow as to reduce the axial resolution, but must also notincrease the probe beam powéror by using a Linnik-type
be so broad that it reduces sensitivity by introducing noise. interference microscope in combination with a CCD camera-
Real-time adaptive filtering might be a proper approach to based parallel detection schef&Figure 7a) depicts a typi-
optimize sensitivity and maintain axial resolution. In addition, cal spectrum using the latter technique, employing a 100-W
hardware demodulation must be adapted to the scanningtungsten halogen lamp in a Ktr illumination system and
speed and optical bandwidth to avoid broadening caused bythe corresponding coherence functidfig. 7(b)], achieving
the time response of the electronics used, resulting in a larger1.9.um free space axial resolution. The advantage of this
coherence length of the envelope compared with to the full technique is that it uses a low-cost light source and a compact
interference fringe signal. Finally, the signal must be tempo- OCT system, and can achieve a data acquisition speed of up
rally digitized correctly with at least 5 to 10 times oversam- to 200 frames per second. Its major drawback, though, is the
pling in respect to central wavelength, Doppler shift, and low brightness, which limits the sensitivity and applicability
scanning speed to not degrade the achieved axial resolutionof this technique fom vivo OCT imaging in a clinical setting.
by undersampling. For high-speed ultrahigh-resolution OCT, Figures Tc) and 7d) are typical tomograms of an onion ob-
data acquisition boards with 16-bit or at least 12-bit resolution tained with this technique and the corresponding histology
as well as 5 Megasamples/second or even 10 MegasamplesfFig. 7(e)].
second or more are therefore necessary.

Finally, the mechanical performance of the scanners used
for transverse and depth scanning has to be accurately se4.1 Ultrabroad-Bandwidth Light Sources in the
lected and correctly controlled. Mechanical jitter or displace- 800-nm Wavelength Region
ment of adjacent depth scans as well as noisy control signalsThe first axial resolution lower than 1@m was achieved by
of the scanner might result in distorted and therefore ysing broadband fluorescence from organic'®land from a
resolution-degraded ultrahigh-resolution OCT tomograms.  Ti:sapphire laset?* However, biological imaging could not be

. . performed with these light sources because of their low

4 Broad-Bandwidth, Low-Co.herence Light brightness. Recently a superluminescent Ti:sapphire crystal
Sources for Ultrahigh-Resolution OCT was demonstrated as a simple and robust alternative to
The significant difference between OCT and conventional mi- achieve a sub-2:m axial resolution in OCT?2 The drawback
croscopy is that OCT achieves very high axial image resolu- of this light source is that it has to be pumped by an expensive

3.4 Other Limitations to Resolution
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Fig. 7 (a) Typical spectrum using a 100-W tungsten halogen lamp in a Kohler illumination system and (b) the corresponding coherence function,
achieving 1.9-um free space axial resolution. (c) and (d) Typical tomograms of an onion obtained with this technique and (e) corresponding
histology (with permission of Prof. Dr. C. Boccara and Dr. A. Dubois, Laboratoire d’Optique, Paris.)

5-W frequency-doubled, diode-pumped laser to achieve only OCT, the pulse duration is irrelevant, while the spectral width
40 uW of output power. Hence this light source is still neither and shape play a crucial role. However, unlike ultrafast fem-
a low-cost alternative nor suitable fam vivo clinical high- tosecond time-resolved measurements where special care
speed, ultrahigh-resolution OCT imaging. Besides the stan- must be exercised to maintain the short pulse duration, OCT
dard specifications of about 20 to 30 nm bandwidth FWHM measurements depend on field correlations rather than inten-
centered in the 800- to 850-nm wavelength region, providing sity correlations. Field correlation is preserved even if the
about 10 to 15um of axial OCT resolution, superluminescent pulse duration is long. Femtosecond mode-locked solid-state
diodes with up to 70-nm bandwidttBWHM), typically cen- lasers can generate ultrabroad-bandwidth, low-coherence light
tered at 830 nm with about 3-mW fiber pigtailed output power with a single spatial mode and high power, providing both
are also commercially availabté® The spectrum of these high resolution and the high power necessary for high-speed
SLDs is modulated in a double hump shape, which is also OCT imaging. These lasers can operate over a broad range of
forward-current dependent. By multiplexing spectrally dis- wavelengths that are desirable for ultrahigh resolution as well
placed superluminescent diodes to increase the opticalas spectroscopic OCT imaging in tissue. In a first approach, a
bandwidth!?*-*2improved-resolution OCT tomograms with  Ti:sapphire laser has been used iioitro OCT imaging in
about a 7um resolution in the retina have been nontransparent tissues with aun axial resolutiort32
demonstrated?” Recently reported cost-effective approaches In preliminary studies, an OCT system was developed and
for broad-bandwidth light sources mainly take advantage of could be optimized to support 260 nm of optical bandwidth
the lower power demand with ultrahigh-resolution OCT from a state-of-the art Ti:sapphire las&tThis laser was de-
imaging?®~**1 The limiting factors of these systems are the veloped in collaboration with other investigators at Massachu-
relatively small bandwidths for ultralow-pump-threshold setts Institute of Technology and generated pulses®b fs
Kerr-lens modelocked(KLM) Ti:sapphire lasers and the duration, corresponding to bandwidths of more than 350 nm
strongly modulated spectra @fr**-ion lasers; thus they are  at an 800-nm center wavelendtl. This high performance
not perfectly suitable for OCT. was achieved using specially designed double-chirped mirrors
Today, ultrashort light pulses produce the shortest, con- with a high reflectivity bandwidth and controlled dispersion
trolled, technically produced events. This can be demonstratedresponse. Figure 8 shows a comparison of the spectra and
by the fact that a single femtosecond compared to a second isresolution of an OCT A-scan using a conventional superlumi-
equivalent to 5 min compared to the age of the universe. nescent diode light source versus the femtosecond Ti:sapphire
Femtosecond laser development has concentrated so fataser source. The ultrabroad bandwidths generated by the fem-
mainly on the temporal features of the pulses, which were tosecond laser allow the axial resolution of OCT to be im-
often optimized to the detriment of the spectral shape. In proved by a factor of nearly 10 over standard OCT technol-
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Fig. 8 Solid-state laser light sources make ultrahigh resolution and spectroscopic OCT imaging possible. (a) The spectrum of the Ti:sapphire laser
versus a standard superluminescent diode (SLD) is shown, depicting their respective wavelength bandwidths. (b) A demodulated OCT axial scan
showing the axial resolution of OCT using Ti:sapphire (solid) versus SLD (dashed) light sources. Solid-state lasers provide almost a 10 times
improvement in resolution.

ogy. This femtosecond laser source has been used for imagingions GmbH, Vienna, Austria. This system consists of a high-
studies using an OCT microscope as well as an ophthalmic speed scanning unftip to 250 Hz, 400 mmjsntegrated in a
system interfaced to a biomicroscope system. fiber optics-based Michelson interferometer employing a
Figure 9 demonstrates the feasibility of this novel OCT compact, user-friendly, state-of-the-art sub-10 fs Ti:sapphire
system for three-dimensiona vivo subcellular imaging of a  laser [Femtosource Compact Pro, FEMTOLASERSig.
Xenopus laevigAfrican tadpolg mesenchymal cell. Atotal of ~ 10(a)], 800-nm center wavelength, up to 165-fFWHM)
eighteen tomograms spaced @2m apart of an arear0 optical bandwidth[Fig. 1Qb)], 400-mW output power. The
X50 um, covering approximately half of the cell, have been interferometer was interfaced with a microscope delivery sys-
imaged atl X 3 um (lengthx width) resolution, consisting of ~ tem. Both the fiber optic interferometer and the optical com-
170X 100 pixelsand 0.4X 0.5-um pixel spacing. The back  ponents of the microscope were designed to support the
surface of the cellat 0 um), cell membranes, and nuclei as propagation of very broad bandwidth light throughout the
well as intracellular morphologyat 20 to 26 um) can be OCT system and to compensate for any polarization and dis-
visualized. Preliminary results of am vivo optical biopsy persion mismatch between the sample and reference arms of
using ultrahigh-resolution retinal OCT imaging in human sub- the interferometer.
jects have demonstrated for the first time the visualization and  In order to achieve high transverse resolution, a specially
quantification of intraretinal structuré®3¢ designed achromatic objective with a 10-mm focal length and
These preliminary results were obtained with an ultrahigh a numerical aperture of 0.25 was used to achieyarBfree
OCT system that is based on a complex laboratory laser sys-space transverse resolution. To overcome the depth-of-field
tem that is not suitable for clinical studies. Therefore a new limitation and to maintain high transverse resolution at vary-
generation of a compact ultrahigh-resolution OCT system was ing depths through the image, a zone focus and image fusion
developed in collaboration with the Photonics Institute of the technique were used. Applying laser light centered at 800 nm
Technical University of Vienna and FEMTOLASERS Produk- with up to a 165-nm bandwidttFWHM), an axial resolution

Fig. 9 Eighteen in vivo ultrahigh-resolution (1 X3 um; axialXtransverse) tomograms spaced 2 um apart with 1X3-um resolution of half of a
Xenopus laevis (African tadpole) mesenchymal cell. The cell membrane and cell nuclei as well as intracellular morphology (e.g., at 20 to 26 um)
can be visualized.
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Fig. 10 (a) Schematic diagram of a compact, commercially available Ti:sapphire laser (Fem Tosource Compact Pro, FEMTOLASERS GmbH). (b)
Typical optical output power spectra of this Ti:sapphire laser and (c) corresponding interference signal that makes possible a free space axial
resolution of 2 um, corresponding to 1.4 um in biological tissue.

of 2.0 um in air, corresponding to 1.4m in biological tissue, laris, which is extremely important for ophthalmic diagnosis.
has been achieved with this syst¢Rig. 1Q0c)]. A signal-to- Figure 12 shows a comparison @f vitro ultrahigh-
noise ratio of 105 dB was achieved at a 1-MHz carrier fre- resolution OCT imaginga) with histology (b) using a differ-
quency by using an incident power of 5 mW employing dual- ential interference contragblC) micrograph of a frozen sec-
balanced detection. Full interference fringe signal OCT data tjon obtained from the matching retinal position in the pig
were digitized with a high-speed10 Ms/9 and high-  retina. From the proximaltop) to the distal(bottom retina,

resolution(16-bit) analog-to-digital(A/D) converter follow- alternate dark and light bands of signal in the OCT image
ing software demodulation. ) directly correlate with the retinal layers, nerve fiber layer
As a first stepex vivopig and monkeyMacaca fascicu- (NFL), ganglion cell layer(GCL), inner plexiform layer

laris) retinal specimens were acquired to correlate ultrahigh- (IPL)
resolution OCT images with histology and to provide a basis |
for improved interpretation ah vivo ophthalmic OCT tomo-
grams of high clinical relevandé’ Pig retinas have an
anatomy similar to that of humans; monkey retinas are iden-
tical to human retinas. For exact interpretation of OCT tomo- o . o .
grams and correlation to histology, it is important to use fresh na_l IS 1n a"gn”_‘em W'th the cone e|||ps_0|ds prc_>mment|y seen
retinal specimens. Pig retinas were therefore chosen becaus&S'NY DIC optics. A distal darkl band is possmly associated
of their easier availability within 1ct 2 h postmortem com-  With the cone outer segment tips and, finally, the dark and
pared with human retina samples. Pig retinal samples werelight banding is attributable to the pigment epithelium—
immediately preserved in buffered solutions to maintain os- choriocapillaris complex. _ o _
molarity and oxygen support; monkey retinal samples were ~ Figure 13 shows a comparison af vitro ultrahigh-
perfusion fixed. Figure 11 shows an example of an ultrahigh- resolution OCT imagingFig. 13&)] with the histology[Fig.
resolution OCT image of a pig retir? h postmortem acquired ~ 13(b)] of a papillomacular scan of a monkey retina, demon-
with 1.4-um axial and 3um transverse resolution. The image Strating excellent correlation. Figure 14 demonstrates the abil-
dimensions ared.7x 2 mm, with 20,000< 2000 pixels. En- ity of ultrahigh-resolution OCT to visualize specific morpho-
largements show the clear visualization of nerve fiber bundles, logical features such as the epithelium, Bowman's layer, and
Muiller cell arcades, and all major intraretinal layers. Further- Descement's membrane and endothelium in addition to the
more, the high axial resolution allows clear identification of typical stromal structure in a human cornea 4 days postmor-
areas of detached and nondetached retina to the choriocapiltem.

inner nuclear layefINL), and outer plexiform layer
(OPL). Distal to a band attributable to the outer nuclear layer
(ONL), a more delicate bright layer is likely to represent both
the external limiting membrane and the myoid portion of the
cone inner segments$S). The adjacent dark and stippled sig-
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Fig. 11 Ultrahigh-resolution OCT image (1 X3 um; axialXtransverse resolution) of a pig retina 2 h postmortem. The enlargements indicate (a) and
(b) nerve fiber layer regions, (d) intraretinal layers, (e) retinal detachment, and (f) OCT scan location.

Recently, a compact, clinically viable ultrahigh-resolution macular edema, age-related macular degeneration, central se-
(~3 wm) ophthalmic OCT system has been developed and rous chorioretinopathy, epiretinal membranes, detachment of
used in clinical imaging for the first time® In this study, a pigment epithelium and sensory retina, glaucoma, and differ-
compact, robust, commercially available Ti:sapphire laser ent hereditary retinal diseases have been examined. Figure 15
(Compact Pro, FEMTOLASERSwith up to a 165-nm band-  shows the appearance of the photoreceRiR) and outer
width at an 800-nm center wavelength was used. This nuclear layer(ONL) as well as external limiting membrane
ultrahigh-resolution OCT system is based on a commercially (ELM) in a normal human retina compared with different
available OCT systenfOCT 1) that was provided by Carl  macular pathologies. In the extreme case of Stargadt dystro-
Zeiss Meditec, Inc. OCT imaging was performed with axial phy, the PR, the ONL, and the ELM appear completely de-
scan rates up to 250 Hz using up to 8 of incident power generated, whereas in different stages of macular hole the PR
in the scanning OCT beam, which is well below the ANSI layer as well as the ELM seem to be less affected in early
exposure limits. To date, more than 250 eyes of 160 patientsstages(cf. macular hole 1 with later stages, macular holes 2
with different macular diseases, including macular hole, and 3. A displacement of the PR layer as well as the ELM

Fig. 12 Comparison of (a) in vitro ultrahigh-resolution OCT imaging (1 X3 um; axialXtransverse) with histology and (b) differential interference
contrast (DIC) micrograph of a frozen section obtained from the matching retinal position in the pig retina. From the proximal (top) to the distal
(bottom) retina, alternate dark and light bands of signal in the OCT image directly correlate with the retinal layers, nerve fiber layer (NFL), ganglion
cell layer (GCL), inner plexiform layer (IPL), inner nuclear layer (INL), and outer plexiform layer (OPL). Distal to a band attributable to the outer
nuclear layer (ONL), a more delicate bright ribbon is likely to represent both the external limiting membrane and the myoid portion of the cone
inner segments (IS). The adjacent dark and stippled signal is in alignment with the cone ellipsoids prominently seen using DIC optics. A distal dark
band is possibly associated with the cone outer segment tips and, finally, the dark and light banding is attributable to the pigment epithelium-
choriocapillaris complex. Scale bar-100 pm.
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Optic disc

Fig. 13 Comparison of (a) in vitro ultrahigh-resolution OCT imaging (1 X3 um; axialXtransverse) with (b) histology of a papillomacular section of
a perfusion-fixed monkey (Macaca fascicularis) retina.

can be seen in acute CSC and partially in chronic CSC, phied(circle with white thin arrowsand has a mean thickness
whereas in AMD with minimal CNV, the PR layer and the of about 45um (together with the inner plexiform layem
ELM are affected by CNV in the center as well as the retinal the parafoveal region, compared with about 0@ in the
and the retinal pigment epithelium detachment. In patients normal subject. In addition to the distribution of the nerve
with AMD and vitelliform lesion, despite retinal detachment, fiber layer thickness around the optic disk, this atrophy of the
the PR layer, the ELM, and the ONL appear quite normal, ganglion cell layer in the foveal region might allow a novel
which explains the preservation of visual acuity in these pa- approach for a more sensitive and specific early diagnosis of
tients. glaucoma.

Figure 1&a) depicts an ultrahigh-resolution OCT image of Figure 17 demonstrates the potential of ophthalmic
a healthy subject. Figure (i shows the same foveal region ultrahigh-resolution OCT to monitor and therefore contribute
of a 74-year-old patient with endstage glaucoma, documentedto a better understanding of novel therapeutic approaches. In
by visual field[Fig. 16/c)] and a Heidelberg retinal tomogram this case the effect of an anti-vascular endothelium growth
image[Fig. 16d)]. Compared with a scan acquired with ul- factor (VEGF) drug was investigated. This case was a 60-
trahigh resolution in a healthy subject, several morphological year-old woman with regressing drusen and placoid occult
differences are obvious. Owing to increased intraocular pres- without classic choroidal neovascularizatipiRigs. 17a) to
sure, the foveal depression is less pronounced in the endstagd7(c)]. In addition to a normal appearance of the NFL, GCL,
glaucoma patientlight gray arrow$. Nasally there is no IPL, and INL, the photoreceptor layer is strongly compro-
longer any thickness to the nerve fiber layer in this patient mised, owing to a serous detachment. Ultrahigh-resolution
(white thick arrows. Finally, the ganglion cell layer is atro- OCT makes it possible to visualize the occult membrane un-

Epithelium

Bowman‘s
layer

Stroma

Descement‘s
membrane

Endothelium

Fig. 14 In vitro ultrahigh-resolution OCT imaging (1 X3 um; axialXtransverse) of a 4-day postmortem human cornea, visualizing all major
intracorneal layers.
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Fig. 6 Effect of dispersion mismatch in in vivo ultrahigh-resolution retinal imaging. (a) Dispersion matched. (b) Artificially introduced dispersion
mismatch by 3 mm (middle) as well as (b) 9 mm of fused silica in the reference arm. Clear axial resolution as well as a degradation in sensitivity
(up to =5 dB) is observed.
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Fig. 15 In vivo ultrahigh-resolution OCT images of the foveal region of a normal human retina and different macular pathologies. The arrows
indicate different appearances of the photoreceptor and outer nuclear layers, the asterisks indicate impairment of the external limiting membrane.
ILM, internal limiting membrane; NFL, nerve fiber layer; GCL, ganglion cell layer; IPL, OPL, inner and outer plexiform layer; INL, ONL, inner and
outer nuclear layer; HF, Henle’s fiber layer; ELM, external limiting membrane; IS PR, inner segment of photoreceptor layer; OS PR, outer segment
of photoreceptor layer; RPE, retinal pigment epithelium.

60 Journal of Biomedical Optics * January/February 2004 « Vol. 9 No. 1



Ultrahigh-resolution optical coherence tomography

'Ec}' ez . .

Fig. 16 In vivo ultrahigh-resolution OCT detecting and quantifying subtle changes for early diagnosis in (b) endstage glaucoma patient documented
by visual field test (c) and (d) Heidelberg retinal tomogram (HRT) image compared with normal subjects (a). The gray arrows indicate the foveal pit
contour and the white arrows indicate the lost nerve fiber layer. Atrophy in the ganglion cell and inner plexiform layer is shown by the circle and

thin white arrows.
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Fig. 17 Monitoring of new therapy approaches using in vivo ultrahigh-resolution OCT. A patient with regressing drusen with placoid occult without
classic choroidal neovascularization before (a)-(c) and 15 weeks after treatment with anti-vascular endothelium growth factor (d)—(f).
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Fig. 18 Monitoring of surgical intervention with in vivo ultrahigh-resolution OCT. A patient with a macular hole is shown before (a) and after (b)

surgery.
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Fig. 28 In vivo spectroscopic OCT of the human retina. (a) Absorption characteristic of hemoglobin (Hb) and oxygenated hemoglobin (HbO,) in
the wavelength range used. (b) Spectra extracted after double passing a vein (green) and an artery (red) as well as the original spectrum of the light
source (white); the spectra shown are an average over the indicated region (dashed lines). (c) Fundus photograph indicating the imaged site (arrow).
(d) OCT amplitude. (e) Spectroscopic OCT image.
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Fig. 19 Setup of the compact, low-cost Ti:sapphire laser. A commercially available compact (158X 104 mm) 1.5-W source is used to pump a
standard astigmatism-compensated X-folded cavity. (b) Typical optical output power spectra of this laser. (c) Interference signal (corresponding to
the spectrum indicated with the solid black line, resulting in a free space axial resolution of 1.7 um, corresponding to 1.2 um in biological tissue).

derneath the RPE as well as the outer layer of Bruch’'s mem-  The ultimate availability of this new technology for clini-
brane, indicating intra-Bruch’s choroidal neovascularization cal research and patient care depends mainly on the availabil-
for the first time(arrows. In all three cross-sections, highly ity of compact, reliable, low-cost lasers or other sources for
reflective particles in the outer photoreceptor layer, which ultrabroad-bandwidth light. Recently a compact, prismless,
could be isolated RP cells or damaged photoreceptors, couldiow-cost Ti:sapphire laser that employs a commercially avail-
be differentiated by U|trahigh-reSO|Uti0n OCT. Fifteen weeks able pump source has been used for vivo u|trahigh_
later, the effect of therapy treatment can clearly be visualized resolution imaging of macular pathologi€8.1t contains a
with ultrahigh-resolution ophthalmic OCTFig. 17d) to standard astigmatism-compensated X-folded cavity with a
17(f)]. The PR complex has recovered but some subtle Serouscompact low-cost 1.5-W pump sour¢&58x 104 mn) [Fig.
dgtachme_nts as well as the occult membra_ne are still presgntig(a)]_ Dispersive mirrors are used to compensate for the
Finally, Fig. 18 demonstrates the potential of ophthalmic goqqng. and third-order dispersion of the laser crystal and air.
ultrahigh-resolution OCT to not only provide additional infor- Special broadband, low-loss dispersive mirrors were de-
mation about the status of the photoreceptor layer in patientssigned_ The resonat’or is asymmetrically folded and some mir-

W'th mac_ular hol_e that can be used in a (_jeC|5|on on surgical rors are used in double pass to reduce the laser size. The
intervention, but it also may allow monitoring of the effect of . . - .
advantage of this prismless laser is that the design of the

this intervention and investigation of its outcome. cavity is more compact and can act as a hands-off OCT laser
These preliminary results demonstrate that ultrahigh- y P . .
source. The overall dimensions of the setup &@0

resolution ophthalmic OCT enables unprecedented visualiza- . . .
tion of intraretinal morphology, which previously had been > 200 mm,including the pump laser. Kerr-lens mode locking

possible only with histopathology. It therefore provides a IS initiated by rapid translation of the end mirror, which is
powerful tool for the clinical diagnosis of retinal diseases that mounted on a translation stage to induce intensity fluctua-

are the leading causes of blindness. Furthermore, ultrahigh-tions. The output power of the laser was strongly dependent
resolution OCT provides a basic research and clinical tool for ©n the bandwidth of the laser and varied from 100 mW with

investigating the impairment of all major intraretinal layers, 135 nm to 20 mW with a 176-nm FWHM and a 70-MHz
especially the photoreceptor layer associated with different repetition rate[Fig. 19b)]. For ex vivo OCT imaging, the
macular pathologies. Its increased accuracy may allow the broadest possible bandwidth76 nm centered at 776 nm, see
detection of intraretinal changes that can be used to diagnose-ig- 19b), black lingl provided a peak axial resolution of 1.7
retinal disease in its early stages, when treatment is most ef-um in free space, corresponding to about lu in tissue
fective and irreversible damage can be prevented or delayed[Fig. 19¢)].

Furthermore, it may provide a better understanding of the  This laser was interfaced to a fiber-based OCT system and
pathogenesis of several macular pathologies as well as theachieved the same performance for axial resolution, sensitiv-
development of new therapeutic approaches. ity, and stability as a Ti:sapphire laser pumped by a 5-W
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nism limiting image penetration depth. Since scattering de-
pends strongly on wavelength and decreases for longer wave-
lengths, a much higher image penetration depth in
nontransparent tissue can be achieved with light at L35
than at 0.85um. It has been shown that the optimum wave-
lengths for imaging in nontransparent biological tissues are in
the 1.3- to 1.5am range'’>'*°In this range, imaging depths
of 2 to 3 mm can be achieved. Narrow-bandwidth superlumi-
nescent diodes or multiquantum well semiconductor amplifier
used for OCT so far typically provide axial resolution of 10 to
20 uwm. By multiplexing spectrally displaced light-emitting
diodes(LEDs) at 1300 nm, a 7.2tm axial resolution in free

10 ' : ) ' space could be obtainéd.

1 In the 1300-nm wavelength region, ultrashort-pulse solid-
state lasers are also promising light sources for ultrahigh-
resolution OCT. In a first approach, a self-phase-modulated
KLM chromium:forsterite(Cr:forsteritg laser has been used

P & for in vivo OCT imaging in nontransparent tissues withu6y
0 263inm axial resolutio’*1*!Recent efforts were focused on develop-
ing even broader bandwidth light sources in the 1300-nm
wavelength range that would permit OCT micrometer-scale
resolution, along with millimeter-range penetration depth. A
0,0 4 laser spectrum covering the 1230- to 1580-nm wavelength
region with an optical bandwidth of 250 ngFWHM) was

= Power spectral density [a.u.]

) e0u moWaveIeg?;‘:h [nm] 204 100d generated directly out of an all-solid state Cr:forsterite
laser'#?
Fig. 20 (a) Setup of the compact, ultrabroad-bandwidth Ti:sapphire Spectra far broader than one optical octave can be pro-
laser. (b) Typical optical output power spectra of this laser. duced via nonlinear propagation of laser pulses in microstruc-

tured fibers. Owing to the geometry of these fibers, the cross-
section of the fundamental mode is unusually small, which
single-frequency, frequency-doubled, diode-pumped neody-enhances the peak power and thus the nonlinearity. At the
mium:vanadate lasef” For ultrahigh-resolutioin vivoimag-  same time, the fiber dispersion can be engineered to avoid fast
ing in normal persons and patients, a less-modulated, GaUSStemporal spreading. Owing to these effects, spectra covering
ianlike spectrum was used, compromising the bandwidth to more than one optical octave can be produced, even with
135 nm FWHM at 95 mWFig. 19b), gray ling and obtain-  pises having moderated energies of a few nanojoules. This
ing an axial resolution in the retina of aboutudn, which is spectral width could never be generated directly from the la-
similar to recent results. The system exhibits extremely repro- ser oscillator because it exceeds the fluorescence bandwidth
ducible spectra, output power, and user friendliness in day-to- of the crystal. In order to avoid an excessively strong spectral
day performance. Stable operation for more than 12 h with a yogulation(inherent to the spectral broadening processes—
2% power loss and 2 to 5% loss in spectral bandwidth are self-phase modulation and four-wave mixingnly moderate
usual. _ _ ) . spectral broadening should result from the nonlinear fiber
An even further increase in the bandwidth using the same propagation, i.e., the initial bandwidth of the pulses emerging
oscillator design can be achieved by replacing all high- from the oscillator should be as broad as possible. High non-
reflecting mirrors by broadband dispersive mirrors and em- jinearity, air-silica microstructure fibet4? or tapered fiberd
ploying a single-frequency 532-nm pump source, which in- haye been used to generate an extremely broadband con-
creases the footprint to600X400 mm. The spectrum  tinyum using low-energy femtosecond pulses. In the latter ap-
generated was 265 nm FWHNFig. 20. The bandwidth was  proach, a standard single-mode fiber is heated and then
only limited by the dichroic input coupler with an overall |engthened. The light is initially guided inside the fiber core,
bandwidth of 300 nm. The average mode-locked output power pyt in the tapered region, the light propagates through the
is 250 mW with 3.65 W of pump power. This laser therefore cjadding. As in the air-hole fibers, the change in the index of
has large potential to be used in combination with a low-cost refraction between the light-guiding region, the cladding in
pump laser and may be extremely interesting not onlyiior  tne tapered fibers, and the surrounding region, the air, is high.
vivo submicrometer-resolution OCT, but also for functional, Depending on the cladding diameter, the zero-dispersion
spectroscopic OCT. wavelength can be shifted. Both the air-hole fiber and the
) ) ) tapered fiber have been studied to find out optimum condi-
4.2 Ultrabroad-Bandwidth Light Sources in the tions for generating a broadband continuum with minimum
1300-nm Wavelength Region noise.
For OCT to be successfully used asiarvivo optical biopsy So far, the highest reported OCT axial resolution in bio-
tool in nontransparent tissue, micrometer-scale resolution andlogical tissue in the 1300-nm wavelength region was obtained
millimeter-range penetration depth are required. In the range with the use of a complex laboratory prototype photoionic
between 0.8 and 1,8m, scattering is the predominant mecha- crystal fiber(PCB-based light sourc&® With a bandwidth of
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Fig. 21 Ti:sapphire-pumped PCF-based light source. With a bandwidth of 450 nm at a 1.3-um center wavelength (a), 2.5 um of axial resolution in
free space (c), which corresponds to 2 um in tissue, was achieved by employing an OCT system that could support a 370-nm bandwidth (b). In vivo
ultrahigh-resolution imaging of a Syrian hamster’s cheek pouch could be achieved. (d) Corresponding histology. (e) From Ref. 145 (with permission
of Prof. J. G. Fujimoto, Cambridge, MA, USA).

450 nm at a 1.3sm center wavelengtfFigs. 21a) and (Fig. 22, and 95-dB sensitivity for 50@-W incident power
21(b)], a 2.5um axial resolution in free spadéig. 21(c)], were achieved.

which corresponds to Zm in tissue, was achieved by em- The feasibility for anex vivo sub-2um axial resolution
ploying an OCT system that could support a 370-nm band- OCT was demonstrated by imaging nonfixed human skin, ar-
width [Fig. 21(c)]. Figure 21d) depicts anin vivo ultrahigh- terial as well as gynecological biopsiésig. 22 demonstrat-
resolution image of a Syrian hamster’s cheek pouch and Fig. ing that the MenloSystems light source has great potential for
21(e) shows the corresponding histology. Recently, an unprec- applications inin vivo OCT clinical studies. Owing to its ex-
edented axial resolution of less thanu2n in the 1300-nm tremely broad output spectrum, this fiber laser-based light
wavelength range in nontransparent biological tissue was source also covers the 1550-nm wavelength region. Recent
achieved with a novel, broad-bandwidth light sou¢btenlo- studies employing erbium- and thelium-doped fiber laser at
System$ which due to its compactness, low cost, stability, 1.55 and 1.81um have demonstrated that these wavelength
and user friendliness offers a great potential for OCT clinical regions are interesting for OCT imaging of nontransparent
applications:*® The MenloSystems light source is based on a tissue, because of good penetration depth despite the in-
pulsed erbium fiber laser, the amplified output of which is creased water absorptidfl. This might be due to the signifi-
coupled into a highly nonlinear fiber to generate a supercon- cantly reduced scattering in this wavelength region. Other
tinuum ranging from 1100 to 1800 nm at its pedestal, with a broad-bandwidth light sources in this wavelength region that
power output of about 50 mW at a 50-MHz repetition rate. might be useful for OCT include a prismless 20-fs pulse
The light source is very compa¢i45x 480X 300 mm, cor- Cr**: yttrium aluminum garnetYAG) laser that offers a
responding to a 19-in. rack, 3 height upjt®w weight(8 kg), 190-nm bandwidth(FWHM) centered at 1400 nm with a
and has high mechanical stability. It provides a single mode 400-mW output poweY! or an extremely powerful2.4-W),
fiber (SMF) 28 fiber-coupled output, which simplifies the in-  ultrabroad-bandwidth(900-nm) compact white-light source
terface to fiber optic OCT systems. Because of a 12-dB modu- that employs a passively mode-lockNd:vanadate pump la-
lation at about 1550 nm, only the shorter wavelength portion ser together with a dispersion-adapted air-silica microstruc-
of the emission spectrum was utilized for OCT imaging by tured fibert*°

blocking the wavelength range beyond 1550 nm with an edge

filter. The filtered fiber laser spectrum was moderately modu- ) .

lated, centered at 1375 nm with a full width at half maximum -3 N?W Wavelength Regions for Ultrahigh

of 470 nm and a power output of 4 m{¥ig. 22. By inter- Resolution OCT

facing the MenloSystems light source to a free-space OCT In the near-infrared region, a novel OCT light source might
system, a resolution of 2m in an axial, and 4m in a lateral offer a unique opportunity to perform ophthalmic OCT imag-
direction (measured with a resolution targetorresponding ing at 1100 nm, a spectral region where the transparency of
to ~1.4 um and ~3 um in biological tissue, respectively  ocular media is still good but the penetration below the retinal
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Fig. 22 (a) Typical optical output power spectra of a compact, ultrabroad-bandwidth fiber laser and (b) an interference signal corresponding to the
spectrum that produces a free space axial resolution of 2 um, corresponding to 1.4 um in biological tissue. (c) to (e) Ex vivo ultrahigh-resolution

OCT tomograms obtained with this light source.

pigment epithelium could be significantly enhanced. This
might be very important not only for visualizing the chorio-
capillaris and choroid in the detection of diabetic macular

edema but also for the detection of the angiogenesis processwith
in age-related macular degeneration. Moreover, longer wave-

demonstrates that ultrahigh-resolution OCT in the 800-nm
wavelength region permits detailed visualization of intrareti-
nal layers. In comparison, the pig retina tomogram acquired
the PCF-based light sourcdFig. 23d), 2000

X 1010 pixels, 21 mm] shows better penetration in the

lengths should cause less attenuation in opaque eye mediachoroid (two layers of blood vessels are observeSuperior

which might occur in older patients as a result of cataract and penetration in the choroid was achieved with the MenloSys-
haze in the cornea. Therefore, a photonic crystal fiber-basedtems fiber laser, as demonstrated in the retinal tomogram in
light source centered at about 1050 nm has recently been de+ig. 23e) (2000x 888 pixels, 2<1 mm), where a group of

veloped and was used to evaluate the image penetration deptlnterlaced vessels is clearly visible. This study demonstrated
of ultrahigh-resolution OCT in the choroid compared with a that with light sources centered at about 1050 and 1350 nm,

spectrally broadened fiber lasefA.=1350nm, A\
=470 nm, P,,=4 mW; Figs. 23a) and 23b)] as well as a
state-of-the arfTi:Al,O5 laser[\.=780 nm, AA=160 nm,
Pou=400 mW; Figs. 23a) and 23b)].*®° A PCF with a
1.9-um core size and a 24-mm length was pumped with the
output of a self-startingli:Al ,05 laser (FEMTO-LASERS;
Ae=790 nm,AN =33 nm, P,,=300 mW; Fig. 23 to gener-
ate a broad-bandwidth spectrum, covering a local minimum in
the water absorption spectrum located at about 1060Figs.
23(a) and 23b)]. The PCF-generated supercontinuum, span-
ning 400 to 1200 nm, withP .= 60 mW, was filtered with a
long-pass filter to produce a spectrum ranging from 900 to
1200 nm withP,,=10 mW. A free space resolution d.5

X4 um (lateralX axial), corresponding t®.5X3 um in tis-

sue and 98 dB sensitivity at 2-mW of incident power was

the penetration depth of the OCT image in retinal tissue at
longer wavelengths was superior. Compared with images ac-
quired at about 800 nm, better visualization of the choriocap-
illary and choroid was achieved with the PCF-based source
(~1050 nn). Superior penetration into the choroid was real-
ized with the MenloSystems laser 1350 nm), though owing
to enhanced water absorption at longer wavelengths and the
axial length of a human eyée~25 mm), this light source
cannot be used fdn vivo imaging of human retina. The fiber
laser may find clinical applications fan vivo imaging of the
anterior segment of a human eye. Furthermore, the fiber laser
can be applied successfully in ophthalmic animal stddies
since the eye length of a mouse is about 5 to 7 mm.

Spectra with up to 372 nm centered at about 1100 nm with
about 50 mW of output power were recently generated by

achieved by interfacing the PCF-based source to the OCT pumping a PCF with a 700-mW, 110-fs Ti:sapphire oscillator

system.
The ex vivo pig retina tomogram[Fig. 23c) 2000
X 1010 pixels, 21 mm] acquired with theTi:sapphire laser

66 Journal of Biomedical Optics

January/February 2004 « Vol. 9 No. 1

[Figs. 24a) and 24b)].**! Nitrogen gas was used to avoid
damage on the PCF fiber tip. An axial resolution of Lu@
was achievedFigs. 24c) and 24d)] andin vivo ultrahigh-
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Fig. 23 (a) Output spectra of a Ti:sapphire (thin black line left), PCF-based source (gray line), and a MenloSystems laser (black line, right), overlaid
with a water absorption spectrum (dashed line). (b) Corresponding fringe patterns produced by interfacing the light sources to the OCT system. (c)
to (e) Ex vivo OCT images of pig retinas acquired with (c) the Ti:sapphire source (at about 800 nm, 2000X 1000 pixels, 2 X1 mm), (d) a PCF-based
source (at about 1050 nm, 2000X 1010 pixels, 2X 1 mm), and (e) the fiber laser (at about 1350 nm, 2000 888 pixels, 21 mm) demonstrating
enhanced penetration into the choroid with increasing wavelength.

resolution OCT imaging was demonstrated on an African tad- commercially available sub-10-fs Ti:sapphire laser. A stable,
pole (Xenopus laevig[Figs. 24e) to 24(f)]. This light source slightly modulated spectrum ranging from 550 to 950 (ah
offers the broadest bandwidth ever achieved in the 1100-nmits pedestal with an output power of few tens of milliwatts
wavelength region. The disadvantage of ultrabroad-bandwidth was generated with this source, thus allowing in-depth imag-
spectra centered at 1100 nm is the lack of highly sensitive ing of biological tissue with unprecedented axial resolutitn.
detectors for this wavelength region, since the spectrum cov- The broad bandwidth of the light source also provides access
ers a large portion of the detector sensitivity interface between ;g 5 spectral region covering the absorption bands of a number

silicon and indium-germanium-arsenignGaAs detectors. ot higlogical chromophores; thus it has also great potential for
Germanium or Si—-InGaAs sandwiched detectors might be spectroscopic OCT.

used, but are less sensitive than silicon and InGaAs detectors = 5 2.3-um core diameter, 6-mm length PGBniversity of

alone. . . .
. . Bath, UK) was pumped with a compact, commercially avail-
Recently, superluminescent diodes that cover a broad able Ti:sapphire(Al,O5) laser (Femtosource Compact Pro,

bandwidth in a similar wavelength region have become com- e .
mercially available. These SLDs offer up to 70 nm of band- FEMTOLASERS emitting sub-10-fs pulses with about a

width (FWHM) centered at 950 nm with typically 3-mW ex 100-MHz repetition raj[e and an .output power of up to 400
fiber pigtail power as well as more than 100 nm of bandwidth mW. By proper s_electlon of the input pulse parameters and
(FWHM) centered at 900 nm with 3-mW free space output PCF chara}cterlstlcs, a spectrqm spanning 325 nm, centered at
power. Unfortunately the output spectra of these light sources 72 NM, with spectral modulations less than 1.5 dB and power
coincide with the water absorption peak around 980 nm. Output up to 27 mW was generatfiig. 25a)]. By interfac-
Therefore a portion of the output power will be absorbed and ing the PCF source with a free space interferometer optimized
attenuated, especially in the case of ophthalmic OCT, whereto propagate the full bandwidth with minimum power and
the beam has to propagate through 25 mm of ocular mediaspectral losses and using a standard resolution chart, a free
consisting mainly of water. space OCT resolution of 2,&m in the lateral and 0.7am in

For the first time, submicrometer OCT resolution has re- the axial direction[corresponding to 0.5um in biological
cently been achieved by using a PCF pumped with a compact,tissue; Fig. 28) has been achievédrhe axial resolution was
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Fig. 24 (a) and (b) Spectra with up to 372 nm centered at about 1100 nm with about 50 mW of output power generated by pumping a PCF with
a 700-mW, 110-fs Ti:sapphire oscillator achieving (c) and (d) 1.8-um axial resolution. (e) and (f) In vivo ultrahigh-resolution OCT imaging on an
African tadpole (Xenopus laevis) is depicted with (e) and without (f) dynamic focusing. (From Ref. 151.) (with the permission of Prof. Z. Chen,
Beckman Laser Institute, University of California, Irvine, CA, USA)

defined as the FWHM of the envelope of the measured inter- OCT tomograms. A comparison with the histology shows that

ferogram. OCT images with a submicrometer resolution reveal features
To demonstrate OCT in tissue with sub-micrometer axial that may correspond to subcellular structures such as nucleoli

resolution, human colorectal HT-29 adenocarcinoma cells that have a diameter of approximately 3 tqub, as well as

were imagedn vitro. Multiple OCT cross-sectional images of aggregates of cellular organelles.

a group of HT-29 cells were acquired vitro with 0.5-um

axial and about 2:m transverse resolution, covering an area . )

of 50X 50 um (500% 500 pixel3 and equally spaced by 2 2 Spectroscopic Optical Coherence

um [Fig. 26a)]. Histological sections of typical HT-29 cells Tomography

parallel and perpendicul@Figs. 26b) and 26c)] to the OCT Spectroscopic and wavelength-dependent OCT is a new area

imaging direction are displayed for better interpretation of the of investigation and only few studies have been performed to
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Fig. 25 (a) Optical spectrum of PCF output (solid line), PCF input spectrum (dashed line), and (b) corresponding interference signal.
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10 ym

W

Fig. 26 (a) In vitro submicrometer-resolution OCT images of HT-29 human colorectal adenocarcinoma cells with 0.5-um axial and about 2-um
transverse resolution, covering an area 50X 50 um, equally spaced by 2 um. The arrows indicate features that may correspond to nucleoli with
about a 3 to 5-um diameter. Histological sections are shown parallel (b) and perpendicular (c) to the OCT imaging direction of typical HT-29 cells.
[small black arrows in (c) indicate OCT imaging plane.]

date because sufficiently broad-bandwidth light sources havethe entire output bandwidth. This spectral region is important
not been availabl&*~1%° Using state-of-the-art femtosecond because it overlaps with the so-called therapeutic window,
Ti:sapphire lasers that emit broad-bandwidth light centered at covering absorption features of several biological
800 nm not only makes subcellular resolution possible for chromophores®® Therefore this extended version of OCT
OCT but might also provide spectroscopic information over might enable extraction of spatially resolved spectroscopic in-
formation to improve OCT image contrast via their spectro-
scopic properties and to obtain functional or biochemical in-
/I;en‘::f"e'e‘ ~_ formation on the investigated tissue.
Z dutation In standard OCT imaging, only the envelope of the inter-
ference signal is detectdéfig. 27). Spectral information can
be obtained by measuring the full interference signal and us-
ing appropriate digital signal processing, e.g., using a Morlet-
wavelet transform(Fig. 27). In order to display the spectro-
scopic data in a simple color image, the “center of mass” of
the spectra were calculated in these preliminary
experiments®’ Spectroscopic OCT imaging requires a multi-
dimensional map. This can be obtained by using hue, satura-
tion, and luminancé€HSL), color spacgnot RBG and map-
ping the intensity into the saturation and the center of mass of
the spectrum into the hue, keeping luminance constant. With
all techniques that use reflected and backscattered light for

Intensity Frequency

Fig. 27 Amplitude (intensity) versus spectroscopic imaging. Conven-

tional OCT images are generated by using the envelope of the inter- im?-ging of tiss_ue, the S_peCiﬁ_C absorption apd scattering prop-
ferometer output. Optical spectroscopic information is mapped into erties of the intermediate tissues determine the amount of
the interference fringe frequency. Spectroscopic OCT is thus analo- light that is detected from each location within the retina. In

gous to the classic technique of Fourier transform infrared spectros- retinal vessels, red blood cells are the major component that

copy: By using a windowed Fourier transform or wavelet transform, contributes to absorption and scattering of the incident light.
the spectrum of the backscattered light can be determined. Spectro-

scopic OCT requires broadband light sources, but has the advantage In addition, frequency. Cha”ges in the baCkscatter.ed light may
that the spectroscopic behavior at all wavelengths in the available be expected. The incident light scattered by moving erythro-
bandwidth are characterized in a single measurement. cytes is frequency shifted by the optical Doppler effect. This
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frequency shift forms the basis of velocity measurements of for diagnostic imaging and to guide therapeutic and surgical
retinal blood speed. intervention. By improving the axial resolution by 2 orders of
Figure 28e) presents the same image as Fig(d@28but magnitude compared with conventional ultrasound, this tech-
shows spectroscopic information. The retinal vessels can benique represents a quantum leap in OCT imaging perfor-
easily identified, owing to the frequency shifi f ) according mance. In providing unprecedented noninvasiveivo opti-
to the optical Doppler effect. The retinal vein appears green cal sectioning to visualize microscopic morphometric features
whereas the retinal arteries appear red. This is due to differ-with subcellular resolution in tissue at depths approaching
ences in blood speed directions within the two vessels, as isthose ofin vitro conventional bright-field and confocal micro-
expected when an artery and the adjacent vein are imagedscopes, this technique might dramatically enhance early can-
Another factor that affects the power spectrum is the differ- cer diagnosis as well as the early detection of a variety of
ence in the hemoglobin and oxyhemoglobin extinction coef- ocular pathologies that are leading causes of blindness world-
ficients. With the broad spectrum obtained with Ti:sapphire- wide. In addition, an extension of this imaging technique has
based OCT, it can be seen that behind the retinal vein thebeen developed that has the potential to provide spatially re-
high-frequency spectrum of the power spectrum is blunted, solved functional imaging, i.e., spectroscopic as well as Dop-
whereas behind the retinal artery, the low-frequency spectrumpler blood flow OCT. This extension should not only improve
is reducedFigs. 28a) and 28b)]. This is due to the specific  image contrast, but should also make it possible to differenti-
absorption characteristics within the two vessels, where oxy- ate tissue pathologies by localized spectroscopic properties or
hemoglobin absorption predominates in the artere=) functional state.
whereas hemoglobin absorption predominates in the veins This enhanced version of OCT will dramatically increase
(green because of the large arteriovenous oxygen difference. the diagnostic potential ah vivo OCT imaging technology
In the retinal arteries, where the oxygen saturation is almost since it will increase OCT resolution, increase the sensitivity
100%, a convolution between the absorption curve of oxyhe- of Doppler flow OCT, and give access to new wavelength
moglobin and the incident power spectrum may be expectedranges and spatially resolved spectrometric tissue properties.
behind the retinal vessel. Hence, it is obvious that new morphological and functional
It is important to note that OCT image contrast results information on pathological processes in tissue will become
from a combination of absorption and scattering. Incident available. The hypothesis is that subcellular and intraretinal
light is attenuated by scattering and absorption as it propa- structures, which are relevant for the diagnosis and monitor-
gates through the tissue, then is backscattered from the intering of early neoplastic changes as well as early eye diseases,
nal structure that is being imaged and is again attenuated as ittan be seen by the proposed optical biopsy version of OCT
propagates out of the tisstf. Thus the optical properties and its extension for functional imaging. It is unlikely that
(absorption and scatteringf deep structures are convolved OCT will replace excisional biopsy and histology or other
with the properties of the intervening structures, making it existing diagnostic modalities. However, from the viewpoint
challenging to determine the exact optical properties of a of screening and diagnosis of diseases, the proposed version
given internal structure. However, OCT provides more infor- of OCT might lead to significant new insights in the patho-
mation than other spectroscopic imaging techniques that inte-genesis and therapeutic control of several diseases. The
grate continuous wave backscattered light from multiple unique features of this technology make it useful for a broad
depths within tissue. Spectroscopic OCT may also be used torange of research and clinical applications, which might not
enhance image contrast, making it possible to differentiate only complement many of the imaging technologies available
tissue pathologies by their spectroscopic properties or func-today, but also possibly reveal previously unseen morphologi-
tional state. Spectroscopic OCT could thus function as a type cal, dynamic, and functional changes in different biological
of “spectroscopic staining,” in analogy to staining in histopa- tissues and medical fields.
thology, and it should be able to detect spatially resolved
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